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Biodegradable magnesium-based materials have a high potential for cardiovascular stent applications;
however, there exist concerns on corrosion control and biocompatibility. A surface-eroding coating of
poly(1,3-trimethylene carbonate) (PTMC) on magnesium (Mg) alloy was studied, and its dynamic degra-
dation behavior, electrochemical corrosion, hemocompatibility and histocompatibility were investigated.
The PTMC coating effectively protected the corrosion of the Mg alloy in the dynamic degradation test. The
corrosion current density of the PTMC-coated alloy reduced by three orders and one order of magnitude
compared to bare and poly(e-caprolactone) (PCL)-coated Mg alloy, respectively. Static and dynamic blood
tests in vitro indicated that significantly fewer platelets were adherent and activated, and fewer erythro-
cytes attached on the PTMC-coated surface and showed less hemolysis than on the controls. The PTMC
coating after 16 weeks’ subcutaneous implantation in rats maintained �55% of its original thickness
and presented a homogeneously flat surface demonstrating surface erosion, in contrast to the PCL coated
control, which exhibited non-uniform bulk erosion. The Mg alloy coated with PTMC showed less volume
reduction and fewer corrosion products as compared to the controls after 52 weeks in vivo. Excessive
inflammation, necrosis and hydrogen gas accumulation were not observed. The homogeneous surface
erosion of the PTMC coating from exterior to interior (surface-eroding behavior) and its charge neutral
degradation products contribute to its excellent protective performance. It is concluded that PTMC is a
promising candidate for a surface-eroding coating applied to Mg-based implants.

� 2013 Acta Materialia Inc. Published by Elsevier Ltd. All rights reserved.
1. Introduction

Most current conventional bare metal stents and drug eluting
stents are made of non-degradable metals and polymers, which
may negatively interact with the surrounding tissues in chronic
pathological response stage [1–3]. These side-effects include
long-term endothelial dysfunction, delayed re-endothelialization,
late thrombosis, permanent physical irritation, toxic metal ion re-
lease, local chronic inflammation and, importantly, non-permissive
or disadvantageous properties for later surgical revascularization
[4–6]. One remedy to these complications is the development of
more biocompatible and degradable stents. Ideally, implanted
stents are expected to degrade or be absorbed after they fulfill
the aim of strutting the stenosed vessel and repairing the damaged
tissue [7–9].

In the past decade, magnesium-based materials have received
considerable attention as a promising candidate for a new genera-
tion of biodegradable stent materials, owing to their in vivo degra-
dation characteristics [10], non-toxicity [11], excellent mechanical
properties and benign manufacturing performance [12], as well as
abundant availability of the raw material. However, the major
obstacle for clinical applications of Mg-based materials is control-
ling the high corrosion rate [13,14]. Negative effects of fast degra-
dation include the formation of hydrogen bubbles [15,16],
hemolytic reactions due to high local pH value [17] and a prema-
ture loss of mechanical strength of the stent during the period of
time required for healing.
d stent
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Many efforts have been devoted to increase the corrosion resis-
tance of the magnesium via surface modification [13,18,19] includ-
ing microarc oxidation [20–22], anodization treatment [23], steam
treatment [24], alkaline heat treatment [25], fluoride treatment
[26,27], electro-deposition [28], phosphating treatment [29], laser
shock peening [30], ion implantation [31], physical vapor deposi-
tion [32] and polymer coating [33,34]. Comparatively, biodegrad-
able polymer coatings may be superior to others in many aspects
[35]. However, coatings with suitable durability and good biocom-
patibility still have not been achieved yet, and are highly desirable
for the clinical requirements of Mg-based cardiovascular stents.
Recent studies have shown that some biodegradable polymer coat-
ing candidates, e.g. PLA, PCL and PGA, undermine rather than en-
hance corrosion resistance of Mg-based metal [36] owing to a
bulk erosion behavior of these polymers [37] and acidic product
generation upon degradation of these coatings [38]. Therefore, a
surface eroding polymer exhibiting homogeneous erosion from
exterior to interior with neutral degradation products may be a
more suitable coating for Mg-based implants.

In this study, a surface-eroding polymer, PTMC, is carefully
screened as a coating material for Mg alloys. Their corresponding
degradation behavior as well as blood and tissue compatibility
are systematically investigated. The degradation performance and
mechanism are also discussed. The feasibility to use the PTMC-
coated Mg alloy as cardiovascular stent is also evaluated.
2. Experimental

2.1. Preparation of material and coating

High-purity Mg alloy (MgZnMn) with 1 wt.% zinc (Zn) and
0.2 wt.% manganese (Mn) was prepared by melting and extruding
to rod shape. Strip specimens 15 mm in length, 5 mm in width
and 1.5 mm in height were used for in vitro degradation tests. Disk
specimens with a diameter of 10 mm and a height of 1.5 mm were
prepared for in vitro hemocompatibility evaluations. Wire speci-
mens with a diameter of 1 mm and a length of 10 mm were applied
for the in vivo studies. The MgZnMn specimens were first ground
with SiC paper progressively up to 4000 grits and then mechani-
cally polished with 1 lm diamond cloth followed by ultrasonic
cleaning with acetone and ethanol, and dried at room temperature.
The morphology of the specimen after polishing was examined by
a field emission scanning electron microscope (FE-SEM, JSM-
7001F, Japan).

