Prologue

Writing a book like this one, which is based on reviewing published articles, is a
typical example of exercising an evidence-based learning (EBL). The evidence-
based literature review can provide fundamental skills in research-oriented biblio-
graphic inquiry, with an emphasis on the review and synthesis of applicable
literature. All information is obtained from numerous sources provided by schol-
ars and researchers who are involved in various disciplines. Available sources pos-
sess a variety of features, especially the degree of reliability. There is a known rank
of reliability for evidence sources, which is particularly important in the medical
and dental fields: (from the most to least reliable evidence source) (1) clinical
reports using placebo and double blind studies, (2) clinical reports not using
placebo, but conducted according to weli-prepared statistical test plans, (3) study
reports on time-effect on one group of patients, (4) study reports, at one limited
time, on many groups of patients, (5) case reports on a new technique and/or idea,
and (6) retrospective reports on clinical evidence. Unfortunately, the number of
published articles increases in this descending reliability order.

The most remarkable advantage of the EBL-type reviewing of numerous pub-
lished articles is to encounter an unexpected idea and issue which might provide a
fundamental basis persisting in all related but separately and scattered manner being
presented in different sources. Accordingly, it is actually an inductive practice.

Comparing articles seen in medical/dental journals and those published in engi-
neering journals, there is a dilemma of a big difference between them. Obtained
results present in the medical/dental journals are normally further analyzed statisti-
cally; while the data presented in the engineering journals are normally not sub-
jected to statistical analysis, rather characterization of data is considered more
important to interpret results. Even though a statistical analysis is conducted for
medical/dental results, there are some cases which do not reach a conclusive point.
For example, although the mercury issue (which is used for condensation of dental
amalgam alloy to form Ag,Hg, and Sn, (Hg) has been debated for more than 20
years, we still have not come to one solid consensus on its safety issue yet. Actually
mercury amalgam has been completely abandoned in Scandinavian counties and
Japan, whereas it is still used in the United States and other countries, although
tooth-colored restorations are becoming more popular for aesthetic reasons.

There is another challenge in the medical and dental field. It is a controversial
issue on the relationship between in vivo test results and those obtained by in vitro
tests. To make this situation more complicated and confusing, there could be
differences even among various in vivo tests, due to different models (different
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types of animals versus humans). Moreover, it is almost impossible to comply and
summarize to extract any conclusiveness from various in vitro test results, since it
is very rare to find articles where identical test methods were employed, unless
some standardized (specified) methodology was followed. For example, it is easy
to list at least ten electrolytes for electrochemical evaluation of the corrosion
behavior and resistance of a dental metallic material. In addition to this, wide vari-
ations in pH value, concentration, temperature, and other intraoral environmental
factors can easily alter the experimental outcomes. This is the reason why in the
materials science and engineering area, a phenomenon is characterized to find the
basic mechanisms as well as kinetics. Once the basics are elucidated, if any envi-
ronmental factor is changed, the possible results would not be hard to anticipate.
Although a statistical test on obtained data is considered as a powerful tool to ana-
lyze results, it should be based on postulated assumptions (which should be statis-
tically tested once data are collected), and the results are not applicable to entire
patient populations. Suppose a newly developed medicine was statistically evalu-
ated, in vivo test results show that it is effective to 95% of the patient population,
which indicates, on the other side of the coin that it definitely does not work for
the remaining 5% of human patients.

In this book, such differentiation and comparison in analyzing results between
medical/dental and engineering fields will be emphasized and an attempt has been
made to fill the gaps where possible. The materials and most of the technologies
employed in medical and dental fields originally developed in the
engineering/technology field. If they prove their safety and can be miniaturized,
they can be accommodated for human uses. Such successfully performed technol-
ogy transfers from engineering to medical/dental applications are also introduced
in this book. Hence, this book has a two-fold uniqueness; (1) the EBL concept has
been applied and practiced throughout the entire course of preparation, writing
and editing of this book, and (2) a bridging of the gap between medical/dental
fields and engineering/technology areas, owing to the author’s unique experience
in both fields for about an equal length of 20 years each.
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Chapter 1
Introduction

In Greek mythology, the Giant divine being, Titan, a son of Uranos (Father
Heaven) and Gaia (Mother Earth), had lost several wars against the Olympic Gods,
which resulted in his being confined in the underground dark world. The element
titanium, confined within an ore (called rutile ore), was discovered by a German
chemist Martin Heinrich Klaproth. Klaproth confirmed it as a new element, and
in 1795 he named it for the Latin word for Earth (also the name for the Titans of
Greek myth) [1-1, 1-2].

Because of their lightweight, high specific strength (which is referred to a high
strength-to-weight ratio), low modulus of elasticity, and excellent corrosion
resistance, titanium materials (both unalloyed and alloyed) have become impor-
tant materials for the aerospace industry since the early 1950s [1-3]. It was very
hard to predict, at that time, that titanium materials would currently receive their
attention, interest and importance not only for industrial applications but also
equally for dental and medical applications. Titanium is one material which
receives equal attention and interest from both the engineering and medical/
dental fields.

Research and development in materials design, manufacturing technologies,
characterization, and evaluation methods involved in titanium materials are some
of the best examples of interdisciplinary science and technology; such disciplines
might include physics, chemistry, metallurgy, mechanics, and surface and inter-
face sciences, as well as biological science, engineering, and technology (see
Figure 12-1). One of the typical examples can be seen in dental and orthopedic
implant systems, which have been developed by integrating industrial engineering,
bioengineering, as well as supportive advanced techniques.

Although empiricism and trial and error played a major role in the early stage
of research and development on titanium materials, in the last 20 years progress
has been made toward a multidisciplinary scientific approach to the study of tita-
nium materials and the development of materials with better performance and
properties [1-4]. The research and development of titanium materials has been
heavily dependent on the aerospace industries, and this area will continue to be a
significant percentage of total consumption of titanium materials for coming years
[1-5]. Titanium usage on Boeing aircraft has continuously increased from 1% on
the 727 (1963), to 3% on the 747 (1969), 5% on the 757 (1983), and 9% on the
777 (1994). Over the last decade, the focus of titanium alloy development has
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shifted from aerospace [1-6] to industrial application [1-5]. Different industrial
sectors have been looking for different types of development in new titanium alloys;
they include Ti-5.8A1-4Sn-3.5Zr-0.7Nb-0.5Mo0-0.35Si-0.06C, Ti-6Al-2Sn-4Zr-
6Mo, and Ti-4Al-4Mo-2Sn-0.5Si for gas turbine engine materials, Ti-10V-2Fe-3Al,
Ti-15V-3Cr-3Sn-3Al, and Ti-15Mo-2.8A1-3Nb-0.2S1 for airframe materials,
Ti-6Al-1.8Fe-0.2Si for ballistic armor, Ti-6.8Mo-4.5Fe-1.5Al for geothermal and
offshore tubular materials, Ti-15V-3Cr-3Sn-3 Al (having higher-strength and lower-
modulus) for sporting goods [1-7], V-free Ti-6Al-4V equivalent alloys for medical
and dental applications, and NiTi-Cu alloys for medical orthopedic devices. Not
only materials but also technologies developed and successfully used in industry
can be transferred to medical and dental areas. The computer-aided design and
machining (CAD/CAM) process is an excellent example to design and fabricate
dental restorations. Investigators are also combining CAD and Al (artificial intelli-
gence) to design complex prosthetic devices such as partial dentures. Computers
have also been used to analyze the stress levels and stress distribution on dental
restorations, dental implants and orthopedic implants. They can simulate internal
stress distributions under different conditions and loading situations, and the results
can be used optimize the computer-aided design process (e.g., two- or three-dimen-
sional finite element modeling and stress analyses). The application of lasers to
dentistry is another good example of technology transfer [1-8]. Various ways of
laser application for surface modifications of metals have also been introduced, and
include cutting, welding, surface hardening, laser surface alloying, and forming
[1-9]. Superplastic forming (SPF) of denture base, and superplastic forming
with diffusion bonding (SPF/DB) for modification and roughening of implant sur-
faces are another excellent examples of the technical transfer. These transferred
technologies should not be limited to technology per se, but it should also include
technical concepts such as composites, as well as gradually functional structure,
which can be frequently seen in the surface modification of implant systems to pro-
mote the bone ingrowth.

The popularity of titanium and its alloys in the dental and medical fields can be
recognized by counting the manuscripts published in different journals, most of
which will be cited in this review. Referring to Figure 1-1, there are three straight
lines in semi-log plot for demonstrating the total accumulated number of published
articles for every 5 years. The first top line represents accumulated numbers of all
articles listed in Chemical Abstracts. Therefore, the counted articles are scattered in
wider areas in refining, metallurgy, medicine, dentistry, bioengineering, engineer-
ing, industries, pure chemistry as well as chemical engineering. The second straight
line is obtained when the search area is limited to materials and science in both the
engineering and medical/dentistry fields. If our search is furthermore defined within
only medicine/dentistry, we still have an exponential increase in publications.
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Figure 1-1. Accumulated number of published articles on titanium materials for every 5 years.

From the third straight line, only eight papers (not shown in the figure) were
published in the time period from 1960 to 1965, followed by 156 papers in
1966-1970, 352 in 1971-1975, 309 in 1976-1980, 493 in 1981-1985, 916 in
1986-1990, and it jumped to 1914 papers in the 5-year period from 1991 to 1995.
In 19962000, we already reached more than 3000 articles, followed by 5500 arti-
cles which have been published during a 5-year period from 2001 to 2005. These
numbers should be considered as conservative, since articles not written in English
have not been accounted for.

The exponentially increasing trend of published papers on medical and den-
tal titanium materials may be attributed to different reasons that might include
(1) needs from medical and dental sectors, (2) increased researchers and scien-
tists involved in these medical titanium materials, and (3) expanded industrial
scale being associated with the above.

About 10 years later from the previous forecasting on titanium industry and
materials developments [1-5—1-7], another remarkable change has been seen. In
addition to the ever-growing aerospace applications, precise forming technologies
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have been developed such as near-net shape (NNS) manufacturing, nanotechnol-
ogy, metal-injection molding (MIM) powder metallurgy techniques, etc. [1-10-1-13],
resulting in increasing application areas of titanium materials. As for biomaterials,
reflecting to a natural demand for allergy-free metallic materials composed of non-
toxic element(s), research and development in metallic biomaterials, dental, and
healthcare materials have been advanced remarkably [1-14, 1-15].

Owing to various characteristic properties associated with titanium and tita-
nium-based alloys, different types of dental and medical prostheses have been
developed and are currently being utilized. They include cardiac (especially,
mechanical heart valves, pacemakers), operational devices and equipment, and
orthopedic implants. Furthermore, in the dental field, the list can expand to specif-
ically orthodontic brackets and wires, dental implants, prosthetic appliances, and
endodontic files.

It is well recognized that the first reaction of a vital hard/soft tissue (i.e., host
tissue) to any type of biomaterial (ceramics, polymers, metals and alloys, com-
posites) is a rejection; accordingly, biomaterial is normally recognized as a
“foreign material” by the host tissue. The biological acceptance of these foreign
materials by the living tissues is essentially controlled by the surface and interfa-
cial reaction between the organic substance and inorganic substrate. The surface is
not just a free end of a substance, but it is a contact and boundary zone with other
substances (either in gaseous, liquid, or solid). A physical system which comprises
of a homogeneous component such as solid, liquid, or gas and is clearly distin-
guishable from each other is called a phase, and a boundary at which two or three
of these individual phases are in contact is called an interface. Surface and inter-
face reactions include reactions with organic or inorganic materials, vital or non-
vital species, hostile or friendly environments, etc. Surface activities may vary
from mechanical actions (fatigue crack initiation and propagation, stress intensifi-
cation, etc.), chemical action (discoloration, tarnishing, contamination, corrosion,
oxidation, etc.), mechano-chemical action (corrosion fatigue, stress-corrosion
cracking, etc.), thermo-mechanical action (thermal fatigue), tribological and
biotribological actions (wear and wear debris toxicity, friction, etc.) to physical
and biophysical actions (surface contact and adhesion, adsorption, absorption, dif-
fusion, cellular attachment, etc.). Accordingly, the longevity, safety, reliability, and
structural integrity of dental and medical materials are greatly governed by these
surface phenomena, which can be detected, observed, characterized, and analyzed
by virtue of various means of devices and technologies [1-5, 1-16].

Interfaces are as important as surfaces. Such interfaces can be found in various
combinations, such as dentin/resin bonding, post/lute/tooth system, implant/hard tis-
sue system, metal coping/porcelain system, etc. Common phenomenon underlying
these interfacing couples includes the fact that there is always an intermediate layer
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between two distinct bodies. Accordingly, strictly speaking, there are two bodies
with one (intermediate) interface. For example, when the porcelain is fired on the
metal coping, the resultant interface between them is normally considered as an
inter-diffusion layer in which both elements from porcelain and metal
coping are involved. The stability, bonding or adherent strength, as well as structural
integrity of these systems are strongly reliant on the interfacial behaviors under
various mechanical and/or chemical environments and actions.

To determine the compatibilities (biological, mechanical, and morphological) of a
biomaterial to receiving human hard/soft tissue, it is also important to understand the
interfacial phenomena between the biomaterial and the biological system into which
the material is to be implanted [1-16]. At such an interface, the molecular constituents
of the biological system meet and interact with the molecular constituents of the sur-
face of the biomaterials [ 1-17]. Since these interactions occur primarily on the molec-
ular level and in a very narrow interface zone having a width of less than 1 nm (1
nanometer=0.001 um=0.1 A), surface properties on an atomic scale, and in partic-
ular the composition and structure of surface layers of the biomaterial, may play an
important role in interfacial phenomena [1-16]. Hence, surface and interface charac-
terizations and their biochemical and biomechanical roles in biological environments
are one of the most important portion of this book. Of interest and will be seen in later
(particularly, in Chapters 6 and 7), scientific approaches to, characterization on, and
interpretation such interfacial layers differ between materials scientists, and bio-scien-
tists and clinicians; the former tends to investigate the interface layers from material’s
side, whereas the latter observes them from the living tissue side. In most cases, these
results do not corporate each other. Actually, there is no single report which compiles
results obtained from both sides.

It has been noted that hazardous substances are used with relative safety in
dentistry when their identity is known, such as mercury in dental amalgam and
strong acids in cements and etching agents [1-17]. The following species and
elements can be added to this category; beryllium in cements and alloys, asbestos in
periodontal packs and drug solutions, lead in impression materials, and cadmium in
silver solders and temporary crowns. Alloys containing Cr, V, and Ni (which are
recognized to exhibit the heavy metal toxicity) are known to be carcinogenic in
animals and man, with local and systemic dissemination of released metallic ions in
the tissues. Such examples indicate a need for full scientific consideration of the bio-
logical effects of materials at an early stage of development when the implications
of use of certain ingredients or techniques may be recognized [1-18]. It can be
clearly recognized, currently, that most of the materials or elements mentioned in the
above are totally or partially eliminated from their original contents.

In this evidence-based overview book, accordingly, a general characterization of
titanium materials, various actions (mechanical, tribological, biotribological,
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chemical, biochemical, electrochemical, thermal, mechano-chemical, biological,
etc.), types of application, fabrication technologies, the surface/interface charac-
terization of implants, and new and advanced materials and technologies for
dental/medical titanium will be covered.
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Chapter 2
Materials Classification

Materials research, development, and application should include needs-oriented
and seeds-oriented approaches. A good example of needs-oriented materials
R&D is the search for a light-weight structural material (particularly demanded
by the aerospace industries). This has accelerated the development of titanium
alloys. On the other hand, NiTi provides a typical example of seeds-oriented
material. Opposing its initial specific aim for development (which was a strate-
gic search for submarine structural materials with a relatively low damping
capacity), its unique shape-memory effect (SME), as well as superelasticity (SE)
properties, needed a successful application. This was realized when used for med-
ical applications (orthopedic implants, stunt, Harrington bar, and others) and den-
tal applications (blade-type implants, orthodontic wires, splints, as well as
endodontic files).

Recently owing to advanced quantitative metallography, as well as molecular/
atomic dynamics and designing concepts, these two needs-oriented and seeds-
oriented concepts have been integrated systematically to develop nano-scale
materials designs and manufacturing technologies.

2.1. GENERAL

Basically, titanium and titanium-based alloys can be classified into « type (HCP:
hexagonal closed-packed crystalline structure), near o type, (a«+pf) type, and
p type (BCC: body centered-cubic crystalline structure) alloy groups. Alloying
elements added to titanium are divided into two groups: alpha («) stabilizers and
beta () stabilizers. Elements, such as Al, Sn, Ga, Zr, and interstitial elements
(either singly of C, O, and N or in combination), dissolve into the titanium matrix,
and are strong solid solution strengtheners which produce little change at the
transformation temperature (f-transus: 885°C for pure Ti) from the HCP (o) to
the BCC (f) structure of pure titanium when heating, and from BCC to HCP
when cooling. Hence they are known as a-stabilizers and exhibit good high-
temperature performance. Alloying elements which decrease this phase transfor-
mation temperature are referred to as f-stabilizers. Generally, f-stabilizing
elements are the transition metals, such as V, Mo, Nb, Ta, and Cr, providing much
friability [2-1]. Besides these alloying elements, Fe, Cu, Ni, Si, and B are
frequently added to Ti-based alloys for improving mechanical strength, chemical

11
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stability, castability, and/or grain refining. By increasing the «-phase portion, it is
generally recognized that (1) f-transus temperature increases, (2) creep strength
as well as high temperature strengths enhance, (3) flow stress increases, and
(4) weldability improves. By increasing the f-phase portion, it is known that (1)
room temperature strength increases, (2) heat treatment and forming capabilities
enhance, and (3) strain-rate sensitivity increases, so that superplastic forming is
more favorably applicable.

When any titanium material possesses either one of the aforementioned types
as a major constitutional phase, such titanium material is named after the type of
phase.

Alpha alloys generally have creep resistance superior to that of beta alloys, and
are preferred for high-temperature applications. The absence of a ductile-brittle
transition (a feature of beta alloys) makes alpha alloys suitable for cryogenic appli-
cations, too. Unlike beta alloys, alpha alloys cannot be strengthened by heat treat-
ment because the alpha structure is a stable phase.

Alpha+beta alloys have compositions of a mixture of o and f§ phases and may
contain between 10 and 50% f phase at room temperature. The most common type
within this group alloy is Ti-6Al-4V!. Within the o+ f type class, an alloy con-
taining much more alpha than beta is often called a near-alpha alloy. Generally,
when strengthening is needed, the alloys are rapidly cooled (i.e., quenched) from
a temperature high in the alpha-beta range above the ff-transus. This solution treat-
ment is followed by an intermediate-temperature treatment (aging) to produce an
appropriate mixture of alpha and transformed beta products.

Beta alloys. Beta titanium has a wider solubility for alloying elements without
precipitating any intermetallic compounds. Beta alloys contain transition ele-
ments, such as V, Mo, Nb, Ta, and Cr, which tend to reduce the temperature of the
o <> f phase transformation (or simply f-transus). They have excellent forgeabil-
ity over a wider range of forging temperature than o alloys, and fS-alloy sheet is
cold formable in the solution-treated condition. Beta alloys have excellent work-
hardening and heat-treatment capabilities. A common thermal treatment involves
solution treatment followed by aging at temperatures ranging from 450 to 650°C
[2-2]. Beta alloys are one of the most promising groups of titanium alloys in terms

! Ti-6Al-4V indicates the Ti-based alloy added with 6 wt.% (or w/o) of Al and 4 wt.% of V. The text
uses this alloy description, otherwise if atomic % (a/0) is used, both a/o and w/o will be indicated.
For conversion between w/o and a/o, let ¥, and A4, be wt.% and atomic % of element X in the X—Y
binary alloy, where X and Y are atomic weights of respective elements. For each of the respective ele-
ments, conversion from w/o to a/o and from a/o to w/o is calculated as follows:

A, = 100/{1+X/V)[(100/W,) — 1]} and 4, = 100 — 4,

W, = 100/{1+(Y/X)[(100/4,) — 1]} and Wy =100 — W,
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of processing, properties, and potential applications. This group of alloys (includ-
ing beta, metastable beta, and beta-rich alpha/beta compositions) represents the
highest range of strength, fatigue resistance, and environmental resistance among
all titanium materials. Of course, in these alloys, the single a-phase and single f3-
phase regions are separated by a two-phase (x+ ff) region. As a result, the alloys
utilize multi-component elements and are composed of mixtures of o and f stabi-
lizers. Depending on the ratio of o and f phases, they can be furthermore sub-
grouped into near (2) and near (f3) alloys. Typical beta group Ti alloys include (1)
beta type (Ti-35V-15Cr, Ti-40Mo, Ti-13V-11Cr-3Al, Ti-3A1-8V-6Cr-4Mo-4Zr,
Ti-30Mo), metastable beta type (Ti-6V-5.7Fe-2.7Al, Ti-12V-11Cr-3Al, Ti-1Al-8V-
5Fe, Ti-12Mo-6Zr-2Fe,Ti-4.5Fe-6.8Mo-1.5A1,Ti-15V-1Mo-0.5Nb-3 Al-3Sn-0.5Zr,
Ti-3A1-8V-4Mo-4Zr, Ti-15Mo, Ti-8V-8Mo-2Fe-3Al, Ti-15Mo-2.6Nb-3A1-0.2Si,
Ti-15V-3Cr-3Sn-3Al, Ti-11.5Mo-6Zr-4.5Sn, Ti-10V-2Fe-3Al, Ti-5V-5Mo-1Cr-
1Fe-5Al, Ti-5Al-2Sn-4Mo-4Cr, Ti-4.5A1-3V-2Mo-2Fe), and beta-rich group
(Ti-5A1-2Sn-2Cr-4Mo-4Zr-1Fe, Ti-13Nb-13Zr, Ti-4.5A1-3V-2Mo-2Fe) [2-3-2-6].
Table 2.1 summarizes the above discussion.

2.2. MEDICAL/DENTAL TITANIUM AND ITS ALLOYS

Currently, pure titanium and o+f type Ti-6Al-4V ELI (Extra Low level
of Interstitial content) alloys are widely used as structural and/or functional
biomaterials for the replacement of hard tissues in devices such as artificial total
hip or knee replacements and dental implants, since they exhibit excellent spe-
cific strengths and corrosion resistance, and the best biocompatibility character-
istics among metallic biomaterials. They are used more than any other titanium
biomaterials; however, other new titanium alloys for biomedical applications have
now been included in ASTM standardizations [2-7, 2-8]. For example, f-type
Ti-15Mo [2-9] has been registered in ASTM standardizations, and f5- type Ti-
35Nb-7Zr-5Ta [2-10] and a+f type Ti-3Al-2.5V [2-11] are in the process of
being registered.

Among several dozen commercially available alloys, the following are typical
titanium materials which are utilized or experimentally and clinically tried in both
the medical and dental fields.

2.2.1 Commercially pure titanium (CpTi)

Under the category of “unalloyed grades” of ASTM specification, there are five
materials classified in this group; they include ASTM grade 1 (99.5%Ti), grade 2
(99.3%Ti), grade 3 (99.2%Ti), grade 4 (99.0%Ti), and grade 7 (99.4%Ti).
Although each material contains slightly different levels of N, Fe, and O, C is spec-
ified <0.10 wt.% (wt.% or w/0) and H is also specified <0.015 wt.%. ASTM CpTi
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Table 2.1. Three major types of titanium materials and influencing effects of major alloying

elements.

Type/material property o and near o oatf p and near 8
o-Stabilizing elements  Al, Sn, Ga, Zr, C, O, N

p-Stabilizing elements V, Mo, Nb, Ta, Cr

Typical materials Commercially pure Ti Ti-5Al-2.5Fe
Ti-5Al-2.55n Ti-5Al-2Mo-2Fe
Ti-5Al-6Sn-2Zr-1Mo Ti-5Al-3Mo-4Zr
Ti-6Al-2Sn-4Zr-2Mo Ti-5Al-2.5Fe
Ti-8Al-1Mo-1V Ti-6Al-7Nb
Ti-6Al-4V
Ti-6Al-6V-2Sn

Ti-6Al-2Sn-4Zr-6Mo

Ti-3AI-8V-6Cr-4Mo-4Zr
Ti-4.5A1-3V-2Mo-2Fe
Ti-5Al-2Sn-2Zr-4Mo-4Cr
Ti-6Al-6Fe-3Al
Ti-10V-2Fe-3Al
Ti-13V-11Cr-3Al
Ti-15V-3Cr-3AI-3Sn
Ti-35V-15Cr
Ti-8Mo-8V-2Fe-3Sn
Ti-11.5Mo0-6Zr-4.55n
Ti-30Mo, Ti-40Mo

Ti-13Nb-13Zr
Ti-25Pd-5Cr
Ti-20Cr-0.2Sn
Ti-30Ta
p-Transus temperature  Higher Lower
Specific density Lower Higher
Room temperature
strength
Room temperature
toughness
Modulus of elasticity
Machinability

Age hardenability

Heat resistance
Weldability

High-temperature
strength
Heat-treatability

Plastic formability

Strain-rate sensitivity

Superplastic formability

Creep resistance

Note: This chart does not include TiNi, Ti;Al (¢2), and TiAl (y) intermetallic type alloys.

grades 1-4 (unalloyed titanium) allow a hydrogen content up to 0.015 wt.%
(i.e., 15 ppm). It was reported that if CpTi contains more than 250 ppm of hydro-
gen, the material would be susceptible to stress corrosion cracking and hydrogen

embrittlement [2-12].
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Grade I: Grade 1 CpTi is the lowest strength unalloyed titanium with a slightly
lower residual content. Both oxygen and iron residuals improve the impact
strength. Oxygen acts as an interstitial strengthener, maintaining a single a-phase
hexagonal closed-packed microstructure. Iron acts as a second ff phase BCC grain
refiner, offering moderate strengthening capabilities. The lower residual content
makes grade 1 the lowest strength CpTi grade, but it has the highest ductility, with
an excellent cold formability.

Grade 2: The grade 2 is the most frequently selected titanium grade in indus-
trial service, having well-balanced properties of both strength and ductility. The
strength levels are very similar to those of common stainless steel and its ductility
allows for good cold formability.

Grade 3: CpTi grade 3 possesses a slightly higher strength due to its slightly
higher residual content (primarily oxygen, and also nitrogen) with slightly lower
ductility.

Grade 4: The grade 4 is the highest strength grade of the CpTi series, so that
grade 4 serves mainly in the aerospace/aircraft industry.

For all CpTi grades 14, the 0.2% off-set equivalent-yield strength (o, ,ys) and
the ultimate tensile strength (os) appear well correlated to oxygen contents
[2-13]. Through linear regression analysis, with the oxygen content expressed by
[O], it was found that o ,,s= 1336.2 X [O] —66.7 in MPa with r (correlation
coefficient) of 0.9865, and ;g = 1351.5 X [O] —3.7 in MPa with r of 0.9946.

By far the most widely used of the CpTi grades is grade 2 [2-13]. From this base,
the other grades have been developed for better formability or higher strength lev-
els, significantly increasing corrosion resistance at higher temperatures, and/or
improving corrosion resistance at lower pH (or higher acidity) levels [2-14]. There
is a distinct difference in using CpTi between industry and medicine. Among vari-
ous applications of CpTi materials in dental and medical fields, the dental CpTi
implant is the most frequently and widely employed. Information on CpTi grade
selection for dental application indicates that, despite the popularity of grade 2 in
industry [2-11], grades 3 and 4 are equally selected in most of the 20 major dental
implant systems. Only two companies use grades 1 and 2 [2-15-2-18]. More inter-
esting, however, is their availabilities. In preparing CpTi grades 1-4 for corrosion
resistance comparisons, Hernandez [2-15] searched 14 material suppliers, but found
that only 2 out of the 14 suppliers were able to provide all four grades. Grades 2 and
4 were available without any problems, whereas CpTi grade 3 is the least popular
and difficult to obtain; 2 out of the 14 suppliers were able to provide CpTi grade 3.
After conducting electrochemical corrosion testing, using 37°C Ringer’s solution as
an electrolyte, it was found that CpTi grade 3 exhibited the least corrosion resistance.
Regardless of material availability [2-15, 2-16], this supported the unpopularity of
CpTi grade 3. Hence, despite the popularity and availability of grade 2 in industries,
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CpTi grade 2 is the least popular, although its corrosion resistance is somewhat supe-
rior to grade 3, which is the worst grade in terms of corrosion resistance among the
four grades.

2.2.2 Ti-6Al-4V

This alloy belongs to the a«+f phase alloy group and is particularly popular
because of its high corrosion resistance and the reputed low toxicity of ions
released from the surface due to dense and protective passive oxide (which is
mainly TiO,) film formation. Ti-6Al-4V (which is, in some articles, marked as
Ti-6/4) exhibits good mechanical and excellent tissue compatibility properties,
which make it well suited for biomedical applications where a bone anchorage is
required, particularly for implant applications [2-18]. Ti-6A1-4V ELI is also avail-
able and employed in the medical area [2-19].

2.2.3 Ti-6AIl-7Nb

As aresult of searches for vanadium-free Ti-6Al-4V equivalent alloys, this alloy was
developed to enhance the wear resistance [2-20] and castability [2-21].
The optimal composition was found to be Ti-6Al-7Nb (or simply Ti-6/7). This cus-
tom-made alloy designed for implants shows the same alpha/beta structures as
Ti-6Al-4V and exhibits equally good mechanical properties. The corrosion resis-
tance of Ti-6Al-7Nb in sodium chloride solution was evaluated to be equivalent to
that of pure titanium and Ti-6Al-4V, due to formation of a very dense and stable pas-
sive layer. Highly stressed anchorage stems of different medical prostheses (includ-
ing hip, knee, and wrist joints) have been made from hot-forged Ti-6Al-7Nb. The
surfaces of these Ti-6Al-7NDb prostheses were further hardened by means of a very
hard 3-5 um thick titanium nitride coating or by oxygen diffusion hardening to a
depth of 30 um, in order to enhance the biotribological properties [2-22].

2.2.4 Ti-341-2.5V
Ti-3Al1-2.5V alloy possesses an excellent ductility and cold formability, allowing
it to be cold-worked by standard tube-making processes and bent for installation.

It is easily welded, and may be heat-treatable to a wide range of strengths and
ductility [2-23].

2.2.5 Ti-5A1-3Mo-4Zr

A newly developed titanium for surgical implant application, Ti-5Al-3Mo-4Zr (or
simply referred to Ti-5/3/4), was evaluated, and its properties were compared with
conventional biomaterials. Mechanical properties and metallic ion elution were
also examined. It was reported that the new alloy is advantageous over Ti-6Al-4V
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ELI because it does not contain bio-hazardous alloying elements (e.g., vanadium),
and has superior mechanical properties to stainless steel. Corrosion abrasive wear
resistance is also improved in Ti-5A1-3Mo-4Zr. As a result, newly designed artifi-
cial hip joints were fabricated with this alloy [2-23, 2-24].

2.2.6 Ti-5A1-2.5Fe

In the course of developing a vanadium-free titanium-based alloy, the another new
alloy Ti-5Al-2.5Fe (which is an o+ f phase alloy) has been developed to avoid the
presence of toxic vanadium which is an alloying element in the Ti-6Al-4V alloy
and may increase to more than 15% in the f phase. Hip prostheses and hip pros-
thesis heads were fabricated from the Ti-5Al-2.5Fe alloy with a grain size of 20
um or less. The frictional biotribological behavior of a hip prosthesis head in
contact with an ultrahigh molecular weight polyethylene (UHMWPE) cup was
investigated. It was shown that (i) the frictional behavior of a head coated with an
oxide layer about 1-3 um thick produced by induction heating of the surface equal
to that of a head fabricated from alumina ceramics, and (ii) the oxide layer was still
present after 107 cycles in 0.9% NaCl solution, indicating excellent corrosion
resistance of this alloy [2-25].

2.2.7 Ti-Ni

Historically, when the US Navy searched for a new submarine material exhibit-
ing good damping capacity, NiTi alloy was developed. Buehler, who conducted
the bending tests on NiTi alloys, discovered that a large deformation was com-
pletely recovered by a slight heating to return to its original shape. This phenom-
enon is later referred to as a SME. Since the test was performed and the material
was developed at the US Naval Ordnance Laboratory, this unique material is
called as NITINOL (NIckel-TItanium Naval Ordnance Laboratory) [2-26]. This
material is also often called and marked as NiTi, TiNi or Nitinol. In this book,
since the Ni element contains more than 50 wt.% (weight percentage), the term
“NiTi” is used according to the ordinal way to describe alloy systems in the con-
ventional metallurgy.

It is well known that this alloy exhibits unique phenomena such as SME as well
as SE. By SME, a material first undergoes a martensitic transformation. After
deformation in the martensitic condition, the apparently permanent strain is recov-
ered when the specimen is heated to cause the reverse martensitic transformation.
Upon cooling, it does not return to its deformed shape. When SME alloys are
deformed in the temperature regime a little above the temperature at which marten-
site normally forms during cooling, a stress-induced martensite is formed. This
martensite disappears when the stress is released, giving rise to a superelastic
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stress—strain loop with some stress hysteresis. This property applies to the parent
phase undergoing a stress-induced martensitic transformation. The other unique
property associated with NiTi is SE. When SME alloys are deformed, a superelas-
tic alloy deforms reversibly to very high strains up to 10% by the creation of stress-
induced phase. When the load is removed, the new phase becomes unstable and the
material regains its original shape. Unlike SME alloy, no change in temperature is
needed for the alloy to recover its initial shape. There is a term called pseudoelas-
ticity, which is a more generic term that encompasses both superelastic and rubber-
like behavior [2-27].

Because of the uniqueness of SME and the SE associated with NiTi, there
have been many applications in both the industrial and dental/medical fields,
including dental and orthopedic implants, artificial heart valve, stunt, endodon-
tic files, orthodontic archwires, etc. [2-28-2-33]. Superelastic devices take
advantages of their large, reversible deformation and their applications are not
limited to medical/dental fields, but can be found in parabola antenna used at the
space shuttle, frames for eyeglasses, and sporting goods such as fishing line.

2.2.8 Ti-Cu

Aiming for developing an alloy for dental casting with better mechanical properties
than unalloyed CpTi, Ti-Cu (Cu: 0.5-10 wt.%) was cast in an argon-arc melting
furnace. It was found that (i) the mean tensile strength was significantly higher than
for cast CpTi, and (ii) increases of 30% in the tensile strength and yield strengths
of 40% over CpTi were obtained for the Ti-5Cu alloy [2-34].

2.2.9 Ti-Mo

TiMo alloy is widely used as an orthodontic archwire for performing an ortho-
dontic mechanotherapy [2-35]. When NiTi wire, TMA (f-phase Ti-Mo) wire, and
austenitic stainless steel wire were compared, it was found that (i) TMA showed
the greatest plastic strain and springback, followed by NiTi and stainless steel,
(i1) NiTi wire showed the highest stored energy value in bending-torsion, followed
by TMA and stainless steel, and (iii) the highest spring ratio (stiffness) in bending-
torsion was found in stainless steel, followed by TMA and NiTi [2-36]. Lin ef al.
[2-37] studied alloying effect of Fe on the Ti-Mo alloy, and found that Ti-Mo with
iron contents in the range of 2—5 wt.% appeared to have a great potential for use
as an implant material.

2.2.10 Ti-5A1-2Mo-2Fe (SP700)
Ti-6Al-4V is the most widely used titanium alloy. However, Ti-6Al-4V still suffers
from limited applications in non-aerospace fields compared to CpTi, aluminum
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alloys, and steels. The reasons for this include (1) poor hot-workability, with a
normal hot-working temperature range that is too high and too narrow, (2) poor cold-
workability that virtually prohibits cold-working, (3) poor hardenability that is fre-
quently inconsistent, and (4) a high superplastic forming temperature of around
900°C that results in rapid die wear. To overcome these disadvantages associated with
Ti-6Al-4V, a new beta-rich alpha-beta duplex phase titanium alloy has been devel-
oped (called SP700, since the newly developed Ti alloy remarkably exhibits high
superplastic capability at operating temperatures around 700°C). It was reported that
SP700 provides excellent hot- and cold-workability, as well as greatly improved
superplastic forming characteristics (i.e., the strain rate sensitivity exponent, m-value,
is about 1.0, indicating that flow is close to that of a Newtonian viscous flow), high
strength, and high toughness. Dental denture bases have been fabricated using this
SP700 alloy by superplastic forming technique [2-38].

2.2.11 Other Ti-based alloys

An interesting study was done by Bréme et al. [2-39], using isoelastic porous sin-
tered Ti-30Ta alloy and titanium wire loop, to accomplish the mechanical compat-
ibility in endosseous dental implant systems. Their mechanical properties were
optimized by the production parameter such as sintering and diffusion bonding. The
functionality was tested after insertion into an artificial jaw, which had properties
corresponding to the natural mandibular. It was reported that the elastic properties
of both implants are similar to the properties of the bone, and the implant has a safe
anchorage bone ingrowth [2-39].

Qazi et al. [2-6] developed metastable f5-Ti alloy (mainly Ti-35Nb-7Zr-5Ta) and
solution-treated, followed by aging at 482°C. It was reported that (i) the heat-
treated Ti-35Nb-7Zr-5Ta alloys exhibited 0.2% off-set yield strength of 1300 MPa
with 8% elongation, due to w+f and w+a+ f-phase precipitations, and (ii) this
enhanced strength makes the alloy candidates for bone plates and screws.

2.2.12 Intermetallic Alloys

Although not ordinary alloys, titanium aluminide-based alloys, including TiAl
(y-phase) and Ti;Al («2 phase), are used for high temperature applications. The
titanium aluminide-based alloys provide an inherently low-density material and
exhibit excellent creep-rupture properties [2-13, 2-40]. TiAl amorphous alloy pro-
vides high strength, linear elastic behavior, and the infinite fatigue life necessary
for high device reliability. Tregilgas [2-41] developed amorphatized TiAl alloys
for a material for the digital micromirror device chip. In order to enhance the wear
resistance of y-TiAl (Ti-47Al-2Nb) alloy, the surface of this alloy was modified in
a nitrogen-ion plasma atmosphere [2-42].
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Chapter 3
Chemical and Electrochemical Reactions

The intraoral environment is hostile due to corrosive and mechanical actions. It is
continuously full of saliva, an aerated aqueous solution of chloride with varying
amounts of Na, K, Ca, PO,, CO,, sulfur compounds, and mucin. The pH value is
normally in the range of 6.5—7.5 but under plaque deposits it may be as low as
2.0. Temperatures can vary *=36.5°C, and a variety of food and drink concentra-
tions (with pH values ranging from 2.0 to 14.0) stay inside the mouth for short
periods of time. Loads can go up to 1000 N (normally 200 N as a masticatory
force), sometimes in an impact manner. Trapped food debris may decompose, and
sulfur compounds cause natural teeth and restorative materials to discolor. Under
these chemical and mechanochemical intraoral environments, materials in service
in the mouth are still expected to last for relatively long period of time [3-1].

It is well documented that Ti materials possess an excellent corrosion resistance
and form stable and protective oxides, such that Ti materials are one of the best
material choices for medical and dental applications. It is inevitable to note that
this chapter on corrosion, as well as the following chapter on oxidation occupy a
quite a large portion of this book. What it implies is that environments to which
titanium materials have been exposed are still diverse and vary widely in terms of
chemical, mechanical, physical, and any combinations of these parameters. In this
chapter, we will be reviewing the corrosion behavior of Ti materials when they are
exposed to various atmospheres.

It is known that all primitive living species from which Homo sapiens are orig-
inated were created from the ocean, containing about 32—35 mg/I of chlorine ion,
while the human body contains about 35 mg/1 of chlorine ion and saliva has about
5 mg/l of it. Most of the information presented and reviewed in this chapter was
obtained from the in vitro tests, which were conducted in various corrosive media
mainly containing chlorine ions. Such media can be divided into four groups:
(1) containing less amount of chlorine ion (ca., 50 mg/dl C17, i.e. about 1% NaCl
concentration) to simulate saliva, and phosphate-buffered artificial saliva,
(2) since internal fluids have a concentration of chlorine ions seven times (35 mg/1
of chlorine ion) higher than that of oral fluids (5 mg/I of chlorine ion), simulated
body fluid with higher ion concentration (350 mg/dl C17), (3) lactic acid, simulat-
ing the chemistry of major constitutents of plaque, and (4) dental treatment agents,
including whitening agents and fluoride treatment agents. These corrosive media
cause dental materials discoloration, tarnishing, corrosion, or oxidation.

25
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3.1. DISCOLORATION

Currently, mouth-rinses, toothpaste, dental prophylactic agents containing fluo-
ride, and bleaching treatment agents are popular for esthetic purposes and preven-
tion of plaque and cavity formation. Normally, orthodontic patients are referred to
general dentists for fluoride treatments once in every 6 months during the course
of orthodontic mechanotherapy. Among various bleaching treatments for whiten-
ing stained teeth, an overnight (normally for 8 h) bleaching agent containing 10%
carbamide peroxide is popular. To achieve a satisfactory outcome, this treatment
must be repeated for two consecutive weeks. The corrosive effect of these agents
(normally containing fluoride and hydrogen peroxide) on dental metallic materials
has not been well documented, although it was reported to decrease the corrosion
resistance of titanium in solutions containing fluoride [3-2—3-6].

Titanium application in dentistry has steadily increased because of its numerous
biocompatibility benefits and mechanical advantages. In orthodontics, titanium is
valuable in the treatment of patients with an allergy to nickel and other specific sub-
stances [3-7]. Adell et al. [3-8] acknowledged the benefits of titanium and how the
body responds to it while working on permanent tooth replacements. Owing to their
biological advantages and excellent corrosion resistance, research and clinical evi-
dence supports the use of unalloyed titanium and its alloys in the body, which con-
sistently remain the first choice for implants in both medical and dental applications.

Such excellent corrosion resistance of Ti materials might be jeopardized when
they are in contact with substances containing fluoride. An in vivo study by Harzer
et al. [3-7] showed that orthodontic brackets made of titanium show higher plaque
accumulation and more discoloration than stainless steel brackets. This was spec-
ulated to be due to the morpholical alteration of surface layers. When a surface
becomes rougher with higher unevenness, the outer surface appearance becomes
duller with discolored-like appearance. Nonetheless, studies have found that, in a
fluoridated medium (especially in acid-fluoridated solutions), titanium is degraded
[3-9, 3-10]. Watanabe and Watanabe [3-11] found that titanium orthodontic appli-
ances with high titanium content (such as unalloyed CpTi: commercially pure tita-
nium) have also shown lower tarnish resistance, especially when immersed in an
acidulated phosphate fluoride (APF) solution.

Teeth that have been exposed to a long-term coffee and/or cigarette usage are
normally stained. Viral bleaching of such teeth reflects patients’ increasing desire
to achieve an optimal esthetic appearance [3-12—3-15]. Internal discoloration
caused, for example, by tobacco, dentino-genesis imperfecta, or fluorosis, may be
removed. Oxygenating agents like carbamide peroxide or hydrogen peroxide,
H,0,, are used for effective bleaching purpose. Carbamide peroxide is used as a
vehicle for transporting H,O,. First, carbamide reacts with uric acid, ammonia,
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and H,0,. Then, as a second step, H,O, reacts into H,O and O, which takes elec-
trons from the substance to bleach [3-13]. The bleaching efficacy is influenced by
the application time and the concentration of the effective agent. Such application
of the bleaching agents is performed in offices by clinicians (with relatively higher
concentration of H,0,) or at home by patients themselves (relatively lower con-
centration of H,0,) [3-14]. Commercially available bleaching products range from
3% to 9.5% for hydrogen peroxide (which can be converted to a range from 6% to
over 19% carbamide peroxide). Although the above discussion is regarding the
discolored natural teeth and whitening of such stained teeth, some patients under-
going the nightguard bleaching (e.g., for 8-h treatment) are likely to have some
metallic restorations (i.e., amalgam, crowns made of gold or porcelain fused to a
base metal, fixed or removable prosthodontic bridge or partial denture frameworks
made of base alloys, and/or titanium implant fixtures). Recently, it was found that
exposure of amalgam to common bleaching agents caused an increase in mercury
levels in the solutions [3-16].

The conscientious health-care provider needs to know the consequences of the
effects of fluoride agents and bleaching agents on various dental metallic materials
intraorally. While it is acknowledged that tarnishing of the metallic dental materi-
als is the visible consequence of these treatments, the implications on biological
effects and the structural integrity of the components are unclear. Clinicians need
to understand the potentially corrosive nature of the commercially available fluo-
ride and bleaching treatments on intraoral metals, and know when and where to use
them [3-17]. The discoloration efficacy of fluoride treatment agents (2.0% NaF
with pH 7.0, 0.4% SnF, with pH 7.0, and 1.23% APF with pH 3.5) was tested on
Ti-6Al-4V and 17Cr-4Ni PH (precipitation hardening) type stainless steel, and
bleaching agents (10% carbamide peroxide) were applied on CpTi (grade 2), 70Ni-
15Cr-5Mo, type IV gold alloy (70Au-10Ag-15Cu), and Disperalloy amalgam. The
degree of discoloration on these treated alloys was examined by a colorimeter and
naked eyes. After the baseline measurements of three L* (lightness), a* (position
on the red/green axis), and b* (position on yellow/blue axis), comparisons were
made with the Commission Internationale d’Eclairage (CIE-L*a*b) color system,
and the value of AE* (defined as the Euclidean distance) can be calculated by
[(Li—Ly)?* + (a,—a;)* + (b;—by)*]"2, where subscripts “i” and “f” indicate the intial
value and final value, respectively. It was found that (i) all tested metallic materials
exhibit discoloration to various degrees, ranging from 10 to 18 in AE*, (ii) the tooth
brashing between each treatment for both fluoride and bleaching treatments indi-
cate a remarkable reduction in the degree of discoloration (i.e., AE* reduced to
2—28) of all tested materials, and (iii) results on naked eyes evaluation performed by
three clinicians did not agree well with those in the lower range of AE™*, whereas
when the discoloration advanced, both evaluations agreed well [3-17].
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When the temperature effect is added to the aforementioned fluoride discol-
oration, the resultant will get worse. Ti implants were occasionally strongly discol-
ored after autoclaving, which contains fluorine ions. It is a common procedure to
treat endosseous titanium implants with a fluoride solution before they are placed
into the bone cavity. This treatment results in a blue discoloration of the titanium sur-
face [3-18]. The phenomenon was first observed on a titanium box used for storage
of titanium implants during autoclaving and surgical procedures [3-3]. It was found
that the oxide film formed on autoclaved Ti implants thickened up to 650 A (which
is about 10 times thicker than on normal implants). Through the microanalyses per-
formed by secondary ion mass spectroscopy (SIMS), X-ray photoelectron spec-
troscopy (XPS) , and electron spectroscopy for chemical anaysis (ESCA), Lausmaa
et al. [3-3] had shown that these oxide films contained considerable amounts of flu-
orine, alkali metals, and silicon. In the cases where discoloration was observed in
clinical situations, the source of fluorine was the textile cloths in which the titanium
implant storage box had been wrapped during the autoclaving procedure. The cloths
contained residual Na,SiF,, which had been used as an additive to the rinsing water
used in the last step of the cloth laundry procedure. Since the biocompatibility of
titanium implants is closely related to their surface oxides, it is advisable to avoid all
sources of fluorine ions in the implant preparation procedures [3-3].

3.2. CORROSION IN MEDIA CONTAINING FLUORINE ION AND
BLEACHING AGENTS

While numerous studies have been carried out on the corrosion of titanium and
titanium-based alloys, few have taken into account the influence of fluoride and
pH on pure titanium [3-19—3-27]. Fluorine ion containing solution can be found
mainly sodium fluoride, NaF, solution, as seen in the followings.

During the orthodontic mechanotherapy, practitioners recommended their
patients to use a fluoride mouthwashing agent. Fluoride promotes the formation of
calcium fluoride globules that adhere to the teeth and stimulate remineralization
while protecting against acid attack. Fluoride mouthwashes thus help
prevent the development of cavities and protect dental enamel. Corrosion behav-
jors of TMA (75.5Ti-14Mo-5.5Sn-5.5Zr), NbTi (52Nb-48Ti), NiTi (55Ni-45Ti),
and NiTi-Cu (48Ni-46.5Ti-5.5Cu) were evaluated in the Fusayama—Meyer artifi-
cial saliva, and three commercially available mouthewashes containing NaF of 150
ppm, 125 ppm amine fluoride, and 125 ppm stanneous fluoride, SnF,, and 65.9
ppm sodium monofluoro-phosphate (all in pH 4.2 to 4.5). It was concluded that (i)
NiTi alloy showed a strong corrosion in the presence of monofluoro-phosphate,
(i1) NbTi alloy exhibited the most resistance to corrosion, and (iii) TMA corroded
strongly with the stanneous fluoride, SnF, [3-28].
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Under a combination of materials (CpTi, Ti-6Al-4V, 17-4 PH-type stainless
steel, 70Ni-15Cr-5Mo alloy, type IV (70Au-10Ag-15Cu) gold alloy, and
Disperalloy dental amalgam) and dental treatment agents (artificial saliva solu-
tion, NaF-containing solution, SnF,-containing solution, acidulated phosphate
fluoride (APF) and carbamide peroxide solution) [3-17], electrochemical polar-
ization tests were conducted to evaluate their corrosion resistance. It was found
that (i) the V/Al elemental ratios of Ti-6Al-4V brackets were not significantly dif-
ferent between a sound structure (0.526+0.031) and an irregularly attacked struc-
ture (0.533+0.026) after treatment in SnF,-contaning agent and APF agents, (ii)
with the same treatments as (i), Cr/Fe ratios of 17-4 (17Cr-4Ni-79Fe) stainless
steel brackets were significantly different between sound structure
(0.246*=0.007) and intergranularly damaged structures (0.177%£0.003), indicat-
ing the 17-4 stainless steel suffered from the localized Cr depletion, (iii) no sta-
ble passivation stages were observed on both Ti-6Al-4V alloy and 17-4 stainless
steels under the anodic polarization in the APF agents, and (iv) no stable passi-
vation was established with all tested alloys when polarized in carbamide perox-
ide solution. Hence, it was concluded that, although fluoride and bleaching
treatments are indicated for patients, it was proven that these treatments are con-
tra-indicated for dental metallic materials [3-17, 3-19, 3-29, 3-30]. Yoon ef al.
tested CpTi, Ti-6Al-4V, and NiTi in 2% NaF electrolyte, containing 1 —20 ppm
fluorine ion. It was reported that CpTi and Ti-6Al-4V showed similar current den-
sity, whereas NiTi had higher current density (meaning less corrosion resistance)
than the other two alloys [3-31].

The corrosion behaviors of CpTi, Ti-6Al-4V, Ti-6Al-7Nb, and the new exper-
imental alloys Ti-Pt (0.1 —2 w/0) and Ti-Pd (0.1 —2 w/o) were investigated using
anodic polarization and corrosion potential measurements in an environment
containing 0.2% NaF (905 ppm F) adjusted to the pH of 4 by H,PO, at 37°C. It
was found that, although the surfaces of the Ti-Pt and Ti-Pd alloys were not
affected by an acidic environment containing fluoride, the surfaces of the CpTi,
Ti-6Al-4V, and Ti-6Al-7Nb were markedly roughened by corrosion, providing
artifact discolored appearance, too. It was also reported that (i) the surfaces of
CpTi, Ti-6Al-4V, and Ti-6AI-7Nb were microscopically damaged by corrosion
when they were immersed in the solution containing a low concentration of dis-
solved oxygen, even with a fluoride concentration included in the commercial
dentifrices, but (ii) in this situation, the surfaces of the new Ti-Pt and Ti-Pd
alloys were not affected. As a result, it was suggested that Ti-Pt and Ti-Pd alloys
are expected to be of use in dental work as new titanium alloys with high corro-
sion resistance [3-32].

During the course of the fluoride corrosion process, hydrogen as a reaction prod-
uct may cause a delayed fracture, similar to a well-known hydrogen embrittlement
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(HE), in high-strength steels. Hydrogen embrittlement of a beta-titanium orthodon-
tic wire has been examined by means of a delayed-fracture test in acid and neutral
fluoride aqueous solutions and hydrogen thermal desorption analysis. It was found
that (i) the time to fracture increased with decreasing applied stress in 2.0 and 0.2%
APF solutions, (ii) the fracture mode changed from ductile to brittle when the
applied stress was lower than 500 MPa in 2.0% APF solution, but (iii) on the other
hand, the delayed fracture did not occur within 1000 h in neutral NaF solutions,
although general corrosion was also observed to be similar to that in APF solutions.
It was also reported that the amount of absorbed hydrogen was 5000—6500 ppm
under an applied stress in 2.0% APF solution for 24 h. Based on these findings, it
was concluded that immersion in fluoride solutions leads to the degradation of the
mechanical properties and HE-related fracture of beta-titanium alloy associated
with hydrogen absorption [3-33].

Not only plastic strain, but there is a unique study on the effect of even elastic
strain on corrosion behavior. The corrosion resistance of CpTi (grade 2) in 1%
NaCl + 0—1% NaF solution (pH 6) under different elastic tensile strains (0, 1, 2,
and 4%) was tested by the EIS! (electrochemical impedance spectroscopy)
method. The results showed that (i) the NaF concentration and the elastic strain
had a significant influence, (ii) the R}, (polarization resistance, which is equivalent
to corrosion resistance) decreased on increasing the NaF concentration and elastic
tensile strain, (iii) when the NaF concentration was lower than 0.01%, the R, value
(>3.4 X 10° Q cm?) was mainly ascribed to the formation of a protective TiO, on
the metal surface, regardless of applied strain, but (iv) when the NaF was higher
than 0.1%, the protectiveness of TiO, was destroyed by F ions, leading to severe
pitting corrosion of CpTi [3-34].

Experimental evidence obtained by EMPA (electron probe microanalyzer) analy-
sis indicated that the detected fluorine on the Ti surface immersed in the solution
with fluoride was at a high level, while the detection of sodium was relatively low.
Therefore, it can be speculated that fluoride—titanium or fluoride—hydrogen com-
pounds were deposited on the Ti surface, rather than sodium fluoride. This is sup-
ported by suggestions made by Wilhelmsen et al. [3-4] and Nakagawa et al. [3-22].
Based on the above evidence, it was postulated that hydrofluoric acid (HF)

' The EIS technique is conducted under AC current, hence the results are frequency dependent,
whereas the ordinary electrochemical polarization tests are performed under DC current. The phys-
ical meaning of AC impedance can be considered equivalent to that of DC resistance. Although the
EIS technique was developed initially for evaluating the performance of organic coating/metal sys-
tems, recently it has been extensively employed in corrosion science and engineering. Only a few
millivolts is required for application on the test metallic sample surface, so that the sample surface
is not altered, while DC corrosion tests apply, in some cases, up to 1.5 V. This extremely low level of
voltage is one of the remarkable advantages over the DC method [3-35, 3-36].
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responds by destroying the passive film on Ti but not the fluoride ion. At first, NaF
is decomposed into a sodium ion and fluoride ion in the solution. The fluoride ion
becomes HF partially depending on the pH of the solution. The HF attacks the
passive films on Ti surface. By knowing the increase in pH value after immersion
of Ti in the solution with fluoride, it might be that the HF decomposed to form
fluoride ions and protons or water molecules on the titanium surface by following
formulas: Ti,0, + 6HF — 2TiF; + 3H,0, TiO, + 4HF — TiF, + 2H,0, or TiO, +
2HF — TiOF, + H,O0. Ti fluoride compounds are formed because fluoride ions
bound to the Ti or Ti oxide are decomposed and dissolved in the solution. Protons
are absorbed by the titanium substrate or dissolved into the solution as water mole-
cules, since it is reported that the titanium alloys absorb hydrogen [3-4, 3-32, 3-33].

When albumin was mixed with fluoride containing corrosion media, the corro-
sion behavior was noticed to change remarkably. The corrosion behavior and
surface characterization of passive films on titanium immersed in a solution
containing 2.0 g/l fluoride and albumin (either 0.1 or 1.0 g/l) were investigated. It
was found that (i) fluorine was detected on the titanium surface immersed in
the solution containing fluoride, and dissolution of the titanium was confirmed,
(ii) the titanium immersed in a solution containing both fluoride and albumin had
an albumin film regardless of the albumin concentration level, and (iii) in addi-
tion, the amount of dissolved titanium from the titanium immersed in the solution
was less than when the solution contained no albumin [3-2]. It was therefore sug-
gested that the formation of adsorbed albumin films on the passive film acted to
not only protect the titanium from attack by the fluoride but also suppressed dis-
solution of the titanium—fluoride compounds.

3.3. CORROSION RESISTANCE, UNDER INFLUENCES OF ENVIRONMENTAL
AND MECHANICAL-ASSISTED ACTIONS

Before the corrosion behavior of titanium and its alloys is discussed, intraoral envi-
ronments needed to be reviewed. It is obvious that the mouth is full of saliva, which
can be defined as an ocean of ions, non-electrolytes, amino acids, proteins, carbo-
hydrates, lipids, which flows into dental surfaces, and contains chloride ions, and
sulfurated compounds. Sulfurated compounds are easily metabolized into more
corrosive agents by microorganisms. In some cases, blood is another aggressor
[3-37]. Internal fluids have a concentration of chloride ions seven times higher than
that of oral fluids, as mentioned previosuly. A diet rich in sodium chloride, added
to large volumes of acidulated beverages (phosphoric acid), provides a continuous
source of corrosive agents, despite the relatively short exposure. In addition, it has
been calculated that an average urban mouth-breather inhales about a cubic meter
of air every two hours, with a potential intake of between 0.11 and 2.3 mg of
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sulfur dioxide [3-38]. Both sulfur dioxide and hydrogen sulfide have been found to
accelerate tarnishing and corrosion of metal implants.

The pH value of intraoral liquid is ever-changing, depending on age (the saliva
pH tends to increase in acidity with age) and type of food and beverage. The pH
of several normal beverages is as follows: milk 6.7, beer and wine 4.5, orange
juice 3.3, diet coke 3.0, vinegar 2.1, lemonade 2.0, and stomach acid pH is about
2.0. Even among different animal models, there can be remarkable differences in
pH values. For example, the saliva pH of fowl, swine, and dog is in a range from
6.5 to 7.5, while the pH of saliva in sheep, cattle, and horses ranges from 7.8 to
8.2. Therefore, the results using animal models possess a risk of material overes-
timation when they are used in human saliva, since saliva pH in these animal mod-
els is less acid than the pH in human saliva. If the plaque is built on tooth structure,
it is basically due to lactic acid, so that the acidity of the plaque is very low (<3.0).

Besides chlorine ion levels and pH of intraoral fluids, there is one more impor-
tant factor involved in corrosion evaluation. This is an intraoral electrochemical
potential. Electrochemical corrosion studies are normally performed by means of
potentiostatic or potentidynamic measurements. Interpretation of the electrochem-
ical corrosion data requires knowledge of expected intraoral potentials. Nilner and
Holland [3-39] reported that the intraoral potential ranges from —431 to —127 mV,
which were measured on 407 amalgam restorations in the mouth of 28 patients.
Corso et al. [3-40] reported that the intraoral potential is in a range from —300 to
+300 mV. Reclaru and Meyer [3-41] reported a range from 0 to +300 mV. Ewers
and Thornber [3-42] reported that it ranges between —380 and +50 mV. Hence, the
range of overlapping data is a very narrow window of potential zone from 0 to +50
mV. It is important to estimate the passivity capability of the material concerned in
such an oral environment, and such estimation can be performed without conduct-
ing any electrochemical corrosion tests. For example, referring to the Pourbaix
[E-pH] diagram [3-43], one can evaluate the passivation stability as well as capa-
bility of the material concerned by knowing the reasonable range of pH in saliva
(i.e., 5.5—7.5) and the above-discussed potential (£) range (i.e., 0—50 mV).

In addition to the above listed intraoral chemistry and potential, it is important
to know how to simulate the intraoral environments when the in vitro chemical or
electrochemical corrosion test is prepared and conducted. Many studies have been
done to measure the corrosion characteristics of implant metals [3-44]. Most of
these studies have been carried out using physiological isotonic electrolyte solu-
tions such as 0.9% saline [3-45—3-50], Ringer’s [3-51—3-55], Tyrode’s [3-56,
3-57], Hank’s [3-58] solutions, or lactic acid to simulate the accumulated plaque
[3-59, 3-60].

Owing to differences in used electrolytes, the corrosion results could be varied.
Alkhateeb et al. investigated the influence of the spontaneous surface modification
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of titanium by exposure to Ringer’s solution at open-circuit conditions on the
passive behavior [3-61]. The electrochemical behavior of Ti was compared in a
simple NaCl and in Ringer’s physiological solution. Potentiodynamic polarization
curves showed significantly higher passive current densities when tested in
Ringer’s solution as compared with the simple saline solution, indicating that
Ringer’s solution is a more corrosive agent. Furthermore, impedance spectra
measured at the open-circuit potential as a function of time showed that in saline
solution a long-term exposure over some days leads to a strong increase of the pro-
tectiveness of the passive film [3-61]. Hence, the passive film can grow in mild
corrosive solution. Microanalytical studies using SEM and XPS showed that the
surface of Ti was modified with Ca and P species from Ringer’s physiological
solution [3-60].

Although the above mentioned electrolytes simulate the body fluids by repro-
ducing the concentrations of various salts, the in vivo corrosion measurements have
indicated lower corrosion rates than those predicted from these in vitro experi-
ments. The actual in vivo environment is made up of salts and proteins [3-62, 3-63].
The amount of protein changes is related to the number of amino and carboxyl
groups. The net charge varies with the pH of the environment; they have a neutral
charge at their isoelectric point. The principal protein present in extracellualr body
fluids is albumin, which has an isoelectric point of 4.5, and therefore has a negative
charge at a neutral pH. It is possible that these charged molecules could in some
way interact with the corrosion reactions and account for the differences between
in vitro and in vivo corrosion rates. Several studies have been done to attempt to
understand the effect of proteins on corrosion rates. After various metals were
implanted in the body, or in simulated body conditions, corrosion products were
found in the blood, sweat, urine, hair, and local tissue around the implant [3-64—
3-66]. In in vitro tests, it was found that the serum proteins albumin and fibrinogen
were absorbed to different extents on different metals [3-67]. In some cases, the
corrosion rate was increased by the presence of these proteins, causing denaturation
of the proteins [3-68]. Clark and Williams [3-69] found that pure metals which
form stable passive layers, such as Ti and Al, were unaffected by the presence of
proteins; however, the corrosion rate of other transition metals with variable valen-
cies was increased, suggesting that this could be due to the ability of these metals
to form stable complexes with the proteins. Speck and Fraker [3-70] looked at the
effect of the amino acids cysteine and tryptophan on titanium alloys. They found
that the pitting potential of NiTi was adversely affected by cysteine, but Ti-6Al-4V
was not affected by both amino acids. Brown and Merritt [3-71] used weight loss
and chemical analysis techniques to study the static dissolution rate of 316L (low
carbon containing 18Cr-8Ni-2Mo) stainless steel cylinders to which they applied a
5 V anodic potential relative to a stainless steel counter electrode in 0.9% saline,
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1% and 10% newborn calf serum. They found that the presence of serum increased
the corrosion rate, and that 10% serum had a greater effect than the 1% serum.

There are normally chemical or electrochemical ways to investigate and evalu-
ate corrosion behavior. By chemical corrosion, the corrosion rate can be calculated
by weight change (in terms of weight loss due to dissolution, or weight gain due
to corrosion products attached). On the other hand, methods of electrochemical
thermodynamics (electode potential-pH equilibrium diagram) and electrochemi-
cal kinetics (polarization curves) may help to understand and predict the corrosion
behavior of metals and alloys in chosen corrosive media. The corrorion rate can be
estimated by measuring the R, or directly corrosion current density, /-qrg. It is
important to investigate the interface phenomena between the material and envi-
ronment. To determine the biocompatibility of a biomaterial, it is important to
understand the phenomena at the interface between the biomaterial and the bio-
logical system into which the material is to be implanted. At such an interface, the
molecular constituents of the biological system meet and interact with the molec-
ular constituents of the surface of the biomaterial. Since these interactions occur
primarily on the molecular level and in a very narrow interface zone having a
width of less than 1 nm, surface properties on the atomic scale, in particular the
composition and structure of the surface layer of biomaterials, may play important
roles in interfacial phenomena [3-71, 3-72].

There are several studies on corrosion of CpTi and comparison with other materi-
als. The corrosion of pure metals Al, Co, Cu, Cr, Mo, Ni, and Ti and of a Co-Cr-Mo
casting alloy has been studied in buffered saline with and without the presence of
the proteins, serums albumin and fibrinogen. It was found that (i) the corrosion of
Al and Ti was unaffected by the protein, (ii) the corrosion rates of Cr and Ni
showed a slight increase, while Co and Cu dissolved to a much greater extent in
the presence of protein, but (iii) the corrosion of the Mo element, however, was
inhibited by protein [3-68].

Biocompatibility is one of the important conditions for biological materials, and
since titanium is considered to have a high biological affinity, it is used as dental
and/or medical materials. In fact, in patients with hypersensitive reaction to the
present dental alloys, pure titanium is one of the metals that can be used for
dental restoration. However, there have been several studies describing patients
who did not adapt to titanium [3-73 —3-75], or patients allergic to titanium [3-76—
3-79]. In the oral cavity, dental plaque, which includes organic acids such as
lactic and formic acid, is more likely to precipitate on the titanium surface when
compared with other dental metal alloys [3-80]. The kinds and concentration of
organic acids can vary depending on whether the environment is aerobic or anaer-
obic [3-81]. Furthermore, the pH around titanium was reduced when in contact
with other metals such as amalgam [3-82], due to the electrogalvanism. The pH of
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dental plaque after consuming sugar is about 4.0 [3-83], but it can range from 2.0
to 14.0, depending on the foods and beverages consumed [3-84]. Based on such a
complexity of the intraoral environments, Kasemo ef al. [3-73] conducted immer-
sion—corrosion tests on cast CpTi (grade 2), in 128 mmol/l of lactic acid and
formic acid to pH of 1.0, 4.0, 5.5, 7.0, and 8.5 using 1N HCI or IN NaOH. Tests
were performed at 37°C for 3 weeks. It was concluded that (i) CpTi dissolved in
all lactic acid aqueous solutions, and the amount of dissolved Ti tended to decrease
with a higher pH level, (ii) in formic acid, the amount of dissolved Ti at pH 1.0
was larger than that in lactic acid at the same pH, but less than the detectable limit
at pH 4.0 or higher, (iii) significant discoloration was macroscopically observed
only in formic acid at pH 2.5 and 4.0, (iv) the weights of all Ti samples immersed
in lactic acid decreased (indicating the dissolution of the titanium element), but
were not affected by pH, and (v) in formaic acid, the weight decreased at pH
2.5-5.5 and the dissolution increased at pH 2.5—5.5 [3-73]. These results support
the evidence that CpTi exhibits excellent corrosion resistance in strong oxidizing
agents and in high chloride concentrations [3-85].

CpTi and nitrided CpTi (with gold-colored TiN, whereas Ti,N reveals silver color)
were tested in 1.5 M H,SO, at 20°C. The CpTi, when coupled with less precious
metals (like stainless steel), was easily subjected to a strong cathodic polarization. It
was concluded that (i) 316L stainless steel behaves as a cathode in galvanic couples
of freshly prepared samples with freshly prepared CpTi samples, but (ii) 316L stain-
less steel is an anode in galvanic couples when it was coupled with TiN coatings
[3-86], since freshly polished Ti surfaces exhibit chemically more active than the
counterelectrode 316L stainless steel, which might be covered already with spinel
type oxides (i.e., Fe;0,, (Fe,Ni),0-(Fe,0), or (Fe,Ni1)O-(Fe,Cr),0,) prior to corrosion
tests.

Hernandez [3-87] investigated and compared electrochemical corrosion behav-
iors of four different CpTi grades (grade 1—4), which are obtained from different
material suppliers. The tests were performed in 37°C Ringer’s solution. It was
found that (i) CpTi grade 3 was the most corrosive in comparison among suppli-
ers and grades and (ii) CpTi grade 4 exhibits the best corrosion resistance.

Kuphasuk et al. [3-88] tested and compared CpTi (grade 2), Ti-SAI-2.5Fe,
Ti-4.5A1-3V-2Mo-2Fe, Ti-5A1-3Mo-4Zr, Ti-6Al-4V, and NiTi for their corrosion
resistances and passivation capabilities in 37°C Ringer’s solution (8.6 g NaCl, 0.3 g
KCl, 0.33 g CaCl, to make 1000 cc with distilled water). It was found that (i) all
samples showed good resistance to electrochemical corrosion over the potential of
revelance to intraoral conditions, (i1) CpTi and Ti-5Al1-2.5Fe showed significantly
different corrosion properties than Ti-6Al-4V and NiTi; the former pair exhibited
the lowest corrosion rate; the latter pair exhibited the highest corrosion rate,
(ii1) but, NiTi alloys revealed transpassive (in other words, breakdown of stable
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passivation) behavior at the potential between 0.5 and 0.75 V (vs. SCE, saturalated
calomel electrode as a standard electrode, having 0.2444 V vs. hydrogen electrode)
accompanied with pitting corrosion, and (iv) all samples tested were covered
mainly with the rutile type of TiO,, which was identified by electron transmission
diffraction [3-88].

Gileryiiz and Cimenoglu [3-89] investigated the thermal oxidation for Ti-6Al-
4V to determine the optimum oxidation conditions and to evaluate corrosion-wear
performance. Corrosion test was conducted in 5-M HCI solution. The examined
Ti-6Al-4V exhibited excellent resistance to corrosion after oxidation at 600°C for
60 h. This oxidation condition achieved 25 times higher wear resistance than the
unoxidized alloy during reciprotating wear test in 0.9% NaCl solution [3-89].
Although it was reported, in this study, that pre-oxidation of Ti-6Al-4V at 600°C
improved the wear-corrosion resistance, the oxidation duration of 60 h is ques-
tionable. According to the author’s experiments, such prolonging oxidation of Ti-
6Al-4V should result in too thick of an oxide layer (not film) of grayish-white
TiO,. Such a thick oxide layer does not adhere firmly to the substrate surface, but
rather tends to peel off from it.

As seen in the following, there are numerous studies on corrosion behavior of
NiTi materials. One reason for this is the fact that almost half of atomic percentage
of this alloy is Ni, which is considered as one of the three heavy toxic elements
along with Cr and V, and therefore the safety and biocompatibility should be exam-
ined thoroughly. Over the last decade, due to its unique SME (shape memory effect)
and SE (superelasticity) characteristics, NiTi alloys have been increasingly consid-
ered for use in external and internal biomedical devices, e.g., orthodontic wires,
endodontic files, blade-type dental implants, self-expanding cardiovascular and
urological stents, bone fracture fixation plates and nails, etc. For application in the
human body, the corrosion resistance of NiTi becomes extremely important, as the
amount and toxicity of corrosion products control the alloy biocompatibility. NiTi
(with 55.6 wt.% of Ni) was coated with the powder immersion reaction assisted
nitrization (TiN), followed by annealing at 900 and 1000°C. Samples were corro-
sion-tested in a solution (9.00 g/l NaCl, 0.20 g/l NaHCO,, 0.25 g/1 CaCl,-6H,0, 0.4
g/l KCI) at 37°C. It was concluded that (i) the modified NiTi surface consisted of
thin outer layer of gold-colored titanium nitride (TiN), and thicker Ti,Ni layer
underneath, (ii) untreated NiTi was found susceptible to pitting corrosion, but (iii)
the nitriding treatment improved the corrosion resistance of NiTi [3-90].

Huang evaluated the corrosion resistance of stressed NiTi and stainless steel
orthodontic wires using cyclic potentiodynamic and potentiostatic tests in acid
artificial saliva at 37°C [3-91]. An atomic force microscope was used to measure
the 3-D surface topography of as-received wires. It was found that (i) the cyclic
potentiodynamic test results showed that the pH had a significant influence on the
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corrosion parameters of the stressed NiTi and stainless steel wires, (ii) the pitting
potential, protection potential, and passive range of stressed NiTi and stainless
steel wires decreased by increasing acidity, whereas the passive current density
increased by decreasing pH, (iii) the load had no significant influence on the above
corrosion parameters, and (iv) for all pH and load conditions, the stainless steel
wire showed higher pitting potential and wider passive range than the NiTi wire,
whereas the NiTi wire had lower passive current density than the stainless steel
wire [3-91]. This suggests that NiTi can be passivated easier than stainless steel.
As seen previously, it was reported that even elastic strain caused titanium materi-
als to be more corrosive under the presence of fluorine ion [3-34], suggesting that
even this study [3-91] and a previous study [3-34] do not agree well with each
other. The fluorine ion must be very corrosive substance.

The breakdown potentials (for passivation) were measured for unpolished and
mechanically polished NiTi wires in simulated body fluids. It was reported that
(i) significantly higher passivation breakdown potentials (which indicate a
higher stability of passive film formed on NiTi surface) were observed for cross-
section wire samples, and (ii) some wires were tested in human blood and the
passivation breakdown values were higher than that measured in Ringer and
0.9% NacCl solutions. It was also reported that the oxide film formed on NiTi
was predominantly made up of TiO, with a very thin layer of NiO at the outer
surface. Carroll and Kelly [3-92] furthermore conducted the galvanic corrosion
tests on NiTi wires, which were coupled with gold, elgiloy/phynox, and stainless
steel. NiTi was found to be anodic in all combinations. In tests in which
NiTi—gold couples were immersed in 0.9% NaCl for periods of up to 12
months, only very small amounts of nickel (in the parts per billion range) were
detected [3-92], indicating that TiO, with trace amounts of NiO protects the sub-
strate material well.

Similar studies, which were performed using a cyclic potentiodynamic test in
artificial saliva with various acidities, were done on as-received commercial NiTi
dental orthodontic archwires from different manufacturers by Huang [3-93]. The
results showed that the surface structure of the passive film on the tested NiTi
wires were identical, containing mainly TiO, with small amounts of NiO. The cor-
rosion tests showed that both the wire manufacturer and solution pH had a statis-
tically significant influence on the corrosion potential, corrosion rate, passive
current, passivation breakdown potential, and crevice—corrosion susceptibility
[3-93]. It is well known that different orthodontic wire manufacturers employ their
own proprietary techniques for wire drawing into the final specified dimensions,
resulting in various surface cleaness as well as roughness.

Hence, from the above, the good corrosion resistance of NiTi may result from
the formation of stable, conntinuous, highly adherent, and protective oxide films
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on its surface. In fact, due to the high chemical activity of the Ti surface, a dam-
aged oxide film can generally reheal itself if at least traces of oxygen or water
(moisture) are present in the environment [3-94, 3-95]. In addition,
calcium—phosphate surface films can be naturally formed on Ti alloys in a bio-
logical environment [3-60, 3-96, 3-97], which can act as a further barrier against
ion diffusion from the subsurface alloy. Indeed any surface treatments of NiTi
devices have a critical influence on biocompatibility. Two methods have been con-
sidered for improving the corrosion resistance and performance of an additional
surface-barrier layer against ion diffusion, such as TiN, TiC, and TiB, by implan-
tation with diffusion species [3-98 —3-100], and the other relies on increasing the
thickness of the oxide layer by anodizing, thermal oxidation, or implantation with
oxygen [3-101, 3-102]. NiTi was evaluated in Hank’s solution (KCI 400 mg/l,
KH,PO, 60 mg/l, Na,HPO, 48 mg/l, NaHCO; 350 mg/l, NaCl 8000 mg/l, CaCl,
140 mg/l, MgCI-6H,0 100 mg/l, MgSO,7H,0 148 mg/l, CH,OH(CHO),CHO
1000 mg/1) for cyclic polarization. For wear corrosion tests, a 50 g dead-weight
ruby ball was applied at 10 rpm. It was found that (i) pitting corrosion resistance
can be improved by ion implantation modification, (ii) wear corrosion resistance
was improved through ion implantation and heat treatment, but (iii) nanopores (3
X 10! ions/cm~?) on the material surface are introduced at higher dose ion
implantation, acting as the source of pitting corrosion and impairing pitting
corrosion resistance [3-93].

The corrosion performance of NiTi SME alloy in human body simulating flu-
ids (BSF) was evaluated in comparison with other implant materials (Ti-6Al-4V,
Co-Cr, stainless steel) by Rondelli [3-102]. As for the passivity current (i.e., cur-
rent density for passivation onset) in potentiostatic conditions, it was noted that
the value is about three times higher for NiTi than for Ti-6Al-4V and stainless
steel. Regarding the localized corrosion, while potentiondynamic scans indi-
cated that, for the NiTi alloy good resistance to pitting attack which is similar to
Ti-6Al-4V, the scratch tests by the abruptly damaging the surface passive film
(i.e., potentiostatic scratch test and modified ASTM F746) pointed out that the
characteristic of the passive film formed on NiTi alloy are not as good as those
on Ti-6Al-4V, but are comparable or inferior to those on austenitic stainless
steels (like 304L or 316 type stainless steels) [3-102]. Therefore, it is suggested
that the self-healing (i.e., repassivation) capability of NiTi was inferior to that of
Ti-6Al-4V.

Moreover, there are studies on corrosion behaviors of heavily alloyed Ti mate-
rials. Three Ti-based alloys (50.7Ni-49.4Ti, 51.4Ni-48.4Ti-0.19Cr, and 45.1Ni-
49.6Ti-0.29Cr-4.97Cu) were electrochemically evaluated in 0.9% NaCl and 1%
lactic acid solutions. It was concluded that small amounts of Cr and Cu changed
the superelastic characteristics, but did not change the corrosion resistance of the
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NiTi alloy [3-103]. Using the ASTM F746 “scratch” test, in 40°C 0.9% NaCl solu-
tion [3-104], SONi-50Ti, 44Ni-51Ti-5Cu, and 88Ti-6.5Mo-3.5Zr-2Sn [3-105]
were examined through electrochemical tests. It was concluded that (i) both NiTi
and NiTi-Cu wires exhibit low corrosion potential (50—150 mV vs. SCE), indi-
cating an inferiority to that of TiMo alloy (which agreed with results reported in
[3-102]) and (ii) TiMo proved to be immune to localized corrosion attacks up to
800 mV [3-105].

Different electrochemical studies were carried out for Zr, Ti-50a/0Zr (or Ti-
65.6w/0Zr) and Zr-2.5w/oNb in solutions simulating physiologic media —
Ringer’s solution and PBS (phosphate-buffered saline) solution. The results from
rest-potential measurements showed that (i) the three materials are spontaneously
passivated in both solutions and (ii) the Ti-50Zr alloy has the greatest tendency for
spontaneous oxide formation, which could be a mixture of ZrO, and TiO,. Some
corrosion parameters (such as the pitting and repassivation potentials) were
obtained via cyclic voltammetry in both solutions, revealing that the Ti-50Zr has
the best corrosion protection while Zr has the worst. On the other hand, it was
reported that the pre-anodization (up to 8 V vs. SCE) of the alloys in a 0.15 mol/I
Na,SO, solution led to a significant improvement in their protection against pit-
ting corrosion when exposed to the Ringer’s solution [3-106].

In the last decade, the AC EIS technique has been utilized more frequently in
corrosion studies. The in vitro and in vivo electrochemical behaviors of CpTi were
characterized using a specialized osseous implant in conjunction with EIS meas-
urement techniques. Capacitance and polarization resistance measurements by
EIS methods suggested that a biofilm formed on the surface of CpTi in in vivo and
in vitro situations is passive and stable [3-107]. The corrosion behaviors of CpTi,
Ti-6Al1-4V, and NiTi were studied in a buffered saline solution using anodic polar-
ization and EIS techniques [3-108]. Pitting potential as low as +250 mV (vs. SCE)
was recorded for Ti-45Ni. The initiated pits continued to propagate at potentials as
low as =150 mV (vs. SCE). It was possible to increase the pitting potential of Ti-
45Ni to values greater than +800 mV using a H,O, surface treatment procedure;
however, due to unstable passivation, this surface-modification process had no
beneficial effect on the rate of pit repassivation. It was reported that the surface
oxide layer consists of a porous outer layer and an inner barrier layer. The nature
of this porous layer was found to depend on the nature of the electrolyte material
and the presence of phosphate anions in the saline-buffered solution. Much higher
porous layer resistances were recorded for CpTi and also for Ti-6Al-4V in the
absence of the phosphate anions [3-108].

