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Abstract

Polymer/Silica Composites with
Enhanced Mechanical Properties
and Rapid Endothelialization
for Vascular Tissue Engineering

Suhyung Park
Department of Materials Science and Engineering

Seoul National University

Biodegradable vascular implants have significant potential to
minimize the risks of thrombus formation and arterial restenosis induced from
the permanent remaining ones, as resorbed by the surrounding host tissues after
a tissue regeneration process. Among various biodegradable materials,
polymeric implants have been considered as promising candidates, thanks to
their flexibility and availability for easy manufacturing. They, however, exhibit
relatively low biocompatibility due to their innate hydrophobicity and

hypersensitivity as well as a lack of physical functions such as mechanical



strength or corrosion resistance to be utilized in clinical usage. To overcome
these limitations, new composites by introducing bioactive ceramic materials
have been studied in terms of material and design, where polymer and ceramic
are mutually complementary. Silica, a bioactive ceramic material, hydrolyzed
into silicic acid promoting vascular healing and angiogenesis, and also
synthesized into diverse morphology by controlling the concentration of silica
precursor, reaction time, or ambient pH condition. In this study, we suggested
a polymer/silica composite electrospun membrane and coating for artificial
vascular graft and magnesium (Mg) vascular stent, respectively, with enhanced

biological and physical functions that each application requires.

In the first study, a poly-e-caprolactone (PCL) bilayer vascular graft
was fabricated via electrospinning method, composed of an outer layer of
randomly-distributed PCL/silica xerogel fibrous membrane and an inner layer
of longitudinally-aligned PCL/collagen fibrous membrane. The multilayered
structure was to mimic natural human blood vessels so as to withstand dynamic
hydraulic stresses and perform great hemocompatibility. In particular, small-
diameter vascular grafts (<6 mm) require a suitable mechanical strength,
suturability, and anti-thrombogenicity for long-term patency. Here, we
synthesized silica xerogel under acid-catalyzed conditions to form nano-
skeleton structures through PCL nanofibers of the outer layer, eliciting superior

mechanical strength as well as cell-friendly environment. The highly-aligned



structure and materials of the thin inner layer were both favorable for the
adhesion, elongation, and migration of endothelial cells, which can lead to rapid
re-endothelialization on luminal surfaces of a vascular graft. This electrospun
PCL bilayer graft was expected to decrease the possibility of luminal
thrombosis and intimal hyperplasia, the main causes for failure in blood vessel
transplantation surgery with its rapid endothelial cell coverage and sufficient

strength.

In the second study, we incorporated the surface-modified silica
nanoparticles (mSiNP) into poly (L-lactic acid) (PLLA) coating for
biodegradable Mg stents. Although Mg-based stents possess adequate
mechanical properties, non-immunogenicity, and non-toxicity, they degrade
explosively under physiological conditions, resulting in clinical stent failure.
Polymeric anti-corrosion coating has been adopted on the Mg stents owing to
its flexibility to endure considerable deformation during stent expansion,
however, conventional PLLA coatings display insufficient corrosion resistance
and biocompatibility. For the bifunctional PLLA/mSiNP nanocomposite
coatings, the silica nanoparticles were synthesized under base-catalyzed
conditions, followed by functionalized with hexadecyltrimethoxysilane
(HDTMS), since strong repulsion forces between hydrophobic PLLA and
hydrophilic bare silica nanoparticles can cause poor dispersion of the

nanofillers. The mSiNPs in the PLLA matrix not only disturbed the penetration



of corrosive medium as a physical barrier, but released silicon ions stimulating
endothelial cells as a bioactive material. The nanocomposite coating containing
10 wt% and 20 wt% of the mSiNP delayed the corrosion of the Mg substrate
by half and exhibited favorable endothelial cell responses, including initial cell
surface coverage, migration, and proliferation rate, compared to the pure PLLA

coating,

In conclusion, silica, an inorganic bioactive material, was tailored into
a proper morphology by the sol-gel method to form polymer/silica composite
so as to accelerate angiogenesis and improve mechanical properties for vascular
tissue engineering. The incorporated silica was significantly assured that the
dissolved form of silica stimulates both fibroblast and endothelial cells, which,
in turn, induced outstanding biological functions. In terms of mechanical
properties, the network structure of silica xerogel in the PCL/silica electrospun
nanofibrous membrane improved the mechanical strength, and the alkyl-
terminated surface of silica nanoparticles in the PLLA/silica nanocomposite

coating effectively retarded the degradation rate of the Mg substrate.

Keywords: Vascular tissue engineering; Polymeric implants; Silica;

Polymer/silica composite; Nanocomposite; Bioactivity
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1.1. Biomaterials for vascular tissue engineering

Cardiovascular disease is a leading cause of death globally [1]. As the
coronary arteries become partially narrow or complete occlusion due to
improper intake, smoking, overweight, or chronic diseases, the body lacks
nutrients and oxygen, resulting in abnormal physiological activity. Accordingly,
several treatment methods to control dynamic molecular interactions associated
with inflammation or metabolism have been studied: from pharmaceutical

approach to invasive or minimal-invasive surgery with vascular implants [2].

The native human coronary arteries have three layers, which are
intima, media, and adventitia, featuring distinct structure and morphology [3].
First, intima, the innermost layer, consists of a monolayer of endothelial cells,
which are aligned parallel to the blood stream. Media, the middle layer, contains
smooth muscle cells and elastic tissues. Adventitia is the outermost layer,
containing fibroblast cells and perivascular nerve cells. The latter two layers
maintain the entire blood vessel mechanically from the repeated external stress
of heart movement. And the endothelium plays a critical role to prevent
thrombosis and intimal hyperplasia, thus, any strategy leading to rapid
endothelialization is beneficial for improving clinical patency of vascular

implants (Fig 1.1B and Fig 1.2B).

Biodegradable bio-implants also have potential to reduce the risk from



late-thrombosis, arterial restenosis, long-term immune response induced from
the permanent remaining ones, and secondary surgery for removing the inserted
implants [4, 5]. Biodegradable vascular implants can be resorbed by the
surrounding host tissues after they support or remodel the damaged site by
native cells and extracellular matrix (ECM). Representative biodegradable
materials are magnesium (Mg) and iron for biometals, hydroxyapatite and
tricalcium phosphate for bioceramics, and polyglycolic acid (PGA), poly-e-

caprolactone (PCL), and polylactic acid (PLA) for biopolymers [6].

1.1.1. Vascular artificial graft

As plaques accumulates under the luminal area of the blood vessel,
blood flow becomes slow, so that the body suffers nutrient and oxygen
starvation. Bypass surgeries are necessary to replace the damaged blood
vessel with healthy ones, for example, autologous grafts, allografts, and
artificial grafts (Figure 1.1A) [7]. Artificial grafts have been widely
adopted since the others are limited to be supplied, however, the use of
small-diameter artificial grafts, the inner diameter of which is smaller than

6 mm, has been rejected due to high risk of clinical failure [3].

The main issues in vascular artificial grafts are over-growth of smooth

muscle cells, thrombosis, and abnormal dilation or contraction caused by



mechanical mismatch [8]. Therefore, biocompatibility (or bioactivity) is a
primary requirement for the artificial grafts to be integrated with the
adjacent blood vessels while maintaining the entire structure during the
recovery period, about several weeks. In this regard, the nanofibrous
membrane fabricated by electrospinning method provides high mechanical
and biological properties, as mimicking the fibrillary structure of the
natural ECM [9-11]. Adjusting the material and structure of the membrane
is also facile, because various materials, including the seeded cells, can be
ejected in a proper morphology by controlling the conditions, such as fiber

diameter, porosity, and fiber alignment.

1.1.2. Intra-arterial stent

Stent is an inserted device for structurally supporting narrowed or
weakened blood vessels to prevent occlusion and intimal hyperplasia. In
clinical situation, stents are often mounted and cramped on a balloon
catheter, which expands at the implantation site (Figure 1.2A). As stent
can reduce the inflammation or any risk during percutaneous transluminal
coronary angioplasty in less-invasive way, it has been widely used in
cardiovascular field [12]. The first generation was bare metal stents, made

of stainless steel, chromo-cobalt alloys or nickel titanium, however, they



faced high risks of restenosis, so the next generations are drug-eluting and
biodegradable stents. The main concerns related to the vascular stent field
are stent fracture/collapse, incomplete endothelialization and the following
hyperplasia and thrombosis, and hypersensitivity caused by the materials
or drug. To accomplish the required properties, the ideal stents should
possess proper mechanical strength for preventing stent recoil or failure as
well as outstanding biocompatibility for rapid revascularization [13].

The commercially-available biodegradable stents are poly-L-lactic
acid (PLLA) stents and Mg alloy stents [14]. The mechanical and
biological properties of PLLA are inferior to them of Mg due to relatively
low strength and innate hydrophobicity. Mg alloy stents exhibits sufficient
radial force, but its corrosion resistance needs to be improved, because
excessive amount of hydrogen gas production may block or disturb blood
flow to induce blood clotting, and fast alkalization is also able to cause
inflammatory response [15, 16]. Various surface treatments such as
chemical modification or physical coating retard the degradation rate of
Mg, sustaining its instinct properties. Among them, polymeric coating has
been widely adopted for biodegradable stents due to its flexible and
deformable property, while ceramic coating, based on calcium phosphate

or silicon carbide, is vulnerable to external deformation [17].



1.2.  Biocompatibility of polymeric vascular implants

Polymeric materials have already been utilized in various tissue
engineering applications because their mechanical properties (Table 1.1),
especially flexibility, are similar to natural tissues, and the chemical and
morphological properties are also susceptible to be modified [18, 19]. In the
vascular  tissue  engineering  field, for  instance,  expanded
polytetrafluoraethylene (ePTFE) membranes are commercial artificial vascular
grafts due to their high mechanical strength and porous structure, but their low
biocompatibility and non-biodegradability could evoke acute thrombosis,
inflammation, or neointimal thickening for small diameter grafts [20, 21]. Thus,
many studies are based on biodegradable polymers, which are classified into
two types: natural polymers (e.g. chitosan, collagen, alginate, and silk) and
synthetic polymers (e.g. PGA, PCL, and PLA). Natural polymers generally
exhibit great biocompatibility, presenting receptor-binding ligands to cells, but
insufficient mechanical property, low purity, and short-term degradation should
be developed. Although biodegradable synthetic polymers overcome many
limitations that the natural polymers undergo, their poor biocompatibility and
hemocompatibility with innate hydrophobicity still brings out foreign body

reaction in the immune system [19].



1.3.  Polymer/silica composite scaffold

The ideal vascular implants require several factors, including
biocompatibility, proper degradation rate, and specific physical functions.
Considering synthetic polymers lack the biological cues to provide functional
sites for biomolecules, polymer blends with natural or other synthetic polymers,
polymer/bioceramic composites, and surface modification have been studied to
increase affinity with the host tissues [22]. In particular, polymer/silica
composite scaffolds not only showed high biocompatibility and bioactivity to
promote cellular response and tissue regeneration as they stimulate biological
functions but increased mechanical properties by creating a chemical bond
between the silanol end groups on the silica surface and the organic polymer

chains [23].

