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Biologically and Mechanically Biocompatible Titanium Alloys
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Nb, Ta, and Zr are the favorable nontoxic and allergy-free alloying elements suitable for use in titanium alloys for biomedical applications.
Low-rigidity titanium alloys composed of nontoxic and allergy-free elements are receiving considerable attention. The advantage of low-rigidity
titanium alloys in the healing of bone fracture and bone remodeling is successfully proven by using tibia of rabbit as a fracture model. Ni-free
superelastic and shape memory titanium alloys for biomedical applications are being actively developed. The mechanical properties such as
fatigue and fretting fatigue are important from the viewpoint of mechanical properties, which may be collectively referred to as mechanical
biocompatibilities in the broad sense, in addition to the rigidity, i.e. Young’s modulus. Bioactive surface modifications of titanium alloys for

biomedical applications are very important for achieving further biocompatibility.
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1. Introduction

Metallic biomaterials such as stainless steels, Co-Cr alloys,
and titanium and its alloys are currently utilized as structural
materials in artificial hip joints, bone plates and screws, and
artificial dental roots; they are mainly used in implants that
replace hard tissue. Some metallic biomaterials (biometals)
known as stents are also used for reconstructing blood
vessels. Among biometals, titanium alloys have high bio-
compatibility, specific strength, and corrosion resistance, and
exhibit the most suitable characteristics for biomedical
applications. Recently, the titanium alloys that are composed
of nontoxic and allergy-free elements have been developed
by taking their biological biocompatibility account into."?
These alloys must also have high strength and a long fatigue
life, that is, high fatigue strength. A low Young’s modulus
equivalent to that of the cortical bone is a simultaneously
required in order to inhibit bone absorption.!*-® Porous
titanium and its alloys that have a low Young’s modulus have
also been developed. Titanium alloys for biomedical appli-
cations must have various functionalities such as super-
elasticity and shape memory characteristics. However, the
mechanism of the superelastic behavior of some titanium
alloys in biomedical applications is still unknown.”~® It has
been observed that wear loss occurs, indifferent areas such
as the area between the stem and the bone, and loosening
may also occur in such cases. Further, there is a possibility
fretting fatigue will occur in the contact area of two bodies,
for example, between like the bone plate and the screw.
Therefore, the wear and fretting fatigue characteristics of
titanium alloy used in biomedical applications are also very
important. The Young’s modulus and tensile strength,
ductility, fatigue life, fretting fatigue life, wear properties,
functionalities, etc., should be controlled so that their levels
are suitable for structural biomaterials used in implants
that replace hard tissue. These factors may be collectively
referred to as mechanical biocompatibilities in the broad
sense. For the long term usage of metallic implants,
mechanical biocompatibilities should be enhanced.

Research and development of bioactive ceramic surface
modifications for improving the biocompatibility of titanium

alloys is also increasing'® because titanium alloys are
classified as bioinert from the view point of the patterns of
osteogenesis.'V

Further, biopolymer surface modifications are carried out
on titanium alloys for achieving excellent blood compati-
bility. It is difficult to bond biopolymers to metallic
biomaterials via chemical bonding. The first step in this task
is to coat a polymer on the surface of titanium alloys, or to
press the polymer into porous titanium alloys. At present,
the challenging task of bonding blood-compatible polymers
to titanium alloys via chemical bonding is being attempted.'?
If this surface modification of metallic biomaterials via
chemical bonding is successfully performed, high-endurance
long-life scaffolds for artificial organs may be developed for
incorporation with tissue engineering.

In the future, new biomaterials and biomaterials science
will be developed when the harmonization of titanium
(metallic), ceramic, and polymer biomaterials via chemical
bonding is satisfactorily achieved. Simultaneously, the
harmonization of titanium (metallic)-ceramic-polymer bio-
materials and living tissues will also be achieved.

Furthermore, the direct or indirect evaluation of biocom-
patibility using animals,'® or cells,'*!> and the evaluation of
mechanical performance parameters'®!'? such as fatigue,
fretting fatigue, and fracture toughness is also being actively
undertaken.

