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the substrate (i.e., dipping, cross-linking, and ready-made polymers
with reactive end groups reacting with the functional groups of the
substrate) [3-5].

2-Methacryloyloxyethyl phosphorylcholine (MPC) polymers
have attracted considerable attention as surface modifiable poly-
mers for several medical devices [6-16). MPC is a monomer for
preparing novel polymer biomaterials and can undergoe conven-
tional radical copolymerization with other methacrylates, such as
n-butyl methacrylate (BMA), n-dodecyl methacrylate (DMA),
and 3-methacryloxypropyi trimethoxysilane (MPSi), to form poly
(MPC-co-BMA), poly(MPC-co-DMA), and poly(MPC-co-MPSi),
respectively [ 10-16]. They have potential applications in a variety of
fields such as biomedical science, surface science, and bioengi-
neering because they possess unique properties such as excellent
anti-biofouling ability and low friction ability. Thus, surface modi-
fication with the MPC polymer on medical devices is effective for
obtaining biocompatibility. In fact, several medical devices have
already been developed by utilizing MPC polymers and used clin-
ically; therefore, the efficacy and safety of MPC polymers as
biomaterials are well established [14-16].

In this study, we hypothesize that the structure of surface
modification layers might affect the long-term stability, hydration
kinetics, articular cartilage retention, etc., and particularly that the
poly(MPC) (PMPC)-grafted surface might assure the long-term
performance of the artificial femoral head for partial hemi-
arthroplasty. Therefore, we investigated the surface properties of
various surface modification layers with the MPC polymer and the
effects of the surface properties on the friction of the artificial
femoral head against articular cartilage. The results reveal that the
structure of the PMPC-grafted layer on the Co-Cr-Mo surface plays
an important role in the articular cartilage retention in the long
term.

2. Materials and methods
2.1. Chemicals

MPC was industriaily synthesized by using the method reported by Ishihara
et al. and supplied by NOF Corp. (Tokyo, Japan) {17]. MPSi was purchased from Shin-
Etsu Chemical Co., Ltd. (Tokyo, Japan). Succinic acid and ethanol were purchased
from Kanto Chemical Co. Inc. (Tokyo, Japan). 2-Hydroxy-1-[4-{hydroxyethoxy)
phenyl}-2-methyl-propan-1-one (DAROCUR 2959; D2959), as a highly efficient
radical photoinitiator for ultraviolet (UV) curing, was purchased from Ciba Specialty
Chemicals Holding Inc. (Basel, Switzerland) Poly(MPC-co-BMA) (PMB30; MPC unit
mole fraction=03) [17], poly(MPC-co-MPSi) (PMSi90; MPC unit mole
fraction =0.9) [13], and PMPC {for lubricant additive in friction test) were synthe-
sized in ethanol using 2,2'-azobisisobutyronitrile as an initiator by a conventional
radical copolymerization method.

22. Co-Cr-Mo alloy substrate and pretreatments

The Co-Cr-Mo alloy was supplied by Yoneda Advanced Casting Co. Ltd
(Takaoka, Japan). This alloy was manufactured according to the ASTM F75 standard
specification for the Co-28Cr-6Mo alloy. The Co~Cr-Mo samples were machined
and polished so that the average surface roughness was approximately 0.01 um:; this
surface was comparable to those of femoral ball products,

The polished Co-Cr-Mo samples were washed with acetone, and then
immersed in 35 vol% nitric acid at room temperature for 35 min. This treatment
aimed at passivation by surface oxidation; this would lead to the dissolution of
certain foreign substance residues and the concentration of the Cr constituent by
“resurfacing” [18]. After the nitric acid treatment, the Co-Cr-Mo samples were
irradiated with O, plasma at a 500-W high-frequency output and 150-mL/min Oz
gas flow for 5 min by using an O, plasma etcher (PR500; Yamato Scientific Co., Ltd.,
Tokyo, Japan). The O; plasma treatment increased the thickness of the surface oxide
layer [18].

2.3. MPC polymer coating

The preparation of the MPC polymer-coated Co~Cr-Mo is schematically iltus-
trated in Fig. 1. The physical adsorption of PMB30Q was carried out by the solvent
evaporation method, where the pretreated Co—Cr-Mo specimens were dipped into
ethanol solution containing 0.2 mass% PMB30 (Mw = 6.0 x 10°) for 10 s for coating

and then placed in an ethanol vapor atmosphere at room temperature for 1 h. The
coated Co-Cr-Mo specimens were again dipped for 10 s and placed in the ethanol
vapor atmosphere at room temperature for 1 h (PMB30-adsorbed Co-Cr-Mo).

The chemical immobilization of PMSi90 was also carried out by the solvent
evaporation method. The pretreated Co-Cr-Mo specimens were dipped into ethanol
solution containing 0.5 mass¥ PMSi90 (Mw = 9.8 x 104) and 0.063 mg/mL succinic
acid for 12 h for the silanization of trimethoxysilane group of PMSi90 and placed in
the ethanol vapor atmosphere at room temperature for 1 h. The coated Co-Cr-Mo
specimens were annealed in air at 70 °C for 3 h for dehydration (PMS5i90-immobi-
lized Co~Cr-Mo).

2.4. MPSi silanization and MPC graft polymerization

The preparation of the PMPC-grafted Co~Cr-Mo is schematically shown in Fig. 1.
The pretreated Co-Cr-Mo samples were immersed in an ethanol solution containing
5 mass¥ MPSi, 1 mass% succinic acid, and 0.1 mass% D2959 at room temperature for
12 h for silanization of the trimethoxysilane group. In this study, D2959 was used as
a photoinitiator for surface-initiated polymerization so as to be included in the MPSi
layer, They were then annealed at 70 °C for 3 h in air for dehydration. MPC was
dissolved in degassed pure water to obtain a concentration of 0.5 mol/L. Subse-
quently, the MPSi (containing D2959)-coated Co-Cr-Mo samples were immersed in
MPC aqueous solutions. Photoinduced graft polymerization on the Co-Cr-Mo
surface was performed using ultraviolet irradiation (UVL-400HA ultra-high pressure
mercury lamp; Riko-Kagaku Sangyo Co., Ltd., Funabashi, Japan) with an intensity of
5 mWj/cm? at 60 °C for 90 min; a filter (Model D-35; Toshiba Co., Tokyo, Japan) was
used to restrict the passage of ultraviolet light to wavelengths of 350 + 50 nm
(PMPC-grafted Co-Cr-Mo) {19}. After the polymerization, the PMPC-grafted Co-Cr—
Mo samples were removed from the solution, washed with pure water and ethanel,
and dried at room temperature. The molecular weight of the PMPC graft chain on the
PMPC-grafted Co-Cr-Mo samples could not be determined due to the difficulty in
separating the PMPC graft chain from the Co-Cr-Mo substrate. Additional efforts are
needed in this aspect.

2.5. Articular cartilage from porcine ankle joint

Articular cartilage specimens were harvested from the flat part of the ankle joint
of the fresh frozen porcine tibia (age 6-9 months) by using a surgical saw for the
friction test. The pin-type (cylinder-shaped with a height of 5 mm and diameter of
9 mm) articular cartilage specimens had approximately a 1-mm cartilage layer and
the subcondral bone used for mounting. Throughout the procedure, the articular
cartilage surface was hydrated regularly with Dulbecco’s phosphate-buffered saline
(PBS, pH 74, ion strength=0.15M; Immuno-Biological Laboratories Co., Ltd.,
Takasaki, Japan).

