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Abstract: Modern medicine practice requires advanced medical devices with better 

biocompatibility, longer durability, and more complexity. Challenges arise for traditional 

techniques to apply a conformal modification on the complicate surfaces of modern 

implants in micro-scale to achieve better performance. Tailoring implant surface with 

hydrophilic coating was proven as an efficient strategy towards better biocompatibility. 

Precise modification of surface chemistry to accommodate the biological environment of 

the implants using initial chemical vapor deposition (iCVD) produced conformal 

nanocoating with excellent biocompatibility. In this study, highly crosslinked 

nanocoating was deposited on stainless steel surface and grafted with mixed charged 

polyionic using a one-pot three-step iCVD. Coated surface showed enhanced wettability 

with no adsorption of BSA after a seven-day incubation. Significant reduction of laminin 

adsorption and microglia attachment was observed, indicating excellent resistance against 

foreign body reaction for neural microelectrodes application. Secondly, with high density 

grafting, dual-charged antifouling grafting with a grafting thickness under 10 nm was 

synthesized with higher hydrophilicity. No BSA adhesion was shown on grafted surface 

from pH 7 to pH 9 and at body temperature, indicating significant enhancement of 

biocompatibility for implant applications that can withstand high pH. Thirdly, 

engineering of controlled release greatly improves the implant performance and avoids 

side effects. Charged nanocoating showed low permeability for opposite charged 

medication, making an effective diffusion barrier for controlled release of the medicine. 

Polyionic nanocoating provided three months of stable release, significantly suppressed 

smooth muscle cell growth. Adhesion of platelet on the coated surface was significantly 

reduced due to enhanced blood compatibility, indicating potential application in tissue 

reconstruction. Fourthly, further study into release control mechanism made it possible to 

synthesize nanocoatings with stable controlled release for non-charged medicine. 

Ultrathin simvastatin incorporated hydrogel with an 11-week stable release was 

synthesized using iCVD method. Biocompatible hydrogel coated sample provided 

controlled release of medicine in effective dosage without burst release. Coated sample 

significantly promoted preosteoblasts activity in vitro. In summary, application of vapor 

deposition of ultrathin coatings from commercially available reagents on different 

medical devices effectively improved substrate biocompatibility and drug release 

functionality, showing great potential in future implant application.  
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1.1 Motivation 

Materials used in medical devices usually have low biocompatibility, leading to erosion and 

encapsulation of the implant devices triggered by inflammation.1 As a result, erosion damages 

the implant surfaces, while encapsulation isolates the implant from the surrounding tissue,1 

both of which greatly compromise the implant performance, make it a great challenge for 

implants intended for either monthly-long or sensor-based medication.  

Surface modification is an efficient strategy to improve biocompatibility for medical devices,2 

such as brain electrode,3 stent,4 and bone graft.5 Surface chemistry and coating technique are 

the two major aspects in the design of surface modification for biocompatibility. Since protein 

and cell adhesion plays a key role in initiating harmful immune response to the devices,1 

synthesis of surface coatings with high capability of antifouling is the major approach for better 

biocompatibility.3-5 On the other hand, traditional methods offer a great variety of techniques 

to synthesize reliable coatings in liquid environment, such as dip coating,6 spincoating,7 and 

spray coating.8 However, challenges arise as the implant structure getting more and more 

complex along with the emergence of micro-scale device design,9 which make it difficult to 

synthesize a conformal coating with traditional techniques due to surface tension.10 Therefore, 

a simple solvent free synthesis technique is highly desirable for conformal surface 

modifications. 

Localized drug delivery has been widely used in medical implants, such as stents and bone 

grafts,11-12 in order to introduce new functionality, enhance implant performance, and avoid 

systemic side effects.13 However, many commercialized and laboratory developed controlled 

release systems suffered from unstable release,14-15 which greatly compromised the 

functionality with toxicity or inefficiency.16-17 It is important to develop a controlled release 
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system with stable release kinetic to satisfy the requirement for effective release of the 

medicine.  

The objective of this study was to investigate surface modification of medical devices to 

improve their biocompatibility and drug release system. Surface modification was applied on 

some of the current medical devices to improve their performance using vapor-based synthesis. 

1.2 Surface engineering for biocompatibility 

Better biocompatibility can be achieved by rendering the substrate surface to be more resistant 

to protein and cell adhesion.3-5 The adhesion of immune related proteins and cells play a key 

role in initiating inflammation response to the medical device, leading to erosion and isolation 

of the device.1 Therefore, surfaces with high antifouling capacity often lead to better 

biocompatibility.3-5  

Surface modification to improve wettability was proven as an efficient strategy to improve 

substrate antifouling capability. In many studies on antifouling coatings, hydrophilic coatings 

showed good antifouling ability.18-22 The antifouling capability of hydrophilic surface is due 

to increased energy cost by more than 35% for proteins and cells to replace the water molecule 

on the hydrophilic surface.23-26 High hydrophilicity could be achieved by increasing density of 

hydrogen bond acceptors or surface dipoles, both of which increase the affinity between the 

device surface and the water molecule. Approaches to enhance antifouling ability with 

hydrophilic materials using high density of hydrogen bond acceptor, such as poly(ethylene 

glycol), showed significant improvement of antifouling cabability.27 Recent approaches to 

ultra-hydrophilic surface using zwitterionic coating with strong surface dipole, showed 

significantly better antifouling ability,28 indicating great potential in biocompatibility 

enhancements. However, most zwitterionic coatings required complex solvent-based synthesis 
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process, which limits their applications. On the other hand, mixed charged materials, such as 

polyionic coating, could be an alternative way to create a surface with strong dipole with 

commercially available reagents. A study done by Holmlin et al. on polyionic and zwitterionic 

coatings with similar charge groups showed comparable antifouling properties for the two 

coatings,19 indicating great potential of polyionic coating for biocompatibility enhancements.21 

In order to modify the surfaces of the medical devices effectively, development of specialized 

techniques was needed. Modern medicine often requires complex device surface for better 

customization and patient outcome,29 which raises a great challenge to apply a conformal 

coating on the complex micro-structures using traditional techniques.30 Traditional methods 

such as dip coating,6 spin coating,7 and spray coating,8 often failed to achieve even coating on 

surfaces with complex structural geometry, due to surface tension created by liquid synthesis 

environment.31-32 On the other hand, processes involving chemical pretreatment, oxidation, or 

radiation, damage the implant surfaces and greatly increase the risk of compromising the 

device functionality,6, 18 especially on delicate and complex device surfaces, such as 

microarrays.33  

In addition, surface modification with a thickness in nano-scale is highly preferred to preserved 

device sensitivity and surface feature.18 Self-assembled monolayer technique provides a nano-

scale coating, while lacking stability.34 The technique of atom transfer radical polymerization 

(ATRP) greatly improves the stability of nano-scale coating. However, the complexity in the 

solvent-based ATRP synthesis greatly limited its application.35 It is important to develop a 

simple conformal coating technique capable of stable nano-scale coating. 

1.3 Surface engineering for controlled release 
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Localized drug release is needed in many medical implants, such as vascular stents and bone 

grafts,13, 36 to enhance their performance without suffering systemic side effects. Localized 

drug release could efficiently promote tissue repair,36 suppress inflammation,13 and inhibit 

unwanted tissue formation.37 In addition, the localized delivery system boosts the efficiency of 

medicines with a low bioavailability by focusing the drug delivery in the target tissue.38-39 

However, an unstable drug release greatly compromised the implant functionality. A burst 

release would cause toxic side effects,16 while an insufficient release was proven to be 

inefficient for medication.17 Tissue necrosis, implant malapposition, and restenosis was found 

in a study done by Jabara et al. using a vascular stent with burst release.16 Meanwhile, a study 

of implant with an insufficient drug release done by Dubuis et al. showed nullified drug effect 

in the end due to the inconsistency of drug delivery.40 Many of the current drug release systems 

suffered from an unstable drug release, because they do not have an effective diffusion 

barrier.11, 41 In a drug release system that includes only drug embedded matrix, a burst release 

is usually unavoidable due to the instant dissolve of the drug located near the matrix surface. 

Current strategies of the surface engineering for controlled release include matrix 

densification,42 multilayer coating,12 and composite structures.43 Densification of the polymer 

reduced the burst release to 56% through crystallization of the matrix at a high temperature.42 

Similar efforts of densification by reducing swelling ratio of the matrix reduced the burst 

release to 40%.44 The approach with multilayer coating efficiently stabilized the drug release 

with diffusion barriers that have low permeability of water,12 while composite structures 

extended the distance and provided structure barriers for the drug diffusion in the matrix.43 

Chitosan/gelatin multilayers reduced the burst release of therapeutic agents to 10%,12 while no 

burst release was shown in a bead-scaffold composite delivery system.43  
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1.4 Scope of thesis 

This thesis focuses on the surface modification for biocompatibility and controlled release of 

medical devices. Ultrathin coatings of different compositions were synthesized on target 

implant surfaces to improve their functionalities. Coatings were synthesized conformably 

using simple chemical vapor deposition methods with commercially available reagents. Each 

chapter focuses on a different type of medical device to solve the current challenges. 

Chapter II presents the surface modification of brain probes with a one-pot three-stage initiated 

chemical vapor deposition (iCVD) to improve the implant biocompatibility. The polyionic 

poly(2-dimethylamino ethyl methacrylate-co-methacrylic acid-co-ethylene glycol diacrylate) 

(PDME) coating showed significant reduction of adhesion of BSA, laminin, and microglia, 

indicating a great improvement in the surface biocompatibility. 

Chapter III presents antifouling grafting with different compositions with a thickness under 10 

nm using a one-pot high-density vapor deposition method. The antifouling capability of 

different grafted surfaces was accessed using a quartz crystal microbalance with dissipation 

monitoring (QCM-D). The dual-charged grafted surface showed a high antifouling capability 

with no protein adhesion from pH 7 to pH 9 and at body temperature, indicating future 

applications of the dual-charged grafting in medical devices in basic tissues such as biliary 

stents. 

Chapter IV presents synthesis of release control nanocoatings with different compositions via 

initial chemical vapor deposition to provide persistent inhibition of smooth muscle cell (SMC) 

proliferation in the vascular stent. The close to zero-order drug release of atorvastatin in the 

poly(2-dimethylamino ethyl methacrylate-co-ethylene glycol diacrylate) (PDE) coated 

samples was achieved with a relaxation-controlled release kinetics. Significant reduction in the 
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cell metabolism and proliferation activity of SMC was observed, indicating a sustained SMC 

suppression in the stent application. 

