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Table 2. Specified titanium alloys.

Composition

(mass%) Type UNS ASTM ISO
Ti-3A1-2.5V a+p R56320 ASTM B 348 -
Ti-5Al1-2.5Fe a+p - - ISO 5832-10
Ti-6A14V a+p R56400 ASTMF 1472  1SO 5832-3
Ti-6A1-4V ELI a+p R56401 ASTM F 136 ISO 5832-3
Ti—-6Al-7Nb a+f R56700 ASTMF 1295 ISO 5832-11
Ti—-15Mo B R58150 ASTM F 2066 -
Ti—13Nb-13Zr B R58130 ASTMF 1713 -
Ti—-12Mo—-6Zr-2Fe B R58120 ASTMF 1813 -
Ti—45Nb B R58450 AMS 4982 -
Ti-35Nb-7Zr—5Ta B R58350 - -
Ti-55.8Ni Metallic ASTM F 2063 -
compound

(8) biocompatibility and biofunctions may be evaluated.
Evaluation of mechanical properties and corrosion resistance
is essential for metallic materials. In addition, (9) in vitro
evaluation techniques of materials are necessary to assess
the biofunction and biocompatibility of the materials without
animal testing.

4. Titanium alloys

4.1. a + B type titanium alloys with large elongation

Ti and Ti alloys were developed for aerospace applications
and have also been used for medical and dental implants
because they show high corrosion resistance and specific
strength. Their Young’s modulus is about one half that
of stainless steel and Co—Cr alloys, and this low Young’s
modulus makes them the preferred material for use in bone
fixators. Ti materials form stable titanium oxide films on their
surface, and their corrosion resistance is better than that of
stainless steel and Co—Cr alloys as a result. Ti and most of the
Ti alloys are safe for use in the human body; moreover, they
exhibit good tissue compatibility, especially for hard tissue.
On the other hand, they are not suitable for bone fixation wires
and sternal wires that require ligatures because of their low
torsion strength (torque) and torsion angle to fracture.

Ti alloys at ambient temperatures are categorized as
a-type, o+ B-type, and B-type alloys, according to the
quantities and types of their alloying elements. Many kinds
of alloys have been developed (table 2), but the Ti-6A1-4V
alloy, an o+ B-type alloy, is the most conventional one
for medical use. This alloy exhibits good workability,
heat treatment stability, weldability, corrosion resistance,
strength and biocompatibility. The extra low interstitial
(ELI) grade alloy containing small amounts of interstitial
impurities, oxygen, carbon, nitrogen and hydrogen is used
for biomaterials. The Ti—-6A1-4V ELI alloy shows significant
toughness because the impurities decrease the fatigue strength
via the notch effect. The ELI alloy is used for bone fixation
plates and the stems of artificial hip joints. The Ti-6A1-4V
alloy has an extremely high 0.2% offset yield strength of
895 MPa, which is much higher than that of stainless steel and

Co—Cr—Mo alloys, hindering plastic deformation even under
high load.

The Ti—6Al-7Nb alloy [1] has been developed as
a replacement for the Ti—6Al-4V alloy. This alloy was
developed and is mainly used in Europe because one
of its components, vanadium, shows strong cytotoxicity,
although there has been no report of accidents when using
Ti—6A1-4V alloy implants. The Ti-6Al-7Nb alloy has been
created by substituting V with Nb at the same atomic
concentration. Its corrosion resistance and safety are greater
than those of Ti—-6Al-4V. Elsewhere, the Ti-6Al-2.5Fe alloy
developed in Europe, the Ti-13Zr-13Ta alloy (nearly B)
developed in the United States, and the Ti—-6Al-2Nb-1Ta
and Ti—15 Zr—4Nb-4Ta alloys developed in Japan have been
standardized. These are « + £ type alloys.

Materials scientists and engineers understand that the
fracture of metallic materials can be avoided when the
materials have sufficient fatigue strength and corrosion
resistance. However, recently, the lower elongation of « + f8
type Ti alloys than that of stainless steel has caused an
‘artificial fracture’ or ‘human error’ in spinal fixators and
maxillofacial plates because the elongation to fracture of « +
type Ti alloys is only about 10-17%. The following four
causes of fracture of metals are feasible in medicine: (i) larger
plastic deformation than the elongation to fracture is applied
by medical doctor at the operation site, (ii) multiple plastic
deformation is applied if the first bending by the doctor at the
operation site is unsuccessful, (iii) alloy fatigue and (iv) large
crevices as a result of corrosion initiate fracture.