2.6. Surface analysis of surface-modified Co-Cr-Mo with various MPC polymers

The functional group vibrations of the surface-modified Co~Cr-Mo samples
were examined by Fourier-transform infrared {FT-IR) spectroscopy with attenuated
total reflection (ATR) equipment. The FT-IRfATR spectra were obtained using an FT-
IR analyzer (FT/IR615; JASCO Co. Ltd., Tokyo, Japan) for 32 scans over the range from
800 to 2000 cm™! at a resolution of 4.0 cm™.,

The surface elemental conditions of the surface-rnodified Co-Cr-Mo samples
were analyzed by X-ray photoelectron spectroscopy (XPS). The XPS spectra were
obtained using an XPS spectrophotometer (AXIS-HSi165, Kratos/Shimadzu Co.,
Kyoto, Japan) equipped with a 15-kV Mg-Ka radiation source at the anode, The take-
off angle of the photoelectrons was maintained at 90°. Five scans were taken for
each sample. .

The static-water contact angles on the surface-modified Co-Cr-Mo samples
were measured by the sessile drop method using an optical bench-type contact
angle goniometer (Model DM300, Kyowa Interface Science Co., Ltd., Saitama, Japan).
Drops of purified water (1 uL) were deposited on the surface-modified Co-Cr-Mo
surfaces, and the contact angles were directly measured with a microscope after 60 s
of dropping. Measurements were repeated fifteen times for each sample, and the
average values were regarded as the contact angles,

The surface-modified Co-Cr-Mo samples were stained with rhodamine 6G
(Wako Pure Chemical Industries, Ltd., Osaka, Japan) and observed by fluorescence
microscopy (FM). According to previous literature, rhodamine 6G effectively stains
the MPC polymer, which possesses great structural similarity to lipids [20]. This
simple staining technigue enables the evaluation of the surface-modified layer with
MPC poiymer by FM. An agueous solution of 200 mass ppm rhodamine 6G was used
for all the staining experiments. The samples were immersed in the rhodamine 6G
solution for 30 s and then removed. Then, they were washed two times consecu-
tively in distilled water for 30 s and then dried. A fluorescence microscope (Axioskop
2 Plus, Carl Zeiss AG, Oberkochen, Germany) was used for FM imaging and exami-
nation of all samples. Pseudo-color images were obtained using a charge coupled
device (CCD) camera (VB-7010, Keyence Co., Osaka, Japan) and imaging software (VH
analyzer 2.51). Lenses with x10 magnification and appropriate exposure time
(approximately 0.1 s) were employed to obtain the best image quality of the various
samples.
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Fig. 1. Schematic illustration for the preparation of MPC polymer-coated and PMPC-grafted Co-Cr-Mo.

2.7. Cross-sectional observation by transmission electron microscopy

A cross-section of the surface-modified Co-Cr-Mo samples was observed using
a transmission electron microscope (TEM) and by energy dispersive X-ray (EDX)
spectroscopy. The specimens were precoated with an aluminum film; then, a thin
film of the sampies was prepared by the focused ion beam (FIB) technique using an
FB-2000A (Hitachi High-Technologies Co., Tokyo, Japan) FIB system. The samples
were thinned to electron transparency by a low gallium ion beam current. The thin
film thus prepared was positioned onto a copper TEM mesh grid. TEM observations
were then recorded using an HF-2000 electron microscope (Hitachi High-Technolo-
gies Co.) at an acceleration voltage of 200 kV. EDX spectra were analyzed on a cross-
section of the samples using a Sigma EDX attachment (Kevex Instruments, Inc,
Valencia, CA, USA) at an acceleration voltage of 200 kV.

2.8. Characterization of protein adsorption by micro bicinchoninic acid method

The amounts of protein adsorbed on the surface-modified Co~Cr-Mo samples
were determined by the micro bicinchoninic acid (BCA) method. Each specimen was
immersed in PBS for 1 h to equilibrate the surface modified by the MPC polymer. The
specimens were immersed in bovine serum albumin (BSA, Mw =6.7 x 10%; Sigma-
Aldrich Corp., MO, USA), bovine blood y-globulins (Mw = 1.5 x 10%; Sigma-Aldrich
Co.), and bovine plasma fibrinogen (Mw = 3.4 x 10; Sigma-Aldrich Co.) solutions at
37 °C for 1 h. The protein solutions were prepared in BSA, y-globulins, and fibrin-
ogen concentrations of 4.5, 1.6, and 0.3 g/L, respectively, i.e., 10% of the concentration
of human plasma levels. Then, the specimens were rinsed five times with fresh PBS
and immersed in 1 mass% sodium dodecyl sulfate (SDS) aqueous solution and
shaken at room temperature for 1h to completely detach the adsorbed BSA,
y-globulins, and fibrinogen on the surface modified by the MPC polymer. A protein
analysis kit (micro BCA protein assay kit, #23235; Thermo Fisher Scientific Inc,, IL,
USA) based on the BCA method was used to determine the BSA concentration in the
SDS solution, and the amount of BSA, y-globulins, and fibrinogen adsorbed on the
surface modified by the MPC polymer was calculated.

2.9. Friction test and histological observation of articular cartilage

The coefficients of dynamic friction between the pins fabricated from artic-
ular cartilage and the surface-modified Co-Cr-Mo plates were measured by using
a pin-on-plate machine (Tribostation 32; Shinto Scientific Co., Ltd., Tokyo, Japan).
The friction tests were performed at room temperature and 37 °C with various
loads in the range from 0.49 to 9.80 N, sliding distance of 25 mm, and frequency
of 1Hz for a maximum of 5 x 10% cycles [21]. Pure water, mixture of 25 vol%
bovine serum (BS), 20mM/L of ethylene diamine tetraacetic acid (EDTA),
0.1 mass% sodium azide, and the BS mixture containing 0.02 mass% MPC polymer
(PMB30 (Mw = 5.0 x 104), PMSi90 (Mw = 9.8 x 10%), and PMPC (Mw = 1.0 x 10°))
were used as a lubricant each. Subsequently, five replicate measurements were
performed for each sample, and the average values were regarded as the coeffi-
cients of dynamic friction. After 100 cycles of friction tests, the plate samples
were FM-observed. Then, after 5 x 10° cycles friction test, articular cartilage pins
against the untreated Co-Cr-Mo and PMPC-grafted Co-Cr-Mo were fixed with
10% neutral buffered formalin for 3 d, then decaicified in KC-X solution (Falma Co.,
Tokyo, Japan) for 8 d, and then dehydrated in graded ethanol for histological
observation. The decalcified cartilage specimens were embedded in paraffin
(Tissue-prep; Fisher Scientific Corp., Fair Lawn, NJ, USA), and microsections were
prepared and stained with hematoxylin (Real hematoxylin; Dako Co., Carpinteria,
CA, USA) and eosin (Eosin yellowish; Kanto Chemical Co., Inc.) (H&E) as well as
with Safranin O (Nacalai Tesque, Inc., Kyoto, Japan) and observed with a micro-
scope (Eclipse E600; Nikon Corp., Tokyo, Japan) equipped with a CCD camera
(DP72; Olympus Co., Tokyo, Japan).