Chapter V presents vapor synthesis of controlled release hydrogels for a stable simvastatin 

delivery in bone grafts using iCVD. Hydrogels with different compositions and crosslinking 

degrees were synthesized. A stable simvastatin release for 60 days was achieved with a 

significant enhancement of the preosteoblasts metabolism and differentiation observed in vitro, 

indicating the release dosage was effective. 
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VAPOR DEPOSITION OF POLYIONIC NANOCOATINGS FOR REDUCTION OF 

MICROGLIA ADHESION 
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12 

 

Abstract 

Polyionics have great potential in improving the performance of neural probes by 

regulating microglial response. With the shrinkage of microelectrode size and the increase 

of device complexity, challenges arise in polyionic synthesis on neural probes using liquid-

based processing. Nanocoatings of polyionics with highly crosslinked bulk structure and 

surface enrichment of ionic functionality were synthesized using a process combining 

chemical vapor deposition and free radical polymerization. Both conformal surface 

engineering of neural microelectrodes and facile tailoring of surface ionic composition was 

achieved using this single-step, vapor-based method. Adhesion of microglia was reduced 

on all the polyionic modified surfaces after the seven-day in vitro test, and polyionics with 

mixed charges presented much lower microglial adhesion than surface with single charges. 

Laminin adsorption on polyionics with mixed charges was significantly reduced, due to the 

surface electrical neutrality and the enhanced wettability.  These findings provide valuable 

information towards development of neural probes with enhanced biocompatibility and 

signal stability. 
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2.1 Introduction 

Brain microelectrodes enable acquisition of neural activity and selective neuron 

stimulation to study neural mechanism,1-2 recover damaged neurological function,3-4 and 

improve brain-computer communication.5-7 However, the performance of chronic 

microelectrodes has been reported to suffer from the lack of signal stability and the short 

lifetime, which significantly limits the therapeutic potential of brain probes.8-10 The signal 

degradation is mainly caused by isolation and detachment of the implant from target 

neurons. The process starts with protein adsorption on the implant surface, followed by 

inflammatory tissue response and immune cell attachment.11-13 As the resident macrophage 

in brain tissue, microglia plays a critical role after the implantation of brain probes by 

initiating the inflammatory response and engaging in antigen presentation.14 Studies 

showed that microglial adhesion leads to the formation of cellular sheath around the 

microelectrodes, resulting in the tissue encapsulation of probes.11, 13-14  

Neural adhesion promoters and inflammatory suppressors have been applied around 

microelectrodes to attenuate microglial response.15-22 Neural adhesion molecules stimulate 

the adhesion of neurons and reduce microglia attachment, 23-25 but the effect usually 

vanishes after the release of neural adhesion molecules.17 Inflammatory regulators could 

effectively lower microglia attachment and suppress the activation.19-20 The interleukin-1 

receptor antagonist was reported to reduce 50%  microglia attachment in rat after one 

month,21 and dexamethasone has been used in localized release to suppress microglial 

response on implanted neural probes in vivo.26  

Tailoring the surface chemistry of implants offers another route to improve the 

biocompatibility with neural tissue.27-28 Hydrophilic surfaces have been known to decrease 
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non-specific protein adsorption,29-31 which provides the potential for suppressing 

microglial response. The hydrogel of poly(N-isopropylacrylamide) was reported to 

significantly reduce macrophage adhesion and the expression of pro-inflammatory 

cytokines.32 Spin coated cellulose hydrogel was reported to lower 24-h microglia adhesion 

by 80% in vitro.11 In in vivo studies, the photo-polymerized poly(ethylene glycol) based 

hydrogel showed lower microglia adhesion after 56 days of implantation,33 and the 

poly(vinyl alcohol)/poly(acrylic acid) hydrogel reduced microglia adhesion by  30% after 

six-week implantation.34  

An important factor to consider in the hydrogel surface engineering of microelectrodes is 

the effect of modification on the recording of neural signal. For non-charged hydrogels 

such as alginate, significant signal loss was observed at thickness of five µm due to the 

spatial displacement of neurons.35 On the other hand, the mixed charged hydrogel of 

nitrocellulose at the micron thickness has been studied without increase in the electrode 

impedance.19 At the sub-micron thickness, charged hydrogels were reported to reduce 

electrode impedance due to the ionic conductive layer in contact with electrodes.36 The 

lowering of impedance is especially important for the ultra-small multi-electrode arrays,1, 

37 which can further reduce neural tissue damages after implantation 38-39 and improve 

biocompatibility.40 However, with the shrinkage of electrode size and the increase of 

device complexity, challenges arise in hydrogel surface engineering using traditional 

processing methods such as spin coating,11, 19 photo polymerization,33 and aqueous 

crosslinking.34   

In this study, we investigated the synthesis of polyionic nanocoatings and the surface 

engineering of microelectrodes using an initiated chemical vapor deposition (iCVD) 
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method, which combines free radical polymerization and chemical vapor deposition for in 

situ deposition of chain growth polymers. 41-44 Nanocoatings that are positively, negatively, 

and mixed charged were synthesized and characterized. The in vitro cell culture tests 

showed that the mixed charged polyionics presented minimum microglial adhesion among 

all the polyionics. Surface protein adsorption of bovine serum albumin (BSA) and laminin 

were also quantified. BSA was chosen as a model protein for the surface adsorption study, 

and laminin is a major  glycoprotein of basement membrane that plays an important role in 

the adhesion of activated microglia.45-46 The vapor-deposited polyionics formed conformal 

nanocoatings around microelectrodes, indicating promising applications in surface 

engineering of ultra-small neural electrodes. 
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2.2 Experimental 

Nanocoating synthesis 

Hybrid nanocoatings of poly(methacrylic acid-co-ethylene glycol diacrylate) (PME), 

poly(2-dimethylamino ethyl methacrylate-co-ethylene glycol diacrylate) (PDE), and 

poly(2-dimethylamino ethyl methacrylate-co-methacrylic acid-co-ethylene glycol 

diacrylate) (PDME) were synthesized using the iCVD method described in previous 

studies.41-44 The initiator of TBP was vaporized at room temperature and fed into the reactor 

using a mass flow controller (MKS, model 1479A). The monomers of DMAEMA and 

MAA were both vaporized at 50 °C and metered into the reactor using mass flow 

controllers (MKS, model 1153 and 1150). The crosslinker of EGDA was vaporized at 55 

°C and metered using a needle valve (Swagelok). The flow rates of DMAEMA, MAA, and 

EGDA were varied (Table 2.1) at each stage of deposition to form the hybrid structure, 

while the TBP flow rate was maintained constant at 0.24 sccm. Inside the reactor, vapor 

monomers were heated up by a parallel array of Nichrome filament (Ni80/Cr20, 

Goodfellow) that was resistively heated to 220 °C. Substrates for coating deposition were 

placed on a water-cooled stage at 40 °C. The temperatures were monitored by thermal 

couples (Omega, Type K) directly attached to the filament and the stage. Pressure in the 

vacuum chamber was maintained at 300 mTorr using a butterfly valve (MKS, model 

253B). The thickness increase of nanocoatings was measured in situ using an 

interferometry system with a 633 nm He–Ne laser (JDS Uniphase). The collected laser 

signal was recorded as cycling waves, and the thickness corresponding to each cycle in 

interferometry was calibrated using variable-angle spectroscopic ellipsometry (VASE). 
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The nanocoated samples were soaked with deionized water for 2 h followed by three times 

of rinse to remove any un-crosslinked polymers.  

Table 2.1 Flow rate and thickness control during iCVD coating synthesis 

 Stage 
Flow rate/sccm 

Thickness/nm 
MAA DMAEMA EGDA 

PME 
Ι 0.56 0.00 0.26 200 

ΙΙ 0.56 0.00 0.00 50 

PDE 
Ι 0.00 0.55 0.28 200 

ΙΙ 0.00 0.55 0.00 50 

PDME 
Ι 0.36 0.03 0.40 200 

ΙΙ 0.36 0.03 0.00 50 

 

Characterizations 

Fourier transform infrared (FTIR) spectra were collected by a Nicolet 6700 FTIR 

spectrometer using a DTGS detector under the transmission mode at a 4 cm-1 resolution. 

Surface wettability was measured using a goniometer (Ramé-Hart, model 250-F1). Static 

contact angle was accessed by the standard sessile drop method using a 5 µl droplet of 

deionized water. Advancing and receding contact angles were accessed using the tilting 

plate method with a tilting speed of 1 °/s. Each measurement was repeated three times at 

different spots on the samples. The mobility factor (MF) of the surface was calculated from 

the advanced and receding contact angles (θa and θr, respectively) by using the following 

equation: MF = (θa - θr)/ θa.
47 X-ray photoelectron spectroscopy (XPS) measurements were 

performed using a 300 W Mg Kɑ source and PHI double-pass cylindrical mirror analyzer 
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with a pass energy of 50 eV. The morphology of neural microelectrodes before and after 

coating was observed using a FEI Quanta 600 field-emission gun scanning electron 

microscope (SEM) operated at an acceleration voltage of 25 kV. Quartz crystal 

microbalance (QCM) was performed using Q-Sense E1 equipped with QSX 301 sensors. 

The resonance frequency f was measured at the fundamental resonance frequency of 5 MHz 

and the third overtone. Experiments were conducted in a continuous flow cell using a 

peristaltic pump.  

Protein adsorption assay 

Measurement of BSA and laminin surface adsorption was conducted on coated 96-well 

plate using the Micro BCA Protein Assay Kit. An aliquot of 100 μl of protein solution at 

100 μg/ml was added to each well and incubated at 37 °C for 1 h, 24 h, or 168 h.48 After 

incubation, each well was rinsed by PBS for three times, followed by incubating with 100 

μl SDS (3%) at 37 °C for 1 h. Subsequently, an aliquot of 50 μl was mixed with 50 μl BCA 

reagent at 37 °C for 2 h. Absorption at 562 nm was measured using Infinite M200 

multimode microplate reader (Tecan). Protein concentration was determined by reference 

to the standard curve of BSA.  

Microglia adhesion assay 

C8-B4 microglia was cultured in DMEM supplemented with 10% FBS, 50 U/ml penicillin, 

and 50 µg/ml streptomycin. Due to the uneven microglia distribution observed in the wells 

of microplates, Aclar films were used for the adhesion assay. Microglia was seeded onto 

Aclar films placed in a 6-well plate at a density of 1×105 cells/ml and 5×104 cells/ml for 

the 24 h and 168 h adhesion tests, respectively. At the end of each cell test period, Aclar 
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films were retrieved and rinsed with sterile PBS for three times to remove any non-adherent 

cells. Microglia adhesion was observed under a DMI3000M microscope (Leica), and 

digital images were taken on five randomly selected, 1X1 mm2 fields of each sample. 

Average microglia adhesion density (cells/mm2) was calculated by quantifying the number 

of adherent cells through the image analysis of Leica Application Suite. The microglia 

adhesion experiments were run in triplicate.   

 

 

 

Statistics 

Statistical analysis was performed using SAS software (SAS Institute Inc., Cary, N.C.). 

Statistical comparisons were made by one-way analysis of variance (Anova). The Student’s 

t-test was used for post hoc evaluation of differences among groups. In all statistical 

evaluations, p < 0.05 was considered as statistically significant.    
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2.3 Results and discussion 

Hybrid polyionic nanocoatings 

 

 

 

 

 

 

 

 

Figure 2.1 Schematic illustration for the one-step iCVD synthesis of 

polyionic PDME. TBP was used as the initiator (I), MAA and DMAEMA 

were used as the monomers (M), and EGDA was used as the crosslinker (C). 