Causes (i)—(iv) are illustrated in figure 1. The phenomena
described in (i) and (ii) may occur as a result of
mismanaging the material when its elongation and hardening
are miscalculated, whereas those described in (iii) and
(iv) can be prevented by improving the mechanical and
electrochemical properties of the material. To prevent
fractures such as those described in (i) and (ii), specific
training of medical professionals is required to understand
the relationship between the fracture and elongation and work
hardening. In addition, the development of « + 8 type Ti alloys
having large elongation and sufficient strength is required.
However, no optimal Ti alloy has been developed so far.
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Figure 1. Causes of fracture of metals in medicine: (i) larger plastic
deformation than the elongation to fracture is applied by medical
doctor at the operation site; (ii) multiple plastic deformation is
applied if the first bending by the medical doctor at the operation
site is unsuccessful; (iii) alloy fatigue; (iv) large crevices as a result
of corrosion work initiate fracture.

4.2. B type titanium alloys and porous titanium with small
Young’s modulus

The Young’s modulus of metallic materials is higher than that
of cortical bone: it is about 200 GPa in stainless steels and
Co-Cr—Mo alloys, about 100 GPa in Ti and Ti alloys, and
10-20 GPa in cortical bone. When fractured bone is fixed
with a metallic bone fixator, such as bone plate and screws
and bone nail, during healing, a load to the fixation part is
mainly received by metallic fixators because of the difference
in their Young’s modulus, as shown in figure 2, inducing
device-related osteoporosis or osteopenia. This phenomenon
is well known as ‘stress shielding’ in orthopedics. This high
Young’s modulus generates other problems. When a metal
is used as a metallic spacer in spinal fixation, the spacer is
mounted in bone. In the case of a dental implant, occlusal
pressure is not absorbed by the implant and directly conducted
to the jaw bone.

To solve these problems, metals with low Young’s
modulus are required. Two approaches are feasible: decrease
Young’s modulus of the metal itself or decrease the apparent
Young’s modulus by forming a porous body.

The requirement for a low Young’s modulus to prevent
stress shielding in bone fixation is fulfilled by B-type
alloys, in which the Young’s modulus may decrease to
about 60 GPa. Various S-type alloys, Ti—12Mo—6Zr—2Fe [2]
and T-15Mo [3], have been developed in the United
States, and the Ti—15Mo-5Zr-2Al alloy has been specified.
The mechanical properties of S-type alloys are shown in
figure 3 [4]. Ti alloys consisting of elements with low toxicity
have been developed. The basic design of the alloys is the
substitution of V and Al with Nb, Ta, Zr and Hf, which
belong to the groups 4 and 5 of the periodic table; for this
reason, Ti—29Nb-13Ta—4.6Zr has been developed as a S-type
alloy [5]. This alloy is transformed to the S phase by heat

Cortical bone:
10-20GPa

316L stainless steel: 200GPa
Co-Cr alloy (cast): 200GPa
Co-Cr alloy (wrought): 200GPa
CP Ti: 100GPa

Ti-6AI-4V alloy: 100GPa

Figure 2. When fractured bone is fixed with a metallic bone fixator,
such as a bone plate and screws and bone nail, the load to the
fixation part during healing is mainly received by the metallic
fixators because of the difference in the Young’s moduli.

Ti-15Mo-5Zr-3Al
Ti-13Nb-13Zr
Ti-12Mo-6Fe-2Fe
Ti-15Mo-2.8Nb-0.25i-0.280
Ti-15Mo

Ti~16Nb-10Hf
Ti-35.3Nb-5.1Ta-7.1Zr
Ti-28Nb-13Ta-4.6Zr

i | 1
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Elastic modulus (GPa)

Figure 3. Elastic moduli of B-type alloys [4].

treatment and forging and shows the lowest Young’s modulus
among SB-type alloys. Elsewhere, the Ti—-Nb—Sn alloy system
is in the process of development [6].

Figure 4 shows the dependence of the elastic modulus
of Ti porous body on porosity [7]. The pores are
sometimes filled by polymers to adjust the apparent Young’s
modulus during bone healing. Ultrahigh-molecular-weight
polyethylene (UHMWPE) [8] and poly(methyl methacrylate)
(PMMA) [9] are used to fill the pores in porous Ti. Figure 5
shows porous Ti with pores filled by UHMWPE.

4.3. Nickel-free titanium-based superelastic alloy

Ti-Ni alloys consisting of equal atomic amounts of Ti and Ni
(49-51 mol% Ni) show unique mechanical properties, such as
shape memory, superelasticity and efficient damping. Because
of the superelasticity, the Ti-Ni alloy is used for guide wires,
stents, orthodontic arch wires, endodontic reamers and files.
Recently, early-stage fractures of stents in service
have been reported. Among self-expanding Ti-Ni femoral
stents, 37.2% (45 of 121) fractured within 10.7 months of
implantation, as detected by x-ray examination (figure 6) [10].
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Figure 4. Dependence of Young’s modulus of Ti porous body on porosity (left) and scanning electron photographs of porous Ti (right).