As mentioned briefly above, the addition of protein in corrosion media would
alter the corrosion behavior remarkably. The ability of Ti-6AI-4V, Ti-13Nb-13Cr,
and Ti-6Al-7ND to repassivate was investigated in PBS, bovine albumin solutions
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in PBS, and 10% foetal calf serum in PBS at different pH values and at different
albumin concentrations by Khan et al. [3-109]. It was concluded that (i) an
increase in pH had a greater effect on the corrosion behavior of Ti-6Al-4V and Ti-
6AI-7Nb than Ti-13Nb-13Cr in PBS, (ii) the addition of protein to the PBS
reduced the influence of pH on the corrosion behavior of all the alloys, and (iii)
the proteins in the environment appear to interact with the repassivation process at
the surface of these alloys and influence the resulting surface properties [3-109].

Furthermore, the effect of proteins on corrosion rates of 316L stainless steel,
CpTi, and Ti-6Al-4V was studied in the static and fretting modes. It was reported
that (i) proteins had an insignificant effect on the static corrosion rate of Ti-6Al-
4V samples, but caused a 31% increase in 1/R; (a reverse of polarization resist-
ance, and hence a reverse of corrosion resistance) of the CpTi samples, and (ii) for
both CpTi and Ti-6Al-4V specimens, the presence of proteins had an insignificant
effect on corrosion rates in the fretting mode [3-44].

Williams et al. prepared the protein solutions using crystallized bovine albumin
and 95% clottable bovine fibrinogen [3-67, 3-68]. These were made up as 0.1%
solutions in a buffer composed of 0.1 M sodium chloride and 0.01 M sodium phos-
phate at pH 7.4. Pure metallic elements (Al, Co, Cu, Cr, Mo, Ni, and Ti) were
examined in the prepared solution. It was concluded that (i) serum albumin and a
small amount of fibrinogen can have a significant influence on the corrosion
behavior of metals, (ii) with some metals, such as Co and Cu, the corrosion rate
increased significantly, (iii) with Cr and Ni the rates are moderately raised, but
with Mo, the corrosion is inhibited, and (iv) there is little effect on Al and Ti
[3-67, 3-68], which are normally covered with the passive oxide films.

Biotribology (friction, wear, and lubricant actions in a biological environment)
is becoming an important concern; in particular, the toxicity of wear debris (likely
as toxicity of corrosion products) should be considered.

Metallic implants inserted into the body will eventually undergo some degrada-
tion by a variety of mechanisms including abrasion and corrosion. The biological
effect of the material released into the tissue is a subject of much concern and
investigation. It is apparent that many patients have sensitivity (and some of them
develop a hyper-sensitivity) to the metals in the implants and that the presence of
metal(s) in a sensitive animal or human will elicit inflammatory responses and
sometimes the formation of foreign body giant cells. This may have an adverse
effect on the performance of the implant with pain, swelling, and tissue necrosis
at the site, and, in some cases, loosening of the implant. Metal sensitivity reaction
is not to the small metal ions but to a complex of metal ions and host tissue. The
nature of the bonding of the metal ion to tissue or cells, the distribution of the
metal ions or metal complexes in the body, and the biological responses to these
complexes are of concern. According to Khan et al. [3-110], the in vitro and
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in vivo studies were undertaken on the binding of metal ions as metal salts or as
corrosion products, and it is evident that metals bind mostly to albumin. The abil-
ity of these different metals to bind to red cells and white cells varies, with Cr*®
binding most strongly to cells. The chrome from corrosion products binds strongly
to cells, and thus appears to be a Cr®". The interaction of serum and cells with
chromium on the surface of the implant may markedly effect its corrosion and the
biological activity of the complexes formed. Some of the tissues and proteins may
be altered by changes in the tissue pH during inflammatory responses or infection
[3-110].

Wear debris has been implicated in the pathogenesis of loosening and the oste-
olysis of total joint replacements by stimulating a foreign body and chronic
inflammatory reaction capable of bone resorption. Effects of wear particles on
bone have not been well documented. It was reported that 316 stainless steel
exhibited wear toxicity by detecting Ni, Mn, and Cr ions dissolved out of stainless
steel; while no Ti ion was detected to be dissolved from the wear debris [3-111].
A presence of the wear debris depends strongly on the wear resistance of materi-
als. Khan et al. [3-112] performed the sliding-wear tests in both non-corrosive and
corrosive environments. A simple pin-on-disc type of wear apparatus was
designed and built to simulate the co-joint action of corrosion and sliding-wear. It
was found that (i) the mixed phase alpha—beta alloys (Ti-6Al-4V and Ti-6Al-7Nb)
possessed the best combination of both corrosion and wear resistance, and (ii)
CpTi and the near-beta (Ti-13Nb-13Zr) and beta (Ti-15Mo) alloys displayed the
best corrosion resistance properties [3-112].

Goodman et al. [3-113] performed a histomorphological and semi-quantitative
morphometric analysis of the reaction of bone to different concentrations of
phagocytosable particles of high-density polyethylene (averaged particle size:
4.7£2.1 um) and Ti-6Al-4V alloy implanted in a rabbit tibia. Suspensions of
10°—10° particles per milliliter were mixed in saline, sterilized, and introduced
into the proximal tibia of 30 mature female rabbits for 16 weeks. It was found that
(i) phagocytosable particles of Ti-6Al-4V and high-density polyethylene, in con-
centrations of 10°—10° particles per ml, induced a histocytic reaction without
extensive fibrosis, necrosis, or granuloma formation, and (ii) this reaction
occurred without disturbing the normal repair processes of bone formation and
resorption to the surgical insult [3-113].

Lastly, there are studies on corrosion—fatigue interactions. To clarify the influence
of NaCl aqueous solution in corrosion—fatigue crack initiation of mill-annealed
Ti-6Al-4V, Ebara et al. [3-114] conducted rotating—bending fatigue tests of notched
specimens with stress concentration factors in the range of 1.5—3.5, in aerated and
deaearted 3% NaCl solutions at 80°C. Ultrasonic fatigue tests up to 10! cycles were
also conducted in aerated 3% NaCl solution at room temperature. It was reported that
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the fatigue limit in air and corrosion fatigue strength at 108 cycles decreased with
increases in the stress concentration factor. The reduction in fatigue strength of the
notched specimen (K, = 3.5) by the environment at 5 X 107 cycles was at most 20%.
No differences between aerated and deaearted conditions were observed. It was there-
fore concluded that (i) corrosion—fatigue crack initiation of the notched Ti-6Al-4V
was predominantly influenced by the stress concentration factor and not by chlorine
ions or dissolved oxygen content in the NaCl aqueous solution, and (ii) fatigue crack
initiation of Ti-6Al-4V was not significantly influenced by the NaCl solution at room
temperatrure even in long fatigue life up to 10'° cycles [3-114].

Removable partial dentures (made of CpTi or Ti-6Al-4V) are affected by fatigue
because of the cyclic mechanism of masticatory system and frequent insertion and
removal. Ti materials have been used in manufacturing of denture frameworks;
however, preventive agents with fluorides are considered to attack Ti materials, as
discussed previously. Tests were done at 70% load of the 0.2% offset yield strength
in room temperature synthetic saliva and fluoride-added synthetic saliva. It was
found that (i) Ti-6Al-4V achieved 21,269 cycles against 19,175 cycles for CpTi,
(i) there were no significant differences between either metal in corrosion—fatigue
life for dry specimens, but (iii) when the solutions were present, the fatigue life was
significantly reduced, probably because of the production of corrosion pits caused
by superficial reactions [3-115], providing a localized stress-concentrated site and,
therefore, a potential crack initiation site.

3.4. METAL ION RELEASE AND DISSOLUTION

From the biological point of view, titanium is a strange element. It is widely dis-
tributed in the earth’s crust, and yet exists in only minimal amounts in animal and
plant tissues. There is no evidence to suggest that it is an essential trace element,
but on the other hand, it is extremely well tolerated by tissues and is essentially
non-toxic. There is no clear evidence of titanium metabolism. Therefore, it may be
described as a physiologically indifferent metal. With this characteristic, coupled
with the excellent corrosion resistance, it is known that titanium materials exhibit
excellent biocompatibility [3-116]. Knowledge about the release of various ele-
ments from metallic biomaterials in the oral cavity with respect to levels, kinetics,
and chemical state is essential in the evaluation of possible local or systemic
effects pertinent to individuals having such biomaterials as dental prothesis,
dental implant, and orthopedic devices and implants as well. Certain types of
metallic biomaterials are suspected of being associated with allergies or may influ-
ence the number of T-lymphocytes, possibly affecting the immune system [3-117].
When metal ions are released, some stay in the local implant site, while others are
transported in the blood. Blood-borne elements may remain in the blood as cell
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complexes, accumulate in organs, or be excreted by sweat or urine. Metal ions are
known to be toxic, sensitizing, and oncogenic [3-118].

During the corrosion process, metallic ion(s) can be released from the substrate
surface area, causing the dissolution into corrosive media or surrounding tissue (if
the case is for implant). Hence, ion release is directly related to the stability of
surface oxide (passive film) formed on the titanium substrate, and capability for
repassivation when such a stable passive film is disrupted. On the polarization
process, there should be two occasions when ions can be released (in other words;
instability of passivation); active dissolution prior to the onset of passivation occurs
at relatively low potential, and transpassivity (or breakdown of stable passive film)
at relatively high potential. For example, the transpassivation occurs at or higher
than 1.5 V (vs. SCE), depending on the electrolyte and type of titanium materials
used. Such transpassivation is normally accompanied with the formation of pits.

Even though the metals used in implants are quite corrosion-resistant, there is
still some interchange of metal ions into the tissues or tissue fluids [3-119]. The
amout of metal ions released is related to the corrosion resistance of the metal, the
environmental conditions (i.e., pH, chloride ion concentration, temperature, etc.),
mechanical factors (i.e., pre-existing cracks, surface abrasion, and film adhesion),
electrochemical effects (i.e., applied potential, galvanic effects, pitting, or
crevices), and the dense cell concentrations around implants. When an implant
protrudes through the tissue, the electrochemical effects may be even more severe.
Implants which undergo fretting wear provide the possibility of releasing more
1ons into solutions than those that do not, due to the stress-assisted dissolution. The
response of the tissues and the entire body to metal ions has been studied and con-
tinues to be an active area of biomaterials research [3-119]. Certain metal ions
have been shown to be more harmful than others. The response of local tissues to
metal ions is usually short-term, while accumulation of metal ions in more remote
tissues such as the kidney, liver, or blood may require a longer time. Systemic
effects characterized by sensitization may also occur due to the body’s interaction
with the metal ions. Titanium, which has a very strong, adherent, semi-amorphous
surface oxide film, has been found by neutron activation analysis in some of the
tissues surrounding titanium implants [3-120]. The clinical, radiologic, and labo-
ratory records of the patients were carefully reviewed and it was found that tita-
nium does not seem to have a particularly harmful effect on local tissues. The
systemic effects and sensitization response attributed to titanium seem to be min-
imal as well [3-120].

The biological significance of the metal ion release is believed to be strongly
related to the cytocompatibility and hemocompatibility. It is also generally
believed that corrosion resistance is responsible for the biocompatibility. Tissue
levels of chromium and titanium are often very high, indicating that the elements
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may form stable complexes that remain in local tissues [3-118]. Woodman et al.
[3-121] reported a significant increase in serum aluminum but no increase in tita-
nium and vanadium from porous-coated Ti-6Al-4V implants in baboons. It was
also reported that (i) high levels of titanium were found in lung and liver tissue, as
well as regional lymph nodes, (ii) a substantial and progressive increase in alu-
minum content was found in lung nodes of baboons with porous Ti-6Al-4V
implants, and (iii) titanium levels in the urine of baboons increased with porous
titanium implants, but no significant increases were found in the levels of vana-
dium or aluminum [3-121].

An important factor related to the biocompatibility of metallic implants is the metal
ion release rate from their surfaces. /n vitro laboratory tests are often used to estimate
the corrosion rates of implant materials. For these to be useful in predicting in vivo
ion release, however, they should simulate in vivo conditions as closely as possible.
Bundy et al. pointed out that a variable often not accounted for in such testing is the
influence of applied stresses [3-122]. The effect of static stresses on the corrosion
behavior of 316L stainless steel, Ti-6Al-4V, and Co-Cr-Mo alloy was investigated.
The stress ratio (,,,,/0,) was selected in a range from 1.2 to 1.4, hence all sample sur-
faces were subjected to a plastic deformation. Although loading over the yield
strength causes stress-enhanced ion release, it was mentioned that the stress-induced
ion release may also be caused by elastic loading. The basic mechanisms for this phe-
nomenon appear to be passive-film disruption followed by slow repassivation kinet-
ics. Occurrence of pitting corrosion indicates that the surface oxide film was broken,
and does not protect the underneath substrate. If effects similar to those observed
apply to in vivo conditions, it was suspected that tests on unstressed alloys in vitro
could grossly underestimate ion release rates of stressed implant devices in vivo [3-
122]. It was also mentioned that ions are released but not necessarily in proportion to
the alloy composition. Ni and Co bind to serum albumin, where as Cr is released with
a valence of 6" and binds to red blood cells. Tissue levels of Cr and Ti are often very
high indicating that these elements may form stable complex that remain in local tis-
sues. The results of chemical analysis of urine from animals exposed to metal ions
from injection of salts in vivo corrosion demonstrates a rapid excretion of Ni and Co;
excretion of Cr is slow and represents a small percent of the total to which the animal
is exposed [3-122]. The repassivation capability in vitro should not be the same as that
found in the in vivo situation, since there are many evidence indicating that the oxide
film formed on the placed Ti implant increases its thickness 7—20 times, due to more
oxygen availability in vivo, as seen in Chapter 4.

The metallic ion release from dental alloys has been transformed into one of the
major problems in the health of dental patients who have metallic materials fitted
in their mouths [3-123]. It is well known that metals are toxic in sufficient
concentration and that they can cause inflammations [3-124], allergies, genetic
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mutations, or cancer [3-125]. The metallic elements that are released from oral
implants have been detected in the tongue [3-124], the saliva [3-126], and in the
gums adjacent to these alloys [3-127, 3-128]. However, it is not a case of a local
problem but a general one due to their diffusion throughout the whole organism.
The ions are conducted and can be excreted in part or entirely, or they may be
accumulated selectively at the level of certain tissues [3-116, 3-121]. The harmful
effects of certain metals and metallic composite materials were made clear in the
epidemiological studies carried out by the nickel, chromium, cobalt, and copper
industries and confirm that the action of metals in the form of ions, particles, and
soluble or insoluble salts act at the cellular membrane level [3-129]. Metals from
orthopedic implants are released into surrounding tissue by various mechanisms,
including corrosion, wear, and mechanically accelerated electrochemical
processes, such as stress implant failure, osteolysis, cutaneous allergic reactions,
and remote site accumulation. Okazaki et al. [3-129] investigated the metal ion
release from 316L stainless steel, Co-Cr-Mo, CpTi (grade 2), Ti-6Al-4V, Ti-6Al-
7Nb, Ti-15Zr-4Nb-4Ta at 37°C in PBS solution, 0.9% NaCl aqueous solution,
1.2% L-cysteine solution, 1% lactic acid solution, and 0.01% HCI solution. It was
concluded that (i) the quantity of Co released from the Co-Cr-Mo casting alloys
was relatively small in all the solutions, (ii) the quantities of Ti released into PBS,
calf serum, 0.9% NaCl and artificial saliva were much lower than those released
into 1.2% L-cysteine, 1% lactic acid, and 0.01% HCI, (iii) the quantity of Al
released from the Ti alloys gradually decreased with increasing pH, and a small
amount of V was released into calf serum, PBS, artificial saliva, 1% lactic acid,
and 0.01% HCI, and (iv) Ti-15Zr-4Nb-4Ta alloy, with its low metal release, is con-
sidered advantageous for long-term implants [3-129].

Ti-based implant materials show very high resistance to pitting corrosion in
physiological solutions because of their state of passivity [3-130, 3-131]. The
effect of temperature on the nucleation of corrosion pits on CpTi in Ringer’s solu-
tion was investigated. Breakdown of the passivity (or transpassivation) of CpTi by
nucleation of corrosion pits occurs in Ringer’s solution at quite modest electrode
potentials. It was reported that (i) the frequency of breakdown is very low at ambi-
ent temperature, but increases significantly with an increase in temperature (e.g.,
20 — 37 — 50°C), and (ii) the very slow overall release rate estimated from the
data is consistent with previously measured release rates [3-130]. The vanadium-
free Ti-15Zr-4Nb-4Ta alloy, containing 0.2Pd and Ti-6Al1-4V ELI, were implanted
in rat tibiae for 6—48 weeks. It was found that (i) the number of corrosion pits
observed at the Ti-6-Al-4V ELI alloy surface tended to be slightly more than that
of the Ti-15Zr-4Nb-4Ta alloy implant, and (ii) the concentrations of metal ele-
ments in the bone tissue containing the new bone tended to increase slightly more
than in bones without the implants [3-132].
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The formation of pits is related to the equilibrium potentials of (passive) film
formation given as a function of the activities of the components of the film sub-
stance. The solubility of the product, with respect to the ions in the electrolyte,
depends on the electrode potential, since oxidation states of the metal in the film
and in the electrolyte are often different. Heusler [3-133] discussed the kinetics of
uniform film formation and dissolution with respect to (1) equilibrium of all com-
ponents across both interfaces, (2) partial equilibrium of one component at the
outer film/electrolyte interface, and (3) irreversible ion transfer reactions at the
outer interface. Examples are oxide films on iron (i.e., F,0; and/or F;0,), titanium
(TiO,), and aluminum (Al,O,). It was mentioned that the processes during the
incubation time (which should include chlorine ion adhesion and absorption) of
pitting corrosion corresponded to non-uniform dissolution and formation of the
passivating film [3-133].

Hence, it is important to form stable passive films to control the metal ion
release. Chang and Lee [3-134] prepared as-received Ti-6Al-4V and modified Ti-
6Al1-4V with 300 um thick containing Cu and Ni by vacuum brazing at 970°C for
2 h, and tested them in Hank’s solution (NaCl 8 g, CaCl, 0.14 g, KCI 04 g,
NaHCO, 0.35 g, glucose 1 g, MgCl,-6H,0 0.1 g, Na,HPO,-2H,0 0.06 g, KH,PO,
0.06 g, and MgSO,-7H,0 0.06 g) with 8 mM ethylene diamine tetra-acetic acid
(EDTA) at 37°C for immersion times of 1, 4, and 16 days. It was noted that the
variation of chemical compositions of the alloy and nano-surface characteristics
(chemistries of nano-surface oxide, amphoteric OH group adsorbed on oxides, and
oxide thickness) was effected by surface modification and three passivation meth-
ods (34% HNO, passivation, 400°C heating in air, and aged in 100°C water). It was
concluded that (i) passivation influences the surface oxide thickness and the early
stage of ion dissolution rate of the alloy, (ii) the rate-limiting step can be best
explained by metal-ion transport through the oxide film, rather than hydrolysis of
the film, and (iii) variations of the chemistries of Ti alloy alter the electromotive
force (EMF) potential of the metal, thereby affecting the corrosion and ion disso-
lution rate [3-134].

There is other evidence strongly supporting the importance of surface oxide to
govern the ion release kinetics. During implantation, Ti releases corrosion products
(which can be TiO, TiOH, or TiO,) into the surrounding tissues and fluids even
though it is covered by a thermodynamically stable oxide film. An increase in oxide
thickness as well as the incorporation of elements from the extracellular fluids
(P, Ca, and S) into the oxide has been observed as a function of implantation time.
Moreover, changes in oxide stoichiometry, compositions, and thickness have been
associated with the release of Ti corrosion products. Properties of the oxide, such
as stoichiometry, defect density, crystal structure and orientation [3-135], surface
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defects, and impurities were suggested as factors determining biological perform-
ance [3-136].

From the above, it can be clearly stated that passivation stability can control the
ion release kinetics under some factors such as chlorine ions, causing a premature
passivation breakdown, as well as the formation of pits. Stable passivation can also
be interfered by mechanical or physical actions [3-137, 3-138]. Okazaki [3-137]
studied the effects of frictional forces on anodic polarization properties of several
metallic biomaterials in eagle’s medium and 1% lactic acid solutions. The results
on Ti-6Al-4V demonstrated that, under static condition (in other words, no frac-
tional force applied), /g5 (passivation onset current density) was 4 X 1076 A/em?,
Ep\ o5 (passivation potential) was about —400 mV (vs. SCE) and the established
passivation was stable up to Eg (breakdown potential of passivation) of 2000 mV
(vs. SCE). However, when a kinetic frictional force of 20 N was applied, Ep, g
(=700 mV) was about the same as the static Ep, g, and I, s showed a wide fluctu-
ation between 2 and 7 X 107 A/em? up to Egy of approximately 2100 mV (vs.
SCE). Oshida et al. [3-138] had investigated the effects of ultrasonic vibration on
passivation stability. CpTi (grade 2) plates were polarized in an artificial saliva
solution with and without ultrasonically vibrating the electrolyte. It was found
that, under no vibration conditions, stable passivation was obtained from Ep, g of
150 mV (vs. SCE) up to Egg of 1100 mV (vs. SCE). On the other hand, under
vibration conditions, CpTi did not exhibit a stable passivity all the way up to 1500
mV (vs. SCE). Hence, the mechanical vibration hinders the stable establishment
of passivation of the CpTi surface in 25°C artificial saliva solution [3-138].

For different Ti material groups there are several reports on ion release data.
Levels of corrosion products released from dental alloys in natural or synthetic
saliva, i.e., from amalgams, cobalt, gold, nickel, iron, or titanium-based alloys
have been surveyed [3-117]. The corrosion behavior in the oral cavity is complex
and involves several parameters, including, for example, composition and treat-
ment of the alloy, pH, and oxygen variations in the oral cavity, presence of pro-
teins, masticatory function, etc. Corrosion products and particles released from
dental alloys in the oral cavity are eliminated from or absorbed by the human body.
Thus, specific metals that may be accumulated within human tissues are subse-
quent to reabsorption in the gastrointestinal tract following the swallowing of
saliva, after membrane diffusion in the Okla mucosa, or after migration to pulp
through dentinal tubuli [3-118]. The amounts of implanted titanium that could be
released into an electrolyte like artificial saliva seem, however, to be far from the
intake of the element from food and drink. It is known that aluminum and titanium
released from titanium alloy implants in baboons can accumulate in the lung tis-
sue [3-139—3-141]. Titanium levels up to about 1000 ppm (dry weight) have been
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measured in osseous tissue surrounding various titanium implant materials after 6
months exposure in the trabecular bone of German shepherd dogs [3-142].

In studies done by Strietzel et al. [3-143], cast CpTi (grade 1) samples were sub-
jected to immersion corrosion tests for 4 weeks in NaCl, NaF, NaSCN (sodim thio-
cyanate), lactic acid, acetic acid, oxalic acid, and tartaric acid. Atomic absorption was
used to analyze the solutions weekly. It was noticed that (i) Ti reveals ion releases
[(0.01—0.1) pg/(cm? X d)] in the magnitude of gold alloys, (ii) there is little influ-
ence of grinding and casting systems in comparison with organic acids or pH value,
(iii) the ion release greatly increases [up to 500 ug/(cm? X d)] in the presence of
fluoride; and low pH values accelerate this effect even more, (iv) nevertheless, it is
recommended that it is best to avoid the presence of fluoride or to reduce contact
time, and (v) in prophylactic fluoridation of teeth, a varnish should be used [3-143].

In vitro metal leaching examinations were performed for Ti from CpTi, Ti, Al,
and V from Ti-6Al-4V alloy, and Ti and Pd from CpTi (grade 7), for seven days. It
was found that (i) in general, the low leaching of Ti, Al, and V metal ions and the
absence of Pd from the different surfaces indicated excellent protection against cor-
rosion by the surface oxide layer of Ti,O,, but (ii) leaching of Ti, Al, and V from
metal surfaces over seven days in an isotonic medium indicated the possibility that
leaching of metal ion may have detrimental effects on general health, suggesting the
need for long-term studies on accumulation and toxicity of metal ions from various
metal surfaces [3-144].

Although osteolysis adjacent to metal hip and knee prostheses is believed to result
from release of wear debris into the periprosthetic region, it is suspected that metal
ion released from the implant surface may also play some contributing role [3-122,
3-136, 3-145—3-147]. This suspicion arose in part from various retrieval studies of
human total hip arthroplasties, which have shown that metal levels in the tissue sur-
rounding metal implants are fairly high. Dorr et al. [3-148] have measured metal lev-
els in the fibrous membrane encapsulating implants at up to 21 ppm Ti, 10.5 ppm
Al, and 1 ppm V around Ti-6Al-4V and up to 2 ppm Co, 12.5 ppm Cr, and 1.5 ppm
Mo around Co-Cr-Mo. Henning et al. [3-149] have found metal levels in the tissue
surrounding loose Co-Cr-Mo femoral shafts to average 3.5 ppm Cr and 0.9 ppm Co.
It was also reported that (i) metal ions released from the implant structure are sus-
pected of playing some contributing role in loosening of hip and knee prostheses,
and (ii) sublethal doses of the ionic constituents of Ti-6Al-4V alloy suppressed the
osteoblastic phenotype and deposition of a mineralized matrix [3-150]. Thompson
and Puleo [3-145] harvested bone marrow stromal cells from juvenile rats and
exposed to time-staggered doses of a solution of ions representing Ti-6Al-4V alloy.
Cells were cultured for 4 weeks and assayed for total protein, alkaline phosphatase,
intra or extracellualr osteocalcin, and calcium. It was found that (i) the Ti-6Al-4V
solutions were found to produce little difference from control solutions for total pro-
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tein or alkaline phosphatase levels, but strongly inhibited osteocalcin synthesis, and
(ii) calcium levels were reduced when ions were added before a critical point of
osteoblastic differentiation (between 2 and 3 weeks after seeding). Based on these
findings, it was concluded that ions associated with Ti-6A1-4V alloy inhibited the
normal differentiation of bone marrow stromal cells to mature osteoblasts in vitro,
suggesting that ions released from implants in vivo may contribute to implant fail-
ure by impairing normal bone deposition [3-145].

As for NiTi materials, it was reported that nickel ions were dissolved out [3-151,
3-152]. Kimura et al. [3-153] coated NiTi implants with oxide film to suppress
dissolution of Ni, and estimated the corrosion resistance in 1% NaCl solution by
means of anodic polarization measurement. It was found that (i) by coating, dis-
solution at low potential was suppressed and the dissolute current density
decreased, (ii) a further decrease in current density, which results from stabiliza-
tion of the passive state on the surface, was observed by the repeated polarization,
and (iii) the oxide film showed close adhesion with the matrix, and did not form
cracks or peel off by plastic deformation associated with the SME [3-153].

Huang et al. [3-154] evaluated four commercially available orthodontic super-
elastic NiTi wires in modified Fusayama artificial saliva — NaCl (400 mg/1), KCI
(400 mg/l), CaCl,-2H,0 (795 mg/l), NaH,PO,-H,0O (690 mg/l), KSCN (300 mg/1),
Na,S-9H,0 (5 mg/l) and urea (1000 mg/l). The value of pH was adjusted to be 2.5,
3.75, 5.0, and 6.25 by either lactic acid or sodium hydroxide. Tests were conducted
at 37°C for a duration ranging from 1 to 28 days. It was concluded that (i) the
released amount of metal ions increased with immersion period, (ii) the amount of
metal ions released in pH >3.75 solution was much less than that in pH 2.5 solution,
(iii) pre-existing surface defects in NiTi wire might be the preferred sites for corro-
sion, while NiTi wire, with a rougher surface, did not exhibit a higher ion release
[3-154], and (iv) the average amount of Ni ions released per day from the tested NiTi
wires was well below the critical concentration necessary to introduce allergy
(600—2500 ug) [3-155] and under daily dietary intake level (300—500 ug) [3-156].

As demonstrated in the reviews above, the stability of oxide film formed on the
surface of Ti appears to be crucial in governing the ion release equilibrium, as well
as kinetics. One can find several proposed methods and technologies to enhance
the oxide stability, thereby improving the ion release resistance. Ti-6Al-4V, CpTi,
and TiN-coated Ti-6Al-4V by electron-beam PVD at 300—350°C were tested in
0.17 M NaCl plus 0.0027 M EDTA (ethyl-diamine tetraacetic acid, disodium salts)
at 37°C. It was demonstrated that a substantial reduction in the release of metal
ions may be achieved by aging the surface oxide in boiling distilled water or by
thermal oxidation (400°C X 45 min in air) [3-135].

Healy et al. [3-136] prepared a titanium thin film (1 um thick) by the deposi-
tion method onto silicon substrates by radio frequency sputter coating. Films were
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immersed into 23 ml of 8.0 mM ethyl-EDTA in simulated interstitial electrolyte
solution and placed in an incubator maintained at 37°C, 10% O,, 5% CO, and
97+3% humidity. It was concluded that (i) the dissolution of titanium in the
presently simulated physiological environment occurred in two phases and the
transition between phases appeared after 200—400 h of immersion, (ii) coincident
with this transition was the onset of non-elemental P incorporation into the oxide,
(iii) the dissolution rate decreased as the oxide thickness increased for immersion
times less than 50 h, and (iv) the dissolution reaction depended on chemical reac-
tions, including (1) the hydrolysis of the oxide and the exchange reactions between
the Ti-OH surface sites and (2) the adsorbed P-containing species [3-136].

Ti-6Al-4V offers an excellent combination of mechanical properties for load-
bearing applications such as hip prostheses, but there is concern about the slow
accumulation of potentially harmful metal ions (such as aluminum and vana-
dium) in the soft tissue surrounding the prosthesis [3-157]. Furthermore, there is
evidence that tissue reactions adjacent to Ti-6Al-4V alloy are less natural than
those in the vicinity of CpTi [3-158]. Metal ion release is considered to occur via
chemical dissolution of the surface oxide film, and it was shown that the disso-
lution rate is influenced by passivation treatments and surface coating such as
TiN [3-135, 3-159]. These effects may be associated with structural changes of
the surface oxide. The aging of the oxide on the surface of CpTi, Ti-6Al-4V, and
TiN-coated Ti-6Al-4V was investigated. Johansson et al. [3-158] studied the
influence of the surface oxide on the dissolution of the substrate material in saline
solution. It was demonstrated that (i) a substantial reduction in the release of
metal ions may be achieved by aging the surface oxide, which was treated in boil-
ing distilled water or by thermal oxidation, and (ii) a reduction in the dissolution
of metal ions from titanium-based implant materials in saline solution (0.17 M
NaCl plus 0.0027 ml EDTA, at 37°C) may be achieved by aging the surface oxide
in boiling distilled water or by thermal oxidation. It was further speculated that
the change in the dissolution behavior is associated with the transformation of the
surface oxide of TiO, from the anatase form (tetragonal, a=0.378 A, ¢c=0.951 A)
to the more compact rutile structure (tetragonal, a=0.459 A, ¢=0.296 A) [3-
159], since the c-axis ratio between anatase TiO, and rutile TiO, is 3.21, while a-
axis ratio is only 1.21, so that the rutile structure is a more closed packed
crystalline structure.

There is other study on chemical and thermal surface modifications in order to
control the metal ion release, performed by Spriano et al. [3-160]. The surfaces of
Ti-6Al-7Nb were first sand-blasted with corundum, followed by chemical treat-
ments for passivation in 35 wt.% nitric acid for 30 min, and in 5 M NaOH at 60°C
for 24 h. Thermal treatments were also applied as an in-air oxidation at 600°C for
1 hin 5X 107! bar. Studies on morphology, crystallographic structure, porosity and
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wettability, interaction with SBF (simulated body fluid), cytotoxicity, protein
adsorption tests, in vitro fibroblast, and osteblast-like cell culture were performed.
It was concluded that (i) the surfaces treated by the blasted-passivated-in-air and
in vacuo oxidation can be described as constituted by a micro-textured oxide pre-
senting high wettability and low metal ion release as well as moderate bone-like
apatite induction ability, (ii) at the same time, a good chemical interaction of
the surface with the culture medium, with a higher total protein binding than on
the untreated one, was observed, suggesting that the multi-step thermo-chemical
treatment can be used as an alternative to traditional coatings in order to prepare
low metal release protheses with enhanced osteointegrability [3-160].

3.5. GALVANIC CORROSION

There are two types of galvanic cell: the first type is the micro-cells (or local cells)
and the second type is the macro-cells. As for micro-cells, within a single piece of
metal or alloy, there exist different regions of varying composition and hence dif-
ferent electrode potentials. This is true for different phases in heterogeneous alloys
[3-161]. The positive way of applying this phenomenon is by etching the polished
surface of metal to reveal the microstructures for metallographic observations.
As severely deformed portion within one piece of a material can serve as an anodic
site [3-162]. For example, a portion of a fully annealed nail was bent, and the
whole nail immersed into a NaCl aqueous solution. After several hours, it was eas-
ily noticed that the localized plastic-deformed portion gets rusted. For macro-cells,
which take place at the contact point of two dissimilar metals or alloys with dif-
ferent electrode potentials, the so-called galvanic corrosion is probably the best
known of all the corrosion types [3-161]. Titanium is the metal choice for implant
material due to excellent tissue compatibility; however, superstructures of such Ti
implants are usually made of different alloys. This polymetallism leads to
detectable (in macro-level) galvanic corrosion.

The intensity of the galvanism phenomenon is due to a number of factors, such
as the electrode potential, extent of the polarization, the surface area ratio between
anodic site and cathodic site, the distance between the electrodes, the surface state
of the electrodes, conductivity of the electrolyte, and passage of a galvanic current
on the electrolytic diffusion, stirring, aeration or deareation, temperature, pH, and
compositions of the electrolytic milieu, coupling manner, and an accompanying
crevice corrosion. When two solid bodies are in contact, it is fair to speculate that
there could be marginal gaps between them, because they are not subject to any
bonding method like diffusion bonding or fusion welding. Therefore, when the
galvanic corrosion behavior is studied in a dissimilar material couple, the crevice
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corrosion is another important localized corrosion measurement accompanied
with galvanic corrosion [3-162—3-168].

Among these numerous influencing factors, the surface area ratio between
anodic surface and cathodic surface appears to be the most important factor to be
considered. If the ratio of surface 4./4, (cathode area/anode area) is large, the
increased corrosion caused by coupling can be considerable. Conductivity of the
electrolyte and geometry of the system enter the problem because only that part of
the cathode area is effective for which resistance between anode and cathode is not
a controlling factor [3-168].

Al-Ali et al. [3-165] prepared CpTi (grade 2) samples coupled with type IV Au
alloy, Au-Ag-Pt alloy and Ag-Au-Pd alloy, and effects of two coupling mode (laser
welding and mechanical adhering method — in other words, without and with
crevice situation between materials) and investigated their corrosion behaviors
when electrochemically polarized in 37°C Ringer’s solution. It was found that (i)
significant differences in corrosion behavior were observed between the two dif-
ferent coupling methods, and crevice associated with adhesive joining made the
galvanic couples more corrosive, (ii) by the laser welding method, the values of
coupled /gy for all three couples were somewhat in the middle of /.qzy values
of uncoupled materials, while by the mechanical adhering method, the coupled
I-orr Was higher than those for uncoupled CpTi as well as uncoupled precious
alloys, (iii) a simplified mixed theory [3-166] was not applicable to estimate the
mixed potential and current, (iv) the type IV gold side of the Ti/Au couple for both
methods was discolored to some extent, and (v) overall, the Ti/Ag-Au-Pd
couple exhibited the best corrosion resistance for both joining methods [3-165].
As for the effects of surface area ratio between anodic and cathodic metals [3-165,
3-169], it was found that (1) /g showed a bowl-shaped curve, (ii) /gy increased
toward both ends (in other words, the uncoupled materials’ sides), but (iii) /-org
exhibited the lowest value when exposed surface areas of anodic and cathodic met-
als became equal.

There have been several reported failure cases of restorative devices due to a
lack of understanding of galvanic or coupled corrosion properties of restorative
materials [3-170, 3-171]. As the success of implants leads to their increasing use
in restorative dentistry, attention should be devoted to the galvanic combination of
restorative materials with titanium [3-172]. At present, most of the literature shows
that galvanic corrosion could occur when titanium is coupled to less noble alloys
rather than more noble alloys; that the corrosion current density of the titanium
was lowered by the lower current density of noble metal. The in vitro investigations
of these materials have demonstrated susceptibility to galvanic corrosion phe-
nomena. Thus, the integrity of restorative dentistry devices and intraoral prosthe-
ses may be comprised because of galvanic corrosion [3-173]. The depolarization
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effect when the materials were coupled was overcome by bubbling nitrogen
through the artificial saliva solution. The nitrogen purge also reduced fluctuation
in the oxygen concentration of the electrolyte [3-174, 3-175]. It was hypothesized
that the deaeration could also create a lack of oxygen for repassivation if a mater-
ial’s passive layer breaks down due to a galvanic coupling. This results in a reduced
probability of the anodic component repassivating if its surface layer is disrupted.
Crevices in such devices and wound sites have been documented to have, at the
worst case, a pH of 3.0 or less [3-175—3-179]. When the two materials were cou-
pled, the corrosion potential of both these materials converged to a common cou-
pled corrosion potential [3-166]. This common potential was between the
corrosion potentials of the materials involved in the couple. This is true for the
case when at least one component in the couple is polarized [3-180]. The corro-
sion potential of the more noble material drops to the lower common corrosion
potential value. This drop in potential of the noble component can serve as a driv-
ing force for the corrosion potential of the more active component to the higher
coupled corrosion potential. Ti-based implant materials show very high resistance
to pitting corrosion in physiological solutions because of their state of passivity [3-
130, 3-131].

The electrochemical behavior of seven alloy superstructures (including high and
low Au-based alloys, Ag-based alloys, Co-Cr alloys) with CpTi and Ti-6Al-4V
implants was tested in Fusayama—Meyer deaerated saliva and Carter—Brugirard
non-deaerated saliva. It was found that very low corrosion rates were obtained,
ranging from 107° to 108 A/cm?. Other possible types of corrosion are considered
in addition to a galvanic corrosion, for example, pitting corrosion and crevice cor-
rosion. These types of corrosion are specific to each alloy and are to be taken into
account in clinical choices. Moreover, the biological characteristics of each indi-
vidual represent a variable that cannot be reproduced easily in vitro (composition
and acidity of saliva, dental hygiene, eating habits, administration of medicine).
For this reason, it was remarked that the most favorable superstructure/implant
couple is the one which is capable of resisting the most extreme conditions that
could possibly be encountered in the mouth [3-181].

3.6. MICROBIOLOGY-INDUCED CORROSION

Microbiology-induced corrosion (MIC) is defined as the deterioration and degrada-
tion of metallic structures and devices by corrosion processes that occur directly or
indirectly as a result of the activity of living microorganisms, which either produce
aggressive metabolites, or are able to participate directly in the electrochemical reac-
tions occurring on the metal surface. Corrosion has long been thought to occur by
one of the three means: oxidation, dissolution, or electrochemical interaction. To this
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list, the newly discovered microbiological corrosion must be added [3-182, 3-183].
Oxidation is somewhat beneficial in the case of stainless steel (mainly the Cr ele-
ment) and titanium because they create a non-porous layer of passive oxide film that
protects the substrate surface from further oxidation; Cr,O, or (Fe,Ni)O.(Fe,Cr),0O,
for stainless steel and TiO, for titanium materials. However, dissolution and electro-
chemical reactions are responsible for most of the detrimental corrosion. MIC has
received increased attention by corrosion scientists and engineers in recent years.
MIC is due to the presence of microorganisms on a metal surface, which leads to
changes in the rates, and sometimes also the types of the electrochemical reactions
which are involved in the corrosion processes. It is, therefore, not surprising that
many attempts have been made to use electrochemical techniques (corrosion poten-
tial, the redox potential, the polarization resistance, the electrochemical impedance,
electrochemical noise, and polarization curves including pitting) to study the details
of MIC and determine its mechanism. Applications range from studies of the corro-
sion of steel pipes in the presence of sulfate-reducing bacteria to investigating the
formation of biofilms and calcareous deposits on stainless steel in seawater, to the
destruction of concrete pipes in sewers by microorganisms producing very low pH
solutions, to dental prostheses exposed to various types of bacteria intraorally
[3-184, 3-185].

Study on MIC is a typical interdisciplinary subject that requires at least some
understanding in the fields of chemistry, electrochemistry, metallurgy, microbiology,
and biochemistry. In many cases, microbial corrosion is closely associated with
biofouling phenomena, which are caused by the activity of organisms that produce
deposits of gelatinous slime or biogenically induced corrosion debris in aqueous
systems. Familiar examples of this problem are the growth of algae in cooling
towers and barnacles, mussels, and seaweed on marine structures. These growths
either produce aggressive metabolites or create microhabitats suitable for the prolif-
eration of other bacterial species, e.g., anaerobic conditions favoring the well-known
sulfate-reducing bacteria. In addition, the presence of growths or deposits on a metal
surface encourage the formation of differential aeration or concentration cells
between the deposit and the surrounding environment, which might stimulate exist-
ing corrosion processes [3-182]. It is probable, however, that microbiological corro-
sion rarely occurs as an isolated phenomenon, but is coupled with some type of
electrcochemical corrosion. For example, corrosion induced by sulfate-reducing
bacteria usually is complicated by the chemical action of sulfides. Corrosion by an
aerobic organism, by definition, always occurs in the presence of oxygen. To further
confound the problem, microbiocidal chemicals also may have some conventional
properties as corrosion inhibitors (e.g., film-forming). The materials on which a
biofilm is developed have higher, or more noble, £ values than those obtained
in the absence of biofilms [3-186].
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Microbes seem to accelerate the corrosion process. They locate susceptible
areas, fix anodic sites, and produce or accumulate chemical species that promote
corrosion. The microscopic heterogeneity of many materials — whether created
intentionally or as an artifact — is quite clear on the scale of microbes, and is an
important and overlooked factor in microbiologically influenced corrosion. Weld
regions are particularly attractive to microbes in many of the systems [3-187],
since the weld line normally exhibits slight differences in chemical compositions
as well as microstructures, resulting in a possibility for galvanic corrosion occur-
rence. Microbes are extremely tenacious. They can exist over a wide range of tem-
peratures and chemical conditions, they are prolific, and they can exist in large
colonies. They form synergistic communities with other microbes or higher life
forms and accomplish remarkably complex chemical reactions in consort.
Microbes can metabolize metals directly, and they require many of the chemical
species produced by the physical chemistry of corrosion processes for their metab-
olisms. Microbes can also act to depolarize anodic or cathodic reactions, and, in
addition to catalyzing existing corrosion mechanisms, many microbes produce
organic or mineral acids as metabolic products [3-187]. Accordingly, it is difficult
to specify just what the important variables are when corrosion is influenced by
microorganisms. In addition to the variables most important for the type of corro-
sion under consideration, variables such as dissolved oxygen, pH, temperature,
and nutrients, which affect the life cycle of the bacteria, become important for both
corrosion testing and corrosion mechanism. The critical situation involved in MIC
is limited to the interfacial thin layer (usually with thickness in the 10—500 um
range) between the biofilm and metallic surface, since the chemistry of the elec-
trolyte solution at the metal surface is everchanging. Therefore, the bulk elec-
trolyte properties may have little relevance to the corrosion as influenced by
organisms within the film. The organism right at the metal surface influences cor-
rosion activity, and those organisms multiply so rapidly on the surface that a low
density of organisms in the bulk quickly becomes irrelevant [3-188].

Bacteria must adhere, spread, and proliferate on metallic surfaces in order to
cause corrosive reactions. The process of bacterial adhesion is mediated by both
an initial physiochemical interaction phase (i.e., electrostatic forces and
hydrophobicity) and specific mechanisms (i.e., adhesion—receptor interactions,
which allows bacteria to bind selectively to the surface), followed by a subsequent
molecular and cellular interaction phase, which is normally followed by a plaque
formation in dentistry [3-189]. The molecular and cellular interactions are com-
plicated processes affected by many factors, including the characteristics of the
bacteria themselves, the target material surface, and environmental factors such as
the presence of serum proteins or bacterial substances. Microbial adhesion to sur-
faces is a common phenomenon. Many bacteria demonstrate a preference for the
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surface regions of solids, teeth, plant fibers, roots, etc., where nutrients may be
concentrated by the adsorption of dissolved organic materials. Since microorgan-
isms act as colloidal particles, their interaction with solid surfaces can be antici-
pated, based on colloidal theory. However, microorganisms are more complex than
typical colloids as they are capable of independent locomotion, growth in differ-
ent shapes, and production of extracellular polymeric materials that aid in anchor-
ing the microbe to the surface [3-189]. Adhesion is a situation where bacteria
adhere firmly to a surface by complete physiochemical interactions between them,
including an initial phase of reversible physical contact and a time-dependent
phase of irreversible chemical and cellular adherence [3-190]. Bacteria and other
microorganisms have a natural tendency to adhere to surfaces as a survival mech-
anism. This can occur in many environments including the living host, industrial
systems, and natural waters. The general outcome of bacterial colonization of sur-
faces is the formation of an adherent layer (biofilm) composed of bacteria embed-
ded in an organic matrix [3-191]. The starvation and growth phase influence
bacterial cell surface hydrophobicity. Both the number and kind of microorgan-
isms that colonized metal surfaces depend on the type of metal and the presence
of an imposed electrical potential. No significant differences in attachment and
growth of a pure culture were observed when metal surfaces were dipped in an
exogenous energy source. The chemical composition of naturally occurring
adsorbed organic films on metal surfaces was shown to be independent of surface
composition and polarization [3-192].

There are several experimental evidences on bacterial attachment on Ti materi-
als. Despite the wide use of dental implants, the understanding of the mechanisms
of bacterial attachment to implant surfaces and of the factors that affect such
attachment is limited. The attachment of oral bacteria, including Streptococcus
sanguis, Actinomyces viscosus, and Porphyromonas gingivalis, to titanium discs
with different surface morphology (smooth, grooved, or rough) was examined by
SEM. The greatest bacterial attachment was observed on the rough BSA-coated Ti
surfaces (bovine serum albumin: coated by 0.25 ml of 0.15% glycine — 0.01%
BSA at 4°C overnight). The smooth surfaces promoted poor attachment for S. san-
guis and A. viscocus. However, P gingivalis attached equally well to both the
smooth and grooved coated Ti surfaces. Cell-surface finbriae (which may play a
role in adhesion) of both A. viscosus and P, gingivalis were observed to be associ-
ated with Ti surfaces. It was concluded that Ti surface characteristics appeared to
influence oral bacteria attachment in vitro [3-193].

Steinberg et al. [3-194] investigated the adhesion of radioactively labeled A.
viscosus, Actinobacillus actinomicetemcomitans, and P gingivalis to CpTi, Ti-
6Al-4V coated with albumin or human saliva. It was reported that (i) all tested
bacteria displayed greater attachment to Ti-6Al-4V than CpTi, (ii) P gingivalis
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exhibited less adhesion to CpTi and Ti-6Al-4V than did the other bacterial stains,
(ii1) adhesion of A. viscosus and A. actinomicetemcomitans was greatly reduced
when CpTi and Ti-6AI1-4V were coated with albumin or saliva, and (iv) P gingi-
valis demonstrated a lesser reduction in adhesion to albumin or saliva-coated sur-
faces. It was therefore suggested that oral bacteria have different adhesion
affinities for CpTi and Ti-6Al-4V and that both albumin and human saliva reduce
bacterial adhesion [3-194].

The adherence of Streptococcus mutans to six implant materials (polycrystal
alumina, single crystal alumina, Ti-6Al-4V, Co-Cr-Mo alloy, hydroxyapatite HA,
heat-curing PMMA resin) was studied in vitro. The change of free energy, which
corresponds to the adherence process, was also evaluated for hydrophobic inter-
action. It was found that (i) adherence of S. mutans to polycrystal alumina was
lower than adherence to other materials, and (ii) the adherence of S. mutans to the
test materials was highly correlated with the change of free energy, which suggests
that hydrophobic interaction plays an important role in the adherence of S. mutans
to the implant materials [3-195].

The relatively low toxicity and impressive biocompatibility of Ti in human tissues
has favored its use as an implant material for the replacement of missing teeth
[3-196]. The design of oral implants requires communication with the oral cavity
through the mucosal or gingival tissues. Exposure in the mouth presents a unique
surface that can interact with host indigenous bacteria, leading to plaque formation.
Early colonization of the tooth surface starts by adhesion of salivary bacteria to the
pellicle [3-197, 3-198]. Plaque development on exposed surfaces of teeth and
restoration materials begins with an acquired pellicle. The acquired pellicle consists
primarily of glycoproteins, mucins, and enzymes present in saliva [3-199].
Electrostatic-type interaction between charged ions is one of the main routes in the
formation of acquired pellicle on teeth and other materials. Thus, the greater quan-
tities of salivary proteins adsorbing to enamel may be explained by the greater dis-
tribution of phosphate groups and calcium ions on enamel surfaces in relation to the
Ti oxide layer. This results in a reduced affinity between Ti and charged salivary pro-
teins [3-200, 3-201]. After the adsorption of the proteins, bacteria begin to adhere to
the acquired pellicle [3-202]. In the oral cavity, different adsorbed salivary proteins
may dictate which oral bacteria first adhere and how the plaque will develop. Since
Ti and enamel differ in their engagement of salivary components, the plaque devel-
oping on a Ti surface and its potential pathogenicity may also differ [3-198]. Based
on the above background, Leonhardt et al. [3-198] placed CpTi, HA (hydroxyap-
atite), and amalgam samples in Co-Cr splints and kept intraorally in each individual
for 10 min, 1, 3, 6, 24, and 72 h. It was found that (i) qualitative or quantitative dif-
ferences in early plaque formation were seen on the surfaces, and (ii) the different
kinds of materials did not seem to have any antibacterial properties in vivo, and it
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seems as if the adherent bacterial plaque had a similar composition, regardless of
material [3-198]. Sordyl et al. [3-203] collected bacterial samples from the superior
aspect of implants after bar and abutment were removed. They found that the plaque
specimens contained a predominantly gram-positive microflora, although gram-neg-
ative species were present in low numbers [3-203]. Balkin et al. [3-204] examined
the peri-implant microboita of human mandubular subperosteal dental implants. The
study established that gram-positive facultative Streptococcus and Actinomyces spp.
are characteristic of subperiosteal implants with long-term clinical stability. Al Saleh
et al. [3-205] studied the amount of plaque formation that occurs on CpTi, Ti-6Al-
4V, gold, and enamel by using an artificial mouth system. S. mutans and S. sanguis
were used as the test bacteria. The metals and control teeth were exposed to S.
mutans for 2 days and S. sanguis for 3 days. It was reported that (i) a mean S. mutans
coverage was 44% on the enamel, 98.5% on the gold, 91.8% on the CpTi, and 91.2%
on the Ti-6Al-4V alloy, (ii) there was a statistically significant difference between
enamel and the three metals, (iii) the mean of S. sanguis coverage was as follows:
48.3% on enamel, 50.4% on gold, 13% on CpTi, and 27.3% on Ti-6Al-4V alloy, and
(iv) CpTi harbored less S. sanguis than enamel and gold, whereas enamel harbored
less S. mutans than gold, CpTi and Ti-6Al-4V alloy [3-205].

While there is considerable information about bacteria adhesion on enamel, lit-
tle is known about the mechanism of bacterial interactions with implant materials
in the oral cavity [3-194]. It was found that in edentulous mouths, the presence of
gram-positive cocci around implants was significantly greater than that of other
bacteria [3-206]. In partially edentulous, healthy or diseased mouths, implants and
teeth harbored the same type of bacteria [3-207, 3-208]. No significant differences
were found between the subgingival flora of teeth and titanium implants in an
in vivo study [3-209] of a periodontally healthy mouth. Microbial plaque accumu-
lation surrounding dental implants may develop into peri-implantitis or peri-
impantoclasia, which is defined as inflammation or infection around an implant,
with accompanying bone loss [3-210]. Peri-implant disease can be as destructive
as periodontal disease, and adequate diagnosis and timely treatment are essential.
The microflora around successful implants is similar to healthy sulci, while that
associated with failing implants is similar to periodontally diseased sites. Implant
microflora is similar to the tooth microflora in the partially edentulous mouth. The
microflora of implants in partially edentulous mouths differs from that in edentu-
lous mouths. This seems to indicate a bacterial reservoir around the teeth and the
possibility of reinfection of the implant sulcus by periodontal pathogens [3-211].
It is, therefore, important to maintain plaque-free surfaces on both supra- and sub-
gingival portions of dental implants to prevent pre-implantitis. There are at least
two methods of inhibiting the formation of microbial plaque. The first method is
to inhibit the initial adhesion of oral bacteria. The second method is to inhibit the
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colonization of oral bacteria, which involves surface antibacterial activity.
Yoshinari et al. [3-212] studied the antibacterial effect of surface modifications to
Ti on P, gingivalis and A. actinomycetemcomitans. Surface modifications with the
dry process included (1) ion implantation (Ca*, N*, F*), (2) oxidation (anodic
oxidation, titania spraying), (3) ion plating (TiN, alumina), and (4) ion beam mix-
ing (Ag, Sn, Zn, Pt) with Ar* on CpTi plates. It was found that (i) F*-implanted
specimens significantly inhibited the growth of both P gingivalis and A. actino-
mycetemcomitans than the untreated Ti, (ii) the other surface-modified specimens
did not exhibit effective antibacterial activity against both bacteria, and (iii) no
release of fluoride ions were detected from F*-implanted specimens under disso-
lution tests. It was thus indicated that surface modifications by means of a dry
process are useful in providing antibacterial activity of oral bacteria to Ti implants
exposed to the oral cavity [3-212].

Both anaerobic and aerobic bacteria can participate in the process of microbi-
ology-related corrosion. Sulfate-reducing bacteria are most prevalent under
anaerobic conditions. Lekholm et al. found that the microbial species around sta-
ble versus failing implants are similar to the patterns observed around healthy
versus periodontally involved teeth [3-213]. Quirynen ef al. found no significant
differences in the bacterial morphotypes between implants and natural teeth in
partially edentulous patients (with implants and teeth in the same jaw). The per-
centages of coccoid cells, motile rods, spirochetes, and other bacteria were 65.8,
2.3, 2.1 and 29.8% for implants and 55.6, 4.9, 3.6, and 34.9% for teeth, respec-
tively. The results suggested that teeth may serve as a reservoir for the bacterial
colonization of Ti implants in the same mouth [3-207].

There exist several in vitro MIC-related corrosion tests. In an in vitro study using
Staphylococcus epidermidis, a simple-producing strain and its isogenic slime-neg-
ative mutant, it was found that (i) both strains adhere to CpTi discs with signifi-
cantly higher colony counts for the slime-producing strain, (ii) the colony count was
dependent on temperature, time, and stain, and (iii) slime production is important
for adherence and subsequent accumulation of S. epidermidis onto CpTi discs in
vitro [3-214]. Drake ef al. [3-215] prepared CpTi surfaces by pre-treating (SiC pol-
ished, sand-blasted, 30% NHO; passivated), followed by exposing them to UV ster-
ilization, steam autoclaving at 121°C, ethylene gas treatment at 55°C, and plasma
cleaning in argon gas. These surface-modified CpTi were investigated in terms of
wettability, roughness, mode of sterilization, and the ability of the oral bacterium S.
sanguis to colonize. It was concluded that (i) Ti samples that exhibited rough or
hydrophobic (low wettability) surfaces, along with all autoclaved surfaces, were
preferentially colonized, (ii) Ti surfaces that had been repeatedly autoclaved were
colonized with the levels of bacteria 3 to 4 orders of magnitude higher than other
modes of sterilization, and (iii) this may have implications relative to the commonly
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used method of autoclaving titanium implants, which may ultimately enhance bac-
terial biofilm formation on these surfaces [3-215].

Bacterial reaction on teeth is different from that on titanium materials. Gibbons
and Van Houte [3-197] noted that the interaction of host flora with teeth involves
a highly selective process related to specific interactions between tooth-bound
salivary pellicles and bacterial surface adhesions. The ion distribution and charge
character of titanium should be different from enamel. Therefore, salivary pelli-
cle formation at each of these surfaces may in turn be different. It was found that
(i) using an in vitro adherence model significantly lowered numbers of 4. visco-
sus bound to the salivary-treated Ti surface were found when compared to that of
the similarly treated enamel, (ii) the binding of S. sanguis to Ti or enamel did not
vary significantly, (iii) a comparison of the percentage of cells bound to the tita-
nium surface revealed that S. sanguis cells attached in significantly higher num-
bers when compared to the A. viscosus cells, and (iv) formation of salivary
protein pellicles on Ti may be quite different from that of enamel. It was further
speculated that the changes seen in the pellicle formation are the result of an
alteration in the rate of pellicle formation on Ti or the weakening of interactions
of the salivary proteins with the surface, as a result of the lowered surface free
energy [3-196], supporting observations by Fujioka-Hirai ef al. [3-195].

Chang et al. [3-216] investigated electrochemical behaviors of CpTi, Ti-6Al-4V,
NiTi, Co-Cr-Mo, 316L stainless steel, 17-4 PH stainless steel, and Ni-Cr in (1)
sterilized Ringer’s solution, (2) S. mutans mixed with sterilized Ringer’s solution,
(3) sterilized tryptic soy broth, and (4) byproduct of S. mutans mixed with steril-
ized tryptic soy broth. It was concluded that (i) among the four electrolytes, the
byproduct mixed with sterilized trypic soy broth was the most corrosive media,
leading to an increase in /g and reduction in Eq gy, (ii) CpTi, Co-Cr-Mo, and
stainless steel increased their /gy significantly, but Ti-6Al-4V and NiTi did not
show remarkable increase in /gy [3-216].

Koh [3-164] studied effect of surface area ratios on bacteria galvanic corro-
sion of commercially pure titanium coupled with other dental alloys. CpTi was
coupled with a more noble metal (type IV dental gold alloy) and a less noble
metal (Ni-Cr alloy) with different surface area ratios (ranging from 4:0 to 0:4
— in other words, 4:0 uncouple indicates that entire surface area of a noble metal
was masked, while 0:4 uncouple indicates that only CpTi surface was masked,
and area ratios between 4:0 and 0:4 indicate that both surfaces were partially
masked to produce different surface areas). Galvanic couples were then electro-
chemically tested in bacteria culture media and culture media containing bacte-
ria byproducts. It was found that /.4 (and hence, corrosion rate) profiles as a
function of surface area ratio showed a straight-line trend (meaning surface area
ratio independence) for Ti/Au couples, whereas the representative curve for the
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Ti/Ni-Cr alloy was bowl shaped. The latter curve indicates further higher corro-
sion rates at both ends (larger area of either CpTi or Ni-Cr), meaning that low-
est corrosion rate was exhibited at the bottom of bowl (at equal surface area
ratio) [3-164], supporting results obtained by Al-Ali et al. [3-165] and Garcia
and Oshida [3-169].

3.7. REACTION WITH HYDROGEN

It is generally agreed that the solubility of hydrogen in u-phase titanium and tita-
nium alloys is quite low, namely on the order of 20—2000 ppm at room tempera-
ture [3-217]. However, severe problem can arise when Ti-based alloys pick up
large amounts of hydrogen, especially at elevated temperatures [3-218—3-222].
The strong stabilizing effect of hydrogen on the u-phase field results in a decrease
of the f# (HCP crystalline structure) — # (BCC crystalline structure) transforma-
tion temperature from 885°C to a eutectoid temperature of 300°C [3-218].
Hydrogen absorption from the surrounding environment leads to degradation of
the mechanical properties of the material [3-223]. This phenomenon has been
referred to as hydrogen embrittlement over the past years. Hydrogen absorption
often becomes a problem for high-strength steels even in air [3-224], and it also
occurs for Ti in methanol solutions contaning hydrochloric acid [3-225—3-229].
Hydrogen damage of Ti and Ti-based alloys is manifested as a loss of ductility
(embrittlement) and/or reduction in the stress-intensity threshold for crack propa-
gation [3-217]. CpTi is very resistant to hydrogen embrittlement, but it becomes
susceptible to hydrogen embrittlement under an existence of notch, at low tem-
perature, high strain rates, or large grain sizes [3-230]. Eventually, all of these
thermal and mechanical situations make the material more brittle in nature. For «
and near o Ti materials, it is believed that such hydrogen embrittlement occurs due
to precipitation of brittle hydride phases [3-231]. For o+ f§ phase alloys, when a
significant amount of u phase is present, hydrogen can be preferentially trans-
ported with the p lattice, and will react with u phase at o/ff boundaries. Under this
condition, degradation will generally become severe [3-232]. For /5 alloys, hydro-
gen embrittlement was observed to occur in the Ti-Mo-Nb-Al [3-233], Ti-V-Cr-
Al-Sn [3-234], and Ti-V-Fe-Al alloys [3-235], due to p-hydride phase formation,
which is brittle at low temperatures [3-217].

It was confirmed that a shear crack initiated at the root of the thread and prop-
agated into the inner section of the screw in the dental implant systems. Gas chro-
matography revealed that the retrieved screw and absorbed a higher amount of
hydrogen than the as-used CpTi sample. It was then suggested that CpTi in a bio-
logical environment absorbs hydrogen, and that this may be the reason for delayed
fracture of Ti implants [3-224]. Such absorbed hydrogen might have two different
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sources. The first source of hydrogen is the internal hydrogen that is already pres-
ent in the material, either in solution or as hydrides. The second source is external
hydrogen, which is produced through the interaction between titanium and hydro-
gen or hydrogen producing environments (including cathodic reaction during the
corrosion reaction) during service. It is generally assumed that hydrogen from the
environment is taken up by the titanium, thereby becoming internal hydrogen.
Thus, the two effects are obviously very similar. As an alloying element in tita-
nium, hydrogen provides very little increase in strength but can seriously impair
both ductility and toughness [3-236—3-238].

There are some processes by which hydrogen could develop, and possibly be
absorbed, under passive conditions: direct absorption of hydrogen produced by water
hydrolysis and absorption of atomic hydrogen produced by the corrosion processes
to produce an oxide. Under anodic conditions, when passive corrosion prevails, the
corrosion potential for passive titanium must rise at a value at which water reduction
can cause titanium to oxidize, Ti + 2H,0 — TiO, + 2H,. Since Ti hydrides are ther-
modynamically stable at these potentials, the passive film can only be considered as
a transport barrier, and not an absolute barrier. The rate of hydrogen absorption will
be controlled by the rate of corrosion reaction, which dictates the rate of production
of absorbable hydrogen. Since TiO, is extremely insoluble, the corrosion reaction
will be effectively limited to an oxide film growth reaction [3-239]. Titanium corro-
sion processes are often accompanied with hydrogen production, introducing the
possibility of the absorption of hydrogen into the material. Crevice corrosion, once
initiated, is supported by both the reduction of oxygen on passive surfaces external
to the crevice and the reduction of protons (Ti + 4H* — Ti** + 2H,) inside the
crevice, leading to the absorption of atomic hydrogen in sufficient quantities to pro-
duce extensive hydride formation. For passive non-creviced or inert crevice condi-
tions, corrosion could be sustained by reaction with water under neutral conditions
(Ti + 2H,0 — TiO, + 2H,), and should proceed at an extremely slow rate. In the
first step to possible failure by hydrogen-induced cracking, the hydrogen generated
must pass through the TiO, film before absorption into the underlying titanium alloy.
For absorption to proceed, redox transformation (Ti** — Ti**) in the oxide film is
necessary. This requires significant cathodic polarization of the metal, generally
achievable by galvanic coupling to active materials (such as carbon steel), or appli-
cation of cathodic protection potential [3-240].

Ogawa et al. [3-223] conducted immersion tests on a beta Ti alloy (77.8Ti-
11.3Mo-6.6Zr-4.3Sn) under sustained tensile load (0—900 MPa) for various peri-
ods at room temperature, in 0.2 and 2.0% APF (2% NaF+1.7% H,PO,).
Hydrogen absorption behavior of in acid fluoride solution has been analyzed by
hydrogen thermal desorption. It was reported that (i) in the case of an immersion
time of 60 h, the amount of absorbed hydrogen exceeded 10,000 ppm, while the
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amount of hydrogen absorbed in the 0.2% APF solution was several times smaller
than that in 2% solution, (ii) for immersion in 0.2% APF, hydrogen absorption
saturated after 48 h, and (iii) during the later stage of immersion, the amount of
absorbed hydrogen markedly increased under higher applied stress, although the
applied stress did not enhance hydrogen absorption during the early stage of
immersion. These results of hydrogen absorption behavior are consistent with the
delayed fracture characteristics of the beta Ti alloy [3-223].

Lane et al. [3-241] tested various Ti alloy cantilever beam specimens, and
reported that seawater embrittlement behavior is related to aluminum content,
aging in the range of 480—700°C, and the presence of isomorphous beta stabiliz-
ers (Mo, V, Co). Test results indicate that (i) seawater embrittlement is an environ-
ment-dependent brittleness triggered by an aqueous corrodent, (ii) seawater
sensitive Ti alloys include CpTi, Ti-7AI-2Nb-1Ta, Ti-7Al-3Nb, Ti-6Al-2.5Sn, and
Ti-6Al-3Nb-2Sn, whereas sea water insensitive Ti alloys include Ti-7Al-2.5Mo,
Ti-6Al-2Sn-1Mo-1V, Ti-6.5A1-5Zr-1V, Ti-6Al-4V, and Ti-6Al-2Sn-1Mo-3V, and
(iii) in order to reduce embrittlement, it is recommended to lower Al content, and
to add elements (Mo or V) that suppress the formation of coherent Ti;Al [3-241].

Superelastic NiTi wire is widely used in orthodontic clinics, but delayed fracture
in the oral cavity has been observed. Because hydrogen embrittlement is known to
cause damage to Ti alloy systems, Yokoyama et al. [3-242] treated orthodontic wires
cathodically in 0.9% NaCl solution for charging hydrogen, followed by conducting
tensile tests and fractographic observations. It was reported that (i) the strength of
the Co-Cr alloy and stainless steel used in orthodontic mechanotreatment was not
affected by the hydrogen charging; however, NiTi wire showed significant decreases
in its strength, and (ii) the fractured surface of the alloy with severe hydrogen charg-
ing exhibited dimple patterns similar to those in the alloys from patients. In view of
the galvanic current in the mouth, the fracture of the NiTi alloy might be attributed
to the degradation of the mechanical properties due to hydrogen absorption [3-242].
Hydrogen-induced embrittlement of NiTi was also found when it was tested in acidic
solutions, and fluoride-containing solutions such as APF [3-243, 3-244]. However, it
was suggested that the work-hardening NiTi alloy was less sensitive to hydrogen
embrittlement compared with NiTi superelastic alloy [3-226].

Titanium reaction with hydrogen is not necessarily a useless phenomenon. The
formation of titanium hydrides can provide an engineering advantage. It is well
known that titanium is one of the most promising materials for hydrogen storage
due to a stable formation of non-stoichiometric titanium hydrides (9, ¢, or u type)
over the composition range from TiH, s, to TiH, o, [3-225].

Finally, the unique reaction of titanium with hydrogen can be used favorably for
the grain refining, which has a sequence of hydrogen absorption — heat treatment
and working — de-hydrogen treatment. For example, Ti-3Al-2.5Sn containing 0.5
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mass% of hydrogen was heated at 780°C and solid-solution treated, followed by
water-quenched to have martensitic phase. The alloy was further subjected to hot-
rolling in the o+ f dual structure, followed by heating at 600°C in vacuum to de-
hydrogen treatment [3-229]. Such treated Ti-3Al-2.5Sn shows uniaxial
microstructrue with the grain size in a range from 0.5 to 1 um, which is suitable
for the superelastic forming.

REFERENCES

[3-1]
[3-2]

[3-3]

[3-4]

[3-3]

[3-6]

[3-7]

[3-8]

[3-9]

[3-10]

[3-11]

[3-12]
[3-13]
[3-14]

Brockhurst PJ. Dental materials: new territories for materials science. In:
Metals forum. Aust Inst Met 1980;3:200—210.

Takemoto S, Hatori M, Yoshinari M, Kawada E, Oda Y. Corrosion behav-
ior and surface characterization of titanium in solution containing fluo-
ride and albumin. Biomaterials 2005;26:829—837.

Lausmaa J, Kasemo B, Hansson S. Accelerated oxide growth on titanium
implants during autoclaving caused by fluorine contamination.
Biomaterials 1985;6:23—27.

Wilhelmsen W, Grande AP. The influence of hydrofluoric acid and fluo-
ride ion on the corrosion and passive behavior of titanium. Electrochim
Acta 1987;32:1469—1472.

Oda Y, Kawada E, Yoshinari M, Hsegawa K, Okabe T. The influence of
fluoride concentration on the corrosion of titanium and titanium alloys.
Jpn J Dent Mater 1996;15:317—322.

Nakagawa M, Matsuya S, Udoh K. Effect of fluoride and dissolved oxy-
gen concentration on the corrosion behavior of pure titanium and tita-
nium alloys. Dent Mater J 2002;21:83—92.

Harzer W, Schroter A, Gedrange T, Muschter F. Sensitivity of titanium
brackets to the corrosive influence of fluoride-containing toothpaste and
tea. Angle Orthod 2001;71:318—323.

Adell R, Lekholm U, Rockler B, Branemark PI. A 15-year study of osseo-
integrated implants in the treatment of the edentulous jaw. Int J Oral Surg
1981;10:387—416.

Bard JA. Titanium. Vol. V. New York: Marcel Dekker. 1976. pp. 305—331.
Barralis J, Meder G. Precis de Metallurgie, Elaboration Structurale,
Properties et Normalisation. Paris: Nathan. 1991. pp. 35—49.

Watanabe I, Watanabe E. Surface changes induced by fluoride prophy-
lactic agents on titanium-based orthodontic wires. Am J Orthod
Dentofacial Orthop 2003;123:653 —656.

Rosentritt M, Lang R, Plein T, Behr M, Handel G. Discoloration of restora-
tive materials after bleaching application. Quintessence Int 2005;36: 33 —39.
Goldstein GR, Kiremidjian-Schuhmacher L. Bleaching: is it safe and
effective? J Prosthet Dent 1993;69:325—328.

Attin T. The security and use of carbamide peroxide gels in bleaching
therapy. Dtsch Zahnérztl Z 1998;53:11—16.



[3-15]
[3-16]
[3-17]
[3-18]
[3-19]

[3-20]

[3-21]

[3-22]

[3-23]
[3-24]

[3-25]

[3-26]

[3-27]

[3-28]

[3-29]

[3-30]

[3-31]

Chemical and Electrochemical Reactions 65

Haywood VB, Heymann HO. Nightguard vital bleaching: how safe is it?
Quintessence Int 1991;22:515—523.

Dahl JE, Pallesen U. Tooth bleaching — a critical review of the biological
aspects. Crit Rev Oral Biol Med 2003;14:292—304.

Oshida Y, Sellers CB, Mirza K, Farzin-Nia F. Corrosion of dental materi-
als by dental treatment agents. Mater Sci Eng 2005;C25:343 —348.
Albrektsson T. The response of bone to titanium implants. CRC Crit Rev
Biocompatibility 1985;1:53 —84.

Sellers CB, Oshida Y. Effects of fluoride treatment agents on dental
metallic materials. AADR/IADR meeting, Honolulu HI. 2004 (Abstract
No. 0066).

Boere G. Influence of fluoride on titanium in an acidic environment
measured by polarization resistance technique. J Appl Biomater 1995;6:
283—288.

Johansson BI, Bergman B. Corrosion of titanium and amalgam couples:
effect of fluoride, area size, surface preparation and fabrication proce-
dures. Dent Mater 1995;11:41—46.

Nakagawa M, Matsuya S, Shiraishi T, Ohta M. Effect of fluoride concen-
tration and pH on corrosion behavior of titanium for dental use. J Dent
Res 1999;78:1568—1572.

Probster L, Kin W, Hiitterman H. Effect of fluoride prophylactic agents
on titanium surfaces. Int J Oral Maxillofac Implants 1992;7:390—394.
Reclaru L, Meyer JM. Effects of fluorides on titanium and other dental
alloys in dentistry. Biomaterials 1998;19:85—92.

Siirila HS, Kononen M. The effect of oral topical fluorides on the surface
of commercially pure titanium. Int J Oral Maxillofac Implants 1991;6:
50—54.

Thomas DE, Bomberger HB. The effect of chlorides and fluorides on tita-
nium alloys in simulated scrubber environments. Mater Perform 1983;22:
29-36.

Tounmelin-Chemla F, Rouelle F, Burdairon G. Corrosive properties of
fluoride-containing odontological gels against titanium. J Dent 1996;24:
109—115.

Schiff N, Grosgogeat B, Lissac M, Dalard F. Influence of fluoridated
mouth-washes on corrosion resistance of orthodontics wires.
Biomaterials 2004;25:4535—4542.

Mirza K, Oshida Y. Corrosiveness of bleaching agent on dental metallic
materials. AADR/IADR meeting, Honolulu, HI. 2004 (Abstract No.
0621).

Oshida Y, Mirza K, Sellers CB, Panyayong W, Farzin-Nia F. Effects of
dental treatment agents on discoloration/corrosion behavior of metallic
dental materials. In: Medical device materials. Shrivastava S, editor.
Materials Park, OH: ASM International. 2004. pp. 467—470.

Yoon SJ, Kim CW, Lim BS. Electrochemical corrosion of dental titanium
in fluoride ion. J Dent Res 1997;76:81 (Abstract No. 538).



66

[3-32]

[3-33]

[3-34]

[3-35]

[3-36]

[3-37]
[3-38]
[3-39]
[3-40]
[3-41]
[3-42]
[3-43]
[3-44]

[3-45]
[3-46]
[3-47]

[3-48]

[3-49]

Bioscience and Bioengineering of Titanium Materials

Nakagawa M, Matono Y, Matsuya S, Udoh K, Ishikawa K. The effect of
Pt and Pd alloying additions on the corrosion behavior of titanium in flu-
oride-containing environments. Biomaterials 2005;26:2239—2246.
Kaneko K, Yokoyama K, Moriyama K, Asaoka K, Sakai J, Nahumo M.
Delayed fracture of beta titanium orthodontic wire in fluoride aqueous
solutions. Biomaterials 2003;24:2113—2120.

Huang H-H. Effects of fluoride concentration and elastic tensile strain on
the corrosion resistance of commercially pure titanium. Biomaterials
2002;23:59—63.

Pan J, Liao H, Leygraf C, Thierry D, Li J. Variations of oxide films on
titanium induced by osteoblast-like cell culture and the influence of an
H,O, pretreatment. J Biomed Mater Res 1998;40:244—256.

Mustafa K, Pan J, Wroblewski J, Leygraf C, Arvidson K. Electrochemical
impedance spectroscopy and x-ray photoelectron spectroscopy analysis
of titanium surfaces cultured with osteoblast-like cells derived from
human mandibular bone. J] Biomed Mater Res 2001;59:655—664.
Matasa CG, Attachment corrosion and its testing. J Clin Orthod
1995;29:16—23.

Barton K. Protection against atmospheric corrosion. New York: Wiley.
1973. p. 202.

Nilner K, Holland RI. Electrochemical potentials of amalgam restora-
tions in vivo. Scand J Dent Res 1985;93:357—359.

Corso PP, German RM, Simmons HD. Corrosion evaluation of gold-
based dental alloys. J Dent Res 1985;64:854—859.

Reclaru L, Meyer JM. Zonal coulometric analysis of the corrosion resist-
ance of dental alloys. J Dent Res 1995;23:301—311.

Ewers GJ, Thornber MR. The effect of a simulated environment on den-
tal alloys. J Dent Res 1983;62:330 (Abstract No. 330).

Pourbaix M. Atlas of electrochemical equilibria in aqueous solutions.
London: Pergamon Press, 1966.

Williams RL, Brown SA, Merritt K. Electrochemical studies on the influ-
ence of proteins on the corrosion of implant alloys. Biomaterials
1988;9:181—186.

Brown SA, Simpson JP. Crevice and fretting corrosion of stainless steel
plates and screws. J Biomed Mater Res 1981;15:867—878.

Devine TM, Wulff J. Cast vs. wrought cobalt—chromium surgical implant
alloys. J Biomed Mater Res 1975;9:151—167.

Lucus LC, Buchanan RA, Lemons JE, Griffin CD. Susceptibility of sur-
gical cobalt-based alloys to pitting corrosion. J Biomed Mater Res
1982;16: 799—810.

Man HC, Gabe DR. A study of pitting potentials for some austenitic
stainless steels using a potentiodynamic technique. Corr Sci 1981;21:
713—721.

Oshida Y, Sachdeva R, Mitazaki S. Microanalytical characterization and
surface modification of NiTi orthodontic arch wires. J Biomed Mater
Eng 1992;2:51—-69.



[3-50]

[3-51]

[3-52]

[3-53]
[3-54]
[3-55]

[3-56]

[3-57]
[3-58]

[3-59]

[3-60]

[3-61]

[3-62]

[3-63]

[3-64]

[3-65]

[3-66]

[3-67]

Chemical and Electrochemical Reactions 67

Sherwin MP, Taylor DE, Waterhouse RB. An electrochemical investiga-
tion of fretting corrosion in stainless steel. Corr Sci 1971;11:419—429.
Bandy R, Cahoon JR. Effect of composition on the electrcochemical
behavior of austenitic stainless steel in Ringer’s solution. Corrosion 1977;
33:204—208.

Cahoon JR, Bandyopadhya R, Tennese L. The concept of protection
potential applied to the corrosion of metallic orthopedic implants.
J Biomed Mater Res 1975;9:259—264.

Cahoon JR, Chaturved MC, Tennese L. Corrosion studies on metallic
implant materials. J Assoc Ad Med Instrument 1973;7:131—135.
Mueller HJ, Greener EH. Polarization studies of surgical materials in
Ringer’s solution. J Biomed Mater Res 1970;4:29—41.

Sutow EJ, Pollack SR, Korostoft A. An in vitro investigation of the anodic
polarization and capacitance behavior of 316L stainless steel. J] Biomed
Mater Res 1976;10:671—693.

Syrett BC, Wing SS. Pitting resistance of new and conventional orthopedic
implants — effect of metallurgical conditions. Corrosion
1978;34:138—145.

Syrett BC, Wing SS. An electrochemical investigation of fretting corro-
sion of surgical implant material. Corrosion 1978;34:379—386.

Hoar TP, Mears DC. Corrosion-resistant alloys in chloride solutions:
materials for surgical implants. Proc Royal Soc 1966;294A:486—510.
Al-Ali S. Galvanic corrosion with and without crevice corrosion in tita-
nium and dental precious alloy couples. Indiana University Master
Thesis. 2002.

Dunigan-Miller J. Electrochemical corrosion behavior of commercially
pure titanium materials fabricated by different methods in three elec-
trolytes. Indiana University Master Thesis, 2004.

Alkhateeb E, Virtanen S. Influence of surface self-modification in
Ringer’s solution on the passive behavior of titanium. J Biomed Mater
Res 2005;75A: 934—940.

Steinemann S. Corrosion of surgical implants — in vivo and in vitro tests.
In: Evaluation of biomaterials. Winters GD, Leray JL, deGroot K, editors.
Chishester: Wiley. 1980. pp. 1 —34.

Revie RW, Greene ND. Comparison of the in vivo and in vitro corrosion
of 18-8 stainless steel and titanium. J Biomed Mater Res 1969;3:
465—470.

Colman REF, Herrington J, Scales JT. Concentration of wear products in hair,
blood and urine after total hip replacement. Br Med J 1975;1:527—529.
Merritt K, Brown SA, Sharkey NA. Blood distribution of nickel, cobalt
and chromium following intramuscular injection into hamsters. J Biomed
Mater Res 1984;18:991—1004.

Samitz MH, Katz SA. Nickel dermatitis hazards from prostheses, in vivo
and in vitro solubilization studies. Br J Dermatol 1975;92:287—290.
Williams DEF, Askill IN. The adsorption and desorption of proteins on
clean metal surfaces. Trans Soc Biomater 1983;6:119—121.



68
[3-68]
[3-69]
[3-70]
[3-71]
[3-72]
[3-73]
[3-74]

[3-75]

[3-76]

[3-77]

[3-78]

[3-79]
[3-80]
[3-81]

[3-82]
[3-83]
[3-84]
[3-85]
[3-86]

Bioscience and Bioengineering of Titanium Materials

Williams DF, Clark GCF. The accelerated corrosion of pure metals by
proteins. Trans Soc Biomater 1981;4:17—20.

Clark GCE, Williams DF. The effect of proteins on metallic corrosion.
J Biomed Mater Res 1982;16:125—134.

Speck KM, Fraker AC. Anodic polarization behavior of Ti-Ni and Ti-6Al-
4V in simulated physiological solutions. J Dent Res 1980;59:1590—1595.
Brown SA, Merritt K. Electrochemical corrosion in saline and serum.
J Biomed Mater Res 1980;14:173—175.

Poubaix M. Electrochemical corrosion of metallic biomaterials.
Biomaterials 1984;5:122—134.

Kasemo B, Lausmaa J. Surface science aspects on inorganic biomaterials.
CRC Crit Rev Biocompatibility 1986;2:335—380.