PTMC (–(COOCH2CH2CH2–O)n–) and PCL (–(COOCH2CH2CH2-

CH2CH2)n–) with an average molecular weight of �500,000 g mol�1

and �100,000 g mol�1, respectively (Jinan Daigang Biomaterial Co.,
Ltd, China), were dissolved in dichloromethane (analytical grade)
at a concentration of 1 wt.%. The polymer coatings on the alloy
were fabricated via evaporation of the organic solvent from the
respective coating solution. In the evaporation process, the solvent
volatilization rate of 2 ml h�1 and temperature of 20 �C were main-
tained for 24 h, thereby standardizing the thickness, homogeneity
and adhesiveness of the coating. Uncoated and PCL-coated
MgZnMn specimens were treated as controls. Surface morphology
and the thicknesses of the polymer coating were observed by FE-
SEM imaging.
2.2. In vitro degradation tests

Dynamic degradation tests and electrochemical corrosion mea-
surements were performed in modified simulated body fluid (m-
SBF) for evaluating degradation properties of the uncoated, PCL-
coated and PTMC-coated MgZnMn alloy.
Please cite this article in press as: Wang J et al. A surface-eroding poly(1,3-trime
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2.2.1. Dynamic degradation test
Dynamic degradation tests were conducted on a platform de-

signed to mimic the environment encountered by stents in coro-
nary arteries with a constant laminar flow [39]. m-SBF was
chosen as a pseudo-physiological solution due to its stability and
similar ion composition as human blood plasma [39]. Benzyl-pen-
icillin sodium and streptomycin sulfate were added to m-SBF to in-
hibit the growth of bacteria. The m-SBF volume was kept at 300 ml.
The pH value of the solution was adjusted to 7.4 at 37 ± 0.2 �C prior
to the test. The shear stress applied on the inner surface of the
specimen was controlled to 0.68 Pa by modifying the flow rate of
solution according to the following formula [40]:

s ¼ 32gQ=ðpD3Þ ð1Þ

where s is shear stress (0.68 Pa), g is liquid viscosity (3.5 mPa s), Q
(65 ml min�1) is the flux of the solution and D (3.8 mm) is the diam-
eter of the lumen of the specimen.

During the dynamic degradation experiment, specimens were
taken from the platform at set intervals and their mass was deter-
mined after drying in a vacuum oven at 37 �C for 2 h. The corre-
sponding pH value of the solution was recorded by a PHS-3C pH
meter (Lei-ci, China). The concentration of Mg2+ in the solution
was measured by inductively coupled plasma atomic emission
spectrometry (AA800, PE, USA) and corrected for subtraction of
the initial concentration of Mg2+ in m-SBF. Representative surface
and cross-section morphologies and the coating thickness of the
specimens were observed by FE-SEM. Those specimens for cross-
section observation were brittle-fractured by immersing into li-
quid nitrogen. In addition, the surface chemical compositions of
PTMC-coated MgZnMn subject to 30-day degradation tests were
measured by X-ray photoelectron spectroscopy (XPS; XSAM800,
Kratos Ltd, UK). The instrument was equipped with a monochro-
matic Al Ka (1486.6 eV) X-ray source operated at 12 kV � 15 mA
at a pressure of 2 � 10�7 Pa. The C 1s peak (binding energy
284.8 eV) was used as a reference for calibration.

2.2.2. Electrochemical corrosion tests
Electrochemical corrosion tests were conducted on an electro-

chemical workstation (IM6, Zahner, Germany) with a three-elec-
trode set-up: the specimen as working electrode, a platinum
sheet as counter-electrode and a saturated calomel electrode
(SCE) as reference electrode. 50 ml deoxygenated m-SBF incubated
in a water bath at 37 ± 0.2 �C served as electrolyte. The samples
were sealed by silicon rubber with an uncovered working surface
area of 0.75 cm2. Potentiodynamic polarization curves were
scanned from �2 V to �1 V at a scan rate of 2 mV s�1. The natural
corrosion current (Icorr) and natural corrosion potential (Ecorr) were
determined by the Tafel extrapolation. The surface morphologies of
the resultant specimens were observed by FE-SEM. The electro-
chemical impedance spectroscopy (EIS) measurement was done
in the same set-up, with a scanning frequency range from 104 to
10�3 Hz, by a single AC mode of amplitude of 10 mV. EIS spectra
were shown by Nyquist plots, and were quantitatively simulated
using corresponding equivalent circuits.

2.3. In vitro hemocompatibility

Human whole blood was obtained from the central blood sta-
tion of Chengdu, China according to standard legal protocols, and
was used within 12 h after the donation. Citrate acid was added
to the blood as an anticoagulant. The samples subjected to hemo-
compatibility tests included 316L stainless steel (316L SS),
MgZnMn, PCL-coated MgZnMn and PTMC-coated MgZnMn. The
number of parallel samples used for statistical count was not less
than six.
thylene carbonate) coating for fully biodegradable magnesium-based stent
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2.3.1. Hemolysis
Blood solution was prepared by dilution of 4 ml of whole blood

with 5 ml of 0.9% (w/v) sodium chloride solution. Every sample
was immersed in 9.8 ml 0.9% (w/v) sodium chloride solution. Addi-
tionally, the 9.8 ml of 0.9% (w/v) sodium chloride solution (nega-
tive controls) and 9.8 ml double distilled water (positive
controls) were prepared. All the samples were kept at 37 �C for
30 min and then mixed with 0.2 ml of the diluent blood at 37 �C
for 60 min. All samples were centrifuged at 3000 rpm for 5 min.
The supernatant of each sample was collected and absorbance
was measured with a microplate reader at 540 nm to determine
the y of cells undergoing hemolysis. Hemolysis ratio is calculated
as follows:

R ¼ ðA� C1Þ=ðC2� C1Þ100% ð2Þ

where R is the hemolysis ratio (%), A is the absorbance of the sample
(%), C1 is the absorbance of the negative controls (%) and C2 is the
absorbance of the positive control (%).

2.3.2. Static platelet incubation
Static platelet incubation was carried out to evaluate thrombog-

enicity of the samples and to examine the interaction between
blood and the materials in vitro. In this test, platelet-rich plasma
(PRP) was prepared by centrifuging human whole blood containing
3.8 wt.% citrate acid at 1,500 rpm for 15 min. Then 60 ll of PRP was
placed individually on top of each sample, and incubated at 37 �C
for 2 h. After this, the samples were rinsed gently with phosphate
buffer solution (PBS) three times, and 60 ll of 2.5% glutaraldehyde
solution was placed on the samples for 30 min. After rinsing with
PBS three times, the samples were dehydrated sequentially in
50%, 75%, 90% and 100% ethanol solution. Finally, the samples were
sputter-coated with gold, and imaged by FE-SEM.

2.3.3. Human whole blood adhesion experiments in flow chamber
Human whole blood adhesion tests were conducted in a closed

flow chamber using 50 ml of the citrated whole blood (0.5 U ml�1)
in vitro (Supplementary materials, Fig. S1). All the samples were
simultaneously exposed for 2 h to a flow of 65 ml min�1 at a tem-
perature of 37 �C. At the end of this test, the samples in the cham-
ber were rinsed with PBS at a slow flow rate of 10 ml min�1. Then
the samples were removed and fixed in glutaraldehyde solution,
and dehydrated in ethanol solutions as described above, and ob-
served by FE-SEM.