Polymer/silica composites can be fabricated by simple mixing, in-situ
polymerization, or sol-gel method [24]. Simple mixing is mixing the silica
nanoparticles with the polymer, and in this case, uniform distribution of the
particles in the polymer matrix is crucial. In-situ polymerization occurs after
blending the as-prepared silica nanoparticles and the monomers. Sol-gel

method is a process where silica particles are synthetized from silica precursor.



1.3.1. Sol-gel derived silica synthesis

In the sol-gel process, the precursor, mainly silicon alkoxide Si(OR)a,
reacts through continuous hydrolysis and condensation to synthesize silica
Si0,. The reaction is relatively very slow under neutral pH, therefore, acid
or base catalysts are necessary to initiate the reaction, where the Si-OR is
hydrolyzed to Si-OH, which is capable to form siloxane bonds, resulting
from dehydration condensation with another Si-OR or Si-OH [25-27]. In
acid-catalyzed sols, the hydrolysis is dominant to deprotonate only the end
of the polysilicates, while the deprotonation of silanol groups is deactivated.
Thus, cluster-cluster aggregation occurs preferentially, eventually
organizing into polymer-like network structure. In base-catalyzed sols,
however, deprotonation is facile so that hydrolyzed monomers are
condensed with each other, thus, monomer-cluster aggregation mainly
occurs. As a result, particle-like highly branched structure can be obtained
[28]. Besides, the structure, size, porosity, and induced function of silica
depend on the reaction condition, including above-mentioned pH,

temperature, concentration of reagent, and surfactant [27].



1.3.2. Bioactivity of silica

Silica is a biodegradable ceramic material, which is hydrolyzed into
silicic acid molecules (Si(OH)4) under physiological environment; both
silica and its byproduct are approved as a safe bioavailable material by US-
FDA [29-31]. The biodegradation of silica depends on the
physical/chemical properties of the material itself, like the surface
functionality, pore size, and crystallinity, or the properties of the ambient
media, like the pH, temperature, and media flow status. The exact chemical
structure of the byproducts and its bioactivity mechanism are uncertain,
however, it has been demonstrated that silica-based biomaterials accelerate
angiogenesis by stimulating endothelial progenitor cell homing, migration,
differentiation, and tubular formation [32]. As depicted in Figure. 1.3, the
dissolved form of silica in the body has been reported to induce a hypoxic
condition by inhibiting prolyl hydroxylase domain (PHD2) enzyme, so as
to activate hypoxia-induced factor-1 (HIF-1). To be specific, the released
ions from the silica stabilize and accumulate HIF-1a in the cytosol of
fibroblast or endothelial cells, which forms an HIF-1 complex in the
nucleus with HIF-1B. The HIF-1, then, activates the hypoxia response
element, regulating the expression of vascular endothelial growth factor

(VEGF) to promote neovasculation and tissue regeneration [32, 33].



Polymer Tg (°C) Tm (°C) Modulus (GPa)  Strength (MPa)  Elongation at break (%) Degradation (months)
PLA 60 180-190 2-4 65 2-6 18-30
PDLLA 55 Amorph 135 40 1-2 34
PLLA 60-65 175 2-4 60-70 2-6 >24
PGA 35-40 225-230 6-7 90-110 1-2 4-6
PDLGA (50/50) 45 Amorph 143 45 1-4 1-2
PLGA (82/12) 50 135-145 3.3-35 65 2-6 12-18
PCL -54 55-60 0.34-0.36 23 >4,000 24-36
PLA/PCL (70/30) 20 100-125 0.02-0.04 2-45 >100 1224
PC ~147 225 2-2.4 55-75 80-150 >14
WEA43 (Mg alloy) N/A 540-640 40-50 220-330 2-20 3-12
SS 316L N/A 1,371-1,399 193 668 40 Biostable
Co-Cr N/A ~1,454 210 235 40 Biostable

PLA, polylactic acid; PDLLA, poly-DL-lactic acid; PLLA, poly-L-lactic acid; PDLGA, poly-DL-lactide-co-glycolide; PGA, polyglycolide;
PLGA, poly-lactic-co-glycolide; PCL, polycaprolactone; PLA/PCL, polylactic acid/polycaprolactone; Mg, magnesium; SS, stainless steel;
Co-Cr, cobalt chromium.

Table 2.1. The representative biodegradable implant materials and their

mechanical properties [34].
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Chapter 2.
PCL/Silica Xerogel Nanofibrous Membrane with
Improved Mechanical Strength and

Biocompatibility for Artificial Vascular Grafts
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2.1. Introduction

Synthetic, artificial vascular grafts are considered to be essential
biomedical implants for replacement or bypassing an entire section of a
damaged blood vessel. They have proved advantageous owing to flexibility in
their shape, length, and diameter, with unlimited availability and consistent
quality; this allows the use of artificial vascular grafts in diverse practical
settings [39, 40]. Most commercially available artificial vascular grafts
developed to date are composed of non-biodegradable materials, such as
expanded  polytetrafluoroethylene,  polyurethane, and polyethylene
terephthalate. Their unique advantages of chemical stability, long-term
robustness, and non-toxicity facilitate the successful replacement of large-
diameter blood vessels [41]. However, when used for small-diameter blood
vessels, the currently available artificial vascular grafts often fail to meet the
requirements of microvascular surgery because of unfavorable biological
responses, including delayed re-endothelialization, surface thrombosis, and

neointimal hyperplasia [9, 42].

To overcome these limitations, the development of new combinations
of materials and designs that elicit a favorable healing process and enable
gradual degradation and complete replacement by normal vessels has received
substantial attention in recent years. In particular, rapid formation of the

endothelial cell monolayer on the luminal surface of the vascular graft provides
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an anti-thrombogenic characteristic and minimizes hemodynamic disturbances
in the graft [43, 44]. Therefore, the emerging field of vascular graft engineering
focuses on biocompatible materials and structural designs that promote cell
adhesion, spreading, and proliferation on the graft surfaces [45-47].
Electrospun poly-g-caprolactone (PCL) nanofibers have shown high
adaptability and the potential to provide excellent biomechanical features (e.g.,
desired flexibility, porosity, and biodegradability) and structural similarity with
the fibrillary structure of the extracellular matrix of blood vessels [48-50].
Moreover, the alignment of electrospun PCL nanofibers provides nano-scale
topographical cues as a guidance for endothelial cell elongation and migration,
which play critical roles in the maturation and biological functionality of
natural blood vessels [51, 52]. In this regard, considerable efforts have been
devoted to designing and fabricating novel PCL vascular grafts with unique
mechanical and biological functions. For example, a bilayer PCL vascular graft
was fabricated with different nanofiber orientations in the inner and outer layers
[53]. The inner layer consisted of nanofibers that were longitudinally aligned
via two parallel metal strip collectors to facilitate endothelial cell adhesion and
alignment, whereas the outer layer was randomly oriented to improve cell
motility through the scaffold thickness. Another PCL-based bilayer vascular
graft was composed of an inner layer of randomly oriented PCL nanofibers and
an outer layer of circumferentially aligned poly(lactic acid) nanofibers,

prepared using a rotating collector [54]. This bilayer structure provided
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sufficient radial strength and compliance-matching with neighboring arteries.
However, PCL is characterized by innate hydrophobicity, poor cellular activity,
and hypersensitivity to plasma proteins; therefore, the introduction of bioactive
polymers (e.g., silk, chitosan, collagen, or hyaluronic acid) as a coating or
blending material is often required to overcome these disadvantages of PCL [45,
55, 56]. Among these polymers, collagen, one of the most common components
in natural blood vessels, has shown remarkable improvements in the cellular
affinity and anti-inflammatory activity of electrospun PCL [55, 57]. However,
most studies have focused on the compositional functionality with respect to
biological aspects, which cannot satisfy the complex requirements for

mechanical properties needed in practical settings.

Previously, we explored whether the biomechanical properties and
cellular responses of PCL can be ameliorated by hybridization with bioceramics
[58-60]. In particular, we demonstrated that sol—gel-derived silica possessed
excellent wettability and bioactivity and was relatively easy to incorporate into
a polymeric substance, without any segregation or phase separation [61, 62].
These unique characteristics made it possible to develop uniform electrospun
PCL/silica nanofibers with substantially improved mechanical strength,
hydrophilicity, and cellular affinity [62]. Hence, in this study, we designed a
novel small-diameter vascular graft with a bilayer tubular structure, consisting

of a thin inner layer composed of longitudinally aligned PCL/collagen
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nanofibers and a relatively thick outer layer composed of a PCL/silica hybrid
with randomly distributed nanofibers. We then investigated the morphological,
chemical, and mechanical properties of the fabricated bilayer vascular graft, as

well as the in vitro affinity for endothelial and fibroblast cells.
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2.2. Materials and methods

2.2.1. Materials

PCL (Mn = 80,000); tetramethylorthosilane (TMOS); hydrochloric
acid (1 M); 1,1,1,3,3,3-hexafluoro-2-propanol (HFP); and all other reagents
were purchased from Sigma—Aldrich (St. Louis, MO, USA), except for

collagen, which was obtained from SK Bioland (Chungnam, Korea).

2.2.2. Preparation of a bilayer vascular graft via electrospinning

To electrospin solutions for the PCL/collagen inner layer and the
PCL/silica outer layer, the weight percentages of collagen and silica were fixed
at 20%, based on a previous study [62, 63]. The PCL/collagen solution was
prepared by dissolving 10 g of PCL and 2.5 g of collagen in 100 mL of an HFP
solution, with overnight stirring. For the PCL/silica solution, a silica—sol was
obtained by mixing TMOS, deionized water, HCI, and HFP at a volume ratio
of 5:1:0.02:4. After 1 h of stirring to obtain a single-phase sol, the calculated
amount of the silica sol was added to a PCL solution (20 g of PCL dissolved in

100 mL of HFP) to obtain a final weight ratio of 80:20 for PCL and silica [62].

The electrospinning setup consisted of a high-voltage power supply, a

syringe pump, and two types of in-house grounded collectors (e.g., plate- and
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drum-shaped). The prepared solutions were loaded in 5-mL plastic syringes
(NanoNC Co., Korea) and injected through 20-gauge blunt-end metal needles
at a constant flow rate of 0.2 mL/h (for PCL/collagen) or 1.0 mL/h (for
PCL/silica). When fabricating the inner and outer layers, the distance between
the needle tip and the collector was fixed at 15 cm, and the applied voltage was
set to 15 kV. Aligned PCL/collagen nanofibers for the inner layer were
generated by electrospinning onto a rotating mandrel collector at a speed of up
to 3,600 rpm. Then, the electrospun-fabricated inner layer was carefully
detached from the collector and wrapped in a longitudinal direction around a
small-diameter rod (diameter = 3 mm). Subsequently, randomly distributed
PCL/silica nanofibers were deposited on the PCL/collagen inner layer without
rotating the rod. The total thickness of the bilayer vascular graft was fixed at
500 um. Then, the electrospun-fabricated bilayer was carefully detached from
the collector and stored in a vacuum desiccator for up to 2 days to eliminate the
residual HFP solvent. To stabilize collagen within the inner layer, a further
chemical-crosslinking treatment was performed with 100 mM 1-ethyl-3-(3-
dimethylaminopropyl) carbodiimide and 25 mM N-hydroxysuccinimide in 70%

ethanol for 24 h.
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2.2.3. Characterization of vascular grafts

The surface morphology of the electrospun nanofibers was
characterized using scanning electron microscopy (SEM; JSM-6360, JEOL,
Japan) with an accelerating voltage of 20 kV. The distribution of the fiber
diameters was determined by measuring at least 100 individual fibers in the
SEM images. Fast Fourier transform (FFT) analysis was used to evaluate the
degree of alignment of the PCL/collagen nanofibers in the SEM images [64].
The FFT algorithm converted the SEM image of electrospun nanofibers into a
frequency spectrum, based on the pixel intensity, and then the intensity was
quantified by determining radial sums along the various angles using Imagel
software (National Institutes of Health, USA). The highest-intensity angle was
expressed as the peak angle, and an alignment index was calculated according

to the fraction of alignment intensities within 5° of the peak angle to the same

fraction of a theoretically randomized state (i.e., 10°/180°=0.0556) [65, 66].