Since new developments in titanium alloys for biomedical
applications are taking place, the selected topics on research
and development in biologically and mechanically biocom-
patible titanium alloys for biomedical applications will be
described in this paper.

2. Development of Titanium Alloys for Biomedical
Applications

2.1 V-free (o + pB)-type titanium alloys composed of
non-toxic elements
V-free (o + B)-type Ti-15Sn-4Nb-2Ta-0.2Pd and Ti-15Zr-
4Nb-2Ta-0.2Pd'® composed of nontoxic elements have been
developed using the d-electron alloy design method. These
alloys exhibit high fatigue strength. Attempts have been
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made to apply these alloys in the fabrication of dental
prostheses such as crowns and dentures by dental precision
casting.'?

2.2 Low-modulus B-type titanium alloys composed of
nontoxic and allergy-free elements

The developments in the manufacture of titanium alloys
for biomedical applications have taken into account not only
the safety of alloy’s constituent elements for use in the human
body but also their mechanical biocompatibility. With regard
to the mechanical biocompatibility, Young’s modulus is the
major factor, and its value for the alloy should be equivalent
to that of the cortical bone in order to inhibit the bone
absorption. Further, S-type titanium alloys are receiving
attention for biomedical applications because their Young’s
moduli are much less than those of «- and (« + B)-type
titanium alloys. The representative S-type titanium alloys
developed for biomedical applications are listed in
Table 1.'” First, Ti-13Nb-13Zr was developed. The Young’s
modulus of Ti-13Nb-13Zr is reported to range from 44
through 88 GPa. Subsequently, Ti-12Mo-6Zr-2Fe, Ti-15Mo,
Ti-16Nb-10Hf, Ti-15Mo-5Zr-3Al, Ti-15Mo-2.8Nb-0.2Si-
0.26, etc., were developed. Among these, Ti-13Nb-13Zr,
Ti-12Mo-6Zr-2Fe, and Ti-15Mo are registered in the ASTM
standards while Ti-15Mo-5Zr-3Al is registered in JIS T
7401-6. Further, Ti-35Nb-7Zr-5Ta (referred to as TNZT) and
Ti-29Nb-13Ta-4.6Zr (referred to as TNTZ) were developed.
TNTZ exhibits not only a low Young’s modulus but also
superelastic behavior, as stated below. Subsequently, Ti-Fe-
Ta system alloy, Ti-Zr-Nb-Ta system alloy, Ti-Fe-Mo-Mn-
Nb-Zr system alloy, Ti-Mo-Mn-Nb-Zr system alloy, etc.,
which exhibit low Young’s moduli were developed.'” The
Young’s modulus of Ti-Nb-Sn, which received attention
owing to its shape memory characteristics, is also small, and

Ti-6A1-4V ELI

X-ray photographs of tibia at 24 weeks after implantation.
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Table 1 Selected low modulus B type titanium alloys for biomedical
applications.

Titanium and

its alloys Standard Type of Alloy
Ti-13Nb-13Zr ASTM F 1713 B
Ti-12Mo-6Zr-2Fe ASTM F 1813 B
Ti-12Mo-5Zr-55Sn — B
Ti-15Mo ASTM F 2066 B
Ti-16Nb-10Hf — B
Ti-15Mo-2.8Nb-0.2Si — B
Ti-15Mo-5Zr-3Al JIS T 7401-6 B
Ti-30Ta — B
Ti-45Nb AMS 4982 B
Ti-35Zr-10Nb — B
Ti-35Nb-7Zr-5Ta Task Force F-04.12.23 B
Ti-29Nb-13Ta-4.6Zr — B
Ti-8Fe-8Ta — B
Ti-8Fe-8Ta-4Zr — B

can be decreased by inhibiting the precipitation of the w
phase, whose Young’s modulus is high due to the addition of
V. The least value of Young’s modulus reported thus far
might be approximately 40 GPa.?”)