2.4. In vivo animal study

To assess biointegration and the local effects of an implant in
contact with living tissue, uncoated, PCL-coated and PTMC-coated
MgZnMn wires were implanted subcutaneously in rats. The thick-
nesses of the polymer coatings were �10 lm. For pre-measuring
the coating thickness, the PTMC- and PCL-coated MgZnMn wires
for cross-section observation were brittle-fractured by immersing
in liquid nitrogen. The formal specimens were sterilized by ultravi-
olet radiation prior to surgery. The number of parallel samples and
rats used for statistical count was not less than three.

2.4.1. Surgery
The anesthetic, surgical and post-operative care protocols were

taken from the international guidelines on animal experiments,
and approved by the institutional committee for care and use of
laboratory animals. Six three-month old female Sprague–Dawley
rats weighing 250–275 g from the Laboratory Animal Unit of The
University of Sichuan were used in this study. Each rat was anes-
thetized with 0.4 ml of pentobarbital sodium (30 mg ml�1) by sub-
cutaneous administration. After shaving and disinfection,
subcutaneous pockets were made to three incisions on the back
Please cite this article in press as: Wang J et al. A surface-eroding poly(1,3-trime
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of each rat. The PTMC-coated, PCL-coated and uncoated MgZnMn
wires were placed in each pocket in the same rat. After 16 and
52 weeks, the implanted wires containing the surrounding tissue
were harvested for analysis.

2.4.2. Morphology analysis of implants
The samples after 16 weeks’ implantation were fixed in 10%

buffered formalin for 3 days. A dehydrating process was performed
using 70%, 80%, 90% and 100% ethanol, sequentially. The samples
were immersed in each of the ethanol solutions for 12 h, and then
brittle-fractured by immersion in liquid nitrogen. For one part of
some samples, the tissue and polymer were removed to observe
the corrosive surface of the metal wires. Another part was prepared
for observation in the cross-section. The implants were sealed in
the mixture of epoxy and hardener to protect corrosion products.
The cross-sections of the samples were mechanically ground to
1200 grit on SiC paper. The fine polishing was done using 1 lm dia-
mond polishing paste. Samples were analyzed by X-ray computed
tomography (GE Phoenix Nanotom-M™, GE Sensing & Inspection
Technologies GmbH). In the nano-CT analysis for samples after
16 and 52 weeks’ implantation, the two-dimensional (2-D) planes
and the three-dimensional (3-D) models were reconstructed using
the phoenix datos|x software. The residual implant and corrosion
product volumes were then analyzed using VG Studio Max soft-
ware (v 2.1).

2.4.3. Histological evaluation
Samples were fixed in 10% buffered formalin, dehydrated in

graded alcohol solutions and then embedded in paraffin. Histolog-
ical sections (�2 lm) were stained with hematoxylin and eosin,
mounted in permount solution, and imaged using an Olympus
BX51, DP70 bright-field microscope.

2.5. Statistical analysis

The statistical significance of differences between groups was
determined using one-way ANOVA followed by post-hoc analysis.
Significance was established by a value of p < 0.05.Data are ex-
pressed as mean ± standard deviation (SD).
3. Results

3.1. In vitro degradation tests

3.1.1. Dynamic degradation test
The dynamic degradation rate of the PTMC-coated MgZnMn

was significantly lower than that of the uncoated and PCL-coated
MgZnMn (Fig. 1). The PTMC-coated MgZnMn also exhibited the
least increase of pH, Mg2+ release, and weight loss during the deg-
radation, as compared with the uncoated and PCL-coated counter-
parts. After 30 days, the pH value of PTMC-coated MgZnMn
solutions was still �7.4 and the concentration of released Mg2+

did not exceed 3 mg l�1 cm�2 concomitant with a weight loss of
8 mg cm�2. In contrast, the uncoated and PCL-coated MgZnMn
showed a sharp increase of pH, significant Mg2+ release, and weight
loss at early degradation stages and maintained a steady increase
for all three values during the remainder of the experiment.

Corrosion morphologies for each type of samples at different
intervals of the dynamic degradation process were presented
(Fig. 2). The surface morphologies of all samples were fairly
smooth and clean before and after coating (Fig. 2a, e and i). After
5 days of the degradation, the MgZnMn alloy surface was covered
by a network of cracks (Fig. 2b), probably due to the corrosion
along the grain boundaries. After 15 days, some corrosion products
emerged on the cracked surface (Fig. 2c), and after 30 days, sheet
thylene carbonate) coating for fully biodegradable magnesium-based stent
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Fig. 1. Graphs charting the dynamic degradation of the uncoated, PCL-coated and PTMC-coated MgZnMn samples in m-SBF (37 ± 0.2 �C) as a function of time: (a) pH value of
m-SBF; (b) the concentration of magnesium ion release; (c) weight loss of the specimens.

Fig. 2. Scanning electron micrographs of the surface morphologies of the uncoated, PCL-coated and PTMC-coated MgZnMn samples in dynamic m-SBF (37 ± 0.2 �C) after 0, 5,
15 and 30 days. Scale bar: 20 lm (unless otherwise stated).

4 J. Wang et al. / Acta Biomaterialia xxx (2013) xxx–xxx
crystal products fully covered the surface (Fig. 2d). The imaging of
the PCL-coated MgZnMn after 5 days presented topography consis-
tent with micropore eroding behavior (i.e. bulk erosion), as shown
in Fig. 2f. After 15 days, the fragmentation of the polymer can be
observed, and the MgZnMn substrate was partly exposed to the
medium (Fig. 2g). After 30 days, the micrograph of residual poly-
mers combined with the sheet crystal corrosion products of Mg al-
loys formed (Fig. 2h), indicating that the substrate had already
been corroded. Significantly, the PTMC-coated MgZnMn sample
still maintained a remarkably smooth and homogeneous surface
after 30 days, with minimal damage phenomena found on the
polymeric surface (Fig. 2j–l). Furthermore, no Mg peak was de-
tected in XPS measurements (Supplementary materials, Fig. S2).
These results confirm that the PTMC coating effectively protects
the Mg alloy substrate during the 30 day exposure to flowing m-
SBF solution.