2.10. PBS soaking test

The surface-modified Co~Cr-Mo samples (10 x 10 x 1 mm? in size) were soaked
in 50 mL of PBS. After soaking with 120 rpm shaking at 37 °C for 1, 4, 8, and 12
weeks, the samples removed from the PBS and were characterized by XPS analysis,
water-contact angle measurement, and FM observation.
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Table 1
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Surface elemental composition (n = 5) and static-water contact angle (n = 15) of untreated, MPC polymer-coated and PMPC-grafted Co—Cr-Mo alloy.

Sample Surface elemental composition (atom%) Contact angle (deg)
Cis Oss Nis P2p Sizp Cozp Cf2p Mosq
Co~Cr~Mo (untreated) 14.6 52.8 0.0 0.0 0.0 26.7 5.4 04 81.6
(13) 2.7) {0.0) (0.0) (0.0} (1.5) (04) (0.0) (4.8)
PMB30-adsorbed Co-Cr-Mo 70.6 241 23 3.0 0.0 0.0 0.0 0.0 95.8°
(14) (1.3) (04) (0.3) (0.0) (0.0) (0.0) {0.0} (3.5)
PMSi90-immobilized Co-Cr-Mo 614 295 3.6 42 13 0.1 0.0 0.0 16.6°
) (0.9) 0.7) (0.4) (0.1) (04) (02) (0.0) {0.0) (24)
PMPC-grafted Co-Cr-Mo 617 28.0 5.0 53 0.1 00 0.0 00 - 23.5°
(0.7) (0.6) - (0.3) {0.1) (0.1) (0.0) (0.0) (0.0) (84)

? The standard deviations are shown in parentheses.
b Significant difference (p < 0.001) as compared to the untreated Co~Cr-Mo.

2.11. Statistical analysis

The results derived from each measurement in the water-contact angle
measurement, friction test, and protein adsorption test were expressed as mean
values + standard deviation. The statistical significance (p < 0.05) was estimated by
Student’s t-test.

3. Results

Fig. 2 shows the FT-IR/ATR spectra of the surface-modified Co-
Cr-Mo samples with various MPC polymers. Absorption peaks were
newly observed for the surface-modified Co-Cr-Mo with MPC
polymers, The peaks at 1720, 1550, and 1460 cm™! are attributed to
C =0 and -CH;- in the MPC polymer. The peaks at 1180, 1040, 700,
and 630 cm™! are attributed to the trimethoxysilane group in the
MPSi unit [19]. The peaks at 1240, 1080, 970, and 920 cm™ are
attributed to the -N*(CHs); and phosphate groups in the MPC unit
[22]. The absorption peak intensities of the phosphate groups of the
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Fig. 2. FI-IR/ATR spectra of untreated Co-Cr-Mo, MPC polymer-coated Co-Cr-Mo, and
PMPC grafted Co-Cr-Mo.

PMPC-grafted Co-Cr-Mo were the highest in the Co-Cr-Mo whose
surface was modified by the MPC polymer.

Table 1 summarizes the surface elemental composition and
static-water contact angle of the surface-modified Co-Cr-Mo
samples with various MPC polymers. The nitrogen (N) and phos-
phorous (P) contents in all the Co—-Cr-Mo samples whose surfaces
were modified by the MPC polymer were observed. The elemental
compositions of both N and P in the surface-modified Co-Cr-Mo
increased with an increase in the MPC composition in the polymer
for surface modification. In particular, these values of N and P in the
PMPC-grafted Co~Cr-Mo surface were 5.0 and 5.3 atom¥, respec-
tively, and were almost equivalent to the theoretical elemental
composition (N=5.3, P=5.3 atom%) of PMPC. The static-water
contact angle of the untreated Co-Cr-Mo was 81.6°, and this
decreased markedly to approximately 20° (ie. 16.6°-23.5°,
p < 0.001) by the modifications with PMSi90 and PMPC.

Fig. 3 shows the cross-sectional TEM images of the surface-
modified Co-Cr-Mo samples with various MPC polymers. For
PMB30-adsorption, PMSi90-immobilization, and PMPC-grafting,
a thickness of 50, 130, and 200 nm, respectively, of the MPC poly-
mer layers was clearly observed on the surface of the Co-Cr-Mo
substrate. No cracks due to poor adhesion and/or delamination
were observed at the interface between the MPC polymer layer and
Co-Cr-Mo substrate. These results indicate that each surface
modification layer on the Co-Cr-Mo substrate is uniform and
adheres closely, regardless of the binding conditions; the surface
modification layers by PMB30-adsorption, PMSi90-immobilization,
and PMPC-grafting combine with the substrate by physical
adsorption and covalent bonds of Si-O-metal (M), respectively.
However, in the PMB30-adsorbed Co-Cr-Mo, a bilayer structure for
poor adhesion attributed to dipping twice was clearly observed on
the surface modification layer. Further, in the PMB30-adsorbed and
PMSi90-immobilized Co-Cr-Mo samples, a porous structure was
clearly observed on the surface modification layer. This porous
structure was also observed on the surface modification layer
prepared by the slow-rate solvent evaporation method (approxi-
mately for 1 month at 4 °C, data not shown).

Fig. 4 shows the EDX spectra of the surface-modified Co~Cr-Mo
samples with various MPC polymers. In spectra (by-3), {c1-3), and
(d1-3) of the MPC polymer layers, a significant peak attributed to
the P atom was observed at 2.0 keV. This peak is mainly attributed
to the MPC units. Interestingly, this peak was clearly observed in
spectra (bz) and (cz) of the porous part of the MPC polymer layer. In
spectra (c1) and (d,) of the interface of the PMSi90-immobilization
layer and the intermediate layer of the PMPC-grafted Co~Cr-Mo,
peaks were observed at 0.5 and 1.7 keV. These peaks are attributed
to the O and Si atoms in the interface/intermediate layer between
the silane of the MPSi and the metal oxide of the Co-Cr-Mo.

Fig. 5 shows the amounts of BSA, y-globulins, and fibrinogen
adsorbed on the surface-modified Co-Cr-Mo samples with various



662 M. Kyomoto et al. / Biomaterials 31 (2010) 658-668

Al coating layer

[
¥ Pore o

Co-Cr-Mo substrate

PMSi90-immobilized Co-Cr-Mo

Al coating layer

Al coating layer PMB30 layer

Bilayer Pore
203 \_A:—L

Co-GriMo substrate

PMB30-adsorbed Co-Cr-Mo

« Al coating layer

0d3
od2 PMPC layer

Co-Cr-Mo substrate

PMPC-grafted Co-Cr-Mo

Fig. 3. Cross-sectional TEM images of the surface-modified Co-Cr-Mo with various MPC polymers. Aluminum coating layers (approximately 70-100 nm) for the preparation of TEM
observation specimen are shown above the MPC polymer layer of the Co-Cr-Mo surface. Small open circles indicate EDX analysis points. Bar: 50 nm.

MPC polymers. The amount of each protein adsorbed on the Co-Cr-
Mo surface modified by the MPC polymer was considerably lower
(p < 0.001) than that on the untreated Co-Cr-Mo. These results
imply that the surface modification by the MPC polymer results in
good biocompatibility.