Figure 5. Porous Ti body in which the pores are filled with
ultrahigh-molecular-weight polyethylene.

In drug-eluting stents, all fractures occurred around areas
of increased rigidity due to the overlapping of metals,
which may have formed a fulcrum for metal deformation
due to vessel movement [11]. Ti-Ni stents implanted for
suboptimal angioplasty in the superficial femoral artery tend
to fracture [12]. Coronary stent fractures with shear bonding
forces result from cardiac contractions [13]. In addition,
stent fractures after percutaneous coronary intervention with
sirolimus-eluting stents have been reported 2 days after stent
implantation [4]. On the other hand, the tensile strength and
fatigue strength of stainless steels are sufficient; thus, the
fractures might originate from improper stent design. Stents
consisting of Ti-Ni alloys must be carefully designed to
avoid fractures during service. In particular, during expansion,
unexpectedly high local deformation may generate fractures.

Figure 6. Early-stage fractures of self-expanding Ti—Ni femoral
stents in service observed by x-ray examination [10].

The fatigue and fracture mechanisms of the superelastic Ti—Ni
alloy have been only partly elucidated [15-17].

On the other hand, severe pitting and crevice corrosion
are observed in Ti-Ni alloys in stent grafts [18—20], as shown
in figure 7 [18]. These problems may occur in Ti-Ni alloys
and stainless steel at crevices between an artificial blood
vessel and a metallic stent because of the electrochemical
properties of the alloys. Fracture may then initiate at corroded
sites. Alloys that are resistant to pitting and corrosion must be
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Figure 7. Severe pitting and crevice corrosion observed in Ti-Ni
alloys in stent grafts [18].

developed and used. The safety and durability of Ti—Ni alloys
as stent and stent graft materials are not guaranteed because
of their severe corrosion and unknown fatigue properties.

The use of Ti-Ni alloy with about 50 mol% Ni in
medicine is limited by safety. Therefore, there is a great
demand for Ni-free shape-memory and superelastic alloys
to solve such problems. Ti-Sn—Nb [21], Ti-Nb-Al [22],
Ti-Mo-Ga [23], Ti-Mo-Sn [24], Ti-Nb-O [25], and
Ti-Nb-Zr [26] alloy systems exhibit shape-memory effect
and superelasticity, while the recovery strain and superelastic
deformation stress of these alloys are still lower than those of
the Ti-Ni alloy. It is possible to improve the shape-memory
effect and superelasticity by adjusting the alloy composition
and working heat treatment.

5. Bioabsorbable metals

Common metals used for stents are not bioabsorbable
but remain in the vessel semipermanently. To eliminate
a stent material after service, it is sometimes preferable
to use bioabsorbable materials; however, only polymeric
bioabsorbable materials are currently available. Another
application of absorbable metals is as bone fixators that should
also be eliminated after bone healing. Currently, there are two
candidates for bioabsorbable metallic materials: magnesium
alloy [27, 28] and pure iron [29].

Stents made of biodegradable Mg alloy are safe [28] but
associated with a modest degree of neointima formation and
late recoil. Mg is a bioessential element, even though it is
corrosive in an aqueous environment. Because the control
of absorbance, i.e. corrosion, of Mg in the human body,
is difficult due to the extreme activity of Mg, alloying is
absolutely necessary to control the corrosion rate. In addition,
hydrogen evolution occurs when Mg is dissolved and a gas
cavity is formed during the implantation of Mg alloys [30].
Control of the corrosion rate for safety in the human body is a
key factor in the utilization of Mg alloys for medical devices.
Efforts to achieve this purpose are currently underway [27].

6. Nickel-free austenitic stainless steel

Nitrogen (N), which is one of the austenitizing elements, is
an important alloying element in austenitic stainless steels
in terms of corrosion resistance and strength [31]. Nitrogen
dissolved in austenitic stainless steel improves its strength
resistance to pitting corrosion and crevice corrosion in
solutions containing chloride ions. The related mechanisms
are summarized as follows [32]:

(1) N in solid solution produces NHJ, hindering oxidation
inside a pit;

(2) Concentrated N at the passive film/alloy surface stabilizes
the film and prevents the attack by anions (CI7);

(3) Nitrate ions are produced to improve resistance to pitting
corrosion;

(4) N addition stabilizes the austenitic phase; and

(5) N blocks kinks and controls the increase of electric
current for pit production.