Cross-section SEM images (Fig. 3) of the interface between the
polymer coating and metal substrate at different intervals further
illustrate the differences between the corrosion and protective
properties of the two polymers. The thicknesses of the each coating
were both initially 10 lm before degradation testing (Fig. 3a and
d). After 10-days’ degradation, the PCL coating presented typical
Please cite this article in press as: Wang J et al. A surface-eroding poly(1,3-trime
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bulk-eroding characteristics with non-uniform degradation. Severe
localized pitting corrosion of the exposed substrate (Fig. 3b in the
frame) was observed. After 30 days, the interface between the
polymer coating and metal substrate was less distinct. In contrast,
the PTMC coating degradation fits well with a surface-eroding
model from exterior to interior. Its thickness was uniformly
thinned, and after 10 days, a homogeneous PTMC layer with a
thickness of 8.5 lm remained on the intact substrate. Even after
30 days, the remaining PTMC coating had a thickness of �5.5 lm
and still fully enveloped the substrate, although underneath mod-
erate substrate corrosion emerged. Thus, the surface-eroding deg-
radation of PTMC coating presented a predictable constant erosion
rate of�4.5 lm per month in m-SBF under dynamic test conditions
and significantly retarded the corrosion process of Mg alloy
substrate.

3.1.2. Electrochemical corrosion measurements
The polarization curves of the PTMC-coated, PCL-coated and un-

coated MgZnMn are shown in Fig. 4a. Natural corrosion current Icorr

and natural corrosion potentials Ecorr were determined by the Tafel
extrapolation method [41], and the calculated values are listed in
Table 1. Icorr of the PTMC-coated MgZnMn is over three orders of
thylene carbonate) coating for fully biodegradable magnesium-based stent
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Fig. 3. Cross-section SEM morphologies of the PCL-coated and PTMC-coated MgZnMn samples in dynamic m-SBF (37 ± 0.2 �C) after 0, 10 and 30 days. The thickness of the
polymer coating is indicated by the blue arrows. Scale bar: 20 lm.

Fig. 4. Graphs of electrochemical measurements of the uncoated, PCL-coated and PTMC-coated MgZnMn samples in m-SBF (37 ± 0.2 �C): (a) polarization curves, (b)
impedance spectrum and equivalent circuit model of the spectrum (inset is impedance spectrum at high frequencies).

Table 1
Electrochemical IE and EIS fitted parameters for bare, PCL-coated and PTMC-coated MgZnMn samples in m-SBF (37 ± 0.2 �C).

Sample Parameters

Icorr (nA cm�2) Ecorr (V) Rs (X) Rct (kX) Qdl (nF) Rp (kX) Qp (nF)

MgZnMn 19,054.6 �1.694 92.89 1.34 3372 – –
MgZnMn–PCL 1,625.5 �1.604 89.38 69.67 105.2 11.93 9.06
MgZnMn–PTMC 15.1 �1.478 90.12 363.2 83.88 27.78 0.36
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magnitude lower than that of the uncoated MgZnMn, and one or-
der lower than that of the PCL-coated MgZnMn. From the thermo-
dynamic point of view, Ecorr of the PTMC-coated MgZnMn is higher
than that of the uncoated and the PCL-coated MgZnMn by 216 mV
and 90 mV, respectively. After the corrosion test, SEM imaging of
the surface of the PTMC-coated MgZnMn revealed an intact,
smooth and homogeneous surface, whereas some micropores were
visible on the PCL-coated MgZnMn as well as a number of serious
and large corrosive caverns on the surface of the MgZnMn sample
(Supplementary materials, Fig. S3).

Corrosion mechanisms amongst the three samples were ana-
lyzed by EIS spectra and presented in Nyquist mode. Correspond-
ing equivalent circuits for data fitting were developed and
schematically inserted in EIS plots (Fig. 4b). The EIS response of
the uncoated MgZnMn alloy can be fit with one time constant
(Fig. 4b, inset), and modeled with the following components:
where Rs, the testing solution resistance, is in series with a parallel
circuit consisting of Rct and Qdl, the reaction resistance associated
with interfacial charge transfer reaction process and capacitance
Please cite this article in press as: Wang J et al. A surface-eroding poly(1,3-trime
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associated with the electrolyte double layer established at the
interface, respectively. This circuit is denoted Rs(Qdl Rct). Addition
of the polymer coating and EIS analysis reveal spectra described
by two time constants (Fig. 4b). However, the PCL and PTMC poly-
mers undergo different degradation pathways and thus the equiv-
alent circuit models differed for the two samples. For the PTMC-
coated MgZnMn, a model of Rs (Qdl Rct) (Qp Rp) was employed to
fit the data, where Rp and Qp are identified as the resistance and
capacitance pertaining to the polymer coating, respectively. The
model of Rs (Qdl (Rct (QpRp))) was more suitable for the PCL-coated
MgZnMn EIS response due to the fact that the bulk erosion of the
PCL coating and the Mg alloy substrate corrosion are likely to occur
simultaneously.

The fitted parameters of the impedance spectra are summarized
in Table 1. The value of the reaction resistance Rct is characteristic
of the corrosion resistance of the polymer coatings and is worth
comparing to determine the relative protective effect of each poly-
mer. The Rct value of the PTMC-coated MgZnMn is over two orders
of magnitude larger than that of the uncoated MgZnMn sample and
thylene carbonate) coating for fully biodegradable magnesium-based stent
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over one order of magnitude larger than that the Rct value of the
PCL-coated MgZnMn. The modeled resistance of the PTMC coating,
Rp, was also substantially higher, indicating an impeding effect on
corrosion of the MgZnMn interpreted to be due to the protection of
the PTMC coating acting as an ion conduction barrier. EIS analysis
of the electrochemical corrosion testing suggests that PTMC coat-
ing is a superior protective barrier for the MgZnMn alloy in terms
of corrosion resistance in dynamic m-SBF solution as compared to
PCL coating.