The chemical compositions of the electrospun PCL/collagen and PCL/silica
nanofibers were characterized by Fourier transform-infrared spectroscopy (FT-
IR; Nicolet 6700, Thermo Scientific, USA) over a range of 4,000 to 500 cm ™',
using 64 scans. Additionally, the distribution of silica in the electrospun
nanofibers was further examined using an energy-dispersive X-ray

spectroscopy (EDS) system integrated with the SEM.
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2.2.4. Mechanical testing

The longitudinal elastic modulus, tensile strength, and suture retention
strength (SRS) of the bilayer vascular grafts were measured and compared
using a tensile-strength instrument (Model 5565; Instron Corp., Danvers, MA,
USA) at a constant extension speed of 5 mm/min. The grafts were hydrated in
phosphate-buffered saline (PBS) at room temperature before mechanical testing.
At least four samples of each membrane were measured. The electrospun
bilayers were cut into rectangles with a length of 40 mm and a width of 10 mm.
For samples with an aligned PCL/collagen inner layer, the stretching direction
was parallel to the direction of alignment. The thickness of each membrane was
measured using a micrometer to calculate the cross-sectional area, and the
membrane was clamped with an inter-clamp distance of 20 mm. The ultimate
tensile strength (UTS) and elongation at the point of breaking were obtained by

generating a strain—stress curve.

For the suture retention test, membranes were cut into rectangles with
a dimension of 10 x 50 mm (n = 4). The bottom end was fixed, and a 4-0
polyglycolic acid monofilament suture thread (AV 434 needle; Ailee Co., Busan,
Korea) was passed through a hole 2 mm from the top end of the membrane. The
suture loop was extended at a controlled speed of 2 mm/min until the membrane
was entirely ripped. The SRS was defined as the maximum force measured

during the test, implying the resistance of vascular grafts to pulling out the
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sutures.

2.2.5. Si ion release

Electrospun bilayer samples with the PCL/silica outer layer were
prepared at a size of 10 mm x 10 mm and immersed in 10 mL PBS (Welgene,
Inc., Korea) for 7 days at 37°C. Half of the solution was collected every 24 h to
analyze the concentration of the released Si ions using an inductively coupled
plasma mass spectrometer (NexION 350D, PerkinElmer, USA) and replaced
with 5 mL of fresh PBS. After the concentration of Si was saturated, the tensile
strengths of the bilayer samples were investigated and compared with the initial

value (before immersion).

2.2.6. In vitro cellular assays

In vitro cellular responses of bilayer vascular grafts were evaluated in
terms of the attachment of human umbilical vein endothelial cells (HUVECs;
American Type Culture Collection [ATCC], CRL-1730) and mouse fibroblast
cells (L929; ATCC, CCL-1) to investigate the biocompatibility of the inner and
outer layers, respectively. All membranes were immersed in ethanol for 3 h and
sterilized by ultraviolet irradiation on a clean bench for 1 h before seeding the

cells. HUVECs and fibroblast cells were seeded on the inner and outer layers,
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respectively, followed by incubation in a humidified incubator in an atmosphere
containing 5% CO; in air at 37°C. HUVECs were cultured in endothelial cell
basal medium-2 (Lonza, Walkersville, MD, USA) supplemented with 5% fetal
bovine serum and 1% penicillin—streptomycin, and fibroblasts were cultured in
a-minimum essential medium (Welgene Co., Korea) supplemented with 10%

fetal bovine serum and 1% penicillin—streptomycin.

For confocal laser scanning microscopy (CLSM; FluoView FV1000,
Olympus Co., Ltd., Japan), cells were treated with Alexa Fluor® 55-conjugated
phalloidin (Invitrogen, Carlsbad, CA, USA) and ProLong® Gold antifade
reagent with 4,6-diamidino-2-phenylindole (Invitrogen) to stain the cytoplasm
and nucleus, respectively. The cell-spreading area was calculated using the
Image] measurement tool, and the aspect ratio of elongated cells along

PCL/collagen fibers was also examined for HUVECs.

For the adhesion test, the cell density was 5 x 10* cells/mL for both
the inner and outer layers, and for the migration test, the cell density was 10 x
10* cells/mL on the inner layer, with cells cultured for 24 h in both cases. To
monitor cell migration along random and aligned nanofibrous inner layers, a
cell-inhibition zone was formed by placing a block on each sample after seeding
the cells. The block was removed after the cells sufficiently covered the surface,
and the cell medium was replaced with fresh medium to remove cells remaining

in the original medium. The samples were incubated at 5% CO; and 37°C, and
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stained with green-fluorescent calcein AM (Thermo Scientific, MA, USA) to

observe the migration distances of live cells at 0, 3, and 24 h.

Cell proliferation was evaluated using a methoxyphenyl tetrazolium
salt assay with 3-(4,5-dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-
(4-sulfophenyl)-2 H-tetrazolium (Promega, Madison, WI, USA) at cell densities
of 1 x 10*and 2 x 10* cells/mL on the inner and outer membranes, respectively
(n = 3). After 3 or 5 days of incubation, all samples were washed with PBS,
transferred to new tissue culture plates, immersed in fresh medium with the
tetrazolium compound dye, and incubated at 37°C for 2 h. The quantity of
formazan product formed as a result of the mitochondrial activity in live cells
was measured as the absorbance at 492 nm, using a microplate reader (Model

550; Bio-Rad).

2.2.7. Statistical analysis

All quantitative values were statistically analyzed using the Statistical
Package for the Social Sciences program (International Business Machines, NY,
USA) and are presented as the mean + standard deviation. The significance of
differences was examined using the Shapiro—Wilk test, followed by one-way

analysis of variance, with a p-value set at < 0.05.
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2.3. Results and discussion

In this study, we designed a novel small-diameter vascular graft with
a bilayer tubular structure, consisting of a thin inner layer composed of
longitudinally aligned PCL/collagen nanofibers, which may act as
topographical and chemical cues for rapid endothelialization on the luminal
surface, and a relatively thick outer layer composed of a PCL/silica hybrid with
randomly distributed nanofibers, which may provide a sufficient mechanical

strength and satisfactory biocompatibility (Figure 2.1).

2.3.1. Surface characterization of electrospun PCL/collagen and PCL/silica

To investigate the surface morphology, electrospun PCL/collagen and
PClL/silica fibers were examined by SEM, as shown in Figure 2.2Aa—c. Pure
PCL was also observed for comparison purposes. All samples showed
homogeneous and continuous nanofibrous structures without any beads or
noticeable defects, and their fiber diameters fell in the range of 50-700 nm
(Figure 2.2B). The average diameters were 204 + 89, 358 + 92, and 239 + 86
nm for pure PCL, PCL/collagen, and PCL/silica, respectively, without any
significant differences. The chemical compositions of the electrospun
PCL/collagen and PClL/silica fibers were confirmed by FT-IR and EDS

analyses, as shown in Figure 2.2C&D. Both samples clearly presented bare
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PCL characteristic peaks for CHs stretching, C=0 stretching, CH» bending, and
COO vibrations [62]. In addition, we also exhibited specific peaks of the
incorporated collagen and silica. For PCL/collagen, the specific peaks of
collagen are shown at 1,650 and 1,536 cm™' for the C=O group of the amide
linkage (amide I) and the N—H bonds of the amide (amide II), respectively. For
PClL/silica, Si—O-Si bonds and Si—OH-stretching vibrations are shown at 1,065
and 785 cm ™! and at 935 cm™!, respectively [62, 67]. The EDS and elemental-
mapping results confirmed the presence of silica in electrospun PCL/silica
fibers (Figure 2.3A); approximately 7% of the silica was uniformly distributed
throughout the whole nanofibrous structure, indicating that the silica was
successfully incorporated into the PCL nanofiber matrix via the sol-gel method

and was uniformly distributed at a nanoscale.

2.3.2. Fabrication of an inner layer with aligned PCL/collagen nanofibers

The first step in fabricating the bilayer vascular graft was to generate
an aligned PCL/collagen inner layer by introducing a high-speed rotating
collector as the receiving device. The rotational movement of the collector can
drive the mechanical stretching force needed for aligning the electrospun
nanofibers [68]. Thus, the alignment degrees of PCL/collagen nanofibers were

examined by varying the collector rotation speed from 400 to 3,600 rpm.
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As shown in Figure 2.4A, all samples exhibited uniform and
continuous surface morphologies with no breakage in length or irregularity in
shape. The measured average diameters of the nanofibers showed a slightly
decreasing tendency with increased rotation speeds (Table 2.1); however, no
statistically significant differences were observed among the samples. In
addition, the micrographs clearly show that the nanofibers were deposited on
the collector with different degrees of alignment as follows: randomly
distributed (0 and 400 rpm), slightly aligned (1,200 rpm), and highly aligned
(3,600 rpm) nanofibers. FFT analysis also indicated that the degree of fiber
alignment increased with increased rotation speeds of the collector. While the
PCL/collagen nanofibers formed without rotation showed a symmetrical
circular distribution of grayscale pixels in the FFT-output spectrum, the
grayscale pixels became distributed asymmetrically, in an elliptical shape, as
the rotation speed of the collector increased (Figure 2.4B). Further, oval-plot
profile analysis was performed on the FFT spectra, wherein the radial intensity
of the grayscale pixels was summed and plotted against the acquired angle. As
shown in Figure 2.4C, only the PCL/collagen nanofibers prepared at 1,200 and
3,600 rpm showed characteristic peaks of aligned fibers, with a high intensity
and a relatively small area under the curve. In particular, when the rotation
speed was 3,600 rpm, the electrospun PCL/collagen nanofibers exhibited the
narrowest peaks at an angle of 92°, with the smallest peak-angle distribution

and the maximum alignment-index value of 2.4, indicating the highest degree
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of fiber alignment. These results clearly demonstrated that the PCL/collagen
nanofibers prepared at 3,600 rpm had a high potential as topographic cues for

guiding endothelial cell alignment and endothelialization on the surface.

2.3.3. Evaluation of mechanical properties and degradability of the bilayer

vascular graft

A high mechanical strength and elastic modulus in the longitudinal
and circumferential directions are essential for practical applications with
vascular grafts because they must withstand repeated mechanical stresses such
as expansion, shrinkage, bending, and stretching in the in vivo environment,
due to the blood pressure and bodily movements [69]. Moreover, when
implanted into natural blood vessels during surgery, vascular grafts require
sufficient handling stability and suturability in order to sustain the forces of

stitching during surgical procedures [70].