Fig. 6 shows the coefficients of dynamic friction of the sliding
couples and articular cartilage pins sliding against the surface-
modified Co-Cr-Mo plates with various MPC polymers. The
PMB30-adsorbed and PMSi90-immobilized Co-Cr-Mo samples
showed a slightly higher friction coefficient than the untreated Co-
Cr-Mo sample in water at room temperature (not significantly
different); in contrast, the MPC polymer-coated Co-Cr-Mo showed
a lower friction coefficient than the untreated Co-Cr-Mo in BS
mixture at 37 °C (p < 0.05). Further, the friction coefficient of the
PMPC-grafted Co-Cr-Mo decreased drastically compared with
untreated Co-Cr-Mo (p<0.001) and reached approximately
<0.010 in both lubricant conditions, i.e., water at room temperature
and the BS mixture at 37 °C; moreover, it remained almost steady.
The friction coefficients of all MPC polymer-containing BS mixtures
were drastically lower as compared with that of non-additive BS
mixture (Fig. 6).

Fig. 7 shows the coefficients of dynamic friction of the untreated
Co-Cr-Mo and PMPC-grafted Co-Cr-Mo samples as a function of
the loads. At both 10 and 100 cycles, the PMPC-grafted Co-Cr-Mo
sample showed a remarkably low friction coefficient of approxi-
mately 0.019 at a load of 0.49 N; this value decreased gradually and
reached approximately <0.010 at a load of 9.80 N. Similarly, the
friction coefficients of the untreated Co-Cr-Mo sample in the initial
10 cycles decreased gradually from 0.188 to 0.045. However, this
value of the untreated Co-Cr-Mo at 100 cycles decreased to 0.082
up to loads of 1.96 N; it then gradually increased with an increase in
the loads. Fig. 7B shows the friction coefficients of the untreated
Co-Cr-Mo and PMPC-grafted Co-Cr-Mo samples as a function of
the test durations. It was observed that the friction coefficient was
significantly lower in the PMPC-grafted Co-Cr-Mo sample than in
the untreated Co-Cr-Mo one. This value was almost constant
throughout the 5 x 10% cycles of the friction test.

Fig. 8 shows the histological findings of the articular cartilage
pins after 5 x 10% cycles of friction tests. In the cartilage against the
untreated Co-Cr-Mo, the cartilage layer of the worn surface
became thicker as compared with the surrounding articular carti-
lage of the unworn surface. In contrast, in the cartilage against the
PMPC-grafted Co-Cr-Mo, the layer of the worn surface did not
differ considerably from that of the unworn surface.

Fig. 9 shows the time course of the surface modification layer of
the untreated, MPC polymer-coated, and PMPC-grafted Co-Cr-Mo
samples during PBS soaking. The elemental compositions of both N
and P in the untreated, PMB30-adsorbed, and PMPC-grafted Co-Cr-
Mo samples were almost constant throughout the 12 weeks of PBS
soaking. In contrast, in the PMSi90-immobilized Co-Cr-Mo sample,
these values decreased gradually with the PBS-soaking duration.
Similarly, the static-water contact angle of untreated, PMB30-
adsorbed, and PMPC-grafted Co-Cr-Mo samples were almost
constant throughout PBS soaking, whereas the values in PMSi90-
immobilized Co-Cr-Mo increased gradually.

Fig. 10 shows FM images of the surface-modified Co-Cr-Mo
samples with various MPC polymers before and after friction tests/
PBS-soaking tests. After 100 cycles of friction tests, the MPC poly-
mer layer was removed from the PMB30-adsorbed and PMSi90-
immobilized Co-Cr-Mo sliding surfaces; in contrast, most of the
PMPC-grafted Co-Cr-Mo sliding surface was covered by the PMPC
layer. After 12 weeks of PBS-soaking tests, most of the MPSi90 layer
was removed from the Co-Cr-Mo surface, while most of the
PMB30-adsorbed and PMPC-grafted Co-Cr-Mo surface was
covered stably by the MPC polymer layer.

4. Discussion

In the hemi-arthroplasty, the highly lubricious surface by
a “mild treatment” with soft materials was requested with aim of
preserving the degradation of the articular cartilage. In this study,
we have prepared various surface modification layers formed on
the Co-Cr-Mo surface by MPC polymer coating or photoinduced
radical polymerization of MPC to form PMPC graft chains for
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improving lubrication and preventing the degradation of acetab-
ular cartilage. Here, we discuss the structures and stabilities of the
surface modification layers of the MPC polymer and the effects of
these characteristics on the retention of articular cartilage in hemi-
arthroplasty. '

To ensure the in vivo long-term stability of the MPC modified
layer on the Co-Cr-Mo surface, it is necessary to create strong
covalent bonding between the Co-Cr-Mo substrate and the MPC
polymer. Organosilanes have already been known as surface
coupling agents that enhance bonding between a metal or a metal
oxide surface and an organic resin such as dental resin; moreover,
they can strongly bind metals to resins in dental implants [23].
Organic silanes or silane coupling agents comprise at least
a hydrolyzable alkoxysilyl or chlorosilyl group and an organo-
functional group. The agents are effective for introducing organo-
functional groups into the siloxane network polymer. The
organofunctional group in the silane could be useful for improving
bonding with the organic overlayer. MPSi binds to the Co-Cr-Mo
substrate by a condensation reaction in two steps; in the first step,

MPSi is hydrolyzed (activated) and in the second step, the hydro-
lyzed silane molecule binds to the surface by an Si-O-M bond,
forming branched hydrophobic siloxane bonds, i.e., Si-0-Si. The
hydrolyzed silane molecule has three -OH groups that can react
with the -OH groups of the surface metallic oxide layer to form
siloxane bonds covalently. The peaks at 1180 and 1040 cm™! in the
FT-IR/ATR spectrum of the PMSi90-immobilized and PMPC-grafted
Co-Cr-Mo surfaces were attributed to Si-O-Si and Si-O-M,
respectively (Fig. 2).

However, several previous studies have reported that a silane
coating has low water resistance due to hydrolysis of the siloxane
bond and desorption of the physisorbed silane [24]. In fact, the
PMSi90-immobilization layer was removed from the Co-Cr-Mo
surface after 12 weeks of PBS soaking (Figs. 9 and 10). Zhang, et al.
and others have reported that the water stability of Si-O-M could
be improved by employing the following factors: (1) an induction of
bridged silane coupling agents, when hydrolyzed, contain two or
more -Si(OH)3, (2) the hydrophobic alkyl moieties that limit the
contact with water, and (3) an increase in the thickness of the
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surface oxide layer [25]. Therefore, it was considered that the MPSi
intermediate layer with a bridge of three methoxysilane groups
with MPSi unit composition of 100% (MPSi unit of PMSi90
composition was 10% only) was essential in PMPC-grafted Co-Cr-
Mo. Additionally, a functional methacrylate and pretreatment
(nitric acid treatment and Oz plasma treatment) for the Co-Cr-Mo
surface were used. As shown in Figs. 9 and 10, the high stability of
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the PMPC-grafted layer was confirmed throughout 12 weeks of PBS
soaking.