Synthesis of PME and PDE was the same except that only MAA and 

DMAEMA was used as the monomer, respectively.  
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Polyionics of PME, PDE and PDME were synthesized using the one-pot, two-stage iCVD 

process illustrated in Figure 2.1. Initially, vaporized monomers MAA and DMAEMA and 

the crosslinker EGDA was metered into the reaction chamber along with the initiator TBP. 

The process involves thermal decomposition of TBP over heated filaments to create free 

radicals in the vapor phase and subsequent free radical co-polymerization of the monomer 

and the crosslinker, forming crosslinked polyionics directly on the solid substrate. The 

advantage is that the substrate remained at relatively low temperatures (~ 40 °C), and the 

method does not involve the use of any solvents since the entire process takes place in the 

vapor and solid phase. At the second stage, the flow of crosslinker was switched off, while 

the flow of monomer vapors continued to allow grafting polymerization of polyionics from 

the unterminated radical sites of the crosslinked layer, resulting in surface enrichment with 

polyionics, as to be discussed later. Details of flow rate and thickness control at each stage 

are listed in Table 2.1. The resulting coating has a hybrid structure comprising a highly 

crosslinked bulk and a surface layer enriched with polyionics.   
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Figure 2.2 FTIR spectra of the hybrid polyionic nanocoatings of (A) PDME, 

(B) PME, and (C) PDE, compared with that of homopolymers of (D) PMAA, 

(E) PDMAEMA, and (F) PEGDA. The absorption peaks at 1702cm-1, 1728 

cm-1 and 1735 cm-1 were assigned to the C=O stretching of MAA, 

DMAEMA, and EGDA, respectively. The absorption peaks at 2772 and 

2821 cm-1 were assigned to the C-H stretching of the tertiary amine in 

DMAEMA.   
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The overall composition of the hybrid polyionic nanocoatings was characterized by FT-IR 

(Figure 2.2).  Homopolymers of poly(2-dimethylamino ethyl methacrylate) (PDMAEMA), 

poly(methacrylic acid) (PMAA), and poly(ethylene glycol diacrylate) (PEGDA) were also 

synthesized via iCVD for comparison study. The absorption peak at  1702 cm-1 in the 

spectra of PMAA, PME, and PDME was assigned to the C=O stretching of carboxyl in the 

MAA  moiety,49 while the absorption peaks at 2772 and 2821 cm-1 in the spectra of 

PDMAEMA and PDE were assigned to the C-H stretching of tertiary amine in the 

DMAEMA moiety.50 Interestingly, the C-H stretching bands at 2772 and 2821 cm-1 were 

not observed in the FT-IR spectrum of PDME, while an absorption peak showed up at 1565 

cm-1. The new absorption peak was attributed to the close interaction between amine and 

carboxyl groups,51 which could possibly result in changes in the C-H stretching modes. 

The FT-IR of poly(methacrylic acid-co-2-dimethylamino ethyl methacrylate) (not shown) 

exhibited a similar absence of C-H stretching at 2772 and 2821 cm-1 and a slightly higher 

absorption at 1565 cm-1. The absorption at 1728 cm-1 and 1735 cm-1 shown in the spectra 

of PDME, PDE, and PME were assigned to the C=O stretching in DMAEMA and EGDA, 

respectively. Overall, the above results indicated that DMAEMA, MAA, and EGDA 

components have been incorporated into the nanocoatings. The enrichment of DMAEMA 

and MAA moieties at the top surface of hybrid nanocoatings was verified by XPS survey 

scans. For example, the nitrogen to carbon (N/C) atomic ratio of hybrid PDE is 7% higher 

than the N/C ratio of homogeneous PDE, indicating higher concentration of DMAEMA at 

the top surface of hybrid PDE compared with the non-grafted PDE. 
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Figure 2.3 Neural microelectrodes before (A) and after (B) the vapor-

deposited polyionic nanocoating.  

Surface engineering of neural microelectrodes was conducted using the hybrid vapor 

deposition process. Figure 2.3 shows the microelectrodes after the deposition of 250-nm 

PDME nanocoating. Nanocoatings with thickness below 50 nm can be deposited,41, 43 but 

the deposition condition was chosen to maintain the same composition as that of PDME 

nanocoating in characterization studies. Due to the vapor-based process, the nanocoating 

was conformal and uniform throughout the entire surface of each individual 

microelectrode. The conformal feature of iCVD nanocoatings has been clearly 

demonstrated in the surface engineering of nanostructures we previously reported.41, 43 No 

change in the morphology of microelectrode was observed because of the huge dimension 

discrepancy between the 100-µm microelectrode and the 250-nm nanocoating. Compared 

with the solution-based methods in surface engineering of microelectrodes, the vapor 

deposition method provides the capability to work on electrodes with complex geometry 

while maintaining the desired microstructure.52-53  
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Surface wettability   

Table 2.2 Measurement of static (θc), advancing (θa), and receding contact angle (θr)  

 θc (°) θa (°) θr (°) Hysteresis  Mobility factor 

control 83.2 88.3 66.5 21.8 0.25 

PME 65.2 73.7 34.4 39.3 0.53 

PDE 57.9 64.7 33.3 31.4 0.48 

PDME 55.4 61.2 27.1 34.1 0.56 
 

The surface wettability of the polyionic nanocoatings was studied by measuring the sessile 

drop contact angle. The polyionics significantly improved the surface hydrophilicity with 

much lowered contact angle (Table 2.2).54 Similar to what observed on mixed charged 

zwitterionic coatings,55-57 the contact angle of PDME was lower than that of nanocoatings 

with single charges, possibly due to the enhanced solvation of the oppositely charged amine 

and carboxyl moieties.58 The contact angle of PME is higher than that of the 

poly(methacrylic  acid) brushes,59 indicating the presence of the crosslinker component on 

the hybrid nanocoating surface. The contact angle hysteresis of the hydrogel coatings was 

in the range of 31.4-39.3° (34.9° ± 4.0°), possibly due to the configuration change of 

polymer chains.60 The carboxyl and amine moieties were covered by hydrophobic moieties 

of polymer chains to minimize the surface free energy in air. When contacting with water, 

the carboxyl and amine moieties reoriented and covered the outer surface to minimize free 

energy in aqueous environment. The mobility factor of the polyionics was around 0.5, 

much lower than that of the linear zwitterionic polymers.61 The lowered mobility again 

indicated the presence of the crosslinker component on the outer surface, suggesting that 

the hybrid nanocoating composition can be optimized to further improve surface 

wettability.   
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Protein adsorption  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 2.4 Protein adsorption on polyionic surfaces. Quantitative amount 

of BSA (A) and laminin (B) adsorbed per well on negatively charged PME, 

positively charged PDE, and mixed charged PDME surfaces after 1 h, 24 h, 

and 168 h of incubation. Significant difference: * p < 0.05.  
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Figure 2.4 shows the adhesion of BSA and laminin on PDE, PME, and PDME coated 

surfaces after incubating for various periods of time.  In one hour, the BSA adsorption on 

PME, PDE and PDME coatings was 0.14 ± 0.08, 0.34 ± 0.02, and 0.17 ± 0.13 µg per well, 

respectively, compared with the control. After 24 h of incubation, BSA adsorption on PME 

and PDE increased to 0.65 ± 0.03 and 0.69 ± 0.11 µg per well, respectively, while the 

protein adsorption on PDME remained at 0.17 ± 0.08 µg per well. At 168 h, no detectable 

BSA adsorption was observed on PDME surface, while PME and PDE surfaces adsorbed 

100% BSA compared with the uncoated surface. The difference in protein adsorption 

between surface with mixed charges and surface with single charges (all positive or all 

negative) supports the notion that electrical neutrality is important in resisting protein 

adsorption.55  The dynamics of BSA adsorption on PME, PDE, and PDME were studied 

by monitoring the frequency change using QCM. As shown in Figure 2.5, the frequency of 

PDME coated sensor initially decreased then backed up, and a close-to-zero frequency 

change was recorded at 24 h. On the other hand, the frequency of PDE coated sensors 

showed a trend of continuing declination as time progressed, ending with a frequency 

reduction of 24.6 Hz at 24 h. PME coated sensors showed a similar trend of continuing 

decrease in frequency. According to the Sauerbrey equation,62 the frequency reduction is 

linearly related with the mass of adsorbed protein. The difference in BSA adsorption 

behavior over time between PME, PDE, and PDME surfaces is consistent with the results 

observed in the static adsorption test, indicating the potential of using PDME in resisting 

protein adsorption in the long term.  
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Figure 2.5 Dynamics of BSA adsorption on PDE and PDME studied by 

monitoring the frequency change using QCM. 

Compared with the un-coated surface, the adsorption of laminin on PME surface was 

reduced by 68%, 14%, and 50% in the 1h, 24 h, and 168 h incubation period, respectively, 

while PDE surface demonstrated ~20% increase in laminin adsorption regardless of the 

incubation time.  Since laminin  presented negative charges at neutral pH,63 the substantial 

difference in laminin  adsorption between  PME and  PDE indicated that the surface-protein 

electrostatic interaction possibly plays an important role in determining laminin 

adsorption.64 The self-assemble nature of laminin65 may contribute to the increase in 

laminin absorption as well. By contrast, laminin adsorption on PDME surface was reduced 

to 0.22 ± 0.02, 0.15 ± 0.08, and 0.25 ± 0.01 µg per well within 1h, 24 h, and 168 h, 

respectively. The reduction of protein adsorption on PDME could be attributed to the 

surface hydrophilicity in addition to charge neutrality, due to the excess energy needed to 

replace water molecules during protein adhesion.66    
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Microglia adhesion  

 

 

 

 

 

 

Figure 2.6 Microglia adhesion on polyionic surfaces.  Optical microscopy 

images of microglia attached on surfaces after 24 h (A, B, C, and D) and 

after 168 h (E, F, G and H): control (A, E), PME (B, F), PDE (C, G) and 

PDME (D, H). Scale bar, 100 μm.  

Microglia adhesion on the polyionic surfaces was observed using optical microscopy. 

