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We have synthesized heparin-immobilized copolymers of L-lactide (LA) and 5-methyl-5-benzyloxycar-
bonate-1,3-dioxan-2-one (MBC) as non-inflammatory and non-thrombogenic biodegradable coating
materials. These copolymers were used in fabricating arsenic trioxide (As,0)-eluting stents to reduce
the late-stage adverse events, such as thrombosis, localized hypersensitivity and inflammation, that
occur when applying stents to treat coronary artery diseases. Heparinized copolymers effectively reduced
platelet adhesion and protein adsorption while increasing the plasma recalcification time and thrombo-

;(fg’r‘:‘t/ords" plastin‘tim‘e in vitro. Histologica! e{nalysis of the polymer-coated stents in a porcing coronary artery injury
Biodegradability model indicated that one heparinized copolymer (Hep-C090, LA:MBC = 90:10), with the highest LA con-
Heparin tent of 90% and the lowest degradation rate, induced the least foreign body reactions and inflammation,
Arsenic trioxide (As,03) which were as small as those induced by bare metal stents. Consequently, Hep-Co90 was used as the
Restenosis stent coating material for local As,03 delivery. Histomorphometric evaluations suggested no significant

difference between bare metal stents and As,0s-eluting stents at 1 and 3 months post-implantation. At
6 months, the lumen area in the porcine coronary arteries treated with As,0s-eluting stents is 32.4%
higher than those treated with bare metal stents while the neointimal area, neointimal thickness and
stenosis rate decreased by 25.8%, 32.5% and 31.2%, respectively. The As,0s-eluting stent using Hep-
Co090 as the drug carrier and stent coating material presented in this study represents a novel promising
device in preventing in-stent restenosis.

© 2009 Acta Materialia Inc. Published by Elsevier Ltd. All rights reserved.

1. Introduction

Implantation of stents is the most effective means to treat
symptomatic coronary artery diseases [1]. Drug-eluting stents
(DESs) have been attracting tremendous attention as positive trial
results indicate their efficacy for preventing restenosis [2]. In the
past few years, in-stent restenosis rates following DES placement
have been reported to be typically less than 10% [3,4]. However,
there remain many limitations about the long-term safety and effi-
cacy of DESs. These safety problems may be generated by polymer
coatings and anti-proliferative agents in DESs themselves. Mean-
while, delayed or incomplete endothelialization on the stent sur-
face is believed to be responsible for the significantly higher
thrombosis rates in sirolimus (rampamycin)-eluting (Cypher™,
Cordis) and paclitaxel-eluting stents (TAXUS™, Boston Scientific)
compared with bare metal stents (BMSs) [5-14]. Although slow-
releasing DESs may lead to more favorable angiographic outcomes
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than rapid-releasing stents [6], sustained release of the drug over a
longer period, such as >1 month, delays healing. Furthermore, the
long-term existence of a biostable but not truly biocompatible
polymer coating stimulates additional foreign body reactions and
consequently increases the possibilities of vital late-stage resteno-
sis and thrombosis. Based on the correlation between surface prop-
erties and long-term implantation results, it has been suggested
that a drug-loaded biocompatible and biodegradable polymer coat-
ing on BMSs may reduce late-stage adverse events such as throm-
bosis, localized hypersensitivity and inflammation [15].
Therefore, the biocompatibility of polymer coatings, as mani-
fested by low thrombogenicity and little induction of foreign body
reaction, are crucial in determining the performance of DESs [16].
Heparin is an anticoagulant agent that can interact with anti-
thrombin III to prevent thrombus formation and activation [17].
Heparin-coated stents were reported to be desirable in reducing
stent thrombosis and proliferative vascular response; however,
they did not show superiority on restenosis over standard BMSs
[18,19]. Arsenic trioxide (As;0O3) has been used to treat acute pro-
myelocytic leukemia and As,03-eluting stents with a rapid-release
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profile have been fabricated to effectively reduce neointimal thick-
ening in a rabbit iliac artery injury model [20]. Stents coated with
40 pg of As,05 per stent were similar to those coated with 180 pg
of paclitaxel in inhibiting neointimal proliferation in the rabbit
model and only a mildly delayed endothelialization was found
[20]. No more severe inflammation was found up to 28 days after
stenting [20].

In this report, we present three heparin-immobilized (or hepa-
rinized) copolymers of i-lactide (LA) and 5-methyl-5-benzyloxy-
carbonate-1,3-dioxan-2-one (MBC) with different LA contents,
poly(LA-co-MBC) (PLM), as non-inflammatory and non-thrombo-
genic biodegradable coating materials for fabricating As,03-eluting
stents. The surface heparin contents, physical properties, surface
morphology, in vitro hydrolytical degradation and heparin release
profiles of these heparinized-copolymer-coated stents have been
investigated and correlated with their in vivo performance. Stents
coated with these heparinized copolymers and As,0s-eluting
stents have been implanted, evaluated using a porcine coronary
artery injury model and compared with BMSs and stents coated
with one PLM copolymer.

2. Materials and methods
2.1. Synthesis of heparin-immobilized polymers

MBC monomer was synthesized using the method described in
Ref. [21]. As depicted in Fig. 1, PLM was prepared via the ring-
opening polymerization of LA and MBC at 110 °C for 24 h in the
presence of stannous (II) 2-ethylhexanoate (Sn(Oct),). Purification
was carried out by dissolving PLM in dichloromethane (CH,Cl,),
which was then precipitated in excess methanol. This process
was repeated twice to remove the residue of monomers. The ben-
zyl protective groups were removed by the catalytic hydrogenoly-
sis using Pd(OH),/C as the catalyst. Briefly, PLM (2 g) was dissolved
in 60 ml of chloroform (CHCIs) first and then 0.6 g of Pd(OH),/C
(10%) in 20 ml of ethyl acetate was added into the polymer solu-
tion. After being evacuated and filled with hydrogen, the solution
was stirred at room temperature for 24 h. The catalyst was filtered
and the solution was precipitated into excess methanol. The ob-
tained polymer was then redissolved in CH,Cl, and the solution
was centrifuged at 13,000 rpm (11 kg) for 1 h at —5 °C to further
remove the catalyst residue. Immobilization of heparin was carried
out through the activation of heparin sodium salt (187 unit mg™!
Sigma) with 1-(3-dimethylaminopropyl)-3-ethylcarbodiimide
hydrochloride (EDC-HCI, Sigma, St. Louis, MO) in a sodium citrate
buffer solution (pH 4.7) at 4 °C for 5 h, followed by surface conju-
gation with the carboxyl acid groups of the deprotected copolymer
films at 4 °C for 24 h. After the immobilization reaction, polymer
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films were washed with PBS and 0.1% Triton X-100 aqueous solu-
tion, and then subsequently rinsed with distilled water in an ultra-
sonic cleaner until there was no residue of non-immobilized
heparin. After drying in vacuum at room temperature, heparinized
copolymer films were recovered. PLM copolymers (Co90, Co80 and
Co70) with three LA contents (90%, 80% and 70%), were used to
achieve different heparinized copolymers: Hep-Co90, Hep-Co80
and Hep-Co70, respectively.