Figure 12 shows the X-ray photographs of the healing
states of experimental tibial fractures at 24 weeks after the
implantation of intramedullary rods made of low modulus
TNTZ, Ti-6A1-4V ELI or SUS 316L stainless steel. The
posterior tibial bone becomes very thin at 24 weeks after the
implantation of the intramedullary rods made of SUS 316L
stainless steel. Therefore, the bone absorption occurred in the
case of the SUS 316L intramedullary rod, but did not occur
in the cases of the other two types of titanium alloys. Further,
the remodeling is much better in the case of the TNTZ
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Fig. 2 CMR of cross section of tibia at 24 weeks after implantation.
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Fig. 3 Relationship between porosity and Young’s modulus in porous
titanium.

intramedullary rod than in the case of the Ti-6Al-4V ELI
intramedullary one as shown in Fig. 2.9 These facts suggest
an excellent stress transfer between the S-type titanium alloy
with low Young’s modulus and the bone.

In order to further reduce the Young’s moduli of titanium
and its alloys, it is very effective to make titanium and its
alloys porous. The porous titanium is another way to reduce
Young’s modulus of titanium drastically. The Young’s
modulus can be easily controlled by changing the porosity.

800

T T T T T T T 800
700 700
600 600
500 500
400 400

300 300

edIN / 0 “‘ypSusxys puag

200 200

0.2% offset stress, 6,, / MPa

100 100

0 5 10 15 20 25 30 35 40
Porosity, P/ %

Fig. 4 Relationship between porosity and 0.2% proof stress or bend
strength in porous titanium.

Figure 3?% shows the relationship between Young’s modulus
and porosity of porous titanium made of titanium powder
with different diameter in comparison with Young’s modulus
of bulk titanium. At a porosity of approximately 30%, the
Young’s modulus is nearly equal to that of cortical bone.
Using the titanium alloy with low Young’s modulus, the
Young’s modulus can be equal to that of cortical bone at
lower porosity in comparison with the case of titanium. The
pores with the proper size also enhance the bone induction.
On the other hand, its strength decreases drastically with
increasing the porosity as shown in Fig. 4.2 At a porosity of
approximately 30%, which leads to the Young’s modulus
equal to that of cortical bone, 0.2% proof stress is below
100 MPa.
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Fig. 5 Relationship between porosity and tensile strength in porous
titanium and porous titanium-PMMA composites.

In order to inhibit decreasing strength of porous titanium,
combining with biocompatible polymer is effective. One
possible method to penetrate the polymer into the porous
titanium is pressing. In this method, HMDP (high molecular
density polyethylene) is pressed into porous titanium.>?

Another method proposed®® is firstly using monomer of
PMMA (polymethylmethacrylate); the porous titanium is
firstly immersed into monomer of PMMA leading to
penetrating monomer into porous titanium, and the monomer
in porous titanium is subjected to polymerization by heating.
Combining with PMMA, the strength of porous titanium
increases as shown in Fig. 5.2 In this figure, the data of
porous titanium and PMMA composites are plotted versus
porosity in convenience although the composites do not
contain pores. The strength of the composite is greater than
that of porous titanium. Furthermore, bio-functionalities are
considered to be easily added to porous titanium and polymer
composites because the surface of porous titanium can be
covered with polymer.

It is important to understand what level of Young’s
modulus is effective to inhibit the bone absorption when it is
implanted.

2.3 Multifunctional g-type titanium alloy composed of
nontoxic and allergy-free elements

Since functionalities such as superelasticity and shape
memory effect are required in addition to a low Young’s
modulus, superelastic and/or shape memory B-type titanium
alloys without toxic and allergic elements are developed.

As shown in Fig. 6,2 after appropriate thermomechanical
treatment, TNTZ stated above exhibits superelastic behavior,
however, it does not exhibit shape memory effect. The
superelastic behavior of this alloy cannot be explained by
increasing the amount of deformation-induced martensite
transformation and its reversion. The mechanism of this
superelastic behavior is speculated that the elastic deforma-
tion progresses continuously in a different crystal direction
although after lattice strain reaches maximum lattice strain
where maximum lattice strain is the smallest because the
maximum elastic strain is very different according to the
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Fig. 6 Tensile loading-unloading curves of extruded wires of Ti-29Nb-
13Ta-4.6Zr with diameters of 0.3 mm.

crystal direction.”® However, the occurrence of the defor-
mation induced-martensite transformation and its reverse
transformation cannot be completely denied in this case.
Further investigation is needed to make the mechanism of
this superelastic behavior clear. The maximum elastic strain
is approximately 3% after thermomechanical treatment. In
the Ti-Nb-Ta-Zr system alloy, a change in the chemical
composition can induce the shape memory effect. In this
case, the shape memory effect is caused by the deformation
induced-martensite transformation and its reverse transfor-
mation.