Therefore, austenitic high-nitrogen stainless steels containing
over 0.3 wt% N have been developed. On the other hand,
Ni-free austenitic stainless steels have been designed where
Ni is replaced by N and Mn; such steels show high
strength and corrosion resistance [33]. The Fe—(19-23
Cr—(21-24)Mn—(0.5-1.5)Mo—(0.85-1.1)N alloy (BioDur
108) in the United States [34], the Fe-18Cr-18Mn-—
2Mo-0.9N alloy in Germany [35] and the Fe—(15-18)Cr—
(10-12)Mn—(3-6)M0o—-0.9N alloy in Switzerland [36]
have been developed for medical use. These alloys
are fabricated with an electrical slug-remelting process
whereby N is absorbed in the alloy during melting under a
high-pressure N, atmosphere. A new manufacturing process
has been developed, in which N is absorbed into ferritic
stainless steel after forming at 1200 °C [37].

7. Low magnetic susceptibility alloys for MRI

Magnetic resonance imaging (MRI) is widely used as an
important diagnostic tool, especially for orthopedic and brain
surgery. This method has remarkable advantages for obtaining
various cross-sectional views and for diagnosis of the human
body with no invasion and no exposure of the human body
to x-ray radiation. However, MRI diagnosis is inhibited
when metals are implanted in the body, since metallic
implants, such as stainless steels, Co—Cr alloys and Ti alloys
become magnetized in the intense magnetic field of the MRI
instrument, and artifacts occur in the image [38, 39]. Such
artifacts can disturb the images of organs and tissues around
the implant, preventing exact diagnosing. The area affected
by the artifacts is related to the magnetic susceptibility of
the implants [40—42] and decreases with decreasing magnetic
susceptibility. Operations under open MRI conditions require
devices with low magnetic susceptibility. Therefore, metals
with low magnetic susceptibility should be developed as MRI
continues to increase in popularity.

A concept for the development of alloys with low
magnetic susceptibility is shown in figure 8. Figure 8(a)
presents a method of alloying a paramagnetic metal with
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Figure 8. Concept of the development of alloys with low magnetic
susceptibility. Alloying paramagnetic metal with diamagnetic metal
(a), precipitation of a diamagnetic or low magnetic susceptibility
phase in a paramagnetic matrix phase (b), and formation of
composite of paramagnetic metal and diamagnetic material (c).
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Figure 9. Effects of Nb content and constituent phases on the
magnetic susceptibility of Zr—Nb alloy.

diamagnetic metal. In this sense, the magnetic susceptibility
of a Au-Pt-Nb alloy is similar to that of water [43].
Figure 8(b) outlines a technique to precipitate a diamagnetic
or low magnetic susceptibility phase in a paramagnetic
matrix phase. This technique is explained below. Finally,
figure 8(c) illustrates a technique to form a composite of
paramagnetic metal and diamagnetic material that is proven
both theoretically and empirically [44].

To reduce artifacts in the second technique mentioned
above, Ti—Zr, Zr-Nb, and Zr-Mo alloys with low magnetic
susceptibility have been developed. The magnetic
susceptibility of the Zr—Nb alloy is shown in figure 9; it
exhibits minimum values where the @ phase is formed. The
magnetic susceptibility was reduced in Zr-Nb and Zr—Mo
alloys up to about one-seventh of that of the Co—Cr—Mo
alloy and one-third of that of Ti and Ti alloys [45-47],
as shown in figure 10. Among Zr-based alloys, Zr—9Nb
and Zr-3Mo possess low magnetic susceptibility owing
to the contribution of the w phase in their structure, as
shown in figure 1. The magnetic susceptibilities of the
«, B, and w phases in Zr-based alloys obey the relation
Xo < Xa < xp [46, 47]. Although Zr-3Mo and Zr-9Nb
alloys have low magnetic susceptibilities, it is difficult to
apply plastic deformation to these alloys during processing
for medical devices because their tensile strength and
elongation are limited by the @ phase [48]. The @ phase is
categorized into isothermal w, athermal w and strain-induced
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Figure 10. Magnetic susceptibilities of metals used for medical
devices and Zr-Nb and Zr—Mo alloys.
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Figure 11. Mechanical properties of Zr—Nb alloys versus Nb
content.

o phases depending on the formation processes [49]. The
isothermal w phase is formed during heat treatment; it causes
hardening and embrittlement [50-52] and decreases the
magnetic susceptibility of the alloy. The athermal w phase is
martensitically formed on quenching from the 8 phase region
to room temperature and also contributes to lowering the
magnetic susceptibility [46, 47]. The strain-induced w phase
is formed by applying plastic deformation and appeared in
the series of Ti-based alloys consisting of the metastable
B phase, such as Ti—-Cr, Ti-Mo, and Ti-V alloys [53-55].
The phase constitutions of Zr—Nb alloys are similar to those
of the above-mentioned alloys, and the formation of the
strain-induced w phase can be expected in the Zr—14Nb alloy
consisting of the metastable S phase [48]. Therefore, the
magnetic susceptibility of Zr-Nb alloys can be reduced by
applying plastic deformation because of the formation of the
strain-induced w phase.
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8. Surface modification of metallic biomaterials

