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1 Abstract
Biodegradable and biocompatible poly (L-lactic-acid) (PLLA) coating was applied on a

modified zinc (Zn) substrate by dip coating, with the intent to delay the bio-corrosion and
slow the degradation rate of zinc substrate. 3-(Trimethoxysilyl) propyl methacrylate (MPS)
was used for modification of the zinc substrate for promoting the adhesion between the
metallic substrate and the polymer coating. It is hypothesized that the delay in Zn
biodegradation could be useful in the first several weeks to prevent the early loss of
mechanical integrity of the endovascular stent and to improve the healing process of the
diseased vascular site. The PLLA coating was used in this study because of its
biodegradability, favorable degradation rate, hydrophobicity and favorable mechanical
properties. Static immersion, electrochemical and inductively coupled plasma (ICP) tests
were used to investigate the degradation behavior of a polymer coated modified Zn
substrate. Two uniform polymer layers with thickness of 1 and 3 pm were coated on the
Zn substrate. The potentiodynamic polarization test indicated that the 1 um polymer coated
specimen has higher corrosion potentials (Ecorr) and lower corrosion cur rents (icorr) in the
simulated body fluid (SBF) compared to the uncoated Zn. AC impedance measurement in
EIS test also demonstrated a significant improvement in the impedance and polarization
resistance of the coated Zn substrate. However, after 10 days of immersion in the SBF, the
impedance reduced drastically which is indicative of a coating degradation and penetration
of the electrolyte to the zinc substrate. Immersion degradation studies showed that the
cross-sectional area (CSA) reduction and penetration rate (PR) for polymer coated samples
are 5 times smaller than for uncoated samples after 14 days of immersion in SBF solution.
Results of the ICP method indicated an increase in the release of the Zn?* to the solution
for the uncoated Zn, while the 1 pm PLLA coated sample demonstrated much slower
release rate of Zn** and the concentration of Zn ion during the 14 days’ immersion in SBF
was almost the same. In in vivo studies, the polymer-coated Zn and uncoated Zn samples
were implanted into the abdominal aorta of the rats and then directed into the lumen. The
explants were extracted after 0.5 to 6 months. The results of in vivo study indicated that the
uncoated samples have approximately two times higher CSA reduction and PR in

comparison to the coated samples during first 4.5 months. After 4.5 months, the CSA
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reduction and PR increased significantly. However, the histological analysis of the
biological tissue surrounding samples showed a reduction in biocompatibility of the

polymer coated samples indicated by increasing cell toxicity and neointimal hyperplasia.



2 Introduction

Endovascular stents have become the most reliable medical devices for treating coronary
artery diseases. The stents overcome the limitations and drawbacks of bypass surgery and
balloon angioplasty by enabling scaffolding, widening and supporting the blocked vessel
[1]. Currently, stents are made of permanent inert materials (i.e., stainless steel, cobalt-
chromium alloys, titanium alloys) to remain intact in a body for a lifetime and to prevent
the mechanical failure of the implanted device [2, 3]. Their major side effects include
covering and encapsulation with hyperplasia tissues, chronic inflammatory reaction, and
thrombogenicity [2]. In some cases, the need for second surgery to remove these permanent
stents after completion of the healing process is another limitation of permanent stents [2].
The drawbacks of permanent stents drive efforts towards the development of temporary
stents made from bioabsorbable materials [4]. Biodegradable stents could be absorbed and
metabolized by the body after serving its mechanical purpose during deployment and in

the first few months after implantation [4-6]

Over the past decade, iron and magnesium and their alloys have been investigated as the
candidate materials for endovascular stent application. However, past and recent
investigations on these materials have demonstrated that neither of these materials can be
suitable for stent application [5, 7, 8]. In the case of iron and its alloys, the accumulation
of iron corrosion products and reduction in the lumen cross-sectional area are of concerns
[9]. Premature degradation of magnesium has limited the success of this metal for stent
application [10]. Zinc was introduced as a new material for bioabsorbable stents in 2013

due to its favorable degradation rate and outstanding biocompatibility [11, 12].