Representative images were shown in Figure 2.6. Morphologically, the microglia had 

amoeboid appearance with pseudopods except on PDE and PDME, where microglia 

demonstrated a spherical morphology that indicates a lower affinity67 at 24 h. The viability 

of microglia on PDE and PDME was confirmed after transferring and culturing these 

microglia into regular cell plates, suggesting that the significant reduction in lamellipodia 

and filopodia was possibly due to the resistance to microglia adhesion and spreading.  
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Figure 2.7 Quantified microglia adhesion on polyionic surfaces after 24 h 

(A) and 168 h (B) of cell culture. Significant difference: * p < 0.05. 
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The adhesion of microglia decreased on all the surfaces of polyionic nanocoatings (Figure 

2. 7). At 24 h, cell numbers of microglia on PME, PDE, and PDME were reduced by 22%, 

35%, and 50%, respectively. At 168 h, the microglia adhesion on PME, PDE, and PDME 

coatings decreased 20%, 45%, and 54%, respectively. The decreased microglia adhesion 

can be associated with the increasing surface wettability, which leads to lower cell 

attachment68 and reduced cell proliferation rate.69 Overall, the surface of PDME was very 

effective in repelling microglia adhesion in vitro.   
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2.4 Conclusions 

Nanocoatings with polyionics enriched at the top surface were synthesized using the iCVD 

process.  Conformal surface engineering of neural microelectrodes was achieved using this 

single-step, vapor-based method, and the surface ionic composition was facilely tailored.  

Adhesion of microglia was reduced on all the polyionic modified surfaces, and the 

polyionics with mixed charges presented the lowest microglial adhesion, with more than 

50% reduction in adherent microglia after seven days. In addition, polyionics with mixed 

charges significantly reduced the surface adsorption of laminin and BSA. The vapor-based 

nanocoating synthesis bypasses the use of any liquid medium and can be extended to the 

surface engineering of a wide variety of biomedical devices.   
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CHAPTER III 
 

 

ULTRATHIN GRAFTING OF POLYIONIC COATING FOR REDUCING PROTEIN 

ADHESION UNDER DIFFERENT PH AND BODY TEMPERATURE  
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Abstract 

Biocompatibility greatly influences the durability and functionality of medical devices by 

decreasing immune erosions and encapsulations of the implant. Surface modification for a 

better antifouling ability efficiently improves the implant biocompatibility by reducing 

protein adhesion. Conformal thin coating is essential in modern implant to provide a 

coherent surface modification with minimal interferences. Antifouling grafting with 

different compositions with a thickness around five nanometers were synthesized using a 

one-pot initial vapor deposition method. Study of the effects of surface wettability, charge, 

pH, and temperature on BSA adhesion provided valuable information for the future design 

of antifouling surfaces. The surface with a dual-charged grafting exhibited no BSA 

adhesion. Stable resistance to BSA adhesion was achieved with dual-charged grafting  pH 

7 to pH 9 due to the mixed charged ligands on the surface. Grafted substrate retained 

excellent resistance to BSA adhesion at body temperature, indicating good potential for 

future application under basic condition such as biliary stent. 
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3.1 Introduction  

The lifetime and functionality of medical devices, such as brain electrode,1 stent,2 and bone 

graft,3 is significantly affected by the biocompatibility of the device surface.4 Erosions and 

encapsulations triggered by inflammation could greatly compromise the implant 

performance due to implant surface damage, isolation, and dislocation.5 Major initial 

process of the harmful immune responses against the implants was protein adhesion, which 

could be eased by increasing the antifouling capability of the implant surface.5 In addition, 

to better preserve the delicate implant functionality,6 simple method for ultrathin surface 

coating without damaging the substrate is highly desirable.7 

Major factors that affect surface antifouling include surface wettability, surface charge, pH, 

and temperature.8-11 Increased antifouling capability was associated with increases in 

coating hydrophilicity.8 Hydrophilic surfaces have high affinity to water molecule. They 

inhibit protein adhesion by increasing the energy cost by more than 35% for replacing 

surface water molecule with protein. To achieve higher hydrophilicity, zwitterionic 

polymers with high dipole density was developed.12 A study done by Bracic et al. using 

zwitterionic coatings showed a high antifouling capability with a rather complex synthesis 

process.11 On the other hand, a previous study done by Tai et al. has shown surface charge 

balance, which is highly affected by pH, played an important role in the antifouling 

ability.10 Coating region where charge balance was presented showed highest resistant to non-

specific protein adsorption among other mixed charged surfaces.10 Therefore, both 

hydrophilicity and charge balance are important elements in the antifouling coating design. 

In addition, as protein adsorption tends to increase with higher temperature,9 it is important 
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to investigate the protein adsorption at body temperature for the applications in medical 

devices. 

Challenges arise in surface coating technique as modern medical devices require delicate 

surface features with complex geometry for a better customization and patient outcome.13 

The micro-scale complex geometry makes it hard to create a conformal coating using 

traditional methods,6 which greatly limits the future application. The main reason for 

inconsistent coating thickness and loss of delicate feature with traditional methods is 

surface tension,14 which is introduced by the liquid synthesis environment in traditional 

techniques, such as dip coating,15 spin coating,16 and spray coating.17 On the other hand, 

techniques with non-pretreatment process are preferred as methods that involve surface 

pretreatment such as etching and plasma blasting could damage the device surfaces,18-19 

potentially compromising the device function. In addition, as the surface modification with 

ultrathin coating is highly preferred to preserved the device functionality and lower the 

interference of body-implant interaction,20 new techniques with capability to synthesize 

nano-scale coatings such as atom transfer radical polymerization (ATRP) was 

developped.21 However, ATRP is limited to certain types of surfaces such as metal or 

silicon. It is preferred to develop a strategy for the surface modification that could be 

applied on different material surface.22-23 

Here we report a new technique for grafting a highly biocompatible layer with around five-

nanometer thickness on material surface by vapor deposition. Influence of surface 

wettability, charge, environmental pH, and temperature on antifouling capability of the 

grafted surface was studied using QCM-D.  
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3.2 Experimental 

Surface modification of stainless steel 

AT-cut 14 mm gold-coated QCM crystals (QSX 301, Biolin Scientific, Västra Frölunda, 

Sweden) was prewashed with ethanol (200 proof, Pharmco-Aaper, Toronto, Ontario, 

Canada), and deionized water in an ultrasonic bath (Branson, Danbury, CT) for 5 min each. 

Cleaned QCM crystals were then air-dried overnight and used as substrates in vapor 

grafting. Grafted samples were storaged in glove box (2100, Cleatech, Santa Ana, CA).   

Grafting on the substrate 

Surface grafting in this study was performed using a one-pot deposition method derived 

from the initiated chemical vapor deposition (iCVD) method as described in previous 

studies.24-26 Bottom binding layer of 20 nm poly(ethylene glycol diacrylate) (PE) and the 

functional grafting of poly(methacrylic acid) (PM), poly(2-dimethylamino ethyl 

methacrylate) (PD), or poly(2-dimethylamino ethyl methacrylate-co-methacrylic acid) 

(PDM) were deposited in one continuous reaction. Deposition for each sample was 

performed identically on both sides of the gold-coated QCM crystals. Di-tert-butyl 

peroxide (TBP) (98%, Sigma-Aldrich, St. Louis, MO) was vaporized at 21 °C to generate 

initiator for the radical polymerization process. The monomers of 2-dimethylamino ethyl 

methacrylate (DMAEMA) (98%, Sigma-Aldrich, St. Louis, MO), methacrylic acid (MAA) 

(99%, Sigma-Aldrich, St. Louis, MO), and ethylene glycol diacrylate (EGDA) (90%, 

Sigma-Aldrich, St. Louis, MO) were vaporized at 50 °C, 50 °C and 55 °C, respectively. 

The flow rate of TBP vapor was controlled by a mass flow controller (MKS, Andover, MA, 

model 1479A). The flow rate of DMAEMA was controlled with a mass flow controller 
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(MKS, Andover, MA, model 1153). MAA and EGDA were metered into the reactor using 

separate needle valves (Swagelok, Solon, OH). Grafting with different components was 

achieved by high flux of different monomer vapors in designed flow rates as listed in Table 

3.1, while the TBP flow rate was maintained constantly at 0.57 sccm. In the reactor 

chamber, substrates for grafting were placed on the stage water cooled to 30 °C. Reagent 

vapors were passing through a parallel array of nichrome filament (Ni80/Cr20, 

Goodfellow, Coraopolis, PA) heated to 220 °C above the reactor stage before reaching the 

substrate during the synthesis. Initiator radicals were generated by decomposing TBP by 

the heating with the filament array. The temperatures of the filament and the stage were 

monitored by thermocouples (Omega, Stamford, CT, Type K). The Pressure in the vacuum 

chamber was maintained at 100 mTorr during deposition using a butterfly valve (MKS, 

Andover, MA, model 253B). The coating growth was monitored by an interferometry 

system with a 633 nm He–Ne laser (JDS Uniphase, Milpitas, CA) in situ on a reference 

silicon wafer (P/Boron <100>, WRS Materials, San Jose, CA). Variable-angle 

spectroscopic ellipsometry (VASE) was used to calibrate the correlation between the repeat 

period of the laser signals and the thickness of the deposition. Samples were soaked with 

deionized water for 1 h and rinsed three times to remove adsorbed monomers after the 

grafting and storaged in glove box filled with nitrogen. 
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Table 3.1 Flow rate control for the ultrathin nanocoating 

 Stage 
Flow rate/sccm 

Thickness/nm 
MAA DMAEMA EGDA TBP 

PE I 0 0 0.24 0.57 20.1 ± 0.1 

PE-g-M 
I 0 0 0.24 0.57 20.0 ± 0.3 

II 2.77 0 0 0 3.2 ± 0.2 

PE-g-D 
I 0 0 0.24 0.57 20.1 ± 0.1 

II 0 2.47 0 0 1.0 ± 0.2 

PE-g-DM 
I 0 0 0.24 0.57 20.3 ± 0.1 

II 2.13 0.35 0 0 8.3 ± 0.6 

 

Characterizations 

Fourier transform infrared (FTIR) spectra were collected by a Nicolet 6700 FTIR 

spectrometer (Thermo Fisher Scientific, Waltham, MA) with a potassium bromide 

beamsplitter and a DTGS detector using an optical range from 400 to 4000 cm-1. The data 

collection used the transmission mode at a 4 cm-1 resolution with 128 scans.  

Evaluation of protein adhesion  

Analysis of the protein adhesion was carried out using a quartz crystal microbalance system 

(Q-Sense Explorer, Biolin Scientific, Västra Frölunda, Sweden). Protein adhesion was 

calculated from frequency change of the samples with a fundamental resonant frequency 

of 5 MHz. Each sample was stabilized in air for 30 min and stabilized in phosphate-

buffered saline (PBS) or designed pH buffer with a flow rate of 0.1 ml/min for 1 h. The 
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frequency change with samples with corresponding buffer without BSA with a flow rate 

of 0.1 ml/min for 1 h was used as the control for each sample. Sample was then washed 

twice in PBS for 5 min each and air-dried overnight before the test cycle. After the same 

equilibrium process in air and non-protein buffer, protein solution containing 0.1 mg/ml 

bovine serum albumin (BSA, Sigma-Aldrich, St. Louis, MO) under designed pH was then 

flowed through the sample module with a flow rate of 0.1 ml/min for 1 h. Solutions used 

in this study were filtered through a 0.22 µm syringe filter before use. Mass of adhered 

protein was calculated using the Sauerbrey equation.27 

∆� = − �
� ∆�                                                      (3.1) 

Where m is the weight of the sample, f is the observed resonant frequency, n is the number 

of the overtone, and c  = 17.7 ng/cm2 Hz is the mass sensitivity constant for the crystal used 

in this study. 