Pure PCL or PCL/silica was electrospun with a random fiber
orientation and deposited on the prepared aligned PCL/collagen inner layer
with a constant thickness. Each inner PCL/collagen layer and outer PCL/silica
layer were fixed at a thickness of 150 and 350 um, respectively, so that the
thickness of the entire fabricated bilayer graft was maintained at 500 pm

(Figure 2.5), which was similar to that of the native coronary arterial wall [71,
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72]. The tensile properties of the fabricated bilayer vascular grafts were
measured in the longitudinal and circumferential directions, and the Young’s
modulus, ultimate tensile strengths, elongations at break, and typical stress—
strain curves are represented in Figure 2.6A. The pure PCL outer layer
provided good flexibility and stretchability to the vascular graft, which
exhibited an elongation of more than 150% at break in the longitudinal direction
and 130% in the circumferential direction. However, its other mechanical
properties, when compared with those of the human coronary artery (UTS: 1.5—
6.3 MPa and Young’s modulus: 4.5-23.87 MPa [3, 70]), did not qualify the
graft for use in a vascular graft application. In contrast, the PCL/silica outer
layer remarkably enhanced the mechanical properties of the vascular graft,
which showed 260% and 215% higher UTS and Young’s modulus values in the
longitudinal direction and 220% and 395% higher values in the circumferential
direction, respectively, than those of the pure PCL graft (Figure 2.6Aa&b). In
addition, unlike the substantially reduced Young’s modulus of the pure PCL
graft in the circumferential direction compared with that in the longitudinal
direction, no significant mechanical difference was observed with the
PCL/silica outer layer in the longitudinal and circumferential tensile tests. The
level of elongation at break (69% and 70% in the longitudinal and
circumferential directions, respectively) was somewhat lower in the graft with
the PCL/silica outer layer than in that with the pure PCL outer layer, but this

value was much closer to that of the native coronary artery (45-99%) [70],
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indicating a positive impact of silica incorporation into the PCL outer layer on
graft mechanical properties, which better matched those of the human arterial
system. Previously, we confirmed that a sol-gel-derived silica xerogel readily
formed uniform nanostructures in an organic matrix and provided superior
mechanical properties [61, 62]. As shown in Figure 2.3B, the PCL/silica
nanofibers clearly formed mesoporous nano-skeleton structures in PCL
nanofibers, which should be beneficial for inducing mechanical interlocking
between the rigid silica phase and the flexible PCL matrix, making the graft

more suitable for vascular applications.

In addition, the SRS (i.e., the material strength required to resist a pull-
out load or tearing during suturing the graft to the artery) of the vascular graft
with the PCL/silica outer layer was much greater than that of the graft with the
pure PCL outer layer (2.70 + 0.46 and 0.93 & 0.10 MPa, respectively) (Figure
2.6B). For successful implantation and long-term patency of a vascular graft,
sufficient SRS, exceeding the threshold value of 2.0 N, is generally required
[73]. Unfortunately, the pure PCL outer layer failed to provide sufficient
mechanical support because of its innate low stiffness and mechanical strength.
These direct comparisons of the mechanical properties of the bilayer vascular
grafts with the pure PCL or PCL/silica outer layer clearly showed positive
effects of silica incorporation into the PCL nanofiber matrix on the mechanical

properties and suturability of the graft.
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Sol—gel-derived silica is well known for its rapid dissolution
characteristics. Thus, a mechanical test was also performed on a vascular graft
with the PCL/silica outer layer, which was immersed in PBS at 37°C for up to
5 days. As shown in Figure 2.7, because of the initial burst release of the
incorporated silica, the cumulative amount of Si ions rapidly increased on day
1; however, the rate of release subsequently decreased, approaching a steady-
state and sustained-release profile by day 5, which was very similar to the data
from previous studies [61, 62]. It was also noticed that as Si ions were released,
the tensile strength of the vascular graft showed the opposite tendency, such
that the initial UTS gradually decreased to 2.53 + 0.82 MPa on incubation day
5. However, this vascular graft was significantly stronger than that with the pure
PCL outer layer, and its mechanical properties were still within the range of

values considered acceptable for clinical use [3, 70].

2.3.4. In vitro endothelial cell behavior on the PCL/collagen inner layer

To investigate the ability of the aligned PCL/collagen inner layer to
promote endothelialization and improve the anti-thrombogenicity of small-
diameter vascular grafts, the adhesion morphology, migration rate, and
proliferation degree of HUVECs were closely examined as a function of the
culture time. PCL/collagen with randomly distributed nanofibers was tested as

a control to assess the effect of structural alignment on HUVEC responses. As
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shown in Figure 2.8A, the adhered cells were significantly elongated along the
underlying aligned nanofibers and formed a monolayer over time on the aligned
electrospun fibers, whereas cells on randomly distributed nanofibers displayed
apolygonal, irregular appearance with a relatively small spreading area and low
cell numbers. Quantitative analysis of the adhered cells after 1 day of culture
also indicated that the aspect ratio (the highest length-to-width ratio) of the cells
on the aligned PCL/collagen nanofibers was almost twice as high as that of the
cells on the randomly distributed PCL/collagen nanofibers (Figure 2.8B).
Furthermore, cells on the aligned nanofibers displayed higher levels of cell
viability for up to 5 days of culture than did those on the randomly distributed
nanofibers, and the difference between the two groups increased as the

incubation time increased (Figure 2.8C).

To directly compare randomly arranged and aligned PCL/collagen
nanofibers in terms of their ability to support cell migration, a cell-free gap of
approximately 700 um in width was formed within the cell monolayers of both
samples, which served as a cell-migration niche. As shown in Figure 2.9A, both
samples clearly supported endothelial cell migration toward the center, and the
gap gradually decreased over time. However, a significant difference was found
between the samples in terms of the relative migration distance. After 3 h of
cell culturing on the aligned fibers, the gap decreased by almost 50%, and a

100% cell-migration ratio was reached after 24 h, whereas the gap reduction on
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the randomly oriented fibers was only 20% or 40% after 3 or 24 h of incubation,
respectively (Figure 2.9B). These results clearly indicated that the aligned
PCL/collagen nanofiber structure provided important topological cues to
improve the directional migration of adhered cells (parallel to the fiber
orientation) and to increase the cell-proliferation rate. In general, aligned-
surface structures at a nanometer scale highly restrict the formation of lateral
protrusions of adhered cells because of the dimensional manipulation of cell-
adhesion sites. Therefore, it is possible for cells along the aligned direction of
the surface structure to exhibit a highly stretched morphology and progressive
motility. Furthermore, it has been reported that the metabolic activity of
endothelial cells can be upregulated by coherent and unidirectional signaling
between adjacent cells, resulting in enhanced rates of proliferation and cell-
surface coverage [74]. Because endothelial cells release anticoagulation factors
that prevent platelet attachment and activation [75], our results suggest that the
aligned PCL/collagen nanofiber structure should alleviate thrombus formation

and prevent complete occlusion after graft implantation.

2.3.5. In vitro fibroblast cell behavior on the PCL/silica outer layer

In the outermost layer of natural blood vessels, fibroblast cells are
primarily distributed within a collagenous matrix and play important roles in

maintaining the vascular tone by regulating nitric oxide (NO) activity.
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Adpventitial fibroblasts generate extracellular superoxide, which can inactivate
NO via direct catalysis to form its oxidation product (NO3). Therefore, we
investigated the vascular graft remoldability via fibroblast adhesion and
proliferation on its outer layer. As shown in Figure 2.10A, the pure PCL outer
layer showed only a few cells, which were individually adhered to the surface,
retained their spherical shape, and showed little or no spreading behavior. In
contrast, the PCL/silica outer layer showed noticeably enhanced fibroblast
adhesion, with a large number of cells attached to its surface, active filopodia
formation, and a significantly larger spreading area (Figure 2.10B).
Quantitative cell-proliferation results also reflected favorable responses of
fibroblasts cultured on the PCL/silica layer (Figure 2.10C). During 5 days of
culturing, the cell-viability values on the PCL/silica outer layer were
significantly greater than those on pure PCL, and the differences became more
pronounced as the culturing time increased. Our previous studies on polymer—
silica composites demonstrated that incorporating a silica component into the
polymer matrix directly stimulated fibroblast adhesion and proliferation via the
excellent surface hydrophilicity of silica and upregulation of the metabolic
activity of fibroblasts [76-78]. Because highly proliferating fibroblasts
synthesize and secret collagen, fibronectin, and glycosaminoglycan, fibrous
connective tissue can be rapidly formed on the PCL/silica outer layer; therefore,
the bilayer vascular graft may achieve long-term clinical safety and desired

long-term outcomes in patients [79, 80].
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2.4. Conclusion

In summary, we successfully fabricated a new PCL-based bilayer
vascular graft with a rapid endothelialization capability and strong mechanical
properties by controlling the structure and material composition of each layer.
The thin inner layer of aligned PCL/collagen nanofibers allowed endothelial
cells to adhere and rapidly migrate, thus enabling rapid endothelialization of
the luminal surface of the vascular graft. The relatively thick outer layer of
randomly distributed PCL/silica nanofibers provided superior mechanical
properties and supported satisfactory affinity of fibroblasts. Overall, this report
describes a simple and affordable fabrication process, combining material
composition and structural changes and resulting in the assembly of a small-
diameter vascular graft with a promising clinical potential for vascular tissue

engineering.
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Fiber diameter (nm) of PCL/collagen composite membranes

electrospun on a drum collector rotating at each speed (rpm)

400
1200
3600

357.59+91.76
310.67 + 33.64

305.93 £33.75
297.41 + 85.47

Table 2.1. Average diameters of PCL/collagen nanofibers collected at

rotating speeds of 0, 400, 1,200, and 3,600 rpm.
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Bilayer vascular graft

Figure 2.1. Schematic illustration of the electrospun bilayer vascular graft
with an aligned PCL/collagen inner layer and a randomly distributed

PCL/silica outer layer.
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Figure 2.2. Structural and chemical characterization of pure PCL,

PCL/collagen, and PCL/silica electrospun fibers. (A) Representative SEM
images (scale bars = 2 pm) of (a) pure PCL, (b) PCL/collagen, and (c)

PCL/silica electrospun fibers. (B) Size distributions of the fiber diameters.