Several possible techniques including surface treatments, metal alloying, materials
processing to manipulate the microstructure, an organic coating of the surface could be
employed to slow down zinc’s bio-corrosion and maintain the mechanical integrity of the
implant during the healing of the vessel wall. Alloying and manipulating the processing
strategies may slow the degradation rate of the Zn-based implant, but are likely to affect

the biocompatibility of the stents [13, 14]. Adding a biocompatible polymeric coating is



one of the most popular approaches in delaying bio-corrosion of biodegradable metals
while maintaining their biocompatibility [15]. Polymeric coating can control the metal
corrosion by isolating it from the corrosive environment or by suppressing dissolution of
metal or corresponding cathodic reaction. Adding a polymeric coating not only can act as
a corrosion barrier but also it can be loaded with drugs which can be released in controlled
amounts to prevent post-surgery inflammations or restenosis [16]. In this thesis, a layer
of poly (L-lactic-acid) (PLLA), commonly explored biodegradable and biocompatible
polymer, is formulated on a zinc substrate with the aim of delaying its corrosion rate while

maintaining its biocompatibility.

3 Background

3.1 Coronary artery disease (CAD) treatments

Cardiovascular disease remains a major cause of death in the United States and worldwide;
30 percent of deaths in 2009 in the United States were caused by cardiovascular disease
[17, 18]. CAD develops when the arteries that supply blood to heart muscle narrowed due
to the accumulation of fatty deposits, called plaque, on the inner walls of the artery [19].
Over time, as more and more plaque deposits on the artery wall, the flow of blood to the
heart muscle becomes more restricted. Inadequate blood supply causes a shortening of
breath and chest pain, and in the most severe cases, a heart attack may occur. Three
treatments used for coronary heart disease are coronary artery bypass graft (CABQG)
surgery, balloon angioplasty and stenting [20-22]. In CABG surgery the blocked or
narrowed portion of the artery is bypassed with a healthy blood vessel taken from another
vain location. The bypass creates a new path for the blood to flow without any obstruction
to the heart muscle [23]. In the balloon angioplasty, a balloon tip catheter, having a shape
of a long thin tube, is inserted through an artery in the groin or wrist. Then the balloon is
inflated at the site of the diseased artery with reduced diameter. The artery is widened due
to the compression of the plaques against the artery wall [24, 25]. Angioplasty is also called

percutaneous transluminal coronary angioplasty (PTCA).



Each of techniques for treating the coronary artery disease has its own benefits and risks.
Since bypass surgery is an open heart procedure, there is a risk that the heart might stop
beating during the surgery [26]. Going into general anesthesia, heart rhythm problems,
blood clots, bleeding from the site of attached graft and other complications are the other
drawbacks of bypass surgery [26]. Nevertheless, this technique can be more beneficial in
the case of serious cardiovascular diseases [27]. Since balloon angioplasty is a less invasive
surgery, it does not have many complications and risks of the bypass surgery. The re-
narrowing of the artery, which is called restenosis, can occur within three to six months
[28, 29]. Restenosis is a major drawback to balloon angioplasty because 25 to 60% of the
patients experience it after surgery and then need to undergo the second revascularization

interventions [20, 30].

Stenting is a technique which has been developed to prevent occlusion and restenosis.
Stents, which are mesh-like expandable tubes were introduced in the 1980s by Sigwart et
al. [31] to complement or replace balloon angioplasty and decrease the rate of restenosis.

The first FDA approved stent was produced by Johnson and Johnson Inc. in 1994 [32].

A stent is placed around a deflated balloon catheter and then deployed into the blocked
artery with a balloon catheter under x-ray visualization. Inflation of the balloon expands
the stent and locks it intended destination [23]. Once the stent is deployed, the balloon is
deflated and removed by the catheter. The deployed stent remains in the artery and provides
scaffolding for keeping the artery open. The recoil of the artery is prevented by the

expanded stent.

Efforts have been continuously put into stent research for developing new designs and
materials in an attempt to improve the performance of these medical devices and to address
the post-angioplasty surgery issue. Mechanical, chemical, and the extent of
biocompatibility of the material used in the stent design (length and diameter of the stent,
shape and thickness of the struts) are the most important factors which should be taken into

consideration for designing the stent [33].



Corrosion is of paramount importance and concern because degradation of the implanted
stent causes structural failure and the loss of mechanical integrity and support, which can
lead to premature malfunctioning of the implant [34]. The sudden release of metallic ions
into tissue surrounding the implant is another concern, particularly with rapid bio-corrosion
rates [35]. Therefore, selecting the proper material in terms of its susceptibility to corrosion
is of great significance. The first generation of stents were made from inert materials which
resisted corrosion, such as medical grade stainless steel, Ti alloys and cobalt-chromium
alloys [2]. Several complications and problems of using corrosion resistant metals,
including foreign body response, chronic inflammation, late stent thrombosis, tissue loss
and painful second removal surgery limits their application in vascular stents [5, 36]. Long-
term implementation causes the release of toxic ions and particles, which can become a
source of infection and obstruction for secondary treatments including bypass surgery [5,
37]. In order to overcome the mentioned problems a new generation stents made of
bioabsorbable/biodegradable materials has been proposed [4]. For the purpose of material
selection for the bioabsorbable stent, it is necessary to select a material which is both
biodegradable and biocompatible and has the appropriate physical and mechanical

properties for the proper functioning [4-6, 38].