Statistical analysis 

SAS software (SAS Institute, Cary, NC) was used for statistical analysis in this study. The 

one-way analysis of variance (ANOVA, p value < 0.05) was used to determine whether 

there were any statistically significant differences between the means of three or more 

independent groups. Student’s t-test (p value < 0.05) was used afterwards to identify 

statistically significant differences between two groups. 
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3.3 Results and discussion 

Synthesis of the nanocoating 

 

 

 

 

 

 

 

 

Figure 3.1 Schematic illustration for the ultrathin nanocoating. During 

stage I, TBP was used as the initiator (I) and EGDA was used as the 

crosslinker (C). Grafting monomers (M) were metered into the reactor 

without TBP or EGDA. TBP, EGDA, and monomer molecules were 

illustrated by red, green, and purple dots, respectively.  

Surface nanocoating and grafting was performed using iCVD method. Two components 

were synthesized, a binding layer on the bottom with 20 nm PE and a functional grafting 

with the PM, PD, or PDM polymer with a thickness below 10 nm. Schematic of the 

nanocoating synthesis was illustrated as in Figure 3.1. Monomers were metered into the 

reactor under stable flow rates as detailed in Table 3.1. During the second stage of the 

deposition, the flow of both TBP and EGDA vapors was turned off, while the flow of the 

grafting monomer vapor was fed into the reactor with a flow rate that was five-fold 

compared to normal grafting. The remaining TBP and EGDA molecules were flushed out 
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of the reactor by the grafting monomer, resulting an enrichment of grafting molecules on 

the substrate surface. The grafting was stopped by itself due to the exhaustion of the active 

radicals on the substrate surface. 

This process produced coatings with nano-scale thickness on the substrate, allowing 

minimum change to the geometry of the substrate.28-29 Meanwhile, the substrate was kept 

at a low temperature around 33 °C by using an initiation chemistry,30 which enabled the 

application of this technique to substrates with low thermal stability. As discussed in 

chapter 2, the solvent-free process of our technique produced a conformal coating, which 

is in contrast with the uneven coating thickness caused by surface tension in traditional 

solvent-based synthesis.31  
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Wettability of the nanocoating 

Table 3.2 Static contact angle of the ultrathin nanocoatings 

  PE PE-g-M PE-g-D PE-g-DM 

θc (°) 63.0 ± 1.3 36.3 ± 3.4 56.4 ± 2.6 50.2 ± 3.6 

 

Surface wettability of the nanocoatings after grafting was studied using water contact angle 

measurement. Surface wettability of the samples could be interpreted as an indirect 

indication of the grafting efficiency. As shown in Table 3.2, static contact angles of the PE-

g-M, PE-g-D, and PE-g-DM samples were significantly lower than that of the non-grafted 

PE sample, indicating that the grafting chemistry efficiently changed the surface affinity 

with water. The MAA and DMAEMA moieties introduced during grafting rendered the PE 

surface more hydrophilic. The contact angle of the PE-g-M was 27° lower than that of the 

PE, and 22° lower than the contact angles of the copolymer of MAA and EGDA synthesized 

by the same process,32 indicating that the grafting process produced higher density of MAA on 

the surface. While the contact angle of the PE-g-M was not as low as that of grafted MAA 

prepared by solvent-based FRGP or ATRP,33-34 it belongs to the lower end of MAA grafted 

surfaces.35-37 Due to the low wettability of DMAEMA moiety,37 the contact angles of the 

PE-g-D and PE-g-DM were higher than that of the PE-g-M.  
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Protein adsorption on nanocoatings 

 

 

 

 

 

 

 

Figure 3.2 BSA adsorption measurement on PE, PE-g-D, PE-g-M, and PE-

g-DM nanocoatings at 21°. Sauerbrey equation was used to convert the 

frequency change (A) to the mass of BSA adhesion (B). Star (*) indicates 

significant difference from PE (p < 0.05, Student t-test). 

Protein adhesion on the nanocoatings was studied using 1-hr QCM-D by measuring the 

frequency and dissipation change (Figure 3.2). BSA was used as the model protein. Protein 

adhesion was calculated using the Sauerbrey equation.27 

∆� = − �
� ∆�                                                      (3.1) 

Where m is the weight of the sample, f is the observed resonant frequency, n is the number 

of the overtone, and c  = 17.7 ng/cm2 Hz is the mass sensitivity constant for the crystal used 

in this study. The frequency change in overtone three was used to calculate the protein 

adsorption in this study. 

Compared to the non-grafted PE sample, the PE-g-M and PE-g-DM grafting significantly 

lowered the BSA adhesion by 82.8% and 100%, respectively, while the PE-g-D showed 

10.3% more BSA adhesion.  

A                                                            B 
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Based on the dimension of BSA molecule in aqueous solution,38 the BSA monolayer with 

a side-on and an end-on arrangement is estimated to be 190.9 and 656.4 ng/cm2, 

respectively.39 The maximum BSA adsorption observed in this study was 119.5 ng/cm2 

BSA on the PE-g-D nanocoating, indicating that the adhered protein only formed a partial 

monolayer on all the nanocoating surfaces. Therefore, the adsorption due to post-

adsorption rearrangement of BSA was not considered.40  

Surface protein adhesion is determined by the affinity between protein and the coating 

surface, which is mainly affected by surface charge and wettability of the coating.8 Since 

the protonation of the tertiary amine in DMAEMA of the PE-g-D forms positive charges, 

while BSA present negative charges at neural pH,41 the electrostatic affinity between the 

PE-g-D and BSA increases the BSA adhesion on the PE-g-D surface. On the contrary, 

deprotonation of the carboxyl group in MAA of the PE-g-M forms negative charges, which 

led to the electrostatic repulsion between the PE-g-M and BSA, resulting in lower BSA 

adhesion. On the other hand, as pointed out by the study done by Noh et al., increase in 

surface hydrophilicity led to a lower BSA adhesion by increasing the energy cost by more 

than 35% for replacing surface-binding water with BSA.42 As reported by Ekblad et al., 

the increase in hydrophilicity of the PE-g-D was not enough to compensate for the effect 

of the electrostatic attraction force,43 while the improved hydrophilicity and the 

electrostatic repulsion rendered the PE-g-M nanocoating more capable of repeling BSA 

adhesion. It is interesting that the PE-g-DM nanocoating demonstrated even lower protein 

adhesion than that on the PE-g-M nanocoating. Zwitterionic polymers were reported to 

have lower protein adhesion compared with the corresponding single charged polymers.44-

45 Our observation of lower protein adhesion on the PE-g-DM than that of the single 
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charged PE-g-M indicated that charge neutrality may play a more important role than the 

surface hydrophilicity in determining the interaction between polyionic surface and protein 

molecules.  



51 

 

Effect of pH on protein adsorption of PE-g-DM nanocoating 

 

 

 

 

 

 

 

 

 

Figure 3.3 BSA adsorption of the PE-g-DM nanocoating at pH 4.0 to pH 

10.0.  

As shown in Figure 3.3, no protein adsorption was observed with a buffer of pH 7.4 to pH 

9.0, while increased protein adsorption was observed at pH 4 to pH 10. The PE-g-DM 

nanocoating maintained low BSA adhesion at high pH, indicating potential antifouling 

application at alkaline conditions.46-48 The pKa of MAA and DMAEMA was reported to 

be in the range of 5.5-6.3 and 7-8,49-52  respectively. As a result, the PE-g-DM nanocoating 

carried positive charges at pH 4 to pH 6, and net negative charge at pH above 7. The 

elevated BSA adsorption on the PE-g-DM at pH 4 to pH 6 is consistent with the high BSA 

adhesion on the PE-g-D at neutral pH, and the small amount of BSA adhesion observed on 

the PE-g-DM at pH above 7 is consistent with the low BSA adhesion on the PE-g-M at 

neutral pH. It is noted that the protein adhesion on the PE-g-DM surface at pH below 7 was 

25% lower than that on the PE-g-D at neutral pH, indicating that the combination of MAA 



52 

 

and DMAEMA moieties on the PE-g-DM surface contributes to improvement in resistance 

to BSA adhesion.  
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Protein adsorption of nanocoatings at body temperature 

 

 

 

 

 

 

 

 

Figure 3.4 BSA adsorption on the PE-g-M, PE-g-D, and PE-g-DM 

nanocoatings at 21 °C and 37 °C, compared to the PE surface. Star (*) 

indicates significant difference between samples with the same coating at 

different temperatures (p < 0.05, Student t-test). 

Protein adhesion on the PE-g-M, PE-g-D, and PE-g-DM surfaces at 37 °C was studied to 

probe the potential for medical implant applications. As shown in Figure 3.4, BSA 

adhesion on the PE, PE-g-D, and PE-g-M surfaces increased 10.0%, 15.3%, and 51.4% at 

37 °C, respectively, compared to that at 21 °C, while no protein adhesion was observed on 

PE-g-DM nanocoating at both temperatures.  

Increased BSA adsorption on the PE, PE-g-M, and PE-g-D surfaces at a higher temperature 

was consistent with the findings by Shamim et al.53 This was caused by the increasing 

exchange of disulfide bonds of free cysteine residues on BSA at a higher temperature, 

which induced more conformational change to favor adhesion and aggregation.54 On the 

other hand, higher temperature increases surface affinity with protein. A previous study 

done by Lee et al. showed less ionization of PMAA at higher temperature, resulting in 
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reduction of wettability and higher BSA adsorption.55 Meanwhile, conformational change 

led to collapse of the copolymer of P(DMAEMA-co-EGDA) hydrogel at elevated 

temperature,56 which rendered the surface more hydrophobic and contributed to the 

increase of BSA adhesion on the PE-g-D. On the other hand, no reduction in resistance to 

BSA adhesion was shown in the PE-g-DM with these changes in conformation of MAA 

and DMAEMA unit, indicating the formation of mixed charged ligands in the PE-g-DM 

structure was not disturbed at body temperature. In a parallel study, the 1-hr BSA 

adsorption was 1.8 ± 0.1 µg/cm2 at 37 °C on the terpolymer of EGDA, MAA, and 

DMAEMA. With the surface enrichment of MAA and DMAEMA moieties, the BSA 

adsorption on the PE-g-DM was 0.0 ± 0.3 ng/cm2 at 37 °C after 1h of incubation. The 

significant lower BSA adhesion indicates that the grafting technique greatly improved the 

resistance to BSA adhesion. The BSA adsorption on the PE-g-DM was comparable to the 

reported less than 50 ng/cm2 BSA adsorption on zwitterionic surface at 37 °C,57 indicating 

high resistance to BSA adhesion of the PE-g-DM at 37 °C among the surface modification 

for resistance to BSA adhesion. 
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3.4 Conclusions 

Polyionic grafting with thickness below 10 nm was performed on material surface by vapor 

deposition. The grafted samples exhibited high surface wettability, indicating high density 

of surface charges. The effects of the surface wettability, charge, and environmental pH on 

BSA adsorption were investigated. Both PE-g-M and PE-g-DM showed significant 

reduction of BSA adhesion. Especially, no BSA adhesion was observed on dual-charged 

grafted surfaces from pH 7 to pH 9 and at body temperature. The capability of our grafted 

surface to maintain a high resistance to BSA adhesion under neutral to basic environment 

and at body temperature indicates potential applications such as biliary stent to 

accommodate tissues under neutral and basic conditions.58-59 
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VAPOR DEPOSITION OF NANOCOATINGS FOR STABLE RELEASE OF 

ATORVASTATIN TO INHIBIT SMOOTH MUSCLE CELL PROLIFERATION 
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Abstract 

Vapor deposition of nanocoating provides an effective solution for conformal coating on 

complex drug eluting stent to treat coronary heart disease. Stable controlled drug release is 

required for persistent suppression of smooth muscle cell (SMC) proliferation to reduce 

restenosis and improve stent performance. Nanocoatings with different compositions were 

synthesized for release control using initial chemical vapor deposition. Release kinetics 

was investigated to study effects of charge and crosslinking on controlled release. 