Ti-Nb-Sn system alloy, Ti-Mo-Ga system alloy, Ti-Nb-Al
system alloy, Ti-Mo-Al system alloy, Ti-Ta system alloy, Ti-
Nb system alloy, Ti-Sc-Mo system alloy, Ti-Mo-Ag system
alloy, Ti-Mo-Sn system alloy, Ti-Nb-Ta-Zr system alloy,
etc., have been developed.'” Shape memory B-type titanium
alloys exhibit superelastic behaviors because they exhibit
pseudo-elastic behavior. Among these alloys, approximately
6% elastic strain was reportedly obtained in one of the Ti-Nb-
Al system alloys by controlling its texture.>”” The shape
memory effect of these alloys is associated with the
deformation-induced martensite transformation and its re-
verse transformation.

The Ni-free superelastic and/or shape memory B-type
titanium alloys are expected to be used in stents, guide wires
of catheters, orthodontic wires, etc.

3. Fatigue Behavior and Aging

In general, the fatigue strength of titanium alloys is
improved by aging after ST. The fatigue strength is
drastically improved by aging treatment after ST for B-type
titanium alloys. Figure 7*® shows the S-N curves obtained
from fatigue tests in air on TNTZ samples subjected to ST at
1023K (Ast) and aging treatments at 723 K for various
durations after ST —under-aging (UA723k), peak-aging
(PA723k), and over-aging (OA73k) obtained from fatigue
tests in air. The fatigue limit of TN'TZ increases drastically by
aging treatments, and the fatigue limit of peak-aged TNTZ is
the highest. The fatigue limits of each aged TNTZ samples
are equivalent to that of Ti-6Al-4V ELI
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failure in Ti-6Al-4V.

4. Fretting Fatigue

When the fretting and fatigue occur simultaneously, the
fatigue strength of biomedical titanium alloys decreases
significantly. Such situations may occur in the cases such as
bone plate and screw, and hip joint stem and bone, where two
bodies remain in contact with each other under cyclic loading
conditions. This is called fretting fatigue.

The fretting fatigue strengths of biomedical titanium alloys
are affected by various factors such as contact pressure, stress
amplitude, relative slip distance, friction coefficient, mean
stress, frequency, contact conditions, material quality, and
circumstance. As an example of the effects of these factors on
the fretting fatigue of biomedical titanium alloys, the effect of
contact pressure on the number of the cycles before failure
for Ti-6Al-4V is shown in Fig. 8,29 based on the results
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Fig. 10 S-N curves of TNTZ obtained from plain fatigue and fretting
fatigue tests in air and Ringer’s solution.

obtained from fretting fatigue tests. At a contact pressure of
approximately 20 MPa, Ti-6Al-4V exhibits the least fretting
fatigue life. This trend has also been reported for the other
titanium alloys such as Ti-4.5A1-3V-2Mo-2Fe (SP-700),3
which may also be applicable in the biomedical field.*" In the
case of steels, the fretting fatigue life decreases with
increasing contact pressure.

Figure 9% shows the plain fatigue and fretting fatigue
strength of Ti-6Al-4V in air and in a simulated body fluid
(PBS (—)). As stated above, the fretting fatigue strength of
Ti-6Al-4V is significantly smaller in comparison with its
plain fatigue strength in both air and PBS (—). The plain
fatigue strength of Ti-6Al-4V is nearly the same in air and
PBS (—). On the other hand, the fretting fatigue strength of
Ti-6Al1-4V is less in PBS (—) in the low- and high-cycle
fatigue life regions, but in the medium-cycle fatigue life
region, it is greater in PBS (—) than in air. As shown in
Fig. 10,>® in the case of TNTZ, the trend in the fretting
fatigue strength in air and in a simulated body fluid (Ringer’s
solution) in the low cycle fatigue life region is different from
that of Ti-6Al-4V, as stated above; the fretting fatigue
strength is greater in Ringer’s solution than in air. This is



Biologically and Mechanically Biocompatible Titanium Alloys

2175

Fig. 11
followed by baking.

explained as being the result of the significantly higher
lubrication effect caused by the Ringer’s solution.