3.2 Bioabsorbable stent materials

Although encouraging results have recently been reported, the new generation of
bioabsorbable stents is still largely under development. The two primary stent material
candidates have historically been iron (Fe) and magnesium (Mg). Iron is not a suitable
material for bioabsorbable stents since its corrosion products are voluminous, are not
integrated into the cellular layer, and might remain in the body for long periods [9]. As a
consequence, the cross-sectional area of the lumen might also be reduced because of the
accumulation of the corrosion products. The long degradation rate is another disadvantage
of iron for bioabsorbable stent application. Magnesium, on the other hand, degrades less
harmfully. However, magnesium and magnesium alloys demonstrate relatively fast
degradation rates and low ductility which restrict them from applications as suitable

biodegradable stent materials [10]. Several biocompatible alloying elements such as Ca,
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Zn, Sn, Zr, Si, W, Li, C, Al, and rare earth elements (Y and Gd) have been investigated to
control biodegradation and mechanical properties of Mg and Fe, and enhance their
functionality and biocompatibility for vascular stent and orthopedic applications [10, 39,
40]. Different processing strategies and various mechanical, chemical and electrochemical
surface treatments were also investigated to minimize the corrosion of Mg and Mg-base
alloys [39, 41-43]. Although alloying and improvements in processing methodologies
slower degradation rates, they introduce a possibility of reduced biocompatibility of the
metal due to the formation of intermetallic phases and toxicity of the corrosion products of

the alloying elements [34].

Zinc (Zn), which is one of the essential elements for basic biological functions in the body
[44, 45], has been proposed recently as a suitable bioabsorbable material [11]. Its favorable
and uniform degradation rate, outstanding ductility and biocompatibility make it one of the
few physiologically acceptable metals for bioabsorbable stent application. It has been
shown that the initial penetration rate of zinc in the body in the first 1-3 months satisfy the
requirement for stent application [11, 12]. The early study with zinc also suggests that zinc
degradation rate in the endovascular environment might increase after 3-4 months. Also,
insufficient mechanical properties of zinc such as its low tensile strength pose limitations
for its usage as a bioabsorbable stent [11]. However, its exceptional elongation to failure
(60-80%) which is much higher than the requirement for stent application (15-18%) turns

it to an adequate candidate for a bioabsorbable stent [11].

The main purpose of this research is to utilize surface coating to slow down the corrosion
rate in the first few weeks after stent deployment, without compromising the
biocompatibility of Zn stents. For this purpose, poly (L-lactide acid) (PLLA), a
biodegradable and biocompatible polymer commonly used for medical implants [46, 47]
is studied herein. Coatings of degradable polymers can act as a corrosion barrier and
carriers for delivery drugs in order to combat in-stent neointimal formation and therefore
restenosis and repeated revascularization which are the main drawbacks of PCI with bare
metal stents [48]. Drug-eluting stents (DES) made of permanent stents and polymeric

coatings are currently on market [16].



3.3 Polymer coating for corrosion protection and drug eluting

3.3.1 Polymer coating on permanent stents for drug delivery and/or corrosion
protection
Polymeric coatings containing drugs have been applied on permanent stents to prevent

restenosis and inflammation within 6 months [16]. Cypher is one of the DES which is
approved by FDA [16]. Stainless steel, which is its base metal, is coated with a mixture of
poly (ethylene-co-vinyl acetate) (PEVA) and poly (nbutyl methacrylate) (PBMA) [16].
The mixture contains Sirolimus as the drug, which is a natural macrocyclic lactone, used
to combat restenosis [16]. Also, another layer of PBMA is applied on the top of stent
surface for controlling drug release [16]. The other DES which is approved by FDA is
Taxus stent. Stainless steel is selected as the base metal and is coated with the mixture of

poly styreneb- isobutylene-b-styrene (SIBs) with paclitaxel as the drug [16].