Crosslinked ultrathin PDE nanocoating was used as a diffusion barrier due to high 

resistance against drug diffusion caused by electrostatic force. Stable atorvastatin release 

for 11 weeks with no initial burst release was achieved with a relaxation-controlled release 

mechanism. Release rate of atorvastatin was proportional to drug load, which can be easily 

modified. Coated substrate reduced SMC proliferation significantly, indicating a stable 

release of effective dosage. These findings provide useful information for the future stent 

design of efficient controlled release. 
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4.1 Introduction 

Coronary heart disease is the leading cause of mortality.1 A study conducted by 

Mozaffarian et al. showed that 15.5 million Americans older than 20 years old had coronary 

heart disease in 2013.2 As a major treatment for coronary heart disease, stenting results in 

less tissue damage and lower risk of stroke than bypass graft,3-4 because stenting is less 

invasive and provides instant restoration of the blood flow.4 Application of drug eluting 

stents (DES) further improves the stent performance and reduced restenosis from 40% to 

10%, compared with bare metal stent.5-6 

Curcio et al. found aggressive vascular SMC proliferation was among the major causes of 

the in-stent restenosis, which led to most DES failure.7 To address this issue, inhibitor of 

SMC proliferation was integrated into DES system. However, challenges emerged as 

unstable releasing systems were proven insufficient for SMC suppression.8-9 For example, 

SMC proliferation rebound was observed with discontinue of efficient release of the 

medicine.8 Meanwhile, patient with an unstable release DES showed 20% of major adverse 

event, compared to 7% with a stable release DES.9 On the other hand, vascular healing 

after stenting could take six months and even longer,10-11 indicating the need for a six-

month suppression of SMC proliferation. Therefore, ideal DES system should have stable 

and six-month release to provide an efficient inhibition of SMC to meet the requirement 

for vascular healing.  

However, most commercial DES lacked diffusion barrier and suffered from burst release.12 

For example, Cypher stent had a 70% burst release and release 80% of the drug in two 

weeks.12 Major concern for the burst release of therapeutic agents is the potential adverse 

effects. A study done by Jabara et al. using a burst release DES found tissue necrosis in the 
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first week, as well as increase in stent dislocation and restenosis afterwards.13 Decreased 

luminal area was observed in patients with a burst release DES in a clinical study done by 

Colombo et al.14 On the other hand, a burst release also shortens the duration of drug 

release, which caused rebound of SMC proliferation and nullified the inhibition effect in 

the end.8 A clinical study done by Serruys et al. showed no improvement in patients with 

a DES that release drug in less than 5 days, while 57% reduction in late loss was observed 

in patients with 30-day release stent with the same loading.15 

Current efforts in formulating a stable controlled release system for DES had reduced the 

burst release to 25-40% and maintained the drug release for 30 days.16-18 Major strategies 

including modifying the coating structure and adding diffusion barriers. Limiting diffusion 

of the drug inside the matrix by modifying the coating component and structure can reduce 

the burst release to 40-56%.16, 19 Densification of the polymer through crystallization of the 

polymer by tempering at 80 degree reduced the burst release to 56%.16 Approach that 

reduced swelling ratio, which led to a decreased water diffusion and resulted in a slower 

drug diffusion, reduced the burst release to 40% with a release duration of 25 days.19 On 

the other hand, strategies with a diffusion barrier further decreased the burst release to 

around 25%.17, 20 Embedding nanospheres into stent coating, which used coating matrix as 

a diffusion barrier reduced the burst release to 25%.17 Constructing a bilayer structure with 

a hydrophobic diffusion barrier successfully eliminated the burst release and showed a 26% 

fast release in the first three days with a release duration of 28 days.20 However, the 

aforementioned techniques require complex solvent-based synthesis thus limited their 

application in practice. 
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Among the medicines used in inhibiting SMC proliferation, statin showed great potential 

for its low cost and high stability.21 Not only can statin inhibit SMC proliferation by 

modulating Rho-GTPase system,22 statin also showed other benefits such as regulating 

endothelial function and reducing cholesterol level,23-24 all of which can contribute to a 

better vascular repair. A clinical study done by Schomig et al. showed statin lower risk of 

patient death by half compared to the control group.24 Among the statins, atorvastatin was 

proven to have specific inhibition against SMC with significant effect at 0.62 µM.25 In 

addition, integration of statin with DES provides a localized delivery of statin and avoids 

side effects such as myositis and rhabdomyolysis, caused by the systemic administration, 

due to high statin concentration in irrelevant tissues, especially muscles.26  

In this study, we investigated the synthesis of ultrathin nanocoating to fabricate a diffusion 

barrier for stable controlled release using a one-step iCVD in a solvent-free environment. 

The aim is to study the effect of different aspects of stent nanocoating on atorvastatin 

release control and to achieve stable release that can effectively inhibit SMC proliferation. 

Nanocoatings with different compositions and crosslinking degrees were synthesized and 

characterized. Drug release kinetic of atorvastatin was quantitatively measured to study the 

effect of different coating aspects on release control. Effectiveness of drug release was 

studied using in vitro experiment with human SMC.   
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4.2 Experimental 

Embedding atorvastatin on stainless steel 

316L stainless steel sheet (Online Metals, Grand Prairie, TX) was cut into 0.5 cm × 1 cm 

and 1 cm × 1 cm slides. Stainless steel slides were prewashed with soap water and then 

with acetone (99.5%, Fisher Scientific, Hampton, NH) in an ultrasonic bath (Branson, 

Danbury, CT) for 30 min each. After removal of trace acetone with ethanol (200 proof, 

Pharmco-Aaper, Toronto, Ontario, Canada) washing for three times, slides were washed 

with deionized water for three times and air-dried. Atorvastatin calcium (Astatech Inc., 

Bristol, PA) was dissolved in tetrahydrofuran (Fisher Scientific, Hampton, NH) at a 

concentration of 30 mg/ml, dipped on stainless steel slides at -20 °C, and air-dried 

overnight in a dark room. The atorvastatin-embedded slides were then used as substrates 

in vapor deposition for nanocoating.   

Nanocoating on sample slides 

Nanocoating in this study was carried out using an iCVD technique similar to previous 

studies.27-29 Poly(2-dimethylamino ethyl methacrylate-co-ethylene glycol diacrylate) 

(PDE), poly(methacrylic acid-co-ethylene glycol diacrylate) (PME), poly(2-

dimethylamino ethyl methacrylate-co-methacrylic acid-co-ethylene glycol diacrylate) 

(PDME), and poly(ethylene glycol diacrylate) (PE) nanocoatings were deposited on the 

blank or atorvastatin embedded sample slides. Two identical depositions were performed 

on both sides of each sample. During the iCVD, reagents were vaporized and metered into 

the reactor. Di-tert-butyl peroxide (TBP) (98%, Sigma-Aldrich, St. Louis, MO), 2-

dimethylamino ethyl methacrylate (DMAEMA) (98%, Sigma-Aldrich, St. Louis, MO), 
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methacrylic acid (MAA) (99%, Sigma-Aldrich, St. Louis, MO), and ethylene glycol 

diacrylate (EGDA) (90%, Sigma-Aldrich, St. Louis, MO) were vaporized at 21 °C, 50 °C, 

50 °C, and 55 °C, respectively. The flow rates of each vapor entering the reactor were 

controlled by separate mass flow controllers. The flow rates of TBP and DMAEMA vapors 

were controlled by 1479A and 1153 mass flow controllers (MKS, Andover, MA), 

respectively. The flow rates of MAA and EGDA vapors were controlled by separate needle 

valves (Swagelok, Solon, OH). PDE nanocoatings with different crosslinking degrees were 

achieved by changing the flow rate of the crosslinker EGDA vapor. Normalized flow rates 

of DMAEMA, MAA, and EGDA for each deposition are listed in Table 4.1, while the TBP 

flow rate was maintained constantly at 0.16 sccm. Inside the reactor, vapors passed through 

a parallel array of nichrome filament (Ni80/Cr20, Goodfellow, Coraopolis, PA), which was 

resistively heated to 220 °C. TBP vapor was decomposed by the heating of the filament 

and turned into radical vapor to initiate the polymerization. Meanwhile, sample slides were 

placed on the stage, which was water-cooled at 34 °C. Thermocouples (Omega, Stamford, 

CT, Type K) were used to monitor the temperatures of the filament and the stage. During 

the reaction, a butterfly valve (253B, MKS, Andover, MA) was used to maintain pressure 

in the reactor at 200 mTorr. The coating growth on a reference silicon wafer (P/Boron 

<100>, WRS Materials, San Jose, CA) was monitored in situ by an interferometry system 

using a 633 nm He–Ne laser (JDS Uniphase, Milpitas, CA). With the interferometry 

system, the increase of coating thickness was determined with intensity of laser and 

presented as cycling waves. The correlation between the period of the cycling waves and 

the thickness of the nanocoating was calibrated by variable-angle spectroscopic 
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ellipsometry (VASE). Samples were soaked with deionized water for 1 h and rinsed three 

times to remove adsorbed monomers. 

Table 4.1 Flow rate control for nanocoatings 

 

Flow rate/sccm 

MAA DMAEMA EGDA 

PME 0.57 0 0.19 

PDE 0 0.57 0.19 

PE 0 0 0.27 

PDE71 0 0.57 0.08 

PDE51 0 0.57 0.12 

PDE31 0 0.57 0.19 

 

 

Characterizations 

Fourier transform infrared (FTIR) spectra of the samples were collected by a Nicolet 6700 

FTIR spectrometer (Thermo Fisher Scientific, Waltham, MA) with a potassium bromide 

beamsplitter and a DTGS detector. The data collection used the transmission mode at a 4 

cm-1 resolution with 128 scans in a range from 400 to 4000 cm-1.  