A disadvantage of using metals as biomaterials is that they
are typically artificial materials and have no biofunction. To
add biofunction to metals, surface modification is necessary
because a biofunction cannot be added during manufacturing
processes such as melting, casting, forging and heat treatment.
Surface modification is a process that changes a material’s
surface composition, structure and morphology, leaving the
bulk mechanical properties intact. With surface modification,
the tissue compatibility of the surface layer can be improved.
Dry processes and wet processes are conventional and
predominant surface modification techniques. Figure 12
summarizes the surface modification techniques by both dry
and wet processes used in research and industry. Surface
modification techniques are reviewed elsewhere [56, 57].

8.1. Surface treatment for bone formation

8.1.1. Current techniques. Ti and its alloys, which
show good hard tissue compatibility, are used for dental
implants and artificial hip joints. However, the hard-tissue
compatibility of these materials is lower than that of bioactive
ceramics, such as hydroxyapatite and bioactive glasses.
Therefore, numerous surface modification techniques to
improve the hard tissue compatibility of Ti have been
developed, and some have been commercialized. Research to
improve hard-tissue compatibility involves two approaches
based on the resultant surface layer: a calcium phosphate
layer with the thickness in the micrometer scale and a
surface-modified layer with the thickness in the nanometer
scale, as shown in figure 13.

. "Surface layer formation

Gelatin; hydrogel

dry and wet processes used in rescarch and industry.

Thin film coating

<= Thin film
Titanium oxide
Titanium

-

Surface layer formation

<= Thin film
Titanium oxide
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Figure 13. Research to improve hard-tissue compatibility involves
two approaches based on the resultant surface layer: a calcium
phosphate layer with the thickness in the micrometer scale and a
surface-modified layer with the thickness in the nanometer scale.

In the former case, currently, plasma spraying of apatite
on metallic materials is widely used to form the apatite layer.
In the case of plasma-sprayed apatite, however, the apatite—Ti
interface or the apatite itself may fracture under relatively
low stress because of low interface bonding strength and low
toughness of the sprayed layer. To overcome this weakness,
dynamic ion mixing is applied to form an apatite with high
interface bonding strength.

In the latter case, hard-tissue compatibility can be
improved by modifying the Ti surface instead of the apatite
coating. Many surface modification techniques have been
developed that involve neither a hydroxyapatite coating nor
a calcium phosphate coating.



Sci. Technol. Adv. Mater. 13 (2012) 064102

Topical Review

Bone tissue Bone tissue
Material
Material

Bonding by ingrowth of bone
into porous material surface

Chemical bonding
between bone and material

Mechanical anchoring Chemical adhesion

Figure 14. Schematics of chemical bonding and mechanical
anchoring connection between bone and implanted material.

Biochemical
: i active surface
Physicochemical Immobilization of

ond

RN Gelerstion a‘f}xe su;face collagen, BMP,
i Mophological coatin, tide, gelatin
G@ frit/oy gurafc% Alkaline treatr%ent pep dgtc?ea
Mechanical surface Blast TiO, nanotube
Gliding Groove
Etching
Anodic oxidation

etc.

Figure 15. History of surface modification techniques to improve
hard-tissue compatibility at the research level and estrangement in
surface modification techniques between research and
commercialization.

8.1.2. Mechanical anchoring and chemical bonding. 1In the
stems of artificial hip joints and dental implants, the chemical
bonding of metal surfaces with bone is not expected. In other
words, it is impossible for metals as typical artificial materials
to chemically and naturally bond with bone as living tissue,
especially in the human body with body fluid. Therefore, the
surface morphology is sometimes controlled, and rough and
porous surface is formed in biomaterials. Living tissue, such
as bone, is expected to grow into the rough porous surface, and
the materials and bone are strongly connected as a result of the
so-called anchoring effect. Figure 14 shows chemical bonding
and a mechanical anchoring connection between bone and
material. The current surface modification techniques for the
improvement of hard tissue compatibility focus on the effect
of chemical bonding and/or mechanical anchoring.

8.1.3. Gap in surface modification techniques between
research and commercialization. Figure 15 shows the
evolution of surface modification techniques to improve hard
tissue compatibility at the research level, with reference to the
stems of artificial hip joints and the fixtures of dental implants:

First generation: grind machining of the surface.
Second generation: grooving, blast, acid etching, anodic
oxidation and laser abrasion. Nanostructured titanium

oxide and titanium oxide nanotube are also categorized
in this group.