Another example of polymer coating on permanent materials is the Nitinol (nickel-titanium
alloy) substrate coated with polyurethane [49]. The polymeric film with a thickness from
5 um to 15 um in this study was deposited on Nitinol coupons through a dip coating. In
another experiment, brush coating was employed to increase polymer coating to 15-30 pm.
The study investigated the dependence of corrosion rate of Nitinol on coating film
thickness. Potentiodynamic polarization test with using Ringer’s solution as the electrolyte
was performed for evaluating the corrosion behavior of the samples. It was demonstrated
that the corrosion rate of the uncoated samples decreased from 275 pm/year to 13 pm/year

after deposition of the 30 um polyurethane coating.

Deposition of parylene coating on the surface of the silane modified stainless steel (SS)
316L grade is another case of polymer coated permanent material for biomedical implants
[50]. 20 X 20 mm? SS coupons with 0.8 mm thickness were first treated with a monolayer
of A174 silane coupling agent by dip coating after drying the specimens with high-pressure
argon at 65°C for 30 minutes. Then parylene (poly-para-xylylene) coating was applied by
chemical vapor deposition (CVD) method. EIS method was employed in order to
investigate the corrosion behavior of the silane modified polymer coated SS. Two kinds of

solutions were used as the electrolyte. The first solution was Hank’s solution and the
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second was Hank’s solution with the addition of hydrogen peroxide to simulate the
inflammatory response of the human body condition. Exposure of the specimens to Hank’s
solution for 9 days could not deteriorate the protective polymer layer and the coating was
still maintaining its protective properties. However, the addition of hydrogen peroxide led
to the failure of the protective layers. By analyzing the EIS plots and fitting circuit models
on them it was concluded that the formed of OH- radicals attack the metal-polymer

interface and lead to the deterioration of the polymer coating.

3.3.2 Polymeric coating on Mg and its alloys for corrosion protection
Magnesium and its alloys have a rapid corrosion rate. Although its high biocompatibility,

favorable mechanical behavior, light weight and shock absorption making it to an
outstanding element in medical application [32], its low corrosion resistance limits its
widely application. Several biomedical coating has been applied on magnesium in order to
improve its corrosion resistance. Anodization, metallic coating, sol-gel coating, inorganic
coating and organic coating are some of the methods which have been examined for this
purpose [32]. Relevant research of polymeric coating of biodegradable magnesium is

briefly reviewed in the following subsections.

3.3.2.1 PLGA-Mg6Zn substrate [51]
Poly-lactic-co-glycolic acid (PLGA) was tested as a coating on the Mg6Zn substrate. Mg-

based samples were dip coated with PLGA using solutions. Resulting coating thickness
was approximately 33 and 72 um. The thickness of polymeric layer could be changed by
altering the concentration of PLLA in the solution. By potentiodynamic polarization test,
it was demonstrated that the PLGA coatings dramatically reduced the corrosion current
density (icor) of Mg6Zn from 26.5 to 0.085 pA cm>for the thinner polymer coating and to
0.097 for the thicker polymer coating. The average degradation rate of the uncoated Mg6Zn
sample was also compared with the coated samples by immersion test in 0.9 NaCl solution.
Reduction in the degradation rate of the coated samples by at least two orders was reported.
Significant improvement in the impedance of the coated samples in comparison to the bare
Mg6Zn alloy was demonstrated by EIS technique. Thinner coating showed higher

resistance and better performance, probably due to the existence of some defects such as



voids and flaws in the thicker polymer layer. Improvement in the cell attachment ability of
polymer coated Mg6Zn substrate was also reported, in comparison to the bare metal

substrate.

3.3.2.2 PLA/PCL-High Purity Mg (HPM) [52]
In other studies, a high purity magnesium was coated separately with PLA (polylactic acid)

and PCL (polycaprolactone) by dip coating to the thickness of 15 and 20 um, respectively.
It was found that both PLA and PCL improved the corrosion resistance of HPM. The
dynamic immersion test was used instead of the static immersion test with the aim of
simulating the real circulation of blood in coronary arteries. M-SBF was also used as the
test medium. Weight loss of the specimens at different time intervals was measured as an
indication of the degradation rate. The weight of the specimens was increased slightly at
the early stages of the experiment which can be interpreted as the absorption of water and
precipitation of m-SBF. After 6 days of immersion, a significant weight loss was observed
for the PLA coated sample. However, a similar decrease in weight loss occurred for the
PCL coated sample after eight days. Also, the decrease was not as rapid as the PLA coated
specimen. The polarization test of the coated and uncoated specimens showed that
corrosion potential (Ecorr) of the coated specimens increased by 246 mV for the PCL-coated
sample and 120 mV for the PLA-coated sample. Significant reduction in icorr of the coated
samples from 2.1 x 10 * A for the uncoated HPM to 1.3 x 107> A for the PCL coated HPM
and 3.6 x 10° A for PLA coated HPM was reported. Thus, according to these tests the
probability of failure in the coating is higher in PLA coated HPM in comparison to the PCL
coated HPM.