Koike M, Fujii H. The corrosion resistance of pure titanium in inorganic
acids. Biomaterials 2001;22:2931—2936.

Merritt K, Rodrigo JJ. Immune response to synthetic materials,
Sensitization of patients receiving orthopedic implants. Clin Orthop
1996;326:71—179.

Urban RM, Jacobs JJ, Tomlinson MJ, Gavrilovic J, Black J, Peoch M.
Dissemination of wear particles to the liver, spleen, and abdominal lymph
nodes of patients with hip or knee replacement. J Bone Joint Surg Am
2000;82:457—476.

Lalor PA, Revell PA, Gray AB, Wright S, Railton GT, Freeman MAR.
Sensitivity to titanium, a cause of implant failure. J Bone Joint Surg Br
1991;73—B:25-28.

Abdallah HI, Balsara RK, O’Riordan AC. Pacemaker contact sensiti-
vity: clinical recognition and management. Ann Thorac Surg 1994;57:
1017—1018.

Yamauchi R, Morita A, Tsuji T. Pacemaker dermatitis from titanium.
Contact Dermatitis 2000;42:52—53.

Basketter DA, Whittle E, Monk B. Possible allergy to complex titanium
salt. Contact Dermatitis 2000;42:310—311.

Simonis A, Kriidmer A, Netuschil L, Schlachta T, Geis-Gerstorfer J. In-
vivo-Korrsionuntersuchungen am Zahiidrztlichen Legierungen unter
Berticksichtigung des Speichel-pH-Werts. Dtsch Zahniidrztl Z 1990;45:
485—490.

Suga S. Illustrated Cariology. Tokyo: Ishiyaku Pub., Inc. 1990. pp.
120—127.

Ravnholt G. Corrosion current and pH rise around titanium coupled to
dental alloys. Scand J Dent Res 1988;96:466—472.

Imfeld Th. Evaluation of the carcinogenicity of confectionery by intra-
oral wire-telemetry. Scweiz Monatsschr Zahnheilkd 1977;87:437—464.
Miura I, Ida K. Dental uses of titanium. Tokyo: Quintessence Book, Inc.
1988. pp. 28-41.

Gluszek J, Jedrkowiak J, Markowski J, Masalski J. Galvanic couples of
316L steel with Ti and ion plated Ti and TiN coatings in Ringer’s solu-
tions. Biomaterials 1990;11:330—335.



[3-87]

[3-88]

[3-89]

[3-90]
[3-91]

[3-92]
[3-93]

[3-94]

[3-95]

[3-96]

[3-97]

[3-98]

[3-99]

[3-100]

[3-101]

[3-102]

[3-103]

Chemical and Electrochemical Reactions 69

Hernandez FE. Corrosion behavior of commercially pure titanium with
different grades and from different material suppliers. Indiana University
Master Thesis, 2003.

Kuphasuk C, Oshida Y, Andres CJ, Hivijitra ST, Barco MT, Brown
DT. Electrochemical corrosion of titanium and titanium-based alloys.
J Prosthet Dent 2001;85:195—202.

Gileryiiz H, Cimenoglu H. Effect of thermal oxidation on corrosion and
corrosion-wear behaviour of a Ti-6Al-4V alloy. Biomaterials 2004;25:
3325—3333.

Starosvetsky D, Gotman 1. Corrosion behavior of titanium nitride coated
Ni-Ti shape memory surgical alloy. Biomaterials 2001;22:1853 —1859.
Huang H-H. Corrosion resistance of stressed Ni-Ti and stainless steel
orthodontic wires in acid artificial saliva. J Biomed Mater Res
2003;66A: 829—839.

Carroll WM, Kelly MJ. Corrosion behavior of nitinol wires in body fluid
environments. J Biomed Mater Res 2003;67A:1123—1130.

Huang H-H. Surface characterizations and corrosion resistance of nickel-
titanium orthodontic archwires in artificial saliva of various degrees of
acidity. J Biomed Mater Res 2005;74A:629—639.

Tan L, Dodd RA, Crone WC. Corrosion and wear-corrosion behavior of
NiTi modified by plasma source ion implantation. Biomaterials
2003;24:3931—-3939.

Stone P, Bennett RA, Bowker M. Reactive re-oxidation of reduced
TiO,(110) surfaces demonstrated by high temperature STM movies. New
J Phys 1999;1:1—12.

Hanawa T, Ota M. Calcium phosphate naturally formed on titanium in
electrolyte solution. Biomaterials 1991;12:767—776.

Demri B, Hage-Ali M, Moritz M, Muster D. Surface characterization of
C/Ti 6Al 4V coating treated with ion beam. Biomaterials
1997;18:305—310.

Green SM, Grant DM, Wood JV, Johanson A, Johnson E, Sarholt-
Kristensen L. Effect of N implantation on the shape memory behavior
and corrosion resistance of an equiatomic Ni-Ti alloy. J Mater Sci Lett
1993;12: 618—619.

Chen J. Conrad JR, Dodd RA. Methane plasma source ion implantation
(PSII) for improvement of tribiological and corrosion properties. J Mater
Process Tech 1995;49:115—124.

Riviere JP. Formation of hard coatings for tribological and corrosion pro-
tection by dynamic ion mixing. Surf Coat Tech 1998;108:276—283.
Mandl S, Krause D, Thorwarth G, Sader R, Zeilhofer F, Horch HH,
Rauschenbach B. Plasma immersion ion implantation treatment of med-
ical implants. Surf Coat Tech 2001;142:1046—1050.

Rondelli G. Corrosion resistance tests on Ni-Ti shape memory alloy.
Biomaterials 1996;17:2003 —2008.

lijima M, Endo K, Ohno H, Mizoguchi 1. Effect of Cr and Cu addition on
corrosion behavior of Ni-Ti alloys. Dent Mater J 1998;17:31—40.



70

[3-104]

[3-105]

[3-106]

[3-107]

[3-108]

[3-109]

[3-110]

[3-111]

[3-112]

[3-113]

[3-114]

[3-115]

[3-116]
[3-117]

[3-118]

Bioscience and Bioengineering of Titanium Materials

ASTM F 746-87 Standard Test method for pitting or crevice corrosion
of metallic surgical implant materials. In: Annual book of ASTM stan-
dards. Vol. 13.01. Philadelphia, PA: American Society for Testing and
Materials. 1996. pp. 80—85.

Rondelli G, Vicentini B. Effect of copper on the localized corrosion resist-
ance of Ni—Ti shape memory alloy. Biomaterials 2002;23:639—644.
Oliveira NTC, Biaggio SR, Rocha-Filho RC, Bocchi N. Electrochemical
studies on zirconium and its biocompatible alloys Ti-50Zr wt.% and
Zr-2.5Nb wt.% in simulated physiologic media. J Biomed Mater Res
2005;74A: 397—407.

Fox WC, Miller MA. Osseous implant for studies of biomaterials using
an in vivo electrochemical transducer. J Biomed Mater Res
1993;27:763—773.

Aziz-Kerrzo M, Conroy KG, Fenelon AM, Farrell AT, Breslin CB.
Electrochemical studies on the stability and corrosion resistance of tita-
nium-based implant materials. Biomaterials 2001;22:1531—1539.

Khan MA, Williams RL, Williams DF. The corrosion behaviour of Ti-
6Al1-4V, Ti-6Al-7Nb and Ti-13Nb-13Zr in protein solutions. Biomaterials
1999;20:631—637.

Khan MA, Williams RL, Williams DF. Conjunct corrosion and wear in
titanium alloy. Biomaterials 1999;20:765—772.

Merritt K, Brown SA. Biological effect of corrosion products from met-
als. ASTM STP 859. In: Corrosion and degradation of implant materi-
als: second symposium. Fraker AC, Griffin CD, editors. American
Society for Testing and Materials. 1985. pp. 195—207.

Khan MA, Williams RL, Williams DEFE. In-vitro corrosion and wear of
titanium alloys in the biological environment. Biomaterials 1996;17:
2117-2126.

Goodman SB, Davidson JA, Song Y, Martial N, Fornasier VL. Histo-mor-
phological reaction of bone to different concentrations of phagocytosable
particles of high-density polyethylene and Ti-6Al-4V alloy in vivo.
Biomaterials 1996;17:1943—1947.

Ebara R, Yamada Y, Goto A. Corrosion-fatigue behavior of Ti-6Al-4V in a
sodium chloride aqueous solution. In: Corrosion fatigue: mechanics, metal-
lurgy, electrochemistry, and engineering. Crooker TW, Leis BN, editors.
Philadephia: American Society for Testing and Materials, ASTM STP 801.
1983. pp. 135—146.

Zavanelli RA, Pessanha GE, Ferreira I, de A. Rollo JMD. Corrosion-
fatigue life of commercially pure titanium and Ti-6Al-4V alloys in dif-
ferent storage environments. J Prosthet Dent 2000;84:274—279.
Williams DF. The properties of titanium and its uses in cardiovascular
surgery. J Cardiovas Technol 1978;20:52—65.

Brune D. Metal release from dental biomaterials. Biomaterials
1986;7:163—75.

Brown SA, Merritt K, Farnsworth LJ, Crowe TD. Biological significance
of metal ion release. In: Quantitative characterization and performance of



[3-119]

[3-120]

[3-121]

[3-122]

[3-123]

[3-124]

[3-125]

[3-126]
[3-127]
[3-128]
[3-129]

[3-130]

[3-131]

[3-132]

[3-133]

[3-134]

[3-135]

Chemical and Electrochemical Reactions 71

porous implants for hard tissue applications. Lemonds, JE, editor. ASTM
STP 953. 1987. pp. 163 —181.

Van Orden AC, Fraker AC, Sung P. The influence of small variations in
composition on the corrosion of cobalt-chromium alloys. Proc Soc
Biomater 1982;5:108—112.

Meachim G, Williams DF. Tissue changes adjacent to titanium implants.
J Biomed Mater Res 1973;7:555—572.

Woodman JL, Jacobs JJ, Galante JO, Urban RM. Metal ion release from
titanium-based prosthetic segmental replacements of long bones in
baboons: a long-term study. J Orthop Res 1984;1:421—430.

Bundy KJ, Williams CJ, Luedemann RE. Stress-enhanced ion release —
the effect of static loading. Biomaterials 1991;12:627—639.

Cortada M, Giner L, Costa S, Gil FJ, Rodriguez D, Planell JA. Metallic
ion release in artificial saliva to titanium oral implants coupled with dif-
ferent superstructures. J] Biomed Mater Eng 1997;7:213—220.

Goyer RA. Toxic effects of metals, In: Cassarett and Doull’s toxicology.
Klaassen CD, Amdur MO, Doull J, editors. New York: Mcmillan. 1986.
pp. 582—635.

Beach JD. Nickel carbonyl inhibition of RNA synthesis by a chromatin
—RNA polymerase complex from hepatitic nuclei. Cancer Res 1970;30:
48—50.

Stenburg T. Release of cobalt from cobalt-chromium alloy constructions
in the oral cavity of man. Scand J Dent Res 1982;90:472—479.
Rechmann P. LAMMS and ICP-MS detection of dental metallic com-
pounds in non-discolored human gingival. Dent Res 1992;71:599—603.
Hao SQ, Lemons JE. Histology of dog dental tissues with Cu-based
crowns. Dent Res 1989;68:322—327.

Okazaki Y, Gotoh E. Comparsion of metal release from various metallic
biomaterials in vitro. Biomaterials 2005;26:11—21.

Burstein GT, Liu C, Souto RM. The effect of temperature on the nucle-
ation of corrosion pits on titanium in Ringer’s physiological solution.
Biomaterials 2005;26:245—256.

Ong JL, Lucas LC, Raikar KN. Gregory JC. Electrochemical corrosion
analyses and characterization of surface-modified titanium. Appl Surf Sci
1993;72:7—13.

Okazaki Y, Nishimura E, Nakada H, Kobayashi K. Surface analysis of Ti-
15Zr-4Nb-4Ta alloy after implantation in rat tibia. Biomaterials 2001;22:
599—-607.

Heusler KE. The influence of electrolyte composition on the formation
and dissolution of passivating films. Corr Sci 1989;29:131—147.

Chang E, Lee TM. Effect of surface chemistries and characteristics of
Ti6Al4V on the Ca and P adsorption and ion dissolution in Hank’s ethylene
diamine tetra-acetic acid solution. Biomaterials 2002;23:2917—2925.
Wisbey A, Gregson PJ, Peter LM, Tuke M. Effect of surface treatment on
the dissolution of titanium-based implant materials. Biomaterials
1991;12: 470—473.



72

[3-136]

[3-137]

[3-138]

[3-139]

[3-140]

[3-141]

[3-142]

[3-143]
[3-144]

[3-145]

[3-146]

[3-147]

[3-148]

[3-149]

[3-150]

[3-151]

Bioscience and Bioengineering of Titanium Materials

Healy KE, Ducheyne P. The mechanisms of passive dissolution of tita-
nium in a model physiological environment. J Biomed Mater Res
1992;26:319—338.

Okazaki Y. Effect of friction on anodic polarization properties of metal-
lic biomaterials. Biomaterials 2002;93:2071—2077.

Oshida Y, Farzin-Nia F, Ito M, Panyaypong W. Passivation stability of
titanium. In: Medical device materials II. Helmus M, Medlin D, editors.
Materials Park, OH: ASM International. 2005. pp. 375—379.

Solar RJ, Pollack SR, Korostoff E. Titanium release from implants: a
proposed mechanism. In:Corrosion and degradation of implant materi-
als. Kansas City, MO: Symp American Society for Testing and
Materials. 1978. pp. 2—3.

Woodman JR, Jacobs JJ, Galante JO, Urban RM. Titanium release from
fiber metal compositions in baboons — a long term study. Trans Orthop
Res Soc 1982;7:166—171.

Woodman JR, Lacobs JJ, Urban RM, Galante JO. Vanadium and alu-
minum release from fiber metal composites in baboons — a long term
study. Trans Orthop Res Soc 1983;8:238 —243.

Ducheyne P, Willems G, Martens M, Helsen L. /n vivo metal-ion
release from porous titanium-fiber material. J Biomed Mater Res
1984;18: 293 —308.

Strietzel R, Hosch A, Kalbfleisch H, Buch D. In vitro corrosion of tita-
nium. Biomaterials 1998;19:1495—1499.

Boths SJ, Coetzee WIC. Metal leaching from the Ti,O, surfaces of different
Ti-Metals. J Dent Res 1996;75(Special Issue):75 (Abstract No. 460).
Thompson GJ, Puleo DA. Ti-6Al-4V ion solution inhibition of osteogenic
cell phenotype as a function of differentiation timecourse in vitro.
Biomaterials 1996;17:1949—1954.

Betts F, Wright T, Salvati EA, Boskey A, Bansal M. Cobalt-alloy metal
debris in periarticular tissues from total hip revision arthroplasties. Clin
Orthop 1992;276:75—82.

Margevicius KJ, Bauer T, McMahan JT, Brown SA, Merritt K. Isolation
and characterization of debris in membranes around total hip prostheses.
J Bone Joint Surg 1994;76-A:1664—1675.

Dorr LD, Bloebaum R, Emmanual J, Meldrum R. Histologic, biochemi-
cal, and ion analysis of tissue and fluids retrieved during total hip arthro-
plasty. Clin Orthop 1990;261:82—95.

Hennig FE Raithel HJ, Schaller KH, Déhler JR. Nickel-chrome- and
cobalt-concentrations in human tissue and body fluids of hip prosthesis
patients. J Trace Elem Electrolytes Health Dis 1992;6:239—243.
Thompson GJ, Puleo DA. Effects of sub-lethal metal ion concentrations
on osteogenic cells derived from bone marrow stromal cells. J Appl
Biomater 1995;6:249—258.

Park HY, Shearer TR. In vitro release of nickel and chromium from sim-
ulated orthodontic appliances. Am J Orthod 1983;84:156—159.



[3-152]

[3-153]

[3-154]

[3-155]
[3-156]
[3-157]
[3-158]

[3-159]

[3-160]

[3-161]
[3-162]
[3-163]
[3-164]

[3-165]

[3-166]
[3-167]
[3-168]
[3-169]

Chemical and Electrochemical Reactions 73

Kerosuo H, Moe G, Kleven E. In vitro release of nickel and chromium
from different types of simulated orthodontic appliances. Angle Orthod
1995;65:111—116.

Kimura H, Sohmura T. Improvement in corrosion resistance of Ti-Ni
shape memory alloy by oxide film coating. Jpn J Dent Mater 1988;7:
106—110.

Huang H-H, Chiu Y-H, Lee T-H, Wu S-C, Yang H-W, Su K-H, Hsu C-C.
Ion release from NiTi orthodontic wires in artificial saliva with various
acidities. Biomaterials 2003;24:3585—3592.

Kaaber K, Veien NK, Tjell JC. Low nickel diet in the treatment of patients
with chronic nickel dermatitis. Br J Dermatol 1978;98:197—201.
Schroeder HA, Balassa JJ, Tipton IH. Abnormal trace metals in man-
nickel. J Chronic Dis 1962;15:51—62.

Black J. Systemic effects of biomaterials. Biomaterials 1984;5:11—18.
Johansson C, Lausmaa J, Ask M, Hansson HA, Albrektsson T. Ultra-
structural differences of the interface zone between bone and Ti-6Al-4V
or commercially pure titanium. J Biomed Eng 1989;111:3—8.

Wisbey A, Gregson PJ, Peter LM, Tuke M. Titanium release from TiN
coated implant materials. International Conference on Changing Role of
Engineering in Orthopedics (MEP) London, UK. 1989. pp. 9—14.
Spriano S, Bosetti M, Bronzoni M, Verne E, Maina G, Bergo V, Cannas
M. Surface properties and cell response of low metal ion release Ti-6Al-
7Nb alloy after multi-step chemical and thermal treatments. Biomaterials
2005;26;1219—1229.

Wranglén G. An introduction to corroison and protection of metals. New
York: Chapman and Hill. 1985. pp. 85—87.

Van Black LH. Elements of materials science and engineering. Reading,
MA: Addison-Wesley Pub. 1989. pp. 509—511.

Garcia 1. Galvanic corrosion of dental implant materials. Indiana
University Master Degree Thesis, 2000.

Koh I1-W. Effects of bacteria-induced corrosion on galvanic couples of
commercially pure titanium with other dental alloys. Indiana University
Mater Degree Thesis, 2003.

Al-Ali S, Oshida Y, Andres CJ, Barco MT, Brown DT, Hovijitra S, Ito M,
Nagasawa S, Yoshida T. Effects of coupling methods on galvanic corro-
sion behavior of commercially pure titanium with dental precious alloys.
J Biomed Mater Eng 2005;15:307—316.

Fontana MG, Greene ND. Corrosion engineering. New York: McGraw-
Hill Book Co. 1967. pp. 20—25, and 330—338.

Tomashov ND. Theory of corrosion and protection of metals. New York:
MacMillan Co. 1966. pp. 212—218.

Uhlig HH, Revie RW. Corrosion and corrosion control. New York: Wiley
1985. pp. 101—105.

Garcia I, Oshida Y. Surface area ratio effects on galvanic corrosion of
titanium couples. J Dent Res 2001;80(Abstract No. 798).



74

[3-170]

[3-171]

[3-172]

[3-173]
[3-174]
[3-175]

[3-176]

[3-177]

[3-178]

[3-179]

[3-180]
[3-181]

[3-182]
[3-183]
[3-184]

[3-185]

[3-186]

Bioscience and Bioengineering of Titanium Materials

American Society for Testing and Materials: Standard guide for develop-
ment and used of galvanic series for predicting galvanic corrosion per-
formance. Vol. 03.02. 1991. pp. 334—340.

Johansson BI, Lucas LC, Lemons JE. Corrosion of copper, nickel, and
gold dental casting alloys: an in vitro and in vivo study. J Biomed Mater
Res 1989;23:349—-361.

Lemons JE. Dental implant retrieved analyses. In: Proceeding of the 1988
consensus development conference on dental implants. Risso AA, editor.
J Dent Res 1988. pp. 748—756.

Venugopalan R, Lucas LC. Evaluation of restorative and implant alloys
galvanically coupled to titanium. Dent Mater 1998;14:165—172.
Leinfelde KF, Lemons JE. Clinical restorative materials and techniques.
Philadelphia, PA: Lea and Febiger. 1988. pp. 139—159.

Lucas LC, Lemons JE. Biodegradation of restorative metallic systems.
Adv Den Res 1992;6:32—37.

Silver IA, Murrills RJ, Etherington DJ. Microelectrode studies on the acid
microenvironment beneath adherent macrophages and osteoclasts. Exp
Cell Res 1988;175:266—276.

Bagambiosa FB, Joos U, Schilli W. Interaction of osteogenic cells with
hydroxylapatite implant materials in vitro and in vivo. Int J Oral
Maxillofac Implants 1990;5:217—226.

Blair HC, Teitelbaum SL, Tan HL, Koziol CM, Schlesinger PH. Passive
chloride permeability charge coupled to (H*)-ATPase of avian osteoclast
ruffled membrane. Am J Phys 1991;260:1315—1319.

Bundy K, Laycock Y, Gomez-Novoa C, Bucalo V. Mechanisms of surface
attack of molecular THRs: a study of galvanic contact and crevice conditions.
In: Proceedings of the symposium on compatibility of biomedical implants.
Vol. 94-15. Philadelphia, PA: Electrochemical Society. 1994. pp. 307—318.
Uhlig HH. Corrosion control. New York: Wiley. 1965. pp. 92—96.
Grosgogeat B, Reclaru L, Lissac M, Dalard F. Measurement and evaluation
of galvanic corrosion between titanim/Ti6Al4V implants and dental alloys
by electrochemical techniques and auger spectroscopy. Biomaterials
1999;20: 933—941.

Tiller AK. Aspects of microbial corrosion. In: Corrosion processes.
Parkins, RN, editor. London: Applied Science Pub. 1982. pp. 115—119.
Matasa CG. Stainless steels and direct-bonding brackets, III: microbio-
logical properties. Inf Orthod Kierferorthop 1993;25:269—-271.
Mansfeld F, Little BJ. A technical review of electrochemically tech-
niques applied to microbiologically influenced corrosion. Corr Sci
1991;32:247—-272.

Dexter SC, Duquette DJ, Siebert OW, Videla HA. Use and limitations of
electrochemical techniques for investigation microbiological corrosion.
Corrosion 1991;47:308—318.

Pope DH, Stoecker JG. Microbiologically influenced corrosion.
Proceedings of Industries Corrosion NACE. 1986. p. 235.



[3-187]

[3-188]

[3-189]

[3-190]

[3-191]

[3-192]

[3-193]

[3-194]

[3-195]

[3-196]

[3-197]

[3-198]

[3-199]

[3-200]
[3-201]
[3-202]
[3-203]

Chemical and Electrochemical Reactions 75

Walsh D, Pope D, Danford M, Huff T. The effect of microstructure on
micro-biologically influenced corrosion. JOM 1993;45:22—30.

Dexter SC. Microbiological effects. In: Corrosion tests and standards:
application and interpretation. R. Baboian, editor. ASTM Manual Series
MNL 20. 1995. pp. 419—429.

Gibbons RJ, Cohen L, Hay DI. Strains of Streptococcus mutans and
Streptococcus sobrinus attach to different pellicle receptors. Infect
Immun 1986;52:555—561.

An YH, Friedman RJ. Concise review of mechanisms of bacterial adhe-
sion to biomaterial surfaces. J] Biomed Mater Res 1998;43:338 —348.
Tsibouklis J, Stone M, Thorpe AA, Graham P, Peters V, Heerlien R,
Smith JR, Green KL, Nevell TG. Preventing bacterial adhesion onto sur-
faces: the low-surface-energy approach. Biomaterials 1999;20:
1229—1235.

Little BJ, Wagner P. Factors influencing the adhesion of microorganism to
surfaces. J Adhesion 1986;20:187—210.

Wu-Yuan CD, Eganhouse KlJ, Keller JC, Walters KS. Oral bacterial
attachment to titanium surfaces: a scanning electron microscopy study.
J Oral Implant 1995;21:207—213.

Steinberg D, Sela MN, Klinger A, Kohavi D. Adhesion of periodontal
bacteria to titanium, and titanium alloy powders. Clin Oral Impl Res
1998;9:67—72.

Fujioka-Hirai Y, Akagawa Y, Minagi S, Tsuru H, Miyake Y, Sugunaka H.
Adherence of Streptococcus mutans to implant materials. J Biomed
Mater Res 1987;21:913—920.

Wolinsky LE, de Camargo PM, Erard JC, Newman MG. A study of in
vitro attachment of Streptococcus sanguis and Actinomyces viscosus to
saliva-treated titanium. Int J Oral Maxillofac Implants 1989;4:27—31.
Gibbons RJ, Van Houte J. Bacterial adherence and the formation of den-
tal plaques. In: Bacteriasl adherence. Beachey EH, editor. New York:
Chapman and Hall Co. 1980. pp. 61—104.

Leonhardt A, Olsson J, Dahlén. Bacterial colonization on titanium,
hydroxyl-apatite, and amalgam surfaces in vivo. ] Dent Res 1995;74:
1607—1612.

Kohavi D, Klinger A, Steinberg D, Sela MN. Adsorption of salivary pro-
teins onto prosthetic titanium components. J Prosthet Dent 1995;74:
531-534.

Rolla G. Formation of dental integuments — some basic chemical con-
siderations. Swed Dent J 1977;1:241—251.

Kasemo B. Biocompatibility of titanium implants: surface science
aspects. J Prosthet Dent 1983;49:832—837.

Kolenbrander PE, London J. Adhere today, here tomorrow: oral bacterial
adherence. J Bacteriol 1993;175:3247—3252.

Sordyl CM, Simons AM, Molinari JA. The microbial flora associated
with stable endosseous implants. J Oral Implant 1995;21:19—-22.



76

[3-204]

[3-205]

[3-206]

[3-207]

[3-208]

[3-209]

[3-210]
[3-211]

[3-212]

[3-213]

[3-214]

[3-215]

[3-216]

[3-217]

[3-218]

[3-219]

Bioscience and Bioengineering of Titanium Materials

Balkin BE, Robert TW, Feik D, Molzan AK, Ram TE. Microbiology of
human mandibular subperiosteal dental implants in healthy and disease.
J Dent Res 2000;79:168 (Abstract No. 195).

Al Saleh KA, Simonsson T, Nilner K, Bondsson HE. Plaque formation on
titanium, in vitro study. J Dent Res 1994;78:374 (Abstract No. 2174).
Mombelli A, Buser D, Lang NP. Colonization of osseointegrated titanium
implants in edentulous patients. Early results. Oral Microbio Immunol
1988;3:113—120.

Quirynen M, Listgarten M. Distribution of bacterial morphotypes around
natural teeth and titanium implant of modum Branemark. Clin Oral Impl
Res 1990;1:8—13.

Apse P, Ellen RP, Overall CM, Zarb GA. Microbiota and crevicular fluid
collagenase activity in the osseointegrated dental implant sulcus: a com-
parison of sites in edentulous and partially edentulous patients. J Periodont
Res 1989;24:96—105.

Kohavi D, Greenberg R, Raviv E, Sela MN. Sub- and supragingival
microbial flora around healthy osseointegrated implants in partially eden-
tulous patients. Int J Oral Maxillofac Implants 1994:9:673 —678.
Haanaes HR. Implants and infections with special reference to oral bac-
teria. J Clin Periodontol 1990;17:516—524.

Bauman GR, Mills M, Rapley JW, Hallmon WW. Palque-induced inflam-
mation around implants. Int J Oral Maxillofac Implants 1992;7:330—337.
Yoshinari M, Oda Y, Kato T, Okuda K. Infleunce of surface modifica-
tions to titanium on antibacterial activity in vifro. Biomaterials 2001;22:
2043 —-2048.

Lekholm U, Ericsson I, Adell R, Slots J. The condition of the soft tissues
at tooth and fixture abutment supporting fixed bridges, a microbiological
and histological study. J Clin Periodont 1986;13:558 —562.

Konig DP, Perdreau-Remington F, Riitt J, Sto8berger P, Hilgers R-D,
Plum G. Slime production of Staphylococcus epidermidis; increased bac-
terial adherence and accumulation onto pure titanium. Acta Orthop Scand
1998;69: 523 —526.

Drake DR, Paul J, Keller JC. Primary bacterial colonization of implant
surfaces. Int J Oral Maxillofac Implants 1999;14:226—232.

Chang J-C, Oshida Y, Gregory RL, Andres CJ, Barco TM, Brown DT.
Electro-chemical study on microbiology-related corrosion of metallic
dental materials. J] Biomed Mater Eng 2003;13:281—295.

Moodey NR, Costa JE. Microstructure/property relationship in titanium
alloys and titanium aluminies. Kim YW, Boyer RR, editors. Warrendale,
PA: TMS. 1991. pp. 587—604.

Tal-Gutelmacher E, Eliezer D. The hydrogen embrittlement of titanium-
based alloys. J Metals 2005;57:46—49.

Williams DN, Jaffee RI. Relationships between impact and low-strain-
rate hydrogen embrittlement of titanium alloys. J Less-Common Metals
1960:2:42—48.



[3-220]
[3-221]
[3-222]
[3-223]

[3-224]

[3-225]

[3-226]

[3-227]

[3-228]

[3-229]

[3-230]

[3-231]
[3-232]
[3-233]
[3-234]

[3-235]
[3-236]

[3-237]

[3-238]

Chemical and Electrochemical Reactions 77

Hardie D, Quyang S. Effect of hydrogen and strain rate upon the ductil-
ity of mill-annealed Ti6Al4V. Corr Sci 1999;41:155—177.

Solovioff G, Eliezer D, Desch PB, Schwarz RB. Hydrogen-induced crack-
ing in an Al-Al;Ti-Al,C, alloy. Scripta Metall Mater 1995;33:1315—1320.
Froes FH, Eliezer D, Nelson HG. Hydrogen effects in materials. Thompson
AW, Moody NR, editors. Warrendale PA: TMS. 1994. pp. 719—733.
Ogawa T, Yokoyama K, Asaoka K, Sakai J. Hydrogen absorption behav-
ior of beta titanium alloy in acid fluoride solutions. Biomaterials 2004;25:
2419—2425.

Hirth JP. Effects of hydrogen on the properties of iron and steel. Metall
Trans A 1980;11A:861—890.

Yokoyama K, Kaneko K, Ogwa T, Moriyama K, Asaoka K, Sakai J.
Hydrogen embrittlement of work-hardened Ni-Ti alloy in fluoride solu-
tions. Biomaterials 2005;26:101 —108.

Paton NE, Williams LC. Effect of hydrogen on titanium and its alloys. In:
Hydrogen in metals. Columbus, OH: American Society for Metals. 1974.
pp. 409—432.

Ebtehaj K, Hardie D, Parkins RN. The stress corrosion and pre-exposure
embrittlement of titanium in methanolic solutions of hydrochloric acid.
Corr Sci 1985;25:415—429.

Hollis AC, Scully JC. The stress corrosion cracking and hydrogen embrit-
tlement of titanium in methanol—hydrochloric acid solutions. Corr Sci
1993;34:821—835.

Nakahigashi J, Tsuru K, Yoshimura H. Application of hydrogen-treated
titanium alloy to dental prosthesis. Experimental manufacture of crown by
superplastic forming. J Jpn Soc Dental Mater Devices 2005;24: 291 —295.
Gerard DA, Koss DA. The combined effect of stress state and grain size
on hydrogen embrittlement of titanium. Scripta Metall Mater 1985;19:
1521—1524.

Shih DS, Robertson IM, Birnbaum HK. Hydrogen embrittlement of «
titanium: in situ TEM studies. Acta Metall 1988;36:111—124.

Nelson HG. Hydrogen embrittlement of « titanium: in situ TEM studies.
Met Trans 1973;4:364—367.

Young GA, Scully JR. Effects of hydrogen on the mechanical properties
of a Ti-Mo-Nb-Al alloy. Scripta Metall Mater 1993;28:507—512.
Kolman DG, Scully JR. Effects of the environment on the initiation of
crack growth. West Conshohocken, PA: ASTM. 1997. pp. 61—73.

Costa JE, Williams JC, Thompson AW. Metall Trans 1987;A23:1421—1430.
Nakamura H, Koiwa M. Hydride precipitation in titanium. Acta Metall
1984;32:1799—1807.

Wipf H, Kappesser B, Werner R. Hydrogen diffusion in titanium and zir-
conium hydrides. J Alloys Comp 2000;310:190—195.

Tsai MM, Howe JM. Lengthening kinetics of (0110)y-TiH precipitates in
o-Ti in the temperature range of 25°C to 80°C. Metall Trans
1995;A26:2219—2226.



78

[3-239]

[3-240]

[3-241]

[3-242]

[3-243]

[3-244]

Bioscience and Bioengineering of Titanium Materials

Hua F, Mon K, Pasupathi P, Gordon G, Scoesmith D. Modeling the hydro-
gen-induced cracking of titanium alloys in nuclear waste repository envi-
ronments. J Metals 2005;57:20—26.

Murai T, Ishikawa M, Miwa C. The absorption of hydrogen into titanium
under cathodic polarization. Corr Eng 1977;26:177—183.

Lane IR, Cavallaro JL, Morton AGS. Sea-water embrittlement of tita-
nium. In: ASTM STP 397, Stress-corrosion cracking of titanium. 1966.
pp. 246—258.

Yokoyama K, Hamada K, Moriyama K, Asaoka K. Degradation and frac-
ture of Ni-Ti superelastic wire in an oral cavity. Biomaterials 2001;22:
2257—-2262.

Yokoyama K, Kaneko K, Moriyama K, Asaoka K, Sakai J, Nagumo M.
Delayed fracture of Ni-Ti superelastic alloys in acidic and neutral fluoride
solutions. J Biomed Mater Res 2004;69A:105—113.

Yokoyama K, Kaneko K, Moriyama K, Asaoka K, Sakai J, Nagumo M.
Hydrogen embrittlement of Ni-Ti superelastic alloy in fluoride solution.
J Biomed Mater Res 2003;65A:182—187.



Chapter 4
Oxidation and Oxides

4.1. Formation of Titanium Oxides

4.1.1 Air-Formed Oxide

4.1.2 Passivation

4.1.3 Oxidation at Elevated Temperatures
4.2. Influences on Biological Process
4.3. Crystal Structures of Ti Oxides
4.4. Characterization of Oxides
4.5. Unique Applications of Titanium Oxide
4.6. Oxide Growth, Stability, and Breakdown
4.7. Reaction with Hydrogen Peroxide
References

81
82
84
85
86
87
90
91
91
94
97






Chapter 4
Oxidation and Oxides

4.1 FORMATION OF TITANIUM OXIDES

Titanium is a highly reactive metal and will react within microseconds to form
an oxide layer when exposed to the atmosphere [4-1]. Although the standard elec-
trode potential was reported in a range from -1.2 to -2.0 V for the Ti <> Ti**
electrode reaction [4-2, 4-3], due to strong chemical affinity to oxygen, it easily
produces a compact oxide film, ensuring high corrosion resistance of the metal.
This oxide, which is primarily TiO,, forms readily because it has one of the high-
est heats of reaction known (AH=—915 kJ/mol) (for 298.16—2000° K) [4-4—4-6].
It is also quite impenetrable by oxygen (since the atomic diameter of Ti is 0.29 nm,
the primary protecting layer is only about 5-20 atoms thick) [4-7].

The formed oxide layer adheres strongly to the titanium substrate surface. The
average single-bond strength of the TiO, to Ti substrate was reported to be about 300
kcal/mol, while it is 180 kcal/mol for Cr,05/Cr, 320 kcal/mol for AL,O,/Al and 420
kcal/mol for both Ta,O4/Ta and Nb,O/Nb [4-8]. Adhesion and adhesive strength of
Ti oxide to substrates are controlled by oxidation temperature and thickness of the
oxide layer as well as the significant influence of nitrogen on oxidation in air. In
addition, adhesion is greater for oxidation in air than in pure oxygen [4-9], suggest-
ing that the influence of nitrogen on the oxidation process is significant.

In addition to these oxidation conditions, it is well known that several parameters
can modify the accommodation of the stresses developed during the oxidation of a
metal and consequently play an important role in maintaining the protective proper-
ties of oxide layers. The results show that the adhesion of the oxide layers to the
metal substrate decreases as the layer thickness increases. It is shown that the adhe-
sion of the oxide layers decreases when the oxidation temperature increases, despite
the increase in oxide plasticity [4-10]. Adhesive strength between Ti substrate and
TiO, is also related to the thermal mismatching when the Ti/TiO, couple was sub-
jected to the elevated temperatures. Although TiO, does not exhibit any phase trans-
formation up to its melting point (i.e., 1885°C), its substrate Ti metal has an
allotropic phase transformation at 885°C (below which it is HCP — hexagonal
closed-packed crystalline structure — and above which it becomes BCC — body-cen-
tered cubic crystalline structure). Accordingly, when Ti substrate is exposed beyond
this phase transformation temperature, the bond strength between Ti and TiO, will
be weakened due to the significant differences in coefficients of thermal expansion,
particularly during the cooling stage passing through the 885°C transus temperature.

81
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The performance of titanium and its alloys in surgical implant applications can
be evaluated with respect to their biocompatibility and capability to withstand the
corrosive species involved in fluids within the human body [4-11]. This may be
considered as an electrolyte in an electrochemical reaction. It is well documented
that the excellent corrosion resistance of titanium materials is due to the formation
of a dense, protective, and strongly adhered film — which is called a passive film.
Such a surface situation is referred to a passivity or a passivation state. The exact
composition and structure of the passive film covering titanium and its alloys is
controversial. This is the case not only for the “natural” air oxide, but also for films
formed during exposure to various solutions, as well as those formed anodically.
The “natural” oxide film on titanium ranges in thickness from 2 to 7 nm, depend-
ing on such parameters as the composition of the metal and surrounding medium,
the maximum temperature reached during the working of the metal, the surface
finish, etc.

Passivity is a property of a metal commonly defined in two ways. One of these
is based on a change in the electrochemical behavior of the metal, and the other on
its corrosion behavior [4-12]. Passivity is an unusual phenomenon observed dur-
ing the corrosion of certain metals, indicating a loss of chemical or electrochemi-
cal reactivity under certain environmental conditions [4-13]. Such passivity
appears on certain the so-called passivating metals, many of which are “transition
metals”, characterized by an unfilled group of electrons in an inner electron shell.
Passivating metals are, for example, Fe (covered with Fe,O; and/or Fe;0,), Cr
(with Cr,0,), Zr (with ZrO,), and Ti (with TiO,) [4-14]. This type of passivity is
ascribed to an invisibly thin but dense and semiconducting oxide film on the metal
substrate surface, displacing the electrode potential of the metal strongly in the
positive (or more noble) direction (e.g., Ti passive film exhibits its stable passiv-
ity up to 1.5-2.0 V). Hence, comparing the electrode potential (—1.2 to —1.5 V)
to this stable passivity potential, surface nobility was remarkably improved.

Using the electron diffraction techniques (TED: transmission electron diffrac-
tion method on stripped films, and RED: reflection electron diffraction method on
bulk specimens with formed oxide film) and other surface microanalytical tech-
niques, composition and structure of the oxide film that forms on titanium under
various conditions were investigated. The findings are summarized as follows.

4.1.1 Air-formed oxide

When fresh titanium is exposed to the atmosphere by such cutting acts as lathing,
milling, or sawing, an oxide layer begins to form within nanoseconds [4-7]. After
only 1 s, a surface oxide (with 2—7 nm in thickness) will be formed. Air oxidation at
room temperature produced titanium monoxide (TiO) with small quantities of tita-
nium oxide, Ti;O,. Titanium has proved to be a highly successful material for



Oxidation and Oxides 83

implants inserted into human bone. Under certain conditions, titanium will establish
and maintain a direct contact with the bone tissue in a process called osseointegra-
tion. The mechanisms underlying this behavior are not yet understood. However, it
is clear that the properties of the implant surface are of vital importance for a suc-
cessful osseointegration. The properties of titanium implant surfaces are determined
by the thin (20-70 A) oxide film that covers the metal. Thus, the biocompatibility of
titanium implants is associated with the surface titanium oxide and not with the bulk
titanium metal [4-1, 4-15—4-17]. The surface oxide is also formed during the implant
preparation procedures. During the machining of the implants, pure titanium metal
is exposed to air and is rapidly oxidized. In the following cleaning and autoclaving
procedures, oxide film is then modified and grows. In order to obtain an oxide film
that is reproducible with respect to the chemical composition, structure and thick-
ness, it is important that the different steps of the implant preparation are performed
under carefully controlled conditions. Even small changes in the preparation proce-
dures might lead to considerable changes of the implant surface [4-18].

As mentioned previously, because the surface air-formed oxide is nearly impen-
etrable, once this thin passivating film has formed, oxygen is prevented from reach-
ing the metal beneath and further oxide layer thickening is quickly halted because
the oxide film is dense and semiconductive (not like an electron-conductive metal
substrate). The compositional structure and exact thickness of the passivating oxide
layer is dependent on many factors associated with its formation. These include
such factors as type of machining, surface roughness, coolants used during machin-
ing, and sterilization procedures. It should be no surprise that reported biocompa-
tibility of devices is prepared by different investigators, and therefore may vary to
a significant degree [4-7].

It is well recognized that the excellent tissue—bone compatibility of titanium is
mainly due to the properties of its stable surface oxide layer. Biocompatibility of
implant materials relies on the chemical and electrochemical stability of this surface
oxide layer, which interfaces with the soft and hard tissue and bone structure. Oxide
layers formed on titanium change from lower to higher oxides as oxidation progresses
and temperature increases. The following phases form in air: Ti+O—Ti(O)—
Ti,0—-Ti;,0—-Ti,0—-TiO—Ti,0;—Ti;0s—TiO,. Among these oxides of different
stoichiometry (e.g., TiO, Ti,0;, TiO,), TiO, is the most common and stable thermo-
dynamically. TiO, can have three different crystal structures — rutile, anatase, and
brookite — but also can be amorphous. TiO, is very resistant against chemical attack,
which makes titanium one of the most corrosion resistant metals.

Another physical property that is unique to TiO, is its high dielectric constant,
which ranges from 14 to 110 (in 10° cycles; dielectric strength: 350 V/mil, volume
resistivity: 10'%-10'® Q/cm) depending on crystal structure [4-19]. This high
dielectric constant would result in considerably stronger van der Waal’s bonds on
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TiO, than on other oxides. TiO,, like many other transition metal oxides, is cat-
alytically active for a number of inorganic and organic chemical reactions, which
also may influence the interface chemistry [4-20].

4.1.2 Passivation

Passive films can be formed by either chemically or electrochemically (or anodic)
treating titanium surfaces. Fraker and Ruff [4-21] found that more rigid oxidizing
conditions produce higher oxides of titanium alloy (thin films) in saline water
(3.5% NaCl), at a temperature range between 100° and 200°C, using a transmis-
sion electron microscopy. They found that oxides ranged from Ti,O to TiO,
(anatase), with the higher oxides corresponding to the higher temperatures.
Concerning oxide films formed anodically on titanium, most investigators agree
that the film consists of TiO,. All three crystalline forms of TiO, (rutile, anatase,
and brookite) have been reported, as will be discussed later. It has also been
reported that the anodic film is either oxygen-excess or oxygen-deficient. The
controversy is widened by reports that the film is hydrated or contains mixed
oxides. In addition to variations in oxygen stoichiometry, the films may contain
various amounts of elements other than titanium and oxygen, or incorporate such
additional element(s) into TiO, structure. Thus, it is most probable that the anodic
film is not necessarily stoichiometric TiO,, and that the films studied by different
authors had different compositions due to differences in the conditions of oxida-
tion [4-21].

When titanium alloys (Ti-6Al-7Nb and Ti-6Al-4V) were chemically treated, sur-
face oxide films appear to be more complicated. Sittig et al. [4-22] treated these
alloys along with CpTi in nitric acid hydrogen fluoride and identified formed oxides.
Three types of oxides (TiO,, Ti,O,, and TiO) were identified on the CpTi substrate,
and it was found that the dissolution rate depends on grain orientations. On the other
hand, for Ti-6Al-7Nb and Ti-6Al-4V alloys, Al,O,, Nb,O; or V-oxides such as V,Os,
were formed in addition to TiO, oxide, and it was found that the selective a-phase
dissolution and enrichment of the -phase appears to occur [4-22].

Studies on the nature and properties of thin films formed by the electrolytic oxi-
dation on titanium, which, in turn, determine the behavior of the electrode in the
open circuit, indicate the duplex nature of these films [4-23]. In both the acid and
alkaline media, the outer layer of the anodic oxide film was found to be more sus-
ceptible to dissolution than the inner layer, thereby indicating a more defective struc-
ture of the outer layer. The surface reactivity was found to be higher in
oxygen-saturated vs. nitrogen-saturated solutions. Galvanostatic anodization of tita-
nium has been studied in N,-deaerated, 1 N solution of NaOH, Na,SO,, H,SO,, HCI,
HCIO,, HNO,, and H,PO, at 25°C at current densities ranging from 4 to 50 10°
A/cm?. From formation rate values, the following arrangement of passivation was
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obtained: (from the highest rate to the lowest rate) NaOH > Na,SO, > HCIO, >
NHO, > HCIl > H,PO, > H,SO, [4-23].

Metikos-Hukovic et al. [4-24] employed structurally sensitive in situ methods,
such as photopolarization and impedance, to examine the passivation process and
the properties of the protective oxide layers on titanium. The thickness of anodic
oxidation and the non-stoichiometry of the surface oxide were correlated. It was
mentioned that the composition of the anodic film on titanium changes with the
relative potential from lower to higher oxidation stages according to the equation:
TiH, + TiO — nTi,05'nTiO, — TisO, or TiO,, — Ti;05 — TiO,. The character-
istic behavior of titanium can easily be seen at higher anodic potential (~ +1.5V
vs. SCE in 5 mol H,SO,) when the electrode is covered with a nearly stoichio-
metric TiO, layer. The semiconducting properties of TiO, were investigated using
an anodic film stabilized at +2 V (vs. SCE: saturated calomel electrode with
0.2444 V vs. NHE), and it was found that TiO,, like the lower titanium oxides, is
an n-type (metal-excess) semiconductor under anodic polarization [4-24].

Repassivation capability [4-25] associated with titanium substrate can be con-
sidered as another reason for the high corrosion resistance and biocompatibility of
titanium materials. Although titanium owes its high corrosion resistance to the
presence of an extremely thin oxide, when the thin film is disrupted mechanically,
underlying metal substrate will react quickly with the surroundings to reform the
oxide film. The mechanical and electrochemical parameters associated with the
fracture and repassivation of titanium oxide films were studied [4-26]. The scan-
ning electrochemical microscope has been modified to evaluate the high-speed
mechanical disruption of the oxide film of titanium and the associated repassiva-
tion process. A mechanically polished Ti-6Al-4V surface was immersed and
potentiostatically held in phosphate-buffered saline. An 18-um radius diamond
stylus was used to apply 30—50 um scratches with a controlled load and the result-
ant current transient was measured. It was found that (i) current transients were
detected at the lowest loads applied (0.008 N), and (ii) topographic images showed
that probe loads as low as 0.1 N caused permanent deformation in the surface of
about 0.1 um, and below 0.05 N no deformation could be seen [4-26]. Such capa-
bility of repassivation is sometimes called a self-healing ability.

4.1.3 Oxidation at elevated temperatures

Above 100°C, the surface is a lower oxide type, such as TiO. At elevated tempera-
tures (above 200°C), complex oxides are formed, such as Al,TiO5 on Ti-6Al-4V and
NiTiO; on TiNi, in addition to rutile-type TiO, [4-15, 4-16]. Oxidation in air at
875-1050°C produced a flaky scale of TiO, Ti,O;, and rutile (Ti0O,). It was reported
that the high oxide TiO, appears on the surface of titanium in the presence of the
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most rigid conditions of oxidation; in less rigid conditions a lower oxide
(3Ti,04-4TiO,) forms, while in still weaker oxidizing conditions, the formation of
even lower oxides (e.g., TiO) are possible [4-9].

The characteristics of high-temperature oxidation of Ti are the main obstacle to
strong Ti-ceramic bonding [4-27]. A thin oxide layer (~32 nm) with good adherence
to the substrate was formed when CpTi was oxidized at 750°C in 0.1 atm, and a
thick layer (~1 um) with poor adherence was formed when oxidized at 1000°C
[4-28]. In another study [4-29], the thickness of TiO, on the CpTi surface increased
with an increase in oxidation temperatures. Ti surface hardness also increases
substantially after oxidation at and above 900°C [4-28]. Therefore, the substrate is
now in the BCC structure range. Lower Ti-ceramic bond strength was attributed to
a thick TiO, zone on the metal surface when Ti was oxidized at higher temperatures
[4-30]. Enhanced bond strength between titanium and ceramic was reported when
porcelain was fired on cast Ti in a reduced argon atmosphere [4-31]. Modifying
Ti surfaces to control high-temperature oxidation has been examined. Published
studies show that Ti surface nitridation [4-32] or a thin Cr coating [4-33] is effec-
tive methods in limiting Ti oxidation at high temperatures. Improved Ti-ceramic
bonding was found when a thin layer of Si;N, was deposited on Ti surface [4-34].

4.2. INFLUENCES ON BIOLOGICAL PROCESS

Sundgren et al. [4-35] and McQueen et al. [4-36], using Auger electron spec-
troscopy (AES) to study the change in the composition of the titanium surface dur-
ing implantation in human bone, observed that the oxide formed on titanium
implants grows and takes up minerals during the implantation. The growth and
uptake occur even though the adsorbed layer of protein is present on the oxide,
indicating that mineral ions pass through the adsorbed protein. Liedberg et al. [4-
37], using Fourier transform infraRed reflection absorption spectroscopy (FTIR-
RAS), showed that phosphate ions are adsorbed by the titanium surface after the
protein has been adsorbed. Using X-ray photoelectron spectroscopy (XPS), Hanawa
[4-38] demonstrated that oxides on titanium and titanium alloy (Ti-6Al-4V)
change into complex phosphates of titanium and calcium containing hydroxyl
groups which bind water on immersion in artificial saliva (pH 5.2). All these stud-
ies [4-35-4-38] indicate that the surface oxide on titanium reacts with mineral
ions, water, and other constituents of biofluids, and that these reactions in turn
cause a remodeling of the surface.

It was shown that titanium is in almost direct contact to bone tissue, separated
only by an extremely thin cell-free non-calcified tissue layer. Transmission electron
microscopy revealed an interfacial hierarchy that consisted of a 2040 nm thick
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proteoglycan layer within 4 nm of the titanium oxide, followed by collagen bundles
as close as 100 nm and Ca deposits within 5 nm of the surface [4-39]. To reach the
steady-state interface described, both the oxide on titanium and the adjacent tissue
undergo various reactions. The physiochemical properties of titanium have been
associated with the unique tissue response to the materials: these include the bio-
chemistry of released corrosion products, kinetics of release and the oxide stoi-
chiometry, crystal defect density, thickness and surface chemistry [4-40].

While the conditions to produce an optimal oxide formation need to be better
understood, in general, the titanium passivating layer not only produces good cor-
rosion resistance, but it seems also to allow physiological fluids, proteins, and hard
and soft tissue to come very close and/or deposit on it directly. Reasons for this are
still largely unknown, but it may have something to do with things such as the high
dielectric constant for TiO, (50-170 vs. 4-10 for alumina and dental porcelain)
which should result in considerably stronger van der Waal’s bonds on TiO, than
other oxides; TiO, may be catalytically active for a number of organic and inor-
ganic chemical interactions influencing biological processes at the implant inter-
face [4-20]. The TiO, oxide film may permit a compatible layer of biomolecule to
attach [4-41, 4-42].

During implantation, titanium releases corrosion products into the surrounding
tissue and fluids even though it is covered by a thermodynamically stable oxide film
[4-43—4-45]. An increase in oxide thickness, as well as incorporation of elements
from the extracellular fluid (P, Ca, and S) into the oxide, has been observed as a func-
tion of implantation time [4-35]. Moreover, changes in the oxide stoichiometry,
composition, and thickness have been associated with the release of titanium corro-
sion products in vitro [4-46]. Properties of the oxide, such as stoichiometry, defect
density, crystal structure and orientation, surface defects, and impurities were sug-
gested as factors determining biological performance [4-17, 4-21, 4-47].

4.3. CRYSTAL STRUCTURES OF TI OXIDES

It should be clear that the proven high biocompatibility of titanium as an implant
materiasl is connected with the properties of its surface oxide. In air or water Ti
quickly forms an oxide thickness of 2—7 nm at room temperature. TiO, possesses
three crystalline structures: anatase, rutile, and brookite. Anatase-type TiO, is a
tetragonal crystalline system with a,=3.78 A and ¢, = 9.50 A; the rutile-type TiO,
is also a tetragonal structure, but the lattice constants are quite different from those
of anatase-type (i.e., ¢,=4.58 A and ¢ =2.98 A). The third type is brookite-type, and
has an orthorhombic crystalline structure with @ =9.17 A, b,=5.43 A, and ¢,;=5.13 A
[4-48]. Among these oxides, rutile is known to be the most stable phase [4-49].
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Identification of crystalline structures of formed oxides can be achieved by
several ways. TFXRD (thin-film X-ray diffraction) or XRD if the oxide film is
reasonably thick enough, so that diffracted intensities can be obtained which
are high enough to be identified and differentiated from each other and back-
ground noise. The alternative way will be diffraction using accelerated elec-
tron. If an appropriate sample holding device can be manufactured and
installed inside the transmission electron microscopy, then the oxidized sample
with surface oxide can be tilted almost parallel to the accelerated electron
beam, resulting in a half ring of RED (reflection electron diffraction) [4-50—4-
52], from which one can identify the crystalline structure(s) of the oxide(s).
Another way for crystalline identification of formed oxides is based on strip-
ping (or isolating) formed oxide from the substrate by chemically etching the
backside (the interface side of formed oxide and substrate) to be isolated from
the metallic substrate. Normally for stainless steel, 10% bromine in anhydrated
methanol solution is used [4-52, 4-53], and for titanium materials, a mixed acid
of HNO; and HF is used [4-54] or 10% bromine in ethyl acetate [4-49]. The
stripped thin oxide film is carried on a copper mesh and TED can be performed
[4-54, 4-55].

For the diffraction method, the Bragg’s law [4-56, 4-57] is fully used to calculate
the inter-distance between diffracted planes, d, in the equation: n/i=2d sin 0
(where n is the diffraction order and normally equal to 1, 4 the wavelength of used
diffraction beam, and 6 a diffraction Bragg’s angle). For the X-ray diffraction, the
wavelength A is ranged roughly from 1 to 2 A (e.g., io=1.54 A, 4,,,=0.71 A,
J5=1.94 A), so that 2 0 reaches its limitation of 180° with d=0.5 A. On the other
hand, for electron diffraction, 4 can be approximated by A=(150/¥)"2, where Vis an
accelerated voltage. If V=50 kV, 1 = 0.055 A, and if V=100 kV, 1 = 0.038 A.
Accordingly, with such an accelerated electron, 20 can be 5x107 radius = 3° for a
crystalline structure with @=0.5 A. Therefore, 20 is so small that n/=2d sin 0 can
be simplified as A=2d0 (if n=1, as normal). Because 0 is small, it can be substituted
by r (which is a radius of obtained diffraction ring). Furthermore, if 4 is kept
constant (which is usually the case), we have A=2dr=constant. For most studies
(e.g., [4-53—4-55]), a thin fully annealed gold foil (Au) is used as a standard sam-
ple, with which 2dr=constant can be further developed to 2d*" rA* = constant =
2dsample psample - Opee all diffracted d-spacings are determined, the crystalline struc-
ture can be identified by referring to the XRD Data File [4-58].

Information on titanium oxides of anatase-type, rutile-type, brookite-type, or a
mixture of these, appears to be scattered. It is useful here to review and summa-
rize these data to determine some common findings. The plasma-assisted chemi-
cal vapor deposition process appears to form anatase-type oxide [4-59, 4-60].
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By dry oxidation, the oxides are identified as rutile-type oxide, oxidized at 300°C
for 0.5 h [4-15, 4-16], 400°CX0.75 h [4-61], 500°CX3 h [4-62], 750°C [4-50],
and 875-1050°C [4-9].

On the other hand, crystalline structures of oxides formed through wet oxida-
tion are varied. Only rutile type of TiO, was identified by boiling in 5 wt.% H,SO,
or 10 wt.% HCI [4-55], anodizing with 0.5 M H,SO, at 5-10 V [4-63], boiling in
10% H,SO, [4-7], boiling in 10% HCI [4-64], and treating in 0.5-1 M HCI [4-65].
A mixture of rutile- and anatase-type oxide was found when CpTi was treated in
HF/HNO,/H,0, followed by heating in 5 mol NaOH at 75°C [4-55], followed by
air-oxidation at 600°CX1 h [4-55], or boiling in 0.1 wt.% H,SO, [4-59]. On the
other hand, mainly anatase, with a small fraction of rutile-type mixture, was iden-
tified by anodizing in 40% H,SO, at 8 V [4-22], and boiling in 10% CrO; or 65%
HNO,;X3 h [4-22]. When CpTi was treated in alkaline or mildly acid solution,
formed oxides were identified to be solely anatase-type. It can be formed by treat-
ing CpTi in an electrolyte containing Ca(H,PO,),, Ca(COCH,), and Na(EDTA)
(pH 14) [4-60], 1-10% H,0,, followed by in-air oxidation at 500°CX3 h [4-62],
anodizing in HNO; solution [4-64], 0.1 M Na,CO, or 0.01 M HCI [4-65], anodiz-
ing in 0.1 M H,SO, at 12.5 mA/cm? [4-66], anodizing in 0.1 M H,SO, at 5 V [4-
67], or anodizing in 1 M H,SO, at 155 V [4-68]. It was also reported that when
CpTi was boiled in 0.2 wt% HCI for 24 h, a mixture of anatase and brookite was
formed [4-69].

Summarizing the aforementioned information, as seen in Table 4.1, rutile-
type oxides are favored when the CpTi surface is exposed to in-air oxidation
at elevated temperature. Processes involved in plasma spraying or vapor deposi-
tion make CpTi surfaces covered with anatase-type oxide. In wet oxidation (by
either simply boiling or electrochemically anodizing), if the electrolyte (or solu-
tion) is a strong acid, the rutile-type oxide is favorable, whereas if the treating
solution is mild or alkaline, anatase becomes dominant, with a small fraction of
rutile type.

Table 4.1. Summary of crystalline structures of titanium oxide.

Condition Type of crystalline structure of formed titanium oxide
Physical depositon Anatase
Dry oxidation Rutile

Wet oxidation Rutile R+A Anatase
Solution pH Low pH High pH

(acid) (alkaline)
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4.4. CHARACTERIZATION OF OXIDES

Thermally and electrochemically formed oxides on Ti-6Al-4V were investigated
by XPS, scanning AES, and SIMS, including depth profiling. The oxide layers
on the alloy are predominantly TiO,, but have considerable concentration of the
alloying elements included in the oxide. Al, but not V, is observed in the outermost
atomic layers of the oxide. Both Al and V are present at relatively high maximum
atomic concentration (Al/Ti ~0.17 and V/Ti ~0.07) inside anodic oxides. The
V concentration varies laterally over the surface, reflecting the variation of the V
concentration in the underlying metal due to its two phases [4-70].

The in situ Raman spectra of electrochemically anodized (in H,SO, and
HNO,) formed oxide (rutile) films on CpTi electrodes were measured. It was
found that (i) at the potential of 10 V, the spectra showed clear evidence for the
formation of rutile, and (ii) anatase spectra were found after emersion and dry-
ing of the oxide film and were also observed when the oxide film was formed in
HNO; [4-64]. The chemical compositions of the anodic oxoide films formed on
CpTi (grade 1) during electropolishing (in methanol + r-butanol + perchloric
acid) and anodic oxidation (in H,SO,, H;PO, or acetic acid) were investigated
by microanalytical means. It was found that the formed oxide is mainly TiO,.
However, chemical composition can be modified by anion adsorption and/or
incorporation when H,SO, or H;PO, electrolytes are used. Modification of the
anodic film composition also occurs during sterilization. Increased Ca and H
levels are also observed after autoclaving. It was also found that the oxide thick-
ness depends linearly on the anodizing potential in the range 5-80 V [4-71].
Electrochemical in situ ellipsometry with a focused laser beam (microellipsom-
etry) is used to determine properties of oxide layers on single grains of Ti. The
data differ from grain to grain and also a strong dependence on the sample rota-
tion around the surface normal occurs due to the anisotropy of the Ti/TiO, sys-
tem [4-72].

Dolata et al. [4-74] developed a new technique to evaluate the equivalent circuit
elements of a semiconductor—electrolyte interface, based on impedance measure-
ments over a wide frequency range [4-73]. The EIS tests were carried out over a
wide frequency range (from 0.03 Hz to 10 kHz), analyzing the whole spectrum. It
was found that the high frequency response was mainly determined by semicon-
ductor properties of the anatase and rutile layers, whereas the low frequency one
reflects particular morphology of the films [4-74].

For understanding the complex interfacial phenomena between Ti and a bio-
logical system, Hanawa [4-38] prepared CpTi, Ti-6Al-4V, NiTi, 316L stainless
steel, Co-30Cr-5Ni, Ni-20Cr, Au-9Cu-6Ag, Ag-20Pd-15Cu-12Au which were
polished and immersed in Hank’s electrolyte (pH 7.4) at 37°C for 1 h, 1 day, and
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30 days. Such sample surfaces were microanalyzed. It was found that (i) calcium
phosphate layers are formed on the passive films of Ti and its alloys, stainless
steel, Co-Cr, Ni-Cr alloy, in a neutral electrolyte solution. The calcium phosphate
formed on Ti, more so than that formed on the other alloys, is similar to apatite.
In all these materials, the formation of calcium phosphates is related to the bio-
compatibility of the material, while the passive oxide films are related to the cor-
rosion resistance [4-38].

4.5. UNIQUE APPLICATIONS OF TITANIUM OXIDE

As an interesting application of TiO, (titania), we can find TiO, as an oil paint pig-
ment additive (known as titania white). Such white permanent pigment provides
good covering power in paints to improve the durability of paints. Titania white
pigment is also added to toothpaste to make it whiter, and plastics to improve the
durability. Paints made with titania are also excellent reflectors of infrared radia-
tion, and are therefore used extensively by astronomers and in exterior paints. It is
also used in cement, in gemstones, and as a strengthening filler in paper [4-20].
Since a fine powder of TiO, crystals can scatter ultraviolet rays, fine TiO, powder
is mixed into the ultraviolet prevention cosmetics (sun-screen agents). It is used as
an ineffective ingredient in over-the-counter-top cold medicine. TiO, powder is
also added to cosmetics to brighten and intensify the color of make-up, and pierc-
ings and jewelry. Recently, it was found that TiO, possesses a photo-catalytic func-
tion. A photo-catalyst is a material which absorbs light to bring it to higher energy
level, and provides such energy to a reacting substance to make a chemical reac-
tion occur. When the photo-catalyst absorbs the light, positive holes are created in
the valence electron band to react with electrons. Such positive holes in TiO, react
with water or dissolved oxygen to generate OH radicals, which decompose toxic
substances. The OH radical is a stronger oxidant than chlorine or ozone for steril-
ization or disinfection purposes [4-75].

4.6. OXIDE GROWTH, STABILITY, AND BREAKDOWN

The oxide layer forms spontaneously in air, and normally has a thickness of
between 2 and 7 nm, as mentioned previously. During machining, the relatively
high surface temperature can produce a much thicker oxide layer [4-76]. There is
much evidence suggesting this layer grows steadily in vivo. The stoichiometry of
the oxide is similar to titanium oxide (TiO,) at the surface, and changes to a mix-
ture of oxides at the metal/oxide interface [4-1, 4-77]. TiO, is an n-type (metal-
excess or donor type) semiconductor, while TiO and Ti, O, are listed as amphoteric
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conductors [4-78]. The surface is also known to have at least two types of hydroxyl
groups attached to it [4-40]. TiO, is non-conducting, but electrons can tunnel
through the layer. Thin oxide layers can allow the passage of electrons, leading to
conformational changes and denaturing of proteins [4-79].

For implants located in cortical bone, the thickness of the interfacial oxide
layer remains unaffected, while it increases by a factor of 3—4 on samples located
in bone marrow [4-35]. In general, when foreign agents, such as implant-material
surface particles, are exposed to host tissue, circulating neutrophils and/or mono-
cytes are recruited from the intravascular compartment to the location of the
exposure [4-80]. Following recognition, the particles are encapsulated — literally
engulfed by the phagocyte — and lysosomal granules, along with the particles,
from a complex unit, the phagolysosome. Simultaneously, in the cytplasmic vac-
uoles, enzyme releases occurs and, as a result, degrading of several components
takes place. Upon recognition, neutrophils and monocytes experience a “respira-
tory burst” and during the period, almost 20-fold oxygen consumption by the
cells is observed [4-81]. There is convincing evidence that the consequent
increase in oxygen secretion by these cells is mainly the result of this initial res-
piratory activity [4-82]. In addition, polymorphonuclear cells have been found to
secrete superoxide anion (O,") and hydrogen peroxide (H,O,) upon activation
induced by several stimuli, including immunoglobulins and opsonized bacteria,
among others [4-83].

The interactions between solid surfaces and biological systems relatively unex-
plored [4-84]. The combination of electrochemical methods with surface analyti-
cal techniques offers an insight into the composition, thickness and structure of the
surface oxide layer. All reports using X-ray XPS techniques [4-41, 4-85-4-91]
confirmed that the oxide layer on top of Ti-6Al-4V was predominantly TiO,,
which contains a small amount of suboxides TiO and Ti,O, closer to the
metal/oxide interface. The presence of Al and V in the oxide layer was also noted.
Sodhi ef al. [4-90] reported that Al and V were present throughout the oxide layer;
and Al in the passivated layer was greatly enhanced (26 wt.%), while V was
reduced (1 wt.%). Ask et al. [4-70] observed Al but not V at the outermost surface,
and within the oxide, both alloying elements were enriched. Sundarajan et al. [4-
86] observed oxidized Al, but not oxidized V in the layer. On the other hand,
Okazaki et al. [4-87] observed a small amount of oxidized V. Evidently the pres-
ence of V is relatively ambiguous. Moreover, Maeusli et al. [4-91] did not observe
V at the outermost surface of oxide by XPS or AES, although they detected it by
SIMS. In all reports, the oxidation state of Al was A** (i.e., Al,O,), whereas that
of V was reported between V3* and V°* (i.e., V,0, and V,0s) [4-85]. Al and V
might be present either as Al,O, and V,0s, respectively, or as ions at interstitial or
substitutional sites in the TiO, matrix [4-70].
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O’Brien ef al. [4-92] passivated nitinol (NiTi) wires and vascular stent compo-
nents in 10% nitric acid solution, and evaluated electrochemical corrosion behav-
iors. It was reported that (i) potentiodynamic polarization tests demonstrated a
significant increase in breakdown potential for passivated samples (600-700 V vs.
SCE), compared to heat-treated surfaces (250-300 V vs. SCE), (ii) surface analy-
sis indicated that the passivation reduces Ni and NiO content in the oxide and
increases TiO, content, (iii) long-term immersion tests demonstrated that Ni
release from the surface of the material decreases with time and the quantity of Ni
released is lower for passivated samples, and (iv) the improved corrosion resist-
ance is maintained after prolonged immersion in 37 V 0.9% NacCl solution [4-92].

Pure elements of Ti, Nb, V, Al (with 99.9% purity), Ti-6Al-4V and Ti-6Al-6Nb
were tested in 37°C aerated simulated physiological Hank’s solution at pH of 6.9. It
was found that (i) the excellent passivating properties of the anodically formed oxide
film on CpTi (grade 4), and high corrosion resistance of the Ti-6Al-6Nb alloy have
been attributed to the stabilizing effect of Nb>* cations on the passive film, by anni-
hilation of stoichiometric defects (anion vacancies) caused by the presence of tita-
nium suboxides, (ii) localized corrosion sensitivity of the Ti-6Al-4V alloy has been
correlated to the dissolution of vanadium at the surface film/electrolyte interface cou-
pled with generation of cation vacancies and their diffusion through the film as a part
of the solid-state diffusion process, and (iii) the presence of a high concentration of
chloride ions (0.15 g/1) in electrolyte further accelerates these processes [4-93].

Ohtsuka et al. [4-94] investigated cathodic reduction behavior of the anodic
oxide film on Ti using in sifu ellipsometry combined with electrochemistry. It was
reported that (i) in acidic sulfate solution, the anodic oxide film reductively dis-
solved into the solution as Ti**, resulting in a reduction in thickness without any
significant change in the optical properties of the remaining film, while (ii) in neu-
tral phosphate solution, the anodic oxide film absorbs hydrogen in the hydrogen
evolution potential region, resulting in a change in the optical properties without
thickness reduction [4-94].

The equilibrium potentials of film formation are given as a function of the activ-
ities of the components of the film substance. Its solubility product with respect to
the ions in the electrolyte depends on the electrode potential, since the states of
oxidation of the metal in the film and in the electrolyte are often different. Heusler
discussed [4-95] three cases for the kinetics of uniform film formation and disso-
lution, (1) equilibrium of all components across both interfaces, (2) partial equi-
librium of one component at the outer film/electrolyte interface, and (3)
irreversible ion transfer at the outer interface. It was found that (i) oxide films
formed on Fe, Ti and Al indicate the specific adsorption of anions at passivating
oxide films, (ii) the processes during the incubation time of pitting corrosion are
shown to correspond to non-uniform dissolution and formation of the passivating
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film, and (iii) during the incubation time, electrochemical noise due to chloride
ions at passive Fe can be measured [4-95]. Pit generation on Ti with anodic oxide
film, which is formed potentiostatistically in 0.5 M H,SO, solution, has been stud-
ied in 1 M NaBr solution. It was reported that (i) the distribution of pitting poten-
tial obeys the normal probability distribution and pitting potential exhibits a
maximum around a formation potential of 6.0 V, and (ii) the pit generation process
occurs by the parallel birth and death stochastic model, and depends on film for-
mation potential, i.e., the film thickness and properties [4-96].

Sul et al. [4-97] studied electrochemical dissolution of anodic oxide films on Ti
in H,SO, by the use of an optical-electrolytic cell adapted for in situ ellipsometric
and electrochemical measurements. Films were grown on electropolished Ti sur-
faces by anodic oxidation in 0.5 mol dm= H,SO, for 30 s in the potential range
from 0 to 100 V. Electrochemical dissolution of these films was performed in the
potential range between —0.4 and —0.9 V vs. SCE. The potential at which electro-
chemical dissolution is fastest and homogeneous is determined. In addition it was
shown that for potentials more cathodic than —0.8 V, TiH, is formed on the elec-
trode surfaces if polarization lasts sufficiently long [4-97].

The surface properties of anodic oxides formed on CpTi screw implants as well
as air-formed natural oxides on turned CpTi implants were investigated. Anodic
oxides were prepared in CH;COOH to the high-forming voltage of dielectric
breakdown and spark formation. It was reported that (i) the oxide thicknesses were
in the range of about 200—1000 nm, and (ii) the crystal structures of the Ti oxide
was amorphous, anatase, and a mixture of anatase and rutile [4-98].

4.7. REACTION WITH HYDROGEN PEROXIDE

The insertion of an implant is inevitably associated with an inflammatory response
due to the surgical trauma. Whether this reaction will subdue or persist may very
well be dependent on the material selected, as well as the site of implantation and the
loads put on it [4-99]. It is most probable that the interaction between material and
inflammatory cells, either directly or via mediators of cell activation and migration
such as complement factors [4-100], is of main importance for the biocompatibility
of an implanted material. Further, experimental studies suggest that oxygen-free rad-
icals generated in large amounts during the respiratory burst by inflammatory cells
are important for the tissue damage and persistence of the inflammatory reaction [4-
101]. Further, it has been observed that an oxide-like layer grows on titanium as well
as stainless-steel implants in vivo during the implantation [4-35, 4-102]. Model
experiments have indicated that hydrogen peroxide in buffered saline solution in the
millimolar concentration range produces an oxide-like layer on titanium surfaces in
vitro [4-103], and at higher H,O, concentrations several oxidation intermediates are
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distinguished in the Ti-H,O, system. It is well known that hydrogen peroxide is the
one of the strongest oxidizing agents. These observations lead one to believe that in
vivo the interaction of H,0, and oxygen with the titanium would be the cause of the
oxide growth observed [4-83]. It is well known that Ti*" ions will not produce
hydroxyl radicals from H,O,; however, in the presence of the superoxide radical
(0,), both H,0, and OH- may be produced through the action of superoxide dis-
mutase and a cyclic Fenton reaction [4-104—4-107]. Such superoxide radical (O,")
generated during the metablic activation is (in the body) enzymatically dismuted by
hydrogen peroxide through the reaction: O,” + O,” + 2H" — H,0, +0,. Superoxide
or hydrogen peroxide alone is not potent enough in degrading adducts and, therefore,
several possible mechanisms, starting from the reaction above have been suggested
[4-107]. As a removal mechanism of bacteria inside the body, neutrophil activates
such superoxidants of the cells to generate hydrochlorous acid, which possesses the
strongest antibacterial agent among various chlorine compounds. The most interest-
ing is the Fenton type of reaction: M"* + H,0, - M®*D* + OH-+ OH", where the
potent hydroxyl radical, OH-is formed. In the presence of O, , the oxidized metal
ion, M"*D* is reduced again (to M""), and a cyclic continuous production of OH-
would occur [4-108].

Hence, hydroxyl radicals formed from hydrogen peroxide during the inflamma-
tory response are potent agents for cellular deterioration. The behavior of implanted
material in terms of its ability to sustain or stop free radical formation may be there-
fore very important. /n vitro studies of Ti, which is known to be biocompatible and
osseointegrates into human bone, were carried out. The production of free radicals
from H,0, at Ti and TiO, surfaces was measured by spin trapping techniques. It was
found that there is no sustained hydroxyl radical production at a titanium (oxide)
surface, due to the quenching of the Fenton reaction through both trapping and oxi-
dation of superoxide radicals in a TiO-OH adduct. Janzén et al. [4-108] concluded
that the degree of surface-induced hydroxyl radical formation from H,O, through
the Fenton reaction may be of importance for the behavior of implanted materials.

Tengvall et al. [4-109] investigated the role of Ti and TiO,, as well as other met-
als, in the inflammatory response through the Fenton reaction. The TiO-OH matrix
formed traps the superoxide radical so that no or very small amounts of free
hydroxyl radicals are produced. Ellipsometry and spin trapping with spectropho-
tometry and electron spin resonance were used to study the interaction between Ti
and H,O,. Spectrophotometry results indicated that Ti, Zr, Au, and Al are low free
OH-radical producers. It was suggested that a hydrated TiO-OH matrix, after the
inflammatory reaction, responded to good ion exchange properties, and extracel-
lular components may interact with the Ti**-H,0, compound before matrix for-
mation. The TiO-OH matrix is formed when the H,O, coordinated to the
Ti**-H,0, complex is decomposed to water and oxygen [4-109].
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It has been reported that (i) Ti implants inserted in the human body for many
years have shown high oxidation rates at the areas relatively adjacent to the Ti
implant, and (ii) the implants have shown a dark pigmentation due to the interac-
tion with H,O, [4-110]. It is well known that H,O, is a strong oxidant that will
increase the redox potential of the system. Gas evolution was observed on the Ti
surface in the presence of H,O, in the PBS (phosphate-buffered saline: 8.77NaCl
g/l, 3.58 Na,HPO,-12H,0, 1.36KH,PO,, pH 7.2-7.4) solution. This is due to the
decomposition of H,0O, into water and molecular oxygen according to: 2H,0, —
H,0 + O, which is catalyzed by the presence of TiO, on the surface due to the
combined effect of the electron-donating and electron-accepting properties of
TiO, occurring simultaneously [4-109], and the formation of some Ti-complex,
which can lead to a higher electrode potential [4-111]. Pan et al. [4-112] per-
formed electrochemical measurements, XPS, and scanning tunneling microscopy
analyses to study the effect of hydrogen peroxide on the passivity of CpTi (grade
2) in a phosphate-buffered saline (PBS) solution. The results indicate that the pas-
sive film formed in the PBS solution — with and without addition of H,O, — may
be described with a two-layer structure model. The inner layer has a structure
close to TiO,, whereas the outer layer consists of hydroxylated compounds. The
introduction of H,O, in the PBS solution broadens the hydroxylate-rich region,
probably due to the formation of a Ti**-H,0, complex. Furthermore, the presence
of H,0O, results in enhanced dissolution of Ti and a rougher surface on a micro-
scopic scale. It was also observed that H,O, addition furthermore seems to facil-
itate the incorporation of phosphate ions into the thicker porous layer [4-112].

The influence of H,O, generated by an inflammatory response also has been
suggested as an explanation for the high rate of Ti oxidation/corrosion in vivo [4-
101, 4-109, 4-113].

The incorporation of mineral ions into the oxide film is believed to be impor-
tant for the osseointegration behavior, which can lead to direct bone—titanium con-
tact and strong bonding that in turn can contribute to the load-bearing capacity of
titanium implants [4-114].

To analyze titanium’s response to representative surgical wound environments,
Bearinger et al. [4-115] examined CpTi and Ti-6Al-4V, which were exposed to
phosphate-buffered saline (PBS) with 30 mM with hydrogen peroxide (H,0O,)
addition. The study was characterized by simultaneous electrochemical atomic
force microscopy and step-polarization impedance spectroscopy. It was found that
(i) surfaces were covered with protective oxide domes that indicated topography
changes with potential and time of immersion, and (ii) less oxide dome coarsen-
ing was noted on surfaces treated with PBS containing H,O, than on surfaces
exposed to pure PBS. In both types of solutions, oxide (early) resistances of CpTi
samples were higher than Ti-6Al-4V oxide resistances, but CpTi oxide resistance
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was lower in the hydrogen peroxide solution compared to pure PBS. Differences
in electrical properties between CpTi and Ti-6Al-4V surfaces suggest that CpTi,
but not Ti-6Al-4V, has catalytic activity on H,0O,, and that the catalytic activity of
CpTi oxide affects its ability to grow TiO, [4-115].
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Chapter 5
Mechanical and Tribological Behaviors

Biomechanics includes all facets of musculoskeletal, cardiovascular, respiratory,
implant-tissue interface, mechanics of prostheses, and mechanisms of chewing.
Given such a wide range of coverage, the area of interest becomes much narrower
when considering titanium applications only. Simultaneously, however, biome-
chanics is a multidisciplinary field, requiring various basic knowledge including
statics and dynamics, elasticity and plasticity, fatigue, fracture mechanics and
toughness, and tribological actions. Materials in bioengineering, in a broad sense,
range widely from very small units, such as a virus or bacteria, to very large and
complex, such as a healthy human body. They also cover the various products
manufactured by using the methodologies in connection with biological disci-
plines.

Based on the above argument, in this chapter, fatigue, fracture, and biotribolog-
ical actions, such as friction and wear as well as wear debris toxicity, will be dis-
cussed.

5.1. FATIGUE

Fatigue is the loss of strength and other important properties as a result of stress-
ing over a quite long period of time. Fatigue is very important, as it is the single
largest cause of failures in metals, estimated as about 90% of metallic failures,
polymers and ceramics are also susceptible to this type of failure. Fatigue is a very
general phenomenon in most materials and even living organisms. The ‘Fatigue’ is
originally from Latin ‘Fatigare’. The term itself is derived from fatigue meaning
‘to tire’. The root ‘fati’ refers literally to an opening or yawning phenomenon
vividly descriptive of fatigue in people, and especially, in view of ubiquity of craz-
ing and cavitation, in materials as well [5-1].

Fatigue has often been observed in Ti and Ti alloys, and is considered as an
important cause to the failure of the materials. For example, fatigue failure has
been reported in dental implants [5-2], removable partial denture (RPD) frame-
work [5-3], clasps [5-4, 5-5], plates, pedicle screws and cables [5-6—5-9]. The
cyclic loading applied to orthopedic implants during body motion results in an
alternating localized plastic deformation of microscopically small zones of stress
concentration produced by notches or microstructural inhomogeneities [5-9].
Mechanical environments related to fatigue may be divided into two distinct
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groups: strain-controlled and stress-controlled. Although practically most fatigue
environments in human body are a combination of the two, the highly compliant
nature of biological materials tends to place them toward the direction of strain-
controlled fatigue [5-10]. Examples for strain-controlled application include pace-
maker leads, which require a conductive metal that can survive very high numbers
of flexing motions without breaking, and clasps of RPD, which require adequate
retention for insertion and removal of the device [5-11]. Lin et al. [5-12] employed
the tension-to-tension stress mode for fatigue tests on titanium materials (CpTi, Ti-
13Nb-13Zr, Ti-6Al-4V, and Ti-7.5Mo) in air under R (stress ratio = ¢,,;,,/0,..,) of
0.1, with frequency of 10 Hz. It was found that (i) Ti-6Al-4V and CpTi have higher
stress-controlled fatigue' resistance, but lower strain-controlled fatigue (see foot-
note 1) resistance than Ti-7.5Mo and Ti-13Nb-13Zr, (ii) Ti-7.5Mo demonstrates
the best strain-controlled fatigue performance, and (iii) the fatigue cracks almost
always initiate from casting-induced surface/subsurface pores [5-12].