Third generation: chemical treatment and hydroxyapatite
coating.

Fourth generation: Immobilization of biofunctional
molecules (collagen, bone morphogenetic protein and
peptide).

The bone formation of the materials surface is accelerated
when biomolecules concerning bone formation are
immobilized on the material surface, such as in the fourth
generation above. Therefore, many studies have achieved
good results in this direction. However, to increase the
popularity of the immobilization of biofunctional molecules,
it is necessary to ensure the safety, quality maintenance
during storage and dry-conditioned durability of the
immobilized layer. Therefore, it is difficult for manufacturers
to commercialize those research results.

Most of commercialized goods are categorized into the
second generation, a few belong to the third generation, and
there is no prospect for the commercialization of the fourth
generation, at present. The commercialization went faster for
the second than third generation possibly because materials
employing mechanical anchoring are more practical than
materials employing chemical bonding with bone.

8.2. Inhibition of assimilation of titanium alloy

When Ti alloys are used for bone fixators, such as bone
screws and bone nails implanted in bone marrow, Ti alloys
form callus on their surfaces and sometimes assimilate
with bone. Therefore, bone may be refractured when the
fixators are retrieved after bone healing because Ti easily
forms calcium phosphate on itself [58, 59]. Stainless steel is
used for complete retrieval after healing. Therefore, surface
treatments that do not cause callus formation are necessary
for the safe utilization of Ti alloy devices. It has been
reported that Zr forms zirconium phosphate but not calcium
phosphate [60, 61].

The coating of Zr inhibits the formation of calcium
phosphate on Ti [62]. Figure 16 shows the relative
concentration of elements detected in Zr-coated Ti, Zr and Ti.
Calcium was not detected in Zr-coated Ti and Zr. According
to the binding energies of the Ca 2p3,; and P 2p electrons,
Zr-coated Ti and Zr surfaces precipitate zirconium phosphate
but not calcium phosphate. Therefore, Zr coating is a useful
technique to inhibit the assimilation of Ti alloys with bone.
Another approach is the development of a Zr-based alloy,
which is being actively studied in Japan [63, 64].

9. Biofunctionalization—immobilization of
biofunctional molecules

9.1. Purpose

Immobilization of biofunctional molecules on metal surfaces
is effective for the biofunctionalization of the surfaces. Bone
formation and soft tissue compatibility of metallic materials
are sometimes required where the materials are used as
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Figure 16. Relative concentration of elements in Zr-coated Ti, Zr
and Ti determined by x-ray photoelectron spectroscopy [62].
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Figure 17. Chemical structure of poly(ethylene glycol).

parts of implant devices. Stents are placed in stenotic blood
vessels for dilatation, and blood compatibility or prevention
of adhesion of platelets is necessary. In addition, lubrication
of the blood vessels is necessary for proper sliding and
insertion of guide wires and catheters. When metals are used
as sensing devices, cell adhesion must be controlled. The
major cause of the retrieval of implants is infection due to
biofilm formation. What is required is a biofilm-inhibiting
surface, the fundamental property of which is to control
the adsorption of proteins, cells, platelets and bacteria. This
functional surface may be created by the immobilization of
biofunctional molecules. These techniques make it possible
to apply metals to scaffolds in tissue engineering. Some
metal-polymer composites are reviewed in textbooks [65-67].

9.2. Poly(ethylene glycol)

Poly(ethylene glycol) (PEG) is an oligomer or polymer of
ethylene oxide, but historically PEG referred to oligomers and
polymers with a molecular weight below 20 000. PEG has the
structure shown in figure 17. It is soluble in water, methanol,
benzene and dichloromethane and is insoluble in diethyl
ether and hexane. It is coupled to hydrophobic molecules to
produce non-ionic surfactants. This property, combined with
the availability of PEGs with a wide range of end-functions,
contributes to the wide use of PEGs in biomedical research,
particularly in drug delivery, tissue engineering scaffolds,
surface functionalization and many other applications [68].
On the other hand, PEG is a biofunctional molecule on which
adsorption of proteins is inhibited. Therefore, immobilization
of PEG on metal surface is important for biofunctionalization
of the metal.
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Figure 18. The cathodic potential was applied to Ti; during
charging, the terminated PEGs electrically migrate to and are
deposited on the Ti cathode.