3.2. In vitro hemocompatibility

3.2.1. Hemolysis ratio
The hemolysis ratio (HR) is widely used to evaluate the destruc-

tive degree of any implant material to erythrocytes. As shown in
Table 2, the HR value of the PTMC- and PCL-coated samples were
both within the 0.01–0.04% range, slightly lower than that of
316L SS (�0.26%), which served as a standard reference and con-
trol. The uncoated MgZnMn alloys had the highest HR of �2.4%,
although this value is still acceptable for clinical applications
(<5%) [42].

3.2.2. Static platelet incubation
Platelet adhesion is a common indicator to evaluate hemocom-

patibility of blood-contacting materials [43]. The shape of platelet
adherent on foreign materials can be classified in five categories
and are listed in order of increased activation: round, dendritic,
spread dendritic, spreading and fully spreading [44]. As shown in
Fig. 5, there was a large number of adherent platelets on the
316L SS surface, and most were adhered, aggregated and activated
to the extent of fully spreading state. By contrast, an extremely
small number of platelets adhered on the MgZnMn surface, and
those observed are still in the round state, i.e., no spreading as acti-
vation sign. It is noteworthy that substantial cracks developed on
the MgZnMn surface, which can accelerate corrosion. In the case
of PCL coating, a large number of platelets adhered on the PCL-
coated MgZnMn surface (only slightly fewer than that of 316L
SS), and they were activated to the extent of dendritic spreading
state in the pseudo-podium stage (not as severely aggregated as
316L SS). However, a significantly lower amount of non-activated
platelets in the natural state were observed on the PTMC-coated
MgZnMn surface as compared to those on the 316L SS and PCL
surface.

3.2.3. Human whole blood adhesion experiments in flow chamber
A dynamic whole blood adhesion experiment was conducted to

monitor more realistically interactions between blood and the
tested materials in vitro. A modified flow chamber for human
whole blood adhesion experiments was designed (Supplementary
material 1). On the 316L SS surface, the spreading dendritic plate-
lets were clearly visible (Fig. 6a, green arrow), and some erythro-
cytes adhered on activated platelets (Fig. 6a, yellow arrow). On
the MgZnMn surface, no visible platelet spreading occurred, but
Table 2
Hemolysis ratio of the samples: 316L SS, MgZnMn, PCL-coated MgZnMn, PTMC-
coated MgZnMn (the size of substrate: Ø10 mm � 1.5 mm).

Sample Hemolysis ratio (%)

316L SS 0.26 ± 0.14
MgZnMn 2.41 ± 0.24***

MgZnMn–PCL 0.01 ± 0.17
MgZnMn–PTMC 0.04 ± 0.14

Data expressed as mean ± standard deviation (SD) and analyzed using a two-way
ANOVA.
*** p < 0.001 compared to the three other samples, N = 4.
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hemolysis reactions with some acanthocytes [45,46] formation oc-
curred, and some of the erythrocytes were ameboid without ery-
throrrhexis (Fig. 6b, yellow arrow), which is consistent with the
result of the hemolysis ratio. Some erythrocytes attached on the
top of platelets as an activation process. Hemolysis reactions, blood
coagulation and cracks formation all happened on the surface of
the PCL-coated MgZnMn. As seen in Fig. 6c (yellow arrows), typical
mutative morphologies of erythrocytes in the hemolysis reaction
process were present, and most of adherent erythrocytes were
aggregated. In addition, the degradation caused cracks on the PCL
coating (Fig. 6c, green arrow). However, no hemolysis reactions,
coagulation or cracks were observed on the surface of the PTMC-
coated MgZnMn. There were not any adherent platelets and only
few normal erythrocytes on it (Fig. 6d).

3.3. In vivo animal study

3.3.1. Biodegradable behavior in the tissue
For a further evaluation of the biodegradation, samples were

implanted subcutaneously in rats for up to 16 and 52 weeks. The
thicknesses of the PTMC and PCL coatings were both 10 ± 0.3 lm
before the implantation (Fig. 7a and b). After 16 weeks’ implanta-
tion, optical evaluation of the specimens indicated no significant
differences in the extent of degradation for the uncoated, the
PCL- and PTMC-coated MgZnMn implants (Fig. S4). The degrada-
tion rate in subcutaneous tissue was slower than that in vitro.

Microtopographies of the 16-week implants generated by SEM
of the implant–tissue interface, however, showed some remarkable
diversity of the degradation degree. There were many potholes and
cracks on the surface of the MgZnMn, and some exfoliation signs of
the corrosion products emerged (Fig. 7c). Cracks extending hun-
dreds of micrometers on the surface of the MgZnMn coated by
the PCL were observed (Fig. 7d). The surface morphology of the
MgZnMn coated by the PTMC presented excellent integrity and rel-
ative smoothness (Fig. 7e). The cross-section morphology observa-
tions are in agreement with the degradation degree analysis. There
were many corrosive potholes and a corrosion layer with a thick-
ness of 50–80 lm between the MgZnMn and the tissue (Fig. 7f
and i). The corrosion layer was loose because corrosion products
peel off during rinsing of the antiscuffing paste (Fig. 7i, arrow).
Similar characteristics were observed at the interface between
the PCL-coated MgZnMn and the tissue. No continuous PCL coating
was found (Fig. 7g and j). It is noteworthy that the local corrosion
of the PCL-coated MgZnMn was more severe than the uncoated
MgZnMn, and the thickness of the local corrosion layer exceeded
100 lm, indicative of an accelerated corrosion of the Mg alloy. In
contrast, the remaining PTMC coating is observed to have a thick-
ness of 5–6 lm, uniform and intact. Its thickness was reduced by
�45%, compared with that of pre-implantation (Fig. 7h and k).