(C) FT-IR spectra of pure PCL, PCL/collagen, and PCL/silica electrospun

nanofibers (®: C=0 of amide I; A: N-H of amide II; o: C=0 stretching;

®@: COO vibration; #: Si—-O-Si bond; V¥: Si-OH stretching; #: CH,

stretching). (D) EDS-analyzed chemical compositions of pure PCL and

PCL/silica electrospun nanofibers.
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Figure 2.3. (A) EDS mapping images of pure PCL and PCL/silica
electrospun nanofibers. Red, yellow, and cyan colors represent the
elemental distribution of C, O, and Si, respectively. (B) Representative
TEM images of a PCL/silica nanofiber (a) before and (b) after burning at
600 °C for 1 h.
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Figure 2.4. (A) SEM images (scale bars = 15 pm), (B) FFT frequency
spectra, and (C) alignment-angle distributions of PCL/collagen nanofibers
electrospun at collector rotation speeds of 0, 400, 1,200, and 3,600 rpm. (D)
Peak angle and (E) alignment index of each sample were quantified by FFT
analysis (**p < 0.005).
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i| Outer layer

Inner layer

Figure 2.5. (A) Electrospun bilayer vascular graft (length of 2 cm, inner
diameter of 3 mm, and wall thickness of 500 pm). Cross-section images of
(B) interface between the inner and outer layer, (C) aligned PCL/collagen

inner layer, and (D) randomly distributed PCL/silica outer layer.
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Figure 2.6. (A) Summary of tensile-stretch mechanical properties of

bilayer vascular grafts with PCL or PCL/silica outer layer: UTS, Young’s
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longitudinal or (b-1 and b-2) circumferential direction. (B) (a) Suture

retention strength and (b) stress-strain curves in longitudinal direction. *p
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Figure 2.7. Cumulative amounts of released Si ions and changes in the
ultimate tensile strength of the bilayer vascular graft with the PCL/silica

outer layer, as a function of the immersion time.
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Figure 2.8. (A) CLSM images of adhered endothelial cells on the
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groups are indicated (*p < 0.05 and **p < 0.01).

45 . "':r‘ﬂ _-L‘I_':r_ .I_.” 2



>
=

0Oh 3h 24h

[ Aligned

Random

0.5

Aligned

Relative Migration Distance

0.0 _—=——m

1.04 CJRandom

0Oh

Figure 2.9. (A) CLSM images (scale bars = 400 pm) and (B) relative
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distributed and aligned PCL/collagen nanofibers. Significant differences

between the groups are indicated by **p < 0.01.
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Chapter 3.
PCL/Silica Nanocomposite Coating with
Enhanced Corrosion Resistance and

Biocompatibility for Biodegradable Metal Stents
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3.1. Introduction

Cardiovascular disease is a leading cause of severe disability and
death, and its incidence has been steadily increasing worldwide [81]. When
coronary arteries become narrow due to the deposition of lipids and cholesterol,
pernicious symptoms such as angina, heart failure, and heart attack arise due to
abnormal blood circulation [82]. Percutaneous intervention, known as coronary
stenting, is a promising treatment for solving these problems; in this approach,
a balloon-assisted or self-expanding stent is deployed at the target lesion with
minimally invasive bypass surgery and to promote blood vessel patency [82,
83]. Among the various types of stents, metallic stents, generally fabricated
from cobalt-chrome alloys or nickel-titanium alloys, possess high elastic
moduli, expandability, and flexibility, leading to their preferential use in clinical
practice [82, 84]. However, several studies revealed that these metallic stents
remain permanently within the blood vessels of patients and increase the
potential risks of late in-stent restenosis, thrombosis, local inflammation, and
prolonged physical irritation after stent implantation [85-87]. Therefore,
biodegradable stents have attracted significant attention, as they can provide
temporary mechanical support to the inner vessel wall during the healing period

and then disappear progressively [83].

Magnesium (Mg)-based stents are the first commercially released

biodegradable metallic stents, signifying their inherent high mechanical
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properties, non-immunogenicity, and non-toxicity to the human body compared
to polymeric biodegradable stents [83, 86, 88-90]. In addition, Mg ions are
reported to be essential for endothelial cell activity and function while
possessing low thrombogenicity and antiarrhythmic characteristics, which can
prevent platelet activation on the surface as well as abnormal microvessel
contraction [91, 92]. However, Mg-based stents have an extremely high
corrosion rate under physiological conditions; therefore, there is a high risk of
unexpected structural collapse and stent failure during clinical service.
Although Mg is well-known for its biocompatibility, the generation of
excessive degradation byproducts, such as Mg(OH), and hydrogen gas, may
lead to local tissue alkalization and hydrogen bubble formation, thereby

impairing vascular tissue remodeling [83, 93, 94].

To address these issues, considerable efforts have been devoted to
enhancing the corrosion resistance of Mg stents, and introducing polymeric
coating layers on the Mg surface has been demonstrated as effective for stent
applications because of its high elasticity during stent deployment and good
coatability even on complex-shaped stents [83, 95]. Several biodegradable
polymers, such as poly (L-lactic acid) (PLLA), polycaprolactone, and poly
(lactic-co-glycolic acid), have demonstrated acceptable biocompatibility and
FDA approval status for use in stent applications. As they play a role in

promoting the physical barrier function on the surface of Mg, it is possible to
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achieve stable corrosion protection ability for the Mg stent by increasing the
coating thickness [83, 96-98]. However, as the polymeric coating possesses
inherently high mechanical mismatch with the Mg stent, the increased coating
thickness may not endure stable coating deformations during the stent
deployment process, thereby resulting in crack formation and partial or full
delamination of the coating layers [99]. Moreover, most synthetic
biodegradable polymers exhibit poor vascular tissue responses, showing
delayed re-endothelialization, long-term thrombosis, and inflammatory
reactions [100, 101]. Thus, the coating of the Mg stent is desired to protect it
from rapid corrosion and reduce biological risks while retaining a functional

thickness.

Recently, silica (SiO,) has been proposed as a nanoparticle for
polymer-based nanocomposites owing to its various functionalities by
modifying its surface chemistry [102-105]. In addition, silica is well known for
its biodegradability and excellent endothelial cell affinity. It can be hydrolyzed

into silicic acid (Si(OH)4) to be excreted through the urine, which has reported
as no cytotoxicity within a concentration range of 0.0625 ~ 400 ug/m¢ [30].
The dissolved form of silica induces a hypoxic condition by mimicking the
metallic ions that inactivates prolyl hydroxylase domain (PHD2) enzyme to

activate hypoxia-induced factor-1 (HIF-1), which regulates the expression of

vascular endothelial growth factor (VEGF) [32, 33], therefore, they are
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considered beneficial for promoting vascular healing and regeneration around
stents [106, 107]. Regarding corrosion protection, it is possible to decrease the
rate of water penetration into the polymer coating layer by incorporating
hydrophobic silica nanoparticles into the polymer matrix [108]. This
hydrophobic surface modification can also hinder the nanoparticles aggregate
in the relatively hydrophobic polymer matrix, displaying homogeneous
dispersion, which induces robust biological functions by stimulating the
specific cells or bacteria continuously as well as promoted mechanical strength
by regulating the mobility of polymer chains [109, 110]. However, despite these
advantages, there has been no attempts to apply silica to biodegradable polymer
coatings for Mg stents. In this study, we selected PLLA as a representative
biodegradable polymeric coating material because it has been extensively
utilized for Mg surface coating and fabricated a PLLA/silica nanocomposite
coating on the surface of the Mg stent. To ensure sufficient corrosion protection,
the surface of silica nanoparticles was modified to be hydrophobic (mSiNP),
and the physical, chemical, and mechanical properties, corrosion protection
ability, degradation behavior, and in vifro endothelial cell affinity of the
nanocomposite coating with different weight ratios of the mSiNPs were

examined in comparison with those of the pure PLLA coating.
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3.2. Materials and methods

3.2.1. Materials

Mg alloy WE43 (4.1 wt% yttrium, 2.1 wt% neodymium, 0.56 wt%
zirconium, 0.028 wt% manganese, Yueyang Yuhua Yejin Company, China) was
manufactured into a plate and stent specimen as substrate. Poly-L-lactic acid
granules (99.9%, Mn = 60,000-80,000) was provided by Pureco (Korea).
Tetraethyl orthosilicate (TEOS), dichloromethane (DCM), ammonium
hydroxide solution (28.0-30.0%, NH4OH), hexadecyltrimethoxysilane
(HDTMS), and other reagents were purchased from Sigma-Aldrich

Corporation (USA).

3.2.2. Sample preparation

Silica nanoparticles (SiNPs) were synthesized using the Stober
method [111]. First, 50 mL of ethanol, 3 mL of TEOS, and 3 mL of ammonium
hydroxide were stirred vigorously for 2 h at 50 °C. Subsequently, 0.51 mL of
HDTMS was added and reacted for 15 min to modify the surface of the silica
particles to induce hydrophobicity. The modified silica nanoparticles (mSiNP)
were obtained by centrifugation (10,000 rpm, 5 min), rinsed with ethanol,
centrifuged repeatedly, and then dried in an oven at 70 °C. For the

PLLA/mSiNP nanocomposite coating, the as-prepared mSiNPs were sonicated
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in DCM to allow uniform dispersion, after which 10 w/v% of PLLA granules
were dissolved in the silica suspension. The ratios of mSiNP to PLLA were 0,
5, 10, and 20 wt%, named PLLA, PLLA/5mSiNP, PLLA/10mSiNP, and
PLLA/20mSiNP, respectively. Each coating solution was spin-coated on the
WEA43 alloy specimens (10 mm X 10 mm X 2 mm) at 3000 rpm for 1 min
and then polished with SiC abrasive papers up to 2000 grit, followed by

washing with ethanol to remove grease.

3.2.3. Characterizations of PLLA/mSiNP nanocomposite coating layer

The surface morphology of the PLLA/mSiNP nanocomposite coating
layers was observed using field-emission scanning electron microscopy (FE-
SEM; SUPRA 55VP, Zeiss, Germany) with an accelerating voltage of 20 kV.
Their chemical compositions were characterized by Fourier-transform infrared
spectroscopy (FT-IR; Nicolet iS50, Thermo Fisher Scientific, USA) from 400
to 4000 cm™. To evaluate the wettability of each coating layer, a 3.0 ul droplet
of distilled water was formed on the surface, and its image was captured to fit
in a circular shape and measured using a water contact angle analyzer (WCA;
SmartDrop, Femtobiomeb, Korea). The surface roughness was compared after
investigating three regions of each specimen with an area of 30 um X 30 um
by atomic force microscopy (AFM; NANO Station II, Surface Imaging

Systems, Germany).

54



3.2.4. Coating stability test

The WE43 coronary stent, with an inner diameter of 3 mm and length
of 20 mm, was coated with four concentrations of PLLA/mSiNP solution (0, 5,
10, and 20 wt% mSiNP to PLLA) to confirm coating stability during stent
expansion. The stents were prepared in a crimped state, with a diameter of 1.8
mm, followed by electrochemical and ultrasonic polishing processes in ethanol.
The as-prepared coating solution was sprayed on a rotating Mg alloy stent
substrate under controlled solution flow rate, substrate speed, nozzle and
substrate distance, and air pressure conditions. The PLLA/mSiNP-coated stents
were then mounted on a balloon catheter filled with distilled water, expanding
until the inner diameter reached 3 mm by increasing the water pressure gently
up to 12 atm. The surface morphology was examined to assess the coating

stability of the Mg stent by FE-SEM.

Additionally, the PLLA/mSiNP films were fabricated by solvent
casting for tensile testing using a universal testing machine (UTM; Model 5565,
Instron Corp., Danvers, USA) to compare the mechanical strength with the
silica particle content. The solution was prepared in the same manner as the
above-mentioned spin-coating solution, poured into Petri dishes, and dried
slowly. After 48 h to allow enough time for the organic solvent to evaporate
thoroughly, they were cut into a 50 mm long and 10 mm wide rectangle. The

as-prepared tensile test specimens were clamped with a gauge length of 15 mm
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and extended at a constant speed of 3 mm/min. The thickness was gently
measured using a micrometer to obtain a cross-sectional area for the generation

of a stress—strain curve.