9.2.1. Chemical immobilization. Biofunctional polymers
are usually immobilized on noble metals, such as Au, via
the —SH or —SS- group; however, this technique can only
be used for noble metals. The adhesion of platelets and
adsorption of proteins, peptides, antibodies and DNA are
controlled by modifications of the above technique. A class
of copolymers based on poly(L-lysine)-g-poly(ethylene
glycol), PLL-g-PEG, has been found to spontaneously
adsorb from aqueous solutions onto TiO;, Sig4TigeO,
and Nb,Os to develop blood-contacting materials and
biosensors [69]. In another case, TiO, and Au surfaces
were functionalized by the attachment of poly(ethylene
glycol)-poly(pL-lactic  acid) (PEG-PLA) copolymeric
micelles. The micelle layer can enhance the resistance to
protein adsorption to the surfaces up to 70% [70]. Stainless
steel (SS) surface was modified by a silane-coupling
agent (SCA), (3-mercaptopropyl)trimethoxysilane. This
surface was subsequently activated by argon plasma
and subjected to UV-induced graft polymerization
of poly(ethylene glycol)methacrylate, PEGMA. The
PEGMA  graft-polymerized  stainless-steel  coupon,
PEGMA-g-SCA-SS, with a high graft concentration and,
thus, a high PEG content was found to be very effective
in preventing the absorption of bovine serum albumin and
y-globulin [71]. These processes require several steps, but
are effective for immobilization; however, no promising
technique for the immobilization of PEG to a metal
surface has been developed so far. Photoreactive PEG was
photoimmobilized on Ti [72].

9.2.2. Electrodeposition.  Electrodeposition is useful for
immobilizing PEG on a metal surface, because metals are
usually electrically conductive. In one immobilization method
both ends of PEG molecule (Mw = 1000) are terminated
with -NH, (NH,—PEG-NH;). The cathodic potential is
applied to Ti; during the charging, the terminated PEGs
electrically migrate to and are deposited on the Ti cathode,
as shown in figure 18. Terminated amines combine with
Ti oxide as an NH-O bond by electrodeposition [73, 74].
The amount of the PEG immobilized onto the metals is
governed by the concentrations of the active hydroxyl groups
on each surface oxide [75]. The PEG-immobilized surface
inhibits the adsorption of proteins and cells as well as the
adhesion of platelets [76] and bacteria [77] (figure 19),
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Figure 19. PEG immobilization by electrodeposition on the Ti surface and inhibition of platelet adhesion by immobilization [100].

indicating that this electrodeposition technique is useful for
the biofunctionalization of metal surfaces. It can be applied
to all electrically conductive materials and materials having
complex surface topography.

9.3. Biomolecules

9.3.1. Concept. Since the natural environment around the
implant is aqueous, while the surface of the implant is either
bare or oxidized metal, specific demands are imposed on
the coating to mediate between these different structural
entities. The purpose of these demands is to obtain the native
conformation of all proteins and cells that are in contact
with the coating and to avoid all forms of aggregation and
other conformational changes that might lead to protein
denaturalization or cell death.

One approach is the immobilization of biological
molecules (growth factors, adhesive proteins) on the implant
surface to induce a specific cellular response and promote
osseointegration. The application of large extracellular matrix
proteins, however, can be impractical due to their low
chemical stability, solubility in biological fluids, and high
cost. In addition, entire extracellular matrix molecules are
usually of allogenetic or xenogenetic origin and, thus, are
associated with the risk of immune reaction and pathogen
transfer.

Self-assembled  monolayers  provide  chemically
and structurally well-defined surfaces that can often be
manipulated using standard synthetic methodologies [78].
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Thiols on self-assembled monolayers [79, 80] and
siloxane-anchored self-assembled monolayers [81] have
been thoroughly studied. A problem related to the application
of immobilized biomolecules via silanization techniques is
the hydrolysis of siloxane films when exposed to aqueous
(physiological) conditions [82]. More recently, alkyl
phosphate films that remain robust under physiological
conditions [83] have been used to provide an ordered
monolayer on tantalum oxide surfaces [84, 85], and
alkaliphosphonic acids have been applied to coat the native
oxide surfaces of metals and their alloys including iron [86],
steel [87] and Ti [88].

9.3.2. Peptides. In a living tissue, the most important role
played by the extracellular matrix has been highlighted to
favor cell adhesion [89]. Interactions occur between cell
membrane receptors and adhesion proteins (or synthetic
peptides) derived from the bone matrix, such as type
I collagen or fibronectin [90]. These proteins contain
the RGD (Arg-Gly—-Asp) motif which specially connects
transmembrane between the actin cytoskeleton and the
RGD motif, and the whole system can activate several
intracellular signaling pathways modulating cell behavior
(e.g. proliferation, apoptosis, shape, mobility, gene expression
and differentiation) [91].