CT-Xray analysis was performed on sample explants at 16 and
52 weeks to characterize the degradation process. The cross-sec-
tions and 3-D models of the implants were visualized after con-
ducting the reconstructions (Fig. 8). For the 16-week implants,
the obvious corrosion interfaces were observed on both the un-
coated and PCL-coated MgZnMn (Fig. 8a and b). But a relatively
smooth surface (green arrow) with a slight corrosion (yellow ar-
row) emerged on the PTMC-coated sample (Fig. 8c). The volume
reductions of the uncoated, PCL-coated and PTMC-coated MgZnMn
were�15%,�30% and�7%, respectively. For the 52-week implants,
a lot of corrosion products with some clear cracks were observed
on the uncoated sample (Fig. 8d, yellow arrow), and the PCL-coated
one was in distinct pieces due to significant degradation (Fig. 8e).
Some areas of the PTMC-coated sample also incurred corrosion
(Fig. 8f). The volume reductions of the uncoated, PCL-coated and
PTMC-coated MgZnMn were �33%, �52% and �22%, respectively.
Corrosion products occupied �35%, �38% and �11% of the total
thylene carbonate) coating for fully biodegradable magnesium-based stent
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Fig. 5. Representative SEM images of adherent platelets on the surfaces of the samples: 316L SS, uncoated, PCL-coated and PTMC-coated MgZnMn samples incubated in PRP
for 2 h.

Fig. 6. Representative SEM images of samples: 316L SS, uncoated, PCL-coated and PTMC-coated MgZnMn samples in a flow chamber experiments in human whole blood for
2 h.
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volume of the corroded uncoated, PCL-coated and PTMC-coated
samples, respectively. Thus, the PTMC-coated MgZnMn had the
least volume reduction and fewest corrosion products among all
the samples.

3.3.2. Histological evaluation
The histological evaluation of the tissue response to these im-

plants was carried out qualitatively. The analysis of the 16-week
implantation of the uncoated, PCL-coated and PTMC-coated
MgZnMn samples had neither induced any local toxic effect nor
caused any obvious local response of the tissue. From macroscopic
evaluation of the implant sites of the specimens, there were no sig-
Please cite this article in press as: Wang J et al. A surface-eroding poly(1,3-trime
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nificant signs of inflammation, encapsulation, hemorrhage, necro-
sis or discoloration. But a few differences between the PCL-
coated MgZnMn and the uncoated/PTMC-coated one were ob-
served from microscopic evaluation. For the uncoated and PTMC-
coated MgZnMn samples, only a fibrocyte monolayer exists at
the implant–tissue interface. For the PCL-coated MgZnMn sample,
there was a thicker fibrous capsule (�40 lm) and a small number
of macrophages and plasmocytes in the surrounding region with a
slight inflammation response (Fig. 9). No gas bubbles were ob-
served in the surrounding tissue to the naked eye or histological
analysis in all samples. Overall, PTMC-coated MgZnMn sample dis-
played an excellent tissue response.
thylene carbonate) coating for fully biodegradable magnesium-based stent
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Fig. 7. SEM micrographs characterizing the in vivo degradation behavior of the implants after 16 weeks. In schematic inset, site A is an interface between the metal wire and
the tissue/polymer in the cross-section; site B is a surface of the metal along the axis of the metal wire, after removing the tissue and polymer. Representative SEM images of
samples: the site A of PCL-coated (a) and PTMC-coated (b) MgZnMn wires in the pre-implantation (0 week); the site B of uncoated (c), PCL-coated (d) and PTMC-coated (e)
MgZnMn wires after 16 weeks implantation; the site A of uncoated (f and i), PCL-coated (g and j) and PTMC-coated (h and k) MgZnMn wires after 16 weeks implantation.
Yellow arrows indicate polymer coating.

Fig. 8. Reconstructions of X-ray nano-CT 3-D with representative 2-D slices of the uncoated (a and d), PCL-coated (b and e) and PTMC-coated (c and f) samples after 16 and
52 weeks implantation, respectively. (One part of samples for 16 weeks are shown after brittle fracture, and the complete samples for 52 weeks are shown.) Yellow arrows
indicate corrosion products, and green arrow indicate a smooth interface between the implant and the surrounding tissue.

Fig. 9. Micrographs of the histological analysis of the implants after 16 weeks post-operation: uncoated, PCL-coated and PTMC-coated MgZnMn. M regions represent the
implants; T regions represent the tissue.
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4. Discussion

4.1. Biodegradation mechanism

4.1.1. The influence of degradation behavior of the polymer coating on
the Mg alloy corrosion

Intuitively, there are many polymer coatings that are likely to
provide a barrier to Mg alloy corrosion. Typically, however, the
Please cite this article in press as: Wang J et al. A surface-eroding poly(1,3-trime
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polymeric barrier is effective only in the short term [36,47]. In fact,
the degradation behavior of the polymer coating itself may play a
crucial role in the subsequent corrosion of Mg substrate. In our
case, PTMC is determined to degrade uniquely in a surface-eroding
mode and thus is advantageous for corrosion control of Mg alloy in
the longer term.

The hydrolytic degradation of polymer coatings can be de-
scribed as a trade-off between hydrolysable bond cleavage and
thylene carbonate) coating for fully biodegradable magnesium-based stent
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water uptake process [48]. Depending on the ratio for the time
constants of water uptake and bond cleavage, two basic degrada-
tion modes exist, namely surface erosion and bulk erosion. For sur-
face eroding polymer, the cleavage of critical bonds is considerably
faster than water uptake [49], leading to a linear mass loss during
erosion [50,51]. In such cases, surface degradation proceeds at the
interface between the polymeric specimens and the aqueous envi-
ronment [37], and a decrease in molecular weight is negligible dur-
ing the whole degradation [49]. A few kinds of polymers like PTMC
are surface-eroding, such as certain polycarbonates, polyanhy-
drides and polyorthoesters. In contrast, for bulk-eroding polymers,
the uptake of water is considerably faster than critical bond split-
ting. This leads to the effect that polymer is first completely soaked
with a certain amount of water before actual degradation starts
throughout the bulk, and the molecular weight persistently de-
crease during the whole degradation [49]. Most of biodegradable
polymeric materials studied in the literature, such as PLA, PLGA
and PCL, predominantly present such bulk degradation [52]. Actu-
ally, they may be not long-term effective for surface modification
of Mg-based materials.