3.3.2.3 PCL- (AZ91 magnesium-aluminum-zinc) [53]
AZ91 magnesium, with 9 wt.% aluminum and 1 wt.% zinc, was used in both in vitro and

in vivo studies by Wang et al. Improvement in the corrosion properties of magnesium
implants was done through the deposition of porous polycaprolactone (PCL) coating from
solutions with dichloromethane (DCM). Two different concentrations of PCL in DCM

were prepared in order to fabricate coatings of varying porosity. Layer-by-layer deposition



of the polymeric coating was applied by a spraying deposition. Since the spraying device
was equipped with air-flow and temperature control, the thickness, adhesion, and
homogeneity of the polymeric coating was standardized. Potentiodynamic polarization test
showed that the corrosion potential for both low porosity (0.8 um-1.6 um) and high
porosity (3.2 um- 6.4 um) coatings increased by 1.4 V for low porosity and 1.1 V for high
porosity specimens. Lower icorr Was also observed for the coated samples. The degradation
rate of the uncoated specimens was compared with coated specimens by immersion test.
Total weight loss for the uncoated metal after 2 months’ immersion in SBF was
approximately 17 mg. However, for the polymer coated specimens it was 3.6 mg and 6.2
mg for low porosity and high porosity coating, respectively. Inductively-coupled plasma
mass spectrometry (ICPMS) illustrated 1340 ppm increment in the value of Mg ion
concentrations for the uncoated specimens after 60 days of immersion in 10 ml of SBF
while this value was determined 236 and 431 ppm for low porosity coating and for high
porosity coating, respectively. Because the number and sizes of pores (3.6 um by average)
increased in the high porosity coating, the low porosity coating was a better corrosion
barrier. In addition to the improvement of corrosion resistance, the mechanical properties
of polymer coated Mg alloys have been retained. Good biocompatibility without any

inflammation in in vivo test was an additional outcome of the study.

3.3.2.4 Polydopamine-Mg [54]
The magnesium rod substrate was coated with polydopamine (PD) with the thickness of

approximately 1 um. The magnesium rod was simply immersed in a solution of Tris
(hydroxymethyl) aminomethane-buffer (pH =10) (TBS) containing dopamine. Excellent
adhesion of PD to the Mg substrate was observed through ASTM “Tape Test”. The Mg
substrate coated with PD led to the significant improvement in corrosion resistance of Mg.
The enhancement in corrosion resistance was investigated through the potentiodynamic
test and using NaCl as the electrolyte. The dopamine concentrations in TBS, immersion
timing, pH and dipping angle were investigated to determine the immersion parameters on
the corrosion rate of Mg. The corrosion behavior of Mg coated by different immersion in

TBS appears to be independent of dipping angle, pH values between 9-12 and



concentration of dopamine (addition of 2mg/ml dopamine in solution). However,
immersion time had an influence on the corrosion rate of Mg, with smaller immersion times
(<2 hours) leading to the most favorable results. The parameters which they led to the
optimum corrosion resistance in NaCl were implemented for repeating the test in
Dulbecco’s modified eagle medium (DMEM). The corrosion current density decrease from
~35 nA cm for the uncoated sample to ~14 A cm™ for the polydopamine-coated sample

which was promising in DMEM as well as NaCl solution.

Table 1 illustrates an overview of relevant polymeric coating on different metal substrates.
It is worth noting that most of the polymeric coatings applied for the purpose of corrosion

barriers did successfully improve the corrosion resistance of the metallic substrate.