On the other hand, the high stability of the PMB30-adsorbed
layer was also confirmed throughout 12 weeks of PBS soaking. As
shown in Table 1, the static-water contact angle of the PMB30-
adsorbed Co-Cr-Mo was 95.8°. Sibarani et al. reported that the
PMB30-adsorbed polymer surfaces showed high advancing
(approximately 100°) and low receding (approximately 20°)
contact angles: PMB30 cannot be hydrated easily due to the low
MPC unit composition of the copolymer [10]. However, as shown in
Fig. 5, the PMB30-adsorbed Co-Cr-Mo surface, which could form
a phosphorylcholine-enriched surface after equilibrating for 1 h,
showed excellent biocompatibility as an anti-protein adsorption
surface. Hence, the PMB30-adsorbed layer has been observed to be
stable (insoluble and attachable in vivo condition) and useful on
several medical devices [14,15].

Co-Cr-Mo (untreated)

In Figs. 6 and 7, the PMPC-grafted Co-Cr-Mo surface shows an
extremely low friction coefficient as compared to that of the
untreated Co—Cr-Mo surface. Since MPC is highly hydrophilic and
PMPC is water soluble, the water contact angle of the PMPC-grafted
Co-Cr-Mo surface was lower than that of the untreated Co-Cr-Mo
surface, as shown in Table 1. Consequently, the PMPC-grafted layer
successfully provided high lubricity in the form of “surface gel
hydration lubrication” to the Co-Cr-Mo surface (Fig. 3). A previous
study has reported that the hydrogel cartilage surface is assumed to
have a brush-like structure: a part of the proteoglycan brush is
bonded with the collagen network on the cartilage surface [26]. The
bearing surface with PMPC is assumed to have a brush-like struc-
ture similar to that of articular cartilage. Cartilage/PMPC-grafted
Co-Cr-Mo bearing couples can therefore be regarded to be
mimicking natural joint cartilage in vivo. The friction coefficient of
cartilage/cartilage was reported to be approximately 0.01-0.02

PMPC-grafted Co-Cr-Mo

Unworn surface Worn surface

A

] Cartilage
Cartilage

J
I

Cartilage

Cartilage

= 45 - o 4

beds ¥ il ¥
-

Unworn surface Worn surface

by v 4
4
Cartilage Cartilage
' y £ —-‘—‘*‘ T A T
& T i B e ;
Bt R L v — T UL Se—
P Hhicle
Cartilage Cartilage
y o 22
: 1 &
RO
)

B

¥

Fig. 8. Histological findings of the articular cartilage pins after 5 x 10? cycles of friction tests. (A) H&E stained, and (B) safranin-O stained. Bar; 500 pm.
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[27,28]. In this study, it was found that the cartilage/PMPC-grafted
Co~Cr-Mo interface mimicking a natural joint showed low friction
(friction coefficient was <0.01), i.e,, as low as that of cartilage/
cartilage interface. Hence, it was considered that the PMPC-grafted
Co~Cr~Mo surface is well suited for application on the artificial
femoral head that would chafe against articulating cartilage. We
expect that hemi-arthroplasty with a PMPC-grafted Co-Cr-Mo
femoral head will be a promising option that preserves acetabular
cartilage and extends the duration before total hip arthroplasty
(THA) in young patients. Moreover, we consider that these effects
would occur continuously. In Fig. 7B, the friction coefficient shows
a test duration-dependent response for articular cartilage against
the untreated Co~Cr~Mo sample due to the continued loading of
the cartilage tissue and the ensuing loss of fluid-film formation (or
rehydration). It was thought that the thickness of the cartilage
tissue atrophied due to the fairly poor access of the cartilage tissue
to water (Fig. 8). Decreased water content often leads to the
degradation of cartilage function. Although cartilage tissues are
able to produce matrix components throughout life, i.e., carry out
regeneration, their production cannot keep pace with the repair
requirements after acute damage to articular cartilage; such
damages limit the longevity of the artificial femoral head and its

stability after hemi-arthroplasty. In contrast, in articular cartilage
against the PMPC-grafted Co-Cr-Mo sample, the friction coefficient
remained at a steady low value due to the rehydration of the
continuously lcaded cartilage tissue, and the articular cartilage
surface was preserved.

In Fig. 6A, the PMB30-adsorbed and PMSi90-immobilized Co-
Cr-Mo samples show a slightly higher friction coefficient than the
untreated Co—Cr-Mo sample in water at room temperature. Some
pores in the PMB30 and PMSi90 layers on the Co-Cr-Mo surface
could be observed (Fig. 3); these may have occurred due to the low
density of the material because physicai adsorption or chemical
immobilization of the polymer was used as the surface modifica-
tion method. Therefore, it is assumed that a sliding couple with
cartilage and low-density MPC polymer layer may cause high fric-
tion by stick-slip motion with interpenetration [18]. Furthermore,
the MPC polymer-coated Co-Cr-Mo showed a lower friction coef-
ficient than the untreated Co-Cr-Mo in BS mixture at 37 °C
(Fig. 6B). It was thought that the interpenetration of cartilage and
low-density MPC polymer layer was blocked by the protein of BS
presented between the interfaces. In contrast, the friction coeffi-
cient of the PMPC-grafted Co-Cr-Mo sample was drastically as
compared with that of the untreated Co-Cr-Mo sample; the degree
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Fig. 10. FM images of the untreated Co-Cr-Mo, MPC polymer-coated Co-Cr-Mo, and PMPC-grafted Co-Cr-Mo surfaces. FM images of the surface before tests (A), after 100 cycles of
friction tests with BS lubricant (B), and after 12 weeks of PBS-soaking tests (C). Bar; 200 um. Arrow; Sliding direction of friction test.

of reduction in the coefficient was 93%. PMPC-grafted Co-Cr-Mo
might have a high density because the polymerization method
used was surface-initiated graft polymerization, termed as the
“grafting from” method [19,29]. A sliding couple with cartilage
tissue and high-density PMPC layer fabricated by the “grafting
from” method may be responsible for low friction, such as that
in the case of “super-lubricity,” because of resistance to interpen-
etration by volume effects resulting from the mobility of hydro-
philic macromolecules of cartilage tissue and the PMPC-grafted
layer [30-32].

As shown in Fig. 7A, the friction coefficients of the articular
cartilage against the untreated and PMPC-grafted Co-Cr-Mo
samples decreased with an increasing load in the initial 10 cycles.
The elastic articular cartilage tissue and PMPC-grafted layer was
slightly deformed by the loads; the low friction coefficient might
occur in order to increase the contact area of the fluid film's
concave surface. However, the friction coefficient of the articular
cartilage against the untreated Co-Cr-Mo at 100 cycles decreased
to 0.082 up to loads of 1.96 N; a further increase in loads up to
9.8 N resulted in elevated friction coefficients. Under a high load,
water exudes slowly from the articular cartilage with sliding [27].
As the result of water loss, the thickness of the surface layer and/
or fluid film reduces, and the water content of the surface-
hydration layer decreases. Consequently, the degree of adhesion
of articular cartilage to the Co-Cr-Mo surface increases due to
a lack of rehydration and because of the increase in frictional
force. In contrast, the PMPC-grafted Co-Cr-Mo sample at 100
cycles showed a remarkably low friction coefficient that reached
approximately <0.010 at a load of 9.80 N. We consider that this
result implies that the rehydration and hydrodynamic lubrication
mechanism of the articular cartilage is supported by the hydrated
PMPC-grafted layer, similar to the interface between cartilage/
cartilage of the natural joint.