A standard linear relationship for quantifying heparin was ob-
tained by the toluidine blue colorimetric method [22], described
as follows. Three milliliters of toluidine blue solution (0.05 g of
toluidine blue in 1 I of 0.01 N HCl containing 0.2% NaCl) was pipet-
ted into each of four test tubes. Then 2 ml of standard solution with
a varied concentration of heparin was added to the toluidine blue
solution. After extraction using 3 ml of hexane for 30 min, the
aqueous layers of the solution were sampled. The absorbance at
631 nm was measured and the amount of heparin immobilized
on the polymer film was then calculated using the calibration
curve constructed earlier.

2.2. Characterizations of heparin-immobilized polymers

Tensile tests were performed at room temperature using an In-
stron dynamometer (model 3366) on strips (100 x 10 mm,
length x width) cut from the cast polymer films at a cross-head
speed of 1 mm min~'. The inherent viscosities of the dilute solu-
tions of the heparinized polymers in CHCl; were determined using
a Ubbelohde viscometer at 28 °C. A static contact angle system
(Kruss, Model DSA16) with water as the liquid phase was used to
test the hydrophilicity of the polymer surface. Approximately
1 ul of water (pH 7.0) was injected onto the polymer surface. Con-
tact angle measurement was performed after a static time of 30 s
and a tangent method was applied to obtain the contact angles
in degrees. For each sample, three specimens were used and six
data points were taken for calculating the average and standard
deviation.

2.3. In vitro hemocompatibility

In vitro hemocompatibility of the heparinized copolymers was
evaluated in the aspects of platelet adhesion, protein adsorption,
full human plasma recalcification time and thromboplastin time.
Heparinized copolymer films were prepared by casting their
CH,Cl; solutions (5% w/v) on glass templates. After 24 h of solvent
evaporation, the films were further dried under reduced pressure
at room temperature until a constant weight was reached. Blood
was drawn from healthy volunteers and mixed with a 3.8 wt.%
solution of sodium citrate at a dilution ratio of 9:1 (blood:sodium
citrate solution). Platelet-rich plasma (PRP) and platelet-poor
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Fig. 1. Synthesis of poly(LA-co-MBC) (PLM) and heparinized copolymer.
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plasma (PPP) were obtained by centrifuging citrated blood at
1200 rpm (100 g) for 5 min and at 3000 rpm (600 g) for 10 min,
respectively.

The experimental procedure for determining platelet adhesion
is given as follows. Polymer films (0.2 g) were weighed in 5 ml
syringes and equilibrated with 2 ml of phosphate-buffered saline
(PBS, pH 7.4, 0.15 M) for 12 h. After that, the buffer was removed
and 2 ml of PRP was introduced into the syringes. The syringes
were rotated in a shaking incubator at 37 °C for 5, 10, 15, 20, 25,
30, 60, 90 and 120 min. At each time point, the syringes were
quickly removed from the shaking incubator and the depleted
platelets in the PRP were counted immediately using a hemacy-
tometer. The amount of platelets adhered to the specimen was cal-
culated by subtracting the number of unadhered platelets from the
number of diluted platelets initially incubated.

A bicinchoninic acid protein assay (MicroBCA) was performed to
determine the total amount of protein adsorbed onto the polymer
surface from PPP [23]. Prewetted polymer films (12 x 0.3 mm,
diameter x thickness) were incubated in 24-well plates containing
2 ml of PPP at 37 °C for 5, 15, 30, 60 and 120 min, respectively. Each
sample was then rinsed with PBS and incubated with 2 ml of 1% so-
dium dodecyl sulfate (SDS) solution for 1 h. The SDS solution was
collected in a plastic vial, and fresh SDS solution was added to the
wells for another 1 h. This procedure was repeated twice, with all
the SDS solutions being collected in plastic vials. The concentrations
of protein in the collected SDS solutions were determined on a
microplate reader using a MicroBCA protein assay kit (Shanghai Xin-
hang, 250 ml) [24,25]. The amount of irreversibly adsorbed proteins
on the polymer surfaces was then calculated.

Full human plasma recalcification time and thromboplastin
time were measured as follows. About 0.1 ml of PPP was intro-
duced onto the polymer surfaces and incubated at 37 °C under sta-
tic conditions for 10 min. Next, 0.1 ml of a 0.025M aqueous
solution of CaCl, was added to the PPP. The plasma solution was
monitored for clotting by manually dipping a stainless steel wire
hook coated with silicone into the plasma solution to detect fibrin
threads. The clotting time was recorded at the first sign of fibrin
formation on the hook. At least three recalcification experiments
were carried out on each polymer surface. The full human plasma
thromboplastin time of the polymer films were measured on an
automatic Sysmex CA-1500 coagulation analyzer using Dade Beh-
ring Actin, Dade Behring Thromburel’s and Dade Behring Test-
Thrombin reagents. The paired t-test was used and the significance
level was set as p < 0.03.