Table 3.1. Polymeric coated biomedical implants

Substrate Polymer Method Thickness(um) Purpose Application
SS PEVA- - - Drug eluting stent -
PBMA
SS SIBs ElectroNano - Drug eluting stent -
spray
Mg6Zn PLGA Dip coating 33 & 72 Cortrosion orthopedic In vitro
barrier
HPM PLA/PCL Dip coating 15 & 20 Corrosion Stent In vitro
barrier
AZ91 PCL Spraying - Corrosion orthopedic In vivo
barrier vitro
Mg PD Dip coating 1 Corrosion Implants In vitro
barrier
Nitinol PU Dip& brush 5-30 Cortrosion Stent In vitro
coating barrier
SS parylene CVD 2 Cotrosion Implants In vitro
barrier
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4 Goals and hypotheses
4.1 Objectives

The objectives of this master’s research include (Fig 4.1):

1. to retard the initiation of corrosion of zinc by applying a protective PLLA coating;

2. to develop a dip coating technology that produces uniform PLLA film on zinc
substrate of improved zinc-PLLA adhesion;

3. to investigate the influence of the thickness of the PLLA coating on corrosion
resistance and behavior of zinc substrate; and

4. to investigate the biocompatibility, cytotoxicity and bioabsorption of the PLLA-
coated zinc substrate in the abdominal aorta of rats in order to explore the

application of PLLA-Zn hybrid material for endovascular stent application.

| Preparation of wires |

1
| Modifying zinc substrate with MPS |

|—| PLLA de coatlng |—|

In vive
testlng

Blo
compatlb]hty

| ICP | Immersion

ﬂ@

Figure 4.1. Research flow chart of experimentation under M.S. research plan.

Bio
degradation

| Polarization |

4.2 Hypotheses
Hypothesis I: Poly (L-Lactic-acid) (PLLA) is a suitable polymer for coating zinc substrate

in terms of both corrosion behavior improvement, biodegradability, and biocompatibility.

PLLA (Figure 4.2) is one of the FDA approved biodegradable polymers due to its history

in previous successful clinical experiments, desirable degradation rate, very low or no
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toxicity, high modulus and high tensile strength [30, 55, 56]. [30]. PLLA has been vastly
used in tissue engineering, bone fixator, cartilage, tendon, neural, etc. [57]. However, its

brittleness may restrict its usage in orthopedic and dental surgery [56].

Poly (lactic acid) (PLA) was introduced for medical application by DuPont [30]. PLA is a
thermoplastic aliphatic polyester which is biodegradable and can be produced by ring
opening polymerization of lactic acid. Lactic can exist in several distinct forms in PLA; (p-
PLA) and (L-PLA) are the two forms which have shown promises in biomedical
applications [57]. Poly (p,L-lactic acid) (PLA) is amorphous while PLLA, which is the result
of the polymerization of the ( L-PLA), is semi-crystalline and has great mechanical
properties [58]. The methyl group which exists in PLA cause the polymer to be crystalline
and as a result more hydrophobic in comparison to poly glycolic acid (PGA) which is
similar to PLA [57]. Hydrophobicity is a property in the polymer which we were looking
for the coating because it reduces the rate of water absorption and degradation rate as a
result. It has been shown in an in vivo study by Suuronen et al. [59] that it takes more than
five years for PLLA with high molecular weight to be absorbed completely.

i i
O—C-CIH—O—C—CIH
CH, CH, |n

Figure 4.2. PLLA structure.

Degradation of PLLA in living organisms is through a hydrolysis reaction in which the
PLLA micromolecules are broken down into degradation products, such as lactic acids,
which can be metabolized and removed from the body [60, 61]. Due to the breakage of the
covalent bonds between repeating units, which can occur by hydrolysis, oxidation, and
enzymatic mechanism, long backbone breaks into small oligomers or monomers. Some
polymerization by-products such as initiators, catalysts and stabilizers may also be released
by degradation which may cause some inflammatory response in the body. The degradation

starts when water penetrates the polymer. In semi-crystalline polymers like PLLA the
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amorphous part of the polymer undergoes degradation before the crystalline part, thus the
molecular weight of the polymer is reduced. However, the polymer still maintains its
physical properties due to the bonding between crystalline regions. As water continues to
penetrate to the bulk of the polymer molecular weight of the polymer reduces and finally

leads to the reduction in the physical properties as well [62]

Hypothesis 11: 3-(Trimethoxysilyl) propyl methacrylate (MPS) can be a suitable adhesion

promoter for increasing the interfacial adhesion between zinc substrate and PLLA coating

Because of the significant difference in the surface energy of the polymer and metallic zinc,
PLLA cannot adhere easily to the zinc substrate thus the polymer and zinc want to reduce
the interface area in between them in order to decrease the free energy [63]. In normal
situations, bonding metals to polymers is not easy. Therefore, manipulating the interface
in between them to increase the interfacial adhesion is important. Several techniques such
as plasma modification, ion beam treatment, etching, anodization, surface modification
[64-66] can be employed for improvement in the adhesion and durability of metal-polymer

bonds.