Clasps undergo permanent deformation to cause fatigue fracture under repeated
flexures during denture insertion and removal, and masticatory actions [5-13-5-
16]. The fatigue life of cast clasps made of CpTi was reported to be shorter than
that of Co-Cr and gold alloy clasps [5-11]. However, the fatigue fracture and per-
manent deformation of cast claps made of Ti-based alloy has not been sufficiently
assessed in relation to stress distribution, and little is known about how these
clasps would function in long-term clinical use. Permanent deformation and
fatigue fracture are caused by the stress created in the clasp [5-17, 5-18]. The stress
distribution may depend on the elastic modulus of the alloy, dimensions and cur-
vature of the clasp [5-19, 5-20], and amount and direction of deflection in relation
to the abutment undercut [5-21]. Mahmoud ef al. [5-22] investigated the gold alloy
and Ti-6Al-7Nb, which were subjected to cyclic deflection of pre-set values of
0.25, 0.50, and 0.75 mm for 10% cycles. It was concluded that the gold alloy
(70Au-4.4Pt-13.5Ag-8.8Cu-2Pd-0.11r) clasps exhibited significantly longer
fatigue lives, while the Ti-6Al-7Nb clasps showed significantly greater resistance
to permanent deformation under cyclic deflection [5-22].

I Stress-controlled fatigue test is conducted in such a way that repeated load is controlled between
pre-determined upper and lower stress levels. If the tested material is fully annealed to start with and
a work-hardening type, the material’s strength increases by repeated stressing. Hence, the severity of
fatigue process is getting milder. On the other hand, if the starting material’s condition is a work-soft-
ening type, its original strength decreases by cycles, resulting in shortening fatigue life. On the con-
trary, by the strain-controlled fatigue testing, each cycle is controlled between pre-set upper and
lower strain. If the fully annealed and work-hardening material is tested under the strain-controlled
fatigue mode, because the material strength increases by cyclic loading, the applied stress needs to
increase to maintain the pre-set level of upper strain. On the other, by the work-softening type mate-
rials, applied stress level decreases.
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The fatigue resistances of experimentally prepared NiTi (50.8%Ni-49.2%Ti)
cast clasps as well as CpTi, Co-Cr alloy, and Au-Ag-Pd-Cu alloy clasps were eval-
uated in a simulated clinical situation [5-4]. The change in force required to
remove the NiTi clasps was recorded under a repeated placement—removal test on
steel model abutment teeth. The tips of the clasps were located in the 0.25 and
0.5 mm undercut area of the abutments. It was found that (i) no significant change
in the retentive force was found in NiTi clasps in the 1010 repeated cycles, but
(i1) the other three types of clasps revealed a significant decrease in the force
required for removal during the test, suggesting that the cast NiTi clasp may be
suitable in removable prosthodontic constructions because of its significantly less
permanent deformation during service [5-4].

The fatigue failure of hip joint prostheses will be expected to assume more
importance in second generation implants aimed at younger, more active
patients. Furthermore, new designs and material combinations including coatings
(e.g., hydroxyapatite) may introduce fatigue problems that as of yet have not been
considered. Styles ef al. [5-23] conducted corrosion-fatigue tests on a model four
point bendbar test-piece (milled-annealed Ti-6A1-4V) in a physiological solution
(i.e., Ringer’s solution) at 37°C. It was found that the introduction of superim-
posed block overload (50 cycles) to signify stair ascent/descent of fast walking
and single overloads to signify fit/stand movements or stumbling were found to
reduce fatigue life by >50% [5-23].

CpTi (grade 2) Nd:Yag laser weldment was subjected to fatigue cycling at a
stress ratio of R = —1 under the frequency of 10 Hz. The tests were conducted in
synthetic saliva (pH 7) and fluoride synthetic saliva (pH 7) with NaF of 1000 ppm
or 2.223 g/1000 ml, compared to in-air tests. It was concluded that (i) the
laser—welding procedure significantly reduced the fatigue life of CpTi and Ti-6Al-
4V alloy specimens, and (ii) synthetic saliva and fluoride saliva adversely affected
fatigue life compared with the control in-air tests [5-24].

Surface roughness of cast CpTi and Ti-6Al-4V was evaluated when they were
submitted to conventional or electrolytic polishing, correlating the results with
corrosion-fatigue (10 Hz, R=1, indicating that the test was conducted in tension—
tension mode) at strength testing performed in artificial fluoride saliva. Specimens
were also tested in air at room temperature to evaluate the effectiveness of the cor-
rosion-fatigue test model. It was found that (i) electrolytic polishing (5% HF-35%
HNO; - 60% H,0O) provided lower surface roughness (0.24 pm) than conventional
polishing using titanium polishing paste (0.32 um), (ii) regardless of the polishing
conditions, surface roughness of Ti-6Al-4V (0.25 um) was lower than that of CpTi
(0.31 um), and the fluoridated environment did not influence fatigue performance,
and (iii) there was no correlation between fatigue performance and surface rough-
ness. Based on these findings, it was concluded that surface roughness of Ti-6Al-4V
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was lower than CpTi. For cast Ti frameworks, the electrolytic polishing regimen
was found to be more effective than the manufacturer’s polishing instructions with
abrasives and rotary instruments. After polishing, it was found that differences in
surface roughness values did not affect corrosion-fatigue performance [5-25].

It is widely understood that the mechanical properties of titanium alloys are
very sensitive to the characteristics of the microstructure. The type of phases, grain
size and shape, morphology, and distribution of the fine microstructure (x+f3
phases) determine the properties and therefore the application of titanium alloys
[5-26]. Microstructural modification by thermomechanical treatment is widely
used to optimize the properties of high-strength titanium alloys for specific appli-
cations. However, because the surface of a mechanically loaded titanium part often
experiences different conditions than the bulk, it makes sense in many applications
to modify only the surface microstructure. By combining thermal treatments with
mechanical working, stability of the resulting tailored surface is enhanced. Such
stability is especially significant for resistance to fatigue crack nucleation and
growth. Akahori et al. [5-27] found that, for Ti-6Al-7Nb alloy, by increasing the
volume fraction of the primary a-phase from 0 to 70%, the fatigue limit is raised.
It was also reported that changing the cooling rate after solution treatment from
air-cooling to water-quenching improved the fatigue limit Ti-6Al-7Nb alloy sig-
nificantly [5-27], due to increased surface layer hardness.

Koahn et al. [5-28] used acoustic emission (AE) phenomenon to record AE
events and event intensities (e.g., event amplitude, counts, duration, and energy
counts) and analyzed these parameters during fatigue loading of uncoated and
porous-coated Ti-6Al-4V alloy. AE provides the ability to spatially and temporally
locate multiple fatigue cracks, in real time. Fatigue of porous-coated Ti-6Al-4V is
governed by a sequential: fracture process of transverse fracture in the porous
coating — sphere/sphere and sphere/substrate debonding — substrate fatigue
crack initiation — slow and rapid substrate fatigue crack propagation. Because of
the porosity of the coating, the different stages of fracture within the coating may
occur in a discontinuous fashion. Therefore, the AE events generated are intermit-
tent and the onset of each mode of fracture in the porous coating can be detected
by increases in AE events rate. Changes in AE events rate also correspond to
changes in crack extension rate, and may therefore be used to predict failure. It
was mentioned that (i) the magnitude of the AE event intensities increased with
increasing fracture and microvoid coalescence generated the highest AE event
amplitudes (100 dB), whereas plastic flow and friction generated the lowest AE
event amplitudes (55—65 dB), and (ii) fractures in the porous coating can be char-
acterized by AE event amplitude of less than 80 dB [5-28].

There are several ways to improve fatigue strength, including modifying surface
roughness and hardness, surface residual stress magnitude, and altering materials
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design, as well as surface coating. Mechanical surface treatment such as shot peen-
ing, polishing, or surface rolling can improve the endurance limit in titanium-based
materials, but the changes they induce can have contradictory influences on fatigue
strength. For example, surface roughness determined whether fatigue strength is
primarily crack-nucleation controlled (smooth) or crack-propagation controlled
(rough). For smooth surfaces, a work-hardened surface layer can delay crack nucle-
ation because of its increase in strength. But on rough surfaces, a work-hardened
surface layer cannot retard crack propagation because of its reduced ductility.
However, near surface residual compressive stresses significantly retard crack
growth whether the surface is smooth or rough. It was also reported that by grain
refining of Ti-8 Al alloy, the fatigue strength is improved to 325 MPa, compared to
a coarse grain of 275 MPa at 10° cycles [5-29, 5-30].

A new surface-coating method by which CaP invert glass is used to improve the
bioactivity of titanium alloys has been developed recently [5-31]. In this method,
the powder of CaP invert glass (CaO-P,0,-TiO,-Na,0) is coated on the surface of
titanium alloy samples and heated between 800 and 850°C. With this treatment, a
calcium phosphate layer mainly containing f-Ca,(PO,), phase can be coated eas-
ily on titanium alloy samples. The effect of such coating was evaluated on the
fatigue properties of Ti-29Nb-13Ta-4.6Zr (a new metastable f§ alloy for biomed-
ical applications). It was reported that the fatigue endurance limit of the coated
alloy was found to be about 15% higher than that of uncoated alloy as a result of
the formation of a hard («+ f) layer and a small amount of the w phase during the
coating process, (ii) the coating exhibits excellent adhesion to the substrate during
the tensile and fatigue tests, and (iii) subsequent aging at 400°C for 3 days greatly
improves the fatigue resistance of the coated alloy due to isothermal @ phase pre-
cipitation [5-31].

5.2. FRACTURE AND FRACTURE TOUGHNESS

The ideal biomaterial for implant applications, especially for joint replacements,
is expected to exhibit excellent properties such as no adverse tissue reactions,
excellent corrosion resistance in the body fluid medium, high mechanical strength
and fatigue resistance, low modulus, low density, and good wear resistance [5-32].
As for searching V-free Ti-based alloys, Ti-6Al-7Nb and Ti-5Al-2.5Fe were devel-
oped for orthopedic applications. These two alloys exhibited mechanical proper-
ties similar to Ti-6Al-4V and were primarily developed in response to concerns of
potential cytotoxicity and adverse tissue reactions caused by V [5-33, 5-34].
Further studies have shown the release of both V and Al ions from Ti-6Al-4V alloy
might cause long-term health problems, such as peripheral neuropathy, osteoma-
lacia, and Alzheimer diseases [5-35, 5-36].
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The fracture behavior of the two cast Ti materials was investigated by AE analy-
sis during the fracture toughness testing. Specimens for the test were cast by the lost
wax method using a specially designed Ti casting machine of pressure-different
method for dental use. A fatigue crack was inserted from the machine notch tip into
the body of a specimen in the range of 0.45-0.55 a/W. AE signals released during
the fracture toughness tests were detected by two sensors attached to both ends of
the specimen. It was found that (i) from the early stage of the fracture toughness
tests, AE signals started to be released in all types of specimens, and (ii) a reaction
layer with the investment materials of about 50—100 um was thought to be the result
of the AE release from an early stage of the fracture toughness test [5-37].

The mechanical properties of titanium alloys strongly depend on their phase
composition and structure, which result from casting and/or thermomechanical
processing, and can be significantly influenced by the following heat treatment.
Treatments that include heating into the beta-phase, which would provide full trans-
formation of the as-received microstructure, are not commonly used because of a
fast grain growth in the beta-phase. This drawback leads to significant deterioration
of the mechanical properties. Moreover, large beta-grains are typically associated
with the formation of coarse-grained structures by both martensitic f— « or diffu-
sional § — (a+pf) transformations on cooling. It was shown that a significant
improvement in the mechanical properties of high-strength titanium alloys can be
reached by using a special heat treatment based on rapid heating into the beta-
region. Such a treatment allows the production of a high-temperature beta-phase
with a fine-grained microstructure and optimal chemical inhomogeneity, which
strongly determines the mechanism and kinetics of phase transformations on cool-
ing and further annealing or aging. A wide range of final microstructures with an
enhanced combination of mechanical properties can be obtained [5-38].

Banerjee et al. [5-32] evaluated Ti-34Nb-9Zr-8Ta and Ti-13Mo-7Zr-3Fe for
their heat-treatment capabilities. In the homogenized condition, both alloys exhib-
ited a microstructure consisting primarily of a beta matrix with grain boundary
alpha precipitates and a low-volume fraction of intra-granular alpha precipitates.
On aging the homogenized alloys at 600°C for 4 h, both alloys exhibited the pre-
cipitation of refined scale secondary alpha precipitates homogeneously in the beta
matrix. It was reported that, while the hardness of the Ti-Mo-Zr-Fe alloy margin-
ally increased, the hardness of Ti-Nb-Zr-Ta alloy decreased substantially as a result
of the aging treatment [5-32].

Ti single crystal planes of different atomic density have been reported to show
different oxidation characteristics, as discussed in Chapter 4. The differences in
oxide characteristics have further been demonstrated to lead to differences
in osteoblast attachment. Mante ef al. [5-39] investigated the preferred crystallo-
graphic planes of titanium for osteoblast attachment in order to optimize the
surfaces of single-crystal and polycrystalline titanium implants for anchoring
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various prostheses. Nanoindentation techniques were used to determine mechan-
ical properties of two crystallographic planes of Ti of different atomic density. It
was reported that (i) modulus of elasticity (MOE) of 128 GPa was obtained for
polycrystalline Ti and 123 and 124 GPa for the basal plane and pyramidal planes,
respectively, (ii) the variation of MOE with crystal orientation was not greater
than the statistical variation in the data, (iii) surface hardness values were 2.1 GPa
for polycrystal and 1.6 and 1.9 GPa for basal and pyramidal planes, respectively,
and (iv) hardness depth profile (0—2000 nm) showed a sharp increase at shallow
depths and may reflect changes caused by oxidations of the Ti surfaces [5-39].

It has been found that every machining operation produces a distinctive resid-
ual stress in the surface layer. When any metallic material is subjected to wire-
drawing, cutting, pressing or rolling, there will be a residual strain, which is
normally relieved by an annealing process. If such residual strain is not removed,
the grains become distorted. Distorted microstructures decrease the plastic forma-
bility under repeated stressing, causing a premature crack. When titanium wire is
formed to manufacture dental implants by the wire-drawing process, the work
strain can remain in the entire microstructures. Besides, if cutting is further per-
formed, relatively large amounts of residual strain would remain. It is reported that
heating at 600°C for 1 h is an optimum stress relief heat treatment for CpTi
(grade 2) without any remarkable grain coarsening [5-40]. Residual stress is not
always adverse, rather it should be beneficial if it is compressive residual stress,
so that cracks tend to closure and applied stress can increase. Rolling (creating sur-
face compressive residual stress) alone increases the notched fatigue limit from
the low value of 400 to 1100 MPa [5-29, 5-30].

5.3. BIOTRIBOLOGICAL ACTIONS

5.3.1 General
Biotribology is a compound word of biology and tribology. In 1966, a term “tri-
bology”? was introduced, with an origin of Greek tpifoc (to rub), defined as the
science and technology dealing with the friction, wear, and lubrication.
Tribology is the science dealing with the interaction of surfaces in tangential
motion. Hence, tribology includes the nature of surfaces from both a chemical
and physical point of view, including topography, the interaction of surfaces under
load and the changes in the interaction when tangential motion is introduced.

EEINT3 EEIN3

2 The prefix “tri” normally refers to “three” in those words, such as “tripot”, “trigonometry”, “trilin-
gual” “trifocal”, etc. At the same time we just know that tribology is a science about three phenom-
ena (friction, wear, and lubrication), so that it is easily misinterpreted that the tribology is a science
dealing with the forementioned three phenomena, But this is not true. The Greek tpifoa does not
have a prefix meaning ‘three’. This is just a matter of coincidence.



114 Bioscience and Bioengineering of Titanium Materials

Macroscopically, the interactions are manifested in the phenomena of friction and
wear. Modification of the interaction through the interposition of liquid, gaseous,
or solid films is known as the lubrication process. Hence, from a macroscopic
point of view, tribology includes lubrication, friction, and wear [5-41]. There are
four major clinical reasons to remove the implants: (1) fracture, (2) infection, (3)
wear, and (4) loosening. Among these, the removal due to the infection generally
occurs in relatively early stages after implantation, while the other three incidents
typically increase gradually by years, because they are somewhat related to biotri-
bological reactions. Human joints are one example of natural joints, and show low
wear and exceedingly low friction through efficient lubrication. Disease or acci-
dent can impair the function at a joint, and this can lead to the necessity for joint
replacement [5-41].

Special tribological element problems arise in many mechanical devices used in
various areas, for example, computer devices and medical implants (prostheses,
assists and artificial organs). Medical implants, such as prostheses, should demon-
strate very good tribological properties, as well as biological inertness. Their
longevity depends significantly on the wear of the rubbing elements and must be
extended as much as possible. The developments of total replacement hip, knee,
ankle, elbow, shoulder, and hand joints (and the appropriate surgical techniques)
has been the major success of orthopedic surgery, and would not have been possi-
ble without extensive in in vitro and in vivo studies of the tribological problems,
especially wear, associated with such artificial joints.

5.3.2 Friction
Zwicker et al. [5-42] investigated the friction behavior of a hip prosthesis head fab-
ricated from Ti-5Al-2.5Fe alloy in contact with an ultrahigh molecular weight poly-
ethylene cup. It was shown that (i) the frictional behavior of a head coated with an
oxide layer about 1-3 um thick produced by induction heating of the surface was
equal to that of a head fabricated from alumina ceramic, (ii) the oxide layer was
still present after 107 cycles under maximum load of 4000 and 3200 N in 0.9%
NaCl solution, and (iii) examination of the microstructure of the oxide layer after
testing showed that it was unchanged by friction test under overload service con-
ditions. Therefore, the production of such oxide layers on Ti and Ti alloy implants
that are locally stressed by friction during service is recommended [5-42].
Another important incidence involving friction in dentistry is between the
orthodontic bracket and archwires. While orthodontic mechanotherapy is active,
sliding of bonded brackets along archwires occurs in all orthodontic cases. When
these sliding movements occur, frictional forces between the archwire and the
bracket are produced. Different combinations of materials have varying coeffi-
cients of friction, leading to different amounts of frictional force created within the
bracket/archwire system. This force either retracts or protracts between brackets.
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It is thought that static, rather than kinetic, frictional forces may be more relevant
in orthodontic tooth movement. This is due to the bracket/archwire system having
stopping and starting movements as the teeth are moved. /n vitro testing of ortho-
dontic archwires and brackets can be performed in either a wet or dry environ-
ment. Wet testing is usually done by submerging the archwire/bracket system in
saliva, salivary substitute, or glycerin solution. Stannard et al. [5-43] measured
kinetic coefficients of friction for stainless steel, beta Ti, NiTi, and Co-Cr arch-
wires on a smooth stainless steel or Teflon surface. A universal material testing
instrument was used to pull rectangular archwire (0.17X0.025 in) through pneu-
matically controlled binding surfaces. Coefficients of friction were determined
under dry and wet (artificial saliva) conditions. It was found that (i) frictional force
values (and thus coefficients of friction) were found to increase with increasing
normal force for all materials, (ii) beta-Ti and stainless steel were sliding against
stainless steel, and stainless-steel wire on Teflon consistently exhibited the lowest
dry friction values, (iii) artificial saliva increased friction for stainless steel, beta-
Ti and NiTi wires sliding against stainless steel, but (iv) artificial saliva did not
increase friction of Co-Cr, stainless steel sliding against stainless steel, or stain-
less-steel wire on Teflon compared to the dry condition, and (v) stainless steel and
beta-Ti wires sliding against stainless steel, and stainless-steel wire on Teflon,
showed the lowest friction values for the wet conditions [5-43].

Stainless steel, Co-Cr, NiTi, and beta-Ti wires were tested in narrow single
(0.050 in), medium (0.130 in), and wide twin (0.180 in) stainless-steel brackets in
both 0.018 and 0.022 in slots. It was reported that (i) beta-Ti and NiTi wires gen-
erated greater amounts of frictional forces than stainless steel or Co-Cr wires did
for most wire size, and (ii) increase in wire size generally resulted in increased
bracket-wire friction [5-44]. However, it was reported that wires in ceramic brack-
ets generated significantly stronger frictional forces than did wires in stainless
steel-brackets [5-45].

Kusy et al. [5-46] evaluated coefficients of friction in the dry and wet (saliva)
states of stainless steel, Co-Cr, NiTi, and beta-Ti wires against either stainless steel
or polycrystalline alumina brackets. It was found that (i) in the dry state and
regardless of slot size, the mean kinetic coefficients of friction were smallest for
all the stainless-steel combinations (0.14) and largest for the beta-Ti wire combi-
nation (0.46), (ii) the coefficients of polycrystalline alumina combinations were
generally greater than the corresponding combinations that included stainless
steel-brackets, (iii) in the wet state, the kinetic coefficients of the all stainless-steel
combinations increased to 0.05 over the dry state, but (iv) all beta-Ti wire combi-
nations in the wet state decreased to 50% of the values in the dry state [5-46].

Surface roughness and static frictional force resistance of orthodontic NiTi
archwires along with beta-Ti alloy wire, stainless-steel and Co-Cr alloy wires were
measured. It was found that (i) the Co-Cr alloy and the NiTi alloy wires exhibited
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the lowest frictional resistance, (ii) the stainless-steel alloy and the beta-Ti wires
showed the highest frictional resistance, and (iii) no significant correlation was
found between arithmetic average roughness and frictional force values [5-47].
Oshida et al. [5-48] conducted friction tests to compare the wet static frictional
forces of low friction “colors” (surfaces of wires are colored by anodizing process)
TMA (Ti-Mo alloy) archwires with archwires of other materials (stainless steel,
NiTi, and uncoated TMA), and to test the effects of repetitive sliding. The results
showed that uncoated TMA wires produce the highest wet static frictional forces
in all cases. In most cases, NiTi wires produced the next highest force levels fol-
lowed by the colored TMA wires, and then stainless steel. Repetition seemed to
have little to no effect on all of the archwires with the exception of NiTi and
uncoated TMA. NiTi wires showed a decrease in force values as the wire was sub-
jected to more repetitions. Uncoated TMA, to the contrary, showed that more fric-
tion developed between runs and a trend toward increasing friction as the wire had
repeated use [5-48]. It is then recommended that further studies are required to
correlate types of oxide(s) formed on Ti surfaces to frictional behaviors.

5.3.3 Wear and wear debris toxicity

Unlike dental implants, most orthopedic implants will be subjected to biotribo-
logical actions. Metal ions released from the implant surface are suspected of play-
ing some contributing role in the loosening of hip and knee prostheses, which are
substantially subjected to biotribological environments. Thompson and Puleo
demonstrated that sublethal doses of the ionic constituents of Ti-6Al-4V alloy sup-
pressed expression of the osteoblastic phenotype and deposition of a mineralized
matrix [5-49]. Bone marrow stromal cells (which were cultured for 4 weeks) were
harvested from juvenile rats and exposed to time-staggered doses of a solution of
ion representing the Ti-6Al-4V alloy. It was reported that (i) Ti-6Al-4V solutions
were found to produce little difference from control solutions for total protein or
alkaline phosphatase levels, but strongly inhibited osteocalcin synthesis, and (ii)
calcium levels were reduced when ions were added before a critical point of
osteoblastic differentiation (between 2 and 3 weeks after seeding). On the basis of
these findings, it was indicated that ions associated with the Ti-6Al-4V alloy
inhibited the normal differentiation of bone marrow stromal cells to mature
osteoblasts in vitro, suggesting that ions released from implants in vivo may con-
tribute to implant failure by impairing normal bone deposition [5-49].

Although devices made of Ti-6Al-4V have been remarkably successful, prima-
rily in orthopedic and dental applications, clinical reports have implicated the bio-
logical response to release metal from this class of metals as a cause of failure.
Bianco et al. [5-50] hypothesized that in the absence of wear, the amount of tita-
nium released is small and will preferentially accumulate in local tissues. One
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important implication is that measurable quantities of titanium in serum and urine
that have been observed in clinical studies result from mechanically induced or -
assisted release phenomena. In order to test this hypothesis, Bianco et al. [5-50]
determined titanium levels in various tissues and fluids of animals both with and
without titanium implants. Titanium fiber felts were implanted into the tibia of
rabbits. At various time points, serum and urine samples were collected from these
rabbits as well as from two groups of control rabbits. The samples were analyzed
for titanium concentration using electrochemical absorption spectrophotometry. It
was reported that titanium levels in serum and urine do not increase in compari-
son to control up to 1 year after implantation [5-50].

In total joint replacement, a polished metal surface generally articulates against
an ultrahigh molecular weight polyethylene (UHMWPE) counter-bearing surface.
Metals used include 316L stainless steel, Co-Cr-Mo alloy, and Ti-6Al-4V alloy
(particularly with a hardened N* ion-implanted surface to form TiN layer). For
long-term performance it is desired to minimize friction and UHMWPE wear, and
it is also desirable to minimize metal ion release, which results from constant
removal and reformation of passive surface oxides and oxyhydroxides during
articulation. It was reported that (i) the inert ceramic bearing surfaces eliminate
the oxidative wear of UHMWPE and Ti-6Al-4V, and also resistant to potential
three-body wear from bone cement debris or potential stray porous metal coating
material, but (ii) ceramic materials (e.g., alumina and zirconia) are available only
for total hip replacement. For total knee replacement, although it is difficult and
expensive to manufacture a monolithic ceramic knee surface, surface coating such
as plasma-sprayed alumina and zirconia, TiN and amorphous diamond-like coat-
ings through PVD/CVD methods, or nitrogen ion implantation and oxygen or
nitrogen diffusion hardening can be applicable [5-51]. The wear of balls (of
femoral stem implant) of nitrogen ion-implanted CpTi and Ti-6Al-4V alloy bear-
ings against cups (of acetabular component) of UHMWPE was investigated using
a simulator to approximate the conditions of an artificial hip joint. It was found
that (i) differences in polymer wear rates related to variations in the surface finish
of the balls, but not to ion implantation, were observed, (ii) the wear resistance of
the femoral heads was significantly improved by the ion implantation, (iii) after
one million cycles in the simulator (which is equivalent to approximately 1 year’s
use of a hip prosthesis in a patient), significant parts of the ion-implanted layer had
worn off on parts of the specimen, and (iv) this metallic wear was more extensive
with the CpTi samples than with those of Ti-6A1-4V [5-52].

Ti-6Al-7NDb discs were subjected to pin-on-disc wear tests against a high-fusing
porcelain which is normally used as denture. The wear test was interrupted at
10,000 cycles, 50,000, 100,000, 150,000 and 200,000 cycles for X-ray diffraction
examination. Two planes (010) and (011) were chosen for investigating the
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progressive wear damage characterization. It was found that (i) the plane (010)
showed more sensitive than the plane (011) to the step-wise wear damage, (ii) the
half-value width of the plane (010) showed continuously line-broadening, indicat-
ing either or both of non-uniform micro strain increasing and particle size decreas-
ing, (iii) the plane (010) shifted toward higher 20 angle (or lower d-spacing),
indicating that crystalline grain was distorted during the wear action [5-53].

Metallic particles are clearly cytotoxic in vitro, whether being produced from
titanium-based [5-54 — 5-57] or Co-Cr alloys [5-54, 5-58, 5-59]. This cytotoxicity
is probably secondary to intracellular dissolution at low pH levels, since it can be
affected by blocking H* release [5-60]. Discussions of biological response to
wear debris have tended to emphasize the number of particles produced by a
device in a period of time or, occasionally, the total weight or rate of production
(by weight) of the debris. The in vitro investigations of macrophage response to
small particles suggest that the total surface area of the debris may be an impor-
tant parameter [5-61]. Wear debris particle size, produced by adhesion, tends to
vary inversely with material rigidity (i.e., MOE), thus metallic and ceramic mate-
rials can be expected to produce smaller particles than the polyethylene debris
released by conventional bearings [5-62].

A recent study comparing the induction of macrophage apoptotic cell death by
alumina, zirconia, and polyethylene particulates found the response to be concen-
tration and size dependent, and particle composition (alumina, zirconia, or poly-
ethylene) had no effect [5-63]. However, in a rabbit model, Kubo et al. found
marked histiocytic response around particles of UHMPE (11 um), stainless steel
(3.9 pm), and Co-Cr (3.9 um). A significant reduction in the histiocytic response
was found surrounding particles of alumina ceramics (3.9 um) and titanium
(3.9 um) [5-64]. Catels et al. [5-65] found that larger particles (>2 um) induced
greater cell death than smaller particles, and inflammatory mediator (TNF-a
release) was significantly higher with polyethylene particles when compared to
alumina and zirconia. Osteolysis has been reported in association with ceramic
wear debris. Yoon et al. [5-66] performed total hip arthroplastics with insertion of
a ceramic femoral head and acetabular component in 96 patients to determine the
radiographic prevalence of osteolysis. It was reported that (i) 10 patients required
revision with gross and microscopic evidence of surface wear, and (ii) histology
and SEM analyses of the periprosthetic membrane demonstrated “abundant”
ceramic wear particles with a mean particle size of 0.71 um (in a range from 0.13
to 7.2 um), supporting the concept that ceramic wear particles can stimulate a for-
eign-body response and periprosthetic osteolysis.

The fresh surface will be revealed due to the formation of fraction/wear prod-
ucts, and there may be a chemical-reaction taking place between the freshly
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revealed surface of implants, and the surrounding environments, and the selective
dissolution of the alloy constituents into the surrounding tissues. Besides, it is
generally believed that the solid powder such as wear/friction products particles
have allergic reaction to the living tissue, so that the biological effects of wear
products (debris) should be considered separately from the biocompatibility of
the implants. Particulate wear debris is detected in histocytes/macrophages of
granulomatous tissues adjacent to loose joint prostheses. Such cell-particle inter-
actions have been simulated in vitro by challenging macrophages with particles
doses according to weight percent, volume percent, and number of particles.
Macrophages stimulated by wear particles are expected to synthesize numerous
factors affecting events in the bone—implant interface. Wear debris from orthope-
dic joint implants initiates a cascade of complex cellular events that can result in
aseptic loosening of the prosthesis [5-67]. Macrophages are cells, which are
mainly involved in phagocytosis and signaling and maintaining inflammation that
leads to cell damage in soft tissues and bone resorption [5-68, 5-69]. The pres-
ence of large particles provides the major stimulus for cell recruitment and gran-
uloma formation, whereas the small particles are likely to be the main stimulus
for the activation of cells which release pro-inflammatory products. Apoptosis
can be morphologically recognized by a number of features, such as loss of spe-
cialized membrane structures, blebbing, condensation of the cytoplasm, conden-
sation of nuclear chromatin, and splitting of the cell into a cluster of
membrane-bound bodies [5-68, 5-69]. Recent advances in the understanding of
the mechanisms of osteoclastogenesis and osteoclast activation at the cellular and
molecular levels have indicated that bone marrow-derived macrophages may play
a dual role in osteolysis associated with the total joint replacement: (1) the major
cell in host defense responds to UHMWPE particles via the production of
cytokines, and (2) the precursors for the osteoclasts responsible for the ensuing
bone resorption [5-70].

To avoid such wear debris toxicity, the wear resistance needs to be improved.
Glilerytiiz et al. [5-71] performed a comparative investigation of thermal oxidation
treatment for Ti-6Al-4V to determine the optimum oxidation conditions for eval-
uation of corrosion-wear properties. Characterization of modified surface layers
was made by means of microscopic examinations, hardness measurements and X-
ray diffraction analysis. Optimum oxidation condition was determined according
to the results of accelerated corrosion tests made in 5 M HCI solution It was
reported that (i) Ti-6Al1-4V alloy exhibited excellent resistance to corrosion after
oxidation at 600°C for 60 h, and (ii) this oxidation condition achieved 25 times
higher wear resistance than the untreated alloy during a reciprocating wear test
conducted in a 0.9% NaCl solution [5-71].
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Chapter 6
Biological Reaction

Titanium materials are exposed to biological environments, and their behaviors in
such environments need to be known. This chapter will discuss biological reac-
tions in general.

6.1. TOXICITY

Toxicity can be measured by the effects on the target (organism, organ, or tissue).
Because individuals typically have different levels of response to the same dose of a
toxin, a population-level measure of toxicity is often used which relates the proba-
bility of an outcome for a given individual in a population. One such measure is the
LD50 (LD stands for lethal dose), which is a concentration measure for a toxin at
which 50% of the members of an exposed population die from exposure [6-1]. When
such data does not exist, estimates are made by comparison to known similar toxic
substances, or to similar exposures in similar organisms. Then the safety factors
must be built in to protect against the uncertainties of such comparisons, in order to
improve protection against these unknowns. Toxicity can refer to the effect on a
whole organism (such as a human, a bacterium, or a plant), or to a substructure (such
as the liver). In the science of toxicology, the subject of such study is the effect of an
external substance or condition and its deleterious effects on living things: organ-
isms, organ systems, individual organs, tissues, cells, and subcellular units. Toxicity
of a substance can be affected by many different factors, such as the route of admin-
istration, the time of exposure, the number of exposures, the physical form of the
toxin (solid, liquid, gaseous), the genetic makeup of an individual, an individual’s
overall health, and many others.

There are generally three types of toxic entities: chemical, biological, and phys-
ical.

(1) Chemicals include both inorganic substances, such as lead, hydrofluoric
acid, and chlorine gas, as well as organic compounds such as ethyl alcohol, most
medications, and poisons from living things.

Chemicals (which can be toxic) should include corrosion product such as
oxides, chlorides, or sulfides as well as dissolved metallic ions through anodic
reaction. The toxicity is related to primary biodegradation products (simple and
complex cations and anions), particularly those of higher atomic weight metals.
Factors to be considered include (1) the amount dissolved by biodegradation per

127



128 Bioscience and Bioengineering of Titanium Materials

time unit, (2) the amount of material removed by metabolic activity in the same
time unit, and (3) quantities of solid particles and ions deposited in the tissue and
any associated transfers to the systemic system. Hence, the extent of toxicity is
indirectly related to corrosion rate [6-2—6-5]. An in vivo corrosion experiment can
always be followed up by a tissue examination. This type of tissue reaction is
observed for both corrosion-resistant materials (Mo-containing stainless steel and
Co-Cr-Mo alloys) and for the strongly corroding metals Fe, Mo, and Al. It must
be assumed that the unwanted corrosion product itself is the determining factor.
Fe, Mo, and Al, as non-toxic metals, do not trigger an extreme tissue reaction
despite high corrosion rates (about 300 times that of stainless steel). On the other
hand, the very low corrosion rates of stainless steel and Co-Cr alloys, comparable
to that of Ti, Nb, and Zr, release sufficient quantities of the highly toxic elements
nickel and cobalt, to trigger a noticeable tissue reaction. It should be mentioned at
this point that no limiting concentration is commonly admitted for an allergic reac-
tion. Gold and silver are also to be found in this middle group, as these noble met-
als can also corrode in living tissue. As demonstrated above, a low corrosion rate
alone is not sufficient to guarantee compatibility, nor is the elemental dose the
only determining factor. It would appear that the intrinsic toxicity of the element
and its ability to bind to macromolecules are equally important. Chemical data for
Ti, Zr, Nb, and Ta show that organic complexes of this type are unlikely, and it is
also known that organo-metallic compounds of these elements, as far as they exist,
are unstable [6-6].

There are certain types of elements which are essential for living organisms and
types of elements are different between kinds of living substances. For plants,
there are macronutrients inlcuding N, P, S, Ca, Mg, and Fe, and micronutrients
such as Mn, Zn, Cu, Mo, B, and CI [6-7]. On the other hand, essential trace ele-
ments for living organisms (particularly, the higher animals) include Fe, F, Si, Zn,
Sr, Pb, Mn, Cu, Sn, Se, I, Mo, Ni, B, Cr, As, Co, and V. Among these elements, the
following nine elements are considered as the most important bioelements, since
they are able to exist as a constituting element for metalloproteins, metalloen-
zymes, or even vitamins: Fe, Zn, Mn, Cu, Se, Mo, Ni, Co, and V [6-8, 6-9].

Despite reports associating tissue necrosis with implant failure, the degree to
which processes, such as metal toxicity, negatively impact implant performance is
unknown. Hallab ez al. [6-10] evaluated representative human peri-implant cells
(i.e., osteoblasts, fibroblasts, and lymphocytes) when challenged by AI**, Co?*,
Cr3t, Fe3t, Mo®*, Ni?*, and V3™ chloride solutions (and Na?* as a control) over a
wide range of concentrations (0.01-10.0 mM). It was reported that (i) differential
effects were found to be less a function of the cell type than of the composition
and concentration of metal challenge, (ii) no preferential immuno-suppression was
demonstrated, and (iii) soluble Co released from Co-Cr alloy and V released from
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Ti-6Al1-4V alloy could be implicated as the most likely to mediate cell toxicity in
the peri-prosthetic milieu [6-10].

Maurer et al.[6-11] using diluted concentration of vanadate and titanium tetra-
chloride as salts, investigated the cellular uptake of titanium and vanadium. It was
found that (i) titanium was not observed to be toxic to the cells, but (ii) vanadium
was toxic at levels greater than 10 pug/ml. The percentage of cellular association of
titanium was shown to be about 10 times that of vanadium. The percentage of
cellular association of either element was greater from fretting corrosion than
from the addition of salts. It was also mentioned that (i) the presence of vanadium
did not affect the cellular uptake of titanium, but (ii) the presence of titanium
decreased the cell association of vanadium [6-11].

Corrosion resistance is one of the most important properties determining the
biocompatibility of metallic biomaterials. The high corrosion resistance of metal-
lic materials is attributed to a passive film on their surfaces. However, the passive
film on these metals may be continuously damaged by wear when these materials
are used as bone plates and screws, artificial joints, or dental restorations. The
wear on metallic biomaterials can generate debris and accelerate metal ion release.
Powders of Co-Cr-Mo alloy were produced by grinding larger particles for 8 h in
water, serum, or joint fluid, and were administered in low doses (0.05-0.5 mg/ml)
for 1-6 days to human dermal fibroblasts in vitro. Particles were ground in a bio-
logical fluid in order to simulate conditions in an artificial hip joint. It was found
that (i) such particles adhered to, or were phagocytosed, by the cells far less than
those ground in water, and (ii) the toxicity of the alloy was linked with a failure of
test cells to grow as quickly as the controls — particles ground in water were the
most toxic [6-12].

(2) Biological toxicity can be more complicated to measure. In a host with an
intact immune system the inherent toxicity of the organism is balanced by the host’s
ability to fight back; the effective toxicity is then a combination of both parts of the
relationship. A similar situation is also present with other types of toxic agents. In
particular, toxicity of cancer-causing agents is problematic, since for many such
substances it is not certain if there is a minimal effective dose or whether the risk
is just too small to see. Here, too, the possibility exists that a single cell transformed
into a cancer cell is all it takes to develop the full effect. Yang et al. [6-13] demon-
strated an increase in levels of elemental Ti in the blood and lung of rats with a Ti
alloy implant. Rats were implanted with Ti alloy disks for 4 weeks. The levels of
elemental Ti in the blood and lung were especially increased compared with other
tissues. The Ti alloy implant enhanced lung injury related to endotoxin from Gram-
negative bacteria (lipopolysaccharide, LPS), which was characterized by lung
edema and other histological changes such as recruitment of neutrophils, intersti-
tial edema, and alveolar hemorrhage in the lung. In the presence of endotoxin, an
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increase of nitrite production was shown in the plasma and bronchoalveolar lavage
fluid of rats implanted with a Ti alloy. Moreover, the Ti alloy implant further
enhanced the induction of inducible nitric oxide (NO) synthase (iNOS) protein
expression induced by LPS in the lung. These endotoxin-related responses in the
presence or absence of the Ti alloy implant could be inhibited by aminoguanidine
(an iNOS inhibitor). It was first indicated that circulating Ti released from Ti alloy
implants had an ability to affect pulmonary iNOS protein expression, and enhance
the pathogenesis of acute lung injury during endotoxemia [6-13].

(3) Physically toxic entities include things not usually thought of as such by the lay
person: direct blows, concussion, sound and vibration, heat and cold, non-ionizing
electromagnetic radiation such as infrared and visible light, ionizing non-particulate
radiation, such as X-rays and gamma rays, and particulate radiation, such as alpha,
beta, and cosmic rays [6-14].

Besides these, particulate macrophages should be included here; even species
per se are not toxic, but because of size, they will exhibit physical toxicity.
Particulate wear-debris is detected in histiocyte/macrophages of granulomatous
tissues adjacent to loose joint prostheses. Such cell-particle interactions have been
simulated in vitro by challenging macrophages with particles dosed according to
weight percent, volume percent, and number of particles. Each of these dosage
methods has inherent shortcomings due to varying size and density of challenging
particles of different compositions. In studies done by Shanbhag et al. [6-15],
P388D1 macrophages with titania (TiO,) and polystyrene particles (<2 um), with
dosage based on the ratio of the cells, were challenged. The effect of size and com-
position on the bone reabsorbing activity, and fibroblast proliferation was studied.
It was reported that (i) macrophage response to particulate debris appears to be
dependent on particle size, composition, and dose as given by surface area ratio,
and (ii) macrophages stimulated by wear particles are expected to synthesize
numerous factors affecting events in the bone—implant interface [6-15].

6.2. CYTOCOMPATIBILITY (TOXICITY TO CELLS)

Over the years, many metal and polymer implants have been developed for inter-
nal fracture fixation. However, there are some problems associated with their
application, such as implant loosening or infection. Cytotoxicity of soluble and
particulate Ti, V, and Ni by biochemical functional analysis and by microscopic
morphology with micro-area elemental analysis in vitro using human neutrophils
as probes and in vivo in animals was compared. It was concluded that (i) the bio-
chemical analysis of LDH (lactate dehydrogenase), superoxide anion, inflamma-
tory mediator TNF-o, and SEM showed that Ni in solution destroys the cell
membranes of neutrophils, whereas Ti and V in solution stimulate neutrophils and
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increase the quantity of released superoxide anions, (ii) fine Ti particles (1-3 um),
which are smaller than neutrophils (~5 um), were phagocytized by the cells, and
the results were similar in vivo, and (iii) these results showed that the cytotoxic
effect of Ti particles is size dependent, and that they must be smaller than that of
cells [6-16].

Kumazawa et al. [6-17] studied the morphology and adhesion of both fibrob-
lasts and osteoblasts to manufactured commercially pure, medical implant-quality
anodized titanium surfaces, and five modified titanium surfaces, and examined
their relative cytocompatibility to assess which modified surface could potentially
be used in vivo. It was reported that (i) small variations were observed both qual-
itatively and quantitatively in the spreading and adhesion of fibroblasts and
osteoblasts to the studied surfaces, but (ii) noticeable fibroblast and osteoblast
spreading and adhesion were found on the anodized surfaces, and (iii) coating
medical implant-quality anodized titanium surfaces could probably improve soft-
tissue adhesion and/or osseointegration of bone in vivo [6-17].

The cytotoxicity and mutagenicity of metal salts were systematically evaluated
by Yamamoto et al. [6-18, 6-19]. Metal ions released from the wear debris of Ti
alloys [6-20], and the cytotoxicity of ceramic particles [6-21] were investigated, and
it was confirmed that active oxygen species generated by macrophages phagocy-
tosing high density polyethylene particles induced metal ion release from Ti [6-22].

Manceur et al. [6-23] reported on the biocompatibility of NiTi single crystals,
since certain orientations of single crystals present several advantages over the
polycrystalline form in terms of maximal strain, fatigue resistance, and temperature
range of superelasticity. The in vitro biocompatibility of 50.8 wt% Ni-Ti single
crystals in the orientation <001> were conducted after four different heat treatments
in a helium atmosphere followed by mechanical polishing. The study was per-
formed on the material extracts after immersion of the specimens in cell culture
medium (DMEM) for 7 days at 37°C. Cytotoxicity studies were performed on
L-929 mouse fibroblasts using the MTT assay. J-774 macrophages were used to
assess the potential inflammatory effect of the extracts by IL1- ff and TNF-« dosage
(sandwich ELISA method). It was found that (i) exposure of L-929 to material
extracts did not affect cell viability, and (ii) IL1- and TNF-o secretion was not
stimulated after incubation with NiTi extracts compared to the negative controls,
concluding that TiNi single crystals do not trigger a cytotoxic reaction [6-23].

Titanium alloys have been proven to behave poorly in friction due to detection
of wear particles in tissues and organs associated with titanium implants. Bordji et al.
[6-24] investigated three surface treatments in order to improve the wear resistance
and the hardness of Ti-6Al-4V and Ti-5Al-2.5Fe: (1) glow discharge nitrogen
implantation (10-17 atoms/cm?), (2) plasma nitriding by plasma diffusion treat-
ment (PDT), and (3) deposition of TiN layer by plasma-assisted chemical vapor
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deposition (PACVD) additionally to PDT. A cell culture model using human cells
was chosen to study the effect of such treatments on the cytocompatibility of these
materials. The results showed that (i) Ti-SAI-2.5Fe alloy was as cytocompatible
as the Ti-6Al-4V alloy, and the same surface treatment led to identical biological
consequences on both alloys, (ii) nitrogen implantation did not at all modify the
cellular behavior observed on untreated samples, (iii) after the two nitriding treat-
ments, cell proliferation and viability appeared to be significantly reduced, and the
scanning electron microscopy study revealed somewhat irregular surface states,
but (iv) osteoblast phenotype expression and protein synthesis capacity were not
affected. Hence, it was concluded that plasma diffusion nitriding treatment and
TiN deposition by chemical vapor process may be an interesting alternative to the
physical vapor deposition technique [6-24]. Wever et al. [6-25] carried out a dilu-
tion minimal essential medium extract cytotoxicity test, a guinea-pig sensitization
test and two genotoxicity (Salmonella reverse mutation and the chromosomal
aberration) tests on NiTi. It was found that the NiTi alloy showed no cytotoxic,
allergic, or genotoxic activity similar to the clinical reference control material
AISI 316 stainless steel.

By the prolonged use of NiTi material in a human body, deterioration of the cor-
rosion resistance of the materials becomes a critical issue because of the increas-
ing possibility of deleterious ions released from the substrate to living tissues. It
was proven that a certain surface modifications, such as nitrogen, acetylene, and
oxygen plasma immersion ion implantation (PIII or PI?), can improve the corro-
sion resistance and mechanical properties of the materials. With this modification,
it was reported that (i) the release of nickel is drastically reduced as compared with
the untreated control, and (ii) the in vitro tests show that the plasma-treated sur-
faces are well tolerated by osteoblasts [6-26, 6-27].

A number of ternary NiTi-X alloys have been introduced with the aim to
improve the fatigue properties and to decrease the thermal hysteresis range; well-
known ternary alloying elements are Cu and Fe [6-11, 6-13, 6-28]. Particularly,
Cu has been shown to dissolve in the B2 (austenitic) phase in concentrations up
to 30 at%. However, NiTi-Cu solid solutions containing more than 10 at% are
characterized by poor formability, so that alloys of technical interest usually con-
tain Cu in the range from 5 to 10 at%. NiTi (57.6 w/o Ni, 42.4 w/o Ti) and NiTiCu
(50.7 w/o Ni, 42.4 w/o Ti, 6.9 w/o Cu) were evaluated by the Tada method [6-28].
It was concluded that (i) a significant difference in the in vivo biocompatibility
between the binary and ternary alloy was shown and (ii) the presence of the
binary alloy lead to few morphological changes and a slight reduction of dehy-
drogenase activity of epithelial cell cultures, whereas the effect of the ternary
alloy appears to be more pronounced, obviously due to the releasing of copper
ions [6-29].
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Newly developed f-type titanium alloys, Ti-29Nb-13Ta-4.6Zr, CpTi, and Ti-
6Al-4V were evaluated in terms of cytotoxicity [6-30]. Each plate specimen was
put on zirconia balls in a vessel, and in an autoclave. The vessel with 10 ml Eagle’s
culture solution at a temperature of 310° K was rotated with a speed of 240 rpm,
and extraction periods were 7 and 14 days. As-extracted solution and filtrated
extract solution using a 0.22 uym membrane filter were prepared. In the As-
extracted solution and filtrated extracted solution, the survival rate of L929 cells
derived from mice was evaluated using the NR [6-31] and MTT [6-32] methods.
The exposure period of 1929 cells to extract the solutions was 2 days. The MTT
method is a method for evaluating cell respiration by the mitochondria, while the
NR method is a method for evaluating the ratio of sound cells of which cell mem-
branes have no lesion by the amount of Neutral Red (NR) pigment. The survival
rate of L929 cells indicates the cyto-toxicity level of the extracts, and it was also
reported that the new alloy is equivalent to that of CpTi and Ti-6Al-4V [6-30].

Spriano et al. [6-33] treated Ti-6Al-7Nb as prosthetic implant material by vari-
ous methods: surfaces were (1) mechanically polished with SiC paper, (2) passi-
vated in 35 wt% HNO, for 30 min, (3) treated in alkali 5 M NaOH at 60°C for
24 h, (4) heated at 600°C for 1 h in air, and (5) heated at 600°C for 1 h in vacuum.
These treated surfaces were characterized in order to evaluate their surface prop-
erties and cell interaction, in order to assess if the treatments were effective in
obtaining a surface presenting at the same time bone-like apatite induction ability,
and low metal ion release. Wettability was examined by surface contact angle
measurements. The untreated surface showed 55°, which was the highest value of
surface contact angle, indicating that the untreated surface is not at an active stage.
On SiC-polished surface, it was 50°, then it follows very low values of contact
angle; the in-air oxidized surface exhibits almost zero degree of contact angle,
indicating very high wettability. It was also reported that such active surface was
covered with a film of a composition close to standard Ca/P ratio bone-like apatite
after the surfaces were immersed in SBF (simulated body fluid) for 30 days [6-33].

6.3. ALLERGIC REACTION

Allergy is the opposite of AIDS (acquired immune deficiency syndrome). Allergy
symptoms are the result of too much immunity. The immune system produces anti-
bodies to fight infections. If one has AIDS, he has too little immunity to defend
himself against getting sick. AIDS is too little immunity, and allergy is too much.
Metal sensitivity is thought to be a very important factor in the overall biocom-
patibility of implants. Although titanium has not been found to show sensitivity,
other materials such as nickel from stainless steel, other high nickel alloys, and
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cobalt from cobalt-based alloys have shown to be sensitizers in skin dermatitis and
might, therefore, show an allergic response upon implantation [6-34]. Allergic
contact dermatitis to metals is a common skin disease in many countries of the
world. Ni allergy is most frequent, and the prevalence is reported to be 10% in
females and 1% in men [6-35]. The incidence of Ni allergy has increased espe-
cially in the young female generation, where the cause is probably due to the
increased habit of ear piercing in females in recent years [6-36, 6-37]. Cr is
another well-known metal allergen. Especially in men, occupational chromium
dermatitis occurs among cement workers, Cr platers, and workers dealing with
leather tanning [6-38].

Ti is considered as a non-sensitizing or less sensitizing metal, and the applica-
tion of Ti materials is increasing rapidly in a variety of products such as spectacle’
rims, wrist watches, and dental/medical materials. However, there are some reports
of contact dermatitis due to Ti [60-39, 6-40]. Titanium allergy is barely recognized
in mainstream medicine — yet it was reported that as many as 1 in 10 people can
be affected by it. For those afflicted with titanium allergy, the symptoms can be
multiple and bewildering. These can range from simple skin rashes to muscle pain
and fatigue. From foodstuff to medicine, titanium is now an everyday metal.
Several brands of candy, such as Skittles and M&M, have titanium dioxide in the
coating — often described by its E-number: E171. Some brands of toothpaste and
cold medicine contain titanium particles, as discussed in Chapter 4. Like all met-
als, titanium releases particles through normal corrosion. These metals become
ions in the body and then bind to body proteins. For those who react, the body will
try to attack this structure. This starts a chain reaction which can lead to many
symptoms including chronic fatigue syndrome (CFS) or, in the most severe cases,
multiple sclerosis (MS). The MELISA® test is the only scientifically proven test
which can diagnose titanium allergy and measure its severity. Those who test pos-
itive should avoid exposure or remove the titanium from their body to stop the
internal reaction. This can be simple, like changing a brand of toothpaste. Or it
may be more complex, such as replacing titanium implants [6-41].

Identification of the causative chemical of contact dermatitis, comparison of the
sensitization potency of chemicals and the finding of cross-reactivity among these
chemicals are important to develop a safe material for the metal-sensitized patients.
For this purpose, reproducible animal models are useful. Cr sensitization is easily
induced in animals by using potassium dichromate, which is recognized as a strong
sensitizer [6-42—6-46]. Although the sensitization rate to Ni in humans is the highest
among various allergens, the sensitization potential of Ni salts was reported to be
weak to mild in the animal studies [6-42, 6-43, 6-47—6-50]. On the other hand, there
is little knowledge about the sensitization potential of zirconium and titanium salts by
animal assays using these salts. Ikarashi et al. [6-51] evaluated contact sensitization
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capacity of four metal salts, nickel sulfate (NiSO,), potassium dichromate (K,Cr,0,),
titanium chloride (TiCl,), and zirconium chloride (ZrCl,), using guinea pigs and
mice. In the guinea-pig sensitization tests, an injection concentration to 1% for all
chemicals was set up, and the challenge concentration was changed. Guinea pigs were
sensitized with NiSO,, K,Cr,0,, and TiCl,. It was found that (i) among the test metal
salts, K,Cr,O, showed the highest sensitization rate and strongest skin reactions, (ii)
ZrCl, did not cause any sensitization responses under our experimental conditions,
(iii) minimal challenge concentration to cause a skin response was <0.25% for
K,Cr,0, 0.5% for NiSO,, 2% for TiCl,, and (iv) in the sensitive mouse lymph node
assay, TiCl, as well as ZrCl, caused mild lymph node responses, but was classified as
a non-sensitizer. Based on these findings, it was concluded that the order of sensiti-
zation potential was K,Cr,0,>NiSO,>TiCl,>ZrCl, [6-51].

Titanium brackets are used in orthodontic patients with an allergy to nickel and
other specific substances. Harzer et al. [6-52] studied the corrosive properties of
fluoride-containing toothpastes with different pH values on titanium brackets.
Molar bands were placed on 18 orthodontic patients. In these same patients, tita-
nium brackets were bonded on the left quadrants and stainless-steel brackets on
the right quadrants of the upper and lower arches. Fifteen patients used Gel Kam
containing soluble tin fluoride (pH 3.2), whereas three used fluoride-free tooth-
paste. The brackets were removed for evaluation by light microscopy and scanning
microscopy 5.5—7.0 months and 7.5-17 months after bonding. It was observed that
(1) the matte gray color of titanium brackets dominating over the silver gleam of
the steel brackets was noticed, (ii) the plaque accumulation on titanium brackets
was high, and (iii) pitting corrosion and crevices were observed in only 3 of the
165 brackets tested. It was concluded that the in vivo study confirms the results of
in vitro studies, but the changes are so minor that titanium brackets can safely be
used for up to 18 months [6-52].

Although no cytotoxic effect caused by NiTi alloy has been reported [6-53],
information concerning the biological side effects of Ni is available in literature
[6-54—6-57]. Ni is capable of eliciting toxic and allergic responses [6-54]. Ni can
produce more allergic reactions than all other metal elements [6-55]. The in vivo
study, NiTi alloys show cytotoxic reactions [6-56]. Cases also show the conversion
of Ni-non-sensitive subjects into Ni-sensitive subjects following the use of NiTi
wires [6-57].

It is well documented that some metals are known to produce inflammatory
responses (e.g., Cr, Co, Cu, Ni, Pd, Ti, Zr, and their based alloys) in vitro [6-58—
6-60] and allergic reactions (e.g., Cr, Co, Ni, Ti, and NiTi) in vivo [6-61, 6-62].
Several studies highlight that elements can diffuse from appliances and accumu-
late in tissues [6-63, 6-64]. Ti-6Al-4V is the most frequently employed as an
orthopedic implant material as well as device. However, it was reported that Al is
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an element involved in severe neurological, e.g., Alzheimer’s disease [6-65] and
metabolic-bone disease, e.g., osteomalacia [6-66]. Al accumulated in bone is only
a temporal soft-tissue deprivation [6-67]. Bone remodeling will produce further
Al release, even after the appliances no longer leach out Al, perpetrating the dan-
gerous side affect of this element [6-65, 6-66]. Zaffe et al. [6-67] studied CpTi
plates, Ti-6Al-4V screws, and surrounding tissues to evaluate the release and
accumulation of ions. Optical microscopy, SEM, and X-ray microanalysis were
carried out to evaluate the plates and screws removed from patients presenting
inflammation and biopsies. It was reported that (i) ions released from metallic
appliances or leaching from granules toward soft tissues was observed, (ii) an
accumulation of Al but not Ti was found in soft tissues, and (iii) a peculiar accu-
mulation of Al in the dense lamella of newly formed bone was recorded, indicat-
ing that biological perturbations may be related to Al release from the tested
biomaterials [6-67].

6.4. METABOLISM

Most attempts to determine the concentration of titanium in animals and plant
tissues have met with little success because of the very low levels involved [6-68].
In man, the highest levels of titanium appear to be associated with the spleen and
adrenals, at around 10 pg/100 g with much lower amounts in the liver (3 ug) and
kidneys (1.5 ug). It was demonstrated that there is increased titanium content in
the lungs with increasing age in humans, but there was little evidence of accumu-
lation in other tissues [6-69]. Very little exists concerning the metabolism of tita-
nium and indeed there is some confusion over this subject. Generally, it appears
there is little absorption of titanium in the gastrointestinal system, although the lit-
tle that is absorbed appears to be stored in the heart, lungs, spleen, and kidneys of
experimental animals [6-70].

It has been shown that titanium oxide (TiO,) is transported in blood by phago-
cytic monocytes and deposited in organs such as liver, spleen, and lung 6 months
after intraperitoneal injection [6-71]. Furthermore, it is well known that exposure
to metal traces alters the cellular redox status. Rats were intraperitoneally injected
with 1.60 g/100 g body weight of TiO, in saline solution. Organs (liver, spleen,
lung) were processed for histological evaluation. Reactive oxygen species in alve-
olar macrophages obtained by bronchoalveolar lavage were evaluated using the
nitroblue tetrazolium test and quantitative evaluation by digital image analysis. It
was found that (i) the histological analysis of organs revealed the presence of
titanium in the parenchyma of these organs with no associated tissue damage, and
(i1) although in lung alveolar macrophages TiO, induced a significant rise in reac-
tive oxygen species generation, it failed to cause tissue alteration [6-72].
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Schlegel et al. [6-73] evaluated the Ti level within the muco-periosteal flaps
covering submerged Ti implants. It was assumed that implant-covering flap was
never absolutely immobile, and the existing small movement may have led to an
eraser-like effect which impregnated the tissue continuously with titanium.
Since Ti transfer to the muco-periosteal flap during insertion is only a minor
possibility due to the standardized surgical technique, the eraser-like effect may
be the only remaining explanation. The investigated material included 38 biop-
sies taken after 2.4—18 months after implant insertion. Any influence of the
implantation trauma itself was excluded due to the evident time delay between
implantation and taking the biopsy. A comparison between Ti impregnation of
the investigated biopsies did not demonstrate any remarkable influence of the
surface differences. This can be explained by the fact that only the top diameter
and not the implant surface as a whole was the contact area with the excised tis-
sue. Ti in the biopsies was analyzed in terms of its effect histologically and
regarding the Ti quantity by spectrophotometry. It was reported that (i) even the
highest Ti contamination was observed, it was considered as a negative effect on
the muco-periosteal cover flaps, and (ii) the results highlighted the biological
acceptance of Ti [6-73].

The increasing use of commercially pure titanium (CpTi) and the Ti-6Al-4V
alloy for material applications in dental and orthopedic implants warrant the
study of the storage and elimination of these elements. To understand the in
vivo storage and elimination of metals, one must first understand the environ-
ment and then the metal. The in vivo environment is essentially a saline (0.9%
NaCl) solution with numerous proteins and enzymes [6-74]. The pH of an
extracellular fluid environment normally ranges from 7.00 to 7.70 [6-75]. The
implantation of a pure metal into a physiological environment may cause it
to ionize or form a metal compound. Hamsters were injected with titanium,
aluminum, and vanadium salts either intraperitoneally or intramuscularly to
study the transport, storage, and elimination of these metals. Blood samples
were taken at 4 or 24 h, and urine samples were at 24, 48, and 72 h. The ham-
sters were then injected weekly for 5 weeks after the initial injection. Blood and
portions of the kidneys, liver, lung, and spleen were taken at sacrifice. All
samples were analyzed for titanium, aluminum, and vanadium concentrations
using graphic furnace atomic adsorption spectroscopy. It was reported that
(i) although titanium was not found to be excreted in the urine which might be
related to its insolubility in the physiological environment, it was found in low
levels in the blood, and was elevated over control in the kidney, liver, and
spleen, (ii) aluminum detection showed wide standard deviations and high
levels in controls; however, aluminum was found to be excreted in the urine and
to be transported by the blood in the experimental animals, and a small amount
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accumulated in the liver and spleen, and (iii) vanadium was excreted in high
levels in the urine, being related to its solubility in physiological conditions
[6-75].

6.5. BIOCOMPATIBILITY

The oral environment with saliva and bacteria is corrosive for dental restorative
materials. For chemical and biological evaluations, appropriate biological tests and
standards are developed. Such tests and standards, which have been developed in
the past 10—-15 years, serve as the basis for recommending any dental restorative
material. Until a few years ago, almost all national and international dental stan-
dards and testing programs focused entirely on physical and chemical properties.
Today, however, dental materials standards require biological testing as well. The
science of dental materials now encompasses a knowledge and appreciation of cer-
tain biological considerations associated with the selection and use of materials
designed for use in the oral cavity. According to existing standards, all dental
materials should pass primary tests (screening to indicate cellular response), sec-
ondary tests (evaluating tissue responses), and usage tests in animals before being
evaluated clinically in humans. Testing programs for dental materials are based on
specifications or standards established by national or international standards
organizations, such as the American National Standards Institute (ANSI) and
International Organization for Standardization (ISO). The oldest and largest of
these programs has been operated continuously by the ADA (American Dental
Association) since the late 1920s. Evaluation of dental products for safety and
efficacy has historically been the scope of both the ADA and the FDA (Food and
Drug Administration). In accordance with these regulations (US Medical Device
Amendments, 1976), all dental materials are reviewed for safety and effectiveness,
and classified by the FDA as Class I, 11, or III. Class I materials are those consid-
ered to be of low risk in causing adverse reactions. Materials in Class II must sat-
isfy the requirements outlined in the current ANSI/ADA specifications. The most
extensive testing is required for Class III materials, which includes full safety and
efficacy assessments prior to marketing. The FDA regulates the components of
dental amalgam into Class II (special controls), whereas the USP (United States
Pharmacopoeia) grade mercury into Class I (general controls) [6-76].

Biological compatibility (or in short, biocompatibility) is the ability of a material
to perform with an appropriate host response in a specific application. There are
three definitions of biocompatibility; (1) the ability of a material to perform with an
appropriate host response in a specific application, (2) the quality of not having toxic
or injurious effects on biological systems, and (3) comparison of the tissue response
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produced through the close association of the implanted candidate material to its
implant site within the host animal to that tissue response recognized and established
as suitable with control materials. All these definitions deal with materials and not
with devices. This is a drawback since many medical devices are comprised of many
materials. Much of the pre-clinical testing of the materials is not conducted on the
devices, but rather the material itself. At some stage, however, the testing will need
to include the device, since the shape and geometry of the device will also affect the
biocompatibility [6-77]. The biocompatibility of a long-term implantable medical
device refers to the ability of the device to perform its intended function, with the
desired degree of incorporation in the host, without eliciting any undesirable local or
systemic effects in that host. On the other hand, the biocompatibility of short-term
implantable medical device that is intentionally placed within the cardiovascular sys-
tem for transient diagnostic or therapeutic purposes refers to the ability of the device
to carry out its intended function within flowing blood, with minimal interaction
between device and blood that adversely affect device performance, and without
inducing uncontrolled activation of cellular or plasma protein cascades.
Furthermore, the biocompatibility of tissue-engineering products (such as a scaffold
or matrix) must meet more engineering requirements and refers to the ability to
perform as a substrate that will support the appropriate cellular activity, including the
facilitation of molecular and mechanical signaling systems, in order to optimize
tissue regeneration, without eliciting any undesirable effects in those cells, or induc-
ing any undesirable local or systemic responses in the eventual host.

There are researches on Ti materials focusing on biocompatibility evaluation.
Compared with the presently used (z + f) Ti alloys for biomedical applications,
p-Ti alloys have many advantageous mechanical properties, an improved wear
resistance, a high elasticity and an excellent cold and hot formability, thus promot-
ing their increased application as materials for orthopedic joint replacement. Not all
elements with f§ -stabilizing properties in Ti alloys are suitable for biomaterial appli-
cations — corrosion and wear processes cause a release of these alloying elements
(Nb, Ta, Ti, Zr, and Al) to the surrounding tissue. Eisenbarth et al. [6-78] evaluated
the biocompatibility of alloying elements for f -Ti and near /5 -Ti alloys in order to
estimate their suitability for biomaterial components, with CpTi (grade 2) and the
implant steel (316L stainless steel) as reference materials. The investigation included
the corrosion properties of the elements, proliferation, mitochondrial activity, cell
morphology, and the size of MC3T3-E1 cells and GM7373 cells. It was reported that
the biocompatibility range of the investigated metals is (in decreasing biocompati-
bility): niobium (as a ff-phase stabilizing element) — tantalum (as a ff-phase stabi-
lizing element) — titanium — zirconium (as an o-phase stabilizing element) —
aluminium (as an o-phase stabilizing element) — 316L (Mo containing 18Cr-8Ni
stainless steel with low carbon content) — molybdenum [6-78].
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The biocompatibility of metallic implant surfaces is governed in large part by
the interfacial kinetics associated with metal release and protein binding. The
kinetics of metal release from, and protein binding to, Co-Cr-Mo and Ti implants
(CpTi and Ti-6Al-4V) in human serum were investigated. The studies were carried
out by (1) measuring the temporal release of Cr and Ti into serum from Co-Cr-Mo
and Ti implants, (2) examining the composition of human serum proteins adsorbed
onto the surfaces of Co-Cr-Mo and Ti implants, and (3) identifying the serum pro-
teins associated with the binding of soluble Cr and Ti degradation products. It was
reported that (i) Cr was released from Co-Cr-Mo implant at an order of magni-
tude higher than Ti was released from Ti implants, (ii) serum became saturated
with soluble Cr and Ti at levels as high as 3250 ng/ml Ti from CpTi, 3750 ng/ml
Ti from Ti-6Al-4V, and 35 400 ng/ml Cr from Co-Cr-Mo degradation, and (iii)
both Cr and Ti released from Co-Cr-Mo and Ti materials exhibited a bimodal bind-
ing pattern to both low molecular weight serum protein(s) (<32 kDa), and to
higher molecular weight protein(s) in the 180-250 kDa range. Based on these
findings, it was concluded that identification of metal alloy-dependent biofilm
compositions and dissolution products provides the basis for understanding the
bioavailability and bioreactivity of these implant alloys and their degradation
products [6-79].

Krupa et al. [6-80] investigated the corrosion resistance and biocompatibility of
titanium after surface modification by the ion implantation of calcium, phospho-
rus, or calcium + phosphorus. Calcium and phosphorus ions were implanted in a
dose rate of 10'7 ions/cm? at the ion beam energy of 25 keV. The corrosion resist-
ance was examined by electrochemical methods in a simulated body fluid (SBF)
at a temperature of 37°C. The biocompatibility was evaluated in vitro. The results
of the electrochemical examinations (Stern’s method) indicated that (i) the cal-
cium, phosphorus, and calcium + phosphorus implantation into the surface of
titanium increases its corrosion resistance in stationary conditions after short- and
long-term exposures in SBE, (ii) potentiodynamic tests showed that the calcium-
implanted samples undergo pitting corrosion during anodic polarization, and
(iii) the breakdown potentials measured were high (2.5-3V) [6-80], which is
unfairly too high when compared to the reasonable range of intraoral potential
(0-50 mV) (see Chapter 3).

For enhancing the biocompatibility of Ti materials, there are several methods
proposed. Li et al. [6-81] coated a thin hydroxyapatite (HA) layer on a microarc
oxidized titanium substrate by means of the sol-gel method. The HA sol was aged
fully to obtain a stable and phase-pure HA, and the sol concentration was varied
to alter the coating thickness. Through the sol-gel HA coating, the Ca and P con-
centrations in the coating layer increased significantly. It was reported that (i) the
microarc oxidation (anodizing) enhanced the biocompatibility of the Ti, and the
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bioactivity was improved further by the sol-gel HA coating on the anodized Ti,
and (ii) the proliferation and alkaline phosphatase activity of the osteoblast-like
cells on the microarc-oxidized Ti/HA sol-gel-treated Ti were significantly higher
than those on the microarc-oxidized Ti without the HA sol—gel treatment [6-81].

Schwarz et al. [6-82] evaluated the influence of plaque biofilm removal on the
mitochondrial activity of human SaOs-2 osteoblasts grown on titanium surfaces.
Volunteers wore acrylic splints with structured titanium disks for 72 h to build up
plaque biofilms. Specimens were randomly instrumented using (1) ultrasonic sys-
tem + chlorhexidine, or (2) plastic curettes + CHX. Specimens were incubated with
SaOs-2 cells for 6 days. Residual plaque biofilm/clean implant surface areas (%),
mitochondrial cell activity (counts/second), and cell morphology were assessed. It
was concluded that (i) mitochondrial cell seemed to be impaired by the presence of
residual plaque biofilm areas, and (ii) its removal alone might not be the crucial step
in the re-establishment of the biocompatibility of titanium surfaces [6-82].

Nitinol (or NiTi)-based shape memory alloys were introduced to medicine in
the late 1970s. Despite unique physical, chemical, and mechanical properties asso-
ciated with NiTi, the wide medical application has been hindered for a long time
because of the lack of knowledge on the nature of the biocompatibility of NiTi
alloys. A review of biocompatibility with an emphasis on the most recent studies,
combined with the results of X-ray surface investigations, allows us to draw con-
clusions on the origin of the good biological response observed in vivo. The ten-
dency of nitinol surfaces to be covered with TiO, with only a minor amount of
nickel under normal conditions is considered to be responsible for these positive
results. A certain type of toxicity, usually observed in vitro studies, may result
from the much higher in vitro Ni concentrations which are probably not possible
to achieve in vivo. The essentiality of Ni as a trace element may also contribute to
the nitinol (NiTi) biocompatibility within the human body tissues [6-83].

The unique properties of NiTi have provided the enabling technology for many
applications in the medical and dental industries, including implants within the
bloodstream. Two particularly successful NiTi medical devices are the Simon
Nitinol Filter and the Mitek bone suture anchor. The Simon Nitinol Filter is an
umbrella-shaped device deployed via the shape memory effect to entrap blood
clots in the vena cava. Mitek bone suture anchors have revolutionized the field of
orthopedic surgery by providing a secure, stable attachment for tendons, liga-
ments, and other soft tissue to bone. Based on more than 20-years successful clin-
ical performance, the excellent biocompatibility, very high corrosion resistance,
and excellent cytocompatibility of NiTi has been proven. The nickel in NiTi is
chemically joined to the titanium by a strong intermetallic bond, so the risk of
reaction, even in patients with nickel-sensitivity, is extremely low [6-84—6-86].
There are several studies revealing a lower biocompatibility of NiTi under certain
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conditions [6-56, 6-87]. The surface preparation techniques have been shown to
have a significant effect on the biocompatibility of the alloy [6-87]. lon release
measurements on NiTi alloy have shown that the initial rate of Ni ion release is
high, but falls rapidly within 2 days, which is similar to that of Ni released from
316L stainless steel [6-53, 6-88], although 316L stainless steel contains only
8 wt%. Armitage et al. [6-89] prepared NiTi which was mechanically polished,
followed by buff-polishing with the diamond paste, in order to study the influences
of surface modifications on the biocompatibility. For another modification, sur-
faces were shot-peened with 160 um spherical glass media, and electropolished in
30% HNO, in CH,OH. It was reported that (i) cytotoxicity and cytocompatibility
studies with both fibroblast and endothelial cells showed no differences in the bio-
compatibility of any of the NiTi surfaces, (ii) the cytotoxicity and cytocompatibil-
ity of all surfaces were favorable compared to the untreated controls, (iii) the
hemolysis caused by a range of NiTi surfaces was no different from that caused by
polished 316L stainless steel or polished titanium surfaces (iv) heat treatment (by
in-air oxidation at 400C for 30 min or 600°C for 30 min) of NiTi was found to
significantly reduce thrombogenicity to the level of the control, (v) the XPS results
showed a significant decrease in the concentration of surface nickel with heat
treatment and changes in the surface nickel itself from a metallic to an oxide state,
and (vi) surface contact angle of both pre-oxidized surfaces showed much lower
(36.3 and 13.5 for 400 and 600°C oxidation, respectively) than polished surfaces
(64.6 for buff-polished and 42.5°C for electro-polished) [6-89], indicating that pre-
oxidation makes the Ti surface more active.

Disks consisting of macroporous NiTi alloy are used as implants in clinical
surgery for fixation of spinal dysfunctions. Prymak et al. [6-90] preformed the
biocompatibility studies by co-incubation of porous NiTi samples with isolated
peripheral blood leukocyte fractions (polymorphonuclear neutrophil granulocytes,
PMN; peripheral blood mononuclear leukocytes, PBMC) in comparison with
control cultures without NiTi samples. The cell adherence to the NiTi surface was
analyzed by fluorescence microscopy and scanning electron microscopy. The acti-
vation of adherent leukocytes was analyzed by measurement of the released
cytokines using enzyme-linked immunosorbent assay. It was found that (i) the
cytokine response of PMN (analyzed by the release of IL-1ra and IL-8) was not
significantly different between cell cultures with or without NiTi, (ii) there was a
significant increase in the release of IL-1ra, IL-6, and IL-8 from PBMC in the
presence of NiTi samples, but (iii) in contrast, the release of TNF-oo by PBMC was
not significantly elevated in the presence of NiTi, and IL-2 was released from
PBMC only in the range of the lower detection limit in all cell cultures [6-90].

Filip et al. [6-91] characterized the surface and the bulk structure of NiTi
implants by SEM, TEM, XPS, and AES (scanning Auger electron microprobe
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analysis). NiTi implants were compared with otherwise identically prepared non-
implanted specimens, sputter-cleaned, and reoxidized samples. Non-implanted
and implanted samples had essentially the same surface topography and
microstructure. Ti, O, and C were the dominant elements detected on the surface.
Trace amounts (~1 at%) of Ni and Ca, N, Si, B, and S were also detected. Ti was
present as TiO, on the surface, while nickel was present in metallic form. A sig-
nificant difference in Ni peak intensity was observed when retrieved or non-
implanted control samples (very low nickel content) were compared with
sputter-cleaned and reoxidized samples (well-detected Ni). It is mentioned that
(1) the method of passivation is crucial for Ni loosening, and (ii) no major changes
occurred in the NiTi sample bulk structure or in the surface oxide during the
implantation periods investigated [6-91].

Early passive or active motion programs after flexor tendon repair have been
shown to be extremely beneficial [6-92, 6-93]. However, the application of early
active motion increases the stress on the repair, leading to a significant number of
repair ruptures [6-94]. It seems to be that two factors are involved in producing a
strong mechanical repair, the technique used and the suture material. Stainless
steel has better tensile strength and good knot-holding security, but it is difficult
to use and is weakened by kinking [6-95-6-98]. NiTi SME alloy has been intro-
duced as a possible new suture material for flexor tendon surgery [6-99-6-101].
NiTi sutures were implanted for biocompatibility testing into the right medial gas-
trone tendon in 15 rabbits for 2, 6, and 12 weeks. Additional sutures were
implanted in subcutaneous tissue for measuring strength in order to determine the
effect of implantation on strength properties of NiTi suture material. Braided poly-
ester sutures of approximately the same diameter were used as control. It was
found that (i) encapsulating membrane formation around the sutures was minimal
in the case of both materials, (ii) the breaking load of NiTi was significantly
greater compared to braided polyester, and (iii) implantation did not affect the
strength properties of either material [6-102].

6.6. BIOMECHANICAL COMPATIBILITY

Biomaterials (especially, implantable materials) must function under biomechani-
cal environments. If there is no compatibility between placed foreign biomaterials
and the receiving host tissue, the intended biofunctionality cannot be accom-
plished. This is one of three important compatibilities required for successful and
biofunctional implants; it is needless to say that the other two compatibilities are
biological compatibility (which has been discussed already) and morphological
compatibility (which will be discussed in Chapter 7). Figure 6-1 shows a linear



144 Bioscience and Bioengineering of Titanium Materials

10,000 T T T T TrITg T T T T TTTTg T TrrTT

L 5

T
s
s

5_ —

psz ||CF.” _| bioinert
- biotolerant

bioactive ;

=

1,000

T
w
~
P
~
~
X
[7]
o
1

Yield Strength, 6, [MPa]
T
=
m
1

100

T T
~
[ |

T
~
1

T
%
1

10 I L Ll [ R [ R IR
5 10 5 100 5 1,000

Modulus of Elasticity, E [GPa]

Figure 6-1. Linear relationship between strength and rigidity of various biomaterials in log—log
plot. P: polymeric materials, B: bone, HSP: high strength polymers (Kelvar, Kapton, PEEK, etc.),
D: dentin, TCP: tricalcium phosphate, HAP: hydroxyapatite, E: enamel, TI: commercially pure
titanium (all unalloyed grades), TA: titanium alloys (e.g., Ti-6Al-4V), S: steels (e.g., 304-series
stainless steel), A: alumina, PSZ: partially stabilized zirconia, CF: carbon fiber.

relationship between strength (in terms of yield strength) and rigidity (in terms of
modulus of elasticity) among various types of biomaterials.

From the above figure, several interesting and important things can be pointed out.
(1) There is a linear relationship between the strength and rigidity of biomaterials
by factor of 10, regardless of the type of material. (2) HAP and TCP are positioned
between TI and TA (as foreign implants material) and bone (as a receiving host sub-
stance). As is well documented, applying HAP or TCP on Ti materials is aimed to pro-
mote the osseointegration of titanium biomaterials. As far as the biological
compatibility is concerned, there is no problem to have a HAP or TCP layer between
the TI/TA substrate and bone tissue. But, when the mechanical behavior of the inter-
face between these materials comes into consideration, there could be a large quan-
tity of interfacial stress built up due to the remarkable differences in modulus of
elasticity between the two materials. If such interfacial (discrete) stress exceeds the
bonding strength (due to the osseointegration) between the implant material’s surface
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and bone tissue, there may not be a successful biointegration. Fortunately, having a
HAP or TCP coated on the TI or TA will tremendous reduce the differences in mod-
ulus of elasticity between these materials, because HA or TCP can be found between
bone and TA or TI substrate in the above figure, serving as a sort of mechanical
buffering function. This assists and promotes a mechanical biocompatibility, in addi-
tion to the original purpose of achieving the biological compatibility.

One important variable in the role of bone remodeling is the difference in mod-
ulus of elasticity between bone and its replacement [6-103]. Normally the larger
the difference, the more rapidly bone changes take place. Ti is particularly good in
this regard because of its lower modulus of elasticity [6-104]. However, this is not
true when the above mechanical environment is concerned. Medical grade tita-
nium samples were examined using X-ray photoelectron spectroscopy before and
after immersion in various proteins. Additionally, an implant removed from a
patient following clinical failure was examined using scanning ion and electron
microscopy. The surface of the as-received sample was found to be mainly TiO,,
with contaminations of H,O/OH™, and also calcium and nitrogen, which remained
after autoclaving. The failed clinical sample was found to be partially fibrously
encapsulated, with evidence of calcification. Small amounts of TiOOH were
detected at the fibrous periphery [6-104], supporting the theory of Tengvall ef al.
[6-105, 6-106].