3.2.5. Corrosion test

The corrosion behavior of the PLLA/mSiNP-coated magnesium alloy
specimens was compared by measuring the amount of evolved hydrogen gas

during magnesium degradation. The bottom and sides of all samples were

protected with epoxy so that only the top (10 mm X 10 mm) was exposed. Four

as-prepared samples for each experimental group (PLLA, PLLA/5mSiNP,
PLLA/10mSiNP, and PLLA/20mSiNP) were immersed in 100 mL of simulated
body fluid (SBF) for 12 days at 37 °C, and the resultant hydrogen gas was
collected by the water substitution method. After 12 days of in vitro corrosion
tests in a physiological environment, they were gently washed with ethanol and

dried to observe the surface morphology of the coating layer by FE-SEM.

On the basis of the coating stability and corrosion protection ability,
the pure PLLA and PLLA/10mSiNP nanocomposite coatings were selected for
the evaluation of the Mg stent degradations. The PLLA- and PLLA/10mSiNP-
coated Mg stents were tightly placed into the silicone tube by a balloon-assisted

expansion under SBF immersion condition at 37 °C. The degradation behavior
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of Mg stents was monitored by micro-computed tomography (u-CT; Skyscan
1173, Bruker, USA) operating at a voltage of 130 kV and current of 60 pA at a
prescribed time. Their remaining volume and 3D morphology were analyzed

using commercial softwares, CTAn and CTVox, from Bruker.

3.2.6. Mg and Si ion release test

The epoxy-protected PLLA/mSiNP specimens at an exposed area of

10 mmx 10 mm were immersed in 5 mL of SBF solution to monitor the
concentration of released Mg and silicon (Si) ions from each sample for 12 days
at 37 °C by inductively coupled plasma atomic emission spectrometry (ICP-
AES; Optima-4300DV, PerkinElmer, USA). The solution was collected for
evaluation at 2, 4, 8, and 12 days after immersion and replaced with fresh SBF.
The Mg ion release profile was further compared to the corrosion behavior, as

they were positively correlated.

3.2.7. In vitro biocompatibility test

The in vitro cellular behaviors of PLLA/mSiNP-coated WE43
specimens were evaluated using human umbilical vein endothelial cells

(HUVECs; CRL-1730, American Type Culture Collection) to analyze the effect
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of incorporating silica nanoparticles into the coating layer in terms of adhesion,
proliferation, and migration. All samples were sterilized by immersion in 100%

ethanol for 3 h, followed by exposure to UV irradiation for 1 h.

For the initial adhesion and proliferation test, HUVECs were seeded
on the four different specimens at a density of 3 x 10* cells/mL in endothelial
cell basal medium-2 (Lonza, Walkersville, USA) supplemented with 5% fetal
bovine serum and 1% penicillin—streptomycin and then cultured in a humidified
incubator containing 5% CO, at 37 °C. After culturing for 1 d, the cells were
stained with green fluorescent calcein AM (Thermo Scientific, USA) for
confocal laser scanning microscopy (CLSM; SP8X, Leica, Germany). The cell
spreading morphology and coverage area of each specimen were observed and
calculated quantitatively using the ImageJ threshold tool. To evaluate cell
viability, the samples were obtained after 3 d of incubation, washed with PBS,
transferred to a new cell culture plate immersed in fresh medium containing 10%
Cell Counting Kit-8 reagent (CCK-8; Dojindo Laboratories, Japan), and
incubated for 2 h. The optical absorbance originating from the formazan
product was measured at a wavelength of 450 nm using a microplate reader

(Victor 3, Perkin Elmer, USA).

The migration of HUVECs was monitored after they sufficiently
covered the entire surface, excluding a cell inhibition zone where a rubber block

had been placed on each specimen. All samples were gently washed with PBS,
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and the adhered cells were incubated in a fresh cell medium at 5% CO, at 37 °C.
Their migration distance was observed via CLSM at 0, 3, and 24 h after the

block was removed.

3.2.8. Statistical analysis

All evaluations were conducted using at least three samples per group.
The measured values were reported as the mean + standard deviation and were
statistically analyzed using the Social Sciences program (SPSS 23, SPSS Inc.,
USA). Normality was investigated using the Shapiro—Wilk test, and the
statistical significance of differences was evaluated by one-way analysis of

variance (ANOVA) based on a p-value below 0.05.
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3.3. Results

3.3.1. Surface characterizations of PLLA/mSiNP nanocomposite coating

The surface morphology, chemical properties, wettability, and surface
roughness of the PLLA/mSiNP nanocomposite coating layers with different
amounts of mSiNP were investigated using SEM observation, FT-IR analysis,
water contact angle (WCA) measurement, and AFM analysis. As a control
group, the Mg specimens coated with pure PLLA were also analyzed using the
same method. In the case of the PLLA/mSiNP nanocomposite coatings (Figure
3.1Ab—d), incorporated silica nanoparticles clearly appeared on the surface of
coatings with sub-micron-sized aggregation, while the pure PLLA coating only
showed a smooth and flat surface morphology (Figure 3.1Aa). All coated Mg
samples showed no defects or pinholes on their surfaces. According to the
supplementary data, the thickness of the coatings was within a range of 3.12—
3.96 um (Table 3.1). In the FT-IR spectra (Figure 3.1B), the characteristic
peaks of PLLA were detected on both pure PLLA and PLLA/mSiNP
nanocomposite coatings at 2997 and 2946 cm™! for C—H stretching, 1747 cm™!
for C=0 stretching, 1454, 1382, and 1359 cm™! for C-H bending, and 1180,
1129, and 1081 cm™' for C-O stretching [61]. In addition, the PLLA/mSiNP
nanocomposite coating exhibited additional peaks at 1050 and 792 cm ™! for Si—
O-Si stretching and 440 cm™! for Si—O-Si bending, compared to the pure PLLA

coating [61]. According to the supplementary data (Figure 3.2), characteristic
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peaks of hydrophobic silica nanoparticles (C—H stretching at 2923 and 2850
cm ') overlapped with neighboring PLLA peaks. The wettability of the pure
PLLA and PLLA/mSiNP nanocomposite coatings were determined at different
mSiNP amounts using WCA measurements, as shown in Figure 3.1C. The
water droplet maintained its round shape on the pure PLLA coating with an
average WCA of 71°. As the mSiNP amount increased, the WCA also increased
up to 77° with a statistically significant difference (P < 0.05) when 10 and 20

wt% of mSiNPs were incorporated into the PLLA coating.

AFM surface 3D topography (Figure 3.3A) confirmed that the
incorporation of mSiNP substantially increased the surface roughness of the
coating compared to that of pure PLLA; the smooth and flat surface of pure
PLLA was changed to exhibit rough and uneven surface morphology with only
5 wt% of mSiNP incorporation (Figure 3.3Aa-b). This trend becomes more
severe with increasing amounts of mSiNP, and in the case of the
PLLA/20mSiNP coating, there is almost no flat region on the surface profiles
with numerous observable nanoscale pits (Figure 3.3Ac&d). The statistical
measurement of root mean square surface roughness, Rq, also represented
continuously increased average surface roughness value of coatings with
increasing amount of mSiNP, showing 22.7 + 4.07, 40.2 + 3.21, 50.2 £+ 2.19,
and 58.1 + 2.85 nm of average surface roughness for pure PLLA,

PLLA/5mSiNP, PLLA/10mSiNP, and PLLA/20mSiNP coatings, respectively.
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3.3.2. Mechanical stability of PLLA/mSiNP nanocomposite coatings

The mechanical properties of the pure PLLA and PLLA/mSiNP
nanocomposites were preliminarily examined by applying a tensile load
without the Mg substrate. For this test, each specimen was fabricated in a film
shape using the solvent casting method. Figure 3.4A depicts the typical stress—
strain curves of the films with different mSiNP amounts, and the elastic
modulus, ultimate tensile stress (UTS), and strain-to-failure are shown in
Figure 3.4B. As expected, the typical ductile fracture behavior of pure PLLA
was converted to brittle fracture as the amount of mSiNP increased. Notably,
with 10 wt% of mSiNP, the elastic modulus and UTS reached the highest values
among all samples, showing 1.84 + 0.184 GPa and 36.6 + 3.22 MPa,
respectively, which is 64% and 61% higher than those of pure PLLA (elastic
modulus: 1.12 £ 0.166 GPa, UTS: 22.8 = 1.48 MPa). However, the further
addition of 20 wt% mSiNP did not result in any additional improvement in the
mechanical properties, rather than resulting in a slight reduction in both the
elastic modulus and UTS (elastic modulus: 1.63 = 0.073 GPa, UTS: 30.9 +2.40

MPa).

To investigate the practical coating stability, each coating layer was
formed on the Mg stent via spray-coating, and after the balloon-assisted stent
expansion process, their surface morphologies were observed using SEM. As

shown in Figure 3.4C, pure PLLA and its nanocomposite coatings with up to
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10 wt% mSiNP uniformly covered the entire surface of the Mg stents with
uniform and flawless surface morphologies (Figure 3.4Ca—c). Even in the
magnified images at the corner segments of the stent-strut, there was no
noticeable damage or defect on the coatings, and they only exhibited a very
smooth and continuous coating surface (Figure 3.4Ca’—c’). However, in the
case of the PLLA/20mSiNP coating, considerable coating cracks were observed
at the corner segment (Figure 3.4Cd), and the bare Mg surface was partially

exposed through cracks in the high-magnification image (Figure 3.4Cd’).

3.3.3. Degradation behaviors

The corrosion protection ability of pure PLLA and PLLA/mSiNP
nanocomposite coatings was evaluated by measuring the evolved hydrogen gas
volume and the amount of Mg ions released from each coated Mg substrate
under SBF immersion for 12 days (Figure 3.5A-C). According to the
supplementary data (Figure 3.6A&B), the bare Mg sample exhibited massive
evolution of H, gas during the entire immersion period; after 12 days of
immersion, the thick and rough corrosion products were fully covered over the
surface of the Mg sample. In the case of the pure PLLA coating, it suppressed
the initial burst evolution of H, gas for up to 3 days of immersion. However,
after that time, its corrosion protection was not sufficient, exhibiting a rapid

increase in H, gas volume for up to 12 days of immersion. In contrast, when the
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mSiNP was incorporated into the PLLA, the coating layer exhibited enhanced
corrosion protection ability compared to pure PLLA, and noticeably,
PLLA/10mSiNP and PLLA/20mSiNP coatings exhibited substantially less H»
gas volume, reaching only 1.5 and 2 mL after 12 days of immersion, and the
pure PLLA-coated Mg reached 8.4 mL at the same time point (Figure 3.5A).
The Mg ion release test results also showed good agreement with the H, gas
evolution test results. The pure PLLA coating showed the highest rate of Mg
ion release during the entire immersion period, and with increasing mSiNP
amount, the rate becomes significantly slower than that of the pure PLLA
coating. In particular, in the case of the PLLA/10mSiNP and PLLA/20mSiNP
coatings, the values of released Mg ions at 12 days of immersion were
approximately 40% lower than those of the pure PLLA coating (Figure 3.5B).
Figure 3.5C depicts the theoretical corrosion rate, calculated based on the total
H> gas volume during the SBF immersion test, using the chemical reaction
equation: Mg(s) + 2H,0(l) - Mg(OH),(aq) + H,(g) T (Figure 3.6D).
The corrosion rate significantly decreased as mSiNPs were incorporated into
the PLLA matrix, which was 0.623 + 0.168, 0.356 + 0.051, and 0.245 + 0.084
mm/year for PLLA/5SmSiNP, PLLA/10mSiNP, and PLLA/20mSiNP,
respectively, whereas pure PLLA-coated Mg corroded at a rate of 1.41 + 0.453

mm/year.