Owing to the main role of the RGD
in cell adhesion, several research groups developed
biofunctionalized surfaces by immobilization of RGD
peptides. Grafting of RGD peptides has been performed

sequence
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Figure 20. Schematic of the immobilization of RGD on PEG
electrodeposited on Ti surface. To immobilize RGD, PEG with an
—NH, group and a -COOH group (NH,-PEG-COOH) must be
employed. The -NH, group is required to bind with the metal oxide
on the metal surface, whereas the -COOH group binds RGD.

on different biomaterials, such as Ti [92-94], and has been
shown to improve osteoconduction in vifro. Methodologies
differ by the conformation of RGD (cyclic or linear) and by
the technique used for the immobilization [89, 90, 93-95].
Since the graft of an RGD peptide is known to be efficient in
bone reconstruction [96], the challenge is to develop simple
and cheap methods to favor cell attachment to biomaterial
surfaces [94, 95].

Self-assembled molecular monolayers bearing RGD
moieties have been grafted to various surfaces using either
silanes [97], phosphonates on oxidized surfaces [94], or
thiols on Au [95], but have revealed some application
problems for large-scale production. Phosphonates are known
to adsorb on Ti. To be mechanically and physiologically
stable, phosphonate layers have to be covalently bound to the
material surface by using drastic conditions [88, 98], such as
anhydrous organic solvents or high temperature, which are not
compatible with bimolecular stability. Monolayers of RGD
phosphonates have been formed using a complex multistep
process that requires tethering a primer onto a Ti surface,
then a linker, and finally the peptide [99]. To immobilize
RGD to the electrodeposited PEG on Ti, PEG with an —-NH,
group and a —COOH group (NH,—PEG-COOH) must be
employed. One terminal group, —NH,, is required to bind
stably with a surface oxide on a metal. The other terminal
group, —“COOH, is useful to bind biofunctional molecules
such as RGD, as shown in figure 20 [100]. This RGD/PEG/Ti
surface accelerates calcification by the MC3T3-E1 cell [101].
The calcification and bone formation are most pronounced on
the RGD/PEG/Ti surface (figure 21) [102].

The glycine (G)-arginine (R)-glycine (G)-asparaginic
acid (D)-serine (S) sequence peptide, the GRGDS peptide,
is coated using a chloride activation technique to enhance
the adhesion and migration of osteoblastic cells [103]. The
expression levels of many genes in MC3T3-El cells are
altered.
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Figure 21. Mean percentage of the bone-to-implant contact
(BIC%) over all threads of implants 2 and 4 weeks after
implantation (xp < 0.05, **p < 0.01) [102]. RGD/PEG/Ti
implants displayed significantly higher BIC% values in all threads
and in the total lateral length compared with RGD/Ti implants at
2 and 4 weeks of healing.

9.3.3. Protein and callagen. Among the relevant molecules
involved in biocherhical modification of bone-contacting
surfaces, growth factors, such as bone morphogenetic
protein-2 (BMP-2), are of primary interest. BMP-2 has been
known to play an important role in bone healing processes and
to enhance therapeutic efficiency. Ectopic bone formation by
BMP-2 in animals has been well established following the first
reports of BMP-2 [104-106]. A synthetic receptor-binding
motif mimicking BMP-2 is covalently linked to Ti surfaces
through a chemical conjunction process [107]. A complete
and homogeneous peptide layer covers the Ti surfaces; the
content is further measured by gamma counting. Biological
evaluations show that the biochemically modified Ti was
active in terms of cell attachment behavior. The rate of bone
healing is higher on treated than untreated Ti surfaces. BMP-4
is immobilized on a Ti—6A1-4V alloy through lysozyme
to improve the hard tissue response [108]. Proteins are
silane-coupled to the oxidized surfaces of the Co-Cr-Mo
alloy, the Ti-6Al-4V alloy, Ti and the Ni-Ti alloy to improve
tissue compatibility [109].

Type I collagen is immobilized by immersion in a
collagen solution [110]. The production of type I collagen
increases with modification by ethane-1,1,2-triphosphonic
acid and methylenediphosphonic acid grafted onto Ti [111].
Type I collagen is grafted through glutaraldehyde as a
crosslinking agent [112]. For electrodeposition, the current
alternating at 1Hz between —1V and +1V versus SCE
is effective to immobilize type I collagen on Ti, and the
durability in water is high [113].

Fibronectin was immobilized directly on Ti using the
tresyl chloride activation technique [114]. L-threonine and
O-phospho-L-threonine were immobilized on an acid-etched
Ti surface [115].

9.3.4. Hydrogel. Immobilization or coating of
hydrogel on the metal surface is currently used in an
attempt to add a drug delivery ability to orthopedic