The surface layer of implants should be biomechanically compatible with the
mechanical properties of vital soft/hard tissues, as mentioned before. For accom-
plishing this specific aim, we have already discussed that coating of the material (with
HAP or TCP) is very effective. Another technique was introduced by Asaoka et al.
[6-107] who prepared titanium powder with a granule diameter of 420—500 um and
fabricated porous titanium specimens made from this powder. The mechanical prop-
erties of these specimens were examined. It was reported that (i) the compressive
strength and low cyclic compressive fatigue strength were 182 and 40 MPa, respec-
tively, (ii) the compressive strength of the porous-titanium-coated dental implants was
230 MPa, but fatigue strength was not improved. The possibility of using porous tita-
nium on dental implant can be considered with respect to biomechanical compatibil-
ity and strength, (iii) materials with an elastic modulus of 70200 GPa have most
frequently been used for dental implants, but porous titanium has a lower elastic mod-
ulus than this value, however (iv) a thick core with an ingrowth of tissue into void
channels raises the elastic modulus of the material [6-107].

Once a biomechanical compatibility is established, the placed implant needs to
bond and incorporate firmly to the surrounding tissue structure. There are four
basic methods to fix implants to bone. The first method is based on modifying the
implant’s surface form and texture to promote fixation by mechanical interlocking
on the macro or micro scale. For example, plasma-sprayed coatings of metal or
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other materials (including ceramics) on their surface promote macrointerlock and
microinterlock. The second basic method of bone—implant fixation involves the
use to some type of “bioactive” biomaterials for the implant, either as a surface
coating or as the bulk material, to promote stronger bone—implant attachment
through the physical and/or chemical bonding between implant surface and tissue
constituents. The third fixation concept is “osseointegration”, which indicates a
direct structural and functional connection between vital bone and the surface of
a load-carrying implant through the macrointerlocking as well as micro-interlock-
ing. In the last few years, the main advancements in implantology were achieved
by creating optimal surface qualities of dental implants. New osteo-inductive and
osteo-conductive surfaces have been developed [6-108—6-113]. The reason for
working on an optimal surface was to achieve a better result of osseointegration
and therefore a better long-term stability of dental implants. To achieve a full
osseointegration and good peri-implant gingival was the main task of scientific
work. Good peri-implant gingival has a protective function for the bone—implant
interface [6-49, 6-55]. The fourth fixation concept is “fibro-osseo integration”
(“pseudo-periodontal ligament). This is a connection of implant to tissue by
means of a region of non-mineralized connective tissue which forms adjacent to
the implant and attaches it to surrounding bone [6-114].

While it is known that dental implants can work due to the osseointegrtaion,
implants can also fail. In designing a successful dental implant, the main objective
is to ensure that the implant can support biting forces and deliver them safely to
interfacial tissues over the long term. Biomechanics are central in this design prob-
lem. Key topics include: (1) the nature of the biting forces on the implants (2) how
the biting forces are transferred to the interfacial tissues, and (3) how the interfa-
cial tissues react, biologically, to stress transfer conditions. For biting forces on
dental implants, the basic problem is to determine the in vivo loading components
on implants in various prosthetic situations, e.g., for implants acting as single
tooth replacements or as multiple supports of loaded bridgework. Significant
progress has been made as several theoretical models have been presented for
determining the partitioning of forces among dental implants supporting bridge-
work. Interfacial stress transfer and interfacial biology represent more difficult
problems. While many engineering studies have shown that variables such as
implant shape, elastic modulus, extent of bonding between implant, and bone can
affect the stress transfer conditions, the unresolved question is whether there is any
biological significance to such differences. Recent research suggests that the
research for a more detailed hypothesis regarding the relationship between inter-
face mechanics and biology should take into account basic bone physiology, e.g.,
wound healing after implantations plus basic processes of bone modeling and
remodeling [6-115]. The successful clinical results achieved with osseointegrated
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dental implants underscore the fact that such implants easily withstand consider-
able masticatory loads. In fact, one study showed that bite forces in patients with
these implants were comparable to those in patients with natural dentitions.
Studies of the interface between titanium implants and bone show that a close con-
tact between a titanium implant develops during the healing period. It is important
to analyze macroscopic stress distribution and load transfer mechanisms where
close apposition of bone to titanium implants is provided at the microscopic level.
The close apposition of bone to the titanium implant is the essential feature that
allows a transmission of stress from the implant to the bone without any apprecia-
ble relative motion or abrasion. The absence of any intermediate fibrotic layer
allows stress to be transmitted without any progressive change in the bond or con-
tact between the bone and implant. The osseointegrated implant provides a direct
contact with bone, and therefore will transmit any stress waves or shocks applied
to the fixtures. For this reason, it is advisable to use a shock-absorbing material
such as acrylic resin in the form of acrylic resin artificial teeth in the fixed partial
denture. This arrangement allows for the development of a stiff and strong sub-
structure with adequate shock protection on its outer surface [6-114].

Since dental implants must withstand relatively large forces and moments in
function, a better understanding of in vivo bone response to loading would aid
implant design. Brunski [6-116] pointed out that the following topics are essential
in this problem: (1) theoretical models and experimental data are available for
understanding implant loading as an aid to case planning, (2) at least for several
months after surgery, bone healing in gaps between implant and bone, as well as
in pre-existing damaged bone, will determine interface structure and properties,
(3) an interfacial cement line exists between the implant surface and bone for tita-
nium and hydroxyapatite, (4) excessive interfacial micromotion early after implan-
tation interferes with local bone healing and predisposes the implants to a fibrous
tissue interface instead of osseointegration, and (5) large strains can damage bone.
For implants that have healed in situ for several months before being loaded, data
support the hypothesis that interfacial overload occurs if the strains are excessive
in interfacial bone [6-116].

Beside the surface qualities, there are other important factors for achieving
perfect peri-implant bone and gingival conditions. In most cases eccentric
forces, overloading of implants, and stress forces are the main reason for peri-
implant bone loss in the crestal region, and therefore bad peri-implant results.
So it is important to avoid large and eccentric force to prevent peri-implant
bone damage. In some cases, it is not possible to avoid small tension forces
caused by technical production of superstructures. This tension can only be
minimized by biokinetic abutments positioned in the implant neck region.
These “intramobile elements” were used in the last years as interpolated
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silicon shock absorbing elements [6-115, 6-117-6-119]. The silicon abutments
were in direct contact to the peri-implant gingival, although this material is not
suited as a bioinert implant material in this region. Therefore, it is necessary
to develop a new implant system with good surface qualities in the
intraosseous and trans-gingival region that includes a central shock-absorbing
element without contact to the peri-implant region. It was reported that good
functional properties are essential in dental implantology. Biokinetics ele-
ments are imitating dental resilience. The mobile implant (SIS Inc.,
Klagenfurt, Australia) is a self-cutting conical screw implant with an inte-
grated biokinetic element. The shock absorber is a central part of the implant
and a titanium ring closes the shock-absorbing unit within the implant. The
resilience of the implant was tested by axial and horizontal loading in a spe-
cial testing unit. Furthermore, a survival test of the elastic titanium ring in the
most exposed cervical part of the implant was performed. After the region was
examined by electron microscopy after 122 million movements in the axial and
horizontal direction, it was reported that (i) a progressive shock absorption
was registered during horizontal and axial movements, (ii) the maximum
movements were 0.06 mm in the axial and 0.16 mm in horizontal direction,
and (iii) no signs of material destruction were observed in the electron micro-
scopic analysis [6-120].
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Chapter 7
Implant-Related Biological Reactions

Dental implants are an ideal option for people in good general oral health who
have lost a tooth (or teeth) due to periodontal disease, an injury, or some other rea-
son. Dental implants (as an artificial tooth root and usually made from titanium
materials) are biocompatible metal anchors surgically positioned in the jawbone
underneath the gums to support an artificial crown where natural teeth are miss-
ing. There are main three different types of dental implants: (i) root form implants,
(i1) plate form implants, and (iii) subperiosteal implants. Using the root form
implants (the closest in shape and size to the natural tooth root), the healing period
usually varies from as few as 3—6 months or more. During this time osseointegra-
tion occurs. The bone grows in and around the implant creating a strong structural
support. Plate (or blade) form implants are usually used when the bone is so nar-
row that it may not be suitable for the root form implant, and the area is not suit-
able for bone grafting. Like root form implants, there is usually a healing period
for osseointegration, although some plate form implants are designed for immedi-
ate restoration (or immediate loading). With very advanced jawbone resorption
there may not be enough bone width or height for the root form or plate form
implant, and the subperiosteal implant may be prescribed. The subperiosteal
implant is custom made and designed to sit on top of the bone, but under the gums.

Generally, any edentulous (toothless) area having enough bone support can be
an indication for restoring a missing tooth with an implant. A decision has to be
made on case-by-case bases whether it is a good idea based on the patient’s
requirements and expectations. Even though there are practically no absolute con-
traindications for placement of implants, there are few factors that can put it in a
high-risk situation. The followings are normally believed as contraindicative fac-
tors: (1) endocrine disorders, such as uncontrolled diabetes mellitus, pituitary and
adrenal insufficiency, and hypothyroidism can cause considerable healing prob-
lems, (2) uncontrolled granulomatous diseases, such as tuberculosis and sarcoido-
sis may also lead to a poor healing response to surgical procedures, (3) patients
with cardiovascular diseases, taking blood-thinning drugs and patients with
uncontrolled hematological disorders, such as generalized anemia, hemophilia
(Factor VIII deficiency), Factors IX, X, and XII deficiencies and any other
acquired coagulation disorders are contraindicated to surgical procedures due to
poor hemorrhage control, (4) patients with bone diseases, such as histiocytosis X,
Paget’s disease and fibrous dysplasia may not be good candidates for implants,
because there is a higher chance for the implant to fail due to poor osseointegration,
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(5) cigarette smoking, and (6) patients receiving radio and chemotherapy should
not have implants within the 6 months period of therapy [7-1].

For most patients, the placement of dental implants involves two surgical pro-
cedures. First (surgical stage), implants are placed within the jawbone. For the
first three to 6 months following surgery, the implants integrate with the jawbone
— osseointegration (due to successful growing of osteoblasts on and into the rough
surfaces of the implant, forming a structural and functional connection between
the hard tissue and placed implant). After some months the implant is uncovered
and a healing abutment and temporary crown is placed onto the implant. This
encourages the gum to grow in the right scalloped shape to approximate a natural
tooth’s gums and allows assessment of the final aesthetics of the restored tooth.
After the implant has integrated/bonded to the jawbone, the second (prosthetic)
phase begins. The placed implants are uncovered and small posts are attached
which will act as anchors for the artificial teeth. These posts protrude through the
gums. When the artificial teeth (or permanent crowns) are placed, these posts will
not be seen. The entire procedure usually takes 4-8 months.

There are four major factors influencing the success rates of placed implants.
They include (1) correct indication and favorable anatomic conditions (bone and
mucosa), (2) good operative technique, (3) patient cooperation (oral hygiene), and
(4) adequate superstructure. Failure of a dental implant is usually related to failure
to osseointegrate correctly. A dental implant is considered to be a failure if it is lost,
mobile, or shows peri-implant bone loss of greater than 1 mm in the first year after
implanting and greater than 0.2 mm a year after that. Dental implants are not sus-
ceptible to dental caries but they can develop a periodontitis condition called peri-
implantitis where correct oral hygiene routines have not been followed.
Unfortunately, it is true that many times a patient who was evaluated as a good
implant patient candidate has a bad history of dental hygiene practice. Failure in
dental implants is found to be increased in the anterior mandible where bone qual-
ity is not as dense. More rarely, an implant may fail because of poor positioning at
the time of surgery, or may be overloaded initially causing failure to integrate.
Implant surgery is believed to exhibit its success rate of more than 90% of the time.
Occasionally, an implant fails to bond with the surrounding bone. This is usually
discovered at the second-stage surgery when the implant is uncovered and the
surgeon finds it is loose. In this case, the “failed” implant has to be removed, and
another implant can be placed either immediately or later. Potential reasons for
implants failing to integrate with surrounding bone include: surgical trauma, infec-
tion around the implant, smoking (this appears to decrease blood flow to the heal-
ing gums and bone, which could interfere with the bonding process), lack of
healthy bone (if there is not enough bone for the implant to remain stable, the
implant may move around within the bone and bonding will not occur), titanium
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allergies (these are extremely rare) [7-2, 7-3]. Problems also can develop years after
implants are placed. For example, just like natural teeth and gums, the gums around
implants can become infected by bacteria, leading to a form of periodontal disease
called peri-implantitis. If that situation is left untreated, this condition can cause
bone loss, which could cause the implant to become loose and have to be removed.
Generally, this situation can be treated using procedures that are very similar to
those used to treat periodontal disease affecting natural teeth. Another type of com-
plication that can happen over time is the implant-supported restoration (crown,
bridge, or denture) can break, or the implant itself can fracture. This usually hap-
pens if the occlusion is not aligned properly. If the occlusion is off, too much force
might be placed on the restoration or implant. Broken restorations often can be
repaired, but a fractured implant has to be removed. A broken implant or an implant
that fails because of an infection can be replaced with a new implant [7-1].

On the other hand, orthopedic implants are used to replace damaged or troubled
joints. Each implant procedure involves removal of the damaged joint and an arti-
ficial prosthesis replacement, including hip, knee, finger, elbow, shoulder, ankle,
and trauma products. Orthopedic implants are mainly constructed of titanium
alloys for strength and lined with plastic to act as artificial cartilage. Some are
cemented into place and others (i.e., cementless) are pressed to fit and allow the
patient’s bone to grow into the implant for strength. The advantages of orthopedic
implants should include an increased mobility, reduced pain, and a higher quality
of life. The disadvantages can include a strict post-surgery recovery plan, infec-
tion, and possible malfunction. Each implant is designed to withstand the move-
ment and stress associated with each individual joint and to provide increased
mobility and decreased pain. The primary need for orthopedic implants is the
result of osteoarthritis, also called degenerative joint disease. When cartilage is
worn down, painful bone-to-bone contact occurs, or cartilage might break down as
a result of excess body weight and or the lack of joint movement. Historically for
the domain of the elderly, orthopedic implants are now increasingly used to
replace arthritic and/or damaged joints. For hip implants, the form characteristics
of the femoral cup and head are critical to its load-bearing capability. Typically,
however, the main cause of failure in hip joints is due to wear, and in particular the
particles that are generated, resulting in wear debris toxicity. For example, the most
common cause of femoral bone loss is due to osteolysis. Although the total cause
is not known, it has been attributed to a variety of factors including foreign body
reaction to particulate debris, in particular to polymeric debris. As such, the avoid-
ance of wear in hip joints is critical [7-4, 7-5].

Today, titanium and some of its alloys are considered to be among the most bio-
compatible materials. The fact that titanium is being used preferentially in many of
the more recent applications in maxillofacial, oral, neuro-surgery and cardiovascular
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surgery, as well as gaining increasing preference in orthopedics, indicates superiority.
Moreover, commercially they have been successfully used for orthopedic and dental
implants. Several studies show that when titanium is inserted into human bone it
forms an intimate contact with the bone in a process called osseointegration [7-6—
7-8], due to good biocompatibility which is greatly relied on formation of stable
passive oxide film in a biological system including chemical and mechanical envi-
ronments. However, the presence of the passive film is only part of the answer when
we consider the complex interfacial phenomena to be found between titanium and a
biological system. In this chapter, several important points related to successful
implantology will be reviewed.

7.1. BONE HEALING

For both dental and orthopedic implant surgeries, bone healing is the most common,
and major, step immediately after implant placements. There is union bone fracture
and nonunion bone fracture. For these implant surgeries, it is important to understand
the nonunion bone healing mechanism. There are principle steps of peri-implant bone
healing. The first and most important healing phase, osteoconduction, relies on the
recruitment and migration of osteogenic cells to the implant surface, through the
residue of the peri-implant blood clot. This formation of hematoma is similar to that
seen elsewhere in the body. This is a clot of blood originating from the lacerated blood
vessels in the bone and the periosteum. Among the most important aspects of osteo-
conduction are the knock-on effects generated at the implant surface, by the initiation
of platelet activation, which result in directed osteogenic cell migration. Necrotic
bone is then resorbed by osteoclasts, and the hematoma by macrophages. As the
hematoma is resorbed, granulation tissue develops from the periosteum and endos-
teum. When this has completed, pluripotent cells migrate into the granulation tissue.
These cells become chondrocytes, and later osteocytes, producing cartilage and bone,
respectively. The second healing phase (bone formation) results in a mineralized
interfacial matrix equivalent to that seen in the cement line in natural bone tissue.
These two healing phases, osteoconduction and de novo bone formation, result in
contact osteogenesis and, given an appropriate implant surface, bone bonding. The
structure surrounding the fracture site is now slightly harder; this is a provisional cal-
lus. The area can be called a proper callus as time goes on, and more and more woven
bone is made by the osteoblasts. This woven bone is initially remodeled into lamellar
bone. With time, the bone is remodeled over the next few months, and the callus
becomes smaller, as the trabeculae are formed along lines of stress [7-9].

A material implanted in bone is always inserted into coagulating blood.
Protein and cell interactions during this initial implantation time will govern
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later healing. Many studies have focused on the tissue surrounding implants.
Eriksson et al. [7-10] developed a method for evaluation of healing around
implants in bone by studying cells adhering to the implant surface. Hydrophilic
(in other words, active) titanium disks were inserted into rat tibiae. Samples were
retrieved after 1, 2, 4, and 8 days of implantation, and were analyzed by fluo-
rescence microscopy techniques and scanning electron microscopy. Both prolif-
erating and apoptotic cells were found on the surface. Generally, cells closest to
the implant surface were nonviable, whereas cells in the fibrin network a dis-
tance from the surface were viable. Bone morphogenetic protein-2 (BMP-2) is
an osteogenic substance. An increase in BMP-2-positive cells was seen during
the implantation period, and a population of large BMP-2-positive cells
appeared on the surface after 4 days of implantation. Hence, it was evaluated
that this unique method was a suitable tool for rapid evaluation of the initial
healing around implant material [7-10].

Osborn et al. [7-11] classified bio-response to endosseous implants into the fol-
lowing three groups: (1) biotolerant type, characterized by distanceosteogenesis,
(2) bioinert type, characterized by contactosteogenesis, and (3) bioreactive type,
characterized by physico-chemical linkage between the implant and the surround-
ing bone. Rutile-type oxide, which is formed on titanium as a titanium dioxide, is
described as a stable crystalline form similar to ceramics in its bio-reactive behav-
ior [7-12]. However, it is well recognized that Ti is known as a biotolerant bioma-
terial (which exhibits “distance osteogenesis”, so that although such biomaterials
are not rejected from the living tissue, they do not connect to the bone directly
because they are covered with connective tissue), and when inserted to the living
hard tissue, bone regeneration can be achieved either by bone conductive mecha-
nism (using hydroxyapatite, tricalcium phosphate, decalcified frozen dried bone,
or autologous-bone) or bone inductive mechanisms (using bone morphogenetic
protein on scaffold or platelet-rich plasma on scaffold) [7-13].

Titanium nitride (TiN) has been used in many fields as a coating for surgical
instruments, with the purpose of creating materials more resistant to wear and cor-
rosion, and also reducing adhesion. Titanium implants (180 implants with 2X2
mm?) were divided into the following three groups: Group 1 (n=60): 30 machined
and 30 machined TiN-coated, Group 2 (n=60): 30 sandblasted and 30 sandblasted
TiN-coated, and Group 3 (n=060): 30 titanium plasma sprayed, 30 titanium plasma
sprayed and coated with TiN. The animals were killed after 5, 10, 20, 30, or 60
days. It was reported that (i) the healing around the TiN-coated implants was sim-
ilar to that observed around the uncoated surfaces, and (ii) the TiN coating demon-
strated a good biocompatibility, did not have unwanted effects on the peri-implant
bone formation [7-14].
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7.2. HEMOCOMPATIBILITY

Blood-contacting materials for long-term implantation in the body, such as artificial
hearts, artificial valves, and stents, are required to have good blood compatibility.
The correlations between Ti oxide layers on oxidized Ti substrates and blood platelet
adhesion were examined. Untreated CpTi and three differently treated CpTi (treated
in 1-10% hydrogen peroxide for 2—6 h, heated at 300, 400, and 500°C for 3 h, and
treated in 3% H,O, and heated) were tested. It was found that (i) titanium oxide lay-
ers formed on Ti by heating displayed less blood platelet adhesion than thin oxide
layers on untreated NiTi, (ii) the largest number of adhesive platelets was found on
the H,0,-oxidized surface, (iii) adhesive platelets could hardly be observed on Ti
substrate treated with H,O, and subsequently heated above 300°C, and (iv) the num-
ber of blood platelets adhering to these substrates is indicated as follows: H,O,-
treated CpTi > untreated CpTi > in-air oxidized CpTi > H,O,-treated and
subsequently oxidized CpTi [7-15]. Hemocompatibility is a key property of bioma-
terials that come in contact with blood. Surface modification has shown great poten-
tial for improving the hemocompatibility of biomedical materials and devices
[7-15]. The hemocompatibility of the titanium oxide films was characterized in
terms of clotting, time, blood platelet adhesion and activation, thrombin time, and
thrombinogen time. Huang et al. [7-16] studied the behavior of protein adsorption
by irradiation labeling with '2°I. Ti-O thin films were prepared by plasma immersion
ion implantation (PI*) and deposition, and by sputtering. Systematic evaluation of
hemocompatibility, including in vitro clotting time, thrombin time, prethrombin
time, blood platelet adhesion and in vivo implantation into a dog’s ventral aorta or
right auricle from 17 to 90 days, proved that Ti-O films have excellent hemocom-
patibility. It is, hence, suggested that the significantly lower interface tension among
Ti-O films, blood and plasma proteins, and the semiconducting nature of Ti-O films,
give them their improved hemocompatibility [7-16].

Already widely used in the orthopedic field as biomaterials, Ti-6Al-4V could be
selected as the construction material for blood-contacting devices, such as the left
ventricular assist device [7-17]. Several authors have discussed the biocompatibil-
ity and hemocompatibility of pure titanium [7-18—7-21]. Protein adsorption stud-
ies on titanium oxide (TiO,) have been reported [7-22, 7-23]. Ti-6Al-4V alloy
behavior toward bovine serum albumin (BSA) and bovine gamma-globulin has
been studied using an enzyme-linked immunosorbent assay, and has demonstrated
a greater protein binding for Ti-6Al-4V alloy than for stainless steel [7-24]. These
results indicate that the Ti-6Al-4V alloy is well tolerated by blood [7-17]. It was
also suggested that the Ti-6Al-4V alloy is well tolerated by the blood and, there-
fore, is a promising biocompatible material for construction of biomedical
devices, either in the orthopedic field or in the cardiovascular one [7-17].
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Muramatsu et al. [7-25] evaluated the fibrin deposition and blood platelet adhe-
sion onto alkali- and heat-treated CpTi, alkali- and water-treated CpTi, and alkali-
and heat-treated CpTi formed with apatite in simulated body fluid. They were
evaluated by exposure to anticoagulated blood or washed platelet suspension
under static conditions and subsequent observation with scanning electron
microscopy. It was reported that (i) thrombus formation on alkali-treated CpTi
surfaces, which were exposed to heparinized whole blood for 1 h, was signifi-
cantly less than that on untreated control CpTi, on which pronounced depositions
of fibrin-erythrocytes and lymphocytes were observed, (ii)) no thrombus was
observed on the apatite-like formed CpTi surface, and (iii) the apatite-like formed
CpTi surface exhibits stronger antithrombogenic characteristics than CpTi and
other materials examined in heparinized blood [7-25].

The role of apoptosis/cell death in the inflammatory response at the implanted
materials is unexplored. Two surfaces with different cytotoxic potential and in vivo
outcomes, titanium (Ti) and copper (Cu) were incubated in vitro with human
monocytes and studied using a method to discriminate apoptotic and necrotic
cells. It was found that Ti surfaces displayed enhanced monocyte survival and pro-
duction of IL-10 and TNF-a. Cu adherent cells exhibited apoptotic signs as early
as 1 h after incubation, but (ii) in contrast to Ti, after 48 h the predominance of
apoptotic cells switched to apoptotic/necrotic cells on Cu surfaces, and (iii) mate-
rial properties rapidly influence the onset of human monocyte apoptosis and pro-
gression to late apoptosis/necrosis, concluding that early detection of apoptosis
and cell death may be important for the understanding of the biological response
to implanted materials [7-26].

Ion implantation onto NiTi has been used to decrease the surface nickel concen-
tration of this alloy and produce a titanium oxide layer [7-16]. Nothing is known yet
about the blood compatibility of this surface and the suitability for implants in the
blood vessels, like vascular stents. Maitz et al. [7-27] treated superelastic NiTi by
oxygen or helium plasma-immersion ion implantation to deplete surface Ni, lead-
ing to the formation of a nickel-poor titanium-oxide surface with a nanoporous
structure. Fibrinogen adsorption and conformation changes, blood platelet adhe-
sion, and contact activation of the blood clotting cascade have been checked as in
vitro parameters of blood compatibility; metabolic activity and release of cytokines
IL-6 and IL-8 from cultured endothelial cells on these surfaces give information
about the reaction of the blood vessel wall. It was found that (i) the oxygen-ion-
implanted NiTi surface adsorbed less fibrinogen on its surface and activated the
contact system less than the untreated nitinol surface, but (ii) conformation changes
of fibrinogen were higher on the oxygen-implanted nitinol, (iii) no difference
between initial and oxygen-implanted NiTi was found for the platelet adherence,
endothelial cell activity, or cytokine release, and (iv) oxygen-ion implantation is
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seen as a useful method to decrease the nickel concentration in the surface of niti-
nol for cardiovascular applications [7-27].

The Ti-6Al-4V titanium alloy is widely employed as an implant material.
Untreated Ti-6Al1-4V and glow-discharge treated Ti-6Al1-4V samples were tested
on human peripheral blood mononuclear cells. It was found that (i) apoptosis,
undetectable after 24 h contact of peripheral blood mononuclear cells with the two
sample types, is induced after 48 h by treated samples, and, after 48 h, but in the
presence of 1.5 pug/ml PHA, by both sample types, and (ii) although plasma-
treated titanium alloy shows a better biocompatibility in comparison with the
untreated one, attention must be paid to the careful control of the first signs of
inflammation [7-28].

7.3. CELL ADHESION, ADSORPTION, SPREADING, AND PROLIFERATION

Ti implant systems have been exploited as bone-anchored implants for many years.
Although titanium is well tolerated by the body, the reason for the successful use of
this material is not clear. Beneficial effects due to the oxide that spontaneously
forms on Ti have been implicated [7-29, 7-30, see Chapter 4 for details]. The suc-
cess is not due to Ti being passively incorporated into the body, since the body rec-
ognizes Ti as foreign and Ti elicits an inflammatory response. When a biological
system encounters an implant, reactions are induced at the implant—tissue interface.
Such interfacial reactions include that (1) the body wants to keep the implant iso-
lated, (2) a protective layer of macrophages, monocytes, and giant cells is formed,
and (3) a wall of collagen fibers (capsule) is established, and the type of material
may influence the fibrous capsule thickness. Surface and interface properties of
interest are chemical composition, contamination and cleanliness, micro architec-
ture and structure, etc. [7-6]. Fibroblasts lay down dense fibrous tissue (collagen,
elastin, reticular) that is gradually replaced by less dense, normal connective tissue,
but the body cannot build normal tissue all the way up to an implant.

Host hard/soft-tissue response to biomaterials should be considered first as an
inflammatory reaction, as mentioned before. Any biomaterial implanted into the
body will be perceived as a threat. The host defenses will attempt to eliminate it.
This will not happen if the biomaterial is inert and cannot be degraded. Eventually,
inert biomaterials will be integrated into the tissue or will become walled off.
Biodegradable biomaterials are slowly resorbed over time and are eventually elim-
inated. Some biomaterials have chemical reactivity and will continue to stimulate
over long periods of time. The aforementioned inflammatory processes should
include four main stages: initial events (redness, swelling, pain), cellular invasion
(white cells invade tissues), tissue remodeling, repair (being orchestrated by
macrophages; occurs differently in different tissues; bone may completely
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remodel; usually complete within 3—4 weeks), and resolution (extrusion, resorp-
tion, integration, and encapsulation). Furthermore, cellular invasion has neutrophil
action (main function is phagocytes; die at tissue site; release further inflamma-
tory medicators; prostaglandins, leukotrienes) and macrophages (phagocytes;
removal of dead cells; numbers and activity depend on pressure of particulate
material). Moreover, resolution is an attempt to return to the original condition:
extrusion and resorption of implant material for re-establishment of homeostasis,
and integration and encapsulation with a layer of fibrous tissue to establish a
steady state [7-31, 7-32].

The response, however, resembles normal wound healing regarding cell recruit-
ment and persistence [7-33, 7-34]. During the surgical procedure of implantation,
the biomaterial most likely will encounter blood. Almost instantly following con-
tact with blood the implant surface will be covered with plasma proteins that
become adsorbed to the surface [7-35, 7-36]. Ti in contact with serum or plasma
is known to adsorb high molecular weight kininogen, Factor XII, fibrinogen, IgG,
prekallikrein, and Clq [7-37, 7-38]. It was reported that, after 5 s, platelets were
found on Ti surfaces exposed to whole blood, while it took about 10 min before
polymorphonuclear granulocytes adhered [7-39]. Protein—platelet [7-40], leuko-
cyte—platelet [7-41], and protein—leukocyte [7-42] are possible interactions at the
surface. Furthermore, release of inflammatory mediators at the surface may influ-
ence both recruitment and activation of cells [7-40]. The polymorphonuclear gran-
ulocytes are the first leukocytes to be recruited to a Ti surface exposed to blood
[7-39]. Adhesion and activation are two processes polymorphonuclear granulo-
cytes may go through upon material contact. Adhesion involves receptor occupa-
tion with appropriate surface ligands [7-42, 7-43], and when polymorphonuclear
granulocytes are challenged with different stimuli, they activate their NADPH
(nicotinamide adenine dinucleotide phosphate) oxidase (which are a group of
plasma membranes — associated enzymes formed in a variety of cells of mesoder-
mal origin). By using oxygen, the NADPH oxidase produces reactive oxygen
species that are used in the cell’s defense against microorganisms [7-40, 7-44].

Close contact between bone and implant has been observed with titanium
implants [7-45—7-47], but has also been reported with alumina oxide (Al,O;)
[7-48] and zirconium implants [7-49]. Most authors report a noncellular layer
of proteoglycans between bone and titanium [7-46]. There are indications that
implant materials, including a thick proteoglycan layer formation, have a lower
biocompatibility than implants producing a thin proteoglycan layer [7-50,
7-51]. Most of the articles on implant/bone interactions are presented and dis-
cussed based on interfacial reaction between metal surface and bone. However,
this is not right, since the immediate contacting species of the implant surface
is not metal, but its oxide. If the implant material is one of titanium materials,
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titanium oxide should be considered as an extreme surface, contacting the
living hard/soft tissue. Titanium reacts immediately with oxygen when exposed
to air, forming a very thin surface oxide film. This film, which increases
during prolonged exposure to oxygen, consists primarily of titanium dioxide
(TiO,), but Ti,0, and other oxides are also present [7-52, 7-53]. Titanium diox-
ide has physical/chemical characteristics that differ from metallic Ti, character-
istics which are more closely related to ceramics than to metals. As titanium
dioxide particles have been used in chromatography, it is well established that
titanium oxide surfaces bind cations, particularly polyvalent cations [7-54].
Titanium dioxide surfaces have a net negative charge at the pH values encoun-
tered in animal tissues (around 4.0). This binding of cations is based on elec-
trostatic interactions between titanium-linked O~ on the implant surface and
cations. The oxide is highly polarized and attracts water and water-soluble
molecules in general [7-51].

The immediate reactions on the implant surface after exposure in the tissues
may influence later events, and are conceivably important for the clinical success
of the implantation. An understanding of these immediate biological reactions may
be significant. The chemical properties of the titanium oxide surface suggest that
calcium ions may be attached to the oxide-covered surface by electrostatic inter-
action with O7, as just discussed. Calcium deposits have been observed in direct
contact with the titanium oxide [7-50]. According to the same model, calcium-
binding macromolecules may adsorb selectively to the implant surface in vivo as
the next sequence of events. Calcium-binding molecules are often acidic with sur-
face-exposed carboxyl, phosphate, or sulfate groups. Proteoglycans, which con-
tain carboxyl and sulfate groups, might bind to the TiO, surface by this mechanism
[7-46, 7-50, 7-51]. Hydroxyapatite, the major mineral component of bone, also
exhibits a surface dominated by negatively charged oxygen (P-bound) that can
attract cations and subsequently anion calcium-binding macromolecules [7-55,
7-56]. Ellingen [7-22] treated CpTi surfaces with (1) 100 m mol/l CaCl, for 5 min,
water-washed and air-dried, and (2) 100 m mol/l CaCl, for 5 min, followed by
treating for 24 h with 0.2 mol/l EDTA, water-washed and air-dried, with untreated
CpTi as a control. The reaction of human serum proteins with TiO, was examined
and compared with the reaction with hydroxyapatite (HA). It was found that (i) the
oxide covered Ti surfaces reacted with calcium when exposed to CaCl, and cal-
cium was identified to a depth of 17 nm into the oxide layer, (ii) surface-adsorbed
serum proteins were dissolved by EDTA and surfaces of TiO, and HA appeared to
take up the same selectively from human serum, and (iii) albumin, pre-albumin,
and IgG were identified by immunoelectrophoresis, suggesting that calcium bind-
ing may be one mechanism by which proteins adsorb to TiO,, and it is well estab-
lished that this is the case with HA [7-22].
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During the first week after implantation of Ti in soft tissues, a fluid space, which
contains proteins [7-57] and scattered inflammatory cells [7-58], separates the
implant surface from the tissue. The majority of cells in the fluid space are not in
direct contact with the surface during the first week of the healing [7-59].
However, during later time intervals, macrophages are adherent to the surface of
Ti [7-58, 7-60] and other biomaterials [7-61]. One factor which may influence the
regenerating tissue around the implant is the activity of the macrophages and the
release of mediators from macrophages adherent on the implant surface. It is pos-
sible that these cells act as “messenger cells”, transmitting information about the
implant surface structure and composition to the surrounding tissue [7-62, 7-63].

Healy et al. [7-64] employed surface sensitive spectroscopies, Auger electron
and X-ray photoelectron (XPS) techniques to characterize changes in Ti oxide
composition, oxide stoichiometry, and adsorbed surface species as a function of
exposure to human serum in a balanced electrolyte (serum/SIE), and 8.0 mM
ethylenediaminetetraacetic acid in a balanced electrolyte (EDTA/SIE) at 37 V. It
was reported that (i) before immersion, the oxide was near ideal TiO,, covered by
two types of hydroxyl groups: acidic OH(s) with oxygen doubly coordinated to Ti,
and basic Ti-OH groups singly coordinated, and (ii) after extended exposure to both
solutions, up to 5000 h (ca. 200 days), the surface concentration of OH groups
increased and nonelemental P appeared. The adsorbed phosphate species were pre-
sumed to be either Ti-H,PO, or Ti-HPO*". Hence, it was suggested that Ti metal is
not in direct contact with the biological milieu, but rather there is a gradual transi-
tion from the bulk metal, near-stoichiometric oxide, Ca- and P- substituted hydrated
oxide, adsorbed lipoproteins and glycolipids, proteoglycans, collagen filaments and
bundles to cells [7-64]. This finding is very important to develop the gradual func-
tioning implant surface structure, as will be described in Chapter 12.

The protein adsorption behavior of thin films of calcium phosphate bioceramic
and Ti was investigated by Zeng et al. [7-65]. The thin films were produced with
an ion beam sputter deposition technique using targets of hydroxyapatite, fluorap-
atite, and Ti. Fourier transform infrared spectroscopy (FTIR) with attenuated total
internal reflectance was used to evaluate protein adsorption on these surfaces. It
was shown that (i) surface composition and structure influenced the kinetics of
protein adsorption and the structure of adsorbed protein, (ii) calcium phosphate
adsorbed a greater amount of protein than the Ti surface, and caused more alter-
ation of the structure of adsorbed BSA than did the Ti surface, and (iii) the differ-
ences in protein adsorption behavior could result in very different initial cellular
behavior on calcium phosphate bioceramic and Ti implant surfaces [7-65].

MacDonald ef al. [7-66] surface-modified titanium dioxide particles and inves-
tigated their effects on protein adsorption, using a model cell binding protein,
human plasma fibronectin (HPF), which is an important matrix glycoprotein that
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plays a major role in cell and protein attachment. Titanium dioxide surfaces were
modified by heating Titanium dioxide powder at 800°C for 1 h or treating with an
oxidizing agent: peroxide ammonium hydroxide followed by peroxide in
hydrochloric acid. Oxidized and control samples were further treated with
butanol:water (by 9:1 fraction) for 30 min. It was found that (i) maximum HPF
adsorption on modified or unmodified titanium dioxide occurred within 30 min,
with greater protein adsorption occurring on butanol-treated samples, (ii) desorption
was minimal with all modifications, and (iii) by modifying the physico-chemical
properties of titanium dioxide surfaces, it may be possible to alter protein adsorp-
tion, and hence optimize cell attachment [7-66].

The effect of surface roughness (R,: 0.320, 0.490, and 0.874 pum) of Ti-6Al-4V
on the short- and long-term response of human bone marrow cells in vifro and on
protein adsorption was investigated. Cell attachment, cell proliferation, and dif-
ferentiation (alkaline phosphatase specific activity) were determined. The protein
adsorption of BSA and fibronectin, from single protein solutions on rough and
smooth Ti-6Al-4V surfaces was examined with XPS and radiolabeling. It was
reported that (i) cell attachment and proliferation were surface roughness sensi-
tive, and increased as the roughness of Ti-6Al-4V increased, (ii) human albumin
was adsorbed preferentially onto the smooth substratum, and (iii) the rough sub-
stratum bound a higher amount of total protein (from culture medium supplied
with 15% serum) and fibronectin (10-fold) than did the smooth one [7-67].

Eriksson et al. [7-29] treated CpTi surfaces (1) to have a rigid TiO, formation by
boiling CpTi in H,0 — H,0, — NH,OH (5:1:1) for 5 min, followed by heating at
700°C, or (2) to have a rough (facetted) Ti surface by etching in 10% HF to grow
thick oxide film. CpTi surfaces were also treated in concentrated HNO, to grow a
novel thin oxide, which resulted in a rough surface, too. It was observed that all
surfaces consisted of TiO, covered by a carbonaceous layer. The surfaces were incu-
bated with capillary blood for time periods of between 8 min and 32 h. It was
reported that (i) leukocyte adhesion to the surfaces increased during the first hours
of blood-material contact and then decreased, (ii) polymorphonuclear granulocytes
were the dominating leukocytes on all surfaces, followed by monocytes, (iii) cells
adhering to rough surfaces were higher than cells on smooth surfaces, (iv) maxi-
mum respiratory burst response occurred earlier on the smooth than on the rough
surfaces, and (v) topography had a greater impact than oxide thickness on most
cellular reactions investigated, where the latter often had a dampening effect on the
responses [7-29].

Events leading to integration of an implant into bone, and hence determining
the long-time performance of the device, take place largely at the interface formed
between the tissue and the implant [7-68]. The development of this interface is
complex and is influenced by numerous factors, including surface chemistry and
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surface topography of the foreign material [7-30, 7-46, 7-69—7-71]. For example,
Oshida et al. [7-72] treated NiTi by acid-pickling in HF:HNO,;:H,O (1:1:5 by vol-
ume) at room temperature for 30 s to control the surface topology and selectively
dissolve Ni, resulting in a Ti-enriched NiTi surface layer. Zinger et al. [7-73]
investigated the role of surface roughness on the interaction of cells with titanium
model surfaces of well-defined topography using human bone-derived cells
(MG63 cells) to understand the early phase of interactions through a kinetic mor-
phological analysis of adhesion, spreading, and proliferation of the cells. Scanning
electron microscope (SEM) and double immunofluorescent labeling of vinculin
and actin revealed that the cells responded to nanoscale roughness with a higher
cell thickness and a delayed apparition of the focal contacts. A singular behavior
was observed on nanoporous oxide surfaces, where the cells were more spread and
displayed longer and more numerous filopods. On electrochemically microstruc-
tured surfaces, the MG63 cells were able to go inside, adhere, and proliferate in
cavities of 30 or 100 um in diameter, whereas they did not recognize the 10 um
diameter cavities. Cells adopted a three-dimensional shape when attaching inside
the 30 um diameter cavities. It was therefore concluded that nanotopography on
surfaces with 30 um diameter cavities had little effect on cell morphology com-
pared to flat surfaces with the same nanostructure, but cell proliferation exhibited
a marked synergistic effect of microscale and nanoscale topography [7-73].

Rat bone marrow stromal cells were cultured on either a smooth surface (R,: 0.14
um) or a rough surface (5.8 um) of Ti-6Al-4V disks for 24 or 48 h. Cells on the
smooth surface showed typical fibroblastic morphology, whereas cells on the rough
surface were in clusters with a more epithelial appearance. RNA was extracted from
the cells at both time points, and gene expression was analyzed by using a rat gene
microarray. At 24 and 48 h, a similar number of genes were both up- and downreg-
ulated at least twofold on the rough surface compared to the smooth surface. It was
noticed that (i) roughness did not appear to be a specific stimulator of osteogenesis
because genes of both the bone and cartilage lineage were upregulated on the tough
surface, and (ii) surface roughness alters the expression of a large number of genes
in marrow stromal cells, which are related to multiple pathways of mesenchymal
cell differentiation [7-74]. A highly porous Ti-6Al-4V was fabricated by a poly-
meric sponge replication method [7-75]. A polymeric sponge, impregnated with
Ti-6Al-4V slurry prepared from Ti-6Al-4V powders and binders, was subjected to
drying and pyrolyzing to remove the polymeric sponge and binders. The porous
Ti-6Al-4V made by this method had a three-dimensional trabecular porous struc-
ture with interconnected pores mainly ranging from 400 to 700 um and a total
porosity of about 90%. The compressive strength was 10.3 = 3.3 MPa and the elas-
tic constant 0.8 = 0.3 GPa. It was also reported that MC3T3-E1 cells attached and
spread well in the inner surface of pores [7-75].
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The adsorption of BSA on to Ti powder has been studied as a function of pro-
tein concentration and pH, and in the presence of calcium and phosphate ions. It
was reported that (i) the maximum adsorption at pH 6.8 is 1.13 = 0.21 mg/m?, (ii)
for the pH dependence of adsorption, the amount adsorbed increases with decreas-
ing pH (at pH 5.15 the maximum adsorption was 1.31+0.2 mg/m?), indicating that
hydration effects are important, and (iii) adsorption increases and decreases in the
presence of calcium (at pH 6.8 the maximum adsorption was 1.73+0.23 mg/m?)
and phosphate (where at pH 6.8 the maximum adsorption was 0.64+0.14 mg/m?)
ions, indicating that electrostatic effects are important [7-76].

The in vitro study was conducted to investigate the adsorption of albumin and
fibronectin on titanium surfaces, and the effect of pre-adsorbed BSA and bovine
fibronectin on osteoblast attachment. Maximum adsorption of BSA and fibronectin
on Ti surfaces was observed after the incubation for 180 min. In the presence of pre-
adsorbed proteins, osteoblast attachment on Ti surfaces was observed to be enhanced
compared to control Ti surfaces. However, cell attachment was affected by the types
of protein adsorbed. Pre-adsorbed albumin was observed to have no significant
effect on the amount of osteoblast cells attached. In comparison to the control Ti sur-
face and those pre-adsorbed with albumin, the Ti surfaces pre-adsorbed with
fibronectin for 15 min were observed to significantly increase osteoblast cell attach-
ment, whereas the Ti surfaces pre-adsorbed with fibronectin for 180 min did not
affect cell attachment. In addition, cell morphology of the attached cells on protein
pre-adsorbed Ti surfaces was not affected by the type of protein used. Based on these
findings, it was concluded that (i) the concentration of fibronectin adsorbed on Ti
surfaces was higher compared to albumin, and (ii) the concentration of fibronectin
on Ti surfaces plays a role in governing cell attachment [7-68].

Webster et al. [7-77] claimed that CaTiO; is a strong candidate to form at the
interface between hydroxyapatite (HA) and titanium implants during many coat-
ing procedures. The ability of bone-forming cells (osteoblasts) to adhere on tita-
nium coated with HA, resulting in the formation of CaTiO;, was investigated. For
formation of CaTiOs;, titanium was coated on HA disks and annealed either under
air or an N, + H, environment. Results from cytocompatibility tests revealed
increased osteoblast adhesion on materials that contained CaTiO; compared to
both pure HA and uncoated titanium. The greatest osteoblast adhesion was
observed on titanium-coated HA annealed under air conditions. Because adhesion
is a crucial prerequisite to the subsequent functions of osteoblasts (such as the dep-
osition of calcium containing minerals), it was suggested that orthopedic coatings
that form CaTiO; could increase osseointegration with juxtaposed bone needed to
enhance implant efficacy and longevity [7-77].

Extensive studies on the microstructure, chemical composition, and wett-
ability of thermally and chemically modified Ti-6Al-4V alloy disks were done
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and correlated with the degree of radiolabeled fibronectin-alloy surface adsorp-
tion and subsequent adhesion of osteoblast-like cells [7-78]. Heating, either in
pure oxygen or atmosphere (atm), resulted in an enrichment of Al and V within
the surface oxide formed on Ti-6Al1-4V [7-79]. As for the surface contact angle
(or wettability), it was reported that (i) preheating (oxygen/atm) or hydrogen
peroxide treatment brought a thicker oxide layer with more hydrophilicity when
compared with passivated controls, but (ii) post-treatment with butanol resulted
in less hydrophilic surfaces than those by heating or hydrogen peroxide treat-
ment. It was therefore indicated that (i) an increase in the absolute content of Al
and/or V (heat), and/or in the Al/V ratio (with little change in hydrophilicity;
heat+butanol) is correlated with an increase in the fibronectin-promoted adhe-
sion of an osteoblast-like cell line, and (ii) the thermal treatment-induced
enhancement of cell adhesion in the presence of the protein is due to its
increased biological activity, rather than a mass effect alone, which appear to be
associated with changes in chemical composition of the metallic surface [7-78].

Nanophase materials are unique materials that simulate dimensions of con-
stituent components of bone since they possess particle or grain sizes of less than
100 nm [7-76], and their interactions with osteoblasts, compared to conventional
metals, were in vitro studied to synthesize, characterize, and evaluate osteoblast
adhesion on nanophase metals (specifically, Ti, Ti-6Al-4V, and Co-Cr-Mo alloys),
which are widely used in orthopedic applications. It was found that (i) the
osteoblast adhesion on nanophase was more than that on conventional metals, and
(i1) nanometal surfaces possessed similar chemistry, and only altered in degree of
nanometer surface roughness when compared to their respective conventional
counterparts [7-80].

Improving the biological performance of engineered implants interfacing tis-
sues is a critical issue in implantology and its related science and engineering.
Micromotion at the soft-tissue-implant interface has been shown to sustain an
inflammatory response. To eliminate micromotion, it is desirable to promote cel-
lular and extracellular matrix adhesion to the implant surface. Jain and von Recum
[7-81] modified titanium surfaces topographically or chemically to effect cellular
adhesion and to influence cellular interactions and function, and conducted an in
vitro study to compare the independent effects of surface chemistry and topogra-
phy on fibroblast-test specimen proximity. Titanium was sputter-coated in step-
wise, increasing thicknesses (20-350 nm) onto a series of either smooth or
microtextured polyethylene terephthalate (PET), resulting in a stepwise change
from a PET surface to a Ti surface — as gradually functioning material. It was
found that (i) fibroblast proximity to the coverslip surface increases as the Ti thick-
ness increases on either smooth or textured test specimens, and (ii) fibroblasts
were firmly attached to the ridge tops on the coated textured test specimens.
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Therefore, fibroblast apposition is strongly enhanced by microtextured surfaces
and Ti rather than smooth surfaces and polyethylene terephthalate [7-81].

Osteoblast adhesion on the implant material surface is essential for the success of
any implant in which osseointegration is required. Surface properties of implant
material have a critical role in the cell adhesion progress. Zhang et al. [7-82]
employed the micro-arc oxidizing and hydrothermally synthesizing methods to mod-
ify the TiO, layer on the titanium surface, on which the mouse osteoblastic cell line
(MC3T3-E1) was seeded to evaluate their effect on cell behavior. The surface struc-
ture of micro-arc oxidized samples exhibited micropores with a diameter of 1-3 pm,
whereas the micro-arc oxidation/hydrothermal synthesized samples showed addi-
tional multiple crystalline microparticles on the microporous surface. Both treated
surfaces possessed higher energy than that of untreated titanium. It was concluded
that the micro-arc oxidation and micro-arc oxidation/hydrothermal synthesization
methods change the surface energy of the TiO, layer on the titanium surface, indi-
cating that this may have an influence on the initial cell attachment [7-82].

Surface characteristics play a vital role in determining the biocompatibility of
materials used as bone implants. It is well documented that calcium ion implanta-
tion of titanium enhances osseointegration and bone formation in vivo. In order to
measure the precise effects of ion implantation of titanium on bone cells in vitro,
alveolar bone cells were seeded on the surface of polished titanium disks implanted
with calcium, potassium, and argon ions. Using radioisotopically tagged bone cells,
it was found that (i) although the calcium ion implanted surface reduced cell adhe-
sion, it nevertheless significantly enhanced cell spreading and subsequent cell
growth, but (ii) in contrast, few differences in bone cell behavior were observed
between the potassium- and argon-implanted titanium and the control nonim-
planted titanium disks. Based on these findings, it was suggested that the calcium-
implanted surface may significantly affect the biocompatibility of titanium
implants by enhancing bone cell growth; it was therefore concluded that surface
modification by ion implantation could thus prove to be a valuable tool for improv-
ing the clinical efficacy of titanium for bone repair and regeneration in vivo [7-83].
Bioactivation of the titanium surface by sodium plasma immersion ion implanta-
tion and deposition (PI?°&D) was compared to that of the untreated, Na beam-line
implanted and NaOH-treated titanium samples [7-84]. It was found that (i) from a
morphological point of view, cell adherence on the NaOH-treated titanium is the
best, (ii) on the other hand, the cell activity and protein production were higher on
the nonbioactive surfaces, and (iii) the active surfaces support an osteogenic differ-
entiation of the bone marrow cells at the expense of lower proliferation, due to the
high alkaline phosphatase activity per cell [7-84]. Muhonen et al. [7-85] investi-
gated the responses of mature osteoclasts cultured on austenite and martensite
phases of NiTi shape memory implant material, using the sensitivity of osteoclasts
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to the underlying substrate and actin ring formation as an indicator of the adequacy
of the implant surface. It was reported that osteoclasts tolerated well the austenite
phase of NiTi, but the chemically identical martensitic NiTi was not as well toler-
ated by osteoclasts (e.g., indicated by diminished actin ring formation), concluding
that certain physical properties specific to the martensitic NiTi have an adverse
effect on osteoclast survival in this NiTi phase [7-85].

Living bone cells are responsive to mechanical loading. Consequently, numer-
ous in vitro models have been developed to examine the application of loading
to cells. However, not all systems are suitable for the fibrous and porous three-
dimensional materials, which are preferable for tissue repair purposes, or for the
production of tissue engineering scaffolds. For three-dimensional applications,
mechanical loading of cells with either fluid flow systems or hydrodynamic
pressure systems has to be considered. The response of osteoblast-like cells to
hydrodynamic compression, while growing in a three-dimensional titanium
fiber mesh scaffolding material, was evaluated by Walboomers et al. [7-86].
Bone marrow cells were obtained from the femora of young (12-day-old) or old
(1-year-old) rats, and precultured in the presence of dexamethasone and f-glyc-
erophosphate to achieve an osteoblast-like phenotype. Subsequently, cells were
seeded onto the titanium mesh scaffolds, and subjected to hydrodynamic pres-
sure, alternating from 0.3 to 5.0 MPa at 1 Hz, at 15-min intervals for a total of
60 min per day for up to 3 days. After pressurization, cell viability was checked.
Afterward, DNA levels, alkaline phosphatase (ALP) activity, and extracellular
calcium content were measured. Finally, all specimens were observed with scan-
ning electron microscopy. Cell viability studies indicated that (i) the applied
pressure was not harmful to the cells, and (ii) the cells were able to detect the
compression forces [7-86].

Improved methods to increase surface hardness of metallic biomedical implants
are being developed in an effort to minimize the formation of wear debris parti-
cles that cause local pain and inflammation. However, for many implant surface
treatments, there is a risk of film delamination due to the mismatch of mechanical
properties between the hard surface and the softer underlying metal. Hence, Clem
et al. [7-87] developed a new surface modification of titanium alloy (Ti-6Al-4V),
using microwave plasma chemical vapor deposition to induce titanium nitride for-
mation by nitrogen diffusion. The result is a gradual transition from a titanium
nitride surface to the bulk titanium alloy, without a sharp interface that could oth-
erwise lead to delamination. The vitronectin adsorption, as well as the adhesion
and spreading of human mesenchymal stem cells to plasma-nitrided titanium were
evaluated, and they were equivalent to that of Ti-6Al-4V, while hardness is
improved 3—4-fold. These in vitro results suggested that the plasma nitriding tech-
nique has the potential to reduce wear, and the resulting debris particle release, of
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biomedical implants without compromising osseointegration, thus minimizing the
possibility of the implant loosening over time [7-87].

As we have seen above, the biological events occurring at the bone—implant
interface are influenced by the topography, chemistry, and wettability of the
implant surface. Advincula et al. [7-88] introduced other method to achieve the
aforementioned specific aim. The surface properties of titanium alloy prepared by
either surface sol—gel processing (SSP), or by passivation with nitric acid, were
investigated. The bioreactivity of the substrates was assessed by evaluating
MC3T3-E1 osteoblastic cell adhesion, as well as by in vitro formation of a miner-
alized matrix. It was found that (i) surface analysis of sol-gel-derived oxide on Ti-
6Al-4V substrates showed a predominantly titanium dioxide (TiO,) composition
with abundant hydroxyl groups, (ii) the surface was highly wettable, rougher, and
more porous compared to that of the passivated substrate, and (iii) significantly
more cells adhered to the sol—gel-coated surface as compared with passivated sur-
faces after 1 and 24 h following cell seeding, and a markedly greater number of
mineralized nodules were observed on sol—gel coatings [7-88].

Studies of blood plasma protein interactions with Ti oxides is one possible way
to understand blood interactions and tissue integration better, since blood is the
first medium encountered after the surgical procedure, and thus governs the sub-
sequent cell attachment and wound healing. Adsorption of albumin and fibrinogen
from human blood plasma onto CpTi surfaces with varying oxide properties was
studied with an enzyme-linked immunosorbent assay (ELISA). The intrinsic acti-
vation of blood coagulation (contact activation) was studied in vitro using a
kallinkrein-sensitive substrate. It was reported that (i) low fibrinogen and high
albumin adsorption was observed for all titanium samples, except for the radio fre-
quency plasma-treated and water-incubated samples, which adsorbed significantly
lower amounts of both, and (ii) smooth samples with a surface roughness with less
than 1 nm showed some correlation between surface wettability and adsorption of
fibrinogen and albumin, whereas rough surfaces (>5 nm) did not [7-89]. The role
of implant surface topography in cell attachment has been reviewed extensively [7-
6, 7-90-7-92]. Rough or textured porous surfaces promote cell attachment [7-93,
7-94]. Surface roughness and composition have been considered the most impor-
tant parameter for altering cell activity. There are observations that cell responses,
such as adhesion, morphologym, and collagen synthesis differed on the two grades
of CpTi. Between 4 and 24 h, the rate of cell attachment to CpTi (grade 1) differed
significantly, compared to cell attachment to CpTi (grade 4). At 24 h, the percent
of collagen synthesized was significantly more on grade 1 than on grade 4.
Alkaline phosphatase activity was similar on all substrates. The calcium content
was significantly higher on grade 1 than on 4 as well as on glass at 24 h and at 4
weeks. Based on these observations, it was concluded that commonly used CpTi
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induced differential morphologic and phenotypic changes in human osteoblast-
like cells depending on the material grade [7-95].

Khakbaznejad et al. [7-96] investigated on osteogenic cells from newborn rat
calvariae which were cultured on titanium surfaces, on which cell orientation
could be manipulated, to measure the orientation angles of cells. Substrata
included smooth surfaces and smooth regions (gaps) flanked by grooves of 47-um
pitch and 3, 10, or 30 um depth to create micro-machined surfaces. There were
several interesting findings reported. Grooves proved effective in orienting cells,
but their orienting ability decreased above the ridge level. Cells on the smooth sur-
face showed no preferred orientation. Cells in the gaps became oriented as a result
of cell—cell interactions with the cells on the flanking grooves. Cells in the grooves
produced oriented collagen fibers, but in the gaps, fibers could be parallel, per-
pendicular, or diagonal to the grooves. Collagen fibers on the smooth surfaces
formed arrays of parallel fibers in a crisscross pattern. In long-term cultures, bone-
like nodules were formed, but mostly above the ridge level. Based on these find-
ings, it was reported that grooved surfaces can influence cell orientation both in
cell populations above the cells in contact with the grooves and in cell populations
adjacent to the grooves [7-96].

To investigate the roles of composition and characteristics of titanium surface
oxides in cellular behavior of osteoblasts, the surface oxides of titanium were mod-
ified in composition and topography by anodic oxidation in two kinds of elec-
trolytes; 0.2 M H;PO,, and 0.03 M calcium glycerophosphate + 0.15 M calcium
acetate. It was found that (i) calcium and phosphorous ions are incorporated into
the anodized surfaces in the form of phosphate and calcium phosphate, (ii) the
geometry of the micro-pores in the anodized surfaces varied with diameters up to
0.5 ym in 0.2 M H,PO,, and to 2 um in 0.03 M Ca-GP and 0.15 M CA, depend-
ing on voltages and electrolyte, and (iii) contact angles of all the anodic oxides
were in the range of 60-90°, indicating a relatively hydrophobicity. As for cell cul-
ture studies, the absence of cytotoxicity and an increase of osteoblast adhesion and
proliferation by the anodic oxides were found, and cells on the surfaces with
micro-pores showed an irregular, polygonal growth and more lamellipodia [7-97].

Saldana et al. [7-98] evaluated the biocompatibility of the oxidized (700°CX1
h and 500°CX1 h) surfaces of Ti-6Al-4V by assessing cell adhesion, proliferation,
and differentiation of primary cultures of human osteoblastic cells. Compared with
polished alloy, both thermal treatments increased osteoblast adhesion measured as
cell attachment, 51 integrin, and FAK-Y397 expression, as well as cytoskeletal
reorganization. It was found that (i) when compared with treatment at 500°C, ther-
mal oxidation at 700°C enhanced cell adhesion, (ii) treatment at 700°C transiently
impaired cell proliferation and viability, which were not altered in alloys oxidized
at 500°C, (iii) several markers of osteoblastic differentiation such as procollagen
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I peptide, alkaline phosphatase, osteocalcin, and mineralized nodule formation
were found either unaffected or differentially increased by alloys treated either at
500° or 700°C, and (iv) thermal oxidation at 700°C also increased osteoprotegerin
secretion. It was therefore concluded that thermal oxidation treatments at 500° or
700°C for 1 h improve the in vitro biocompatibility of Ti-6Al-4V [7-98].

Osteoblast response to Ti implants depends not only on the chemistry of the
implant but also on the physical properties of the implant surface, such as micro-
topography and roughness, as has been reviewed in the above. Early changes in
cell morphology and gene expression during the early phase of osteoblast interac-
tion with Ti-6Al-4V surfaces of two different roughnesses were examined. MG63
osteoblast-like cells were cultured for 2, 6, 24, and 72 h on smooth (R,=0.18 um)
and rough (R,=2.95 um) Ti-6Al-4V surfaces. Changes in gene expression for
extracellular signal-regulated kinase 2 (Erk2), type I collagen, phospholipase C-y2
(Plc-y2), and p-actin were measured by RT-PCR (Reverse Transcription
Polymerase Chain Reaction) after 6 and 24 h in culture. It was found that cell
number was significantly higher on the smooth surface. Of the genes examined,
only Erk2 and f-actin showed a change in expression with surface roughness.
Both genes were upregulated on the rough surface at 6 h. Hence, it was indicated
that Ti-6Al-4V surface roughness affects osteoblast proliferation, morphology, and
gene expression, and that these effects can be measured after periods as short as
2—-6 h [7-99].

Stainless steel, CpTi, and Ti-6Al-7Nb are frequently used metals in orthopedic
internal fracture fixation. Particularly, clinical uses of Ti-6Al-7Nb are becoming
more popular due to its excellent wear resistance. The in vitro soft-tissue compati-
bility of Ti-6Al-7Nb in comparison to stainless steel and CpTi, using a human
fibroblast model, was conducted by Meredith et al. [7-100]. It was found that
(1) cell morphology and growth rate were similar for stainless steel, electro-polished
CpTi, and Ti-6Al-7Nb, with cells well spread-out and forming a confluent mono-
layer after 10 days, (ii) cell growth on standard CpTi was similar to the electropol-
ished samples; however, they showed a less spread-out morphology, with more
filopodia and surface ruftling present, and (iii) the endocytosis of a-phase particles
originating from the standard Ti-6Al-7Nb surface was noted [7-100].

Polished Ti disks were implanted with high (1X10'7 ions/cm?), medium
(1X10'® ions/cm?), and low (1X10'3 ions/cm?) doses of Ca ions at 40 keV to pro-
mote an enhanced osseointegration. The effects of different levels of Ca implanta-
tion on morphology, attachment, and spreading of MG-63 cells seeded on the
surface of the control (nonimplanted) Ti and Ca-Ti disks were examined. The
effects of pre-immersion of the Ca (high)-Ti in tissue culture medium on cell
attachment were measured and correlated with specific chemical changes at the Ti
surface. It was reported that (i) although cell adhesion on high-dosed Ca-Ti was
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initially reduced, it nevertheless was not only restored, but substantially increased
with progressing culture times, (ii) a significantly enhanced cell spreading, for-
mation of focal adhesion plaques, and expression of integrins were measured on
this particular surface, (iii) in contrast, no marked differences were observed in
cell behavior on low- and medium-dosed Ca-Ti, (iv) pre-immersion studies indi-
cated that the decrease in cell attachment to high-dosed Ca-Ti at early time peri-
ods may be linked to the presence of Ca- and P-rich particles on the surface, and
(v) the absence of these particles at 24 h was consistent with a significant increase
in cell attachment [7-101].

A Ca-deficient carbonate apatite coating on titanium was prepared by pre-calci-
fying titanium in a saturated Ca(OH), solution, and then immersing in a supersatu-
rated calcium phosphate solution by Feng et al. [7-102]. The interaction of the
protein with the apatite coating on Ti was investigated by SME with X-ray energy
dispersion spectroscopy, X-ray photoelectron spectroscopy, X-ray diffraction, and
Fourier transform infrared spectroscopy. During immersion of the coating in
BSA solution, it was observed that calcium and phosphate ions dissolved and
re-precipitated, resulting in the formation of the coating contamination BSA from the
surface to subsurface layers. The adsorption modified the structure and morphology
of the apatite and changed the protein configuration. It was also found that the pro-
tein chemically adsorbed onto surfaces containing calcium or phosphorous, showing
that both Ca and P on the apatite coating were the protein binding sites [7-102].

7.4. ROUGHNESS AND CELLULAR RESPONSE TO BIOMATERIALS

Eriksson et al. [7-29] pointed out the importance of surface topography on cellu-
lar reactions. Surface plays a crucial role in biological interactions for four rea-
sons. First, the surface of a biomaterial is the only part in contact with the
bioenvironment. Second, the surface region of a biomaterial is almost always
different in morphology and composition from the bulk. Differences arise from
molecular rearrangement, surface reaction, and contamination. Third, for bioma-
terials that neither release nor leak biologically active or toxic substances, the
characteristics of the surface govern the biological response. And fourth, some
surface properties, such as topography, affect the mechanical stability of the
implant/tissue interface [7-103]. Biomaterials used in a living organism may come
into contact with cells in the related tissue for a long period of time. For this rea-
son, they should naturally be harmless to the organism, and their mechanical prop-
erties should be suited to the purpose and compatible with receiving tissue
surfaces. Furthermore, they should possess a biological effect capable of provid-
ing favorable circumstances for the properties and functions of the cells at the
implant site. For example, materials used in the construction of an artificial heart
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or heart valve must provide for antithrombogenesis, which for a dental or bone
implant must be suitable for cell attachment, because both the connective and
epithelial cells (with which these materials mainly come into contact) are anchor-
age-dependent, and therefore need a cell attachment scaffold for cell division and
cell differentiation to be conducted. It is therefore important to investigate attach-
ability of the cells to the materials, which is one of the parameters in the evalua-
tion of biomaterials.

It has been shown that methods of implant surface preparation can significantly
affect the resultant properties of the surface and subsequently the biological
responses that occur at the surface [7-104—7-106]. Recent efforts have shown that
the success or failure of dental implants can be related not only to the chemical
properties of the implant surface, but also to its micromorphologic nature [7-107—
7-109]. From an in vitro standpoint, the response of cells and tissues at implant
interfaces can be affected by surface topography or geometry on a macroscopic
basis [7-107, 7-108], as well as by surface morphology or roughness on a micro-
scopic level [7-109, 7-110].

Figure 7-1 shows a distribution of surface roughness of implants, which have
been clinically used and evaluated as successful implants by the original
author(s)’s judgment. It was found that regardless of the type of implant materials
used, if the surface roughness is manipulated to have a range from 1 to 50 um, the
implant’s survival rate is excellent. This finding leads toward a morphological
compatibility, which is the third requirement for successful and biofunctional
implant systems [7-111].

These characteristics undoubtedly affect how cells and tissues respond to vari-
ous types of biomaterials. Of all the cellular responses, it has been suggested that
cellular adhesion is considered the most important response necessary for devel-
oping a rigid structural and functional integrity at the bone/implant interface [7-
112]. Cellular adhesion alters the entire tissue response to biomaterials [7-113].

On a macroscopic level (roughness > 10 um) roughness influences the mechan-
ical properties of the titanium—bone interface, the mechanical interlocking of the
interface, and the biocompatibility of the material [7-114, 7-115]. Surface rough-
ness in the range from 10 nm to 10 um may also influence the interfacial biology,
since it is the same order as the size of the cells and large biomolecules [7-52].
Microroughness at this level includes material defects, such as grain boundaries,
steps and kinks, and vacancies that are active sites for adsorption, and therefore
influence the bonding of biomolecules to the implant surface [7-116]. Microrough
surfaces promote significantly better bone apposition than smooth surfaces, result-
ing in a higher percentage of bone in contact with the implant. Microrough sur-
faces may influence the mechanical properties of the interface, stress distribution,
and bone remodeling [7-117]. Increased contact area and mechanical interlocking
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Figure 7-1. Distribution of surface roughness of successfully implanted and clinically
biofunctioning materials.
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of bone to a microrough surface can decrease stress concentrations resulting in
decreased bone resorption. Bone resorption takes place shortly after loading
smooth-surfaced implants [7-118], resulting in a fibrous connective tissue layer,
whereas remodeling occurs on rough surfaces [7-119].

Rich and Harris [7-109] reported that macrophages exhibited a rugophilia, or an
affinity for rough surfaces, whereas fibroblasts failed to readily adhere to these
same surfaces. This finding may complement previous work indicating that rough
surfaces promote inflammation via macrophage attraction, rather than wound
healing by connective tissue [7-110]. Studies by Brunette [7-90] and Chehroudi et
al. [7-120, 7-121] have demonstrated that cells of differing origins can orient
themselves in the grooves of differing micromachined surfaces. It was determined
that epithelial cells were more likely to attach to grooves of specific dimension
than to adjacent smooth surfaces. Michaels et al. [7-122] determined that a higher
percentage of osteoblast-like cells attached to rough CpTi surfaces produced by
sandblasting than to smoother surfaces polished with 1 um diamond paste. Keller
et al. [7-123] later confirmed this.

In order to achieve morphological compatibility [7-111, 7-124], titanium
implant surfaces need to be modified. They can be treated by additive methods,
such as the titanium beads plasma spray procedure, to increase effective surface
area. They have also been modified by subtractive methods such as acid pickling,
acid etching, sandblasting, and other small particle-blasting to change the texture,
as well as to increase the surface area. The development and use of these surface
modifications have been based on that an improved osseointegration can
be achieved by increasing the topography or roughness of the implant surface
[7-125].

7.5. CELL GROWTH

Titanium implant surfaces with rough microtopography exhibit increased pullout
trength in vivo, suggesting that the bone-to-implant contact was enhanced. This
is supported by in vitro studies showing that on surfaces with rough microto-
pographies, osteoblasts secrete factors that enhance osteoblast differentiation,
while decreasing osteoclast formation and activity [7-126]. A novel approach to
electrochemical processing of a hydroxyapatite (HA) coating was explored by Hu
et al. [7-127]. Vinyl acetate was added in the electrolytes of calcium and phos-
phorous in order to improve the adhesion between HA coating and titanium sub-
strate. X-ray powder diffractometer (XRD) spectra indicated that the vinyl acetate
did not interfere with the deposition of HA on the surface of titanium cathodes.
Results obtained from XPS and SEM revealed that (i) both vinyl acetate and HA
were deposited on the titanium cathodes, (ii) the vinyl acetate changed the HA
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crystalline morphology in the deposition layer, and (iii) the shape and growth
direction of the HA crystals in the coating with vinyl acetate differed from those
of HA deposition alone. It was moreover mentioned that a preliminary study of
the bioactivity showed that osteoblastic cells exhibited higher cell proliferation
potential on the HA/vinyl acetate coating than on that of pure HA [7-127].

Vehof et al. [7-128] prepared the osteogenic activity of calcium phosphate
(CaP)-coated and noncoated porous titanium (Ti) fiber mesh loaded with cultured
syngeneic osteogenic cells after prolonged in situ culturing to compare in a syn-
geneic rat ectopic assay model. Rat bone marrow (RBM) cells were loaded onto
the CaP-coated and noncoated Ti scaffolds using either a droplet or a suspension
loading method. After loading, the RBM cells were cultured for 8 days in vitro.
Thereafter, implants were subcutaneously placed in 39 syngeneic rats. The rats
were euthanized and the implants retrieved at 2, 4, and 8 weeks post-operatively.
Further, in the 8-week group, fluorochrome bone markers were injected at 2, 4,
and 6 weeks. It was reported that (i) histological analysis demonstrated that only
the CaP-coated meshes supported bone formation, (ii) the amount of newly
formed bone varied, between single and multiple spheres, filling a significant
part of the mesh porosity, (iii) in the newly formed bone, osteocytes embedded in
a mineralized matrix could be clearly observed, but (iv) on the other hand, in the
noncoated titanium implants, abundant deposition of calcium-containing material
was seen. In CaP-coated implants, the accumulation sequence of the fluo-
rochrome markers showed that bone formation started on the mesh fibers. It was
concluded that the combination of a thin CaP coating, Ti-mesh, and rat bone mar-
row cells can generate ectopic bone formation after prolonged in vitro culturing
[7-128].

Titanium (Ti) and its alloys continue to serve as successful implant materials for
skeletal repair because of their physical properties and biocompatibility. The influ-
ence of organoapatite (which is an organic compound in which apatite crystals
have been nucleated and grown on a polymer), grown directly onto an L-shaped Ti
mesh, on preosteoblastic cellular colonization was investigated. Unseeded mesh
samples were placed on subconfluent layers of MC3T3-E1 murine calvaria cells
and cultured for up to 2 weeks. It was found that (i) cells demonstrated accelerated
colonization of the three-dimensional organoapatite-Ti mesh substrates over bare
Ti controls, (ii) cells also showed significantly increased proliferation on the
organoapatite-Ti mesh over bare Ti controls, and (iii) cellular differentiation,
measured by alkaline phosphatase and osteocalcin expression, was observed at
late stages of the experiment with no notable differences between the organoap-
atite-Ti mesh and bare Ti controls, suggesting that organoapatite grown onto
porous Ti substrates is capable of inducing accelerated colonization of unseeded
implant structures by osteogenic cells [7-129].
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Rodriguez et al. [7-130] modified titanium surfaces by anodization in a mixed
electrolyte of calcium glycerophosphate and calcium acetate. Hydrothermal
treatments were performed on two of the anodized groups for either 2 or 4 h. In
vitro osteoblast response to anodized oxide and the hydrothermal-treated oxide
after anodization was evaluated. It was found that (i) calcium and phosphorus
ions were deposited on the Ti oxide during anodization, (ii) anodized surfaces
following a 4-h hydrothermal treatment were observed to promote the growth of
apatite-like crystals, as compared with anodized surfaces after a 2-h hydrother-
mal treatment, (iii) cellular function and onset of mineralization, as indicated by
protein production and osteocalcin production, respectively, were also observed
as enhanced on hydrothermal-treated surfaces. It was thus concluded that cal-
cium phosphate and apatite-like crystals could be deposited on Ti surfaces using
anodization and a combination of anodization and hydrothermal treatment, and
the phenotypic expression of an osteoblast was enhanced by the presence of cal-
cium phosphate or apatite-like crystals on anodized or hydrothermally treated Ti
surfaces [7-130].

The topographic effects of hydroxyapatite (HA) and titanium (Ti) surfaces hav-
ing identical micropatterns were determined as to whether there was synergistic
interaction between surface chemistry and surface topography. Surface
microgrooves with six different groove widths (4, 8, 16, 24, 30, and 38 um) and
three different groove depths (2, 4, and 10 ym) were made on single crystalline sil-
icon wafers using microfabrication techniques. Ti and HA thin films were coated
on the microgrooves by radio-frequency magnetron sputtering, followed by seed-
ing human osteoblast-like cells and culturing on the microgrooved surfaces for up
to 7 days. It was reported that (i) contact guidance and cell shape changes were
observed on the HA and Ti microgrooves, and (ii) no difference in orientation
angle between HA and Ti microgrooves was found, suggesting that surface chem-
istry was not a significant influence on cell guidance [7-131].

The homogeneous deposition of calcium phosphate (Ca-P) can be coated on
porous implants by immersion in simulated physiologic solution. In addition, various
Ca-P phases, such as octacalcium phosphate or bone-like carbonated apatite, can be
applied. Barrere et al. [7-132] conducted experiments (1) to investigate the osteoin-
duction of octacalcium phosphate-coated and noncoated porous tantalum cylinders,
and of dense titanium alloy cylinders (5 mm in diameter and 10 mm in length) in the
back muscle of goats at 12 and 24 weeks, and (2) to compare the osteogenic poten-
tials of bone-like carbonated apatite-coated, octacalcium phosphate-coated, and bare
porous tantalum cylinders in a gap of 1 mm created in the femoral condyle of a goat
at 12 weeks. It was found that (i) in the goat muscle, after 12 weeks, the octacalium
phosphate-coated porous cylinder had induced ectopic bone, as well as bone within
the cavity of the octacalcium phosphate-coated dense titanium cylinder, (ii) in the
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femoral condyle, bone did not fill the gap in any of the porous implants, but (iii) in
contrast with the two other groups, octacalcium phosphate-coated porous cylinders
exhibited bone formation in the center of the implant [7-132].

Studies examining osteoblast response to controlled surface chemistries indi-
cate that hydrophilic surfaces are osteogenic. The TiO, surfaces, however, pro-
duced until now exhibit low surface energy because of adsorbed hydrocarbons and
carbonates from the ambient atmosphere, or roughness-induced hydrophobicity.
Zhao et al. [7-133] used hydroxylated/hydrated Ti surfaces in order to retain high
surface energy of TiO,. It was reported that (i) osteoblasts grown on this modified
surface exhibited a more differentiated phenotype, characterized by increased
alkaline phosphatase activity and osteocalcin, and generated an osteogenic
microenvironment through higher production of PGE2 and TGF-f1, and (ii)
10,25(0OH)2D3 increased these effects in a manner that was synergistic with high
surface energy, suggesting that increased bone formation observed on modified Ti
surfaces in vivo was due in part to stimulatory effects of high surface energy on
osteoblasts [7-133].

To further understanding the biological mechanisms underlying bone—titanium
integration and biomechanical properties of the integrated bone, Takeuchi et al.
[7-134] cultured rat bone marrow-derived osteoblastic cells on either the machined
titanium disk or acid-etched titanium disk. It was found that (i) the modulus of
elasticity (MOE) of the mineralized tissue was also 3 times greater on the acid-
etched surface than on the machined surface, and (ii) after 28 days of culture, the
mineralized nodule area was significantly lower on the acid-etched surface than on
the machined surface, while total calcium deposition did not differ between the
two surfaces, indicating denser mineral deposition on the acid-etched surface.
Scanning electron microscopic images revealed that tissue cultured on the acid-
etched titanium exhibited plate-like, compact surface morphology, while the tissue
on the machined titanium appeared porous and was covered by fibrous and punc-
tate structures. It was therefore concluded that culturing osteoblasts on rougher
titanium surfaces enhances the hardness and elastic modulus of the mineralized
tissue associated with the condensed mineralization, accelerated collagen synthe-
sis, and upregulated expression of selected bone-related genes [7-134].

7.6. TISSUE REACTION AND BONE INGROWTH

The oral epithelium and connective tissue was able to form a peri-implant epithe-
lium similar in appearance to that around natural teeth [7-107, 7-135]. In studies of
peri-implant mucosa conducted in 9-month-old beagle dogs, placement of one- and
two-stage implants demonstrated that the mucosal barrier that formed had a defi-
nite epithelial, and the connective tissue component was similar in dimension in
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both the one- and two-stage implants [8-136]. It was proposed that a certain mini-
mum width of the peri-implant mucosa was required, and that bone resorption
would occur if the soft-tissue dimension was not satisfied, being similar to the
phenomenon of the biologic width that occurs in natural human dentition [7-137].
The connective tissue lateral to the junctional epithelium is comprised of dense col-
lagenous tissue with few vascular structures and scattered inflammatory cells. The
“zone of connective tissue integration” between the bone crest and the junctional
epithelium is characterized as a collagen-rich and cell-poor scar-like connective tis-
sue. There was a narrow zone close to the implant that had mainly collagen fibers
running parallel to the surface of the implant and attaching to the periosteum of the
bone [7-136]. Using light microscopy, it was noted that the inner peri-implant
epithelium ended 1-2 mm from the bone [7-138]. Using transmission electron
microscopic studies, it was noted that the outermost epithelial cells close to the
implant exhibited condensed structures resembling hemidesmosomes [7-139].
Good adhesion between the implant surface and the soft tissue is extremely impor-
tant to assure the survival of dental implants [7-140]. Percutaneous and permucosal
implants require a strong support from the underlying connective tissue if an
epithelial downgrowth and subsequent failure are to be avoided [7-141]. Systematic
and continuous monitoring of peri-implant tissues during maintenance care is rec-
ommended for the early diagnosis of peri-implant disease [7-90, 7-142]. Tissue
reaction has been shown to vary with micrometer range changes in the substratum
[7-143]. Studies have shown that changes in the range of 130 nm are adequate to
produce changes in contact guidance of the cells [7-144]. Surface roughness may
have had a significant effect on the cell density and proliferation. Some studies con-
cluded that surface microtexture influences the attachment and growth of human
gingival fibroblasts [7-145, 7-146], while others suggested that the surface rough-
ness does not influence soft-tissue attachment [7-147]. Significantly greater num-
bers of cells were attached to rougher milled and sintered surfaces than to polished
surfaces, possibly indicating higher proliferation capacity [7-148].

The distribution of released metal in the surrounding tissue is important infor-
mation to estimate the relation between the dissolution content and tissue
response. However, the distributions of released metal have not been studied well
because of the difficulty in detecting the very low concentration of rarely con-
tained metal elements in the surrounding tissue. Soft tissues implanted with Cu,
Ni, Fe, Ag, Ti, NiTi, 304 (18Cr-8Ni) and 316 (18Cr-8Ni-2Mo) stainless-steel wires
were investigated with XSAM (X-ray scanning analytical microscope), and com-
pared with histological observation. The relationship between the distribution
metal elements and the tissue response was evaluated. Severe damage was
observed around Ni and Cu implants, while fibrous connective tissue was formed
around the Fe implant. The dissolved concentration was approximately 10-20 mM
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for Ni and Cu, and was considered to be on the order of 10 times higher in Fe.
It was concluded that (i) the toxicity at the same concentration followed the
sequence (from greater toxicity to least): Ni > Cu + Fe, and (ii) for Ag, Ti, NiTi,
304 and 316 stainless-steel implants, significant dissolution and severe tissue
damage were not observed [7-149].