2.4. Preparation and surface morphology of polymer-coated stents and
As,03-eluting stents

Bare metal stents (3.0 x 17 mm, diameter x length, Beijing
Amsinomed Medical Company, China) were washed with ethanol
and isopropanol, then dried in vacuum at room temperature for
1 day. Heparinized copolymer films were dissolved in CH,Cl, at
0.1 wt.% and sprayed onto the surface of each BMS, then dried in
vacuum at room temperature for 3 days. The quantity of polymer
was 60 + 5 g per stent. Because of the solubility of As,03 in water,
a three-layer method was developed for the preparation of As;03-
eluting stents. Hep-Co90/CH,Cl, solution (0.1 wt.%), As,03 aqueous
solution (1 wt.%) and Hep-Co90/CH,Cl, solution (0.1 wt.%) were
sprayed sequentially onto the stent surface to prepare the base-
coat, drug layer and topcoat, respectively. The quantity of polymer
in the basecoat and topcoat was 20 + 3 and 40 * 5 ug, respectively.
The quantity of As,0; was 40 5 pg per stent, or 2.35 g mm~!
(mass per length). The surface morphology of the polymer-coated
stents and As,03-eluting stents was examined using scanning elec-
tron microscopy (SEM; JSM-6360LV, JOEL) before balloon expan-
sion. The stents were mounted onto an angioplasty balloon

(3.0 mm) and the balloon was inflated to a maximum pressure of
18 atm for 30 s, deflated and withdrawn slowly. The post-expan-
sion stents were also examined using SEM.

2.5. In vitro hydrolytic degradation and heparin release profile of the
polymer-coated stents

Polymer-coated stents were immersed in 10 ml PBS (pH 7.4) at
37 °C in a shaking incubator for up to 4 months. The PBS solution
was renewed every three days. In vitro hydrolysis was determined
by measuring the weight loss of the coating every month (n =5 for
each time point).

The in vitro heparin release profile from the coated stents was
obtained as follows. Heparinized-copolymer-coated stents were
placed in syringes and equilibrated with 10 ml of PBS (pH 7.4).
These syringes were then tapped to remove air bubbles, sealed
and rotated in a shaking incubator at 37 °C for 1, 2, 3 and 4 months.
At each time point (n =3 for each sample), syringes were taken
away from the shaking incubator and the heparin in PBS was mea-
sured by the toluidine blue method described in Section 2.1. Then
the heparin remained in the stent coating was calculated.

2.6. As,05 release profile from the polymer-coated stents

The in vitro release profile of As,03 from the stents was evalu-
ated by immersing each stent in a 20 ml syringe equilibrated with
20 ml of PBS (pH 7.4, 0.15 M) at 37 °C in a shaking incubator (n=5
stents per time point). At each time point, the syringes were
quickly removed from the incubator and the concentration of
As,05 in PBS was measured using the hydride generation reaction
interfaced with atomic fluorescence spectrometry assay [20].

2.7. Animal implantations

A porcine coronary artery model was used to evaluate the bio-
compatibility and functionality of BMSs, polymer-coated stents
and As,0s-eluting stents. Sixty male pigs, weighing 20-30 kg each,
were obtained from the Shanghai Animal Administration Center.
All animal studies were approved by the Animal Care and Use
Committee of Fudan University and were in compliance with the
“Guide for the Care and Use of Laboratory Animals” published by
the National Academy Press (NIH Publication No. 85-23, revised
in 1996). Before implantation, the stents were sterilized with
ethylene oxide and kept under aseptic conditions. All stents were
divided into six groups, with 24 pieces per group: BMSs, stents
coated with Co90, Hep-Co90, Hep-Co80, and Hep-Co70, and
As,03-eluting stents using Hep-Co90 as the drug vehicle. For each
group, three stents were used to analyze the apoptosis of vessel
smooth muscle cells (VSMCs). Animals were kept under the same
conditions and administered 300 mg of aspirin per day in their feed
for 3 days before implantation. For each pig, two or three stents
were randomly implanted into the left anterior descending artery
(LAD), right coronary artery (RCA) and left circumflex artery
(LCX) using online quantitative coronary angiography. When the
LCX was too small for stent implantation, only the LAD and RCA re-
ceived stents. On the day of stent implantation, iliac artery access
was achieved under general anesthesia and a 7F sheath was in-
serted. After the administration of 10,000 units of heparin, the tar-
get coronary artery was engaged using standard 7F guide catheters
and the control angiograms of the both coronary arteries were per-
formed using non-ionic contrast agent in two orthogonal views.
The stent was deployed by inflating the balloon (3.0 mm) to a nom-
inal pressure at the site of injury caused by overstretching, and the
resultant stent-to-artery ratio was 1.3:1. Repeated angiograms
were obtained immediately after the stent implantation, then all
the equipment was removed and the iliac artery was ligated.
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After 1, 3 and 6 months, animals were anesthetized for angiog-
raphy to confirm the patency of the coronary artery. Thereafter, a
lethal amount of potassium chloride was injected to induce eutha-
nasia. Vessels with stents at 1, 3 and 6 months (n=7 for each
group) after implantation were cut into five pieces, each about
3 mm long, fixed in 10 ml of buffered formalin and embedded in
methacrylate. The cross-sections from proximal, distal and medial
pieces were obtained using a section cutter (Leica SP1010, Ger-
many) and stained with hematoxylin and eosin for measuring ves-
sel area and performing histological analysis with Leica Qvin V3
software. Sections from the other pieces were cut open lengthwise
and fixed with 1% osmium tetroxide for SEM photographing. To
evaluate the in vivo degradation of the stent coatings, the stent
surface was also observed using SEM after the blood vessel tissue
was carefully peeled off from the stent surface under a microscope
without causing destruction of the coatings.