Evaluation of release kinetics  

Analysis of the release characteristics was carried out using a high-performance liquid 

chromatography (HPLC) system (UltiMate 3000, Thermo Fisher Scientific, Waltham, 

MA) with a C18 column (Shimadzu, Kyoto, Japan). 0.5 cm × 1 cm samples were placed in 
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separate 1.5 ml Eppendorf tubes with 1 ml of pH 7.4 phosphate-buffered saline (PBS), 

positioned in a shaker at 100 rpm, and incubated at 37 °C for 30 and 76 days.30-31 During 

the release test, samples were transferred to separate new tubes with 1 ml fresh PBS each 

day. The remaining elutes in Eppendorf tubes after sample transferring were filtered 

through a 0.22 µm syringe filter and stored in 9 mm HPLC vials at 4°C. At the end of 

release test, samples were placed in new Eppendorf tubes containing 1 ml methanol and 

incubated in an ultrasonic bath for two hours at 4 °C for residue atorvastatin extraction. 

The HPLC analysis was carried out using 60% methanol as an isocratical mobile phase at 

a flow rate of 0.5 ml/min and the concentration of atorvastatin was monitored at 245 nm.32 

A standard curve was obtained by establishing a plot correlating the peak areas at 245 nm 

to the concentrations of the standard atorvastatin solutions in PBS. Concentration of 

atorvastatin in each sample was determined from the slope of the best fit equation of the 

standard curve. 

Platelet adhesion assay 

Human whole blood (Stillwater medical center) were centrifuged at 200 g for 10 min at 21 

°C, the supernatant was collected as the platelet-rich plasma (PRP). Samples were placed 

in 500 µl of normal saline at 37 °C for 30 min in Eppendorf tube, transferred into PRP, and 

incubated at 37 °C for 2 h. After washing with PBS for two times, samples with adhered 

platelets were fixed with 4% paraformaldehyde (Sigma-Aldrich, St. Louis, MO) in 0.1 M 

PBS for 1 h at 21 °C. Samples were stained with 1 µg/ml of FITC anti-human CD61 

(Biolegend, San Diego, CA) in a humidified dark box for 1 h. Total number of adhered 

platelets throughout the sample surface was assessed under DMI3000M fluorescence 

microscope (Leica, Wetzlar, Germany) with the image analysis of Leica Application Suite. 
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Human coronary artery cells culture and cell activity assays 

Human coronary artery endothelial cells (EC) (Lonza, Basel, Switzerland) were cultured 

with EBM-2 Basal Medium (Lonza, Basel, Switzerland) with EGM-2 SingleQuot Kit 

Suppl. & Growth Factors (Lonza, Basel, Switzerland) at 37 °C with 5% CO2 in humidified 

incubator. Human coronary artery smooth muscle cells (SMC) (Lonza, Basel, Switzerland) 

were cultured with SmBM Basal Medium (Lonza, Basel, Switzerland) with SmGM-2 

SingleQuot Kit Suppl. & Growth Factors (Lonza, Basel, Switzerland) at 37 °C with 5% 

CO2 in humidified incubator. Cells were seeded on samples which placed in 12-well plates 

(Greiner, Kremsmünster, Austria) at a density of 2500/ml. Samples were then transferred 

to new 12-well plates after an overnight adhesion to exclude cells that attaching to 12-well 

plates from the assays. During the experiment, cell culture medium was replaced every 

other day. Samples were washed with PBS for three times prior to cell activity test at day 

14.  

Cell metabolism activity was examined using 3-(4,5-dimethylthiazol-2-yl)-2,5-

diphenyltetrazolium bromide (MTT) assay. Samples were incubated with 500 µl fresh 

medium with 50 µl of MTT reagent (ATCC, Manassas, VA) in 12-well plates for three 

hours. After the incubation, 500 µl of SDS-HCl solution was added into each well. To fully 

dissolve MTT- formazan, samples were placed in dark room overnight with slow gentle 

shaking. The absorbance of the supernatant of each sample was measured at 570 nm with 

a plate reader to evaluate the cell metabolism activity. 

Cell proliferation activity was measured using a 5-bromo-2-deoxyuridine (BrdU) Cell 

Proliferation Assay Kit (BioVision, Milpitas, CA) following the manufacturer's protocol. 
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Samples were incubated with 360 µl fresh medium with 40 µl of 10X BrdU solution in 12-

well plates for one hour with gentle shaking. Each well was then washed with 350 μl 1X 

Wash Buffer for two times, incubated with 400 μl of 1X Anti-mouse HRP-linked Antibody 

Solution at 21 °C for 1 hour, and washed with 400 μl of 1X Wash Buffer for three times. 

After that, each well was incubated with 400 μl of TMB Substrate at 21 °C for 30 min. 

Finally, 100 μl of Stop Solution was added into each well to stop the reaction. BrdU 

incorporation was determined by measuring the absorbance at 450 nm with a plate reader 

to evaluate the cell proliferation activity. 

Statistical analysis 

SAS software (SAS Institute, Cary, NC) was used for statistical analysis in this study. The 

one-way analysis of variance (ANOVA, p value < 0.05) was used to determine whether 

there were any statistically significant differences between the means of three or more 

independent groups. Student’s t-test (p value < 0.05) was used afterwards to identify 

statistically significant differences between two groups. 
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4.3 Results and discussion 

Synthesis and characterization of the nanocoating 

The nanocoatings of PE, PME, and PDE were synthesized on the both sides of the 

substrates using iCVD. The monomers were metered into the reactor under stable flow 

rates to synthesize nanocoatings with different compositions as listed in Table 4.1. The 

coating thickness was controlled by the reaction time. The PDE coatings with different 

crosslinking degrees were achieved by altering the flow rate of EGDA, while keeping the 

flow rate of DMAEMA unchanged. The nanocoatings were synthesized in situ on the 

substrates from the vapor monomers in a solvent-free manner, which avoided the uneven 

coating thickness introduced by surface tension in traditional solvent-based synthesis.33-34 

Figure 4.1 showed a conformal nanocoating of stent wire using iCVD technique. As the 

polymerization rate was highly dependent on the density of the monomer vapors, the 

reaction could be stop instantly at any point during the reaction by vacuuming the reactor. 

In addition, the thickness of the nanocoating was monitored in situ by an interferometry 

system, which allows a real-time control of the coating thickness.  

 

 

 

 

 

Figure 4.1 Conformal coating of stent wire. SEM image of a 0.010 inch 

wire before (a) and after (b) nanocoating showed no change of the surface 

morphology of the wire. Scale bar: 1mm. 

A                      B 
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Figure 4.2 FTIR spectra of the nanocoating of (A) PD, (B) PDE71, (C) 

PDE51, (D) PDE31, and (D) PE. The absorption peaks at 1729-1735 cm-1 

were assigned to the C=O stretching, while the absorption peaks at 2774 

and 2824 cm-1 were assigned to the C-H stretching of the tertiary amine in 

DMAEMA. Overall absorption intensity was normalized using the 

absorption of the C=O stretching in order to illustrate the composition 

change of DMAEMA in each copolymer. 
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Composition of the nanocoatings was characterized by FTIR. Similar to the previous 

studies in previous chapters, the compositions of the PME, PDE, and PE were confirmed 

by the position of the absorption peaks of the C=O stretching of carboxyl groups, while 

DMAEMA component was further confirmed using absorption peaks of the C-H stretching 

of tertiary amine group in the DMAEMA.35 The C=O stretching of carboxyl group in the 

MAA, DMAEMA, and EGDA was observed using absorption peak at 1701 cm-1, 1729 cm-

1, and 1735 cm-1 in the spectra, respectively.36-38 The absorption peaks at 2774 and 2824 

cm-1 were assigned to the C-H stretching of tertiary amine in the DMAEMA.39 As shown 

in Figure 4.2, the peak area of tertiary amine was larger when a higher flow rate of 

DMAEMA monomer was used in the reaction, indicating more DMAEMA incorporation 

into the corresponding copolymer (Table 4.1).  

The molar ratio of DMAEMA to EGDA unit in the PDE71, PDE51, and PDE31 copolymer 

was calculated using the absorption peak areas of the C-H stretching of tertiary amine and 

the C=O stretching of carboxyl groups, similar to the previous study done by Ye et al.40 

According to the Beer-Lambert law, the peak area of the C=O stretching of carboxyl 

groups, A, were proportional to the molar concentration of DMAEMA and EGDA 

repeating unit and the absorption path length,41 which was equal to the thickness of the 

nanocoating. In addition, each EGDA repeating unit had two C=O groups. According to 

the previous study done by Ye et al., if assuming that the absorption coefficients, a, of the 

C=O stretching of carboxyl groups were the same in PD, PE, and PDE samples, the molar 

ratio of DMAEMA to EGDA, r, could be calculated using as the following,40 

 = �������
�����

= 2 ����(������)
����(����)

= 2���(���)�
���� − ���(���)�

                             (4.1) 
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Where A is the absorption peak area, n is the molar concentration, and R is the ratio of the 

peak area of the C=O stretching of carboxyl group to the peak area of the C-H stretching 

of tertiary amine ( 
���� ��(���)�

� ) in a pure PD sample.  

On the other hand, considering that the absorption coefficients of the C=O stretching could 

be different for each sample. If assuming the density of different samples are the same, the 

absorption coefficients of the C=O stretching from DMAEMA and EGDA could be 

calibrated with standard PDE and PE sample with the same thickness, the molar ratio of 

DMAEMA to EGDA, r’, could be calculated using as the following,40 

 ′ = !�"(#$�)�
�#%&'!�"(#$�)�

 �(=)(*+,-./�)�0123
�#%&45672830839�283083

                               (4.2) 

Where M is the molecular weight of each component. 

The calculated molar ratio of DMAEMA to EGDA of the PDE71, PDE51, and PDE31 

were listed in Table 4.2. 

Table 4.2 The flow rate and molar ratio in PDE nanocoatings 

Flow rate 

ratio 

(DMAEMA: 

EGDA) 

Molar ratio 

(DMAEMA: 

EGDA) 

/same 

absorbance 

EGDA molar 

percentage 

/same 

absorbance 

Molar ratio 

(DMAEMA: 

EGDA) 

/same 

density 

EGDA molar 

percentage 

/same 

density 

7 1.99 ± 0.21 33 ± 3% 2.46 ± 0.26 29 ± 2% 

5 0.94 ± 0.05 51 ± 1% 1.17 ± 0.06 46 ± 1% 

3 0.63 ± 0.01 61 ± 0% 0.78 ± 0.01 56 ± 0% 
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The molar ratio of DMAEMA to EGDA increased as the flow rate ratio of DMAEMA to 

EGDA increased, indicating the composition of the PDE nanocoatings could be efficiently 

modified by changing the flow rate ratio of DMAEMA to EGDA. 
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Effect of coating component on atorvastatin release 

 

 

 

 

 

 

 

 

 

Figure 4.3 Cumulative atorvastatin release in 30 days from samples coated 

by 300 nm PME, PE, and PDE nanocoatings with 50 µg/cm2 atorvastatin.  