The degradation of mSiNP in the coatings was also monitored by
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measuring the amount of Si ions released from the coating during the same
immersion period (Figure 3.5D). As expected, the results indicate that all
nanocomposite coatings exhibited a gradual degradation of mSiNP in the PLLA
coating matrix, and the total amount of Si ions was proportional to the amount
of incorporated mSiNP in the PLLA. The highest number of ions (8.64 +
0.752 mg/L) was observed in the PLLA/20mSiNP coating, whereas 3.17 +
0.244 and 2.67 +0.817 mg/L of Si ions were detected on the

PLLA/10mSiNP and PLLA/5mSiNP coatings, respectively.

After 12 days of immersion, the surface morphology of each coating
was observed using SEM, as shown in Figure 3.5E. The pure PLLA coating
showed a substantial coating fracture with severely torn and delaminated
coating edges, where the bare Mg surface was largely exposed to the SBF
solution. In the case of the PLLA/5SmSiNP coating, a noticeable localized
coating failure with crack formation and partial delamination was observed, but
it displayed a much smaller area of exposed Mg substrate than pure PLLA
coating. In contrast, the PLLA/10mSiNP and PLLA/20mSiNP coatings almost
possessed their original coating morphologies, and only a few micro-sized
cracks appeared on their surfaces without any noticeable coating delamination

or Mg substrate exposure.

The PLLA/10mSiNP was adopted for Mg stent degradation test due

to its coating stability and significantly improved corrosion resistance. This
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stent degradation test is distinct from the previous corrosion test on Mg plate
specimens, since mechanical deformation was applied on the coating layer
during stent expansion. According to Figure 3.5Fb, where the remaining
volume (%) was calculated against an initial total volume of stent, the
composite coating protected Mg stent far more effectively than the pure one.
For the pure PLLA-coated stent, its volume decreased continuously, and after
3 days of immersion, several struts and bridge parts between them were broken
and separated, with the result that 54.27 % was lost for 12 days. The
PLLA/10mSiNP-coated Mg stent, on the other hand, remained 72.84 % of its
initial morphology at the last day, revealing significantly mild degradation rate

(Figure 3.5Fa).

3.3.4. In vitro endothelial cell assays

To assess the endothelial cell responses to the Mg samples with pure
PLLA and PLLA/mSiNP nanocomposite coatings, we investigated the HUVEC
adhesion morphology, surface coverage area, and proliferation (Figure 3.7).
Figure 3.7A shows representative CLSM images of the endothelial cells
adhering to each coating surface after 1 d of culture. A considerably small
number of cells adhered and barely spread on the surface of the pure PLLA
coating, retaining near-spherical cell morphology with few cellular protrusions

(Figure 3.7Aa). In contrast, on the PLLA/mSiNP nanocomposite coatings, the
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number of adhered cells appears to increase progressively on the surfaces with
increasing the amount of mSiNP, and noticeably, the HUVECs adhere more and
spread well on the surfaces of PLLA/10mSiNP and PLLA/20mSiNP coatings,
exhibiting polygonal adhering morphologies with distinct filopodia and
lamellipodia structures (Figure 3.7Ab—d). From the quantitative measurement
(Figure 3.7B), pure PLLA coating showed the lowest level of cell coverage
area of 10.5 = 1.70%, while the PLLA/mSiNP nanocomposite coatings
exhibited significantly higher levels of cell coverage areas than the pure PLLA,
showing 26.0 + 3.02%, 31.4 £+ 6.14%, and 46.4 + 12.3% for PLLA/5mSiNP,
PLLA/10mSiNP, and PLLA/20mSiNP, respectively. HUVEC proliferation was
also greatly affected when mSiNP was incorporated into the PLLA coating
matrix. After 3 days of culturing, the HUVEC proliferation levels on the
PLLA/mSiNP nanocomposite coatings were higher than those on the pure
PLLA and also demonstrated an increasing tendency with mSiNP amounts
(Figure 3.7C). In particular, on the PLLA/10mSiNP and PLLA/20mSiNP
nanocomposite coatings, the cell proliferation levels were approximately three
and four times higher than that of the pure PLLA coating with statistical

significance (P < 0.05).

The rates of HUVEC migration distance on each coating surface were
examined after removing the barrier and observing the cell inhibition zone at

the predetermined time (3 and 24 h) (Figure 3.8A). As shown in Figure
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3.8B&C, all samples showed gradual migration of HUVECs into the cell
inhibition zone, and the gap between the cell layers decreased with culturing
time. However, in terms of the relative migration distance, a significant
difference was found between the pure PLLA and PLLA/mSiNP
nanocomposite  coatings. In particular, on PLLA/10mSiNP and
PLLA/20mSiNP coatings, HUVECs rapidly migrated, showing approximately
30% of the migration area after 3 h of cell culturing, and an 80% cell migration
area was reached only after 24 h, whereas the HUVEC migration area on the
pure PLLA was only 5% and 45% after 3 and 24 h of incubation, respectively.
The cells on the PLLA/5SmSiNP coating also exhibited a higher rate of cell
migration compared to the pure PLLA coating, but the difference was not very

significant compared to the PLLA/10mSiNP and PLLA/20mSiNP coatings.
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3.4. Discussion

Although Mg and its alloys are promising candidates for the
fabrication of biodegradable vascular stents, their excessively high degradation
rate is a fundamental challenge for their practical use in medical applications
[83]. To overcome this limitation, four typical strategies have been suggested,
which involves purification to remove impurities in the Mg matrix that can
cause galvanic corrosion, alloying treatment for enhancing not only corrosion
resistance but structural integrity, metal matrix composite by protecting
corroded parts or formulating surface mineralization, and bioceramic or
biopolymer coating to regulate degradation rate [112]. Among the numerous
techniques for coating or surface modification of Mg implants, polymeric
coating is widely applied because it can endure structural deformation during a
balloon-assisted expansion procedure [83, 98, 113]. However, to the best of our
knowledge, few studies have investigated a feasible coating system for Mg
stents that can not only suppress degradation but also promote biocompatibility
while minimizing the required total coating thickness to less than 5 um. As the
thick polymeric coating may not endure stable coating deformations during the
stent deployment process, it is practically important to provide sufficient
degradation resistance to the Mg stent, even with a thin coating thickness [99].
In this study, we developed a bifunctional PLLA/mSiNP nanocomposite

coating that facilitated robust corrosion resistance and remarkably promoted
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endothelialization by incorporating silica nanoparticles into PLLA, while

maintaining a coating thickness of less than 4 pm (Table 3.1 and Figure 3.9).

The necessity for surface modification of the silica nanoparticles
should be considered prior to evaluating the physiological and biological
properties of the PLLA/mSiNP nanocomposite coatings because the phase
separation between the hydrophobic polymer matrix and hydrophilic ceramic
nanoparticles commonly occurs via strong hydrophobic—hydrophilic repulsion
forces between them [114, 115]. Therefore, alkyl-functionalized mSiNPs,
treated with HDTMS with long carbon chains, were utilized instead of
hydrophilic SiNPs obtained via the Stober method to allow nanoparticles to
disperse uniformly in the hydrophobic PLLA matrix and exploit its good water
penetration resistance [111]. As shown in Figure 3.2A&B, although the
morphology and size of the particles before and after the surface treatment
barely changed, the characteristic peaks for C-H bending at 2923 and 2850 cm™!
were observed only for mSiNPs on FT-IR analysis, indicating that its surface
was alkylated by HDTMS. Additionally, from the XPS analysis, the mSiNP
clearly showed C 1s region originated from HDTMS, while only tiny one
appeared on SiNP due to inevitable surface contamination (Figure
3.10Aa&Bb). The peaks at 284.4 eV, 285.0 eV, and 286.2 eV associate to the
C-C, CHs-Si, and C-O from the C 1s spectrum of mSiNP, respectively. For Si

2p spectrum, the SiNP revealed two peaks at 103.2 eV and 103.9 eV
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corresponding to O-Si-O and Si-OH (Figure 3.10Aa’), however, an additional
peak for Si-C was observed at 102.5 eV on mSiNP (Figure 3.10Bb’), the
integrated intensity of which was 17 %. Therefore, both analysis, FT-IR and
XPS, verified the surface of mSiNP was successfully modified into
hydrophobic. The surface wetting angle was measured after each particle was
dispersed in ethanol by sonication and overnight agitation to coat a slide glass.
The alkylation process significantly increased the WCA up to 103°, ensuring
that the surface of the mSiNP was successfully modified into hydrophobic
properties (Figure 3.2C). The enhanced dispersion of mSiNP in PLLA is shown
in Figure 3.11A. The mSiNP dispersed far more uniformly into a PLLA matrix
without forming large agglomerated clusters compared to the bare one. This
uniform dispersion contributed to not only the relatively even surface
morphology but also the mechanical strength, with a higher tensile extension
(11.5%), while the fracture on the PLLA/SiNP film occurred at only 3.5% of
deformation, as the agglomerated site caused stress concentration (Figure
3.11B&C) [116]. Furthermore, the corrosion resistance of PLLA/mSiNP was
superior to it of PLLA/SiNP with the same concentration of the embedded
particles, and also the standard deviation among the specimens was smaller than
PLLA/SiNP, exhibiting relatively uniform property (Figure 3.11D). Thus, both
hydrophobic surface and homogeneous dispersion of mSiNP protected the
substrate against corrosive medium by resisting the water penetration through

the surface and elongating the water transportation through the matrix
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effectively [117, 118]

The PLLA/mSiNP nanocomposite coating on the Mg substrate was
prepared with different amounts of mSiNP (up to 20 wt%), and their surface
morphology, chemical composition, wettability, and surface roughness were
compared with those of the pure PLLA coating. On the surface of the
PLLA/mSiNP coatings, the incorporated mSiNPs were partially exposed on the
outermost surface of the coating layer, but they still maintained a defectless
coating structures (Figure 3.1A), and the presence of mSiNPs on the surface
was also chemically identified via FT-IR analysis (Figure 3.1B). However, the
PLLA/20mSiNP nanocomposite coating exhibited many aggregated mSiNPs
on the surface at the sub-micron scale and the highest surface roughness (Rq)
among all coated samples (Figure 3.1Ad and Figure 3.3). Although ceramic
nanoparticles could play a role in reinforcing the polymer matrix, many
parameters directly affect the mechanical properties of the nanocomposite, such
as reinforcement size, surface functionalization, interfacial adhesion, and
dispersion state [119]. In PLLA/mSiNP nanocomposite coating system, the
imbedded silica nanoparticles didn’t affect coating adhesion strength,
exhibiting the critical load around 41 mN in all the coatings (Figure 3.12) when
micro-scratch test was performed using a micro-scratch tester with a total
length of 500 wm, normal force range of 10-300 mN, scratch speed of 3 pum/s,

and indenter radius of 12.5 pm, but mechanical strength. In particular, because
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structural entanglement between the polymer matrix and ceramic nanoparticles
is regarded as the main reason for mechanical strengthening under deformation
conditions [119, 120], overloaded mSiNPs (20 wt%) with poor dispersion
stability in the PLLA matrix should minimize the magnitude of the interaction
between the mSiNP and PLLA and adversely affect the mechanical behavior of
the nanocomposite, resulting in a decrease in the elastic modulus and UTS,
compared to the PLLA/10mSiNP (Figure 3.4A&B) [70, 121]. In addition, the
aggregated mSiNPs on the surface could induce the formation of cracks under
tensile and flexural loading via inhomogeneous and localized stress distribution,
which in turn deteriorates the coating stability during the stent deployment
process (Figure 3.4Cd’) [122]. It is common that the critical concentration of
the nanofillers exists to reinforce the host matrix, regardless of material type
such as alloy or polymer/ceramic composite, since the cohesion between the
aggregated particles leads to deterioration of mechanical strength; that is,
PLLA/10mSiNP was regarded as a critical condition for reinforcements in this

composite coating system [123, 124].