2.8. Histological analysis of neointimal hyperplasia

The areas enclosed by external elastic lamina (EEL, mm?) and
internal elastic lamina (IEL, mm?) and the lumen area (LA, mm?)
were measured. Neointimal area (NA, mm?) was calculated as fol-
lows: NA = IEL—LA. The percent neointimal stenosis was calculated
using the equation: % stenosis = NA/IEL x 100. Mean neointimal
thickness was calculated using the equation: mean neointimal

thickness = \/IEL/m — \/LA/m [20].
2.9. CD3 immunostaining

The sections were deparaffinized, heated at 95 °C for 30 min in
antigen retrieval solution, fixed in 0.3% hydrogen peroxide for
30 min and then air dried. Nonspecific binding was blocked by a
30 min incubation in normal horse serum (10 vol.%, 0.1% Triton
X-100, 0.1 M PBS, pH 7.4). The slide was then incubated in the
CD3 primary antibody (1:100, 0.1% Triton X-100, 0.1 M PBS)
(R&D systems, Minneapolis, MN, USA) overnight at 4 °C. After three
washes in PBS, the slides were again blocked in normal horse ser-
um as described above and exposed to the horseradish peroxidase-
conjugated secondary antibody (1:400, 0.1% Triton X-100, 0.1 M
PBS) (Beyotime, China), followed by the addition of 3,3’-diam-
inobenzidine tetrahydrochloride (DAB) solution. The total tissue
area of the immunostained sections of each specimen was outlined
manually and measured in mm?, The tissue areas of the immuno-
stained sections occupied by CD3-positive cells were measured
automatically using greyscale detection with a fixed threshold
and the ratios of immunopositive areas were calculated as percent-
ages of the total tissue area.

2.10. Apoptosis of VSMCs

Apoptosis of VSMCs was evaluated by the TUNEL (terminal
deoxynucleotidyl transferase-mediated dUTP nick-end labeling)
assay using DAB as the chromogen (Boehringer Mannheim Inc.,
Germany) 7 days post-implantation. The stented vessels were fixed
in 10% buffered formalin and embedded in paraffin. Cross-sections
from the proximal end were washed and counterstained with
hematoxylin. This method identifies apoptotically degraded DNA.

Only cells with distinct nuclear staining were considered. VSMCs
in intimal and media were counted in three cross-sections for each
arterial specimen. The number of TUNEL-positive VSMCs was ex-
pressed as a percentage of the total number of VSMCs.

2.11. Statistical analysis

Numerical data are presented as means * standard error of the
mean. Continuous variables were compared by analysis of variance
(t-test with Bonferroni correction), and categorical variables were
compared by y2-test. A p value of less than or equal to 0.05 was
considered as significantly different.

3. Results and discussion

3.1. Synthesis and structural characterizations of heparinized
copolymers

As listed in Table 1, three heparinized copolymers, Hep-C090,
Hep-Co80 and Hep-Co70 were characterized using FTIR (Nicolet
MagnaTR550), 'TH NMR (Bruker DRX-500) and elemental analysis
(vario EL III). FTIR (KBr): 3310cm™' (vo_y), 2960-2980 cm™!
(veen), 1760 cm™! (veeo), 1630 cm™! (Sn-n), 895 cm™' (vso). 'H
NMR (CDCl3): 6 =1.37 (t, C-CHs), 1.60 (s, O-CH-CHs), 4.50 (m,
0-CH,), 5.15 (m, CH»-Bz), 5.21 (m, O-CH-CH3), 7.26 (s, -CgH5). Sul-
fur content is 1.09%, 1.28% and 1.45% for Hep-C090, Hep-Co80 and
Hep-Co70, respectively. The physical properties of the heparinized
copolymers are also listed in Table 1. Intrinsic viscosity decreases
with decreasing LA content in the copolymers possibly because of
the lower molecular weight resulting from the lower reactivity of
the MBC monomer compared with that of LA. Consequently, Young’s
modulus and strength at break decrease from 373 and 42 MPa for
Hep-Co90 to 244 and 29 MPa for Hep-Co70, respectively. Mean-
while, the elongation at break increases from 160% to 290%, indicat-
ing that the heparinized copolymer is stiffer when the LA content is
higher. The deprotection ratio of the benzyl groups is closely related
to the molecular weight of the copolymer because of steric hin-
drance. The deprotection ratio determined using 'H NMR is only
24% in Hep-Co90. It increases to 42% in Hep-Co70 and results in a
higher degree of heparin immobilization, as indicated by the surface
heparin content in Table 1. The contact angle of water on the copoly-
mer surface decreases from 82.7° for Hep-Co90 to 73.2° for Hep-
Co70. It suggests that a less hydrophobic surface can be achieved
when the LA content is lower and the surface heparin content is
higher.

3.2. Surface morphology examination and balloon expansion tests

Surface topography is crucial for the in vivo performance of
DESs [26,27]. Webbings and bridges between the struts may cause
inflammation and VSMC proliferation, consequently resulting in
higher rates of thrombosis and restenosis. Fig. 2 shows the SEM
images of Hep-Co90-coated stents and As,0s-eluting stents before
and after expansion. Stents coated with Co90, Hep-Co80 and Hep-
Co70 are not presented in Fig. 2 because they are similar to Hep-
Co90-coated stents. The coatings in Fig. 2A and B are uniform
and smooth before the dilation using an angioplasty balloon

Table 1

Physical properties of the polymers in this study.

Sample LA content [m] (dL/g) Young’s modulus Strength at break (MPa) Elongation at Deprotection Surface heparin Contact angle
(mol%) (MPa) break (%) ratio (%) content (ug/cm?) (©)

Hep-Co90 90 2.14 373+29 42+7 160 £ 18 24 2.57 82.7

Hep-Co80 80 1.88 30422 37+7 220+23 31 4.96 76.3

Hep-Co70 70 1.10 244 +27 29+6 290 +28 42 6.33 73.2
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Fig. 2. SEM images of Hep-Co90-coated stents (A-D) and As,0s-eluting stents (E-H). A (50x), B (500x), E (50x) and F (200x) are pre-expansion images. C (50x), D (200x),
G (50x) and H (200x) are post-dilation images. The scale bars in A, C, E and G are 0.5 mm. The scale bar in B is 50 um. The scale bars in D, F and H are 0.1 mm.

catheter. No delamination or destruction of the coating on the
stent can be observed in Fig. 2C and D after expansion, indicating
that the polymer coating has sufficient flexibility to allow balloon
expansion of the stent without cracking or peeling from the struts.
For As,03-eluting stents, As,03 aqueous solution was sprayed onto
the surface of the polymer basecoat, dried in vacuum and covered
by the polymer topcoat. It can be clearly seen in Fig. 2E and F that
As,05 crystals disperse between the basecoat and topcoat. After
expansion (Fig. 2G and H), still no destruction of the coating can
be found, indicating that the introduction of the drug does not
impair the integrity of the polymer coating.