Sundgren et al. [7-150] used Auger electron spectroscopy to study the interface
between human tissue and implants of Ti and stainless steel. Both the thickness
and the nature of the oxide layers on the implant have been found to change dur-
ing the time of implantation. The stainless-steel implants have a surface oxide
about 50 A thick prior to implantation. The metal atoms in the oxide are mainly
Cr, with which Cr,0; may be formed. For implants located in cortical bone, the
thickness of the interfacial oxide layer remains unaffected, while it increases by a
factor of 3—4 on samples located in bone marrow. In both these cases, Ca and P
are incorporated in the oxides. Implants located in soft tissue have an interfacial
oxide with a thickness of about one and a half times that of an unimplanted sam-
ple. On these samples, C and P are not incorporated in the oxide layer. Also, for
Ti an increase in oxide thickness and an incorporation of Ca and P are found. In
the cases with Ti implants, it is also demonstrated that the oxidation process occurs
over a long period of time, up to several years. For the elements incorporated in
these interfacial oxide layers on both stainless-steel and Ti implants, it is found
that P is strongly bound to oxygen, suggesting the presence of phosphate groups
in the oxide. Other species that can oxidize the implants are H,O, and free
radicals, such as O, or OH™. Such species are normally produced during the
inflammatory reactions [7-150, Chapter 4].

The immuno-inflammatory responses to stainless-steel (21 implants in 20
patients) and Ti plates (22 implants in 20 patients) used in the treatment of long
bone fractures were studied. All fractures healed without complications. It was
reported that (i) in the soft tissue adjacent to the surface of the implants, a dark
discoloration of the tissue was visible in 18 out of 21 stainless-steel implants and
20 out of 22 Ti plates, and (ii) tissue specimens of all patients contained positive
staining for macrophages (CD68-positive cells), demonstrating clearly the pres-
ence of a marked inflammation and tissue reaction in the soft tissue covering stain-
less-steel and Ti plates which were used for internal fixation of bones,
independently from the material [7-151].

Successful clinical performance of machine/turned CpTi implants has resulted in
a wide-spread usage of them. However, in bone of poor quality and quantity, the
results have not always been so good, motivating the development of “novel types
of osseointegrated implants.” The development of Ti implants has depended on new
surface processing technologies. Recently developed clinical oral implants have
been focused on topographical changes of implant surfaces, rather than alterations
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of chemical properties [7-152—7-156, Figure 7-1]. These attempts may have been
based on the concept that mechanical interlocking between tissue and implant
materials relies on surface irregularities in the nanometer to micrometer level.
Recently, published in vivo investigations have shown significantly improved bone
tissue reactions by modification of the surface oxide properties of Ti implants
[7-157-7-164]. It was found that in animal studies, bone tissue reactions were
strongly reinforced with oxidized titanium implants, characterized by a titanium
oxide layer thicker than 600 nm, a porous surface structure and an anatase type of
Ti oxide with large surface roughness compared with turned implants [7-162,
7-163]. This was later supported by work done by Lim et al. [7-165], who found
that the alkali-treated CpTi surface was covered mainly with anatase type TiO,, and
exhibited hydrophilicity, whereas the acid-treated CpTi was covered with rutile-
type TiO, with hydrophobicity. Besides this characteristic crystalline structure of
TiO,, it was mentioned that good osseointegration, bony apposition, and cell attach-
ment of Ti implant systems [7-166, 7-167] are partially due to the fact that the oxide
layer, with unusually high dielectric constant of 50-117, depending on the TiO,
concentration, may be the responsible feature [7-52, 7-168].

Turned (as-machined implants) with amorphous TiO,, anatase TiO, with S,
amorphous TiO, with P, and anatase TiO, with Ca were prepared by the micro-arc
oxidation method. Eighty implants were inserted in the femora and tibiae of 10
mature New Zealand white rabbits for 6 weeks. It was reported that (i) the removal
torque values showed significant differences between S implants and controls, Ca
implants and controls, Ca implants and P implants but did not show significant dif-
ferences between the others, and (ii) the bone to metal contact around the entire
implants demonstrated a 186% increase in S implants, 232% increase in P implants,
and 272% increase Ca implants when compared to the paired control groups. It was
therefore concluded that surface chemistry and topography separately or together
play important roles in bone response to the oxidized implants [7-156].

The effects of pure commercial titanium implants on the process of primary
mineralization was studied by Kohavi et al. [7-169] by insertion of titanium
implants into rat tibial bone after ablation. The effects of the titanium were stud-
ied through the behavior of extracellular matrix vesicles. It was found that the
insertion of titanium implants was followed by an increase in the number of extra-
cellular matrix vesicles, as well as vesicular diameter, and by a decrease in vesic-
ular distance from the calcified front when compared to normal healing. It was
therefore suggested that (i) the process of extracellular matrix vesicles maturation
around titanium implants was delayed when compared to normal primary bone
formation during bone healing, and (ii) the delay in mineralization was compen-
sated by an increase in vesicle production, resulting in an enhancement of primary
mineralization by the titanium [7-169].
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Jasty et al. [7-170] investigated bone ingrowth into uncemented hemispherical
canine acetabular components, porous-coated with Co-Cr spheres, and compared
them to those porous-coated with titanium fiber mesh. Good bone ingrowth was
noted in both types of porous coatings at 6 weeks after surgery, with no difference
in the histologic quality of the ingrowth bone. Quantification of bone ingrowth
showed that significantly more bone grew into the titanium fiber mesh porous-
coated components. It was demonstrated that the mean values of the amount of
bone ingrowth, the area density of the ingrowth bone inside the pores, the
ingrowth bone penetration depth, and the degree of the periphery of the porous
layer with bone ingrowth of titanium mesh exceeded those values with Co-Cr
spheres [7-170].

Bony ingrowth to control (nontreated) and heat-treated 316L stainless-steel and
Ti-6Al-4V implants, which were placed into the medullary canal of the femur in
rats, was studied by mechanical, chemical, and Auger electron spectroscopic
microanalysis. Control samples of both materials are autoclaved at 280°C. Heat
treatment was done at 550°C for 1.5 h. It was found that, at all time intervals up
to 35 days post-implantation, the shear strengths of the heat-treated Ti-6A1-4V and
stainless-steel implants were significantly higher (1.6- to 3.4-fold) than in control
implants. Using Auger electron spectroscopy depth profiling methods, it was also
found that the heat treatment modified the implant surface composition signifi-
cantly, resulting in a thicker oxide layer and other chemical changes. It is therefore
concluded that pre-oxidation of metallic implants prior to their insertion alters
their chemical surface property and augments bony ingrowth to them [7-171].

Interstitial bone ingrowth is extremely important for optimum fixation of
implanted materials under load-bearing conditions. Three types of biomaterial
tests pieces were manufactured in solid and open-pore structures, and implanted
into dog femoral condyles. Bone formation and remodeling were observed histo-
logically and roentgenologically for 24 weeks thereafter. It was reported that (i) at
24-week post-implantation, thick fibrous tissue surrounded by corticalized bone
was formed around both solid smooth-surfaced alumina and titanium implants, but
(i1) on the other hand, with an implant made of an artificial osteochondral com-
posite material, thickening of ingrowth trabeculae could be observed as early as 4
weeks, (iii)) bone ingrowth into the titanium fiber mesh was abundant and
increased with time after implantation. This interstitial bone ingrowth resulted in
the complete integration of the implant and the viable host bone. It was thus sug-
gested that interstitial bone ingrowth has great significance; even new bone for-
mation and remodeling follows Wolft’s law [7-172] after the completion of the
bonding between the bone and implanted material under load-bearing conditions.
The artificial osteochondral composite material could lead to complete integration
of the implant and viable bone, suggesting that it is a promising material for joint
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replacements. Moreover, the tibial joint surface which bore against the polyvinyl
alcohol hydrogel surface of this implant, remained intact, suggesting that this
composite is a very promising biomaterial for use in joint prostheses [7-173].

The histological study was conducted on the surrounding tissues of two
screw-shaped titanium plasma-sprayed implants, retrieved due to the fractured
abutment after 18 and 42 months. The microscopical examination showed that a
large part of the implant surface on both implants was covered by compact,
mature lamellar bone, with the presence of many Haversian systems and
osteons. With von Kossa staining, at the interface with the implant, the bone was
highly mineralized, and any connective tissue or inflammatory cells were not
present at the interface [7-174].

The micromotion chamber for implantation in the rabbit tibia consists of two
titanium components that have a 1 mm continuous (not independent) pore for bone
ingrowth. The fixed, outer cylinder of the chamber contains a movable inner core
that can be manually rotated. A comparison was made between the histological
and scintigraphic results of bone ingrowth into chambers having a congruently
shaped interface that was moved at 20 cycles/day, with amplitude of either 0.5 or
0.75 mm. It was found that (i) histological sections from both amplitude groups
contained extensive new woven and trabecular bone, embedded in a fibrovascular
network; however, (ii) the chambers with a larger amplitude of motion yielded less
bone ingrowth than those with a smaller amplitude. It was therefore suggested that
short, discrete periods of motion can stimulate the formation of fibrous tissue
rather than bone, using the parameters chosen in this model [7-175].

Li et al. [7-176] investigated the effect of the surface macrostructure of a dim-
pled CpTi implant on bone ingrowth in vivo by means of histological examination
and a push-out test. Cylindrical implants were inserted in one femur of each exper-
imental rabbit and the animals were killed at 1.5, 3, and 13 months after implan-
tation. The femur with the implant of each animal was then examined in a push-out
test. The fracture surfaces of the bone—implant interface were examined after the
push-out test under light and electron microscopy. It was reported that the dimpled
CpTi surface-enhanced mechanical retention of the CpTi implant in bone due to
interlocking between vital bone and the dimples [7-176].

A nonsubmerged ITI-Bonefit implant, after a loading period of 4 years, was
examined. It was reported that the behavior of peri-implant bone was tightly
related to the magnitude and concentration of stresses which were transmitted to
the implant [7-177]. These peri-implant stresses are subject to several variables:
opposing occlusion, bite force, number of implants available to carry the load,
position of the implant within the prostheses, rigidity of the prosthesis, and
implant geometry [7-177]. Moreover, torque or bending moments can be applied
to implants, for example, by excessively cantilevered bridges, and can produce a
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breakdown at the interface, a resorption of bone, a loosening of the screw, and/or
a fracture of the bar/bridge [7-178]. It is also significant that the fracture was asso-
ciated with a severe and rapid marginal bone height loss, and with an almost 100%
bone—implant contact [7-179].

The in vivo effect of biomimetic calcium phosphate coating of titanium
implants on peri-implant bone formation and bone/implant contact was investi-
gated by Schliephake er al. [7-180]. Five types of implants were used: Ti-6Al-4V
implants with a polished surface; Ti-6Al-4V implants with collagen coating; Ti-
6Al-4V implants with a mineralized collagen layer; Ti-6Al-4V implants with a
sequential coating of hydroxyapatite (HA) and collagen; and Ti-6Al-4V implants
with HA coating only. All implants were press fit inserted into 4.6 mm trephine
burr holes in the mandibles of 10 beagle dogs. The implants of five animals each
were evaluated after a healing period of 1 and 3 months, respectively, during which
time sequential fluorochrome labeling of bone formation had been performed.
Bone formation was evaluated by morphometric measurement of the newly
formed bone around the implants and the percentage of implant bone contact. It
was reported that (i) after 1 month, there was a significantly higher percentage of
mean bone/implant contact in the HA-coated implants compared to those with pol-
ished surfaces and those with the collagen-coated surface, but (ii) after 3 months,
these differences were not present anymore, and (iii) bone apposition was signifi-
cantly higher next to implants with sequential HA/collagen coating compared to
the polished surfaces and mineralized collagen layer. It is concluded that the HA
coating to titanium implants has increased bone—implant contact in the early
ingrowth period, and the addition of collagen to an HA coating layer may hold
some promise when used as a sequential HA/collagen coating with mineralized
collagen as the surface layer [7-180].

A major consideration in designing dental implants is the creation of a surface
that provides strong attachment between the implant and bone, connective tissue, or
epithelium. In addition, to maintain plaque-free implants, it is important to inhibit
the adherence of oral bacteria on titanium surfaces exposed to the oral cavity.
Therefore, Groessner-Schreiber et al. [7-181] examined antimicrobial characteris-
tic TiN. Mouse fibroblasts were cultured on smooth titanium disks that were either
magnetron-sputtered with a thin layer of titanium nitride or thermal oxidized, or
modified with laser radiation (using an Nd:YAG laser). It was reported that (i)
fibroblasts on oxidized titanium surfaces showed a more spherical shape, whereas
cells on laser-treated titanium and on TiN appeared intimately adherent to the sur-
face, and (ii) when compared to all other surface modifications, fibroblast metab-
olism activity and total protein were significantly increased in the fibroblasts
cultured on titanium surfaces coated with TiN, suggesting that a titanium nitride
TiN coating might be suitable to support tissue growth on implant surfaces [7-181].
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Osteoconductive apatite coatings represent an established technology for
enhancing the integration of orthopedic Ti implants with living bone. The in vivo
evaluation of a biomimetic apatite coating was performed. A dense and substan-
tially pure ceramic coating with a crystal size of less than 1 ym was fabricated by
using a mixed solution including all major inorganic ions (Na*, K+, Mg?*, Ca?~,
Cl~, HPO,2~, HCO;™ and SO,?"). The biomimetic apatite coating was grown on
Ti-6Al-4V at 45°C for 4 days. Three types of measurements were taken on linear
ingrowth percentage, area ingrowth percentage, and continuous bone apposition
percentage. It was demonstrated that (i) under controlled conditions, the apatite
coating appears to resorb in 8 weeks, and stimulated early osseointegration with
the metal surface with a reduction in fibrous tissue encapsulation, and (ii) this
coating may, therefore, be useful in facilitating early bone ingrowth into porous
surfaces without the potential for coating debris, macrophage infiltration, fibrous
tissue encapsulation, and eventual coating failure, as may occur with current
plasma-sprayed hydroxyapatite coating techniques [7-182].

Roughened titanium surfaces have been favorably fabricated and widely used for
dental implants, as has been seen above. In recent years, there has been the tendency
to replace Ti plasma-sprayed surfaces by sandblasted and acid-etched surfaces in
order to enhance osseous apposition. Another approach has been the utilization of
hydroxyapatite (HA)-coated implants. Knabe et al. [7-183] examined the effect of
two roughened Ti dental implant surfaces on the osteoblastic phenotype of human
bone-derived cells, and compared this behavior to that for cells on an HA-coated
surface. Test materials were an acid-etched and sandblasted Ti surface, a porous Ti
plasma-sprayed coating, and a plasma-sprayed porous HA coating (HA). Smooth
Ti machined surfaces served as the control. Human bone-derived cells were grown
on the substrata for 3, 7, 14, and 21 days, counted and probed for various bone-
related mRNAs and proteins (type I collagen, osteocalcin, osteopontin, osteonectin,
alkaline phosphatase, and bone sialoprotein). It was reported that (i) dental implant
surfaces significantly affected cellular growth and the temporal expression of an
array of bone-related genes and proteins, (ii)) HA-coated Ti had the most effect on
osteoblastic differentiation, inducing a greater expression of an array of osteogenic
markers than recorded for cells grown on acid-etched and sandblasted Ti and porous
Ti plasma-sprayed Ti, thus suggesting that the HA-coated surface may possess a
higher potency to enhance osteogenesis, and (iii) acid-etched and sandblasted Ti sur-
faces induced greater osteoblast proliferation and differentiation than porous Ti
plasma-sprayed Ti [7-183].

Lu et al. [7-184] evaluated the osteoconduction of Ti-6Al-4V surfaces under var-
ious conditions, including micro-patterned, alkali-treated, micro-patterned plus
alkali-treated, and surfaces without any treatment as the control. The in vitro calcium
phosphate formation on titanium surfaces was in static and dynamic simulated body
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fluid (SBF). An in vivo comparison was conducted in the medullary cavity of a dog
femur, which could provide the same physiological environment for specimens with
different surface conditions. It was reported that (i) there was good conduction of
calcium phosphate on the alkali-treated surfaces, and also better calcium phosphate
deposition on the micro-hole surface than on the flat surfaces in the dynamic SBF
were found, and (ii) the beneficial effect of alkaline treatment on osteoconduction
was confirmed. The in vivo experiments also indicate a synergistic effect of the alka-
line treatment and the topographic pattern on osteoconduction [7-184], as suggested
by basic studies done by Lim et al. [7-165].

Early bone ongrowth is known to increase primary implant fixation and reduce
the risk of early implant failure. Arg-Gly-Asp (arginine-glycine-aspartate, RGD)
peptide has been identified as playing a key role in osteoblast adhesion and pro-
liferation on various surfaces. Elmengaard et al. [7-185, 7-186] evaluated the
effect of RGD peptide coating on the bony fixation of orthopedic implants.
Sixteen unloaded cylindrical plasma-sprayed Ti-6Al-4V implants, coated with
cyclic RGD peptide, were press-fit inserted in the proximal tibia of 8 mongrel
dogs for 4 weeks. Uncoated control implants were inserted in the contralateral
tibia. Results were evaluated by histomorphometry and mechanical push-out tests.
It was shown that (i) a significant two-fold increase was observed in bone
ongrowth for the RGD-coated implants, (ii) fibrous tissue ongrowth was signifi-
cantly reduced for the RGD-coated implants, (iii) bone volume was significantly
increased in a 0— 100 um zone around the implant; the increased bony anchorage
resulted in moderate increases in mechanical fixation, as the apparent shear stiff-
ness was significantly higher for RGD-coated implants, and (iv) increases in
median ultimate shear strength and energy to failure were also observed. It was
hence suggested that cyclic RGD coating increases early bony fixation of
unloaded press-fit titanium implants [7-185, 7-186].

7.7. OSSEOINTEGRATION AND BONE/IMPLANT INTERFACE

Broadly speaking, two types of anchorage mechanisms have been described: bio-
mechanical and biochemical. Biomechanical binding is when bone ingrowth occurs
into micrometer-sized surface irregularities. The term osseointegration is probably,
realistically, this biomechanical phenomenon. Biochemical bonding may occur
with certain bioactive materials where there is primarily a chemical bonding, with
possible supplemental biomechanical interlocking. The distinct advantage with the
biochemical bonding is that the anchorage is accomplished within a relatively short
period of time, while biomechanical anchorage takes weeks to develop. This would
clinically translate into the possibility of earlier restorative loading of implants.
Most commercially available implants depend on biomechanical interlocking for
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anchorage. All implants must exhibit biomechanical as well as morphological com-
patibility [7-8, 7-124]. As we have seen previously, Ti implants coated with calcium
phosphate, or inorganic or organic bone-like apatite possess both anchorage mech-
anisms, because (1) coated surfaces are normally rough which can facilitate the bio-
mechanical anchorage (morphological compatibility), and (2) coated materials per
se accommodate biochemical bonding (biological compatibility).

Bone fusing to titanium was first reported in 1940 by Bothe et al. [7-187].
Branemark began extensive experimental studies in 1952 on the microscopic cir-
culation of bone marrow healing. These studies led to dental implant application
in early 1960, 10-year implant integration was established in dogs without signif-
icant adverse reactions to hard or soft tissues. Studies in humans began in 1965,
were followed for 10 years, and reported in 1977 [7-188]. Osseointegration, as
first defined by Branemark, denotes at least some direct contact between vital
bone with the surface of an implant at the light microscopic level of magnification
[7-189]. The percentage of direct bone—implant contact is variable. To determine
osseointegration, the implant must be removed and evaluated under a microscope.
Rigid fixation defines the clinical aspect of this microscopic bone contact with an
implant, and is the absence of mobility with 1—500 g force applied in a vertical
or horizontal direction. Rigid fixation is the clinical result of a direct bone inter-
face, but has also been reported with fibrous tissue interfaces [7-189].
Osseointegration was originally defined as a direct structural and functional con-
nection between ordered living bone and the surface of a load-carrying artificial
implant (which is typically made of titanium materials). It is now said that an
implant is regarded as osseointegrated when there is no progressive relative move-
ment between the implant and the bone with which it has direct contact. In prac-
tice, this means that in osseointegration there is an anchorage mechanism,
whereby nonvital components can be reliably and predictably incorporated into
living bone and that this anchorage can persist under all normal conditions of load-
ing. Bioactive (or biochemical) retention can be achieved in cases where the
implant is coated with bioactive materials, like hydroxyapatite. These bioactive
materials stimulate bone formation leading, to a physio-chemical bond. If it is rec-
ognized that the implant is ankylosed with the bone, it is sometimes called a bioin-
tegration instead of osseointegration [7-190].

For profound understanding of the osseointegration mechanism, there are
several works reported. Fourteen titanium dental implants (TioblastTM) were
implanted singly in the proximal tibia of New Zealand rabbits for 120 days. A bone
defect was surgically produced and filled with Bio-Oss® (which is natural, osteo-
conductive bone substitute that promotes bone growth in periodontal and maxillo-
facial osseous defects) around six of these implants. After the animals were
sacrificed and their organs harvested, bone segments were fixed, and methacrylate
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embedded after the push-in test had been performed. The results showed that (i)
the implants were apically and coronally surrounded by bone, whether Bio-Oss®
was used or not, (ii) fractures were evident through the newly formed bone and
between the preexisting and newly formed bone, and (iii) detachment between the
implant and the bone occurred at the coronal extremity of the implants and along
its cervical region. Based on these findings, it was concluded that the bone—tita-
nium interface has a high resistance to loading, exhibiting a greater resistance than
the newly formed bone [7-191].

The effect of a dual treatment of titanium implants and the subsequent bone
response after implantation were investigated by Renold et al. [7-192]. Coin-
shaped CpTi implants were placed into the tibias of 12 rabbits. The implant was
dually blasted with TiO, particles of two different sizes (i.e., finer particles of
22—28 um in size, and coarser particles of 180—220 um in size). It was found that
(1) the Ti surface blasted with coarse particles showed a significantly better func-
tional attachment than the fine surface, and (ii) the Ti surface blasted with fine par-
ticles showed lower retention in bone, indicating that there is a positive correlation
between the topographical and mechanical evaluation of the surfaces [7-192].

In cementless fixation systems, surface character is an important factor. Alkali
and heat treatments of titanium have been shown to produce strong bonding to
bone and a higher ongrowth rate. With regard to the cementless hip stem,
Nishiguchi et al. [7-193] examined the effect of alkali and heat treatments on tita-
nium rods in an intramedullary rabbit femur model. Half of the implants were
immersed in 5 mol/L sodium hydroxide solution and heated at 600°C for 1 h, and
the other half were untreated. The bone —implant interfaces were evaluated at 3, 6,
and 12 weeks after implantation. Pullout tests showed that the treated implants had
a significantly higher bonding strength to bone than the untreated implants at each
time point. As post-operative time elapsed, histological examination revealed that
new bone formed on the surface of both types of implants, but significantly more
bone made direct contact with the surface of the treated implants. At 12 weeks,
approximately 56% of the whole surface of the treated implants was covered with
the bone. Based on aforementioned results, it was concluded that (i) alkali- and
heat-treated titanium create strong bone bonding and a high affinity to bone, as
opposed to a conventional mechanical interlocking mechanism, and (ii) alkali and
heat treatments of titanium may be suitable surface treatments for cementless joint
replacement implants [7-193].

Several factors influence the healing process and the long-term mechanical
stability of cementless fixed implants, such as bone remodeling and mineraliza-
tion processes. Histomorphometric and bone hardness measurements were taken
in implants inserted in sheep femoral cortical bone at different times to compare
the in vivo osseointegration of titanium screws with the following surface
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treatments: machined (Ti-MA); acid-etched with 25 vol% of HNO, solution for
1 h (Ti-HF); hydroxyapatite vacuum plasma spray (Ti-HA); and Ca-P anodization
(with 0.06 ml/L S-glycerophosphate plus 0.3 ml/L calcium acetate at 275 V and
50 mA/cm?), followed by a 300°C autoclave-hydrothermal treatment for 2 h (Ti-
AM/HA). It was reported that (i) the bone-to-implant contact of Ti-HF was lower
than that of the other surface treatments at both experimental times, (ii) significant
differences in MAR (mineral apposition rate) were also found between the differ-
ent experimental times for Ti-MA and Ti-HF, demonstrating that bone growth had
slowed inside the screw threads of Ti-HA and Ti-AM/HA after 12 weeks, (iii) no
bone microhardness changes in preexisting host bone were found, while Ti-MA
showed the lowest value for the inner thread area at 8 weeks. Based on these find-
ings, it was confirmed that osseointegration may be accelerated by adequate sur-
face roughness and a bioactive ceramic coating, such as Ca-P anodization
followed by a hydrothermal treatment, which enhances bone interlocking and min-
eralization [7-194].

Fujibayashi et al. [7-195] demonstrated that bone formation took place after 12-
month implantation in the muscles of beagle dogs, and reported that chemically
and thermally treated plasma-sprayed porous titanium surfaces exhibited an intrin-
sic osteoinductivity. Takemoto et al. [7-196] tested on porous plasma-sprayed Ti
blocks with the following characteristics: porosity of 41%, pore size of a ranging
between 300 and 500 um, and yield compressive strength of 85.2 MPa. Three
types of surface treatments were applied (1) alkali (in NaOH solution at 60°C for
24 h) and heat treatment (600°C for 1 h, followed by a furnace cooling), (2) alkali,
hot water, and heat treatment, and (3) alkali, dilute 40°C HCI for 24 h, hot water,
and heat treatment. The osteoinductivity of the materials implanted in the back
muscles of adult beagle dogs was examined at 3, 6, and 12 months. It was found
that (i) the alkali-acid/heat-treated porous bioactive titanium implant had the high-
est osteoinductivity, with induction of a large amount of bone formation within 3
months, (ii) the dilute HCI treatment was considered to give both chemical (tita-
nia formation and sodium removal) and topographic (etching) effects on the tita-
nium surface, and (iii) adding the dilute HCI treatment to the conventional
chemical and thermal treatments is a promising candidate for advanced surface
treatment of porous titanium implants [7-196, 7-197].

A number of experimental and clinical data on the so-called oxidized implants
have reported promising outcomes, as we have previously reviewed. However, little
has been investigated on the role of the surface oxide properties and osseointegra-
tion mechanism of the oxidized implant. Sul et al. [7-198] recently proposed two
action mechanisms for osseointegration of oxidized implants, i.e., (1) mechanical
interlocking through bone growth in pores/other surface irregularities, and (2) bio-
chemical bonding. Two groups of oxidized implants were prepared using a micro
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arc oxidation process, and were then inserted into rabbit bone. One group consisted
of magnesium ion incorporated implants, and the other consisted of TiO, stoi-
chiometry implants. It was reported that (i) after 6 weeks of follow up, the mean
peak values for removal torque of the Mg-incorporated Ti implants dominated sig-
nificantly over the TiO,/Ti implants, (ii) bonding failure generally occurred in the
bone away from the bone to implant interface for the Mg-incorporated Ti implant
and mainly occurred at the bone to implant interface for the TiO,/Ti implant which
consisted mainly of TiO, chemistry and significantly rougher surfaces, as com-
pared to the Mg-incorporated Ti implant, and (iii) between bone and the Mg-incor-
porated-Ti implant surface, ionic movements and ion concentrations gradient were
detected. It was therefore concluded that the surface chemistry-mediated biochem-
ical bonding can be theorized for explaining the oxidized bioactive implants [7-198].
Lim and Oshida [7-165] investigated the surface characteristics of acid- and alkali-
treated CpTi. It was reported that (i) acid-treated CpTi was covered with rutile-type
TiO, with high hydrophobicity (in other words, less surface activity), whereas
(ii) oxide film formed on the alkali-treated CPTi surface was identified to be an
anatase-type dominantly with a trace amount of rutile, which exhibited high hydro-
philicity (i.e., high surface energy).

For the past 15 years, orthopedic implants have been coated with hydroxyapatite
(HA) to improve implant fixation. The osteoconductive effect of HA coatings has
been demonstrated in experimental and clinical studies. However, there are ongo-
ing developments to improve the quality of HA coatings. Aebli et al. [7-199]
investigated whether a rough and highly crystalline HA coating applied by vacuum
plasma spraying had a positive effect on the osseointegration of special, high-
grade titanium (Ti) implants with the same surface roughness. Ti alloy implants
were vacuum plasma spray-coated with high grade Ti or HA. The osseointegration
of the implants was evaluated by light microscopy or pullout tests after 1, 2, and 4
weeks of unloaded implantation in the cancellous bone of 18 sheep. It was found
that (i) the interface shear strength increased significantly over all time intervals,
(ii) by 4 weeks, values had reached ~10 N/mm?, but (iii) the difference between
the coatings was not significant at any time interval, and (iv) direct bone—implant
contact was significantly different between the coatings after 2 and 4 weeks, and
reached 46% for Ti and 68% for HA implants by 4 weeks. Therefore, it was indi-
cated that the use of a rough and highly crystalline HA coating, applied by the vac-
uum plasma spray method, enhances early osseointegration [7-199].

Stewart et al. [7-200] investigated the effects of a plasma-sprayed hydroxyap-
atite/tricalcium phosphate (HA/TCP) coating on osseointegration of plasma-sprayed
titanium alloy implants in a lapine, distal femoral intramedullary model. The effects
of the HA/TCP coating were assessed at 1, 3, and 6 months after implant placement.
The HA/TCP coating significantly increased new bone apposition onto the implant
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surfaces at all time points. The ceramic coating also stimulated intramedullary bone
formation at the middle and distal levels of the implants. There was no associated
increase in pullout strength at either 3 or 6 months; however, post-pullout evaluation
of the implants indicated that the HA/TCP coating itself was not the primary site of
construct failure. Rather, failure was most commonly observed through the peri-
prosthetic osseous struts that bridged the medullary cavity. It was therefore con-
cluded that the osteoconductive activity of HA/TCP coating on plasma-sprayed
titanium alloy implant surfaces may have considerable clinical relevance to early
host—implant interactions, by accelerating the establishment of a stable prosthe-
sis—bone interface [7-200].

The in vivo behavior of a porous Ti-6Al-4V material that was produced by a pos-
itive replica technique, with and without an octacalcium phosphate coating, has
been studied both in the back muscle and femur of goats by Habibovic ef al. [7-
201]. Macro and microporous biphasic calcium phosphate ceramic, known to be
both osteoconductive and able to induce ectopic bone formation, was used for com-
parison. The three groups of materials (Ti-6Al-4V, octacalcium phosphate coated-
Ti-6Al-4V and biphasic calcium phosphate ceramic) were implanted transcortically
and intramuscularly for 6 and 12 weeks in 10 adult Dutch milk goats in order to
study their osteointegration and osteoinductive potential. It was found that (i), in
femoral defects, both octacalcium phosphate-coated Ti-6Al-4V and biphasic cal-
cium phosphate ceramic performed better than the uncoated Ti-6Al-4V at both time
points, (ii) biphasic calcium phosphate ceramic showed a higher bone amount than
octacalcium phosphate-coated Ti-6Al-4V after 6 weeks of implantation, while after
12 weeks, this difference was no longer significant, (iii) ectopic bone formation
was found in both octacalcium phosphate coated-Ti-6Al-4V and biphasic calcium
phosphate ceramic implants after 6 and 12 weeks, and (iv) ectopic bone formation
was not found in uncoated titanium alloy implants, suggesting that the presence of
calcium phosphate (CaP) is important for bone induction. [7-201].

The osseointegration of copper vapor laser-superfinished titanium alloy (Ti-
6Al1-4V) implants with pore sizes of 25, 50, and 200 um was evaluated in a rab-
bit intramedullary model by Stangl et al. [7-202]. Control implants were
prepared by corundum blasting. Each animal received all four different
implants in both femora and humeri. Using static and dynamic histomorphom-
etry, the bone—implant interface and the peri-implant bone tissue were exam-
ined 3, 6, and 12 weeks post-implantation. Among the laser-superfinished
implants, it was reported that total bone —implant contact was smallest for the
25-um pores, and was similar for 50 and 200-um pore sizes at all time points,
and however, all laser-superfinished surfaces were inferior to corundum-blasted
control implants in terms of bone —implant contact. Implants with 25-um pores
showed the highest amount of peri-implant bone volume at all time points, indi-
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cating that the amount of peri-implant bone was not correlated with the quality
of the bone—implant interface. Accordingly, it was concluded that although
laser-superfinished implants were not superior to the corundum-blasted control
implants in terms of osseointegration, understanding of the mechanisms of
bone remodeling within pores of various sizes was advanced, and optimal
implant surfaces can be further developed with the help of modern laser tech-
nology [7-202].

There is another work using the laser technology for surface modification. Gotz
et al. [7-203] examined the osseointegration of laser-textured Ti-6Al-4V implants
with pore sizes of 100, 200, and 300 um, specifically comparing 200-um implants
with polished and corundum-blasted surfaces in a rabbit transcortical model. Using
a distal and proximal implantation site in the distal femoral cortex, each animal
received all four different implants in both femora. The bone/implant interface and
the newly formed bone tissue within the pores and in peri-implant bone tissue were
examined 3, 6, and 12 weeks post-implantation by static and dynamic histomor-
phometry. It was shown that (i) additional surface blasting of laser-textured Ti-6Al-4V
implants with 200-um pores resulted in a profound improvement in osseointegration
at 12-week post-implantation, (ii) although lamellar bone formation was found in
pores of all sizes, the amount of lamellar bone within the pores was linearly related
to the pore size, (iii) in 100-um pores, bone remodeling occurred with a pronounced
time lag relative to larger pores, and (iv) implants with 300-um pores showed a
delayed osseointegration compared with 200-ym pores. Therefore, it was concluded
that 200 um may be the optimal pore size for laser-textured Ti-6Al-4V implants, and
that laser treating in combination with surface blasting may be a very interesting
technology for the structuring of implant surfaces [7-203].

7.8. SOME ADVERSE FACTORS FOR LOOSENING IMPLANTS

Early implant instability has been proposed as a critical factor in the onset and pro-
gression of aseptic loosening and periprosthetic osteolysis in total joint arthro-
plasties. As was seen in Chapter 6, macrophages stimulated with cyclic
mechanical strain release inflammatory mediators. But, little is known about the
response of these cells to mechanical strain with particles, which is often a com-
ponent of the physical environment of the cell. Fujishiro et al. [7-204] studied the
production of prostaglandin E2 (PGE2), an important mediator in aseptic loosen-
ing and periprosthetic osteolysis in total joint arthroplasties, for human
macrophages treated with mechanical stretch alone, titanium particles alone, and
mechanical stretch and particles combined. A combination of mechanical stretch
and titanium particles resulted in a statistically synergistic elevation of levels of
PGE2 compared with the levels found with either stretch or particles alone. It was
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hence suggested that, while mechanical strain may be one of the primary factors
responsible for macrophage activation and periprosthetic osteolysis, mechanical
strain with particles load may contribute significantly to the osteolytic potential of
macrophages in vitro [7-204].

Corrosion of implant alloys releasing metal ions has the potential to cause
adverse tissue reactions and implant failure. Lin and Bumgardner [7-205]
hypothesized that macrophage cells and their released reactive chemical species
affect the corrosion property of Ti-6Al-4V. It was reported that (i) there was no
difference in the charge transfer in the presence and absence of cells, (ii) the
alloy had the lowest charge transfer and metal ion release with activated cells
was as follows: Ti <10 ppb, V < 2 ppb, attributing to an enhancement of the
surface oxides by the reactive chemical species. It was concluded that
macrophage cells and reactive chemical species reduced the corrosion of Ti-6Al-
4V alloys [7-205].

Prosthetic and osteosynthetic implants from metal alloys will be indispensable in
orthopedic surgery, as long as tissue engineering and biodegradable bone substi-
tutes do not lead to products that will be applied in clinical routine for the repair of
bone, cartilage, and joint defects. Therefore, the elucidation of the interactions
between the peri-prosthetic tissues and the implant remains of clinical relevance,
and several factors are known to affect the longevity of implants. Sommer et al. [7-
206] studied the effects of metal particles and surface topography on the recruit-
ment of osteoclasts in vifro in a co-culture of osteoblasts and bone marrow cells. It
was reported that (i) the cells were grown in the presence of particles of different
sizes and chemical compositions, or on metal disks with polished or sandblasted
surfaces, respectively, (ii) at the end of the culture, newly formed osteoclasts were
counted, (iii) osteoclastogenesis was reduced when particles were added directly to
the co-culture, and (iv) in co-cultures grown on sand-blasted surfaces, osteoclasts
developed at higher rates than they did in cultures on polished surfaces. It was
therefore summarized that the wear particles and implant surfaces affect osteoclas-
togenesis, and thus may be involved in the induction of local bone resorption and
the formation of osteolytic lesions, leading eventually to the loosening of orthope-
dic implants [7-206].
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Chapter 8
Implant Application

In the past, a metallic post was either cemented or screwed into the canals of teeth
that had lost their crowns, but still had their roots. Such teeth are “root-treated” to
remove their nerves and blood supplies, and onto the posts ceramic or ceramic
metal crowns are themselves cemented. Although many attempts have been made
to replace missing roots with all sorts on metallic implants, the satisfactory use of
a screwed in implant was found only in the mid-1980s. In practice the gum is slit,
and a hole is cut slowly in the bone, and then a CpTi screw is slowly inserted and
covered with gum tissue for 6 months. During this time, the bone grows into inti-
mate contact with the passive oxide layer on the titanium and it is said to be
osseointegrated. The gum tissue is cut once more, and a titanium sleeve is screwed
onto the implant. This will ultimately pass through the healed gum. Onto these
sleeves a metallic superstructure can be screwed, and this can support, for exam-
ple, a polymeric denture base and artificial teeth. For many years, these super-
structures have been cast in gold alloys, and getting them to sit perfectly on the
titanium sleeves has been a challenge of the highest order. However, titanium
frameworks are currently being investigated, particularly those constructed by
alternative routes to casting, and considerable promise is being shown by those
made by superplastic forming. Titanium implants, for example, have had their sur-
faces coated with hydroxyapatite to promote the osseointegration [8-1].

The service conditions in the mouth are hostile, both corrosively and mechani-
cally. All parts are continuously bathed in saliva, an aerated aqueous solution of
about 0.1 N chloride, with varying amounts of Na, K, Ca, PO,, CO,, sulfur com-
pounds and mucin. The pH value is normally in the range of 5.5-7.5, but under
plaque deposits it can be as low as 2. Temperatures can vary £36.5°C, and a vari-
ety of food and drink concentrations apply for short periods. Loads may be up to
1000 N, sometimes at impact speeds. Trapped food debris may decompose, and
sulfuric compounds discolor [8-2].

8.1. GENERAL

Direct bony interface promised more predictability and longevity than previously
used systems; hence, oral implantology gained significant additional momentum.
A carefully planned full rehabilitation of the mouth using “state of the art” meth-
ods can free the patient of dental problems for decades. However, this can only be
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achieved with the complete cooperation of the patient, accompanied by regular
supervision and care on the part of the dental surgeon and his assistants (e.g., the
dental hygienist). Accordingly, there are four major factors which should be met
to accomplish the successful implant: (1) correct indication and favorable
anatomic conditions (bone and mucosa), (2) good operative technique, (3) patient
cooperation (oral hygiene), and (4) adequate superstructure. According to Binon
[8-3], there are approximately 25 dental implants manufacturing companies, pro-
ducing about 100 different dental-implant systems with a variety of diameters,
lengths, surfaces, platforms, interfaces, and body designs. The most logical differ-
entiation and distinctions are based on the implant/abutment interface, the body
shape, and the implant-to-bone surface.

There are two ways to retain the implant restorations: cementation or screw-
tightening. Implant superstructures are usually made by the lost-wax casting
method, and are normally gold alloy beams that fit directly onto metallic compo-
nents called abutments that protrude through the soft tissues of the mouth, and
which are themselves attached to machined titanium components known as dental
implants. The dental implants are sited in the hard bone tissues where intimate con-
tact occurs between the metallic component and the natural tissues. The super-
structure is screwed or cemented to the abutments, and teeth are then placed along
the beam in an aesthetic fashion. Patients prefer this form of fixed bridgework as it
is more reminiscent of their natural teeth than a denture. For the whole prosthesis
to have the optimal chance of success there must be no misfit between the beam
and the abutments. Mainstream philosophy in the design and restoration of implant
prostheses from the 1980s through the early 1990s reflected a strong preference for
screw-retained over cement-retained restorations. This preference most likely was
the result of how osseointegrated implants and their restoration were introduced.
Although retrievability remains the primary advantage of a screw-retained
approach, cemented implant restorations are attractive for several reasons. First, the
preclusion of the interference of screw access holes with esthetic results or with the
occlusion of the restoration. Second, cement-retained approaches substantially
reduce restoration costs. With some systems, screw-retained restoration involves
nearly four times the component cost of cemented restoration. Third, if no occlusal
screw is present, its loosening is not a possible complication of implant prostho-
dontics. Fourth, a cemented restoration is more likely to achieve passive fit than a
screw-retained restoration. The argument for increased passivity rests on the
assumption that tightening a screw-retained restoration may create substantial
strain within the restoration, implant, and investing bone complex. The use of
cemented restorations also avoids the clamping effect of multiple screws drawing
an ill-fitting prosthesis into place against the support. Fifth, the implant industry’s
desire to extend routine implant use into the general dental practices has stimulated
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interest in simplifying implant restorative procedures. Cementation of fixed-
implant restorations more closely follow the procedures routinely performed on
natural teeth [8-4, 8-5].

The implantation of devices for the maintenance or restoration of a body func-
tion imposes extraordinary requirements on the materials of construction.
Foremost among these is an issue of biocompatibility, as we had discussed in pre-
vious Chapters 6 and 7. There are interactions between the material and the sur-
rounding living tissue, fluid, and blood elements. Some of these are simply
adaptive. Others constitute a hazard, both short and long term, to the survival of
the living system [8-3, 8-6—8-9]. There are mechanical and physical properties
which the material must provide. Some of these govern the ability of the device to
provide its intended function from a purely engineering viewpoint. Others, such
as, tribology including wear and friction, corrosion and mechanical compliance
relate significantly to the biocompatibility issue. Human implantation applications
impose more stringent requirements on reliability than any other engineering task.
In most applications an implanted device is expected to function for the life of the
patient. It is necessary to think in terms of reliability of performance of thousands
of devices for the lifetime of a patient and a tolerable expectation of failure of per-
haps not more than one in a thousand. Most available data in handbooks, publica-
tions, and product brochures represent mean values and supplementary statistical
information, and, therefore, comparable reliability is also in question [8-7—8-9].
However, it is surprising to note that there is no safety factor concept in the den-
tal and medical area, whereas it is a very important concept in engineering, par-
ticularly designing crucial structures and structural components.

As for orthopedic implants, natural synovial joints, e.g., hip, knee, or shoulder
joints, are complex and delicate structures capable of functioning under critical
conditions. Unfortunately, human joints are prone to degenerative and inflamma-
tory diseases that result in pain and joint stiffness. Primary or secondary
osteoarthritis (osteoarthrosis), and to a lesser extent rheumatoid arthritis (inflam-
mation of the synovial membrane) and chondromalacia (softening of cartilage),
are, apart from normal aging of articular cartilage, the most common degenerative
processes affecting synovial joints. In fact, 90% of the population over the age of
40 suffers from some degree of degenerative joint disease. Premature joint degen-
eration may arise from deficiencies in joint biomaterial properties, from excessive
loading conditions, or from failure of normal repair processes, where the explicit
degenerative processes are not yet completely understood [8-10, 8-11].

The use of Ti materials for medical and dental-implant applications has
increased tremendously over the past few decades. One of the prime reasons for
this increased use is the design of implants around its unique properties. In the
case of high load bearing and fatigues, for devices such as hip prostheses,
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Ti should be the metal of choice because of its combination of strength, corrosion
resistance, light weight, good biotribological property, and biocompatibility.
Advances in Ti materials development, casting technology, and powder metallurgy
will be offering the surgeon and patient benefits. Casting of Ti alloys has arrived
as a technology, which can be utilized by the implant industry. Hip prostheses
made from cast and hot isostatically pressed (HIPed) Ti-6Al-4V are currently
being used. Advanced powder metallurgy — metal injection molding (MIM), — can
be used to fabricate a whole implant body or surface layer of them. In addition to
these technologies, the idea to use superplastic forming started when a dental prac-
titioner was looking for a method of producing dental-implant superstructures
with passive fit [8-12, 8-13, Chapter 10].

Traditionally, the majority of geriatric dental services provided to the elderly
have been provided to healthy, independent, older adults requiring few special con-
siderations other than normal physiologic age-related changes and their potential
impact on the oral cavity. This is no longer an acceptable approach. Over 80% of
the geriatric population has at least one chronic disease, and many elderly have
several such conditions simultaneously. The rapid growth of the elderly population
will have a dramatic impact on the practice of dentistry [8-14]. In 1984, 27.9 mil-
lion, or one in nine adults in the US, were 65 years or older. It is anticipated that
those over 65 will account for 70.2 million, or 20% of the US population by the
year 2030 [8-15]. It was mentioned that (1) age should not exclude patients from
implant treatment, (2) dental implants and implant-retained and/or supported pros-
theses are valuable treatment options for geriatric patients, (3) early-implant inter-
vention is strongly recommended when the patient feels able and is willing to
undergo dental and prosthetic therapy, (4) diminished levels of oral hygiene that
often accompany aging are not a contraindication to implant treatment, and (5)
clinicians should be aware of potential risks, possible medical complications, and
psychosocial issues in geriatric patients, and how these conditions can affect the
implant prognosis [8-14].

There are at least three major required compatibilities for placed implants to
exhibit biointegration to receiving hard tissue and biofunctionality thereafter.
They include (1) biological compatibility (in other words, biocompatibility), (2)
mechanical compatibility (or mechanocompatibility), and (3) morphological
compatibility [8-16, 8-17]. One of many universal requirements of implants,
wherever they are used in the body, is the ability to form a suitably stable mechan-
ical unit with the neighboring hard or soft tissues. A loose (or unstable) implant
may function less efficiently or cease functioning completely, or it may induce an
excessive tissue response. In either case, it may cause the patient discomfort and
pain. In several situations, a loose implant was deemed to have failed and needed
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to be surgically removed. For a long time it has been recognized that any types of
implants (for both dental implants and orthopedic implants), should possess a
biological compatibility against an implant receiving surrounding hard/soft tis-
sues. Accordingly, the material choice for implants is limited to certain types of
materials, including titanium materials, stainless steels, or some ceramic materi-
als. The dental or orthopedic prostheses, particularly the surface zone thereof,
should respond to the loading transmitting function. The placed implant and
receiving tissues establish a unique stress-strain field. Between them, there
should be an interfacial layer. During the loading, the strain-field continuity
should be held, although the stress-field is obviously in a discrete manner due to
different values of modulus of elasticity (MOE) between host tissue and foreign-
implant material. If the magnitude of the difference in MOE is large, then the
interfacial stress, accordingly, will be so large that the placed implant system will
face a risky failure situation. Therefore, materials for implant or surface zone of
implants should be mechanically compatible to mechanical properties of receiv-
ing tissues, so that the interfacial discrete stress can be minimized. This is the
second compatibility and is called as the mechanical compatibility. In a scientific
article [8-17], it was found that surface morphology of successful implants has
upper and lower limitation in average roughness (1-50 pm) [8-16, 8-17, Figure
7.1 in Chapter 7] and average particle size (10-500 um) [8-16, 8-17], regardless
of types of implant materials (metallic, ceramics, or polymeric materials). If a
particle size is smaller than 10 pum, the surface will be more toxic to fibroblastic
cells and have an adverse influence on cells due to their physical presence inde-
pendent of any chemical toxic effects. If the pore is larger than 500 um, the sur-
face does not maintain sufficient structural integrity because it is too coarse. This
is the third compatibility — morphological compatibility [8-16, 8-17].

The criteria for clinical success of osseointegration and the conditions of func-
tional compatibility are dependent on the control of several factors include (1) bio-
compatible-implant material using commercially pure titanium, (2) design of the
fixture: a threaded design is advocated, creating a larger surface per unit volume,
as well as evenly distributing loading forces, (3) the provision of optimal prostho-
dontic design and implant maintenance to achieve ongoing osseointegration, (4) a
specific aseptic surgical technique and a subsequent healing protocol which are
reconcilable with the principles of bone physiology; this would incorporate a low
heat/low trauma regimen, a precise fit and the two-stage surgery program, (5) a
favorable status of host-implant site from a health and morphologic standpoint, (6)
non-loading of the implant during healing is the basic principle for successful
osseointegration, and (7) the defined macro/microscopic surface of the implant as
it relates to the host tissue [8-18].
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8.2. CLINICAL REPORTS

Before we go into further detail reviewing surface characterization and implant
reactions in various environments, it would be worthy to know what is actually
happening in clinical fields. Although, as we will observe later, dental implants are
enjoying their success rates, there is still much research to be done. This initiative
will encourage clinical research on osseointegrated dental implants regarding (1)
outcomes when using various surgical and prosthetic protocols (e.g., immediate
placement vs. delayed placement; implant placement following osseous grafting
and/or sinus augmentation; immediate vs. delayed prosthetic loading), (2) the role
of systemic diseases in the success rate of osseointegrated implants, (3) quality of
life and patient preferences for dental implants compared to other prosthetic meth-
ods for restoring the dentition, and (4) needs in children who have congenitally
missing teeth or suffer from developmental disabilities. Osseointegrated dental
implants are one of the options available for replacing missing teeth. The success
of implants has been attributed to osseointegration or direct contact of the implant
surface and bone without a fibrous connective tissue interface. Varying surgical
protocols are used for placement of implants, and a wide variety of implant
designs are in current use. Implant failure is reported to be higher in smokers than
in non-smokers. It is obvious that smoking is one of the contraindications for
receiving dental implants, as we discussed in Chapter 7. While there are reports of
similar failure rates between people with well-controlled diabetes and those with-
out diabetes, individuals with type 2 diabetes may have a slightly higher failure
rate. No studies have documented the success of implants in individuals who
develop diabetes, osteoporosis, or other systemic conditions after placement. In
general, the relationship between systemic health and implant success is not well
documented. The use of surgical procedures such as maxillary sinus lifts, inferior
alveolar nerve transposition, and guided bone regeneration have expanded the use
of implants [8-19].

Adell et al. [8-19] reported the clinical review on the long-term outcome of
prostheses and fixtures (titanium implants) in 759 totally edentulous jaws of 700
patients. A total of 4636 standard implants were placed and followed according to
the osseointegration method for a maximum of 24 years by the original team at the
University of Goteborg. Standardized annual clinical and radiographic examina-
tions were conducted as far as possible. A life-table approach was applied for sta-
tistical analysis. Sufficient numbers of implants and prostheses for a detailed
statistical analysis were present for observation times up to 15 years. More than
95% of maxillae had continuous prosthesis stability at 5 and 10 years, and at least
92% at 15 years. The figure for mandibles was 99% at all time intervals.
Calculated from the time of implant placement, the estimated survival rates for
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individual implants in the maxilla were 84, 89, and 92% at 5 years; 81 and 82% at
10 years; and 78% at 15 years. In the mandible, they were 91, 98, and 99% at 5
years; 89 and 90% at 10 years; and 86% at 15 years [8-19, 8-20].

Astrand et al. [8-21] reported the following clinical studies. Twenty-three
patients with Kennedy Class I mandibular dentition were supplied with prostheses
in the posterior parts of the mandible. On one side they were given a prosthesis sup-
ported by two implants (type I) and on the other side they received a prosthesis sup-
ported by one implant and one natural tooth (type II). Sixty-nine fixtures (titanium
implants) were inserted and 46 prostheses constructed. Eight of the implants were
lost during the observation period. The failure rate of the implants was about the
same in the two types of prostheses: five implants belonged to prostheses type I
(10.9%) and two implants belonged to prostheses type 11 (8.7%), while one implant
was lost prior to loading. From a theoretical point of view, the combination of a
tooth and an osseointegrated implant should encounter problems with regard to the
difference in bone anchorage, and there should be a risk of biomechanical compli-
cations. However, the results of this study did not indicate any disadvantages in
connecting teeth and titanium implants in the same restoration [8-21].

The structural and functional bonding of load-carrying titanium implants to liv-
ing bone has been recognized, indicating that the implant was successfully
accepted. The effect of CpTi implants on the process of primary mineralization
was studied by Kohavi et al. [8-22] by insertion of Ti implants into rat bone after
ablation. The effects of the Ti were studied through the behavior of extracellular
matrix vesicles. It was found that (i) the insertion of Ti implants was followed by
an increase in the number of extracellular matrix vesicles as well as vesicular
diameter, and by a decrease in vesicular distance from the calcified front when
compared to normal healing, suggesting that the process of extracellular matrix
vesicles maturation around Ti implants was delayed when compared to normal pri-
mary bone formation during bone healing, and (ii) the delay in mineralization was
compensated by an increase in vesicular production, resulting in an enhancement
of primary mineralization by the titanium [8-22]. Piattelli et al. [8-23] reported on
the histological picture of the surrounding of two screw-shaped Ti plasma-sprayed
implants retrieved for a fracture of the abutment after 18 and 42 months. These
two implants were loaded after two months. The microscopic examination showed
that both implants were covered in a large part of the implant surface by compact,
mature lamellar bone with the presence of many Haversian systems and osteons.
With von Kossa staining it was possible to see that the bone at the interface with
the implant was highly mineralized. No connective tissue or inflammatory cells
were present at the interface [8-23].

Saadown et al. [8-24] presented the 8-year study, showing an increased success rate
for Steri-Oss osseointegrated implants in full, partial, and single-tooth edentation,
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compared to previous 6-year studies. A total of 1499 titanium implants placed in 389
women and 216 men had an average success rate of 96.1%. Of the 716 implants
placed in the maxilla, 697 were exposed and only 31 failed — a success rate of 95.6%.
Of 783 placed in the mandible, 750 were exposed and 25 failed — a success rate of
96%. Performance comparisons of Steri-Oss Ti threaded, HA-coated, cylindrical
implants and Ti plasma-sprayed cylindrical implants showed a higher success rate for
the coated and sprayed implants, especially for short implants placed in soft maxil-
lary bone [8-24].

A histological analysis of 19 Branemark titanium implants retrieved for differ-
ent causes were reported: (1) four implants were removed for abutment fracture,
(2) one for dental nerve dysesthesia, (3) two for bone overheating, (4) two for peri-
implantitis, (5) nine for mobility, and (6) one for unknown causes. It was men-
tioned that, in the implants removed for fracture, a high bone—implant contact
percentage was present (72%), with compact, mature bone at the interface. It was
also reported that, in peri-implantitis, an inflammatory infiltrate was observed in
the preimplant tissues: a dense fibrous connective tissue was present around
implants failed because of its mobility [8-25].

Successful endosseous implant therapy requires integration of the implant with
bone, soft connective tissue, and epithelium. There were several important obser-
vations made by Cochran [8-26] as follows. Light and electron microscopy reveal
that epithelial structures similar to teeth are found around the implants. A connec-
tive tissue zone exists between the apical extension of the junctional epithelium
and the alveolar bone. This connective tissue comprises a dense circular avascular
zone of connective tissue fibers surrounded by a loose vascular connective tissue.
The histologic dimensions of the epithelium and connective tissue comprising the
biologic width are similar to the same tissues around teeth. Straumann titanium
implants have an endosseous portion that is either coated with a well-characterized
and well-documented titanium plasma-sprayed surface or is sand-blasted and acid-
etched. Both surfaces have been shown to have advantages for osseous integration
compared to as-machined and other smoother-implant surfaces, as we have seen in
Chapter 7. These advantages include greater amounts of bone-to-implant contact
(mechanical anchorage), more rapid integration with bone tissue (biochemical
anchorage), and higher removal torque values (as a result of both). Component
connection at the alveolar crest, as seen with submerged implants, results in micro-
bial contamination, crestal bone loss, and a more apical epithelial location [8-26].

Leonhardt et al. [8-27] followed up longitudinally osseointegrated titanium
implants in partially dentate patients by clinical, radiographic, and microbiological
parameters in order to evaluate possible changes in the peri-implant health over time.
Fifteen individuals treated with titanium implants and followed for 10 years were
included in the study. Before implant placement 10 years prior, the individuals had
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been treated for advanced periodontal disease and thereafter been included in a main-
tenance care program. The survival rate of the implants after 10 years was 94.7%. Of
the individuals, 50% were positive for plaque at the implants. Bleeding on sulcus
probing was present at 61% of the implant surfaces. The results of the present study
suggest that the presence of these putative periodontal pathogens at implants may not
be associated with an impaired-implant treatment. These species are most likely part
of the normal resident microbiota of most individuals, and may therefore be found at
random at both stable and progressing peri-implant sites [8-27].

ITI® dental implants are available with two bone-anchoring surfaces, a titanium
plasma-sprayed surface, and a recently introduced sand-blasted and acid-etched
surface. Cell culture and animal tests demonstrate that the sand-blasted and acid-
etched surface stimulates bone cell differentiation and protein production, has large
amounts of bone-to-implant contact, and results in large removal torque values in
functional testing of the bone contact. The 5-year follow-up revealed that 110
patients with 326 implants have completed the 1-year post-loading recall visit,
while 47 patients with 138 implants have completed the 2-year recall. Three
implants were lost prior to abutment connection. Prosthetic restoration was com-
menced after shortened healing times on 307 implants. The success rate for these
implants, as judged by abutment placement, was 99.3% (with an average healing
time of 49 days). It was further analyzed by the life table analyses that there was an
implant success rate was 99.1%, both for 329 implants at 1 year and for 138
implants at 2 years. It was also reported that, under defined conditions, solid-screw
implants with a sand-blasted and acid-etched endosseous surface can be restored
after approximately 6 weeks of healing with a high predictability of success,
defined by abutment placement at 35 N cm without counter-torque, and with sub-
sequent implant success rates of greater than 99% 2 years after restoration [8-28].

Meijer et al. [8-29] conducted the prospective randomized controlled clinical
trial to evaluate the clinical outcomes and prosthetic aftercare of edentulous
patients with a mandibular overdenture retained by two IMZ titanium implants or
two Branemark titanium implants during a 10-year period. Patients were allocated
to the IMZ group (n=29) or the Branemark group (n=32). In the IMZ group, four
implants were lost during the 10-year follow-up (survival rate: 93%). In the
Branemark group, nine implants were lost (survival rate: 86%). All patients were
re-operated successfully. Multiple prosthetic revisions were necessary in both
groups. In particular, the precision attachment system in the overdenture (23% of
the total number of revisions) and the denture base and teeth (26% of the total
number of revisions) were subject to frequent fracture. It was concluded that both
the IMZ implant and the Branemark implant systems supporting an overdenture
are functioning well after 10 years of follow-up. There are no indications of a
worsening of clinical or radiographical state after 10 years [8-29].
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Ichinose et al. [8-30] demonstrated that a myriad of fine particles produced by
the abrasion of both Co-Cr-Mo and Ti-6Al-4V alloys accumulate in the synovial
cells next to surgical implants made from these alloys. The metallic particles
were of various sizes, and were observed within the lysosomes. Energy-disper-
sive X-ray spectroscopy studies revealed that the fine spherical particles con-
sisted solely of Cr, and that other larger particles were composed of the
Co-Cr-Mo alloy. It was reported that most of fine particles were 10—15 nm in
diameter. Eighty percent of the large particles were 30-35 nm in length and
20-25 nm in width. In addition, the energy-dispersive X-ray spectroscopy analy-
sis clarified that all of the fine particles of the Ti-6Al-4V were composed of that
alloy. For Ti-6Al-4V, when discounting the large particles, the fine metal
deposits were 20—25 nm in length and 10-15 nm in width. It was concluded that
(1) Co-Cr-Mo alloy is easily corroded and that Co is released from the cells, but
(i1) Ti-6Al-4V alloy is very stable and does not corrode, although the Ti-6A1-4V
alloy does produce particles that are smaller than those produced by the Co-Cr-
Mo alloy [8-30].

Goodacre et al. [8-31] reviewed articles to identify the types of complications
that have been reported in conjunction with endosseous root form implants and
associated implant prostheses. The searches focused on Medline publications
(which started in 1981) that contained clinical data regarding
success/failure/complications. The complications were divided into the following
six categories: surgical, implant loss, bone loss, peri-implant soft tissue, mechan-
ical, and esthetic/phonetic. The raw data were combined from multiple studies
and means calculated to identify trends noted in the incidences of complications.
It was reported that the most common implant complications (those with a greater
than a 15% incidence) were loosening of the overdenture retentive mechanism
(33%), implant loss in irradiated maxillae (25%), hemorrhage-related complica-
tions (24%), resin veneer fracture with fixed partial dentures (22%), implant loss
with maxillary overdentures (21%), overdentures needing to be relined (19%),
implant loss in type IV bone (16%), and overdenture clip/attachment fracture
(16%) [8-31].

Evidence of the successful use of osseointegrated titanium dental implants for
the restoration of individual teeth has been reported for anterior teeth more fre-
quently than for posterior teeth. Simon [8-32] collected data from the charts of
patients provided with implant—supported single crowns in posterior quadrants in
a prosthodontic practice in southern California. It was reported that 49 patients
with 126 implants restored with molar or premolar crowns were recalled for exam-
ination after periods ranging from 6 months to 10 years. The implant failure rate
was 4.6% with complications of abutment screw loosening (7%) and loss of
cement bond (22%) [8-32].
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8.3. SURFACE AND INTERFACE CHARACTERIZATION

Defining the nature of biomaterial surfaces is crucial for understanding interac-
tions with biological systems. Surface analysis requires special techniques and
instruments considering the analysis of a 50 A thick region in a 1 mm? area on the
surface of a specimen that is 1 mm in total thickness. Devices intended to be
implanted or interfaced intimately with living tissue may be composed of a vari-
ety of materials. Understanding the biological performance and efficacy of these
biomaterials requires a thorough knowledge of the nature of their surfaces. The
nature of the surface can be described in terms of surface chemistry, surface
energy, and morphology [8-33]".

Biomaterials and implant research is a challenging, complex, and extremely cross-
disciplinary field. It involves clinical surgery and essentially all other areas of med-
ical science, as well as biology, chemistry, physics, and the technical sciences. Claims
for osseointegration, firoosteal integration, bone bonding, and bony ankylosis
abound, but there is little precise knowledge of the actual interface between implant
and tissue, and of the factors which influence host response and the long-term
integrity of the implant system. It is well known that the surface chemistry, surface
energy, and surface topography govern the biological response to an implanted mate-
rial. The tissue response to a dental (or surgical) implant may involve physical factors
such as size, shape, surface texture, and relative interfacial movement, as well as
chemical factors associated with the composition and surface structure [8-34—8-36].

Ti material is one of the most commonly used biomaterials for dental and ortho-
pedic applications. Its excellent tissue compatibility is mainly due to the proper-
ties of the stable oxide layer which is present on the surface. Lausmaa et al. [8-37]
characterized the surface composition of unalloyed Ti implant materials, prepared
according to procedures commonly used in clinical practice (machining, ultra-
sonic cleaning and sterilization). The surface of the implants is found to consist of
a thin surface oxide which is covered by a carbon-dominated contamination layer.
The thickness of the surface oxides is 2—6 nm, depending on the method of steril-
ization. The surface contamination layer is found to vary considerably from sam-
ple to sample, and consists of mainly hydrocarbons with trace amounts of calcium,
nitrogen, sulfur, phosphorous, and chlorine. Some differences in surface composi-
tion between directly prepared surfaces, and some possible contamination sources,
are identified [8-37].

! Suppose we have a cubic with 1 ¢cm on each face. The ratio of molecules involved in the bulk
(interior) to that of surface can be estimated as follow. Let the size of molecule be a* (in cm?). The
ratio = number of bulk molecules/number of surface molecules = (1/a%)/{6 X (1/a)*} = 1/6a.1fa =
5 X 1078 cm or 50 nm, the ratio = 1/(6 X 5 X 107%) = 1/(3 X 1077), indicating that surface micro-
analysis needs at least 3 X 107 times higher sensitivity than the bulk analysis requires.
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According to Sutherlan et al. [8-38], there are three major reasons for the appar-
ent success of Ti implants. First, Ti, although a highly reactive metal, forms a dense,
coherent passive oxide film, preventing the ingress of corrosion products into the
surrounding tissue. Second, bone is in a dynamic state, continually resorbing old
bone and laying down new. One implant variable in the rate of bone remodeling is
the difference in elastic moduli between bone and its replacement. Normally the
larger this difference, the more rapidly bone changes take place. Ti is particularly
good in this regard because of its lower elastic moduli. The third factor tending to
promote osseointegration is the biochemical properties of the oxide coating. The
surface is also known to have at least two types of hydroxyl groups attached to it.
TiO, is non-conducting, but electrons can tunnel through the layer. Thin oxide lay-
ers can allow the passage of electrons, leading to conformational changes and dena-
turing of proteins. Medical grade Ti samples were examined using XPS before and
after immersion in various proteins. Additionally, an implant removed from a
patient following clinical failure was examined using scanning ion and electron
microscopy. The surface of the as-received samples was found to be mainly TiO,,
with contamination of H,O/OH~, Ca, and N, which remained after autoclaving. The
immersed proteins adhered to the Ti surface, possibly via a Ca-O link. The failed
clinical sample was found to be partially fibrously encapsulated with evidence of
calcification. Small amounts of TiO-OH were detected at the fibrous periphery [8-
38], supporting the theory of Tengvall and co-workers [8-39] that in vivo Ti
implants are covered in a gel of this material.

The chemical state of the surfaces of three types of osseointegrated Ti implants
was analyzed by Sawase ef al. [8-40]. It was reported that moderately rough sur-
faces show stronger bone responses than smoother or rougher surfaces. This is
supported by a review done by Abrektsson et al. [8-41, 8-42], indicating that the
majority of currently marketed implants are moderately rough. Oral implants per-
mit bone ingrowth into minor surface irregularities — biomechanical bonding or
osseointegration. Four- and seven-year implanted blade-type shape memory effect
(SME) NiTi dental implants were microanalyzed to characterize the surfaces by
Oshida et al. [8-43]. It was found that the entire surfaces of SME NiTi implants
were covered with many bubbles and craters which were also found by James [8-
44]. These surface irregularities have averaged sizes of 2—10 um in diameter.
Furthermore, the 3D FEM stress analysis showed that several characteristics por-
tions, for example, the tip of the head, neck, and bending portions of the implant,
where more bubbles and craters were formed than the other portions of the blades
[8-43], were subject to the highest von Mises stress levels [8-45]. Hence, it is sug-
gested that stress-assisted dissolution of nickel would take place at the interface
between the NiTi implant and the living hard tissue [8-43].
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Fox et al. [8-46] characterized the in vitro and in vivo electrochemical behavior of
CpTi using a specialized osseous implant in conjunction with the electrochemical
impedance spectroscopy (EIS) measurement technique. Studies performed in vitro
were used to verify the operation of transducer and develop methods of deconvolut-
ing EIS data. This method was subsequently used to describe an electrochemical
equivalent circuit model of the surface oxide and electrical double-layer capacitance
of CpTi in the endogenous electrolyte found in the medullary compartment of a
baboon tibia. Kinetic profiles of the double-layer capacitance and the polarization
resistance were constructed from multiple in vitro and in vivo EIS measurements
performed over 60 min at 0 V (vs. Ag/AgCl) conditioning potential. The profiles
demonstrated that the growth of surface oxides was biphasic, with rapid decrease in
the double-layer capacitance occurring within 20 min and reaching steady-state con-
ditions at approximately 40 min. These data suggested that a passive, stable biofilm
formed on the CpTi surface in vivo and in vitro [8-46]. There is another study using
EIS technique. Surfaces of CpTi and Ti-6Al-4V were subjected to simultaneous
polarization/impedance testing and in sifu electrochemical atomic force microscopy
imaging to evaluate how the structure and properties of the passive oxide film is
affected by varying potential and hydration. Simultaneous AFM (atomic force
microscope) imaging of dry surfaces, initially hydrated surfaces, and surfaces
immersed and changing with potential revealed that all sample surfaces were cov-
ered with protective Ti oxide domes that grew in area and coalesced due to hydra-
tion and as a function of increasing applied voltage and time [8-47].

In order to enhance the tissue-adhering strength onto titanium implants, various
physical and chemical treatments have been proposed and conducted. However, the
majority of evaluations on such bonding strengths are normally found in bone-bond-
ing strength, tissue bonding strength, or interfacial observation on the order of sev-
eral mm to mm depth. Interaction between biomaterials and living tissue is strongly
influenced by the surface characteristics and surface adsorption of protein or extra-
cellular matrices in the near-surface area, which is more important. Such interaction
areas are on the order of nm scale. In order to reach this level of microanalysis, the
surface plasmon resonance (SPR) method has been proposed to analyze the real-
time interaction between titanium surfaces and biomolecules. The surface plasmon
wave is a dense wave of electrons existing on metallic surface. Hirata [8-48] devel-
oped a unique SPR sensor accompanied with a titanium which was oxidized in air.
It was reported that (i) although the titanium dioxide SPR sensor is effective in optics
and industrial fields, since the biofunctionality and bioactivity of biomolecules on
preoxidized metallic titanium as artificial bone or dental implant are more impor-
tant, metallic titanium SPR sensor is more effective, and (ii) this SPR sensor is more
useful to investigate the biocompatibility in nanometer regions.
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8.4. REACTIONS IN CHEMICAL AND MECHANICAL ENVIRONMENTS

Biocompatibility of metallic materials essentially equates to corrosion resistance
because it is thought that alloying elements can only enter the surrounding
organic system and develop toxic effects by conversion to ions through chemical
or electrochemical process. There are a number of alloys whose tolerance in
implanted forms can be as good or as adequate as the ceramic and polymeric
materials used in biomedical applications. After implant placement, initial heal-
ing of the bony compartment is characterized by formation of blood clots at the
wound site, protein adsorption and adherence of polymorphonuclear leukocyte.
Then approximately 2 days after placement of the implant, fibroblasts proliferate
into the blood clot, and organization begins, and an extracellular matrix is pro-
duced. Approximately a week after the implant is placed, appearance of
osteoblast-like cells and new bone is seen. New bone reaches the implant surface
by osseoconduction (through growth of bone over the surface and migration of
bone cells over the implant surfaces) [8-49].

In the cells of living organisms, a delicate equilibrium exists between the quan-
tities of some metals needed in catalytic processes and the level at which these
same metals become toxic. Some other metals have no part in the biological cycle,
but might be the present in implants used in surgery. Chemical interaction between
implants and tissue requires exchange of ions between the solid metal and the bio-
logical structure, e.g., by complex formation with proteins. There should be at
least three factors: (1) Corrosion frees metal ions, and an immediate conclusion is
that slow dissolution of the metal, even if it contains highly toxic elements, pro-
duces a weak interaction. (2) The ions can enter the body chemistry or react with
water to form surface hydroxides, or oxides. If stable hydroxides or oxides are
formed, the dissolved metal concentration will be small and again a possible inter-
action with the biological structure will be less likely. But solubility of these inor-
ganic compounds can be altered in tissue fluids, and the complex formation of
such compounds might even redissolve. (3) A third factor that determined a local
metal concentration is related to transport, essentially by chemical diffusion. lons
and any dissolved electrolyte components created at the corroding metal surface
move away in a concentration gradient, and if diffusion is slow the local concen-
tration of such electrolyte components will become high. It should also be men-
tioned that this diffusion, together with an element’s solubility, is necessary for
systemic effects [8-49]. Corrosion is one of the major processes that cause prob-
lems when metals are used as implants in the body. Their proper application to
minimize such problems requires that one has an understanding of principles
underlying the important degradative process of corrosion. To have such an under-
standing will result in proper application, better design, choice of appropriate test
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methods to develop better designs, and the possibility of determining the origin of
failures encountered in practice [8-50, 8-51].

All oral and maxillofacial implants are meant to support forces in vivo, so it is obvi-
ous that biomechanics plays a major role in implant design. Cook [8-52] and Brunski
[8-53] pointed out the following biomechanical issues as the most important: (1) what
are the in vivo loadings that dental implants must be designed to resist, (2) what fac-
tors are most important in controlling how the in vivo loads are transmitted to inter-
facial tissues, what are the stress and strain states in bone around the implant, and how
can they be controlled, (3) what are safe versus dangerous levels of stress and strain
in interfacial bone, and (4) what biomechanical factors contribute most to implants
success or failure. It was reported that the potential for long-term implants fixation
and the ability to treat younger, more active patients are part of the appeal of porous-
coated implants. However, because porous implants eliminate poly(methylmethacry-
late) bone cement, initial fixation of the implant is no longer guaranteed, and this may
compromise the initial success and long-term stability of the device.

Biomechanics involved in implantology should include at least (1) the nature
of the biting forces on the implants, (2) transferring of the biting forces to the
interfacial tissues, and (3) the interfacial tissues reaction, biologically, to stress
transfer conditions. Interfacial stress transfer and interfacial biology represent
more difficult, interrelated problems. Hence, many engineering variables such as
implant shape, elastic modulus, extent of bonding between implant and bone,
etc., can affect the stress transfer conditions. The successful clinical results
achieved with osseointegrated dental implants underscore the fact that such
implants easily withstand considerable masticatory loads. In fact, one study
showed that bite forces in patients with these implants were comparable to those
in patients with natural dentitions. A critical aspect affecting the success or fail-
ure of an implant is the manner in which mechanical stresses are transferred from
the implant to bone. It is essential that neither implant nor bone be stressed
beyond the long-term fatigue capacity. It is also necessary to avoid any relative
motion that can produce abrasion of the bone or progressive loosening of the
implants. An osseointegrated implant provides a direct and relatively rigid con-
nection of the implant to the bone. This is an advantage because it provides a
durable interface without any substantial change in form or duration. There is a
mismatch of the mechanical properties and mechanical impedance at the inter-
face of Ti and bone that would be evident at ultrasonic frequencies. It is interest-
ing to observe that from a mechanical standpoint, the shock-absorbing action
would be the same if the soft layer were between the metal implant and the bone.
In the natural tooth, the periodontum, which forms a shock-absorbing layer, is in
this position between the tooth and jaw bone [8-54]. Natural teeth and implants
have different force transmission characteristics to bone. Compressive strains
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were induced around natural teeth and implants as a result of static axial loading,
whereas combinations of compressive and tensile strains were observed during
lateral dynamic loading. Strains around the natural tooth were significantly lower
than the opposing implant and occluding implants in the contralateral side for
most regions under all loading conditions. There was a general tendency for
increased strains around the implant opposing natural tooth under higher loads
and particularly under lateral dynamic loads [8-55].

The above statement is further understood if a natural dentition and implant
system are compared, as seen in Figure 8-1. It can be pointed out that the most
distinct difference between these two is the fact that the natural dentition has a
periodontal membrane, functioning as a mechanical shock absorber, as well as
a solid bonding between tooth root surface and surrounding tissue.

The interface mechanical characteristics and histology of CpTi and HA-coated
CpTi were studied by Cook et al. [8-55]. It was reported that (i) histologic evalua-
tion in all cases revealed mineralization of interface bone directly onto the HA-
coated implant surface, becoming part of the implant composite system, and (ii) the
uncoated implants had a thin fibrous inter-positional layer present in most areas,
with projections of bone in apposition to the implant surface in a limited number of
locations, indicating that the HA-coated Ti system may be attractive for use in
endosseous dental implant applications [8-56]. Masticatory forces acting on dental
implants can result in undesirable stress in adjacent bone, which in turn can cause
defects and the eventual failure of implants. It was reported that (i) the maximum
stress areas were located around the implant neck, (ii) the decrease in stress was
the greatest (31.5%) for implants with a diameter ranging from 3.6 to 4.2 mm, and
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Inner screw structure
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Epithelium the mucus membrane
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Tooth root portion (rough surface)
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Figure 8-1. Schematic comparison between natural tooth and implant tooth.
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(ii1) an increase in the implant length also led to a decrease in the maximum von
Mises equivalent stress values; the influence of implant length, however, was not as
pronounced as that of implant diameter. It was further mentioned that an increase
in the implant diameter decreased the maximum von Mises equivalent stress around
the implant neck more than an increase in the implant length, as a result of a more
favorable distribution of the simulated masticatory forces applied [8-57]. At pres-
ent, load-bearing implants are designed on a deterministic basis in which the struc-
tural strength and applied loading are given fixed values, and global safety factors
are applied to cover any uncertainties in these quantities, and to design against fail-
ure of the component [8-58]. This approach will become increasingly inappropriate
as younger and more active patients demand more exactness, and as devices
become more complex. Browne ef al. [8-58] described a preliminary investigation
in which a scientific and probabilistic technique is applied to assess the structural
integrity of the knee tibial tray. It was envisaged that by applying such a technique
to other load-bearing biomedical devices, reliability theory may aid in future lifting
procedures and materials/design optimization.

Although one of the most common procedures performed in implant dentistry is
a single tooth replacement, some cases offer two implants for three crowns — three
unit implant. The influence of implant number and cantilever design on stress dis-
tribution on bone has not been sufficiently assessed for the mandibular overdenture.
Sadowky and Caputo [8-59] reported that while all four prostheses demonstrated
low stress transfer to the implant, the plunger-retained prosthesis caused more uni-
form stress distribution to the ipsilateral terminal abutment compared to the slip-
retained prosthesis, and provided retention security under tested loads. The
plunger-retained prosthesis retained by two implants provided better load sharing
from the ipsilateral edentulous ridge than the clip-retained prosthesis retained by
three implants, and lower resultant stresses were seen on the implants [8-59].

By means of finite element analysis method (FEM), stress-distribution in bone
around implants was calculated with and without stress-absorbing element [8-60]. A
freestanding implant (i.e., single unit) and an implant connected with a natural tooth
were simulated. It was reported that (i) for the freestanding implant, the variation in
the MOE of the stress-absorbing element had no effect on the stresses in bone; chang-
ing the shape of the stress-absorbing element had little effect on the stresses in corti-
cal bone, and (ii) for the implant connected with a natural tooth, a more uniform stress
was obtained around the implant with a low MOE of the stress-absorbing element. It
was also found that the bone surrounding the natural tooth showed a decrease in the
height of the peak stresses [8-60]. Mechanical in vitro tests of the Branemark implant
indicated that the screw joint which attaches the prosthetic gold cylinder and the
transmucosal abutment to the fixture forms a flexible system. Calculations of verti-
cal load distribution based on measured flexibility data demonstrated that the forces
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are shared almost equally between the tooth and the implant, even without taking the
flexibility of the surrounding bone or the prosthesis into account. The therapy of a sin-
gle Branemark implant connected to a natural tooth should be considered without any
additional element of a flexible nature. Mechanical tests and theoretical considera-
tions, however, indicate that the transverse mobility of the connected tooth should be
limited and that the attachment of the prosthesis to the tooth should be a rigid design
to avoid gold-screw loosening [8-61]. The stress distribution pattern clearly demon-
strated a transfer of preload force from the screw to the implant during tightening. A
preload of 75% of the yield strength of the abutment screw was not established using
the recommended tightening torques. Using FEM, a torque of 32 N c¢cm applied to the
abutment screws in the implant assemblies was studied in the presence of a coeffi-
cient of friction of 0.26, and resulted in a lower than optimum preload for the abut-
ment screws. It was then mentioned that in order to reach the desired preload of 75%
of the yield strength, using the 32 N cm torque applied to the abutment screws in the
implant assemblies studied, the coefficient of friction between the implant compo-
nents should be 0.12 [8-62].

The fractured surface of a retrieved Ti screw and metallurgical structures of a
dental implant system were analyzed by Yokoyama et al. [8-63]. The outer surface
of the retrieved screw had a structure different from that of the as-received screw.
It was confirmed that a shear crack initiated at the root of the thread and propa-
gated into the inner section of the screw. Gas chromatography revealed that the
retrieved screw had absorbed a higher amount of hydrogen than the as-received
sample, suggesting that the fracture is, to some extent, related to the hydrogen
embrittlement. The grain structure of a Ti screw, immersed in a solution known to
induce hydrogen absorption showed features similar to those of the retrieved
screw. It was concluded that Ti in a biological environment absorbs hydrogen and
this may be the reason for delayed fracture of a Ti implant [8-63]. It is known that
the high-cycle fatigue strength of porous-coated Ti-6Al1-4V is approximately 75%
less than the fatigue strength of uncoated Ti-6A1-4V [8-64]. It was mentioned that
(i) the fatigue strength of smooth-surfaced Ti-6Al-4V subjected to hydrogen treat-
ments is 643—-669 MPa, significantly greater than that of beta-annealed Ti-6Al-4V
(497 MPa), and also greater than that of preannealed, equiaxed Ti-6Al-4V (590
MPa), and (ii) the fatigue strength of porous coated Ti-6Al-4V, however, is inde-
pendent of microstructure, suggesting that the notch effect of the surface porosity
does not allow the material to take advantage of the superior fatigue crack initia-
tion resistance of refined alpha-grain size [8-64]. Bone tissue ingrowth into
porous-metal-coated implants is often the preferred method of prosthetic fixation
in younger and more active patients [8-52, 8-53]. The short-term clinical results of
porous-coated implants have been good. The long-term success of any implants is
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determined, in part, by the ability of the material to withstand repetitive loading.
Kohan et al. [8-65] utilized acoustic emission (AE) events and event intensities
(e.g., event amplitude, counts, duration, and energy counts) to analyze the fatigue
process of uncoated and porous-coated Ti-6Al-4V. AE provides the ability to spa-
tially and temporally locate multiple fatigue cracks in real time. Fatigue of porous-
coated Ti-6Al-4V is governed by a sequential, multimode fracture process of:
transverse fracture in the porous coating; sphere/sphere and sphere/substrate
debonding; substrate fatigue crack initiation; and slow and rapid substrate fatigue
crack propagation. Because of the porosity of the coating, the different stages of
fracture within the coating occur in a discontinuous manner. Changes in the AE
event rate also correspond to changes in crack-extension rate, and may therefore
be used to predict failure. It was reported that (i) intergranular fracture and
microvoid coalescence generated the highest AE event amplitudes (100 dB),
whereas plastic flow and friction generated the lowest AE event amplitudes (55-65
dB), and (ii) fractures in the porous coating were characterized by AE event ampli-
tudes of less than 80 dB [8-65].