The friction coefficients of cartilage/untreated Co-Cr-Mo
interface with all MPC polymer-containing BS mixtures as
a lubricant were drastically lower as compared with that with the
non-additive BS mixture (Fig. 6C). Synovial fluid as a whole, and all

its components such as hyaluronic acid, glycoprotein (mainly
lubricin), and surface-active phospholipids, have been proposed
as lubricants responsible for boundary lubrication in the natural
joint [33]. Similarly, it is considered that the additives of MPC
polymer would play the role akin to synovial phospholipids for
boundary lubrication, and the adsorption of the MPC polymer to
the sliding surface could prevent direct contact between the
cartilage and the untreated Co-Cr-Mo and hence decrease the
frictional force between them. However, in the case of additives,
the lubricity may change depending on the ambient in vitro and in
vivo conditions, because the additives probably diffuse to synovial

" fluid in vivo.

The amounts of the representative protein, BSA, y-globulins,
and fibrinogen, adsorbed on the modified Co-Cr-Mo surface with
the MPC polymer were significantly low, these reached to 7%-50%
of that of the untreated surface, as shown in Fig. 5. It is hypoth-
esized that the mechanism underlying protein adsorption resis-
tivity of a surface modified by the MPC polymer is based on the
water structure resulting from the interactions between water
molecules and phosphorylcholine groups [34]. The large amount
of free water around the phosphorylcholine group is considered
to detach proteins easily and prevent conformational changes in
the adsorbed proteins even when the proteins attached to the
surface [3,34]. The reduction in protein adsorption is also
considered to be caused by the presence of a hydrated layer
around the phosphorylcholine group [35]. The latter consideration
is consistent with the results of the water contact angle
measurement, friction test, and TEM and FM observations of the
Co-Cr-Mo samples whose surfaces were modified by the MPC
polymer. It should be noted that the porous structure (low
density) of the PMB30-adsorption and PMSi90-immobilization
layer (in dry conditions) hardly affected the protein adsorption.
Therefore, the Co-Cr-Mo sample whose surface is modified by
the MPC polymer is expected to exhibit tissue and blood
compatibility, i.e., biocompatibility, because previous studies have
reported that the MPC polymer-modified surfaces exhibit in vivo
biocompatibility [6-16].
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5. Conclusions

In this study, we systematically investigated the surface prop-
erties of the various surface modification layers formed on the Co-
Cr-Mo surface by the MPC polymer by dip coating or photoinduced
radical grafting. We conclude that several important issues are
involved in the long-term retention of the benefits of the MPC
polymer used in artificial joints under variable and multidirectional
loads, for example, strong bonding between the MPC polymer and
the Co-Cr—Mo surface as also a high density of the MPC polymer.
We suggest that the MPSi intermediate layer and photoinduced
radical graft polymerization should be employed to create strong
covalent bonding between the surface modification layer and Co-
Cr-Mo substrate and to retain the high density of the polymer
chains of that layer. The cartilage/PMPC-grafted Co-Cr-Mo inter-
face, which mimicked a natural joint, showed an extremely low
friction coefficient of «0.01, a value as low as that of a natural
cartilage interface. We expect that the PMPC-grafted Co-Cr-Mo
femoral head for hemi-arthroplasty will be a promising option
for preserving acetabular cartilage and extending the duration
before THA.
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Figures with essential colour discrimination. Certain figures in
this article, in particular Figures 8 and 10, are difficult to interpret in
black and white. The full colour images can be found in the on-line
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Abstract .

We designed and synthesized water-soluble biocompatible and biodegradable polymers composed of 2-
methacryroyloxyethyl phosphoryicholine and oligo(L- or b-lactic acid) macromonomers to develop an
injectable hydrogel matrix. Aqueous solutions containing the polymers with oligo(L-lactic acid) (OLLA)
and oligo(D-lactic acid) (ODLA) chains underwent spontaneous gelation when mixed together. This was
due to the formation of a stereocomplex between the OLLA and ODLA side-chains, which act as cross-
linking components in the hydrogel. Therefore, the hydrogel could be re-dissolved in a buffer solution by
hydrolysis of the oligo(lactic acid) chains. We obtained an injectable, biocompatible and degradable hy-
drogel, and we anticipate that it will be used in applications involving the controlied release of bioactive
molecules and cell-based tissue engineering.

© Koninklijke Brill NV, Leiden, 2011
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Injectable hydrogel, phospholipid polymer, poly(lactic acid), biodegradation, stereocomplex formation

1. Introduction
In general, artificial materials are recognized as a foreign body in living organisms

because of insufficient biocompatibility. When implanted into soft tissues, they in-
duce a series of inflammatory reactions and are finally encapsulated by the tissues.
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Thus, they do not interact favorably with the surrounding tissues to form a bond.
Consequently, common artificial materials cannot be used in therapies based on tis-
sue regeneration. Moreover, when these materials come into contact with blood,
they rapidly induce thrombus formation. At present, it is desirable to use medical
devices for the treatment of diseases, but these devices should combine pretreat-
ment with drugs such as anti-inflammatory reagents and anticoagulants. Thus, the
materials used in living organisms should have excellent biocompatibility. In addi-
tion, the presence of artificial materials in living organisms can result in persistent
inflammation and infection; moreover, cytotoxic substances may be generated and
released by the unexpected degradation of the artificial material and prevent tissue
healing. Therefore, it is essential to ensure that the materials used in living organ-
isms are biodegradable. In terms of clinical application, the use of surgical methods
for implantation results in greater patient pain. However, materials that cause spon-
taneous gelation in living organisms enable percutaneous implantation. Hydrogels
are suitable for use in implantable devices [1]. Because their mechanical properties
are similar to those of living tissue, interaction between the material and cells or
body fluid may be more favorable and blood vessels can easily penetrate the hydro-
gel matrices. Hydrogels that cause spontaneous gelation are preferable for use as
biomaterials in minimally invasive surgery [2, 3], and it is desirable to develop such
materials that possess the properties of spontaneous gelation and biodegradability.
The purpose of this study is to develop a hydrogel that undergoes spontaneous gela-
tion. The hydrogel must also possess blood compatibility and absorbability for use
as a base material in various applications such as scaffolds for tissue engineering,
drug reservoirs for drug-delivery systems, and biomedical glue and anti-adhesive
materials for use in surgical treatments. In this study, we investigated the design of
materials for these medical applications.

It is well known that the blending of poly(L-lactic acid) (PLLA) and poly(D-
lactic acid) (PDLA) resulits in the formation of a eutectic called a stereocomplex
[4-8]. Block co-polymers composed of poly(ethylene glycol) (PEG) and PLLA or
PDLA were reported to be injectable hydrogels based on stereocomplex forma-
tion. Li et al. reported gelation by the formation of a stereocomplex between the
PLLA and PDLA segments in the block co-polymers in an aqueous medium. These
polymer gels contained water and underwent hydrolysis and absorption under phys-
iological conditions [9, 10]. In previous studies, we reported on the spontaneous
formation of a polymer hydrogel from 2-methacryloyloxyethyl phosphorylcholine
(MPC) and n-butyl methacrylate (BMA) units and poly(lactic acid) chains (PM-
BLA) [11, 12]. From a chloroform solution containing MPC polymers with both
PLLA chains and PDLA chains, the polymer gel was formed as a stereocomplex
with cross-linking components. After the solvent was removed, the gel could be
used for cell culture due to its highly porous structure, with cells easily able to
penetrate it.