In terms of biocompatibility, it is important that the PLLA/mSiNP
nanocomposite coating should provide a stable biological environment for
rapid re-endothelialization over the coated Mg stent. Therefore, enhanced
corrosion resistance could restrict a local alkaline environment and overdose of

releasing Mg ions, which provide benefits for cell adhesion and proliferation
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[113, 125]. The accumulation rate of the evolved hydrogen gas resulting from
corrosion also affected the stable environment for cell growth on the coating,
since the formation of excessive hydrogen gas pockets may cause vacancies
between the coating and the Mg substrate, or eventually separation of the
protective layer and then exposure of a large region of the substrate [126]. As
shown in Figure 3.5, the introduction of the mSiNPs hindered the degradation
of the Mg substrate, leading to a small amount of evolved hydrogen gas and a
low concentration of the released Mg ions. More importantly, there was no H»
gas evolution until 7 days of immersion with the PLLA/1OmSiNP and
PLLA/20mSiNP nanocomposite coatings, while it was rapidly corroded with
the pure PLLA coating, causing a noticeable localized coating failure because
of the enormous H» gas pockets. The pH value was also evaluated by immersing
the bare (un-coated), PLLA-coated, and PLLA/mSiNP-coated Mg substrates in
40mL of SBF solution at 37 °C (Figure 3.6C). The initial pH value of SBF was
7.3. The pH of bare Mg increased immediately and reached 10.15 after 12 days
of immersion due to rapid corrosion, while the PLLA and PLLA/mSiNP-coated
Mg exhibited slight pH decrease in the initial stage owing to degradation of the
PLLA, followed by gradual increase. The alkaline shift was more moderate
with the PLLA coating, implying the hydrolysis of PLLA may neutralize and
mitigate the pH change, and also decreased with increasing amount of mSiNP
[118, 127]. This result has a good agreement with the previous corrosion test

(Figure 3.5), which indicates PLLA/mSiNP nanocomposite exhibited excellent
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corrosion resistance with slower pH increase. In addition, when the coated Mg
stent with PLLA and PLLA/10mSiNP were inserted and deployed into the
silicone tube under the SBF immersion condition, the PLLA/10mSiNP coating
practically offer excellent corrosion resistance to the Mg stent, showing higher
amount of remained original stent shapes and volumes than that of pure PLLA
coating during the entire immersion period. Typically, hydrophobic surface
layers not only provide a less accessible surface to the corrosive medium but
also lead to retarding its penetration to the Mg substrate, thus delaying the initial
stage of corrosive attach and slowing the overall kinetic corrosion processes
[118, 128, 129]. In this study, the exposed mSiNPs contributed to the
hydrophobicity of the coating, which could disturb the initial water penetration,
and the embedded particles can also elongate the water transport path to prolong

the time delay until contact with the Mg substrate [ 104, 105, 130].

Along with the corrosion resistance, there are many factors
influencing the cellular behavior and vascular regeneration around the
implanted materials, such as surface wettability, topography, chemical
composition, and ionic concentration of the surroundings [131, 132]. As shown
in Figure 3.7 and Figure 3.8, the endothelial cell functions, including early
attachment, migration, and proliferation, tended to be gradually enhanced with
increasing mSiNP amount. In general, Si is dissolved into silicic acid (Si(OH)4)

in an aqueous environment, and its dissolution behavior depends on several
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parameters such as the size, porosity, surface functional group, and pH or
temperature of the media. The Si ions released from Si(OH)4 are known to be a
driving factor of angiogenesis by activating the synthesis of vascular
endothelial growth factor (VEGF) and its receptor (VEGF receptor 2), resulting
in increased proliferation, migration motility, and differentiation of endothelial
cells [32]. The extent of hydrophobic modification of silica influences
degradation [133], so the reaction time with HDTMS in this study was set to 15
min. The modified silica nanoparticles embedded in the nanocomposite coating
on Mg sustained the release of Si without any sign of saturation for 8 days. In
addition, it has been reported that the roughened surface morphology can
encourage HUVEC adhesion on the surface and secrete several intracellular
cytokines that can further promote the tight adhesion of cells via formation of
filopodia- and lamellipodia-like cell protrusion [134, 135]. Thus, it can be
concluded that the synergistic effect of the Si-rich environment and roughened
surface of PLLA/mSiNP should improve endothelial cell activity, including
initial  attachment, migration, and proliferation, implying rapid

endothelialization over the Mg stents.
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3.5. Conclusion

In this study, we developed a bifunctional PLLA/mSiNP
nanocomposite coating on a Mg stent to enhance the corrosion resistance
and endothelial cellular affinity. Hydrophobic surface modification of
the silica nanoparticles enabled uniform dispersion in the PLLA matrix,
and the PLLA/mSiNP nanocomposites exhibited excellent mechanical
properties without any noticeable coating delamination or Mg substrate
exposure during stent deployment process. Incorporation of the mSiNP
into the PLLA coating significantly protected Mg substrate from rapid
degradation by disturbing the penetration of corrosion media through the
nanocomposite coating. The roughened surface and Si-rich environment
of the PLLA/mSiNP nanocomposite coatings triggered the initial
adhesion, migration, and proliferation of endothelial cells. These results
suggest that the PLLA/mSiNP nanocomposite coatings can provide a
practical and reliable strategy to improve corrosion resistance and

clinical outcomes of biodegradable Mg-based vascular stents.
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Sample Average coating thickness (num)

PLLA
PLLA/5mSiNP
PLLA/10mSiNP
PLLA/20mSiNP

3.1240.071
3.77+0.102
3.73 £ 0.036
3.96+0.118

Table 3.1. Average thickness of pure PLLA and PLLA/mSiNP

nanocomposite coatings.
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Figure 3.1. (A) Surface morphology of (a) pure PLLA, (b) PLLA/SmSiNP,

(c¢) PLLA/10mSiNP, and (d) PLLA/20mSiNP coating layer on Mg alloy

(scale bar = 10 pm). (B) FT-IR spectra of pure PLLA and PLLA/mSiNP

nanocomposite (o: C-H stretching, m: C=0 stretching, ©: C-H bending, ¢:
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Figure 3.2. (A) SEM images of silica nanoparticles (SiNP) and surface-
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Figure 3.3. (A) AFM surface topography of (a) pure PLLA, (b)
PLLA/SmSINP, (¢) PLLA/10mSiNP, and (d) PLLA/20mSiNP coating layer
on Mg alloy and (B) their measured root mean square roughness (Rq) (*p

<0.05 and **p < 0.005).
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Figure 3.5. (A) Evolved H; gas volume and (B) released Mg ion after
immersing Mg alloys coating with pure PLLA, PLLA/SmSiNP,
PLLA/10mSiNP, and PLLA/20mSiNP in SBF. (C) Theoretical corrosion
rate based on the amount of hydrogen volume (*p < 0.05 and **p < 0.005).
(D) Si ion release profile tracking after immersing each specimen in SBF
solution for 12 days. (E) Surface morphology of (a) pure PLLA, (b)
PLLA/SmSINP, (¢) PLLA/10mSiNP, and (d) PLLA/20mSiNP coating layer
after 12 days. (F) (a) The representative p-CT images of pure PLLA-coated
and PLLA/10mSiNP-coated Mg stent and (b) their remaining volume

change during corrosion test.
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Figure 3.6. (A) SEM images of bare Mg plate before and after corrosion

test for 12 days. (B) Evolved hydrogen gas volume of bare Mg (non-coated).
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and PLLA/mSiNP-coated Mg specimens in 40 mL of SBF. (D) The
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This thesis aimed to improve both biological and physical functions
of biodegradable vascular implants by incorporating silica into polymer matrix,
emphasizing the merits of each material. As polymeric materials exhibit similar
mechanical properties to the native ECM and silica promotes angiogenesis, the
polymer/silica composite mutually complemented each other to possess the

required characteristics.

In the first study, a PCL-based bilayer vascular graft was successfully
fabricated via electrospinning. To fabricate randomly-distributed PCL/silica
nanofibrous membrane for the outer layer, silica xerogel was in-situ synthesized
in the polymer matrix to form a mesoporous nanoskeleton structure uniformly
over the polymer fibers. The PCL/silica composite not only displayed more
than twice as high mechanical properties as the pure PCL but enhanced cellular
affinity of fibroblast cells. Additionally, a relatively thin inner layer of
PCL/collagen composite was aligned parallel to blood flow for rapid
endothelialization of the luminal surface. Thus, the exquisite artificial grafts
accomplished great biocompatibility with both endothelial and fibroblast cells,

resisting physical distortion from blood pressure.

In the second study, the surface-modified silica nanoparticles were
incorporated into PLLA coating for biodegradable Mg stents in order to
improve bioactivity of endothelial cells and corrosion resistance. To disperse

the silica nanoparticle in the PLLA homogeneously and enhance surface
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hydrophobicity of the nanofiller, the silica nanoparticles were functionalized
with HDTMS under base-catalyzed condition, and then introduced to disturb
penetration of corrosive media through PLLA/mSiNP coating. The relatively
slow H, gas evolution and Mg ion release profile demonstrated the enhanced
anti-corrosion property, also identified by applying on stent prototype. The
nanocomposite coating also encouraged biological activity of endothelial cells
due to its roughened surface and Si-rich environment. A novel PLLA/mSiNP
nanocomposite coating, hence, promoted rapid vascular tissue regeneration as

well as prevented the explosive degradation of Mg stents.

In conclusion, we varied the materials and design of polymer/silica
composite that offers great biocompatibility and physical functions including
mechanical strength, stability, and corrosion resistance. The incorporated silica
was transformed into the adequate morphology and functional moiety for
specific application area where the vascular implants are to be inserted. A sole
material has difficult performing various properties that seldom coexist, so such

composite materials have attracted much attention.
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