5. Bioactive Ceramic Surface Modification

Titanium alloys exhibit the highest biocompatibility
among metallic materials for biomedical applications. How-
ever, as stated above, they are classified as bioinert materials
as well as ceramics such as alumina and zirconia on the basis
of the pattern of osteogensis.!" Further their biocompatibility
is inferior to that of phosphate calcium (CaP) or hydrox-
yapatite (HAP: Ca (PO4);0H), which is classified as a
bioactive material. Therefore, bioactive surface treatment
(bioactive surface modification) is, in general, applied to
titanium alloys for biomedical applications in order to further
improve their biocompatibility. For this treatment, phos-
phate-calcium-type ceramics such as phosphate calcium
(CaP), TCP (B-Ca3(POy),), and CCP(B-Ca,P,07) and HAP
are mainly coated on the surface of the titanium alloy. In
general, the final aim of the treatment process is the
formation of HAP.

The bioactive surface treatment processes are, in general,
classified as dry processes and wet processes. There are
various dry and wet processes.”

The dry processes are further classified as direct HAP
forming methods and indirect HAP forming methods. The
examples of the former methods are the plasma spray
method, ion plating, RF magnetron sputtering, pulse laser
deposition method, ion-beam dynamic mixing method, super
plastic joining method, etc., where HAP is formed directly on
the titanium alloy surface. Examples of the latter methods are
calcium ion implantation, in which calcium ions are
implanted into biomedical titanium alloys; the calcium ion

SEM micrographs of specimen surfaces of (a) TNTZ and (b) CP-Ti dipped in SBF for 604.8 ks (1 week) after NaOH treatment

mixing method, in which Ca is sputtered on the surface of
biomedical titanium alloys followed by Ar ion implantation;
etc. When biomedical titanium alloys subjected to these
treatments are implanted into a living body, CaP precipitation
is enhanced on the surface.

Wet processes are, for example, electrical chemical
treatment, in which the biomedical titanium is first sub-
jected to anodic treatment followed by cathodic treatment
in (Ca(NOs),) solution, following which, it is immersed
into living body liquid, and alkali treatment, in which the
biomedical titanium alloy is first immersed into NaOH
solution and heated, following which, it is immersed into
living body liquid. The formability of HAP by these
treatments is sensitive to the chemical compositions of the
titanium alloys. Figure 113» shows SEM micrographs of
specimen surfaces of (a) TNTZ and (b) pure titanium (CP-T1)
dipped into SBF for 604.8 ks (1week) after NaOH treatment
followed by baking. The whole surface of CP-Ti is covered
with HAP, while the HAP is not formed on the surface of
TNTZ. The formability of HAP is much lower in TNTZ
than in CP-Ti. TNTZ contains a large amount of Nb and Ta,
and small amount of Zr. Therefore, which element is strongly
inhibits the formation of HAP should be made clear.

Figure 12 shows SEM micrographs of specimen surfaces
of Ti-30Nb, Ti-10Ta and Ti-5Zr dipped in SBF for 1 week
after dipping into 5M NaOH solution for 172.8 ks (2 days).
The formability of HAP is much lower in Ti-30Nb than in
Ti-10Ta and Ti-5Zr. In the case of Ti-30Nb, Na,TisO;-
H,O and NaNbOj3;-H,O are formed on the surface after
immersed into NaOH solution, while only Na,TisOp; is
formed on the surfaces of Ti-10Ta and Ti-5Zr. NaNbOj3-
H,0 might inhibit the formation of HAP on the surface
of TNTZ.
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Fig. 12 SEM micrographs of specimen surfaces of (a) Ti-30Nb, (b) Ti-10Ta, and (c) Ti-5Zr dipped in SBF for 604.8 ks (1 week) after

dipping in 5M NaOH solution for 172.8 ks (2 days).