8.5. REACTION IN BIOLOGICAL ENVIRONMENT

A goal of biomaterials research has been, and continues to be, the development of
implant materials which are predictable, controlled, guided, with rapid healing of
the interfacial hard and soft tissues. The performance of biomaterials can be clas-
sified in terms of the response of the host to the implant, and the behavior of the
material in the host. This is actually related to which side we are looking at the host
(vital tissue)/foreign materials (implant) interface. The event that occurs almost
immediately upon implantation of metals, as with other biomaterials, is adsorption
of proteins. These proteins come first from blood and tissue fluids at the wound
site and later from cellular activity in the interfacial region. Once on the surface,
proteins can desorb (undenatured or denatured, intact or fragment), remain, or
mediate tissue—implant interaction [8-66]. The host response to implants placed in
bone involves a series of cell and matrix events, ideally culminating in tissue heal-
ing that is as normal as possible and that ultimately leads to intimate apposition of
bone to the biomaterials, namely the definition of osseointegration. For this inti-
mate contact to occur, gaps that initially exist between the bone and implant at sur-
gery must be filled initially by a blood clot, and bone damaged during preparation
of the implant site must be repaired. During this time, unfavorable conditions, e.g.,
micromotion (a biomechanical factor) will disrupt the newly forming tissue, lead-
ing to formation a fibrous capsule [8-7]. The criteria for clinical success of
osseointegration are based on functionality and compatibility, which, depend on
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the control of several factors including: (1) biocompatible implant material using
commercially pure titanium, (2) design of the fixture; a threaded design is advo-
cated creating a larger surface per unit volume as well as evenly distribution load-
ing forces, (3) the provision of optimal prosthodontic design and implant
maintenance to achieve ongoing osseointegration, (4) specific aseptic surgical
techniques and a subsequent healing protocol which are reconcilable with the prin-
ciples of bone physiology, which would incorporate a low heat/trauma regimen, a
precise fit and the two-stage surgery program, (5) a favorable status of host-
implant site from a health and morphologic standpoint, (6) non-loading of the
implant during healing is a basic tenet of osseointegration, and (7) the defined
macro-microscopic surface of the implant as it relates to the host tissue [8-67]. The
implantation of any foreign material in soft tissue initiates an inflammatory
response. The cellular intensity and duration of the response is controlled by a
variety of mediators and determined by the size and nature of the implanted mate-
rial, site of implantation and reactive capacity of the host [8-68].

Dental implants vary markedly in the topography of the surfaces that contact
cells. According to Brunette [8-69], there are four principles of cell behavior
observed in cell culture to explain to some extent the interactions of cells and
implants. (1) Contact guidance aligns cells and collagen fibers with fine grooves
(known as machine tool-marks). (2) Rugophilia describes the tendency of
macrophages to prefer rough surfaces. (3) Two-center effect can explain the orien-
tation of soft connective tissue cells and fibers attached to porous surfaces. (4)
Haptotaxis may be involved in the formation of capsules around implants with low-
energy surfaces [8-69]. Surface roughness has been shown to be an influencing
parameter for cell response. Bigerele et al. [8-70] compared the effect of roughness
organization of Ti-6Al-4V or CpTi on human osteoblast response (proliferation and
adhesion). Surface roughness is extensively analyzed at scales above the cell size
(macroroughness) or below the cell size (microroughness) by calculation of rele-
vant classic amplitude parameters and original frequency parameters. It was found
that (i) the human osteoblast response on electro-erosion Ti-6Al-4V surfaces or
CpTi surface was largely increased when compared to polished or machine-tooled
surfaces after 21 days or culture, and (ii) the polygonal morphology of human
osteoblast on these electro-erosion surfaces was very close to the aspects of human
osteoblast in vivo on human-bone trabeculae. On the basis of these findings, it was
concluded that electro-erosion technique for creating a rough surface is a promis-
ing method for preparation of bone implant surfaces, as it could be applied to the
preparation of most biomaterials with complex geometries [8-70].

Ti oxide films were synthesized on Ti, Co alloy, and low-temperature isotropic
pryolytic carbon by the ion beam-enhanced deposition technique [8-71], by which
the amorphous non-stoichiometrical Ti oxide films (TiO,_,) were obtained. Blood
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compatibility of the films was evaluated by clotting time measurement, platelet
adhesion investigation, and hemoplysis analysis. It was found that (i) the blood
compatibility of the material was improved by the coating of Ti oxide films, (ii)
the non-stoichiometric TiO,_, has n-type semiconductive properties because very
few cavities exist in the valence band of TiO,_; charge transfer is difficult from
the valence band of fibrinogen into the material, but (iii) on the other hand, the n-
type semiconductive TiO,_ with a higher Fermi level can decrease the work func-
tion of the film, which makes electrons move out from the film easily. As a result,
it was concluded that the deposition of fibrinogen can be inhibited and blood com-
patibility improved [8-71].

Favorable wound-healing responses around metallic implants depend on critical
control of the surgical and restorative approaches used in dental implant treatments.
One critical parameter that has not been biologically studied is the role of a clean,
sterile oxide surface on an implant. This oxide surface can alter the cellular healing
responses, and potentially the bone remodeling process, depending on the history of
how that surface was milled, cleaned, and sterilized prior to placement. On the basis
of this background, Stanford et al. [8-72] evaluated the phenotypic responses of rat
calvarial osetoblast-like cells on CpTi surfaces. These surfaces were prepared to three
different clinically relevant surface preparations (1 um, 600 grit, and 50 um grit sand-
blasting), followed by sterilization with either ultraviolet light, ethylene oxide, argon
plasma cleaning, or routine clinical autoclaving. It was found that (i) osteocalcin and
alkaline phosphatase, but not collagen expression, were significantly affected by sur-
face roughness when these surfaces were altered by argon plasma cleaning, and (ii)
on a per-cell basis, levels of the bone-specific protein, osteocalcin, and enzymatic
activity of alkaline phosphatase were highest on the smooth 1 um polished surface,
and lowest on the roughest surface for the plasma-cleaned CpTi [8-72].

Carlsson et al. [8-73] investigated the glow-discharged Ti implants, with a pre-
sumed high surface energy, and conventionally prepared and sterilized CpTi
implants which were inserted in the rabbit tibia and femur. The removal torque and
histology were compared after 6 weeks in situ. It was reported that (i) no qualita-
tive or quantitative differences were detected for implants with different preoper-
ative preparation, and (ii) the conventional implant treatment described is
sufficient to give a surface condition with similar early healing response as those
observed with glow-discharge-treated implants. Buser et al. [8-74] treated CpTi
surface by sand-blasting, acid-treatment in HCI/H,SO,, and the HA-coating. It
was reported that (i) rough implant surfaces generally demonstrated an increase in
bone apposition compared to polished or fine-structured surfaces, (ii) the acid-
treated CpTi implants had an additional stimulating influence on bone apposition,
(iii) the HA-coated implants showed the highest extent of bone—implant interface,
and (iv) the HA-coating consistently revealed signs of resorption [8-74].



238 Bioscience and Bioengineering of Titanium Materials

Generally, roughened surfaces have been used as the endosseous area of a den-
tal implant in order to increase the effective total area available for osseo-apposi-
tion. However, there is still considerable controversy concerning the optimal
surface geometry and physicochemical properties for the ideal endosseous portion
of a dental implant. Knabe et al. [8-75] used rat bone marrow cells to evaluate dif-
ferent Ti and HA dental implant surfaces. The implant surfaces were a Ti surface
having a porous Ti plasma-sprayed coating, a Ti surface with a deep profile struc-
ture, an uncoated Ti substrate with a machined surface, and a machined Ti sub-
strate with a porous HA plasma-sprayed coating. Rat bone marrow cells were
cultured on the disk-shaped test substrates for 14 days. The culture medium was
changed daily and examined for Ca and P concentration. It was reported that (i) all
tested substrates facilitated rat bone marrow cell growth of extracellular matrix
formation, (ii) Ti surfaces with a deep profile structure and with porous Ti plasma-
sprayed coating to the highest degree, followed by machined Ti and Ti with porous
HA plasma-sprayed coating, (iii) Ti surfaces with a deep profile structure and with
porous Ti plasma-sprayed coating displayed the highest cell density, and thus
seems to be well suited for the endosseous portion of dental implants, and (iv) the
rat bone marrow cells cultured on Ti with porous HA plasma-sprayed coating
showed a delayed growth pattern due to high phosphate ion release [8-75].

The modern range of medical devices presents contrasting requirements for
adhesion in biological environments. For artificial blood vessels, the minimum
adhesion of blood is mandatory, whereas the maximum blood cell adhesion is
required at placed implant surface. Strong bio-adhesion is desired in many cir-
cumstances to assure device retention and immobility. Minimal adhesion is
absolutely essential in others, where thrombosis or bacteria adhesion would
destroy the utility of the implants. In every case, primary attention must be given
to the qualities of the first interfacial conditioning films of bio-macromolecules
deposited from the living systems. For instance, fibrinogen deposits from blood
may assume different configurations on surfaces of different initial energies, and
thus trigger different physiological events. Standard surface modification tech-
niques, such as siliconization, when properly quality controlled, can yield
improved blood-compatible devices like substitute blood vessels and artificial
heart sacs [8-76, 8-77].

Sunny et al. [8-78] showed that the Ti oxide film on Ti affects the adsorption
rate of albumin/fibrinogen significantly. Multinucleated giant cells have been
observed at interfaces between bone marrow and Ti implants in mouse femurs,
suggesting that macrophage-derived factors might perturb local lympho-
mopoiesis, possibly even predisposing to neoplasia in the B lymphocyte lineage.
It has been found that (i) an implant-marrow interface with associated giant cells
persists for at least 15 years, (ii) precursor B cells show early increase in number
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and proliferative activity; however (iii) at later intervals they do not differ signif-
icantly from controls. Rahal et al. [8-79] mentioned, in mice study, that follow-
ing initial marrow regeneration and fluctuating precursor B cell activity, and
despite the presence of giant cells, Ti implants apparently become well-tolerated
by directly apposed bone marrow cells in a lasting state of the so-called myeloin-
tegration.

Sukenik et al. [8-80] modified the surface of Ti by covalent attachment of an
organic monolayers anchored by a siloxane network. This coating completely cov-
ers the metal and allows controlled modifications of surface properties by the
exposed chemical end-groups of the monolayer forming surfactant. The attach-
ment of such a film allows different bulk materials (e.g., glass and Ti) to have
identical surface properties, and this can be used in regulating cell adhesion
responses. It was found that (i) this control over surface functionality can modu-
late the functions of fibronectin in regulating attachment and neurite formation by
neuronal cells, and (ii) the effect on bacteria adherence that is achieved by using
such monolayers to vary surface hydrophilicity is also assessed [8-80].

Cell adhesion is involved in various natural phenomena such as embryogene-
sis, maintenance of tissue structure, wound healing, immune response, and
metastasis, as well as tissue integration of biomaterial [8-81]. The biocompatibil-
ity of biomaterials is very closely related to cell behavior on contact with them,
and particularly to cell adhesion to their surface. Surface characteristics of mate-
rials (whether their topography, chemistry or surface energy) plays an essential
part in osteoblast adhesion on biomaterials. Thus attachment, adhesion and
spreading belong to the first phase of cell/material interactions, and the quality of
this first phase will influence the cell’s capacity to proliferate and to differentiate
itself on contact with the implant. It is essential for the efficacy of orthopedic or
dental implants to establish a mechanically solid interface with complete fusion
between the materials’ surface and the bone tissue with no fibrous interface, as
mentioned previously. Moreover, the recent development of tissue engineering in
the field of orthopedic research makes it possible to envisage the association of
autologous cells and/or proteins that promote cell adhesion with osteoconductive
material to create osteoinductive materials or hybrid materials. Thus, a complete
understanding of the cell adhesion, and particularly osteoblast adhesion on mate-
rials is now essential to optimize the bone/biomaterial interface at the heart of
these hybrid materials [8-81].

Dmytryk et al. [8-82] examined the ability of tissue culture fibroblasts to attach
and colonize on the surface of CpTi dental implants following instrumentation of
the implant surface with curettes of dissimilar composition. CpTi dental implants
were scaled with a plastic, Ti-6Al-4V alloy, or stainless-steel curette and then
immersed in a cell suspension of 3T3 fibroblasts. Counts of attached cells were
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made at 24 and 72 h; the implants were then processed for SEM. At 24 h, only sur-
faces scaled with a stainless-steel curette showed a significant reduction in num-
ber of attached cells relative to untreated control surfaces. It was found that, at 72
h, both stainless steel and Ti-6A1-4V alloy curette instrument surfaces showed sig-
nificantly fewer attached cells than untreated control surfaces, with the greatest
reduction in cell attachment observed on stainless-steel curette instrument sur-
faces [8-82]. Ryhidnen ef al. [8-83] evaluated the new bone formation, modeling,
and cell-material interface responses induced by the NiTi SME alloy after
periosteal implantation. The regional acceleratory phenomenon (RAP) model was
employed, in which a periosteal contact stimulus provokes an adaptive modeling
response. The test implant was placed in contact with the intact femur periosteum,
but it was not fixed inside the bone. It was found that (i) a typical peri-implant
bone wall modulation was seen due to the normal RAP, (ii) the maximum new
woven bone formation started earlier (2 weeks) in the Ti-6Al-4V group than the
NiTi group, but also decreased earlier, and at 8 weeks the NiTi and stainless steel
groups had greater cortical bone width, and (iii) at 12 and 26 weeks no statistical
significances were seen in the histomorphometric values. On the basis of these
findings, it was concluded that NiTi had no negative effect on total new bone for-
mation or normal RAP after periosteal implantation during a 26-week follow-up
[8-83]. The bone formation around CpTi implants with varied surface properties
was tested by Larsson et al. [8-84]. Machined and electropolished CpTi samples
with and without anodically formed surface oxides were prepared and inserted
into the cortical bone of rabbits (1, 3, and 6 weeks). It was reported that (i) the
smooth, electropolished implants, irrespective of anodic oxidation, were sur-
rounded by less bone than the machined implants after 1 week, (ii) after 6 weeks,
the bone volume as well as the bone—implant contact, was lower for the merely
electropolished implants than for other three groups; however (iii) the result with
the smooth (electropolished) implants indicates that a reduction of surface rough-
ness, in the initial phase, decreases the rate of bone formation in rabbit cortical
bone [8-84]. Larsson et al. [8-85], in another experimental study, analyzed the
bone formation around systematically modified CpTi implants which were
machined, electropolished, and anodically oxidized, and were inserted in the cor-
tical bone of rabbits (7 and 12 weeks). It was found that (i) light microscopy
revealed that all implants were in contact with bone, and a large proportion of bone
within the threads, and (ii) the smooth, electropolished implants were surrounded
by less bone than the machined implants with similar oxide thickness (4-5 nm)
and the anodically oxidized implants with 21-180 nm after 7 weeks. It was further
reported that a high degree of bone contact and bone formation could be achieved
with CpTi implants which are modified with respect to oxide thickness and sur-
face topography; however, it appears that a reduction of surface roughness may
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influence the rate of bone formation in rabbit cortical bone [8-85]. Since interac-
tions among cell/matrix/substrate, which are associated with cell signaling, occur
in the nanoscale dimension, Oliveira and Nanci [8-86] evaluated the influence of
nanotexturing of Ti-based surfaces (CpTi and Ti-6Al1-4V, treated by H,SO, and
30% H,0,) on the expression of matrix proteins by cultures osteogenic cells at
initial time points. It was reported that (i) after 6 h, nanotextured surfaces exhib-
ited up to a nine-fold increase in the proportion of cells with peripheral osteopon-
tin labeling, (ii) at day 3, the proportion of osteopontin and bone sialoprotein
labeled cells was higher, and the intensity of immunoreactivity dramatically
increased, and (iii) no significant differences were observed in the expression pat-
tern and the proportion of cells immunoreactive for fironectin [8-86].

Biological performance of dental and orthopedic implants depends on factors
such as composition, design, surface topography, sterilization, and surgical tech-
nique. Common dental implants are made of different grades of CpTi. Ahmad ef al.
[8-87] conducted in vitro tests to determine if human osteoblast-like cells, Saos-2,
would respond differently when plates on disks of CpTi grades 1 and 4, with glass
disks serving as controls. It was reported that (i) rhodamine phalloidin fluorescence
microscopy showed variations in the actin-based cytoskeleton between grades 1 and
4 CpTi in cell spreading, shape, and the organization of stress fibers, (ii) immuno-
fluorescent staining showed differential expression of vinculin, a focal adhesion
protein, on the substrates, (iii) at 24 h, the percent of collagen synthesized was sig-
nificantly more on grade 1 than on grade 4 and on glass, and (iv) the calcium con-
tent was significantly higher on grade 1 than on grade 4 and on glass at 24 h and at
4 weeks. It was, thus, concluded that commonly used CpTi induced differential
morphologic and phenotypic changes in human osteoblast-like cells depending on
the grade of the material [8-87]. The spreading and orientation of human gingival
fibroblasts in relation to the rim of smooth-surfaced and porous-coated Ti disks was
in vitro investigated. It was found that (i) the cells migrated from the multilayer onto
the smooth-surfaced disks forming bridges between them, and orientated along par-
allel circumferential grooves in the rim of the disks, and (ii) cellular bridges were
also formed between the porous-coated disks and the multilayer, but because the
cells that migrated onto and between the sphere of the porous-coated showed no
preferred orientation, the bridges retained their orientation at right angles to surface
of the rim. This suggests that the geometrical configuration of the surface of the
implants could influence whether a capsule or an orientated fibrous attachment is
developed in relation to implants in vivo [8-88].

Proliferation and adhesion of mouse osteoblastic cells and primary osteoblastic
cells were carried out on Ti-6Al-4V samples with varied surface roughness [8-89].
Mechanically or manually polished surfaces were prepared to produce, respectively,
non-orientated or orientated polishing grooves. Sand-blasted surfaces were
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prepared using 500 ym or 3 mm alumina particles. It was found that (i) surface
roughness parameters showed a negative correlation in comparison to proliferation
and adhesion parameters, and (ii) X-ray microprobe chemical microanalysis
showed complete disturbance of the surface element composition of the Ti-6Al-4V
following sand-blasting treatment, on which an AlO -enriched layer was observed.
This may lead to the suspicion that the concomitant effect of surface roughness
amplitude and AlO, surface concentration has an effect on osteoblastic cell prolif-
eration and adhesion. It was demonstrated that usual surface preparation for
increasing the bone integration of Ti-6Al-4V surgical implants (i.e., sand-blasting)
may extensively transform their chemical surface composition. Therefore, the
expected bone integration of implants may be extensively impaired by surface treat-
ments [8-89]. The possible contamination by used blasting media on Ti surfaces
will be discussed in Chapter 11. Mustafa et al. [8-90] analyzed variations in the
oxide films on CpTi surfaces blasted with TiO, particles of various sizes after cul-
tures with cells derived from human mandibular bone. Turned Ti surfaces, and
sand-blasted with 63-90, 106-180, and 180-300 um TiO, particles were cultured
with osteoblast-like cells. The surfaces were characterized before and after the cell
culture with electrochemical impedance spectroscopy (EIS). It was found that (i)
EIS revealed, with respect to the turned surfaces, the effective surface area was
about 5, 6, and 4 times larger on the surfaces blasted with 63-90, 106-180, and
180-300 um particles, respectively, (ii) after 28 days of the cell culture, the corro-
sion resistance on all sample types was unaffected; the impedance characteristics
suggest a considerable effect of ion incorporation and precipitation during cultur-
ing, (iii) XPS revealed that before the cell culture, a typical surface layer consisted
of TiO,, and (iv) after the culture, the surface oxide film contained both P and Ca,
along with large amounts of oxidized carbon (carbonate) and nitrogen [8-90]. Lee
et al. [8-91] examined the cell attachment and proliferation of neonatal rat calvar-
ial osteoblasts on Ti-6Al-4V as affected by the surface modifications (as polished,
heated in vacuum at 970°C for 8 h to have 300 um thick brazed, at 970°C for 8 h to
have 600 pum brazed). During the brazing, a foil of Ti-15Cu-15Ni with melting
point of 934°C was placed top of the Ti-6Al-4V. All samples were passivated by
boiling them in distilled water for 24 h, followed by autoclaving at 121°C for 15
min. The modifications could alter simultaneously the surface chemistries of the
alloy, as well as the surface characteristics of oxides on the metal. It was found that
a slight change of the surface characteristics of oxides as a result of the modifica-
tions neither alters the in vitro capacity of Ca and P ion adsorption nor affects the
metal ion dissolution behavior of the alloy, suggesting that any influence on the
cytocompatibilities of the materials should only be correlated to the effect of sur-
face chemistries of the alloy and the associated metal ion dissolution behavior of
the alloy. It was therefore concluded that the cell response of neonatal rat calvarial
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osteoblasts on the Ti-6Al-4V alloy should not be affected by the variation of sur-
face chemistries of the alloy in a range studied [8-91]. To investigate the roles of
compositions and properties of Ti surface oxides in cellular behavior of osteoblasts,
the surface oxides of Ti were modified in compositions and topography by anodic
oxidation in two kinds of electrolytes, 0.1 M H;PO, and a mixture of 0.03 M cal-
cium glycerophosphate and 0.15 M calcium acetate. It was found that (i) phospho-
rous (P: ~ 10 at%) or both Ca (1-6 at%) and P (3—6 at%) were incorporated into
the anodized surfaces in the form of phosphate and calcium phosphate, and (ii) con-
tact angles of all the anodized oxides were in the range of 60-90" , indicating rela-
tively high hydrophobicity. It was also mentioned that cell culture experiments
demonstrated absence of cytotoxicity and an increase of osteoblast adhesion and
proliferation by the anodic oxides [8-92].

Bony ingrowth to control (non-treated) and heat-treated (autoclaved at 280°C
for 3 h) stainless-steel and Ti-6Al-4V implants into the medullary canal of the
femur in rats was studied by Hazan et al. [8-93]. It was found that (i) at all time
intervals up to 3 days post-implantation, the shear strengths of heat-treated Ti-6Al-
4V and stainless-steel implants were significantly higher (1.6- and 3.4-fold) than
the controls, and (ii) the heat treatment of metal implants prior to their insertion
alters their chemical surface properties and augments bony ingrowth to them
[8-93]. Characteristics of the porous surfaces may be important in improving the
bone ingrowth into the porous coatings. Quicker and more mature interstitial bone
formation was obtained using a porous rather than a solid structure, due to differ-
ences of penetration by some growth factors and bone marrow cells [8-94-8-96].
Li et al. [8-97] examined the effect of the surface macrostructure of a dimpled
CpTi implant on bone ingrowth in vivo by means of histological examination and
a push-out test. Dimples had diameters of 100, 140, and 160 um, and distance
between dimple centers of about 400 pum. Cylindrical implants were inserted in
rabbits for 1.5, 3, and 13 months. The femur with the implant of each animal was
then examined in a push-out test. It was found that the dimpled CpTi surface
results in an increased retention of the implant in bone due to interlocking between
vital bone and the dimples [8-97].

NiTi SME alloy makes it possible to prepare functional implants that apply a
continuous benign force to the bone. Kujala et al. [8-98] investigated if bone mod-
eling can be controlled with a functional intramedullary NiTi nail. Preshaped NiTi
nail with a curvature radius of 25-37 mm were implanted in the cooled martensite
phase form in the medullary cavity of the right femur in 8 rats, where they restored
their austenite form, causing a bending force. After 12 weeks, the operated femurs
were compared with their non-operated contralateral counterpairs. It was found
that (i) quantitative densitometry showed a significant increase in the average
cross-sectional cortical area and cortical thickness, which were most obvious in
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the mid-diaphyseal area, (ii) cortical bone mineral density increased in the proxi-
mal part of the bone and decreased in the distal part, and (iii) polarized light
microscopy of the histological samples revealed that the new bone induced by the
functional intramedullary nail was mainly woven bone. It was therefore concluded
that bone modeling can be controlled with a functional intramedullary nail made
of NiTi SME alloy [8-98]. The biocompatibility of NiTi as a potential implant
material was investigated through in vivo studies on beagles. A high-purity alloy
was fabricated into prototype bone plates and implanted into the femurs of bea-
gles. Commercial Co-Cr alloy bone plates served as reference controls. The bone
plates were removed from the animals and examined after exposures of 3, 6, 12,
and 17 months. It was reported that (i) there was no evidence of localized or gen-
eralized corrosion on the surfaces of the bone plates and screws, (ii) gross clini-
cal, radiological, and morphological observations of the tissue at the implantation
sites during the autopsies uncovered no signs of adverse tissue reactions resulting
from the implants, and (iii) a histological analysis was performed on samples of
muscle and bone adjacent to the implantation sites and of tissues removed from
such organs as the liver, spleen, brain, and kidneys. It was further found that there
was no metallic contamination in the organs due to the implants; however, there
does appear to be some chromium contamination from the Co-Cr alloy implants
in the adjacent bone, and concluding that NiTi alloy is sufficiently compatible with
dog tissue to warrant further investigation of its potential as a biomaterial [8-99].
Nishiguchi e al. [8-100] evaluated the bone-bonding ability of three differently
treated samples of CpTi: (1) as a smooth surface control, (2) treated in 5 M NaOH
solution for 24 h at 60°C, and (3) plus heated at 600°C for 1 h. The plates were
inserted transcortically into the proximal metaphyses of bilateral rabbit tibiae. The
tensile failure loads between implants and bones were measured at two intervals
using a detaching test. It was reported that (i) the tensile failure loads of the alkali-
and alkali-heat-treated group were 27 and 40 MPa, at 8 and 16 weeks, and signif-
icantly higher than those of the other Ti groups, (ii) histological examination
revealed that alkali- and heat-treated Ti was in direct contact with bone, but the
other Ti groups had a thin intervening fibrous tissue, and (iii) the alkali-treated Ti
without heat treatment had no bone-bonding ability due to the unstable reactive
surface layer of alkali-treated Ti. It was therefore concluded that both alkali and
heat treatment are essential for preparing bioactive Ti and this bioactive Ti is
thought to be useful for orthopedic implants with cementless fixation [8-100].
There is an increasing attention given to the influence of surface condition, and
in particular on methods to control and improve titanium implant surfaces; such
techniques should include laser surface treatment [8-101], strain hardening [8-
102] and chemical passivation methods [8-103]. From histological examinations,
it has been found that implant loosening is generally associated with the formation
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of fibrous tissue at the bone—implant interface. To improve implant biocompati-
bility and osseointegration, Ti-6Al-4V alloy was treated by passivation by immer-
sion in 30% HNO, for 1 h, or passivation in boiling distilled water for 10 h
[8-104], resulting in an increase in the oxide layer thickness of Ti-6Al-4V alloy as
orthopedic implant material. The kinetics of gene expression over 120 h was fol-
lowed for 58 genes to quantify the effect of he developed surface treatment.
Twenty eight genes were further selected to compare the effects of surface treat-
ments on osteoblasts. On the basis of the genes studies, a general pathway for the
cell reaction was proposed according to the surface treatment used: (1) metal ion
release changes the time course of gene expression in the focal adhesion kinase
pathway; (2) once the accumulation of metal ions released from the Ti surface
exceeds a threshold value, cell growth is diminished and apoptosis may be acti-
vated; (3) protein tyrosine kinase upregulation is also induced by metal ion
release; (4) expression of the Bc1-2 family and Bax may suggest that metal ions
induce apoptosis [8-104].

The cleanliness of Ti dental implant surfaces is considered to be important
for achieving osseointegration, and it has been hypothesized that the presence of
inorganic contaminants could lead to a lack of clinical success. As Anselme ef al.
[8-89] pointed out that aluminum ions are suspected of impairing bone formation
by a possible competitive action to calcium. Piattelli ez al. [8-105] investigated the
effects of residual Al,O, particles on the implant surface on the integration of Ti
dental implants as compared to decontaminated implants in a rabbit experimental
model. Threaded screw-shaped machined grade 3 CpTi dental implants were used.
The implants were sand-blasted with 100-120 um Al,O, particles at 1.5 atm pres-
sure for 1 min, then 24 implants (control implants) underwent the ASTM 86-68
decontamination process in an ultrasonic bath. The other 24 implants (test
implants) were washed in saline solution for 15 min. Both test and control
implants were air-dried and sterilized at 120°C for 30 min. After sterilization, the
implants were inserted into the tibiae of New Zealand white mature rabbits. All
animals were euthanized after 4 weeks. A total of 48 implants were retrieved. It
was found that (i) percentage of the implant surface covered by inorganic particles
was significantly higher than that of control implants, (ii) no statistically signifi-
cant differences were found in the bone-implant contact percentage of test and
control implants, and (iii) no differences were found in the number of multinucle-
ated cells and osteoblasts in contact with the implant surface. Hence, it was con-
cluded that histological results do not provide evidence to support the hypothesis
that the residual aluminum oxide particles on the implant surface could affect the
osseointegration of Ti dental implants [8-105].

Primary stability and an optimized load transfer are assumed to account for an
undistributed osseointegration process of implants. Immediate-loading type newly
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designed Ti dental implants inserted in the mandible of minipigs, were used for the
characterization of the interface area between the implant surface and the sur-
rounding bone tissue during the early healing phase. Histological and SEM studies
were done. Two different load regimes were applied to test the load-related tissue
reaction. It was shown that (i) a direct bone apposition on the implant surfaces, as
well as the attachment of cells and matrix protein in the early loading phase, and
(i1) a striking finding of the ultrastructural immunocytochemical investigations was
the synthesis and deposition of bone proteins (osteonection, fibronectin,
fibronectin receptor) by osteoblasts from day one of bone/biomaterials interaction.
It was therefore suggested that loadings of specially designed implants can be per-
formed immediately after insertion without disturbing the biological osseointegra-
tion process [8-106]. Apatite formation on implants is important in achieving a
direct bonding to bone tissue. It was shown that a Ti surface which was chemically
treated with a H,O, solution containing tantalum chloride had the ability to form a
HA layer in simulated body fluid (SBF) that had an inorganic ion composition sim-
ilar to human blood plasma [8-107]. A CpTi cylinder treated with a H,O, solution
with tantalum chloride was inserted into a hole in a rabbit’s tibia for 16 weeks.
It was found that (i) 8 weeks after surgery, the shearing force of the treated Ti
implanted in the 4.2 mm hole was significantly higher than that of the non-treated
Ti, although the surface roughness was not changed after the treatments, and (ii) the
shearing force was higher for the implanted sample in the 4.0 mm hole than that in
the 4.2 mm hole [8-107].
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Chapter 9
Other Applications

This section will describe a variety of titanium applications other than the implants
discussed in the previous chapter. Some applications are realized owing to
advanced and modified manufacturing technologies, and other applications are
developed and promoted due to material’s uniqueness, such as superelasticity
and/or SME associated with NiTi alloys.

9.1. DENTURE BASES

Denture materials are materials, which require precise fabrication (or these pros-
theses should be manufactured in a near-net-shape form). Traditionally, various
types of polymers have been used, including polymethylmethacrylate (PMMA),
polycarbonate (PC), polystylene, and polysulfone. However, any polymeric resins
have drawbacks. These include weakening of mechanical properties due to water-
sorption, which also causes a dimensional instability, and tissue irritation due to
unavoidable residual unpolymerized monomer.

CpTi and Ti-based alloys are generally used as fixtures for dental implantation
[9-1, 9-2]. When these metals are used as restoratives for anterior teeth, the metal
prostheses are generally covered with esthetic materials, such as porcelain or resin.
Veneering resin is more popular than porcelain because it is less expensive and
more resistant to abrasion [9-3]. When constructing removable dentures, implant
supported prostheses and most especially resin-bonded bridges, the interfacial
bond between metal and acrylic resin has been wholly reliable or durable [9-4].
Numerous investigations have been carried out to measure metal/acrylic resin
bond strengths between materials that have surface or chemical modifications that
are reported to enhance retention [9-4—9-6]. These have included surface treat-
ments of the alloys by macro-, micromechanical and chemical methods, or by the
addition of chemical bonding agents to the acrylic [9-6, 9-7]. PMMA resins have
a linear thermal coefficient of expansion of 81X 10~%m/m-°C, whereas noble and
base metals range from 7 to 19X 107 m/m-°C [9—8]. The lack of adhesion and dif-
ferences in the thermal expansion of the materials places severe demands on the
metal/acrylic resin surfaces. Ban [9-1] prepared CpTi (grade 1), Ti-6Al-4V, exper-
imental f-Ti alloy (54Ti-29Nb-13Ta-4.6Zr), and 12Au-20Pd-52Ag-15Cu-1Zn
alloy plates which were sand-blasted with alumina Al,O, powder (100—250 um),
water-washed and dried. CpTi plates were further oxidized in-air at 600°C for 1 h.
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They were also treated in 5 M LiOH, 5 M KOH, and 5 M NaOH at 25 or 60°C for
20 h, followed by in-air oxidation at 600°C for 1 h. The bonding strengths of such
treated CpTi plates were measured using a pull-shear bonding method after
immersion in physiological saline solution at 37°C for 24 h. It was reported that (i)
the bonds of the standard alkaline-treated CpTi and two Ti alloys to resin were
1.5—1.9 times stronger than those of sand-blasted specimens, but no significant
effects of the alkaline treatment were observed on 12Au-20Pd-52Ag-15Cu-1Zn
alloy, (ii) the greatest bonding strengths were found for CpTi treated with NaOH
and KOH and the heated at 600°C, and (iii) alkaline treatment is a simple, effec-
tive surface modification of Ti that improves bonding to veneering resin [9-1].

The recognition that a chemical linkage between acrylic resin and metal would
lead to an enhanced bond led to the development and use of an intermediate layer
based upon silicon oxide. The so-called “SiO-C” layer was introduced as an inter-
mediate layer between the metal substrate and polymer as a means for enhancing
the strength and durability of the bond [9-9]. Ti-6Al-4V, after bonding (n = 3), was
stored at 37°C in distilled water for 7 days, followed by thermocyclings between 5
and 55°C for 500 cycles (for 21 days), and then was subjected to the 4-point bend-
ing at a crosshead speed of 0.5 mm/m. The bond strength ¢ = F(L — €)/nR>,
where ¢ is in N/m?, F the load at failure (N), L the distance between specimen sup-
port (m) = 0.024 m, € = a distance between loading bars (m) = 0.008 m, and R
is a radius of specimen (m) = 0.0035 m. It was concluded that the most durable
surface treatment was the silicoating process after sand-blasting of the metal
surface with 250 um alumina for heat-cured acrylic resin materials [9-10].

Denture bases are now mainly manufactured by a casting process of Co-Cr or Ni-
Cr alloys. A novel superplastic fabrication process for dentures, as well as implant
systems, has been developed [9-11]. Ti-6Al-4V alloy is known as a biocompatible
metal, and with both high strength and low density, it seems to be the best material
for denture bases. The Ti-6Al-4V also has superplastic properties at high tempera-
ture, forming very simple processes by argon pressure (10 kg/cm?) at 800—900°C.
Superplastically formed (SPFed) denture bases of Ti-6Al-4V showed some merits
compared with conventional cast or cold-pressed denture base plates, namely, good
fitness, light weight, and low producing cost using a smaller number of manufac-
turing processes [9-12]. A SPFed Ti-6Al-4V removable denture framework was
fabricated. Clinical application in short-term follow-up periods from 6 months to 3
years was evaluated. It was reported that (i) the dentures functioned well and did
not cause any major clinical difficulties, and (ii) the patients have expressed satis-
faction with the dentures at regular recall appointments [9-13].

Srimaneepong et al. [9-14] cast Ti-6Al-7Nb alloy into three differently
designed, removable partial denture frameworks: palatal strap, anterior—posterior
bar, and horseshoe-shaped bar. The vertical displacement and local strain of
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Ti-6Al-7Nb alloy frameworks were investigated to compare against those of Co-Cr
alloy frameworks. A vertical loading force of 19.6 N was applied at two locations,
10 and 20 mm, from the distal end of the frameworks. It was found that (i) although
higher vertical displacement and local strain were observed for Ti-6Al-7Nb alloy
frameworks than those for Co-Cr alloy frameworks, the palatal strap framework
appeared to show the least deformation, (ii) the strain at 10 mm location was higher
than that at 20 mm location for anterior—posterior bar and horseshoe-shaped frame-
works, and (iii) the palatal strap design was evaluated to be a suitable design for the
removable denture framework with Ti-6Al-7Nb alloy [9-14].

9.2. CROWNS AND BRIDGES

Dental porcelains provide dentistry with biologically acceptable and aesthetic
(tooth-colored restoration) methods of repairing diseased and fractured teeth [9-
15]. Modern dental porcelains are pigmented glass-crystal composites that were
evolved from traditional ternary whiteware compositions, namely clay-feldspar-
quartz. Most of the modern dental porcelains used for the fabrication of crowns and
bridges require only short, low-temperature sintering cycles. Porcelains have been
fluxed so that their thermal expansions match precious or non-precious alloys. Such
alloys are manufactured into frameworks for the crowns or bridges, and the porce-
lains are bonded to them. The metal crown or bridge is faced or veneered with
porcelain. The bond between precious alloys and the porcelain is more reliable than
the bond between non-precious alloys and the porcelain. The presence (by alloying
in the original coping materials or coating on the coping materials) of small
amounts of tin (Sn) or indium (In) in the precious coping alloys makes the chemi-
cal bonding possible in these cases. It is generally believed that oxygen in InO and
SnO shares with oxygen in the silica component in porcelain, resulting in enhanced
bonding strengths. All these porcelains have been opacified as to cover their dark
metal-oxide background. They are highly reflective and are inferior aesthetically for
use in anterior teeth. Porcelains formulated for metal-ceramic prostheses have a
tendency to densify during long and successive firing cycles [9-15]. porcelain-
fused-to-metal (PFM) is sometimes called porcelain-bonded-to-metal (PBM),
porcelain-to-metal (PTM), ceramometal, or metal—ceramics. According to fusing
temperature, porcelain can be classified into (1) high fusing (1300°C) for denture
tooth fabrication, (2) medium fusing (1100-1300°C) for denture tooth fabrication,
(3) low fusing (850—1100°C) for crown/bridge construction, and (4) ultra-low
fusing (<850°C) for crown/bridge construction. As for metallic coping materials,
they are also classified into (1) high noble (Au-Pt-Pd, Au-Pd-Ag, Au-Pd), (2) noble
(Pd-Au, Pd-Au-Ag, Pd-Ag, Pd-Cu, Pd-Co, Pd-Ga-Ag), and (3) base metal (CpTi,
Ti-Al-V, Ni-Cr-Mo-Be, Ni-Cr-Mo, Co-Cr-Mo, Co-Cr-W).
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There are several requirements and characteristics of metals applicable to the
metal-ceramic systems as follows.

(1) The metal should have a high melting point so that it does not melt during the
porcelain application procedure.

(2) The metal should have a similar coefficient of thermal expansion as those val-
ues in porcelain. The coefficients of thermal expansion (linear), o (in X 107¢
m/m-°C, or simply in ppm), for major materials are reported as follows: con-
ventional high-fusing porcelain (13.7—15.5 ppm), conventional low-fusing
porcelain (14.1—15.1 ppm), low fusing porcelain for Ti veneering (7.7-8.9
ppm), Au-Pd (13.9 ppm), high Pd (14.7 ppm), Ni-Cr base metal (13.9 ppm),
CpTi (9.7 ppm) [9-16].! However, a slight extent of thermal mismatching is
favored by oyprar > OporcrrLame SO that the porcelain will be placed under the
compression on cooling.

(3) The metal should have excellent castability (however, casting is not only a
fabrication method, but it should also include CAD/CAM or superplastic forming
— SPF).

(4) Both materials should have similar values of modulus of elasticity to establish
the mechanical compatibility [9-17].

Moreover, since little or no residual stress due to thermal mismatch should exist
in the final Ti/porcelain-bond interface, the significant discrepancies already
noted in their thermal coefficients of expansion will have to be modified to more
closely match. It appears that an interfacial oxide layer, some 100—1000 nm
(10-100A) thick, forms during firing, and the thicker this layer becomes, the
weaker the bonding strength between the porcelain and the titanium [9-18].

To have a reasonable function of Ti/porcelain system, the rigid bonding is crucial
in terms of in-service longevity. There are several theories to postulate bonding
mechanism of porcelain.

(1) Chemical bonding. A chemical bonding, existing through the formation of a
tin (or indium) oxide layer during porcelain firing and that the oxide formed
provides the mechanism of bonding between the porcelain and the metal sub-
strate. Watanabe et al. [9-19] characterized the interface reaction between
porcelain and pure titanium during porcelain firing, using an electron—probe
microanalyzer (EPMA), X-ray diffraction method, and Fourier transform

! When the volumetric expansion, y, needs to be calculated, it follows as: y = (I + «a)® —1
= (1 + 3a + 3a® + o) — 1= 3q, since & (in order of 107'?) and o (in order of 10~!%) are small
enough to be neglected.
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infrared spectroscopy. It was reported that (i) separation occurred partly at the
interface between titanium and porcelain and partly slightly inside the porce-
lain after firing three times at 760°C, (ii) in the surface layer of the titanium
side, only oxygen was detected as a diffusing element, (iii) X-ray diffraction
indicated a decrease in SnO, and revealed f-Sn (metallic Sn), and (iv) a con-
siderable amount of TiO, was formed at the interface when fired at 760°C for
2 min [9-20].

(2) Mechanical retention through various surface modifications. Although chem-
ical bonding is generally regarded to be responsible for metal-porcelain adher-
ence, evidence exists that mechanical interlocking provides the principal
bonding. Surface concave texturing (resulting in remarkable increase in an
effective surface area) will enhance the porcelain bond strength. While poten-
tial contamination of sand-blasting and shot peening media (mostly, 50 pm alu-
mina powder) weakens the porcelain bond strength, recently different
techniques produced similar effects, such as a contamination-free indirect laser
peening, and chemical treatment (in either acid or alkaline).

(3) Compressive forces. In order to strengthen the fused porcelain body (in other
words, to retard the crack propagation), there are three major methods available:
(i) thermal tempering by rapid cooling the surface of the objects while it is hot
and in its molten state, (ii) ion exchange by substituting small ion (e.g., Na) with
a larger ion (e.g., K), and (iii) thermal mismatching by ot\prar > %porcELAING
where the porcelain will be placed under the compression on cooling.

(4) Bonding agent application. In order to enhance the bond strength or improve
the wettability of porcelain, a bonding agent or metal conditioner is applied. In
some cases, hydrofluoric acid (HF) treatment is recommended to remove sili-
cate from the investing materials.

(5) Physical bonding. X-ray microanalysis on CpTi/porcelain and Ti-6Al-
7Nb/porcelain gave some evidence of diffusion of some elements, particularly
of the porcelain into the metal, which may assist bonding during firing [9-20].
Diffusion of elements in porcelain into the titanium (i.e., titanium oxide) dur-
ing firing process is also significant in porcelain-fused-to-titanium systems
because bonding occurs between the two components by the mutual diffusion
of elements. Hanawa et al. [9-21] investigated the diffusion of elements of
commercial porcelain for titanium into titanium oxide during heating.
Titanium was deposited on three kinds of disk-shaped porcelains by vacuum-
vaporization and the porcelains were then heated. A thin titanium oxide film
was formed on the porcelains by the heating. X-ray photoelectron spectroscopy
was used to characterize the surfaces of the porcelain with and without tita-
nium oxide. It was found that (i) only sodium, potassium, and barium diffused
into titanium oxide during heating, where they formed a complex oxide with
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titanium, (ii) the diffusion of these elements may be involved in the bonding of
porcelain to titanium, and (iii) after heating, the titanium oxide layer mainly
consisted of a titanium oxide, whose valence was between trivalent and tetrava-
lent, and contained small amounts of sodium, potassium, and barium [9-21].

If titanium’s distinct advantages (such as light-weight, high strength, good
corrosion resistance) are to be used for aesthetic crowns and bridges, the ability to
apply a porcelain veneer becomes important. Because of titanium’s high affinity
for oxygen, porcelain firing should take place below 800°C (which is below the
885°C o <> f transformation temperature) in order to prevent excess oxide forma-
tion [9-18, 9-22]. There are two major problems in the Ti/Porcelain system, as
mentioned above. The first one is related to the coefficient of thermal expansion.
The coefficient of thermal expansion of titanium is not same as that of porcelain.
Hence, this requires the development of a new titanium material, which has an
equivalent thermal coefficient value. Alternatively, a new porcelain system must
be developed to exhibit the thermal compatibility. The second concern deals with
the rapid oxidation of titanium. The conventional firing temperature is in a range
from 700°C to 800°C, at which the titanium substrate will be easily oxidized to
form a relatively thick oxide film, causing a weakening of the bond strength. As
mentioned above, it is obvious that the heating temperature should not exceed the
p-transus temperature (i.e., 885°C for pure titanium), since the oxidation rate will
accelerate if the process temperature is above the f-transus. Besides, there are
differences in physical properties between the a-phase (low-temperature HCP
structure) and the f-phase (high-temperature BCC structure), including lattice
constants and thermal expansion coefficients. Therefore, several low firing porce-
lain systems have been developed (including Procera porcelain, Vita titanium
porcelain, Duceratin, Noritake super porcelain titan, and Ohara titan bond).
Alternatively, the porcelain firing process should be operated under a high vacuum
condition or an argon-gas atmosphere.

Various casting processes have been developed for titanium in dentistry, some of
which are used commercially. From the success of these casting procedures, the
bonding of porcelain to titanium has been attempted, and several porcelains for tita-
nium are now available commercially [9-21]. The bonding strength is primarily
governed by a reaction layer existing between porcelain and titanium that is formed
by the mutual diffusion of elements. In this regard, porcelain-fused-to-titanium
systems have been studied. Togaya et al. [9-23] investigated the feasibility of using
titanium in a metal-porcelain system, and demonstrated properties of titanium at
high temperatures. Adachi et al. [9-24] reported the relationship between the oxida-
tion of titanium and Ti-6Al-4V and bonding strength; bonding strength is low when
the thickness of the oxide layer reaches 1 ym. Kimura et al. [9-25] also examined
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the effects of oxidation on porcelain—titanium interface reactions and bonding
strength, and found a layer at the interface that is formed by the diffusion of titanium
into the porcelain. Nagayama et al. [9-26] characterized the interface between tita-
nium and porcelain using EPMA and XPS (X-ray photoelectron spectroscopy), and
revealed that titanium atoms diffused into the porcelain, and that a reaction layer was
formed, possibly corresponding to that found by Kimura et al. [9-25]. During the
inter-diffusion process, a reaction layer between two bodies normally forms through
the fact that titanium atoms apparently diffuse into the porcelain during the firing
process because only commercial pure titanium is used in porcelain-fused-to-tita-
nium systems at present. The three studies described above [9-23 —9-25] show that
titanium is easily oxidized during the firing process. In a porcelain-fused-to-titanium
system, Oshida et al. [9-27, 9-28] examined the oxidation kinetics of titanium dur-
ing the porcelain firing process. Historically, there are several attempts and ideas
proposed to improve the porcelain bond strengths. Such modifications should
include bonding agents improvements [9-29, 9-30, 9-31], titanium substrate modifi-
cation (such as nitrizing) to prevent excess oxidation during the firing process [9-27,
9-28] sand-blasting [9-32] or chemical texturing CpTi surface [9-33], firing process
alternation in argon process [9-34], improving porcelain materials [9-35, 9-36] (see
also Chapter 11). To improve the bonding strength between Ti substrate and fired
porcelain, a bonding agent is sometimes applied [9-21]. Bonding porcelain to tita-
nium and its alloys is problematic if exposure of titanium to temperatures greater
than 800°C, causing the formation of thick titanium oxide (TiO,) layers. At approx-
imately 1 um in thickness, the oxide layer will spontaneously delaminate from the
surface due to induced stresses caused by the volume differences between titanium
and its oxides. While the use of fusing temperatures below 800°C has been found to
increase porcelain to titanium bond strength, it does not eliminate the oxidation
process. During firing, oxygen diffusing from the atmosphere and oxygen obtained
from the reduction of porcelain oxides continue to react with titanium. A recently
introduced bonding agent and low fusing porcelain/titanium system is claimed by
the Nobelpharma to overcome these technical difficulties and provide adequate
porcelain to metal bonding. A bonding agent has recently been introduced that pre-
pares the surface of milled titanium copings (by CAD/CAM machining for special
cases) for bonding to low fusing dental porcelains. Gilbert et al. [9-29] evaluated the
effectiveness of the bonding agent by comparing the shear and 3-point bending
strengths of specimens made with three combinations of materials: milled
titanium/porcelain with bonding agent, the same milled titanium/porcelain without
bonding agent, and cast high palladium/conventional porcelain. It was found that (i)
when a titanium bonding agent was used, porcelain to titanium bond strength was
found greater than the porcelain to high palladium bond strength in both shear test
(28.3 MPa) and 3-point bend test (300 MPa), and (ii) without the bonding agent,
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the shear strength (18.7 MPa) of porcelain to titanium was significantly decreased.
On the basis of these findings, it was therefore concluded that (i) the elimination of
the bonding agent application resulted in a significant decrease in the bond strength
of porcelain to titanium as measured by the shear test, but showed no significant
effect in the flexure tests, and (ii) sand-blasting the titanium metal surfaces resulted
in a significant amount of alumina becoming embedded in the titanium surface [9-
29]. We will discuss the contamination issue in more detail in Chapter 11.

There is a concern with evaluation methods of bond strength of fired porcelain. It
is known that a 3-point bending test produces internal shear stress, which does not
exist between the two central loading points in a 4-point bending test [9-37]. In Ti-
porcelain systems, under the 3-point bending conditions, there are at least two pos-
sible fracture processes: (1) a cohesive fracture (from external maximum-tensile side
toward the interfacial zone) within a porcelain body, followed by the debonding the
porcelain from titanium substrate, and (2) delamination of porcelain from the tita-
nium substrate, then followed by the cohesive fracture of the porcelain body. When
a thin plate of double-layered structure is subjected to the 3-point flexure tests,
unlike the mono-layer case, the central (neutral) axis may not necessarily be on the
geometrical center line of the beam. It is located rather far from the geometrical cen-
ter line due to a large difference in values of modulus of elasticity between CpTi and
the used porcelain. The distance from the top of the beam to the neutral axis, ¢, can
be calculated by; ¢ = {[(E,/E,) h (h + 20} + £#}/{2[(E,/E,) h + ]}, where E, is
the modulus of elasticity (MOE) of porcelain, £, is MOE of CpTi, 4 the layer thick-
ness of fired porcelain, and ¢ the layer thickness of CpTi substrate [9-38, 9-39].
White ef al. [9-38] conducted a 3-point flexural test on porcelain-titanium system.
The strength of layered porcelain-ceramic beams was limited by the cohesive tensile
or compressive strengths of the porcelain, not by the porcelain—titanium interfacial
bond, namely, the porcelain failure occurred at lower loads than did failure of the
porcelain—titanium interface. It was reported that (i) the porcelain-titanium bond
strength was at least 26 MPa, and (ii) SEM and energy-dispersive X-ray spec-
troscopy demonstrated that the bond was limited by delamination of a thin Ti—Ti
oxide interface. It was therefore suggested that, from curves of relative layer and
total thickness vs. force-bearing capacity of model beam, porcelain—titanium pros-
theses should be made as thick as is practical, but that the relative thickness of the
porcelain and titanium layers would be less important [9-38]. The Ti—porcelain
system can be considered as a double-layer structure, comprising of at least titanium
substrate and porcelain body, including bonding agent. Stress distribution pattern of
such a double-layer structure is not necessarily same as that of a single beam under
the 3-point bending testing mode. Previously tested porcelain-fired commercially
pure titanium samples (n = 285) [9-28, 9-33] were re-evaluated. It was found that
all higher maximum bond strength data were in an area where ¢>t, or in other words,
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that the calculated neutral axis is located within the porcelain layer (actually in the
bonding agent layer), while lower bond strengths were found when ¢<t [9-40]. These
results support conclusions by White et al. [9-38].

In contrast with most dental alloys for metal —ceramic restorations, titanium
cannot be veneered with conventional feldspathic dental porcelains for several rea-
sons [9-16]. As discussed above, at temperatures above 800°C, which are required
for firing conventional dental porcelains (about 950°C), titanium oxidizes rapidly,
producing a thick oxide layer with a rather weak bond to the underlying titanium,
resulting in inadequate metal-ceramic bond strength [9-24, 9-25]. Although low-
fusing dental porcelains (firing temperature <800°C) are available for veneering
dental alloys, the use of these porcelains on titanium substrates is limited owing to
the great mismatch in the coefficients of thermal expansion, since CpTi (grades
1—4) has a much smaller thermal expansion coefficient (in units of 107¢ m/m-°C,
or ppm) than does conventional porcelain. Zinelis et al. [9-16] studied various Ti-
based alloys with CpTi as a control. The tested Ti materials included Ti-18Sn, Ti-
12Ga, Ti-181In, Ti-12Co and combinations of Ga+Sn, Co+Ga, In+Al, and Sn+ Al
as alloying mixtures. It was reported that the addition of Al, Ga, In, Sn, Co, and
Mg increased the coefficient of Ti to 10.1—13.1 ppm (25—500°C).

Eriksson et al. [9-41] employed a powder metallurgy-forming process to fabri-
cate titanium copings. Titanium powder was pressed at 300—900 MPa, milled to
the right shape, and sintered at 1200°C for a 2 h holding time. It was reported that
the titanium in the sintered copings was ductile, dense (97—99%+), and free from
open porosity after sintering, suggesting that the fabrication of copings with this
sintering method could have a potential for becoming a very cost-efficient method
of producing dental crowns.

9.3. CLASPS

Removable partial denture (RPD) retentive clasp arms must be capable of placing
and returning to original form and should satisfactorily retain a prosthesis [9-42].
In addition, clasps should not unduly stress abutment teeth or be permanently dis-
torted during service. In this respect, gold alloys have been favored as clasps com-
pared with base meal alloys because of high yield strengths and low moduli of
elasticity [9-43]. However, gold alloys have not been regarded as the ideal metal
for clasp construction due to the relatively high cost and unavoidable permanent
deformation after long-term service. On the other hand, if clasps are too flexible,
they may not provide adequate RPD retention when placed in shallow retentive
undercuts. Accordingly, available materials to meet such requirements are limited.
Co-Cr alloy, type IV gold alloy, and NiTi alloy are normally employed. NiTi clasps
were made to engage one of two retentive undercut depths. The force required to
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remove the clasps was measured using a universal testing machine with a
crosshead speed of 10 mm/min. It was concluded that (i) the retentive force of all
tested clasps, except NiTi alloy clasps, significantly decreased during cycling
sequences simulating clasp placement and removal for 500 times, (ii) the end-
point retention for all clasps was nearly identical, and (iii) NiTi alloy clasps might
be suitable for removable prosthodontic restorations because the loss of retention
during simulated service was significantly lower than losses recorded for other
clasp materials studied [9-42].

Vallittu et al. [9-44] determined the fatigue resistance of the cast clasps of RPDs
using Co-Cr, CpTi, Ti-6Al-4V, and gold alloy. The test method used was a con-
stant-deflection fatigue test in which the force required to deflect the clasp for 0.6
mm and the number of loading cycles required to fracture the clasp were deter-
mined. The results revealed that a fatigue fracture occurred in the 63Co-29Cr-5Mo
alloy clasp after about 25 000 cycles, in CpTi after 4500 cycles, in Ti-6Al-4V after
20 000 cycles, and the 72Au-3Pt-11Ag-13Cu alloy clasp 21 000 cycles. It was
then suggested that significant differences exist in the fatigue resistance of remov-
able denture clasps made from different commercial metals, which may cause the
loss of retention of the RPD and clasp failures [9-44].

9.4. POSTS AND CORES

Restorations through post crowns have revolutionized the treatment of badly dam-
aged teeth to be made functional over the past century. Posts and cores are often
inserted in endodontically treated teeth to provide retention and stability for a
crown or a fixed partial denture [9-45]. Posts are normally available for either a pre-
fabricated and retained type post (actively or passively) or are a custom-made type
post. Posts are an essential component of the armamentarium involved with the
retention of crowns and bridges. A standard post is cast gold with a zinc phosphate
cement. Failure of the post, usually by loosening, will lead to catastrophic failure of
the crows and bridges. Concerns about possible toxic effects of the metals used in
posts and the adverse stress concentration due to the mismatch in physical proper-
ties between the post, luting cement, and tooth have led to the development of
ceramic and composite posts using a variety of filler reinforcements with carbon
and quartz fibers [9-46]. Among a number of factors influencing the long-term
clinical performance of pre-fabricated posts and cores, retention of the core
material is one of the most significant of these [9-47—9-53]. Most in vitro studies
have been performed to evaluate the posts and cores subjected to tensile [9-54, 9-
55], compressive [9-55, 9-56], and shear forces [9-57—9-59] as well as trauma and
fatigue tests [9-60]. Clinically, however, posts are also subjected to torsional or rota-
tional forces produced by functional tooth contacts [9-61, 9-62]. Failures of posts
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and cores usually have serious consequences. Reasons for failure are loss of reten-
tion, with risk of caries development in the root canal and fracture of the root, the
post, or the core. Some of these failures are related to the diameter, length, and
mechanical properties — such as stiffness and flexural strength — of the post. Loss
of retention of posts has been found to be the most frequent mode of failure, while
root fracture is the most serious type of failure [9-63—9-67].

Akisli ef al. [9-47] evaluated eight different core materials. Silica coating/silaniza-
tion, and acrylization were treated on CpTi posts. Following thermocyclings (5
—55°C, dwell time of 30 s, for 5000 cycles), maximum torsional forces were deter-
mined with an electronic torque movement key. It was reported that (i) the resistance
to torsional forces for the core materials on Ti posts increased with the use of chem-
ical surface-conditioning techniques, and varied in accordance with the opaque type,
and (ii) the type of core materials also significantly influenced the resistance after
thermocycling [9-47]. Kozono et al. [9-68] examined CpTi prefabricated post and its
compatibility with cast metal core in comparison with those of the commercially
available prefabricated posts made of Ni-Cr alloy and 304 (18Cr-8Ni-Fe) stainless
steel. It was found that, although Ni-Cr and 304 stainless-steel were subjected to
annealing during the casting process of the core, showing marked decrease in hard-
ness and tensile strength, the CpTi post had already annealed during the working
process, and showed no significant changes in properties when heat-treated up to
1000°C [9-68].

9.5. TITANIUM FIBER AND TITANIUM OXIDE POWDER AS REINFORCEMENT
FOR BONE CEMENT

Poly(methyl methacrylate) (PMMA) bone cement is used for maintaining the fixa-
tion of artificial joint components and for transferring loads from the artificial joint
to the bone [9-69]. For artificial hips or knee, the bone cement must survive in a
fatigue loading environment, and gross in vivo failure of bone cement occurs pre-
dominantly by fatigue fracture [9-70—9-73]. Even when the cause of loosening or
failure of an artificial joint cannot be linked to obvious bone cement fracture, unde-
tected fatigue microcracking can reduce the mechanical integrity of the PMMA,
affect the load transfer capabilities, and alter the stress distributions within the pros-
thesis [9-74]. Methods to increase the in vivo fatigue life of currently used PMMA-
based bone cements include improved surgical cementing techniques, porosity
reduction by centrifugation or vacuum mixing and fracture resisting or toughening
additives. One of the problems encountered in previous attempts to create an effec-
tive-fiber reinforced bone cement, for example, was that the cement viscosity
increased with the addition of fibers, and mixing and delivery were difficult.
Oshida et al. [9-75—9-77] investigated the best type of additives (ZrO,, TiO,,
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Al 05, MgO, CaO and their mixture) as well as additive percentage to enhance
mechanical properties of PMMA cement. It was found that adding titania alone or
a mixture with zirconia (up to 1 vol.%) to conventional bone cement polymeric
material (PMMA cement) enhanced the mechanical strengths, as well as fracture
strength. Such enhancement was mainly due to crack branching strengthening
mechanisms.

9.6. SEALER MATERIAL

It is noticed that zinc is considered as an allergic element. Hence, a new type of
zinc-free sealer material for root canal treatments has been developed. The new
type is a titanium oxide system sealer, and satisfies ISO 6876 specifications [9-78].

The following applications are mainly realized using NiTi’s physical and
mechanical uniqueness — shape memory effect (SME) and superelasticity (SE).
By SME, a material first undergoes a martensitic transformation. After deforma-
tion in the martensitic condition the apparently permanent strain is recovered
when the specimen is heated to cause the reverse martensitic transformation.
Upon cooling, it does not return to its deformed shape. When SME alloys are
deformed in the temperature regime a little above the temperature at which
martensite normally forms during cooling, a stress-induced martensite is formed.
This martensite disappears when the stress is released, giving rise to a superelas-
tic stress—strain loop with some stress hysteresis; this is the other unique prop-
erty associated with NiTi - superelasticity (SE). There is a term called
psuedoelasticity, which is a more generic term which encompasses both super-
elastic and rubberlike behavior. The following is a short list of important func-
tions of NiTi medical devices [9-79, 9-80]: (1) biomechanical compatibility, (2)
thermal deployment (SME), (3) elastic deployment (SE), (4) hysteresis/biased
stiffness, (5) kink resistance, (6) constancy of stress/temperature dependency, (7)
fatigue resistance, (8) dynamic interference, (9) MR (magnetic resonance) com-
patibility, and (10) biocompatibility.

9.7. SHAPE-MEMORY DENTAL IMPLANT

Fukuyo ef al. [9-81] successfully introduced dental implant systems of perio root
type, as well as blade type, using NiTi shape memory alloy. It was reported that (i)
the perio root implant demonstrated excellent biocompatibility, and provided for
rigid and sustained bone compression in order to encourage bone adhesion, and
(ii) this implant system had the potential for use in craniofacial surgery and other
allied medical fields. Shape memory NiTi alloy has also been successfully utilized
in an open blade-type dental endosseous implant to enhance the fixation force and
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to exhibit a strong ability of mastication compared with ordinary non-opening
blade type implants.

9.8. ORTHODONTIC APPLIANCES

For orthodontic applications, wires and brackets can be easily named. Between
them, research and developments on wires are dominant over those involved with
brackets. NiTi has a unique property which is of practical use to the orthodontist.
That property is its extreme elasticity when it is drawn into high-strength wire. NiTi
wire is much more difficult to deform during handling and seating in bracket slots
than stainless-steel wire. The wire can be used for longer periods of time without
changing it, and it can shorten treatment time needed in leveling the dentition, due
to its extreme elasticity [9-82]. Yoneyama et al. [9-83] investigated the effect of heat
treatment temperature on bending properties and transformation temperatures of a
SE NiTi alloy wire. The heat treatment process was at 440°C for 1800 s and
between 400 and 540°C for 1800 s. A 3-point bending test and differential scanning
calorimetry were performed. It was found that (i) the transformation temperatures
of the wires were lowered with increasing the heat treatment temperature, (ii) the
reverse transformation finishing temperature was below the body temperature with
the treatment above 480°C, (iii) residual deflection of the NiTi wire after bending
was small with the secondary heat treatment above 460°C, and (iv) the load in the
unloading process was less changeable and increased with the treatment tempera-
ture between 460 and 540°C. Hence, it was concluded that secondary heat treatment
in this range was suitable for using SE in expansion arch appliances [9-83].

There is evidence that orthodontic archwires can be recycled and re-used among
different patients [9-84]. Special attention should be placed on this practice
because chemical degradation and mechanical damage of the archwire can accu-
mulate as the frequency of recycling increases [9-85, 9-86]. It is likely that nickel
release from the NiTi might be accelerated, and some individuals may be sensi-
tized to this reaction or may develop a hypersensitivity reaction. Furthermore,
nickel induced toxicity and carcinogenicity is well documented in the literature [9-
87—9-89]. It has been reported that the rate of nickel allergy is increasing rapidly
in the Western world [9-86]. On the basis of this background, Oshida et al. [9-90]
microanalyzed orthodontic SE NiTi archwires of both used (4 weeks) and unused
conditions. They were subjected to immersion and polarization corrosion tests in
0.9% NaCl solution. On the basis of results, surfaces of NiTi archwires were
further electrochemically treated to etch away Ni selectively and reform the sur-
face morphology to uniform and porous surface layers. It was concluded that (i)
surface layers of used wires were covered contaminants causing the discoloration,
and the contaminants were identified as mainly KClI crystals, (ii) surfaces of both
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used and unused wires were observed to have irregular features characterized by
lengthy island-like structure, where Ni was selectively dissolved, (iii) corrosion
tests in 0.9% NaCl solution immersion and polarization methods indicated that by
increasing temperature from 3 —60°C and acidity from pH 11 to 3, calculated cor-
rosion rates increased, and (iv) surface layers of NiTi wires can be electrochemi-
cally modified to selectively etch Ni away, leaving a Ti-enriched surface layer and
forming a uniformly distributed porous surface that may reduce the coefficient of
friction against the orthodontic brackets [9-90].

Physio-mechanical properties of NiTi wire materials were investigated by Kusy
et al. [9-91]. Tested materials were eight straight-wire materials, including four
stable alloys: one TiMo (beta phase), three NiTi (marteniste phase), and four active
alloys: NiTi (martensite phase), NiTi (austenite phase), NiTi (biphase), and NiTi
(hybrid martensite phase). With a tensile mode, each sample was scanned from -
120—200°C at 2°C/min. From the data, plots of log storage modulus, log tan delta,
and percent change in length vs. temperature were generated. It was shown that (i)
the dynamic mechanical properties of the alloy within this Ti system are quite dif-
ferent, (ii) the TiMo alloy was invariant with temperature, having a modulus of
7.30 X 10" dyn/cm?, and (iii) the three cold-worked alloys appeared to be simi-
lar, with 5.74 X 101 [9-91].

Yanaru et al. [9-92] investigated the orthodontic forces of NiTi wires under the
retained condition on the dental arch model, and evaluated with the changes in
temperature and deflection. The tested specimens were a commercially available
SE NiTi wire and two SME NiTi wires with their nominal 4, (austenitic transfor-
mation finish) points were 35 and 40°C. It was shown that (i) typical SE hystere-
sis loops under the restraint condition was at 40°C, (ii) the recovery forces in the
plateau region at 1.0 mm deflection were much larger than desired in the clinical
guidelines around oral temperatures, and (iii) in the SME wire with 4; of 40°C, the
recovery force rapidly decreased to zero by a small reduction of the deflection
from its maximum, whereas the wire exerted the force with the remaining perma-
nent deflection by temperatures rising [9-92].

Kwon et al. [9-93] examined extensively the effect of acidic fluoride solution on
NiTi arch wires by testing crystal structure, tensile strength, morphology after
fracture, and element release from wire under four different test solutions after 1
or 3 day immersion. It was found that (i) three-day immersion in a 0.2%NaF with
pH 4 solution did not form any new crystal structure; however (ii) tensile strength
after immersion was changed compared to the as-received wires. It was further
found that (iii) element release in the test solution increased as NaF concentration
and the period of immersion increased, and as pH valued decreased, and (iv) wires
immersed in a 0.2% NaF with pH 4 solution released a several-fold greater amount
of elements than wire in a 0.05% NaF with pH 4 solution [9-93].
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The shape transformation behavior in three commercial NiTi orthodontic wires
having different transformation temperatures was studied by micro X-ray diffrac-
tion by lijima et al. [9-94]. MicroXRD spectra were obtained at three different
NiTi wires included bending angles (135°, 146° and 157°) and three different tem-
peratures (25, 37, and 60°C). The regions analyzed by microXRD were within the
separate areas of a given wire specimen that experienced only tensile or compres-
sive strain. The diffraction intensity ratio (M002/A110) between the plane (002)
peak in martensite phase and the plane (110) peak in austenite phase of NiTi was
used as the index to the proportional of the martensite and austenite phases. It was
reported that the ratio of martensite to austenite increased in all three Ni-Ti wires
with decreasing included bending angle (greater permanent bending deformation),
and was lower within the compression area for all wires at all bending angles than
within the tension area [9-94].

Orthodontic brackets made of CpTi have been proposed [9-95], which can be
fabricated through the metal injection mold (MIM) technique, as will be described
in Chapter 10 [9-96].

9.9. ENDODONTIC FILES AND REAMERS

During the instrumentation of curved canals, inadvertent procedural errors, such as
ledging, zip formation, and separation of instruments, occasionally occur [9-97].
When such problems occur, the root canal morphology is adversely altered. This vio-
lates a basic endodontic principle, which is that endodontic preparation should con-
form as closely as possible to the general configuration of the original canal [9-98,
9-99]. The American National Standards Institute/American Dental Association
(ANSI/ADA) specification No.28 lists certain torsional property requirements for
endodontic files and reamers [9-100]. Instrument separation is a serious concern in
endodontics. Because stainless-steel instruments usually deform before they separate,
dentists can inspect them for visible signs of instrument deformation. A deformed
instrument usually shows severe bending or unwinding of the flutes, indicating that
the elastic limit of the metal has been exceeded, and that the instrument should be dis-
carded. NiTi endodontic instruments were introduced to facilitate instrumentation of
curved canals. NiTi instruments are superelastic and will flex far more than stainless-
steel instruments before exceeding their elastic limit. This flexibility is an important
property that allows preparation of curved canals while minimizing transportation.
Despite this increased flexibility, separation is still a concern with NiTi instruments,
and they have been reported to undergo unexpected fracture [9-101, 9-102].
Separation can occur without any visible signs of previous permanent deformation,
apparently within the elastic limit of the instrument [9-102]. This indicates that the
NiTi instruments could be deteriorated by low-cycle (or high-stress) fatigue damage.
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The torsional properties of stainless-steel endodontic files and NiTi superelas-
tic endodontic files were compared by Rowan et al. [9-97]. File sizes 15, 25, 35,
45, and 55 were subjected to torsional loads in both the clockwise (CW) and
counterclockwise (CCW) directions independently. Results showed that stainless
steel files had a significantly greater rotation to failure in the CW direction,
whereas the NiTi files had a significantly greater rotation to failure in the CCW
direction. Despite these differences in rotation to fracture, it was reported that
there was essentially no difference between the stainless steel and NiTi instru-
ments in the torque that it took to cause failure in both the CW and CCW direc-
tions. Therefore, it was concluded that whereas the number of CW and CCW
rotations to failure differed for the two instruments, the actual force that it took
to cause that failure was the same [9-97]. Pruett et al. [9-102] studied cyclic
fatigue of NiTi engine-driven instruments by determining the effect of canal cur-
vature and operating speed on the breakage of light-speed instruments. A new
method of canal curvature evaluation that addressed both angle and abruptness of
curvature was introduced. Canal curvature was simulated by constructing six
curved stainless-steel guide tubes with angles of curvature of 30, 45, or 60°, and
radii of curvature of 2 or 5 mm. A simulated operating load of 10 g cm was
applied. Instruments were able to rotate freely in the test apparatus at speeds of
750, 1300, and 2000 rpm until separation occurred. It was found that (i) cycles to
failure were not affected by rotation speeds, (ii) instruments did not separate at
the head, but rather at the point of maximum flexure of the shaft, corresponding
to the midpoint of curvature within the guide tube, and (iii) cycles to failure sig-
nificantly decreased as the radius of curvature decreased from 5 to 2 mm, and as
the angle of curvature increased greater than 30°. On the basis of these findings,
it was concluded that, for NiTi engine-drive rotary instruments, the radius of cur-
vature, angle of curvature, and instrument size are more important than operating
speed for predicting separation [9-102].

Instrumentation of the curved canal remains a challenging task to maintain the
curvature while avoiding apical transportation and strip perforation. Tucker et al.
[9-103] quantified the canal wall planning achieved by hand instrumentation
using stainless steel files, compared with engine-driven NiTi files in curved
canals. Twenty-two mesial roots of extracted human mandibular molars were
divided into two groups based on root curvature and length. The mesiolingual
canals were instrumented using either stainless steel files in a step-back anticur-
vature filing method, or they were instrumented with engine-driven 0.02 taper
NiTi files. Ground sections were prepared at 1-, 2.5-, and 5-mm levels from the
working length. The mesiobuccal canal was used as an uninstrumented control
for predentin character. It was found that there was no significant difference in
overall canal wall planning between the two groups and no significant difference
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at each of the three levels [9-103]. Coleman et al. [9-104] compared step-back
preparations in curved canals of resin blocks using NiTi K-files and stainless-
steel K-files [9-104]. Forty canals in resin blocks were cross-sectioned at 3 lev-
els; 1—2 mm from the apical foramen, middle of the curve, and coronal. Direct
digital computer images were recorded before and after instrumentation, and
superimposition of the images combined with digital subtraction computer soft-
ware allowed direct measurement of area instrumented, distance of transporta-
tion, and shape analysis. It was found that (i) area removed by instrumentation
was significantly greater for stainless-steel files at the middle level and (ii) it took
significantly longer to prepare a canal with NiTi files in resin blocks compared
to stainless steel.

There are various methods to assess the progressive damage due to fatigue
cycling by either destructive method or non-destructive method. They might
include subsequent measurements on hardness, ductility, electrical resistance,
density, modulus of elasticity [9-105], and dislocation density measurements by
X-ray diffraction technique [9-106]. Files are the most efficient instruments in
endodontics for the removal of hard tissue and canal enlargement. If the file is
evaluated as non-damaged, it will be sterilized and re-used (or recycled) on the
next patient. Although the breakage and abandonment of a portion of the
endodontic file in the root canal may be considered an option, it may cause many
problems to certain type of patients. If the patient is hypersensitive to nickel, an
allergic reaction may occur. In a more serious case, the dissolved nickel element
will act. Accordingly, it can be speculated that the dissolution of nickel out of
broken NiTi is likely to be much greater than in the intraoral environment. Even
with the materials containing potentially harmful elements, there are no scien-
tific standards to assess the cumulative damage on NiTi before mechanical fail-
ure occurs. Oshida et al. [9-107] investigated progressive fatigue damage on two
NiTi files (0.25 and 0.35 mm in diameter) under fatigue cycling in a push-pull
mode inside the root canal having three different canal curvatures (o = 25, 40,
and 55°). Changes in DC electrical resistance was monitored with the
Wheatstone’s bridge type galvanometer (4.5 DCV) to an accuracy of 0.001 Q at
room temperature. It was concluded that (i) normalized cycle-to-failure is lin-
early related to the normalized damage parameter (change in resistance), and (ii)
all the fatigue-fractured files demonstrated an electric resistance ranging
between 35 and 40 m Q [9-107].

9.10. CLAMPS AND STAPLES

The forming and clinical tests of osteosynthesis clamps in NiTi alloy were
described. It was reported that (i) by application of localized heating a defined



274 Bioscience and Bioengineering of Titanium Materials

change in shape is induced after implantation, which compresses the osteotomy
gap, and (ii) histological evaluation of the tissue surrounding the clamp shows
that the alloy satisfies tissue compatibility needs [9-108]. The SME NiTi staple
with an oval part joining the two prongs provides not only a double-compression
permanent effect in the prongs and in the oval part, but also provides better sta-
bility of the osteosynthesis [9-109]. Its application in the foot has been studied in
1850 cases since 1986 with few (5%) of the contra-indications. It was reported
that (i) they are associated to the compression strength of the staple in very osteo-
porotic bones and in the arthrodesis with important resection of the subchandral
and cancellous bones, (ii) they have been used successfully for shaft osteotomies
of the first phalanx, but also for first joint arthrodesis, and for middle or hind foot
arthrodesis, and (iii) in each of these indications, the use of SME staples results
in a great improvement not only concerning the reliability of the osteosynthesis,
but also in healing time due to the double compression effect [9-109].

Coronary stents made out of NiTi should not be omitted here. NiTi stents have
excellent mechanical properties to provide strength to artery walls. The perfect stent
does not exist, and it will probably never exist. However, several approaches have
been or are currently under investigation to increase their clinical performance. One
of these is the implanting of biodegradable stents made of non-toxic materials. The
major clinical complication with stents is restenosis, defined as the blockage of blood
flow by the coagulation of blood inside the stent [9-110]. The Homer Mannalok wire
needle localizer was also developed using NiTi’s superelastic characteristics [9-80].
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Chapter 10
Fabrication Technologies

There are many conventional and advanced technologies available, including cast-
ing, milling, spark erosion, forging, powder metallurgy, a combination of milling
or spark erosion with laser welding [10-1-10-6] fabricating medical, and dental
prostheses and/or devices. This chapter will discuss and review these technologies.

10.1. CASTING

There are unusual features associated with titanium casting. Unlike castings of
other metals, (i) there are no commercial titanium alloys developed strictly for
casting applications, therefore all titanium castings have compositions based on
those of the common wrought alloys, and (ii) titanium castings are equal or nearly
equal in strength to their wrought counterparts. The casting of titanium dental
appliances was noted in the early 1970s with the works of Waterstratt [10-7],
followed by numerous studies in Japan, Europe, and United States toward the pre-
cision casting of dental prostheses, and the development of casting machines and
suitable investment materials. There are a number of ways to cast titanium. At this
moment, there are about 10 different systems available for casting titanium [10-8,
10-9]. Among them, for example, the Ohara (atmospheric argon shielded arc melt-
ing followed by centrifugal casting) and the Castmatic (pressurized argon shielded
arc melting followed by gravity casting accelerated by two atmospheres argon
pressure above and one atmosphere vacuum below) are examples of such
machines. These casting machines are designed and manufactured in particular to
overcome the challenging parameters such as high activity and low density of tita-
nium. It was found that the dental titanium castings in these machines are suscep-
tible to surface oxygen contamination and possible interaction with the
investment, causing a tripling of surface hardness (about 600 Knoop hardness
number), whereas the rest of the casing (200 KHN) at 200 ym underneath the sur-
face case [10-10, 10-11].

Evaluation of titanium casting via radiographic means is a technique that has
been found useful in detecting internal porosities [10-12]. Sprue design in Ti, as
in gold casting is important in the prevention of porosities. The most favorable
sprue design was determined to be a rounded or curved sprue [10-13]. While many
authors discuss porosity as a challenge when casting Ti, one study found that 97%
of the removable partial denture (RPD) framework cast was technically acceptable
[10-14]. Cecconi et al. [10-14] evaluated the degree of porosity via radiographic

285
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examination of 300 cast CpTi (grade 2) RPD frameworks. A single-chamber, gas
pressure Titec 205 M casting machine was used. One lab technician cast all
frameworks. The frameworks were used clinically. It was reported that (i) no
framework was retuned for any reason, (ii) 250 out of 300 frameworks were tech-
nically acceptable as cast, and (iii) 41 were technically acceptable after laser weld-
ing modifications and nine were technically unacceptable after casting and needed
to be redone.

The castability of titanium and its alloys can be metallurgically improved
[10-15, 10-16]. Since commercially pure titanium has a relatively high melting
point (1670°C), meta-stable f-phase Ti-based alloys have recently been developed
to reduce the melting points by adding Cr or Pd (e.g., Ti-20Cr-0.2Si, or Ti-23Pd-
5Cr) [10-17, 10-18]. It was reported that Ti casting was done by the argon-arc
melting and subsequently argon or vacuum-pressurized casting of Ti-6Al-4V, Ti-
15V, Ti-20Cu, and Ti-30Pd [10-19], and NiTi, Ti-Pt, Ti-Cr, and Ti-Zr alloys [10-
20], as well as CpTi [10-21, 10-22]. However, special care must always be taken
to control casting defects with titanium (which can not be totally avoided when
using a casting process). Defects include such things as shrinkage cavities, pin-
holes, or voids, and they are particularly a problem with denture bases [10-23,
10-24], where the surface area is relatively large compared to the thin thickness.
It is important to avoid the creation of an alpha layer (or a-case), eliminate poros-
ity, and achieve a good fit of the casting onto a die. Since titanium is an active
metal, particularly with oxygen, the investment casting of Ti is adversely affected
by reaction of the melt with the atmosphere in the melting or casting chamber,
reaction of the melt with the melting crucible, and reaction of the melt with the
mold materials [10-2, 10-25-10-29]. Even when refractories having thermody-
namic stability similar to that of the titanium oxide family are used (such as MgO
and Al,0,), the very strong reducing power of titanium decomposes such common
oxides. The oxygen liberated from the oxide diffuses into the surface of the cast-
ing to form a hardened layer (about 200 um thick), depending on the investment
used [10-10, 10-11, 10-30].