In this study, a silane coupling agent was selected as an adhesion promoter. The ability of
silane coupling agents to form a durable connection between organic and inorganic
materials was the main reason for selecting this chemical to increase the adhesion. The
silane coupling agent which was selected for this purpose is 3-(Trimethoxysilyl) propyl
methacrylate (MPS) (figure 4.3). MPS was chosen due to its potential for binding with ZnO
surface which was demonstrated by Bressy et al. [67]. Previous reports on the application
of silane coupling agents in biomedical applications and their biocompatibility was another
reason for the selection of MPS [68-70]. The usage of MPS in controlled drug release
nanocapsules and its biocompatibility was also reported [71]. Employing two different
silane coupling agents in two steps with the purpose of reducing the rapid corrosion rate of
magnesium biomedical implants was also reported before [72] in which in the first step
bistriethoxysilylethane (BTSE) and in the second step 3-amino-propyltrimethoxysilane (y-

APS) were applied as the anti-corrosive silane coatings for magnesium alloy implants.
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Significant enhancement in the polarization resistance (from 2650 ohm ¢cm™ for the bare
Mg alloy to >13600 ohm cm™ for the modified Mg alloy) and decrement in icorr (from 8.3
nA/cm? for the unmodified sample to 0.9 pA/cm? for the modified sample) was shown by
EIS and potentiodynamic polarization tests, respectively [72]. After 6 h to 42 h of
immersion of samples in SBF, the impedance was still increasing which can be interpreted
as the improvement in corrosion protection of the silane coated specimens. Platelet
adhesion to the two-step silane coated specimens was also investigated through conjugation
of heparin to the modified Mg alloy surface by the amino groups which exist in y-APS
[72]. Reduction in platelet adhesion which can be an indication of improvement in blood
compatibility was also observed with silane modification [72]. Several other observations
on the influence of the silane modification on improving the corrosion resistance of other

types of magnesium alloys were also reported [50, 73-75].

OCHg 0
HsCO- g;w O)K(C,Hg
’ CHa

Figure 4.3. MPS structure.
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The general formula for a silane coupling agent is R-(CH2)n-Si-X3 in which R is an
organofunctional group and X is hydrolysable groups such as alkoxy, acyloxy, halogen or

amine. In MPS all the three X positions are occupied with three methoxy (OCH3) groups

R
| Hydrolysis T‘ Condensation R T R
(OMz);—Si—(OMe); —— g §i—OH =+ HO—Si—O0—Si—0—Si—OH
H0 | L
O{Mz)s CH OH OH OH

8] OH OH

Inorganic Substrate

L0 onoon
HO—5i—D0—S5i—0— 5i—0OH | l_ l_
| HO—S5i—0—5i—0—51—0OH
.ID\ _,D\H H-"'O\H | | |
H ~g” HH AR Dehydration Condensation D O 0
S | L o
Inorganic Substrate Inorganic Subsirate

Figure 4.4. Mechanism of action of a silane coupling agent with an inorganic substrate.

and for this reason, it is called trimethoxysilane. R position is occupied with propyl
methacrylate (C7Hi2 O2) group. The mechanism of reaction of the silane coupling agent

Figure 4.4. Mechanism of action of a silane coupling agent with an inorganic substrate.

with inorganic materials is shown in figure 4.4. X (alkoxy) group is illustrated as (OMe)3

which in the case of MPS is equal to (OCH3)3.

For acting a silane coupling agent on the inorganic or metallic substrate first the hydrolysis
of the X groups is required (figure 4.4). Water which is required for hydrolysis may be
added to the silane solution, it may be existing on the surface of the substrate or it can come
from the atmosphere. In the second step, oligomers are formed by partial condensation.
Then the oligomers bond to the OH groups which exist on the surface of the substrate

through hydrogen bonding. Finally, through a drying process, the inorganic material
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adheres to the layer of the silane coupling agent by covalent linkage through a dehydration
condensation reaction [76]. The X group is in charge of establishing a connection with the
metallic substrate, whereas the R group is responsible for binding to the polymer via a
covalent bond. The covalent bond can be formed in two ways; 1) by reaction with the
finished polymer 2) by copolymerization with the monomers of the polymer which is going

to bond with. In the case of MPS, propyl methacrylate (C7H12 O2) group reacts with PLLA.