Table 2 Formability of HAP on specimen surfaces of CP-Ti, CP-Nb, CP-Ta and CP-Zr as functions of alkali treatment conditions and

immersion time in SBF.

NaOH Treatment Baking Treatment SBF Treatment
Metal Concentration Temperature Imz:‘;ion Temperature Immersion Time [ks]
[Mol] [K]
(ks] 432 864 2592 6048 12096 24192

CP-Ti 5 333 86.4 873 x O (@) (@) (@) (@)
0.5 333 86.4 — — — — X —
CP-Nb 1 — — — — X —
2 — — — — X —
0.2 333 86.4 — — — (@) (@) (@)
CP-Ta 0.5 — — — (@) (@) (@)
5 — — — X X X
0.5 259.2 573 — — (@) (@) (@) (@)
1 368 86.4 — — — X X X
CP-Zr 5 — — — O O O
15 — — — (@) (@) (@)

O: Specimen surface was covered with HAP. x: HAP was not formed on specimen surface.

There is another report’ that the formability of HAP
is less in pure Nb (CP-Nb) than in pure Ta (CP-Ta) and pure
Zr (CP-Zr) as summarized in Table 2. The formability of
HAP is the lowest in CP-Nb.

Another interesting treatment method® (Fig. 13) is the
dip-coating method, in which calcium phosphate invert glass
powder mixed with distilled water is coated on the surface
of the titanium alloy; this is followed by heating at around
1073 K (firing), after which the phosphate-calcium-type
ceramics precipitate. By this process, bioactive g-TCP and
B-CCP are formed on the surface of TNTZ. This treatment is
more advantageous for oxidation resistant titanium alloys
such as TNTZ.

Furthermore, HAP is formed by immersing calcium-
phosphate invert glass-ceramic coated titanium alloys in

simulated body fluid (SBF). The apatite formation by soaking
in SBF is enhanced by autoclaving.

6. Polymer Surface Modification

If tight polymer modification is performed on the surface
of titanium alloys, it might impart high-order biofunction-
ality, thereby yielding the base materials for artificial organs.
The coating of polymers such as MPC polymer, which is a
blood compatible polymer, on titanium alloys has been
practically achieved.’® However, the polymer surface mod-
ification of titanium alloys through chemical bonding is in
greater demand. Recently, an electric deposition method,
by which PEG (polyethylene glycol), which inhibits the
adhesion of protein on the surface of titanium alloys, can be
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Fig. 13 Schematic explanation of coating of phosphate calcium crystal-
lized glass on TNTZ.

modified on the surface of titanium alloys through chemical
bonding, has been proposed.>” In this method, an electric
current is passed through a mixed solution of PEG, in which a
titanium plate serves as the cathode and a platinum plate as
the anode; one or both of the PEG terminals are modified by
NH, and NaCl. PEG bonds to the surface of the titanium plate
through ion bonding along random directions by immersion.
By electric deposition, however, PEG bonds tightly to the
surface of the titanium plate, where both its terminals are
aligned along the direction of the plate through NH-O
bonding. PEG bonds according to a U-like shape when both
its terminals are modified; however, it bonds a brush-like
shape when only one terminal is modified, as shown
schematically in Fig. 14.3” The chemical bonding of PEG
to the surface of the abovementioned titanium plate might
strongly depend on the titanium oxide formed on the surface
of the titanium plate. The polymer surface modification of the
titanium alloys through chemical bonding by using a method
such as that states above will be important in the near future.

7. Summary

The application of titanium and its alloys in biomedical
applications is rapidly increasing. Therefore, further devel-
opments of titanium alloys appropriate for biomedical
applications are strongly desired. For these applications,
titanium alloys that comprise nontoxic and allergy-free
elements should be developed. Further, these alloys should
exhibit functionalities such as superelasticity and shape
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Fig. 14 Schematic model of deposition mode and chemical bonding state
of PEG by immersion and electrodeposition.

memory effect. In addition, mechanical performance param-
eters such as strength, ductility, fatigue strength, fretting
fatigue strength, and wear resistance are very important
factors for biomedical applications.
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