Such an oxygen-rich layer («x-case) possesses several drawbacks, including (i)
unnecessary hard and brittleness [10-31], (ii) reducing ductility and fatigue resist-
ance [10-9, 10-32], and (iii) resulting in inferior titanium/porcelain bond strengths
[10-33-10-35]. Several methods have been evaluated to minimize the formation of
this reaction layer, including coating the wax pattern with an oxide that is thermo-
dynamically more stable than the titanium oxides before investing [10-36]. When
a wax pattern was coated with a slurry containing Y,0; powder, it was reported
that (i) the surface hardness (25 um from the cast surface) of cast commercially
pure titanium was found to be remarkably reduced (280 VHN) compared to the
surface hardness of the uncoated cast Ti (530 VHN) [10-11], and (ii) use of ZrO,
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reduced the hardness near the cast surface (457 VHN) [10-37]. Miyakawa et al.
[10-29] investigated reaction layer structures of titanium cast in three molds con-
taining spinel (MgO-Al,O,). For this spinel mold, the reaction zone consisted of
baked product layer and the alpha case, which was divided into two layers. The
outside was stabilized and hardened by a solid solution of Al, whereas the inside
was not so much hardened without a solid solution of Al. It was found that, for the
investment mixed with magnesium acetate solution, the Al-stabilized alpha case
with higher hardness value formed on limited surfaces [10-29]. A novel invest-
ment material was developed by Nakamura et al. [10-38]. Fine particle sizes of
alumina (Al,O,) and zirconia (ZrO,) were imbedded among relatively large parti-
cle size silica (SiO,) crystals, so that the direct contact between molten titanium
and silica can be avoided to a great extent. Zr metal powder was mixed with mag-
netia (magnesium oxide: MgO) to provide an expansion-controlling mold material
[10-38]. It was also reported that, using a large particle size of colloidal silica as
a mixing liquid to phosphate-bonded investment, thermal expansion can be con-
trolled and surface roughness, as well as the surface reaction layer, was improved
[10-39]. Cast titanium for dental crowns has been investigated using the invest-
ment (consisted essentially of SiO,, Mg,P,0,, SiO,-H,0 and Mg,Si0,), claiming
that formation of a-case is reduced [10-40]. A relatively simple method with an
investment casting of titanium was developed with various characteristics (such as
arc melting in argon, combination of vacuum and pressured assisted casting, and
shell casting with zirconia), and a three-unit crown was successfully cast. It was
claimed that the formation of a brittle z-case was avoided [10-41].

There are several unique melting methods. Traditionally, titanium alloys are
melted, refined, and cast into round ingots following two or more runs of the vac-
uum arc remelting process. Multiple vacuum arc remelting runs are used to
homogenize the chemical compositions and, further, in an attempt to overcome
two types of melt defects — type I hard « inclusions and high-density inclusions —
that are a primary quality concern when producing high-performance titanium
alloys. These melt defects, when present undetected at sub-surface location, could
promote premature fatigue failure in rotating components, shorten the life cycle of
a component, and compromise product performance and safety. Sampath [10-42]
introduced a competing melting method as plasma arc cold hearth melting and
electron beam cold hearth melting, followed by a vacuum arc remelting. Melting
Ti-Nb, Ti-Ta, or Ti-Zr binary alloy is not easy because of melting point and den-
sity differences between Ti and these alloying elements are large. To overcome this
technical problem, a cold crucible levitation melting, using cast molding made of
a mixture of alumina cement and calcium zirconate with a lithium carbonate as a
liquid was developed, and successful melting without any segregation was
reported [10-43].
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10.2. MACHINING

Conventionally, research and development of dental materials has been focused on
casting, with very few activities in machinability, specifically aiming on
CAD/CAM materials. For an ordinary machining process, one should remember
that titanium’s work hardening rate (n = 0.05 and # is in the equation ¢ = Ke") is
much less than that of 316 (18Cr-8Ni-2Mo) stainless steel (n = 0.45), copper
(n = 0.54), and alpha brasses (n = 0.49), but with proper technique it can readily
be machined or polished to a very fine finish. At the same time, it should be
noticed that Ti is a poor conductor of heat (0.16 cal/cm/s-°C c¢m? vs. 0.71 for
gold). While this allows excellent localized electric arc spot welding, it means that
during cutting heat will not dissipate quickly [10-10]. It is also true that the rela-
tively low value of modulus of elasticity (MOE) of titanium causes a tendency for
work to move away from the cutting tool. But if one uses a few basic rules - low
cutting speeds, high feed rates, copious amounts of cutting fluid, and sharp tools
replaced at the first signs of wear — good results are obtainable [10-10]. In general,
poor machinability can arise for various reasons, including high tensile strength,
high high-temperature strength, high hardness, large ductility, low value of modu-
lus of elasticity, high work-hardenability, low thermal conductivity, large thermal
expansion coefficient, and large reactivity with tool materials. Among these rea-
sons, low value of MOE, low thermal conductivity and high reactivity are typified
for titanium materials. Titanium materials have unique machining properties.
While the cutting forces are only slightly higher than in machining steels, there are
other characteristics that make these alloys more difficult to machine than steels
having an equivalent hardness. For example, the chip-tool contact area while turn-
ing a titanium alloy is only about one-third to one-half as great as that of turning
steel. Also, the thermal conductivity of titanium alloy (21.9 W/(m-K)) is about
one-fourth of that of steels (80.4 W/(m'K)). This combination of a small contact
area and the low thermal conductivity result in very high cutting temperatures. At
a cutting speed of 100 ft/min, the temperature developed at the cutting edge of a
carbide tool is 537°C when cutting a steel, while on the titanium alloy, the tem-
perature can reach 704°C. Hence, the cutting speeds on titanium alloys must be
lower in order to maintain a tool—chip temperature below that which results in
short tool life [10-44]. Normally, S, Pb, P, Bi, Te, or rare-earth elements are alloyed
to improve the machinability. For Ti materials, it was reported that alloying with
Au, Ag, or Cu (as ff-eutectoid type) or with Nb or Hf (as f§ solid solution type)
improved the machinability [10-45].

For the final polishing of titanium materials as well as titanium casts, chemical
polishing and buff-polishing are normally practiced. As a novel polishing method, an
alcohol-based electrolyte was used while stirring; the original average roughness of
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CpTi (0.38 um) was refined to 0.03 pm, and the 0.55 um original roughness of Ti-
6Al-4V was improved to be 0.12 um [10-46]. To prevent the implant periodontitis,
due to plaque accumulation, a certain portion of dental implants need to be finished
as smooth as possible to reduce the surface energy. Kyo et al. [10-47] developed the
electrolytic in-process dressing (ELID) grinding technique to the mirror surface pol-
ishing in the neck region of the NiTi alloy in contact with alveolar bone. It was
reported that (i) the ten-point average surface roughness was 185 nm and the center
line surface roughness was 22 nm, indicating that good surface properties can be
obtained, (ii) the results of analysis of the ELID ground surface using AES showed
oxygen peaks other than the titanium and nickel elements, and (iii) when compared
to the ground surface, the Ti peak was found to change only slightly along the depth,
while the oxygen peak decreased and the Ni peak increased, indicating that the
ground surface is oxidized during the ELID machining [10-47].

Since all materials have a finite modulus of elasticity, plastic deformation due to
machining is followed by some elastic recovery when the load is removed. In bend-
ing, the recovery is called springback. Springback in forming titanium and titanium
alloys increases as the R/T ratio (R represents the bend radius and 7 the work-metal
thickness) and yield strength increases and the elastic modulus decreases, and
inversely with forming temperature [10-48]. Springback in titanium alloys is more
difficult to predict than springback in steel, although it depends on the same prin-
ciples. Differences in the yield strength of various heats in titanium can cause dif-
ferences in springback; higher stress ratios of yield strength to tensile strength
generally result in greater springback. The springback phenomenon is mostly
important when orthodontic arch wires are concerned. Orthodontists usually acti-
vate orthodontic wires somewhat into the permanent deformation range.
Consequently, the practical working range is considered to be the elastic strain at
the yield strength of the wire, namely the quotient of yield strength (o) and MOE.
This important property (oy¢/MOE) is termed springback [10-48].

10.3. ELECTRO DISCHARGE MACHINING (EDM) AND CAD/CAM

EDM, also known as spark erosion dentistry, has been used in industry for over 40
years as a means of machining hard metals with electrical impulses used to cut
metal passively and precisely into various shapes and forms [10-49]. In 1982,
Rubeling [10-50] introduced spark erosion and its application to the dental tech-
nology. Spark erosion can be defined as a metal removal process using a series of
electrical sparks to erode material from a work piece in a liquid medium under
carefully controlled conditions. It is a pressure-less process which does not trans-
mit heat to the alloy, making it possible to consistently machine fit in the range of
0.05 mm [10-51]. The procedure consists of a tension current passing through an
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electrode, which produces a burning-away of minute particles. A graphite or cop-
per electrode acts as a tool that invades the piece of the base metal and erodes a
negative form in the shape of the electrode. The process is accompanied by sparks
generated between the electrode and the restoration. The sparks melt the alloy by
heating it to between 3000 and 5000°C [10-50, 10-52]. The sparks remove small
amounts of the metal substrate within microseconds. The entire process takes
place in a dielectric liquid bath that prevents the alloy from burning. Advantages
of this technique are (1) it is possible to work without pressure, (2) no heat is con-
ducted to the object being treated, so parts of the prosthesis which have already
been finished with porcelain or acrylic resin will not be damaged, (3) all parts can
be absolutely parallel, (4) very little surface roughness, and (5) no difficulties with
any type of material [10-50, 10-52, 10-53].

Anderson and Anderson [10-54] developed a method by which the principles
of spark erosion are combined with a method of machine duplication for CpTi
fabricating crowns. The Procera process developed by the Nobelpharm company
is based on a precision duplication milling through CAD/CAM, combined with
spark erosion and laser welding of the metal frame. Procera is designed for use
with titanium and densely sintered alumina making it possible to produce metal
ceramic crowns or all ceramic crowns [10-55]. An alternative to casting Ti for
ceramic applications was the development of CAD/CAM machining and spark
erosion of Ti [10-56, 10-57]. The main advantage of this technique is that it
overcomes the hardened surface layer that is encountered with Ti castings, there-
fore providing adequate porcelain—titanium bonding [10-58, 10-59]. It was men-
tioned that adaptation of the current Procera CAD/CAM method using
pressed-powder technology in the fabrication of Ti copings has several advan-
tages compared to the original Procera method [10-60, 10-61]. The original
method required at least four milling operations, the outer surface milling of the
Ti blank and milling of three electrodes for spark erosion of the inner form. The
powder method needs only two milling operations, one for the enlarged refrac-
tory die and one for the outer contour of the coping. Using the spark-erosion
process, the milling of the outer contour of the coping is performed on a Ti
blank. With the pressed-powder method, the powder is compacted onto the sur-
face of the refractory die and then milled before the sintering, which speeds up
the process and reduces wear of the milling tools. Although the spark-erosion
process requires careful alignment of the carbon electrodes with the Ti blank in
fabricating the coping, with powder technology, the alignment is not critical in
the same way. The spark-erosion process is a time-consuming and relatively
costly operation. The pressed-powder technology could become a very cost-
effective operation. The sintering process does take time; however, when the
process is used commercially in creating multiple copings at the same time, it
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could become cost effective. Several approaches have been reported in the liter-
ature using powder technology in dentistry [10-60, 10-61].

10.4. ISOTHERMAL FORGING

Isothermal forging differs from conventional forging in that the temperature of the
workpiece is held constant during forging by heating the dies. It is found that
the microstructure is affected by isothermal forging in various ways, the most impor-
tant being the production of a fine grained, equiaxed structure, and free of slip band-
ing. Therefore, by careful control of strain rate and temperature, control of the
microstructure, and hence the properties, can be achieved. Forging is a common
method of producing wrought titanium alloy articles. Forging sequences and subse-
quent heat treatment as post-forging heat treatment can be used to control the
microstructure and resulting properties of the product. Forging is more than just a
shape-making process. The key to successful forging and heat treatment is the beta
(p) transus temperature (i.e., 885°C). The higher the processing temperature in the
(o + p) region, the more beta is available to transform on cooling. The solution heat
treatment offers a chance to modify or tune the as-forged microstructure, while the
age cycle modifies the transformed beta structures to an optimum dispersion [10-62].
Titanium alloys are known to be very susceptible to their metallurgical back-
ground, and their properties can vary considerably depending on the alpha (HCP)
<> beta (BCC) transformation temperature. Microstructural control is basic to the
successful processing of titanium alloys. Undesirable structures (grain-boundary
alphas, beta fleck, elongated alpha) can interfere with optimum property develop-
ment. Titanium ingot structures can carry over to affect the forged product. Beta
processing, despite its adverse effects on some mechanical properties, can reduce
forging costs, while isothermal forging offers a means of reducing forging pres-
sure and/or improving die fill and part detail. The first step is to heat the tooling
to the forging temperature. A good deal of progress has been made in this area and
tooling sets are now available that can withstand elevated temperatures. A second
factor for the success of isothermal forging is the forgeability of the alloy: the
lower the temperature needed to forge the alloy, the easier it will be to form at uni-
form temperature. This is why isothermal forming is easier with f§ or near f3 alloys,
which have a much lower f-transus and lower resistance to hot forming [10-62].

10.5. SUPERPLASTIC FORMING (SPF)

The phenomenon of superplasticity was first observed over 70 years ago, but
active research in this field did not begin until 1960. Since then, superplastic
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effects have been reported over 100 material systems [10-63]. The earliest obser-
vations of this unique phenomenon were made in the mid-1940s in Russia when a
scientist investigated the thermal-fatigue, and discovered an unusual amount of
deformation which could not be explained by the ordinal high temperature creep
theory. The extensive research activity was stimulated by the researchers including
Backhofen, Underwood, Greenwood, Sherby, Weiss, Oelshldgel, de Jong, Oshida,
and others, beginning about the 1960s. There are several conference proceedings
and review books available [10-64—10-66]. Superplasticity in metals and alloys is
a phenomenon which, by its very uniqueness, has attracted scientists and technol-
ogists over a considerable number of years. Superplasticity is the deformation
process that produces essentially neck-free elongations of many hundreds of per-
cent in metallic materials deformed in tension. High ductility is also encountered
in superplastic alloys during torsion, compression, and indentation hardness test-
ing. Superplasticity can be induced both in materials possessing a stable, ultra-fine
grain size at the temperature of deformation, and in those subjected to special
environment conditions, e.g., thermal cycling through a phase change. The former
type of superplasticity is called ultra-fine grain superplasticity, while the latter
type is called transformation superplasticity [10-67—-10-70]. Superplasticity, a
necking-resistant flow which results from a high strain-rate sensitivity of flow
stress, is generally associated with elongation of 100% or greater in tensile tests.
The essential requirements for the occurrence of superplasticity are (1) a temper-
ature greater than 0.5, so that diffusional processes are dominant; (2) equiaxed
grains <10 um in size, so that flow stresses are low and the grain-boundary slid-
ing contribution to strain is high, and (3) a two-phase microstructure to retard
grain coarsening [10-67, 10-71].

First, there is “micrograin” plasticity, in which very fine-grained materials (grain
size: 1-10 um) exhibit superplastic flow within a narrow elevated temperature
range at low strain rates (107°~1073/s). The first disadvantage of the “micrograin”
superplasticity is its prerequisite for the metallic materials to be pre-heat-treated to
obtain very fine microstructures. Secondly, during the superplastic forming, the
original micrograin structure will be coarsened, hence the SPFed articles will
exhibit somewhat less mechanical properties than the raw materials. This is the sec-
ond disadvantage. Mechanistically, micrograin superplasticity is accompanied with
high-temperature creep deformation. However, coarsened grain structures exhibit
higher resistance against the creep deformation than fine-grained structures. This is
a main reason why the strain rate with micrograin superplasticity is low. This is the
third disadvantage associated with the micrograin superplasticity. Although the
transformation superplasticity requires the material have a phase transformation
temperature, the preparation to have very fine structure is not required. Contrarily,
during the superplastic forming the materials subjected to the transformation
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superplastic forming exhibit the grain refining. Accordingly, the strain rate is much
higher (1073~1072/s) than that for the micrograin superplasticity, and the transfor-
mation-SPFed article shows higher mechanical properties than those fabricated by
micrograin superplasticity [10-63].

Since ultrafine grain microstructure is a prerequisite for exhibiting superplas-
ticity [10-72], the superplastic materials are not limited to metallic materials, but
they can include ceramic materials as well as fine powder particles [10-73, 10-74].
Dense and translucent hydroxyapatite polycrystals (Ca,,(PO,),(OH),) with a grain
size of 0.64 um were obtained by hot isostatic pressing (HIP) at 203 MPa and
1000°C for 2 h in argon. The material exhibited superplastic elongation (>150%)
in a tension test at temperatures from 1000 to 1100°C and at strain rates from
7.2 X 1073 t0 3.6 X 107*s~ . [10-75].

For the superplastic forging, the material selection for the molds is important
from the standpoint of high temperature strength and oxidation resistance. Ni-
based alloy can be used as a mold material for superplastic forming and forging of
titanium and its alloys. Although ceramics including SiC and Si;N, exhibit very
high temperature strength over 1000°C, they are prone to break due to the thermal
stress and the stress concentration at particularly corner portions [10-76]. In order
to develop a die for superplastic forming of the sheets of titanium and its alloy into
dental prostheses, the CaO-ZrO,-TiO, system was investigated. A practical
ceramic die, which hardly reacted with titanium at about 850°C under vacuum,
was made by the following process. The mixture of 20 wt%CaO, 60 wt%ZrO,, and
10 wt%MgCl, was kneaded together with methanol, slipped into a stainless-steel
ring fixed on a pattern, and formed under the pressure of about 20 kgf/cm? into a
green compact. After drying, the green compact was sintered at 1150°C for 6 h in
air [10-77]. A lubricant agent should also be properly selected in terms of the ease
for the mold-separation and surface flatness of the formed products. In general, a
mixture in which a glass components comprising SiO,, B,0;, CaO, FeO and water
are mixed with xylene, is used. Sometimes, BN (boron nitride) powder is admixed
to the aforementioned mixture [10-76].

Because of their large commercial significance, isothermal forging and super-
plastic sheet forming of alpha/beta titanium alloys deserve special mention. Both
processes rely on the superplastic nature of the fine, equiaxed alpha microstructures
developed during substructures deformation processing. These microstructures
provide low flow stresses, as well as high values of the strain-rate sensitivity. The
superplastic properties of alpha/beta alloys are a result of the fine, two-phase
microstructure of equiaxed alpha and beta grains. At appropriate strain rates, these
microstructures deform by diffusion-controlled, grain-boundary sliding, thus giv-
ing rise to low flow stresses and high values of the strain-rate sensitivity index, as
well as deformed microstructures that retain much of their original equiaxed nature.
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The presence of two phases helps to limit the growth of either, to a large extent,
thereby enabling the retention of the plastic properties to large strains. Denture
bases are now mainly manufactured by a casting process of Co-Cr or Ni-Cr alloys.
Ti-6Al-4V alloy is known as a biocompatible metal, and also has high strength and
low density, so it seems to be the best material for denture bases. Okuno ef al. [10-
78] investigated the feasibility study on the superplastic dentue base forming of
Ti-6Al-4V. It was demonstrated that (i) the Ti-6Al-4V denture base is superplasti-
cally formed by very simple processes by argon gas pressure (10 kgf/cm?) at
800—900°C, and (ii) SPFed denture bases of Ti-6Al-4V showed some merits com-
pared with conventionally cast or cold-pressed denture base plates, namely good
fitness, light weight, and low producing cost using a smaller number of manufac-
turing processes [10-78]. Superplastic forming of the Ti-6Al-4V alloy is quite an
attractive method of fabricating a full denture base. However, it is not easy to fab-
ricate a partial denture frame by superplastic forming because a retainer-like clasp
cannot be fabricated with it. The thickness of the superplastic denture base cannot
be controlled to change partially as in casting. Diffusion bonding, which makes it
possible to join the retainer or titanium plate to the denture during the superplastic
forming of Ti-6Al-4V alloy denture base was attempted. Pure titanium, Ti-6Al-4V,
Ti-20Cr-0.2Si successfully joined the Ti-6Al-4V alloy solders by diffusion bonding
during the superplastic forming. Co-Cr alloys, which were coated in advance with
14-20 K gold alloy solders, were also joined to the superplastic forming Ti-6Al-4V
alloy denture base [10-79].

Applications of superplastic phenomenon can be versatile [10-71, 10-80, 10-
81], including forming, bonding, forming/bonding, sintering, heat treatment, and
thermo-mechanical treatment. Each application is faced to the conventional tech-
nology. For example, SP forming will be faced to sheet metal molding (press
forming) and hot forging, SP bonding will be faced to diffusion bonding and
soldering/brazing, SP sintering will be faced to powder metallurgy, MIM, and the
combustion synthesis method, and the SP heat treatment will be faced to carbur-
ization, nitriding, and carbo-nitriding as well.

10.6. DIFFUSION BONDING (DB)

Shaping and joining are two fabrication processes fundamental to the manufactur-
ing of metallic structure. Limitations in the efficiency and cost effectiveness of
these basic processes may seriously inhibit the use of an otherwise valuable struc-
tural material. Such has been the case with titanium in the aerospace industry.
Superplastic forming/diffusion bonding (SPF/DB) is a new fabrication process
which provides an attractive answer to this dilemma [10-80—10-82]. Because few
systematic studies have been made of the effects of material and process variables
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on the superplasticity of titanium alloys, the effects of metallurgical and process
variables on SPF/DB processes were investigated by Sastry et al. [10-67]. The
alloy, processing schedules, microstructure, time, and strain-rate dependency of
the superplasticity indices were given special emphasis. Generalized relations
between metallurgical and process parameters for superplastic forming of titanium
alloys were determined from a systematic characterization of the superplasticity
indices for several alpha-beta titanium alloys. The generalized relations can be
used to adjust superplastic processing parameters without time-consuming form-
ing tests on each alloy lot. Alternatively, if the processing parameter limits are
fixed, the generalized relations can be used to specify the grain size and alloy com-
positional limits for any two-phase titanium alloy [10-67]. It was concluded that
techniques for determining the generalized three-dimensional plots of the interre-
lation between flow stress, strain rate, and strain should thus be valuable for eval-
uating the relative superplasticity of different titanium alloys [10-67].

The SPF/DB process takes advantage of elevated temperature characteristics
inherent in the Ti-6Al-4V alloy. This alloy is endowed with a high degree of super-
plasticity and excellent characteristics for diffusion bonding. Thus, monolithic
structures which combine severely formed configurations and joints of parent
metal properties may be fabricated from titanium alloy sheet stock to achieve a
new level of structural efficiency and cost effectiveness. Okuno ef al. [10-78]
developed a SPF/DB method by inserting intermediate metal foils such as palla-
dium and gold alloy solders between CpTi or Ti-6Al-4V to Ti-6Al-4V denture base
under argon pressure of 4 kg/cm? and forming temperature at 950°C for 2 h.

SPF/DB can be considered as a near-net shape (NNS) forming technique. NNS
processing offers cost reduction by minimizing machining, reducing part count,
and avoiding part distortion from welding. NNS technologies such as flow-form-
ing, casting, forging, superplastic forming, powder metallurgy, metal injection
molding, three-dimensional laser deposition, and plasma arc deposition have been
explored for potential use in tubular geometries and other shapes of varying com-
plexity. It appears that the reduction in cost of a given titanium product will be
maximized by achieving improvements in all of the manufacturing steps, from
extraction to finishing [10-83].

10.7. POWDER METALLURGY

Even though titanium alloys offer increased performance, the question of cost must
be faced. Of the ‘near-net shape’ processes recently developed or advanced for the
purpose of reducing material input and machining for titanium alloy part produc-
tion, powder metallurgy exhibits the widest range of process variations and poten-
tial applications, particularly in the aerospace industry. Powder metallurgy (P/M)
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has advantages such as the elimination of casting defects, good yield, less segrega-
tion, and short processing. A processing route that results in parts as close as pos-
sible to near-net shape forming reduces the overall cost of these parts. P/M is one
of these routes, along with isothermal forging and casting. Sintering has a further
advantage when dealing with alloys for which problems of segregation are encoun-
tered in traditional metallurgical processes involving melting. There are needs to
have porosity for titanium implant surface. To provide appropriate porosity to
accommodate the bone ingrowth toward a complete osseointegration, titanium
powder can be sintered with certain designed porosity. A major problem with the
use of titanium is its cost. One of the ways to overcome this problem is by use of a
NNS process such as powder metallurgy [10-84]. A typical powder metallurgy
process includes blending/mixing sponge fines or master alloy — cold isostatic
press or mechanical pressing — vacuum sintering — cold work + anneal, hot iso-
static press, forging, coining — final machining. Sintering reactions and fine struc-
tures of the biocomposites prepared from powder mixtures of titanium (o-Ti),
hydroxyapatite (HA) and bioactive glass (BG) (SiO,—CaO—P,0,—B,0;—
MgO—TiO,—CaF,) were investigated by X-ray diffraction and transmission elec-
tron microscopy. The results showed that complex reactions among the starting
materials mainly depended on the initial Ti/HA ratios, as well as the sintering tem-
peratures. And the reaction could be expressed by the following illustrative equa-
tion: Ti + Ca,(PO,)s(OH), — CaTiO; + CaO + Ti P, + (Ti,0) + (Ca,P,0,) +
H,O [10-85].

Nano and conventional TiO, powders were deposited onto titanium alloy using
atmospheric plasma-spraying technology. As-sprayed titania coatings were treated
by H,SO, and HCI solutions at room temperature for 24 h, and the bioactivity was
evaluated by simulated body fluid tests. Measured X-ray diffraction patterns indi-
cated that as-sprayed titania coatings obtained from both nano and conventional
powders were composed of primary rutile, as well as a small quantity of anatase
and Ti;O;. The surface of as-sprayed coatings prepared from the conventional pow-
der was rougher than that from nanopowder. After immersion in simulated body
fluid for 2 weeks, both the acid-treated nano and titania coatings were induced with
carbonate-containing hydroxyapatite to form on the surfaces. However, this phe-
nomenon did not appear on the surface of as-sprayed nano and conventional titania
coatings. The results obtained indicated that (i) the bioactivity of plasma-sprayed
titania coatings was improved by the acid treatment, and (i) it had nothing to do
with the phase composition and particle size of the original TiO, powders [10-86].

P/M technology can be applied to modify the surface zone of implants. Porous-
coated Ti-6Al-4V alloy implant systems provide a biocompatible interface
between implant and bone, resulting in a firm fixation and potential long-term
retention via bony ingrowth. In order for an acceptable porous coating structure,
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the sintering protocol for Ti-6Al-4V alloy systems often requires that the material
be heat treated above the f-transus (i.e., 885°C). This transforms the as-received
equiaxed microstructure, recommended for surgical implants, to a lamellar
alpha—beta distribution, which has been shown to have the worst fatigue properties
of the most common structures attainable in Ti-6Al-4V alloy. However, post-sin-
tering heat treatment may be used to improve these properties by producing
microstructures more resistant to crack initiation and propagation. Cook et al. [10-
87] investigated the influence of microstructural variations on the fatigue proper-
ties of porous-coated Ti-6Al-4V alloy material. Non-porous-coated and
porous-coated Ti-6Al1-4V fatigue specimens were subjected to a standard sintering
heat treatment to produce a lamellar microstructure, In addition, two post-sinter-
ing heat treatments were used to produce coarse and fine acicular microstructures.
Rotating beam (reversed bending) fatigue testing was performed, and the
endurance limits determined for the non-coated and porous-coated microstruc-
tures. The values determined were 680 MPa (non-coated as-received equiaxed),
394 MPa (non-coated lamellar), 488 MPa (non-coated coarse acicular), 494 MPa
(non-coated fine acicular), 140 MPa (porous-coated lamellar), 161 MPa (porous-
coated coarse acicular), and 162 MPa (porous-coated fine acicular). The non-
coated coarse and fine acicular specimens displayed an approximate 25% increase
over the non-coated lamellar specimens. The porous coated coarse and fine acic-
ular specimens showed an approximate 15% improvement over the porous coated
lamellar specimens [10-87].

Diffusion bonding phenomenon associated with superplasticity can be applied
to the bonding powder particles, resulting in superplastic powder metallurgy [10-
80]. Superplasticity in metals has received a considerable amount of attention.
However, the possibility that ceramic materials also may show anomalous defor-
mational properties coincident with a phase transformation has been neglected.
Examples will be given where ready deformation of ceramic bodies may occur
with (1) simple allotropic phase transformation, (2) eutectic exsolution, (3) exso-
lution from solid solution, (4) exsolution by decomposition of mixed crystal sys-
tems, and (5) simple decomposition producing one or more solid-phase products
and a gas phase; these will be related to the better known processes in metallic sys-
tems. It was demonstrated that alumina, magnesia, Mg-Cr spinel (MgO.Cr,0,),
zirconia (ZrO,), TCP, and HAP can be sintered by using their superplastic charac-
teristics (some cases, being accompanied with HIP process) [10-88, 10-89].

10.8. METAL INJECTION MOLDING (MIM)

MIM technology as an advanced powder metallurgy offers NNS shaping and mass
production of products of the same design [10-90-10-92]. MIM has been used
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successfully in the industrial field, particularly in watch manufacturing, which
requires a precise NNS shape forming [10-92]. The recent evolution has been to
maximize the content of solid particles and to remove the polymer binder during
the sintering. As a consequence, a new powder-forming process has evolved,
allowing shape complexity, low cost forming, and high performance properties.
Over the last decades, powder metallurgy has made significant contributions as a
near-net shape forming technology. This new process, termed metal powder injec-
tion molding [10-93], is begun by mixing selected powders and binders. Among
its latest spin-offs, injection molding, usually associated with organic polymers,
although its use for metal and ceramic components dates back to World War 11, has
recently received considerable attention [10-94]. The MIM process comprises the
following sequences: (1) mixing/kneading metal powder, binder, solvent, and
lubricant to form the so-called compound, (2) granulating the compound, (3)
injecting the mixed compound into a mold, (4) debinding the binding material, and
(5) sintering. Metal powder is made mainly of atomized powder. Normally, in
order to provide the compound better mobility and sintered products of high den-
sity, fine particle powder (particle size ranges from several um to several 10 um)
is used. In this technology, the use of microsized powders, allowing for greater
packing density, results in higher final densities than those generally achievable by
conventional powder metallurgy [10-94].

The binder is added (volume % of 40—50 of organic binding substances) and
consists of thermoplastic resins such as polyethylene or polypropylene, wax, plas-
ticizer, and lubricant. The principle purpose of mixing the binder is to provide suf-
ficient flow mobility when the compound is injected into the mold. The mixture
(or compound) is then granulated and injection-molded into a desired shape. The
polymer imparts viscous flow characteristics to the mixture to aid forming, die
filling, and uniform packing. The molded products are then subjected to debind-
ing by either a heating process or a dissolving process in order to remove the bind-
ing material. The atmosphere used in the debinding stage includes nitrogen, air,
vacuum, wet hydrogen, and hydrogen with hydrochloric acid [10-95].

The debonded mold is, at the final stage of the MIM process, sintered in either
vacuum or inert gas such as argon or nitrogen gas. The maximum sintering tem-
perature depends on the type of metal powder. For example, Fe-based alloys are
generally sintered in a range from 1200 to 1400°C. At this moment, the debonded
mold is subject to shrinkage. It is reported that the linear shrinkage for Fe-based
alloys is 13—-20% [10-95]. However, the shrinkage is approximately linear because
the molded product is uniformly filled with metal powder [10-92]. The product
may then be further densified, heat treated, or machined to complete the fabrica-
tion process if required. The application of the MIM method to fabricate the ortho-
dontic bracket was successfully introduced [10-92].
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10.9. LASER WELDING/FORMING

Applications of laser (light amplification by stimulated emission of radiation)
energy are versatile, including engineering applications (forming, honing, weld-
ing, surface modification, cutting), caries detection and oral surgery in dentistry,
as well as various microsurgeries through the medical field. With laser welding, it
is possible to join parts by the self-welding of the metal parts themselves.
Although numerous studies have been made on the use of lasers for welding other
dental metals [10-96—10-99], few have been made on the welding of titanium
materials [10-100]. Ordinarily the metal parts of prosthetic devices are soldered by
the investment method. However, this procedure is relatively complex and time
consuming. Since a laser is capable of concentrating high light energy on a small
spot, the possibility of using a laser for joining the precise and miniature parts of
prosthetic devices was assessed. Welding experiments were carried out by using a
normal pulse, Nd:Yag laser processing apparatus to weld titanium, which is being
used frequently in dentistry. Laser-welding of titanium must be carried out in an
argon atmosphere. When titanium was irradiated in an atmosphere of ordinary air,
cracks appeared in the metal surface, welds cracked, and the mechanical proper-
ties of the metal were debilitated. Greater tensile strength, yield strength and elon-
gation of titanium were generally observed with increases in laser irradiation
power. Even in an argon atmosphere, the intensity of the laser irradiation must be
at least 21 J/P to maintain the tensile strength and yield strength of the original
metal. Differences in the laser irradiation atmosphere significantly affected the
elongation of titanium [10-96, 10-100]. With laser welding, it is possible to join
parts by the self-welding of the metal parts. However, the laser welding in same
occasions induces volume reduction. In order to minimize the volumetric reduc-
tion, thin titanium foil was inserted between the titanium plates. It was found that
laser welded titanium plates produced porosity both on the surface and in the
cross-sectional areas. Yamakura ef al. [10-101] evaluated the insertion of a tita-
nium foil to be effective in preventing volume reduction during the welding
process. It was reported that (i) no porosity was found at the weldment with thin
foil insertions, (ii) greater bending strength was generally observed for self-weld-
ing titanium plates using 30 um titanium foil; however (iii) the bending strength
decreased as the thickness of titanium foil was increased, and (iv) laser-welded
titanium plates decreased in elasticity, with hardness of the welded area being
higher than the original un-welded area [10-101].

With the introduction of new techniques for the fabrication of titanium frame-
works for implant-supported prostheses comes the need to understand how the
components used compare to those used for conventional cast frameworks. The
relationship of measured machining tolerances between conventional implant



300 Bioscience and Bioengineering of Titanium Materials

components and those components use for stereo laser-welded frameworks was
determined using a standardized protocol. It was reported that statistically signifi-
cant differences in the horizontal interface relationship were found between paired
implant components, which had a mean range from 23.1 to 51.7 um [10-102].

The obvious differences in structure and properties of the samples by the weld-
ing process can be explained by the differing duration of the welding processes.
The finding is that laser welding affects the surrounding material only minimally.
However, the optimal result will only be achieved if the most suitable energy and
duration of the laser impulse are chosen. The large heat-affected zone (HAZ) seen
in plasma-welded samples may be attributed to the long and continuous plasma-
welding process as well as its difficult manual execution [10-100]. Roggensack et
al. [10-103] investigated two different methods of welding. Specimens machined
from CpTi rods were fused either by laser welding or plasma welding. Hardness
profiles and light microscopy images were taken in the region of the weld. The
mechanical properties were tested by an alternating bending fatigue test of up to 3
million cycles. Light microscopy images and hardness profiles showed a larger
HAZ after plasma welding compared to laser welding. No significant differences
comparing fatigue strength could be found between the two methods of welding.
SEM images of the laser-welded joints showed fractures in the welding zone,
while the plasma-welded specimens fractured mostly beyond the HAZ. It was
therefore concluded that (i) both methods are suitable for welding Ti, and (ii) the
laser welding is the more suitable technique in dentistry because of its lower heat
affect on the workpieces [10-103].

If a clasp on a RPD is damaged or broken, the entire prosthesis may become
unstable, lose retention, and become a source of discomfort to the patient. Clasps
may be repaired by soldering with a conventional torch technique. However, there
some disadvantages of soldering [10-100, 10-103, 10-104—10-106]: (1) the sol-
dered clasp is likely to break again because of stress concentration, (2) discol-
oration caused by electric and chemical corrosion may occur, (3) soldering of
commercially pure Ti is difficult because of oxidation problems, (4) use of fire and
gas may be hazardous, (5) technical skill is necessary, and (6) heating may burn
the denture base resin. Laser welding is an attractive alternative method to join
dental casting alloys [10-104—10-106]. During the past decade, laser welding has
been increasingly used because there is no need for investment and soldering alloy,
working time is decreased, lasers are easy to operate, little damage is caused to the
denture resin from the pin-point heat, and there are few effects of heating and oxi-
dation [10-103]. The penetration depth of the weld into Ti is significantly greater
than into gold alloy [10-106]. Ti has lower thermal conductivity and a greater rate
of laser beam absorption compared with gold alloy [10-106]. These properties
make it easier to laser weld Ti to repair broken Ti clasps.
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Iwasaki et al. [10-107] investigated the distortion of laser welded Ti plates for
different operating conditions of the laser welding devices, and with different
welding parameters (weld points and pre-welding). Nd:Yag laser was used to join
CpTi (grade 2) plates. Weld surfaces were sand-blasted with 50 ym alumina under
0.2 MPa pressure. It was found that (i) distortion increased stepwise after each
welding point along the welding zone (one-side welding), but decreased consecu-
tively as the welding proceeded on the second side of the weld (two-side welding),
(i1) in the case of one-side welding, the dependence of distortion on current and
spot diameter presented maxima, (iii) for two-side welding the same parameters
exercised little influence on its distortion recovery due to the effect of the solidi-
fied weld pool from the first side, and (iv) four-point pre-welding significantly
decreased the final distortion for both one and two-side welds [10-107].

Laser energy is not only applied to welding, but also to forming or peening tech-
nology, being similar to shot-forming and shot-peening. Laser forming (Lasform)
is a laser direct metal deposition process that combines high-power laser cladding
technologies with advanced rapid prototyping methods to directly manufacture
complex three-dimensional components. Mechanical test data and compositional
analysis have shown that the laser-deposited material meets ASTM specifications
for CpTi, Ti-6Al-4V, and Ti-5Al1-2.5Sn. The system itself is comprised of a large
processing chamber, a 14 kW CO, laser, and a newly developed powder feed sys-
tem that provides consistent powder flow at high mass-flow rates. Lasform is an
additive process and can create near-net shape geometries requiring minimal post-
machining and heat treatment [10-108]. Laser peening (which is characterized by
a contamination-free and non-contact peening for surface hardening) is a process
in which a laser beam is pulsed upon a metallic surface, producing a planar shock-
wave that travels through the workpiece and plastically deforms a layer of mate-
rial. The depth of plastic deformation and resulting compressive residual stress are
significantly deeper than possible with most other surface treatments [10-109].
These compressive layers are typically 1.0 mm thick, compared with typical
depths of 0.25 mm for standard shot peening. As example of laser peening on Ti-
6Al-4V, it was reported that the surface compressive residual stress (which is par-
ticularly beneficial for enhancing fatigue strength as well as fatigue life) was 830
MPa, and at even 0.25 mm beneath the surface, remained at half of the surface
compressive stress (400 MPa) as a compressive internal stress [10-110].

10.10. SOLDERING

Although there are several disadvantages of soldering [10-100, 10-103, 10-
104-10-106], as seen in above, titanium materials are frequently employed in den-
tistry, and their solder-joining is often conducted. Like as other technologies
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involving elevated temperatures with titanium materials, the joining portion is
appropriately sealed from the ambient atmosphere to avoid unwanted oxidation.
Solder strength normally depends on various factors, such as the solder material’s
mechanical strength, extent and completion of diffusion into base material, pene-
tration and cavity at the soldering interface, and base material’s strength. Heat’s
affect on the base material, as well as the solder, will influence the strength of the
prosthesis after the solder process is completed, and corrosion resistance when the
prosthesis is used in intraoral environment. Soldering is normally done by electro-
resistance soldering, infrared soldering, or plasma soldering, all in an argon atmos-
phere. It is generally believed that casting and soldering are two major technical
difficulties associated with titanium materials, since titanium has a relatively high
melting point and high reactivity with oxygen. In industry, there are three types of
solders used for titanium materials: silver-based, aluminum-based, and eutectic
solders. If appropriate measures are taken in order to control the excessive oxida-
tion, titanium materials can be successfully solder-joined in the dental/medical
fields. These measures might include material factors (using high activity flux and
low melting point solders) and environment factors (non-oxidizing atmosphere
and shorter operation time) [10-111].

10.11. HEAT TREATMENT (HT)

For reducing residual stresses (mostly tensile residual stresses) which was devel-
oped during fabrication, titanium materials are heat-treated — stress relieving. For
improving mechanical properties (ductility), machinability, and structural stability,
titanium products are also heat-treated — annealing. For increasing mechanical
strength, titanium is heat-treated — solution treating and aging. Alpha and near-
alpha titanium alloys can be stress relieved and annealed, but high strength cannot
be developed in these alloys by any type of heat treatment. Beta phase in the com-
mercial beta and metastable beta alloys decomposes at selected elevated tempera-
ture to cause the material strengthen. Phase compositions, sizes and distributions
can be manipulated by heat treatment within certain limits to enhance a specific
property or to attain a range of strength levels [10-112]. For a certain type of tita-
nium alloy, post-welding heat-treatment (PWHT) is recommended. Development
of maximum properties in alpha-beta alloy weldments requires solution treating
followed by rapid quenching and then aging. However, if reduced strength is
acceptable or higher ductility is required, workpieces may be annealed only, after
welding.

The microstructural evolution and attendant strengthening mechanisms in two
novel orthopedic alloy systems, Ti-34Nb-9Zr-8Ta and Ti-13Mo-7Zr-3Fe, have
been compared by Banerjee ef al. [10-113]. In the homogenized condition, both
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alloys exhibited a microstructure consisting primarily of a beta-phase matrix with
grain boundary alpha precipitates and a low-volume fraction of intra-granular
alpha precipitates. On aging of the homogenized alloys at 600°C for 4 h, both
alloys exhibited the precipitation of refined scale secondary alpha precipitates
homogeneously in the beta matrix. However, while the hardness of the Ti-13Mo-
7Zr-3Fe alloy marginally increased, that of the Ti-34Nb-9Zr-8Ta alloy decreased
substantially as a result of the age-treatment. In order to understand this difference
in the mechanical properties after ageing, TEM studies were carried out on both
alloys prior to and post aging. It was reported that a metastable B2 ordering in the
Ti-34Nb-9Zr-8Ta alloy was found in the homogenized condition which is
destroyed by the ageing treatment, consequently leading to a decrease in the hard-
ness [10-113].
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Chapter 11
Surface Modifications

Surface modifications have been applied to metallic biomaterials in order to
improve mechanical, chemical, and physical properties such as wear resistance,
corrosion resistance, biocompatibility, and surface energy, etc. For enhancing the
mechanical retention between two surfaces, one or both surfaces are normally
modified to increase effective surface area by either sandblasting, shot-peening, or
laser-peening method. Another distinct purpose of surface modification is found
on implant surfaces for both dental and orthopedic applications to exhibit biolog-
ical, mechanical, and morphological compatibilities to receiving vital hard/soft tis-
sue, resulting in promoting osseointegration. Such modifications are, in general,
divided into two categories: surface concave texturing and surface convex textur-
ing. Surface concave textures can be achieved by either material removal by chem-
ical or electrochemical action, or mechanical indentations (caused by
sandblasting, shot-peening, or laser-peening). On the other hand, surface convex
textured surfaces can be formed by depositing certain types of particles by one of
several physical or chemical depositing techniques (like CVD, PVD, plasma-
spraying, etc.) or diffusion bonding. If density and porosity of deposited particles
can be appropriately controlled, a porous surface can be achieved, leading to suc-
cessful bone ingrowth. Surface roughness measurement is one of the most fre-
quently and easily employed methods to characterize the modified surfaces.
Hence, alternation of surface roughness should also be discussed in association
with surface modifications.

Biological survival, particularly longevity of biological adhesive joints, is often
dependent on thin surface films. Surfaces and interfaces behave completely dif-
ferent from bulk properties. The characteristics of a biomaterial surface govern the
processes involved in biological response. Surface properties such as surface
chemistry, surface energy, and surface morphology may be studied in order to
understand the surface region of biomaterials. The surface plays a crucial role in
biological interactions for four reasons: (1) the surface of a biomaterials is the only
part contacting with the bioenvironment, (2) the surface region of a biomaterial is
almost always different in morphology and composition from the bulk, (3) for bio-
materials that do not release or leak biologically active or toxic substance, the
characteristics of the surface governs the biological response (foreign material vs.
host tissue), and (4) some surface properties such as topography affect the
mechanical stability of the implant—tissue interface [11-1-11-5, Figure 8-1]. Like
the interface, the surface has a certain characteristic thickness, (1) for the case
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when the interatomic reaction is dominant, such as wetting or adhesion, atoms
within a depth of 100 nm (1000 A) will be important, (2) for the case of the
mechanical interaction, such as tribology and surface hardening, since the elastic-
ity due to the surface contact and the plastically deformed layer will be a govern-
ing area, the thickness of about 0.1-10 um will be important, and (3) for the case
when mass transfer or corrosion is involved, the effective layer for preventing the
diffusion will be within 1-100 gm [11-1-11-5].

Such important surfaces can be further modified or altered in a favorable fash-
ion to accommodate, facilitate, or promote more biofunctionality and bioactivity
in mechanical, chemical, electrochemical, thermal, or any combination of these
methods.

11.1. SANDBLASTING AND SURFACE TEXTURING

Sandblasting, as well as shot-peening (which will be discussed in the following
section), possesses three purposes: (1) cleaning surface contaminants, (2) rough-
ening surfaces to increase effective surface area, and (3) producing beneficial sur-
face compressive residual stress. As a result, such treated surfaces exhibit higher
surface energy, indicating higher surface chemical and physical activities, and
enhancing fatigue strength as well as fatigue life.

In order to obtain satisfactory fixation and biofunctionality of biotolerated and
bioinert materials, some of the mechanical surface alternation such as threaded sur-
face, grooved surface, pored surface, and rough surface have been produced that
promote tissue and bone ingrowth. But so far, there is no report on suitable rough-
ness to specific metallic biomaterials (see Figure 7-1). In general, on the macro-
scopic level (>10 um), roughness will influence the mechanical properties of the
interface, the way stresses are distributed and transmitted, the mechanical interlock-
ing of the interface, and the biocompatibility of biomaterials. On a smaller scale, sur-
face roughness in the range from 10 nm to 10 um may influence the interface
biology, since it is of the same order in size as cells and large biomolecules.
Topographic variations of the order of 10 nm and less may become important
because microroughness on this scale length consists of material defects such as
grain boundaries, steps, and vacancies, which are known to be active sites for
adsorption, and thus may influence the bonding of biomolecules to the implant sur-
face. There is evidence that surface roughness on a micron scale allows cellular
adhesion that alters the overall tissue response to biomaterials. Microrough surfaces
allow early better adhesion of mineral ions or atoms, biomolecules, and cells, form
stronger fixation of bone or connective tissue, result in a thinner tissue-reaction layer
with inflammatory cells decreased or absent, and prevent microorganism adhesion
and plaque accumulation, when compared with the smooth surfaces [11-6].



Surface Modifications 315

Piattelli ef al. [11-7] conducted a histological and histochemical evaluation in
rabbits to study the presence of multinucleated giant cells (MGCs) at the interface
with machined, sandblasted (with 150 ym alumina media), and plasma-sprayed
titanium implants. It was reported that (i) MGCs were not observed at any of the
experimental times around machined and sandblasted titanium surfaces; whereas
(ii)) MGCs were present at the interface with titanium plasma-sprayed (TPS)
implants at 2 weeks and at 2 months, (iii) at 4 and 8 weeks these cells tended to
decrease in number, and (iv) an inflammatory infiltrate was not present in con-
nection with the MGCs [11-7].

Although alumina (Al,O,) or silica (SiO,) particles are most frequently used as
a blasting media, there are several different types of powder particles utilized as
media. Surface roughness modulates the osseointegration of orthopedic and den-
tal titanium implants. This process may cause the release of cytotoxic silicium or
aluminum ions in the peri-implant tissue. To generate a biocompatible roughened
titanium surface, an innovative grid-blasting process using biphasic calcium phos-
phate (BCP) particles was developed. Ti-6Al-4V disks were either polished, BCP
grid-blasted, or left as-machined. BCP grid-blasting created an average surface
roughness of 1.57 um compared to the original machined surface of 0.58 um.
X-ray photoelectron spectroscopy indicated traces of calcium and phosphorus and
relatively less aluminum on the BCP grid-blasted surface than on the initial tita-
nium specimen. It was reported that (i) scanning electronic microscopy observa-
tions and measurement of mitochondrial activity (MTS assay) showed that
osteoblastic MC3T3-E1 cells were viable in contact with the BCP grid-blasted
titanium surface, (ii)) MC3T3-E1 cells expressed alkaline phosphate (ALP) activ-
ity and conserved their responsiveness to bone morphogenetic protein BMP-2, and
(iii) the calcium phosphate grid-blasting technique increased the roughness of tita-
nium implants and provided a non-cytotoxic surface with regard to mouse
osteoblasts [11-8]. Tribo-chemical treatment has been proposed to enhance the
bond strength between titanium crown and resin base [11-9]. Using silica-coated
alumina as a blasting media under relatively low pressure, silica layer is expected
to remain on the blasted surface so that retention force is enhanced by silan-
coupling treatment.

Although the recent development of investment materials and casting machines
has enabled clinical applications of titanium in dentistry, there remain several prob-
lems to be solved. First of all, efficient finishing techniques are required. Titanium
is known to be difficult to grind because of its plasticity, stickiness, low heat con-
ductivity, and chemical reactivity at high temperatures [11-10, 11-11]. Although
blasting shows several advantages, there is evidence of adverse effects: (1) surface
contamination, depending on type of blasting media, and (2) distortion of blasted
workpiece, depending on blasting manner and intensity. Miyakawa et al. [11-12]
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studied the surface contamination of abraded titanium. Despite low grinding speeds
and water cooling, the abraded surfaces were found to be contaminated by abrasive
constituent elements. Element analysis and chemical bond state analysis of the con-
taminants were performed using an electron probe microanalyzer. X-ray diffraction
of the abraded surface was performed to identify the contaminants. It was reported
that (i) the contamination of titanium is related to its reactivity as well as its hard-
ness, (i) in spite of water cooling and slow—speed abrading, titanium surfaces were
obviously contaminated, (iii) contaminant deposits with dimensions ranging from
about 10 to 30 pum occurred throughout the surfaces, and (iv) the contaminant of
titanium, although related also to the hardness, resulted primarily from a reaction
with abrasive materials, and such contamination could negatively influence tita-
nium’s resistance to corrosion and its biocompatibility [11-12].

Normally, fine alumina particles (50 um Al,O,) are recycled within the sandblast-
ing machine. Ceramics such as alumina are brittle in nature, therefore some portions
of recycled alumina might be brittle-fractured. If fractured sand blasting particles are
involved in the recycling media, it might result in irregular surfaces, as well as poten-
tial contamination. Using fractal dimension analysis [11-13—-11-15], a sample plate
surface was weekly analyzed in terms of topographic changes, as well as chemical
analysis of sampled recycled Al,O, particles. It was found that after accumulated use
time exceeded 30 min, the fractal dimension (Dg) [11-13] remained a constant value
of about 1.4, prior to that it continuously increased from 1.25 to 1.4. By the electron
probe microanalysis on collected blasting particles, unused Al,O, contains 100% Al,
whereas used (accumulated usage time was about 2400 s) particles contained Al
(83.32 wt%), Ti (5.48), Ca (1.68), Ni (1.36), Mo (1.31), S (1.02), Si (0.65), P (0.55),
Mn (0.49), K (0.29), CI (0.26), and V (0.08), strongly indicating that used alumina
powder was heavily contaminated, and a high risk for the next material surface to be
contaminated. Such contaminants are from previously blasted materials having vari-
ous chemical compositions, and investing materials as well [11-16].

There are several evidences of surface contamination due to mechanical abra-
sive actions. As a metallographic preparation, the surface needs to be mechanically
polished with a metallographic paper (which is normally SiC-adhered paper)
under running water [11-17, 11-18]. It is worth mentioning here that polishing
paper should be changed between different types of materials, and particularly
when a dissimilar metal-couple is used for galvanic corrosion tests, such couple
should not be polished prior to corrosion testing because both materials could
become cross-contaminated [11-18]. Hence, there are attempts to use TiO, pow-
der for blasting onto titanium material surfaces. It was reported that titanium sur-
faces were sandblasted using TiO, powder (particle size ranging from 45, 4563,
and 63-90 um) to produce the different surface textures prior to fibroblast cell
attachment [11-19].
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In the rabbit tibia, CpTi implants, which were sandblasted with 25 ym Al,O, and
TiO, particles, were inserted in the rabbit tibia for 12 weeks. Even though the
amount of Al on the implant surface was higher than for the Al,0;-blasted implants
compared to implants not blasted with Al,O,, any negative effects of the Al element
were not detected [11-20], which is in contrast to those reported by Johansson ef al.
[11-21], who reported that Al release from Ti-6Al-4V implants was found to coin-
cide with a poorer bone-to-implant over a 3-month period. It is possible that the
lack of differences between TiO,-blasted and the Al,O;-blasted implants depends
on lower surface concentrations of toxic Al ions than those reported by Johansson
et al. [11-21]. Wang [11-22] investigated the effects of various surface modifica-
tions on porcelain bond strengths. Such modifications included Al,O; blasting,
TiO, blasting, HNO,;+HF+H,0 treatment, H,O, treatment, and pre-oxidation in
air at 600°C for 10 min. Ti-porcelain couples were subjected to 3-pt. bending tests.
It was concluded that TiO, air abrasion showed the highest bond strength, which
was significantly different from other surface treatments.

Recently, it was reported that sandblasting using alumina as a media caused a
remarkable distortion on a Co-Cr alloy and a noble alloy [11-23, 11-24]. It was esti-
mated that the stress causing the deflection exceeded the yield strength of tested
materials. It was also suggested that the sandblasting should be done using the low-
est air pressure, duration of blasting period, and particle size alumina in order to
minimize distortion of crowns and frameworks. To measure distortion, Co-Cr alloy
plates (25 mm long, 5 mm wide, and 0.7 mm thick) were sandblasted with Al,O,
of 125 um. Distortion was determined as the deflection of the plates as a distance
of 20 mm from the surface. It was reported that (i) the mean deflections varied
between 0.37 and 1.72 mm, and (ii) deflection increased by an increase in duration
of the blasting, pressure, particle size, and by a decrease in plate thickness [11-23].

11.2. SHOT-PEENING AND LASER-PEENING

Shot peening (which is a similar process to sandblasting, but has more controlled
peening power, intensity, and direction) is a cold working process in which the sur-
face of a part is bombarded with small spherical media called shot. Each piece of
shot striking the material acts as a tiny hammer, imparting to the surface small
indentations or dimples. In order for the dimple to be created, the surface fibers of
the material must be yielded in tension. Below the surface, the fibers try to restore
the surface to its original shape, thereby producing below the dimple a hemisphere
of cold-worked material highly stressed in compression. Overlapping dimples
(which are sometimes called forged dimples) develop an even layer of metal in
residual compressive stress. It is well known that cracks will not initiate or propa-
gate in a compressively stressed zone due to a tendency of crack-closure. Since
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nearly all fatigue and stress corrosion cracking failures originate at the surface of
a part, compressive stresses induced by shot peening provide considerable
increases in part life, since advancing crack-opening is suppressed by pre-existing
compressive residual stress. The maximum compressive residual stress produced
at or under the surface of a part by shot peening is at least as great as half the yield
strength of the material being peened. Many materials will also increase in surface
hardness due to the cold working effect of shot peening [11-25—11-27]. Both com-
pressive stresses and cold working effects are used in the application of shot peen-
ing in forming metal parts, called “shot forming” [11-26].

Oshida investigated the compressive residual stress distribution in depth under-
neath the surface of Ti-6AI-4V alloy using the X-ray diffraction. It was found that
the compressive residual stress at the surface was —50 MPa, followed by the max-
imum compressive residual stress of —80 MPa at 20 um below the surface. Then,
the compressive residual stress starts to decrease to show almost zero stress at
about 50 um underneath the surface [11-27]. It was also shown that shot-peening
resulted in better bonding strengths between titanium substrate and porcelain than
sandblasting [11-28].

The laser peening technology is recently developed, claiming non-contact, no-
media, and contamination-free peening method. Before treatment, the workpiece
is covered with a protective ablative layer (paint or tape) and a thin layer of water.
High-intensity (5-15 GW/cm?) nanosecond pulses (10-30 ns) of laser light beam
(3—5 mm width) striking the ablative layer generate a short-lived plasma which
causes a shock wave to travel into the workpiece. The shock wave induces com-
pressive residual stress that penetrates beneath the surface and strengthens the
workpiece [11-29—11-32], resulting in improvements in fatigue life and retarding
in stress corrosion cracking occurrence. Cho and Jung [11-33] laser-treated CpTi
screws and inserted in right tibia metaphysics of white rabbits for 8 weeks. It was
reported that (i) SEM of laser-treated implants demonstrated a deep and regular
honeycomb pattern with small pores, and (ii) eight weeks implantation, the
removal torque was 23.58 N cm for control machined and 62.57 N c¢m for laser-
treated implants. Gaggl ef al. [11-34] reported that (i) surfaces of laser-treated Ti
implants showed a high purity with enough roughness for good osseointegration,
and (ii) the laser-treated Ti had regular patterns of micropore with interval of
10-12 pum, diameter of 25 um, and depth of 20 um [11-34].

At the end of this section, it is necessary to summarize various techniques to
measure and characterize the surface roughness. They include that (1) surface rough-
ness can be measured using a profilometer with sharp edge stylus, which is a
contact method, (2) atomic force microscopy can provide non-contact surface topog-
raphy from which the surface roughness can be indirectly measured, and (3) fractal
dimension analysis can be used to present the surface roughness in non-Euclidian
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dimension [11-13, 11-16]. Recently, Hansson and Hansson [11-35] employed com-
puter simulations to measure surface roughness. The lateral resolution was defined
as the pixel size of a profiling system. A surface roughness was simulated by a
trigonometric function with random periodicity and amplitude. The function was
divided into an array of pixels simulating the pixels of the profiling system. The
mean height value for each pixel was used to calculate the surface roughness param-
eters. It was found that the accuracy of all the surface roughness parameters investi-
gated decreased with increasing pixel size. This tendency was most pronounced for
mean slope and developed length ratio, amounting to about 80% of their true values
for a pixel size of 20% of the true mean high-spot spacing. It was concluded that the
lateral resolution of an instrument/method severely compromises the precision of
surface roughness parameters which are measured for roughness features with a
mean high-spot spacing less than five times the lateral resolution [11-35].

11.3. CHEMICAL, ELECTROCHEMICAL, AND THERMAL MODIFICATIONS

There are several experimental results on chemical, electrochemical, thermal, and
combinations of these with regard to altering the Ti surface to facilitate better sur-
face chemical, mechanical, and biological reactions. Endo [11-36] treated NiTi in
30% NHO;, heated at 400°C for 0.75 h, and NHO, treatment, followed by boiling
in water for 6-14 h. The variously treated NiTi surfaces were tested for dissolution
resistance in bovine serum. It was found that (i) those stems thermally treated were
found to have significantly lower metal ion release due to stable rutile oxide (TiO,)
formation, (ii) human plasma fibronectin (an adhesive protein) was covalently
immobilized onto an alkylaminosilane derivate of NiTi substrate with glutaralde-
hyde, and (iii) the XPS spectra suggested that gamma-aminopropyltriethoxysilane
(y-APS) was bonded to the surface through metallosiloxane bonds (Ti—O-Si)
formed via a condensation reaction between the silanol end of y-APS and the sur-
face of the hydroxyl group, with a highly cross-linked siloxane network formed
after heat treatment of the silanized surface at 100°C. Based on these findings, it
was concluded that human plasma fibronectin was immobilized at the surface, and
significantly promoted fibroblast spreading, suggesting that this chemical modifi-
cation offers an effective means of controlling metal/cell interactions [11-36]. In a
study done by Browne and Gregson [11-37], hip replacement stems manufactured
from the Ti-6Al-4V alloy were surface- treated and tested for dissolution resist-
ance in bovine serum. Specimens were degreased in 1,2-dichloroethane vapor and
surface treated in one of four ways: (1) 35% nitric acid for 10 min — typical com-
mercial treatment, (2) 35% nitric acid for 16 h and rinsed in distilled water, (3)
thermal heating in a furnace for 0.75 h at 400°C, and (4) 35% nitric acid, then aged
in boiling distilled water in a silica beaker for various times, 6, 8, 10, and 14 h.
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It was found that thermal treatment and aging of the surface oxide encourages the
formation of dense rutile structure. This is effective in reducing metal ion dissolu-
tion (up to 80%), particularly in the early stages of implantation where the stem
surface is equilibrating with its surroundings. This benefit is further enhanced on
rough surfaces with an increased surface area. It was therefore concluded that (i)
the thermal treatment and aging of the surface oxides are important with respect
to cementless and porous implants, and (ii) such treatments could be incorporated
in commercial manufacturing procedures and reduce the risk of metal dissolution
being a contributory factor toward revision surgery [11-37].

Krozer et al. [11-38] investigated the possible influence of an amino-alcohol
solution on machined Ti surface properties. Screw-shaped CpTi implants and CpTi
studs were used. They were rinsed (1) in running deionized water for 2 min, (2)
NaCl solution for 2 min followed by deionized water washing, and (3) rinsed in
5% H,0, for 2 min followed by deionized water washing, and rinsed in deionized
water for 2 min. The amino-alcohol solution was supplied to the sample surfaces,
and four methods were used in order to remove the adsorbed alcohol molecules. It
was shown that (i) rinsing in water, saline solution, and 5% H,0, did not remove
the amino-alcohol from the surface; however, (ii) exposure to ozone produced by
using a commercial mercury lamp in ambient air resulted in complete removal of
the adsorbed amino-alcohol, and (iii) the presence of such a film most likely pre-
vents reintegration to occur at the implant—tissue interface in vivo [11-38]. In
study done by Rupp et al. [11-39], CpTi was first blasted with 354-500 um large
grits, followed by (1) HCI/HF/HNO, etching, (2) HCI/H,SO, etching, (3)
HCI/H,SO,/HF/oxalic acid + neutralized, and (4) HCI/H,SO,/HF/oxalic acid +
oxidized. It was reported that the Ti modifications which shift very suddenly from
a hydrophobic (high-surface contact angle) to a hydrophilic (low surface contact
angle) state adsorbed the highest amount of immunologically assayed fibronectin,
suggesting that microtexturing greatly influenced both the dynamic wettability of
Ti implant surfaces during the initial host contact and the initial biological
response of plasma protein adsorption [11-39].

MacDonald ef al. [11-40] investigated the microstructure, chemical composition,
and wettability of thermally, and chemically modified Ti-6Al-4V disks, and corre-
lated the results with the degree of adsorption between the radiolabeled fibronectin
and Ti-6Al1-4V alloy surface and subsequent adhesion of osteoblast-like cells. It was
found that (i) heating either in pure oxygen or atmosphere resulted in an enrichment
of Al and V within the surface oxide, (ii) heating (in pure oxygen or atmosphere) and
hydrogen peroxide treatment, both followed by butanol treatment, resulted in a
reduction in content of V, but not in Al, (iii) heating (oxygen/atm) or hydrogen per-
oxide treatment resulted in a thicker oxide layer and a more hydrophilic surface
when compared with chemically passivated controls (in 40% NHO,); however, the
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post-treatment with butanol resulted in a less hydrophilic surface than heating or
hydrogen peroxide treatment alone, and (iv) the greatest increases in the adsorption
of radiolabeled fibronectin following treatment were observed with hydrogen per-
oxide/butanol-treated samples followed by hydrogen peroxide/butanol and
heat/butanol, although binding was only increased by 20-40% compared to
untreated control. These experiments with radiolabeled fibronectin indicated that
enhanced adsorption to the glycoprotein was more highly correlated with changes in
chemical composition, reflected in V content and decrease in the V/Al ratio, than
with changes in wettability. It was therefore concluded that an increase in the
absolute content of Al and/or V, and/or in the Al/V ratio is correlated with an increase
in the fibronectin-promoted adhesion of an osteoblast-like cell line [11-40]. Li et al.
[11-41] modified the surface of CpTi (grade 2) implants by the micro-arc oxidation,
operated under voltage ranging from 190, 230, 270, 350, 450, and 600 V to form a
porous layer. It was found that (i) with increasing voltage, the roughness (from 0.3
to 2.5 um) and thickness (from 1 to 15 um) of the film increased, and (ii) the TiO,
phase changed from anatase to rutile, supporting what was discussed in Chapter 4.
The micro-arc oxidation was carried out in an aqueous electrolyte with calcium
acetate monohydrate and calcium glycerophosphate in deionized water. During the
micro-arc oxidation, it was found that (i) Ca and P ions were incorporated into the
oxide layer, (ii) the in vitro cell responses were also dependent on the oxidation con-
dition, and (iii) with increasing voltage, the alkaline phosphatase activity increased,
while the cell proliferation rate decreased. Preliminary in vivo tests of the micro-arc
oxidation-treated specimens on rabbits showed a considerable improvement in their
osseointegration capacity as compared to the unmodified CpTi implant [11-41].

The surface bioactivity of titanium was investigated after water and hydrogen
plasma immersion ion implantation (PI°) by Xie et al. [11-42]. PI* method excels
in the surface treatment of components possessing a complicated shape such as
medical implants. In addition, water and hydrogen plasma immersion ion implan-
tation has been extensively studied as a method to fabricate silicon-on-insulator
substrates in the semiconductor industry, and so it is relatively straightforward to
transfer the technology to the biomedical field. Water and hydrogen were plasma-
implanted into titanium sequentially. It was found that (i) after incubation in sim-
ulated body fluids (SBFs) for cytocompatibililty evaluation in vitro, bone-like
hydroxyapatite was found to precipitate on the (H,0+H,) implanted samples,
while no apatite was found on titanium samples plasma implanted with water or
hydrogen alone, and (ii) human osteoblast cells were cultured on the (H,0+H,)-
implanted titanium surface and they exhibited good adhesion and growth. It was
therefore suggested that plasma immersion ion implantation is a practical means
to improve the surface bioactivity and cytocompatibility of medical implants made
of titanium [11-42].
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Rohanizadeh et al. [11-43] investigated methods of preparing different types of
titanium oxide (TiO,) and their effects on apatite deposition and adhesion on tita-
nium surfaces. CpTi disks were subjected to the following treatments: (1) heat
treatment at 750°C; (2) oxidation in H,O, solution followed by heat treatment; (3)
dipping in rutile/gelatin slurry; and (4) dipping in anatase/gelatin slurry. Surface-
treated Ti disks were immersed in a supersaturated calcium phosphate solution to
allow apatite deposition. It was shown that (i) the percentage of area covered by
deposited apatite was highest in sample disks which were dipped in an anatase/gel-
atin slurry, compared to the other groups, (ii) apatite deposited on Ti disks pre-
treated in H,O, solution demonstrated the highest adhesion to the titanium
substrate, and (iii) the surface treatment method affects the type of TiO, layer
formed (anatase or rutile) and affects apatite deposition and adhesion on the Ti
surface [11-43].

11.4. COATING

The coating layer is not only required to exhibit an expected function, depending
on its original specific aims, but it is also important to notice that the coating layer
is only functional if it adheres well to the metal substrate and if it is strong enough
to transfer all loads. Coated substrate possesses at least two layers and one inter-
mediate interface. If such coupled is subjected to stressing, although the strain
field should be assumed to be a continuum, the stress field of the couple exhibits
a discrete one due to differences in modulus of elasticity. This discrete stress field
results in interfacial stress, and if the interfacial stress is higher than the bonding
strength, the couple can be debonded or delaminated, causing the structural
integrity to no longer be maintained.

11.4.1 Carbon, glass, ceramic coating

The surface of Ti-6Al-4V has been modified by ion beam mixing a thin C film
by Demri et al. [11-44]. XPS analysis showed that after mixing, the surface film
consists essentially of a Ti compound containing (Ti, O, and C), TiO,, Ti, and C.
The composition of the surface modified film determined by Rutherford
backscattering spectrometry is approximately Ti,O,;C,, and its thickness is
about 200 um. It was also reported that after 3 months immersion in an SBFE, the
growth of calcium phosphate species containing both HPO,~ and H,PO,~ (proba-
bly CaHP, and Ca(PO,),) have been observed [11-44]. The corrosion resistance
and other surface and biological properties of NiTi were enhanced using carbon
plasma immersion ion implantation and deposition (PI*). Poon et al. [11-45]
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mentioned that either an ion-mixed amorphous carbon coating fabricated by
plasma immersion ion implantation and deposition or direct carbon PI® can dras-
tically improve the corrosion resistance and block the out-diffusion on Ni from
the metal. The tribological tests showed that the treated surfaces are mechanically
more superior and cytotoxicity tests revealed that both sets of plasma-treated
samples favored adhesion and proliferation of osteoblasts [11-45]. With regard to
potential toxicity of Ni, this is one of methods to prevent or shield the Ni element
to diffuse out from NiTi surface. There is another way to achieve the similar out-
come by selectively leaching out Ni from the NiTi surface layer by chemically
etching the NiTi surface in mixed acid aqueous solution of HF+HNO,;+H,0
(1:1:3 by volume) [11-46].

Bioactive glass (BAG) is a bioactive material with a high potential as implant
material. Reactive plasma spraying produces an economically feasible BAG-coat-
ing for Ti-6Al-4V oral implants. It was shown that (i) the coating withstands, with-
out any damage, an externally generated tensile stress of 47 MPa, and (ii) adhesion
testing after 2 months of in vitro reaction in an SBF showed that coating adhesion
strength decreased by 10%, but the implant was still adequate for load-bearing
applications [11-47].

Saiz et al. [11-48] evaluated the in vitro response in SBF of silicate glass
coating on Ti-6Al-4V. Glasses belonging to the SiO,-CaO-MgO-Na,0-K,O-
P,O; system were used to prepare 50-70 um thick coatings by employing a
simple enameling technique. It has been found that (i) coatings with silica con-
tent lower than 60 wt% are more susceptible to corrosion and precipitate car-
bonated HA on their surface during in vitro tests; however, (ii) these coatings
have a higher thermal expansion than the metal and are under tension, (iii) after
2 months in SBEF, crack grows in the coating, reaches the glass/metal interface
and initiates delamination, and (iv) glasses with silica content higher than
60 wt% are more resistant to corrosion and have lower thermal expansion, and
these coatings do not crack, but such glasses with silica do not precipitate
apatite even after 2 months in SBF [11-48]. Lee et al. [11-49] prepared cal-
cium-phosphate, apatite—wollastonite (CaSiO,) (1:3 by volume fraction) glass
ceramic, apatite—wollastonite (1:1) glass ceramic, and bioactive CaO-SiO,-
B,0, glass ceramic coatings by the dipping method. Coated and uncoated
Ti-6A1-4V screws were inserted into the tibia of 18 adult mongrel male dogs
for 2, 4, and 8 weeks. It was found that (i) at 2, 4, and 8 weeks, the extraction
torque of these ceramic-coated screws was significantly higher than the corre-
sponding insertion torque, and (ii) strong fixation was observed even at
2 weeks in all three coatings except CaO-SiO,-B,0, glass ceramic coating
[11-49].
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11.4.2 Hydroxyapatite coating

Enhancement of the osteoconductivity! of Ti implants is potentially beneficial
to patients since it shortens the medical treatment time and increases the initial
stability of the implant. To achieve better osteoconductivity, an apatite [Ca,,_,
(HPO,),(PO,)s_,(OH),_,] coating has been commonly employed on the Ti implant
surface.

BSE (bovine spongiform encephalopathy) or “mad cow disease” could have
been caused by animal-feed contaminated with human remains a controversial
theory. Accordingly, although bovine-derived hydroxyapatite was used as a semi-
natural HA [11-50], the articles reviewed here are limited to those published
before the BSE issue became to be addressed and received public attention.

With the growing demands of bioactive materials for orthopedic as well as max-
illofacial surgery, the utilization of hydroxyapatite (HA, with Ca/P=1.67) and
tricalcium phosphate (TCP, with Ca/P=1.50) as fillers, spacers, and bone graft
substitutes has received great attention during the past two to three decades, pri-
marily because of their biocompatibility, bioactivity, and osteoconduction charac-
teristics with respect to host tissue. Porous hydroxyapatite granules with
controlled porosity, pore size, pore size distribution, and granule size were fabri-
cated using a drip-casting process. Granules with a wide range of porosity from 24
to 76 vol%, pore size from 95 to 400 um, and granular sizes from 0.7 to 4 mm can
be obtained. This technique allows the fabrication of porous granules with desir-
able porous characters simulating natural bone architecture, and is expected to
provide advantages for biomedical purposes [11-51]. Hydroxyapatite is a major
mineral component in animal and human bodies. It has been used widely not only

I Osteogenesis: development of bones (bone formation)

Osteoconduction: process in which a graft acts as a frame network or scaffold over which new host
bone can grow.

Osteoinduction: processes in which new bone is induced to form through the activation of factors
contained within the graft bone, such as proteins of growth factors. Furthermore, there are four dif-
ferent types of biomaterials exhibiting osteogenesis:

(1) Distance osteogenesis: These types of materials are not in contact with living tissue, but they are
not rejected by living tissue either. They are covered with connective tissue and do not connect to
bone. Such materials (like Ti and Au) are called biotolerant.

(2) Contact osteogenesis: Although it is possible for biomaterials to connect the bone through the
connective tissue, they do not connect bone directly. Such materials (like Al,O5 or ZrO,) are called
bioinert.

(3) Bonding osteogenesis: Bone can grow on biomaterials and can connect to bone directly. Such
materials (like high dense sintered hydroxyapatite or bioactive glass) are called bioactive.

(4) Osteogenesis: Materials are absorbed by osteoclasts, and bone can grow through the bone remod-
eling. Such materials (like low crystalline type hydroxyapatite, tricalcium phosphate) are called
bioresorbable.
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as a biomedical implant material but also as biological chromatography supports
in protein purification and DNA isolation. Spherical HA ceramic beads have
recently been developed that show improvements in mechanical properties and
physical and chemical stability. These spherical ceramic beads are typically 20—-80
um in size. There are advantages to reducing the granule size of the spherical HA
material: (1) the smaller the granule size, the higher the specific surface area and
the higher the bonding capacity, (2) theoretically, the specific surface area (i.e.,
surface area per volume) is proportional to 6/d, where d is the diameter of the
spherical granule, (3) in addition, the mechanical properties of a packed column
can be improved by reducing the granule size, resulting in more contacting surface
areas, and thereby greater frictional forces between granules, and (4) furthermore,
a uniform pack is expected to have a homogeneous pore distribution. The poros-
ity and the specific surface areas of the HA material can be controlled by chang-
ing the morphology of the granules, for example, the solid spheres and doughnuts.
Hence, Luo et al. [11-52] introduced a new method to produce spherical HA gran-
ules ranging in size from 1 to 8 um with controlled morphology. This method
involves an initial precipitation followed by a spray-drying process, which is the
controlling step, to produce granules with various structures. It was reported that
by adjusting the operating parameters (e.g., atomization pressure) and starting
slurry (e.g., concentration), the hollow or solid spheres and doughnut-shaped HA
were fabricated.

Since HA is normally used as a bone grafting material, it is convenient here to
review all types of grafts. Autologous grafts: are obtained directly from the patient.
Autologous bone grafts possess maximum biocompatibility, and thus are generally
considered to be the best material available for bone grafting. Allogenous grafts:
are obtained from a donor of the same species, and are commonly employed as the
“second alternative” when an autograft is not possible. Allogenous bone is also
favored when the bone defect is extensive and the quality and quantity of autolo-
gous bone is insufficient. The primary problems with allogenous grafts are
immunological. Allografts: a tissue (bone) graft between individuals of the same
species but of non-identical genetic disposition. Alloplast: a synthetic bone graft
material; a bone graft substitute. Xenogenous grafts: are bone materials obtained
from another species. Xenogenous bone is primarily harvested from cows. These
grafts must be specially treated before use because of genetic incompatibility.
Synthetic implants: are manufactured from a number of different materials, includ-
ing plastic polymers (PMMA), ceramics (HA), composites, and metals.

Plasma-sprayed HA-coated devices demonstrated wide variability in the per-
centage of the HA coating remaining on the stems. Porter ef al. [11-53] reported
that (i) the coating was missing from a substantial portion of a stem after only
about 6 months of implantation, and (ii) many ultrastructural features of the bone
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bonded to the HA coatings on these implants from human subjects were compa-
rable to those on HA-coated devices implanted in a canine model. The geometric
design and chemical compositions of an implant surface may have an important
part in affecting early implant stabilization and influencing tissue healing.

The influence of different surface characteristics on bone integration of titanium
implants was investigated by Buser et al. [11-54]. Hollow-cylinder implants with
different surfaces were placed in the metaphyses of the tibia and femur in six
miniature pigs. After 3 and 6 weeks, the implants with surrounding bone were
removed and analyzed in undecalcified transverse sections. The histologic exami-
nation revealed direct bone—implant contact for all implants. However, the mor-
phometric analyses demonstrated significant differences in the percentage of
bone—implant contact, when measured in cancellous bone. It was reported that (i)
electropolished, as well as the sandblasted and acid pickled (medium grit,
HF/HNO,) implant surfaces, had the lowest percentage of bone contact with mean
values ranging between 20 and 25%, (ii) sandblasted implants, with a large grit,
and TPS implants demonstrated 30—40% mean bone contact, and (iii) the highest
extent of bone—implant interface was observed in sandblasted and acid-attacked
surfaces (large grit; HCI/H,SO,) with mean values of 50-60%, and hydroxyapatite
(HA)-coated implants with 60—70%. It was therefore concluded that the extent of
the bone—implant interface is positively correlated with an increasing roughness of
the implant surface. Moreover the morphometric results indicated that (i) rough
implant surfaces generally demonstrated an increase in bone apposition compared
to polished or fine structured surfaces, (ii) the acid treatment with HCI/H,SO,
used for sandblasted with large grit implants has an additional stimulating influ-
ence on bone apposition, (iii) the HA-coated implants showed the highest extent
of bone—implant interface, and (iv) the HA coating consistently revealed signs of
resorption. It was suggested that sandblasting and chemical etching with
HCI/H,SO, as well as HA coating, seemed to be the most promising alternatives
to titanium implants with smooth or TPS surfaces [11-54].

Souto et al. [11-55] investigated the corrosion behavior of four different prepara-
tions of plasma-sprayed hydroxyapatite (HA) coatings (50 and 200 pm) on Ti-6Al-
4V substrates in static Hank’s balanced salt solution through DC potentiodynamic and
AC impedance EIS techniques. Because the coatings are porous, ionic paths between
the electrolytic medium and the base material can eventually be produced, resulting
in the corrosion of the coated metal. It was concluded that significant differences
were found in electrochemical behavior for similar nominal thicknesses of HA coat-
ings obtained under different spraying [11-55]. Filiaggi et al. [11-56] reported that
evaluations of an HA-coated Ti-6Al-4V implant system using a modified short-bar
technique for interfacial fracture toughness determination revealed relatively low
fracture toughness values. Using high-resolution electron spectroscopic imaging,
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evidence of chemical bonding was revealed at the plasma-sprayed HA/Ti-6Al-4V
interface, although bonding was primarily due to mechanical interlocking at the inter-
face [11-56]. The modulus of elasticity, residual stress and strain, bonding strength,
and microstructure of the plasma-sprayed hydroxyapatite coating were evaluated on
Ti-6Al-4V substrate with and without immersion in Hank’s balanced salt solution. It
was reported that (i) the residual stress and strain, modulus of elasticity, and bonding
strength of the plasma-sprayed HA coating after immersion in Hank’s solution were
substantially decreased, and (ii) the decayed modulus of elasticity and mechanical
properties of HA coatings were caused for by the degraded interlamellar or cohesive
bonding in the coating due to the increased porosity after immersion that weakens the
bonding strength of the coating and substrate system. It was also suggested that the
controlled residual stress and strain in the coating might promote the long-term sta-
bility of the plasma-sprayed HA-coated implant [11-57]. Yang et al. [11-58] investi-
gated the effect of TPS and zirconia (ZrO,)-coate