Previous research on the adhesion of MPS to zinc oxide surface of nanoparticles along with
the effectiveness of silane coupling agents in increasing the corrosion resistance and
biocompatibility of bare metal specimens [50, 71-73, 75] motivated selection of MPS as

an adhesion promotor between PLLA and metallic zinc substrate in this study.

Hypothesis IIl: PLLA coating on the MPS modified zinc substrate can delay the early

stage of corrosion

Previous studies on PLLA and PLGA coatings on magnesium and its alloys substrate have
shown an increase in the corrosion resistance of the coated samples in comparison to bare
metals [36, 51, 53, 77]. However, in most of the cases, the early delamination and
breakdown of the polymer coating due to its low adhesiveness to the metallic substrate
caused the loss of the polymer coating corrosion protection effectiveness in the early stages
of the experiment. Therefore, using an adhesion promoter such as MPS to enhance metal-
polymer binding could prevent or slow down the reach of the metallic substrate by

electrolytes and delay the corrosion and biodegradation.

The influence of the thickness on corrosion behavior of the metallic substrate is still
unknown and under investigation. There are some reports on the influence of the thicker
polymer coating in providing a better barrier to corrosion [36, 49] whereas some other
reports concluded on the better corrosion resistance performance with thinner polymer
coating [51] due to the increased amount of porosity and defects with thicker polymer
coating and easier penetration of the electrolyte to the metallic substrate as a result.
Therefore, investigating the corrosion property of the system with increasing the thickness

of the coating should be considered.
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Hypothesis 1V: PLLA coating on the MPS modified zinc substrate can maintain the
biocompatibility of pure zinc

Previous in vivo studies on implanted zinc wires within the abdominal aorta of rats
demonstrated superb biocompatibility with a harmless mode of corrosion [11, 12]. After 6
months of implantation there was not any sign of significant inflammatory or toxic

response. Initial hyperplasia and localized necrosis could not have been observed either.

Considering the biocompatibility and nontoxicity of PLLA and MPS (discussed under
previous hypotheses) and their corrosion products, modifying zinc substrate with MPS and
deposition a layer of PLLA coating cannot have a harmful effect on the biocompatibility
of zinc. The in vivo study on PLLA coating on MPS modified zinc wire is still required to

explore biocompatibility and toxicity of this Zn-MPS-PLLA system.

5 Materials and Methods

5.1 Sample preparation

5.1.1 Materials

For both in vivo and in vitro studies, zinc wires with 99.9% purity with 250 + 25pum
diameter from Goodfellow (Oakdale, Pennsylvania) were divided into 15 mm segments.
Wire model studies offer several benefits in comparison with stent-based studies, such as
simplicity, cost effectiveness, and ability to precisely replicate physiological environment
[78]. The wires were washed ultrasonically in 200 proof ethyl alcohol for five minutes and
dried prior to modification with silane coupling agent. 3-(Trimethoxysilyl) propyl
methacrylate (MPS) (98% purity, 1.045g/ml) was purchased from Sigma-Aldrich as the

coupling agent between the polymer coating and zinc substrate.
Poly (L-lactic-acid) (PLLA) was purchased from Natureworks LLC (Blair, Nebraska).

5.1.2 Silanization
MPS solution was prepared by mixing 95% of pure ethanol with 5% of DI water, then the

pH was adjusted to 4-5 with acetic acid. MPS was added while stirring at room temperature

to yield a 2% final concentration. The solution was stirred for 15 minutes at room
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temperature for hydrolysis and silane formation. Zinc wires were immersed in the prepared

silane solution for 30 minutes and then dried at room temperature under the hood for a day.

5.1.3 PLLA deposition

PLLA was dissolved in dichloromethane (DCM) at 1.5% wt/vol. Dip coating method was
employed for polymer layer deposition among all available techniques for coating such as
spray-coating, spin-coating, chemical vapor deposition, and inkjet printing that were
considered in this study. Dip coating was selected since it is the simplest, easiest and most
economical method for coating and material waste in this method is less than in other

methods [79].

MPS-modified zinc wires were dipped into the polymer solution by a self-developed
controller (figure 5.1) at room temperature. Using a self-made controller is beneficial in
having an exact extraction velocity to have a uniform coating along the substrate. Because
withdrawal velocity is constant a uniform and consistent coating of desirable polymer

thickness was achievable.

Figure 5.1. Self-made controller for polymer deposition.
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