MPC polymers containing BMA units are highly biocompatible and cytocom-
patible and have been used as coating materials on implantable medical devices
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[13-21]. Since the gel can be dissociated by hydrolysis of poly(lactic acid) chains
as cross-linking points and become water-soluble, it can be safely removed from
the living organism.

In the case of a poly(lactic acid)yPEG block co-polymer hydrogel system, it is
difficult to achieve functional control due to difficulties encountered in hydrogel
preparation [22, 23]. On the other hand, the properties and functions of PMBLA
can be easily regulated through simple random co-polymerization with changes in
both the composition and the chemical structure of the monomer units.

In this study, in order to enhance the safety of hydrogel materials, we synthesized
a novel water-soluble MPC polymer (PMLA) composed of MPC units along with
oligo(lactic acid) macromonomer units as a cross-linking functional group. We used
oligo(L-lactic acid) (OLLA) and oligo(D-lactic acid) (ODLA) macromonomers to
synthesize the hydrogel through the formation of a stereocomplex between these
OLLA and ODLA chains. The gelation time could be controlled by the oligo(lactic
acid) concentration in the solution, and we investigated a range of PMLA solutions
that form hydrogels in living tissue following percutaneous injection via a syringe.
We propose an implantable hydrogel system for use in in vivo tissue-engineering
applications to facilitate the development of cell-based medical treatments.

2. Materials and Methods
2.1. Materials

MPC was synthesized by a previously reported method and obtained from NOF
(Tokyo, Japan) {24, 25]. L-Lactide and D-lactide (Purac, Gorinchem, The Nether-
lands) were recrystallized from ethyl acetate. 2, 2'-Azobisisobutylnitrile (AIBN;
Wako Chemicals, Osaka, Japan) was recrystallized from methanol. Tin(Il) 2-
ethylhexanoate (Wako Chemicals), 2-hydroxyethyl methacrylate (HEMA; Wako
Chemicals), and other solvents were obtained as extra pure reagents and used with-
out further purification. p-Xylene N,N’-diethyldithiocarbamate (XDC) was synthe-
sized in accordance with the procedure described in a previous paper [26]. Bovine
serum albumin and fluoresceine isothiocianate (FITC)-labeled BSA were obtained
from Sigma-Aldrich (St Louis, MO, USA) and were used without further purifica-
tion.

2.2. Synthesis of Oligo(lactic acid) Macromonomers

OLLA and ODLA macromonomers were synthesized (Scheme 1) by the method
described in an earlier study [27]. The desired amounts of L-lactide and D-lactide
were introduced into round bottom flasks and tin(II)2-ethylhexanoate was also
added to each flask. Each flask was sealed by a three-neck cock. The insides of
the flasks were evacuated by a vacuum pump operating at 10 mmHg for 1 h.
Argon gas was blown into the flasks to replace the atmosphere. Then, HEMA
was poured into each flask and polymerization was carried out for 6 h at 120°C.
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The products were dissolved in 20 ml dichloromethane and precipitated in a 300-
ml mixture of 2-propanol/hexane (1:1, v/v) for purification. The precipitates were
washed in the same solvent and the final suspension was centrifuged (1 x 10* rpm,
10 min). After removal of the supernatant and vacuum drying, the OLLA and
ODLA macromonomers were obtained as a white powder.

2.3. Synthesis of PMLA

Desired amounts of the OLLA macromonomer or the ODLA macromonomer and
AIBN were placed in round bottom flasks and dissolved in 25 ml dioxane. MPC
dissolved in 25 ml ethanol was added to the solution. The flasks were sealed after
argon gas bubbling, and co-polymerization was carried out at 60°C for 24 h. After
co-polymerization, the products were evaporated and poured into a 300-ml mixture
of hexane/chloroform (9:1, v/v). The precipitate was filtered and dried in vacuo for
24 h. The polymers containing OLLA and ODLA chains and prepared using AIBN
were designated as A-PMLLA and A-PMDLA, respectively.

Photoinduced living radical polymerization of MPC and oligo(lactic acid)
macromonomers was carried out as follows (Scheme 2). Desired amounts of the
OLLA macromonomer or ODLA macromonomer and XDC were placed in a glass
tube and dissolved in 50 ml dioxane. MPC dissolved in ethanol was added to the
solutions. The tube was sealed after argon gas had been bubbled through it for 5 min
to eliminate oxygen in the solution, and the sealed tube was irradiated at 25°C for
6 h using an ultra-high-pressure mercury lamp (UVL-400HB, Riko, Chiba, Japan).
A wavelength of 360 nm was selected using a glass color filter (Riko U-360). Af-
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Scheme 1. Synthetic route of oligo(lactic acid) macromonomer.
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Scheme 2. Synthetic route of water-soluble MPC polymer grafted with oligo(lactic acid) side-chains by
living radical polymerization using XDC as the iniferter.
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ter polymerization, the reaction mixtures were poured into a 300-ml mixture of
hexane/chloroform (9:1, v/v). The precipitate was filtered and dried in vacuo for
24 h. The polymers containing OLLA and ODLA chains and prepared using XDC
were designated as X-PMLLA and X-PMDLA, respectively.

2.4. Analysis of Polymer Chemical Structure

The chemical structures of the oligo(lactic acid) macromonomers were determined
by 'H-NMR. For the NMR measurements, a 6-mg each of the macromonomers
and polymers was dissolved in 700 pul CDCl3 or C;D50D. Chemical shifts were
measured using a JNM-AL300 (Jeol, Tokyo, Japan) at 20°C. The degree of poly-
merization was calculated from the peak area ratio of peaks corresponding to —-CH
(5.3 ppm) and —CH3 (1.5 ppm). The results of macromonomer synthesis are sum-
marized in Table 1. The compositions of the co-polymers were determined by
using the peak area ratios of peaks corresponding to —CH (5.3 ppm) and -N-CH3
(3.1 ppm), as shown in Fig. 1. The molecular weights of PMLA were determined
by gel-permeation chromatography (GPC; Jasco, Tokyo, Japan) in water/methanol
(8:2, v/v). Shodex SB-804 (Showa Denko, Tokyo. Japan) was used as the separa-
tion column, and the weight-average molecular weight (My,) and number-average
molecular weight (M,) were calculated using PEG standards as a reference.

2.5. Preparation of Polymer Hydrogel

Polymer solutions having various concentrations in the range 5.0-20 wt% were pre-
pared (Table 3). Solutions (1 g) of PMLLA and PMDLA were mixed and allowed
to stand for 24 h at room temperature (ca. 23°C). Gelation was confirmed by the
loss of fluidity in the mixed solutions.

To quantitatively determine the gelation time, polymer solutions were placed
into a stainless-steel cell (volume 2.0 ml) with two compartments separated by a
vibration blade (1.7 cm?) of the rheometer (Rheolograph Micro, Toyo-seiki, Tokyo,
Japan). Immediately after the polymer solution was injected into the cell, the blade
began to vibrate, mixing these polymer solutions to prepare the hydrogel (vibration
amplitude 200 um, frequency 20 Hz). The changes in the elastic modulus (G') and
viscous modulus (G”) were recorded. The gelation time is defined as the time period
at which the G’ value corresponds to the G” value.