Our degradation results showed that PTMC on Mg alloy was in-
deed homogeneously thinned from the surface to the interior when
exposed to biologically relevant environments. Therefore, Mg alloy
can be well protected and packaged by the coating for at least for
1 month in the dynamic degradation assay in vitro (Fig. 2l) and
even longer, for up to 16 and 52 weeks in vivo (Figs. 7 and 8). These
observations are consistent with the natural corrosion current Icorr,
which is decreased over three orders of magnitude after coating
with PTMC (Fig. 4a). Surface-eroding PTMC offers an electrochem-
ically inert outer layer. The PTMC surface-eroding degradation pro-
cess helps to maintain an intact residual layer during degradation
of the outer layer(s), providing a protective pathway to impede
electrolyte diffusing from blood to the Mg alloy and thus substrate
corrosion is minimized (Fig. 3e and f). In contrast, bulk-eroding PCL
produced a number of micro- and even macropores and cracks in
early stage of the degradation, exposing the Mg substrate directly
to blood (Fig. 6c). Electrical diffusion pathway is thus readily
formed between blood and Mg alloy on the exposed sites and fur-
ther accelerates corrosion of Mg alloy, as schematically illustrated
in Fig. 10.

4.1.2. The influence of degradation products of the polymer coating on
the Mg alloy corrosion

Another key factor for Mg corrosion protection is the chemical
interplay between the degradation products of coating and Mg
substrate. PTMC hydrolysis is an approximately net neutral ionic
process and tends to maintain a physiological pH during degrada-
tion. This feature is distinguishable from other commonly chosen
polymers for implant corrosion protection.

Many biodegradable polymer coatings like PCL actually enhance
the corrosion rate of Mg alloy [36], because they degrade by the
hydrolysis of their ester bonds and release carboxylic acids to the
local environment [38]. Additionally, once the alloy is exposed to
Fig. 10. Schematic diagram of surface an
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corrosive environment, due to breaching of the polymeric barrier,
the corrosion of Mg alloy produces a locally alkaline environment
and some products such as Mg(OH)2 can accelerate the hydrolysis
rate of the polymer, and the stability of PCL coating is weakened
further. Meanwhile, the acidic products from the PCL hydrolysis
can react with the Mg corrosion products such as Mg(OH)2 and
the metallic substrate under aqueous conditions. The synergy of
these degradation phenomena result in accelerated corrosion in
the PCL coated Mg system. Ultimately the integrity and functional-
ity of the PCL coating collapses under the dual effects of the
evolved H2 and dissolved Mg(OH)2 in the free diffusing solution.

In contrast, the PTMC hydrolysis is approximately neutral, and
it degrades enzymatically in vivo by surface erosion without
releasing any strong acidic compounds such as polylactic acid
(PLA) [49], according to the formula:

ð�COOðCH2Þ3 � O� Þn þ 2nH2O! nH2CO3 þ nHOðCH2Þ3OH ð3Þ

Because of the slow degradation and the surface eroding behav-
ior of PTMC, the degradation products are kept away from the Mg
substrate and have minimal effect on the corrosion of the Mg alloy,
in contrast to the acidic degradation products of bulk eroding poly-
mer PCL coating, which accelerates the Mg corrosion process.

It has been demonstrated that the interface of PTMC coating re-
mains intact and clear in all experiment environments tested in
this study (Fig. 3e and f), indicating polymeric stability at least at
the micron scale. In fact, the biodegradable PTMC polymer does
not offer complete non-permeable coverage. PTMC does allow a
small amount of electrolyte penetration through the coating to re-
act with the Mg alloy substrate underneath. Notably, the corrosion
only occurred on the surface of the metallic substrate, and PTMC
coating did not participate overtly in this process. In the confined
environment, two possibilities of Mg corrosion near metallic sur-
face intimately covered by PTMC are considered:

(i) Commonly the corrosion of Mg is described according to the
following [53]:

Mgþ 2H2O!MgðOHÞ2 þH2 " ð4Þ

In the case of PTMC coating, the diffusion of H2O through the
coating is severely limited, thus this is not considered to be the ma-
jor corrosion pathway.(ii) Another explanation may be more plau-
sible due to the size and mobility of H+ and OH� present in the
solution [54]. For the formation of Mg(OH)2 the pH will not change
as the same amount of H+ and OH� are used, according to Eqs. (5)
and (6):

MgðsÞ þ 2OH�ðadsÞ !MgðOHÞ2ðsÞ þ 2e� ð5Þ

No visible bulging of the complete PTMC coatings and hydrogen
bubbles was observed on the PTMC-coated MgZnMn during the
whole degradation. Adsorbed hydrogen ions receive electrons,
and form hydrogen atoms which then react with Mg, forming
MgH2 according to Eqs. (6) and (7):
d bulk erosion as a function of time.
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MgðsÞ þ e� þHþðadsÞ !MgðsÞ þH� ð6Þ
2H� ðdiffÞ þMg!MgH2ðsÞ ð7Þ

Regardless of the product layer is Mg(OH)2 or MgH2, the
remaining PTMC maintains the stability of this thin corrosion layer,
and prevents further dissolution and corrosion. Furthermore, the
remaining PTMC coupled with this thin corrosion layer causes an
enhanced diffusion barrier, and the overall degradation process is
slowed down in the confined environment [15], as schematically
illustrated in Fig. 10.

The kinetic factors are mainly determinants for highly corrosive
Mg alloy and depend on the rate-determining step (RDS) of overall
corrosion process [53]. The EIS measurements offer some insight
into the pathways for Mg corrosion of the coated substrates. On
the uncoated MgZnMn alloy, the RDS could be the corrosion reac-
tion itself, as illustrated by Rct. For surface-modified Mg alloy, the
RDS is likely to be an electrolyte diffusion through microchannels
in coating, indicated by the resistance related to polymer Rp, which
therefore in turn causes a slower Mg corrosion reaction (i.e. larger
Rct) than that of the uncoated alloy. The RDS herein depends on the
developing surface/interface states influenced by molecular trans-
portation, absorption, desorption and products formation. For
PTMC-coated MgZnMn, the RDS is closely determined by the
water/ion/electrolyte penetration through the coating to the
MgZnMn substrate. In the case of PTMC coated alloys, this rate re-
mains very low due to uniform thinning of coating. For bulk-erod-
ing PCL polymer coatings, the mechanism of corrosion is more
complex as there are many micro/macro pathways allowing water
to reach the substrate.