3.3. Hemocompatibility evaluation

Stent coating is important in determining vascular responses,
such as the event cascade beginning with platelet and protein
deposition at the struts, followed by VSMC migration and eventu-
ally neointimal hyperplasia [28]. Fig. 3 shows the results of the
in vitro blood contact test on the surfaces of Co90 and three hepa-

rinized copolymers. All the heparinized copolymers have lower
platelet adhesion compared with the Co90 control group. Fibrino-
gen plays an important role in platelet-surface attachment because
platelet GPIIb/IIla can only recognize the bound fibrinogen, having
undergone appropriate conformational changes [29]. This phe-
nomenon might contribute to the decreased platelet adhesion on
the heparinized copolymers together with the well-known electri-
cal repulsion between the negatively charged heparin and plate-
lets. The heparinized copolymers in Fig. 3B have ~50% lower
protein adsorption than Co90. The polymer surface’s capability of
adsorbing protein from plasma is regulated by ionic, hydrophilic
and/or hydrophobic interactions. The conjugation of heparin with
copolymer not only improves copolymer hydrophilicity but also in-
creases the steric hindrance between the protein and the copoly-
mer surface, both of which are believed to reduce the capability
of adsorbing protein from plasma.

Plasma recalcification time and thromboplastin time are two
parameters for evaluating the in vitro hemocompatibility of mate-
rials [23,26]. When Ca2* (factor IV) is complemented to the antico-
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agulated PPP, prothrombin (factor II) will be activated by the
endogenous blood coagulation system and converted to thrombin
[30]. Thrombin, in turn, will start the formation of insoluble fibrin
from fibrinogen. Fig. 3C shows the plasma recalcification time on
different polymer surfaces, whereas the value on the Co90 surface
is only about 1 min. After heparinizing the copolymers, the plasma
recalcification time increases to around 46, 51 and 57 min for Hep-
C090, Hep-Co80 and Hep-Co70, respectively. As proposed in the lit-
erature [31], some heparin molecules attached on the stent surface
have an epsilon-shaped antithrombin III binding site where circu-
lating antithrombin can become incorporated and catalyze the inhi-
bition of activated coagulation factors, e.g. thrombin. The resultant
inactive antithrombin/thrombin complex is then released into the
bloodstream to enable the active site on the heparin to repeat the
interaction with antithrombin III and create more antithrombin/
thrombin complex [31]. The plasma recalcification time increases
with the increase in the amount of immobilized heparin. The
thromboplastin time for different polymers (Fig. 3D) shows the
same trend. The above results indicate that the anticoagulant activ-
ity of the heparin molecules remained after surface immobilization.

3.4. Hydrolytic degradation and heparin release profile of the coated
stents

For DESs coated with biodegradable polymers, the degradation
properties of the coatings greatly influence their in vivo perfor-
mance [7,32]. The hydrolytic degradation of the stent coatings in
0.001 M PBS aqueous solution (pH 7.4) was evaluated. Fig. 4C
shows a general trend of faster weight loss for the heparinized
copolymer coatings than for Co90. This trend may be attributed
to the improved hydrophilicity by heparin conjugation. With

increasing MBC content, a higher hydrolytical rate can be observed
because of the higher content of hydrophilic carboxyl acid groups
on the side chains of the deprotected polymers and the relatively
lower molecular weight. The total degradation time of these four
stent coatings in PBS was between 3 and 4 months.

Fig. 4A shows a time series of SEM images of Hep-Co90-coated
stents before and after immersion in PBS for 1, 2 and 3 months.
After a 1 month incubation, the initially smooth surface became
porous (Fig. 4A1). Further development of the inner phase could
be observed after 2 months (Fig. 4A2). The pore size and density in-
creased with time of incubation up to 3 months (Fig. 4A3). The film
surface became irregular, rough and porous progressively. After
3 months of incubation, little residual polymer coating could be
observed on the stent surface and the weight loss of the coatings
was above 85%.

Although the examination of the surface morphological changes
of polymer-coated stents using SEM could not elucidate the degra-
dation mechanism, it supplied useful information about the in vivo
degradation properties. Fig. 4B shows the morphological changes of
the Hep-Co90 coating on the stents implanted in porcine coronary
arteries for 1, 2 and 3 months. After 1 month, the coating surface
had become very rough; small fragments of the coating can be ob-
served in Fig. 4B1. The polymer coating can still be observed after
2 months (Fig. 4B2). After 3 months, little residual polymer coating
was present and the stent surface had become smooth again, as
shown in Fig. 4B3. The stent surface was extracted with CH,Cl,
for FTIR analysis. The FTIR spectrum was >98% consistent with that
of cell cytoplasm, also suggesting that there was little residual poly-
mer coating after degradation in vivo for 3 months. Stents coated
with C090, Hep-Co80 and Hep-Co70 had similar results in degrada-
tion and are therefore, omitted from Fig. 4 for simplification.
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Based on the standard absorbance curve (not shown), in vitro
release profiles of heparin from the heparinized-copolymer-coated
stents were obtained, as shown in Fig. 4D. All the copolymer coat-
ings exhibited similar sustained-release profiles of conjugated hep-
arin within 4 months despite their differences in molecular weight
and the content of conjugated heparin. All the conjugated heparin
reached a cumulative release plateau of over 95% after 4 months of
incubation in PBS, which is consistent with their in vitro hydrolytic
degradation properties.