2.6. Hydrolysis of Polymer Hydrogel

BSA containing 10 wt% FITC-labeled BSA (20 mg) was dissolved in phosphate
buffered saline (PBS, pH 7.4) containing PMLLA. This solution was introduced
into a glass tube; then, solutions of PBS in PMDLA were added to the solution, and
the mixture was maintained at 5°C for 24 h to form the hydrogel. PBS solutions
(9 ml) having various pH were added to the tube containing the hydrogel, and the
system was maintained at 37°C. The fluorescence intensity of PBS containing the
FITC-labeled BSA was measured with a fluorescence spectrophotometer (Jasco).
The degradation ratio of the hydrogel was calculated as (fluorescence intensity of
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Figure 1. 1H-NMR spectrum of a representative PMLA (X-PMDLA?20-5).

PBS at a specific release time)/(theoretical maximum fluorescence intensity cal-
culated from the amount of FITC-labeled BSA)x 100; this ratio was then plotted
against time.

3. Results and Discussion
3.1. Synthesis of MPC Polymers with OLA as a Side-Chain

The MPC polymers (PMLA) were prepared to develop a water-soluble graft poly-
mer with an oligo(lactic acid) side-chain. These polymers cause spontaneous gela-
tion in aqueous solutions, which can be attributed to the formation of a stereocom-
plex between OLLA and ODLA. Biologically active substances can be incorporated
in the polymer hydrogel during gelation, and the gel generally degrades under phys-
iological conditions due to the non-enzymatic hydration of oligo(lactic acid) chains.
During the degradation process, the biologically active substances incorporated in
the hydrogel may be released. De Jong et al. reported self-assembled hydrogel using
that system [4-6]. They grafted OLLA (dex-(L)lactate) and ODLA (dex-(D)lactate)
to dextran and it is observed that the mixture of dex-(L)lactate aqueous solution and
dex-(D)lactate aqueous solution formed a hydrogel. However, the various functions
are required to the biomaterial and those are achieved by the controlled polymer-
ization of the various monomers. From this point of view, polymethacrylate is
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more suitable than polysaccharide because there are many methacrylate monomers
and we can co-polymerize them. Moreover, it is well known that MPC polymers
are biocompatible materials due to the relatively fewer protein-based interactions
that occur at the tissue~implant interface [13-21, 28-30]. Thus, the use of MPC
polymers offers interesting possibilities for obtaining injectable and biocompatible
hydrogels [31-33].

Oligo(lactic acid) macromonomers were synthesized by a general method. Ta-
ble 1 summarizes the polymerization results. The degree of polymerization of these
macromonomers was approximately dependent on the feed ratio.

The polymerization of MPC and oligo(lactic acid) macromonomers proceeded
homogeneously. The composition of each monomer unit in the MPC polymers cor-
responded to that in the feed monomer solution (Table 2). The polymers prepared
using AIBN (A-PMLA) as the initiator did not dissolve but dispersed in water.
On the other hand, the polymers formed by living radical polymerization using
XDC (X-PMLA) as the iniferter were soluble in water (Scheme 2). The molecular
weight distribution of A-PMLA was large. Small polymer particles dispersed in the
aqueous medium may potentially cause inflammation and embolization. Therefore,
A-PMLA was not suitable for application to medical materials. It is not entirely
clear why the observed solubility of the polymers is different even if the MPC con-
tents of the polymers are almost equal. However, one possible explanation may be
the difference between the molecular weight distributions (M,/My) of A-PMLA
and X-PMLA. The M,/M,, value of A-PMLA was larger than that of X-PMLA;
thus, we could infer that A-PMLA included a water-insoluble portion due to its
higher molecular weight. We considered that the molecular weight distribution of
the polymer should be small in order to obtain stable hydrogels in an aqueous
medium. Thus, we switched to the living radical polymerization method because
using this method, we could regulate the M,/M,, value. MPC polymers having
30 mol% MPC did not undergo biological reactions at the surface and thus showed
excellent biocompatibility [15, 17, 29, 30]. The polymer used in this study con-
tained approx. 90 mol% MPC, so we consider that this polymer has sufficient
biocompatibility.

3.2. Effect of Polymer Concentration on Gelation Behavior

As shown in Fig. 2, spontaneous gelation occurred due to the mixing of aqueous so-
lutions containing PMLLA and PMDLA, wherein the degree of polymerization of
the oligo(lactic acid) macromonomer units was 12. The extent of gelation depended
on the concentrations of both polymers, as summarized in Table 3. The lowest con-
centration required for gelation decreased with an increase in the molecular weight
or the composition of oligo(lactic acid) macromonomer units. In previous studies,
we investigated the formation of a stereocomplex between water-insoluble MPC
polymers and enantiomeric poly(lactic acid) graft chains. Differential scanning
calorimetry data and X-ray diffraction profiles of the precipitate from the polymer
solution confirmed stereocomplex formation [11]. This suggests that the obtained
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Effect of polymer concentration on the gelation of A-PMLA and X-PMLA polymer systems

Code L-polymer D-polymer Concentration of polymer (wt%})
5 10 20

SC12-5 A-PMLLA12-5 A-PMDILA12-5 Sol Sol Sol

SC12-10 A-PMLLAI2-10 A-PMDLA12-10 Sol Sol Gel

SC12-20 A-PMLLA12-20 A-PMDLA12-20 Sol Gel Gel

SC20-5 A-PMLLA20-5 A-PMDLA20-5 Sol Sol Sol

SC20-10 A-PMLILA20-10 A-PMDLA20-10 Sol Sol Sol

X-SC20-5 X-PMLLA20-5 X-PMDLAZ20-5 Sol Sol Gel

X-SC20-10 X-PMLLA20-10 X-PMDLA20-10 Sol Gel Sol

Figure 2. Pictures of gelation process resulting from the mixing of X-PMLLA and X-PMDLA
(10 wt% aqueous solutions). {A) Aqueous solution of X-PMLLA20-10 (left) and X-PMDLA20-10
(right), (B) after mixing and standing for 24 h at room temperature.

hydrogel (X-SCgel) was produced by the formation of a stereocomplex between
the L-form oligo(lactic acid) and the D-form oligo(lactic acid) as side-chains. On
account of the hydrophobic nature of the oligo(lactic acid) side-chains, A-PMLA
formed an aggregate in an aqueous medium. Therefore, it is necessary to organize
the oligo(lactic acid) side-chains on the surface of the aggregate and for making
easy interaction between these polymer chains. Oligo(lactic acid) macromonomers
with 20 repeating lactic acid units had higher hydrophobicity than those with 12 re-
peating units, and the oligo(lactic acid) units were located inside the aggregate as
cross-linking points. The gelation time of the X-SCgels depended on the polymer
concentration. For instance, a mixture of 20 wt% polymers in the solution required
8.7 min for gelation, while a 15 wt% polymer solution required over 100 min
(Fig. 3). Thus, we can control gelation time by changing polymer concentration.

3.3. Hydrolysis of the Hydrogel

The fluorescence intensity of the hydrogel containing PBS along with FITC-labeled
BSA was measured to examine the degradation of the hydrogel. Since the perme-