4.2. Hemocompatibility

Good hemocompatibility involves not only no hemolysis but
also no coagulation. Rapid corrosion rate of Mg can lead to high
pH, which is associated with high HR [55]. In this present study,
only MgZnMn alloy induced a slight hemolysis reaction. In the dy-
namic human whole blood tests, the uncoated and PCL-coated
MgZnMn alloys both presented erythropyknosis, but not erythror-
rhexis. It can be seen that the corrosion rate in the whole blood is
higher than that in 0.9% (w/v) sodium chloride solution used in the
hemolysis ratio test. Mg release in human whole blood was 10
times higher than that in PBS under static conditions [56]. Due to
the fast degradation, nearly one third of erythrocytes showed
erythropyknosis and abnormally shaped acanthocytes on the
MgZnMn alloys, and the cracked PCL coating allows the corrosion
of the Mg substrate concomitant with the hemolysis reaction.
However, PTMC did not cause hemolysis itself, and it also offered
a stable protective layer to prevent the hemolysis caused by the
corrosion of the Mg substrate.

The inhibition of thrombosis is a priority for blood contacting
materials. Activated platelets trigger the coagulation of blood lead-
ing to thrombus formation [57]. The uncoated and PTMC-coated
MgZnMn both have favorable anti-coagulant properties. In the
intrinsic or extrinsic pathways of the coagulation cascade, calcium
ions are essential for the coagulation process [58]. The enhanced
release of Mg2+ during the rapid corrosion process destroys the
equilibrium between Ca2+ and Mg2+ bound to proteins [59]. A high
Mg2+ concentration may inhibit plasma-coagulation cascade. As re-
ported, introduction of Mg2+ via intravenous, continuous infusion
route or boluses inhibits platelet aggregation only at high doses
[60]. According to the activated partial thromboplastin time (aPTT),
prothrombin time (PT) and thrombin time (TT) blood coagulation
assays (Supplementary Materials 5), the aPTT of the MgZnMn sur-
face was 47.1 s longer than that of control original plasma (31.4 s),
and their PT and TT are also prolonged relative to that of control
sample, indicating that activation of the intrinsic and extrinsic
Please cite this article in press as: Wang J et al. A surface-eroding poly(1,3-trime
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blood coagulation system was effectively suppressed on the
MgZnMn surface. This result is attributed to high Mg2+ concentra-
tion released by the local corrosion. In addition, owing to the rapid
surface degradation, Mg alloy cannot provide a stable interface for
platelet adhesion. These mechanisms are further confirmed by our
static platelet incubation and dynamic whole blood tests.

On the other hand, rapid adsorption of plasma proteins occurs
on the exogenous surface, which leads to platelet adhesion and
triggers the coagulation of blood leading to thrombus formation
[57]. The adhesion and activation of platelets mainly depend on
the surface nature of the materials and the adsorbed proteins
[57]. The amount and conformation of the adsorbed fibrinogen
are the key factors that determine the response of platelets to
materials [61,62]. For the PCL surface, most activated platelets
and adherent erythrocytes were aggregated, because the PCL may
denature the adsorbed fibrinogens that snare a number of platelets
and erythrocytes. On the PTMC surface, almost all platelets and
erythrocytes were in their resting state and did not aggregate, sug-
gesting intact fibrinogens on the PTMC surface.
4.3. Histocompatibility

In vivo biocompatibility tests are crucial because they assess the
local effects of a material or implant device in contact with living
tissue. According to our results, the uncoated and PTMC-coated
MgZnMn are both acceptable with mild tissue reaction by clinical
standards. Good tissue compatibility of Mg alloy is a prime factor
for promotion of this material as stent candidates of the future
[4]. PTMC polymer shows good biocompatibility in terms of long-
term cytotoxicity, irritation, mutation and sensitization tests
[63]. The PTMC-coated MgMnZn sample exhibits an excellent tis-
sue response, probably due to its slow degradation rate and neutral
degradation products [64–66]. However, the PCL-coated MgMnZn
sample produces a high quantity of acidic degradation products
in a short time and induces a slight inflammatory response [38].
This study shows that a slow release and low amount of PTMC deg-
radation products are better tolerated in tissue than the higher and
more acidic release associated with the degradation of PCL.

Accordingly, an ideal coating for Mg alloys to achieve a desir-
able period of implantation should be designed through the follow-
ing optimizations:

(i) suitable biodegradation behavior of the coating;
(ii) well-matched chemical intereaction between the coating

and the Mg substrate during the degradation;
(iii) good biocompatibility of the coating such as hemocompati-

bility, cytocompatibility, and histocompatibility.

From the comprehensive performances summarized in Table 3,
the PTMC-coated MgZnMn alloy presents good corrosion resis-
tance, less to no hemolytic reaction, less coagulation and better tis-
sue compatibility with a mild response than the controls tested.
5. Conclusion

We have demonstrated a surface eroding coating, PTMC, that
provides a route for improvement in both the durability and bio-
compatibility of Mg-based stents. Different from the cavernous
corrosion behavior of conventional bulk-eroding polymers, the
homogeneous surface erosion of the PTMC coating from exterior
to interior can effectively protect the Mg-based substrate both
in vitro and in vivo. The neutral degradation products of the PTMC
coating provide a mild microenvironment that neither accelerates
the corrosion of Mg alloy nor triggers inflammation on the sur-
rounding tissue in comparison with acidic byproducts of associated
thylene carbonate) coating for fully biodegradable magnesium-based stent
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Table 3
Comparison of uncoated, PCL-coated and PTMC-coated MgZnMn samples for biodegradation behavior, hemocompatibility and histocompatibility.

Sample Property

Biodegradation behavior Hemocompatibility Histocompatibility

Hemolysis Coagulation

MgZnMn � ± + +
MgZnMn–PCL � + � ±
MgZnMn–PTMC + + + +

‘‘�’’ represents bad performance; ‘‘±’’ represents acceptable performance; ‘‘+’’ represents good performance.
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with commonly used biopolymers such as PCL. The PTMC coated
MgZnMn also shows good hemocompatibility, including low
hemolytic ratio and low coagulation. This study offers a promising
approach for the development of fully biodegradable cardiovascu-
lar stents.
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Appendix A. Figures with essential color discrimination

Certain figures in this article, particularly Figs. 1–10, are diffi-
cult to interpret in black and white. The full color images can be
found in the on-line version, at http://dx.doi.org/10.1016/j.actbio.
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