3.5. Endothelialization of stented arteries

The endothelialization of stented arteries (n = 3 for each group)
was examined using SEM at 1 month after stent implantation. In
most reports, there was no significant difference in extensive endo-
thelialization between DESs and BMSs at 28 days post-implanta-
tion in both rabbit and porcine models [33,34]. As shown in
Fig. 5, the arteries treated with BMSs or Hep-Co90-coated stents
were fully endothelialized, the lumen surface of the vessel wall
and the stent struts being covered by confluent endothelial cells.
Although an As,0s-eluting stent was reported to mildly delay
endothelialization in a rabbit iliac artery injury model [20], com-
plete endothelialization with a cobblestone structure covering
the smooth muscle layer could be observed in the present study
when the stents were implanted in porcine coronary arteries. The
fast-release profile of this anti-proliferative agent may contribute
to the rapid endothelialization of As,0s-eluting stents. As shown

in Fig. 6, As,05 could be released completely from the polymer
coating 7 days after implantation. In contrast, in some Hep-Co70-
coated stents, the surfaces were not fully covered by endothelial
cells - possibly due to a severe inflammatory reaction. In siroli-
mus- and paclitaxel-eluting stents, the proliferation of smooth
muscle cells, which causes neointimal thickening, was suppressed,
while the endothelialization of the injured blood vessel might be
delayed by their sustained-release profiles [35-37]. A higher
thrombosis rate will occur if the stent surface is not covered by
endothelial cells. Thus the anti-platelet treatment needs to be
maintained for approximately 6-18 months after the implantation
of DESs. Anti-platelet agents, however, can generate side effects. In
the current clinical trials of As,03-eluting stents in China, anti-
platelet treatment does not need to last for longer than 3 months
because of the fast-release profile and quick endothelialization.
No in-stent thrombosis has been observed up to 9 months for all
the patients (more than 100), indicating the biocompatibility and
high potentials of As,03-eluting stents. In other words, the fast-re-
lease profile of As,03 causes less delay in endothelialization; con-
sequently thrombosis will not form and anti-platelet treatment is
unnecessary for a longer period.

3.6. Histological analysis and morphometric evaluations
The heparinized copolymers synthesized in the present study

are expected to be non-inflammatory and non-thrombogenic coat-
ing materials for As;03 elution. As demonstrated in Fig. 7, the
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Fig. 6. In vitro drug release from the As,03-eluting stents.

effects of the copolymer coatings and As,Os; on restenosis and
inflammation were evaluated in a porcine coronary artery injury
model using BMS as the control group. The morphometric data
obtained from the arteries treated with different stents in Fig. 7
are shown in Fig. 8. Angiograms of the coronary arteries 1, 3 and
6 months after the implantation of As,03-eluting stents are illus-
trated in Fig. 9. No distinctive vessel narrowing and remodeling
effect on the surrounding tissue could be observed after the
coronary arteries were implanted with As,0s-eluting stents.
As;03 had a remarkable effect on reducing neointimal hyperplasia.
No in-stent thrombosis appeared in any stenting groups in the
present study, although late-stage thrombosis in stents with bio-
stable polymer coatings usually happens beyond the six-month
timeframe of our animal study. Meanwhile, no As,03 could be de-
tected in the serum, heart, liver, kidney or stented blood vessel at

day 7 post-implantation. A complete blood cell count showed sim-
ilar results for white blood cell count, platelet count and hemato-
crit among all groups.

As presented in Fig. 8B and C, neointimal area and thickness at
1 month post-implantation were 2.4+ 0.4 mm? 0.29 + 0.04 mm;
33104 mm? 042+0.04mm; 2.3+0.1mm? 0.27+0.02mm;
33203 mm? 042%0.04mm; 4.3+0.1 mm? 057+0.02 mm;
and 2.1+0.2 mm? 0.22 +0.02 mm for BMSs, stents coated with
C090, Hep-C090, Hep-Co80 and Hep-Co070, and As,03-eluting stents,
respectively. Although heparin immobilization is expected to im-
prove the biocompatibility of polymer coatings [38-42], distinctive
vessel narrowing and a remodeling effect on the surrounding tissue
induced by the severe inflammatory response could be observed in
the stents coated with Co90, Hep-Co80 and Hep-Co70, as shown in
Fig. 7B, D and E, respectively. Lymphohistiocytic reactions could be
also seen in these polymer coatings. The adverse reactions found
in the stents coated with Hep-Co80 and Hep-Co70 can be attributed
to their relatively higher degradation rates resulting from their low-
er molecular weights and better hydrophilicity compared with Hep-
C090. Better hydrophilicity may improve the biocompatibility of
non-biodegradable coating materials [43]. For the biodegradable
coating materials used in DESs, however, the rapid water uptake in
the heparinized copolymer with a lower molecular weight leads to
an accelerated rate of ester hydrolysis compared with the copoly-
mers with higher molecular weights and consequently stimulates
additional inflammation and neointimal hyperplasia [44].

In contrast to the severe neointimal response induced by the
C090, Hep-Co80 and Hep-Co70 coatings exemplified in Fig. 7H
and |, only a mild inflammatory response of fibromuscular prolifer-
ation could be observed around the struts of Hep-Co90-coated
stents (Fig. 7G) when implanted in porcine coronary arteries. The
stented blood vessels were also stained using a standard protocol
for hematoxylin and eosin. An immunohistochemistry procedure
was used to stain the antigen CD3, a marker of T lymphocytic cells.
The ratios of CD3-positive cell for BMSs, Co090, Hep-Co90,
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by inflammatory cells (arrows).

Hep-Co80, Hep-Co70 and As,0s-eluting stents were 20.6 +4.1%,
26.7 +6.4%, 19.8+4.5%, 28.6+6.1%, 31.4+7.3% and 6.7 +2.9%,
respectively. The above results indicate that heparin immobiliza-
tion greatly improves the biocompatibility of the coating material
when the LA content is 90% in the copolymers. Hep-Co90 is much
more suitable as a drug vehicle for DESs than Co90 and the other
two heparinized copolymers, and thus was selected to fabricate
As,05-eluting stents. As shown in Fig. 8D, the cross-sectional area
stenosis in the arteries treated with Hep-Co90-coated stents was
significantly lower (33 + 5%) than those having the stents coated
with Co90 (49 + 2%, p = 0.005), Hep-Co80 (49 + 4%, p = 0.033) and
Hep-Co70 (62 +5%, p<0.001), whereas no significant difference
could be observed between BMSs, Hep-Co90-coated stents and
As,03-eluting stents at this time point (p = 0.697 between BMSs
and Hep-Co90-coated stents; p = 0.075 between BMSs and As,03-
eluting stents). As shown in Fig. 8A, the corresponding lumen area
for BMSs, Hep-Co90-coated stents and As,0Os-eluting stents was
43+0.2,4.4+0.2 and 5.0 + 0.2 mm?, respectively.

At 3 months, neointimal areas and thickness were 2.8 + 0.4 mm?,
0.35+0.05mm; 3.9+04mm? 052%0.05mm; 3.0+0.3 mm?
0.38+0.04 mm; 4.1+0.2mm? 0.55+0.05mm; 4.6+ 0.3 mm?

0.66+0.03mm; and 2.85%0.4 mm? 0.24+0.04mm for BMSs,
stents coated with Co90, Hep-C090, Hep-Co80 and Hep-Co70, and
As,03-eluting stents, respectively. The cross-sectional area stenosis
of Hep-Co90-coated stents was also significantly lower (45 * 2%)
than the stents coated with Co90 (57 = 3%, p =0.022), Hep-Co80
(62 £ 3%, p=0.018) and Hep-Co70 (70 + 2%, p = 0.001). There were
still no significant differences between BMSs, Hep-Co90-coated
stents and As,0s-eluting stents at this time point (p = 0.697 between
BMSs and Hep-Co90-coated stents; p = 0.188 between BMSs and
As,0s-eluting stents). The corresponding lumen area for BMSs,
Hep-Co90-coated stents and As,0Os-eluting stents was 3.8 £ 0.4,
3.7 £0.2 and 4.5 £ 0.2 mm?, respectively.

At 6 months, neointimal areas and thickness were 3.1 + 0.3 mm?,
0.40+0.04 mm; 4.2+03 mm? 0.58+0.04mm; 3.3+0.3mm?
0.37+0.04 mm; 4.4+03mm? 0.61+0.03mm; 5.4+0.3mm?
0.82 +0.03 mm; and 2.3 + 0.3 mm?,0.27 = 0.04 mm for BMSs, stents
coated with Co90, Hep-Co090, Hep-Co80 and Hep-Co70, and As,03-
eluting stents, respectively. Generally speaking, neointimal growth
after BMS implantation in porcine coronary arteries peaks at
1 month and then decreases for the next 3-6 months [45]. The
one-month time point is normally chosen for the maximal intimal
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Fig. 8. Histomorphometric analysis on (A) lumen area, (B) neointimal area, (C) neointimal thickness and (D) stenosis of the arteries treated with BMSs, polymer-coated stents
and As,0s-eluting stents. Results are presented as means * standard error of the mean (n = 7 per group). There are significant differences between Hep-Co90-coated stents
and stents coated with Co90, Hep-Co80 and Hep-Co70 at 1, 3 and 6 months (p < 0.01). There is no significant difference between BMSs and Hep-Co90-coated stents (p > 0.05).
There is a significant difference between As,0s-eluting stents and BMSs at 6 months (p < 0.01).

thickening of BMSs while assessment at later time points can con-
firm the stability and possible regression of intimal thickening at
3-6 months [45]. In this study, no significant difference (p > 0.05)
could be observed for BMSs in neointimal area, thickness and steno-
sis at 1, 3 and 6 months post-implantation. The cross-section area
stenosis of Hep-Co90-coated stents (49 * 2%) was still significantly
lower than those of stents coated with Co90 (64 + 3%, p = 0.005),
Hep-Co80 (65 + 4%, p=0.006) and Hep-Co70 (81 + 4%, p <0.001).
The lumen area in the porcine coronary arteries treated with
As,03-eluting stents was 32.4% higher than those treated with BMSs,
while the neointimal area, neointimal thickness and stenosis all sig-
nificantly decreased, by factors of 25.8%, 32.5% and 31.2%,
respectively.

It is intriguing how As,0s-eluting stents could suppress neoin-
timal formation and reduce arterial stenosis up to 6 months con-
sidering that the vessel remodeling process lasts for 2-3 months
while the drug is completely released within 7 days. It can be ten-
tatively interpreted that the mechanism of elution in As,0s-eluting
stents is different from those in sirolimus- and paclitaxel-eluting
stents. Sirolimus inhibits VSMC proliferation by blocking the cell
cycle in the G1 (growth) phase, when RNA is produced and pro-
teins are synthesized [20]. Paclitaxel works by binding to polymer-
ized tubulin, thereby stabilizing it against disassembly and
inhibiting cell mitosis (the G2/M phase of cell cycle) [20]. The
effects of As,0s-eluting stents are associated with a stronger inhi-
bition of VSMC growth and cell cycle, as well as with the induction
of apoptosis in VSMCs [20]. VSMC proliferation is a major reason
for neointimal hyperplasia after stent implantation [46,47]. As
reported earlier [48], the peak of neointimal cell proliferation

occurred 1 week after balloon denudation of the rat aorta. It is
therefore, critical to inhibit the proliferation of neointimal cells
at 1 week after stent implantation. As demonstrated in Fig. 10D,
many TUNEL-positive cells were scattered throughout the stented
blood vessels with As,0s-eluting stents at 7 days post-implanta-
tion. The quantification of the TUNEL staining in the stented
arteries is shown in Fig. 10E, indicating that TUNEL-positive cells
were 65.4 £ 9.1% of the total number of VSMCs in the arteries trea-
ted with As,0s-eluting stents. In contrast, only 15.1+5.4%,
16.2+6.1% and 18.4 + 8.7% of VSMCs were TUNEL-positive in the
arteries with BMSs, Hep-Co90 and Hep-Co70-coated stents, respec-
tively. Most VSMC apoptosis was observed in the first week after
implantation. Consistent with our results, As,Os-eluting stents in
the previous rabbit model induced more VSMC apoptosis than pac-
litaxel eluting stents, and VSMC apoptosis was mostly observed in
the first week after stent implantation [20]. Drugs that interfere
early in the cell cycle (early G1 or pre-G1) are considered to be
cytostatic and elicit less cellular necrosis and inflammation than
the agents that affect the cell cycle at a later stage [49]. Consistent
with the earlier findings [20], As,05 can first inhibit VSMC prolifer-
ation by reducing the cells in G1 stage and then induce VSMC
apoptosis, which may provide an alternative with potentially lower
toxicity.

3.7. Further discussion
Polymer-coated stents developed in this study not only improve

the biocompatibility of the stent surface but also control the re-
lease of the vasoactive drug, As,0s, from the coatings. Neointimal
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Fig. 9. Angiograms of the coronary arteries after the implantation of As,0s-eluting stents. (A) Injury/stent sites with expanded stents; (B) after the procedure; (C) at 1 (C1), 3
(€2) and 6 months (C3) post-implantation. The amount of As,03 was 40 pg per stent. The arrows indicate injury/stent sites.
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Fig. 10. TUNEL staining of the stented coronary arteries 7 days post-implantation of (A) BMS, (B) Hep-Co90-coated stent, (C) Hep-Co70-coated stent and (D) As,03-eluting
stent. Apoptotic cells are indicated by their brown nuclear staining. The sections were counterstained with hematoxylin. The scale bar in D indicates 50 um and is also
applicable for (A-C). (E) Percentage of total cell counts that are TUNEL-positive. There is a significant difference between the As,0s-eluting stents and the other stents

(p<0.01).

hyperplasia and restenosis are closely related to platelet adhesion,
aggregation and thrombus formation [50], while BMSs cause
increased intimal thickness, persistent intimal fibrin deposition,
intra-intimal hemorrhage, and increased intimal and adventitial
inflammation [51,52]. Although no in-stent thrombosis was ob-
served in any stenting groups studied here and the efficacy of the
heprinized copolymers in reducing the rate of thrombosis is yet
to be tested in vivo, it is evident that heparin immobilization can
greatly improve the biocompatibility of the coating material used

in DESs. Only a mild lymphohistiocytic reaction of the artery was
present in BMSs because BMSs elicited a rather limited inflamma-
tory response of fibromuscular proliferation. Morphologically,
there are two types of neointimal proliferation: fibromuscular pro-
liferation and lymphohistiocytic inflammation [43]. The former
consists of proliferating mesenchymal spindle cells in a dense col-
lagenous matrix; the latter consists of an active inflammation with
lymphocytes and histiocytes, multi-nucleated giant cells and often
eosinophils in an edematous matrix of granulation tissue [43]. In
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the stents coated with fast-degrading Hep-Co80 and Hep-Co70,
intimal proliferation was severe and belonged to the lymphohisti-
ocytic type. The accumulation of inflammatory cells will stimulate
growth factor and cytokine release, which in turn promote neoin-
timal formation and eventually narrow the intra-stent lumen. In
Hep-Co90-coated stents with slower degradation, only a mild
inflammatory response of the fibromuscular type could be
observed up to 6 months. The degree of neointimal proliferation
induced by Hep-Co90-coated stents was comparable to that by
BMSs, indicating the high potentials of Hep-Co90 as an appropriate
biocompatible and biodegradable stent coating material and a car-
rier for As,03 elution.

For DESs, the amount of coating material plays a pivotal role in
foreign body reaction and inflammation formation. Because only
40 pg of As,05 is needed in one As,03-eluting stent, the amount
of polymer coating is as tiny as 40-60 pg, which is much lower
than those used in sirolimus- and paclitaxel-eluting stents [5,7].
As a result, the inflammatory reaction caused by polymer degrada-
tion is expected to be reduced in As,0s-eluting stents and conse-
quently the long-term safety and efficacy of such stents could be
improved.

4. Conclusions

In summary, three heparin-immobilized biodegradable PLM
copolymers of 1-lactide (LA) and 5-methyl-5-benzyloxycarbonate-
1,3-dioxan-2-one (MBC) with different LA contents (90%, 80% and
70%) have been synthesized and used as biodegradable coating
materials to fabricate As,03-eluting stents for inhibiting thrombo-
sis, inflammation and late-stage restenosis. Strong evidence has
been presented in porcine coronary arterial implantations that
inflammation formation, neointimal hyperplasia and restenosis
for biodegradable stent coatings are closely related to their bio-
compatibility and degradation properties. Heparin immobilization
has greatly improved the biocompatibility of the coating polymers.
Stents coated with Hep-C090, a heparinized copolymer with a LA
content of 90%, have demonstrated superior results regarding
inflammation and foreign body reactions over the stents coated
with the precursor copolymer Co90 and other heparinized copoly-
mers with lower LA contents, Hep-Co80 and Hep-Co70. Conse-
quently, Hep-Co90 was chosen as the carrier for As,Os elution.
The As,0s-eluting stents did not delay healing in a porcine coro-
nary artery injury model. At 1 and 3 months post-implantation,
there was no significant difference between BMSs and As,03-elut-
ing stents regarding of the histological parameters, including
lumen area, neointimal area, neointimal thickness, and percent
neointimal stenosis. At 6 months, As,03-eluting stents significantly
reduced neointimal area and thickness compared with BMSs. TUN-
EL staining of the stented arteries demonstrated that As,0s-eluting
stents reduced the neointimal hyperplastic response to injury
through inhibiting the cell cycle and inducing VSMC apoptosis.
Further investigations are necessary to confirm the long-term ef-
fects and the effects in inhibiting late-stage thrombosis beyond
6 months, and to define the full pharmacokinetic profile, including
dose-response relationships and efficacy in the presence of other
treatment regimens. Together with the earlier study using a rabbit
iliac artery injury model, this study and preliminary results from
human clinical trials suggest that the As,0s-eluting stent may rep-
resent a useful device in preventing in-stent restenosis.

Acknowledgements

This work was supported by the 863 Project of 2007AA02Z450
from the Ministry of Science and Technology of China. We thank
Jianguo Jia, Wei Yang and Ruiming Yao, of the Shanghai Institute

of Cardiovascular Diseases, for their help with the animal implan-
tations. We also thank Shanghai Aosi Biological Technology Service
Co., Ltd. for help with the histological analysis. The detailed and
helpful comments from the reviewers are gratefully appreciated.

Appendix A. Figures with essential colour discrimination

Certain figures in this article, particularly Figs. 4, 5, 7 and 10 are
difficult to interpret in black and white. The full colour images can
be found in the on-line version, at doi:10.1016/j.actbio.
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