Samples with 50 µg/cm2 atorvastatin were coated with 300 nm PME, PE, and PDE 

nanocoatings to study the capability of release control of atorvastatin by each nanocoating 

(Figure 4.3). The PDE coated samples presented a stable drug release with no burst release, 

while samples with the PME and PE coatings released 61.8% and 38.7% of loaded 

atorvastatin on the first day, respectively. The release rate of atorvastatin is affected by the 

affinity of the coating with both water and atorvastatin. The static contact angle of the 

PME, PE and PDE coating is in the range of 61-64°, indicating a similar wettability of 

these coatings, which results in a similar water affinity. On the other hand, the difference 

in charge property of the coatings results in different affinity with atorvastatin due to 

electrostatic force. The protonation of the tertiary amine groups in DMAEMA resulted in 

positive charges in the PDE nanocoating.42 Meanwhile, atorvastatin carried a negative 
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charge in pH 7.4 PBS with a pKa of 4.33.43 Therefore, the PDE nanocoating exhibited high 

affinity to atorvastatin due to the attractive electrostatic force. On the contrary, the 

negatively charged PME has low affinity to atorvastatin,44 due to the repulsive electrostatic 

force. As a result, the samples with the PDE coating have a lower atorvastatin diffusion 

rate, which led to a slower atorvastatin release than the samples with the non-charged PE 

coating, while samples with PME have faster atorvastatin release. The slow atorvastatin 

diffusion in the PDE coated samples prevented the initial burst release and resulted in a 

stable release of atorvastatin, which could potentially provide sustainable inhibition of 

SMC growing and benefit endothelial healing process by reducing the undesirable side 

effects.45 In addition, vascular healing after stenting could take six months and even longer, 

indicating the need for a stable six-month drug delivery in vascular stent application.10-11 

Overall, the capability of efficient release control of atorvastatin in the PDE nanocoating 

showed more potential in stent application than other nanocoatings.  
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Effect of crosslinking degree on drug release  

 

 

 

 

 

 

 

 

 

Figure 4.4 Cumulative atorvastatin release from 300 nm PDE coated 

samples with different crosslinking degree and 300 µg/cm2 atorvastatin. 

Average daily release rate in the first week is labeled besides each curve. 

Effect of crosslinking degrees of the EGDA in the PDE coated samples was shown in 

Figure 4.4. Samples coated with a higher cross-linked PDE nanocoating showed a lower 

release rate. Daily release rate in the first week of the PDE71, PDE51, and PDE31 samples 

was 20.0, 13.9, and 0.67 µg/day, which is associated to the increase of crosslinking degree. 

Samples coated with the PDE31 showed a slow and stable atorvastatin release, while 

samples coated with the PDE51 and PDE71 showed a fast release of 64.9% embedded 

atorvastatin in the first week and a burst release of 81.6% embedded atorvastatin in the first 

day, respectively. The trend that a slower release rate was associated with a higher cross-

linked coating was consistent with other studies.46-47 This observation can be explained 

with swelling capability, matrix density, and wettability of the nanocoatings.  
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Higher crosslinking leads to lower water permeability and lower diffusion rate of drug in 

polymer films,46-47 due to the reduction in water uptake and swelling capability.48  

Meanwhile, the release rate of atorvastatin was also associated to the matrix density of the 

PDE nanocoating. With the molar ratio of EGDA in the polymer, x, and the average chain 

length between two crosslinking points, l, could be estimated as,  

: = :������ + :���� = 0.20 1 − =
= + :����                                    (4.3) 

Where :���� is the chain length of EGDA repeating unit in PEGDA polymer, :������ is 

the length of C-C backbone of DMAEMA. :���� was estimated to be 0.44-0.74 nm by 

software simulation (Mavinsketch, ChemAxon). :������ was estimated by previous study 

done by Murata et al. as 0.20 nm.49 The radius of atorvastatin was estimated to be 0.57 nm 

in previous study done by da Costa et al.50 The calculated average chain lengths between 

two crosslinking points were shown in Table 4.3. As feeding of DMAEMA increased, the 

space in matrix increased, resulting in higher diffusion rate of atorvastatin. 

Table 4.3 Effect of crosslinking degree on drug release 

 
Molar ratio 

(EGDA/All) 

Average release rate 

in the first week 

 (µg ml-1 day-1) 

Average chain 

length between 

crosslink (nm) 

Contact 

angle (°) 

PDE71 33 ± 3% 20.0 ± 1.8 0.84-1.14 54.4 ± 0.4 

PDE51 51 ± 1% 13.9 ± 0.7 0.63-0.93 57.1 ± 0.1 

PDE31 61 ± 0% 2.9 ± 0.4 0.57-0.87 61.1 ± 0.8 
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As shown in table 4.3, static contact angle of the PDE nanocoatings decreased as the 

hydrophilic DMAEMA unit increased. The higher wettability is consistent with the higher 

drug diffusion rate, due to higher water permeability. The linear regression coefficient of 

determination of the atorvastatin release kinetics of samples coated with the PDE31 was 

0.938, indicating a stable drug release, which had more potential in getting a better outcome 

in stent applications.45  

 

 

  



80 

 

Atorvastatin release with different drug load and coating thickness 

 

 

 

 

 

 

 

 

Figure 4.5 Effect of drug load on atorvastatin release kinetics. (A) 

Cumulative atorvastatin release from samples embedded with 20, 50, 100, 

and 300 µg/cm2 atorvastatin and coated with 300 nm PDE nanocoating. (B) 

Correlation of drug load with daily release rate. 

The effect of drug load on atorvastatin release kinetics was shown as in Figure 4.5. 

Cumulative atorvastatin release of samples with 300 nm PDE nanocoating with 20, 50, 

100, and 300 µg/cm2 atorvastatin in the 21-day drug release was studied. The PDE coated 

samples exhibited a stable atorvastatin release. In addition, samples with a lower drug load 

showed a lower daily release of atorvastatin, which was consistent with other studies.51-52 

As shown in Figure 4.5B, the daily drug release rate showed a linear correlation with the 

drug load, indicating the potential of efficiently tailoring the daily release rate of 

atorvastatin towards clinical needs by simply modifying the amount of loaded atorvastatin 

with PDE coating. Meanwhile, this observation is consistent with the Korsmeyer-Peppas’ 

semi-empirical drug release model for drug release from a thin film,53  

A                                     B 
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�6
�>

= ?+�                                                             (4.4)   

Where Mt is the cumulative drug release, M0 is the maximum drug release, k is the drug 

release constant, t is the release time, and n is the diffusional exponent.53  

As maximum drug release is proportional to drug load, the above equation indicates a 

proportional relation between drug load and release rate. As the drug release from 300nm 

PDE coating exhibited a close to linear relation to time, which means n equals to 1, the 

release of atorvastatin was a relaxation-controlled diffusion, not a Fickian diffusion, 

according to the Korsmeyer-Peppas equation.54 

Stable drug release was observed at an average daily release of 0.50 µg/day in the 11-week 

atorvastatin release test in samples with 300 nm PDE coating and 100 µg/cm2 drug load 

(Figure 4.6). These findings indicated a high potential for a durable inhibition of SMC 

growing and low risk of disrupting endothelial healing process, which were both proven 

essential for stent application.8, 45 

 

 

 

 

 

 

 

 

 

Figure 4.6 Cumulative atorvastatin release of samples with 300 nm PDE 

and100 µg/cm2 drug load. 
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Biocompatibility of PDE nanocoating with SMC cells  

 

 

 

 

 

 

 

 

 

Figure 4.7 Relative cell activity of MTT and BrdU of human coronary 

artery SMC cultured on the PDE surface, compared to the control. Star (*) 

indicates significant difference from control (p < 0.05, Student t-test). 

As shown in Figure 4.7, in order to examine the biocompatibility of the PDE nanocoating 

with vascular cells for stent applications, cell metabolism and proliferation activities of 

SMC on the PDE surface after 14 days of cell culture were studied. No inhibition of cell 

proliferation was observed, while reduction in metabolism activity was shown. The 

lowered metabolism activity could be explained by the lowered cell adhesion of SMC on 

the PDE surfaces, caused by the antifouling nature of the PDE surface chemistry (Figure 

2. 2.4). In addition, hemolysis test showed no damage of red blood cells on the PDE 

surfaces, which was 0.54 ± 0.35 % compared to the positive control of complete hemolysis. 

Overall, the PDE nanocoating presented a good biocompatibility with SMC, indicating no 

toxicity concern in applying the PDE coating on stent surfaces.  
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 Effect of SMC inhibition with different drug load  

 

 

 

 

 

 

 

 

 

Figure 4.8 Relative MTT and BrdU cell activity of SMC on the PDE coated 

samples embedded with 5, 10, 100, and 300 µg/cm2 atorvastatin after two 

week of culture, compared to control. Samples were coated by 300 nm PDE 

nanocoating. Star (*) indicates significant difference from cell activities on 

the PDE coated samples without atorvastatin (p < 0.05, Student t-test). 

 

Effect of localized atorvastatin controlled release with the PDE nanocoating was studied 

in vitro using samples with different drug load as shown in Figure 4.8. Samples embedded 

with atorvastatin showed an inhibition of SMC metabolism and proliferation after the 14-

day cell culture. Especially, samples with 100 µg/cm2 atorvastatin reduced cell metabolism 

and proliferation by 25.7% and 85.4% compared to the non-drug control, respectively. This 

result was comparable with other studies, where cell activity was reduced by 45-71%.8, 16, 

55-56 On the other hand, samples with 10 and 5 µg/cm2 drug load effectively inhibited SMC 

metabolism and proliferation. The drug release in samples with 10 and 5 µg/cm2 
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atorvastatin is calculated to be 0.11 and 0.06 µg/day, which is equivalent to 0.19 and 0.11 

µM/day. These daily drug release were above the necessary concentration of 0.1 µM for 

atorvastatin to be effective,57 indicating a high efficiency from small amount of embedded 

drug. 

 As reported in the clinical studies of DES applications, SMC fibrosis caused by in stent 

SMC proliferation greatly contributed to stent failure.58-59 The release of atorvastatin from 

the PDE coated samples effectively provided a stable inhibition of the metabolism and 

proliferation of SMC cells on the stent surfaces. Combining with the capability of a stable 

11-week release, our approach provided a sustainable prevention of SMC fibrosis for the 

extend period of the vascular healing process for future stent applications.10  
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Platelet adhesion on different coating surfaces  

 

 

 

 

 

 

 

 

Figure 4.9 Relative platelet adhesion on the control, PME, and PDE 

surfaces, compared to control. Star (*) indicates significant difference from 

control (p < 0.05, Student t-test). 

Relative percentages of numbers of adhered platelet on the PME, PDE, PE, and PDME 

surfaces, compared to that on the control surface were shown in Figure 4.9. The platelet 

adhesion was reduced by 36.4% with the surface modification of the PDE coating, while 

31.4% less platelets were adhered to the PME surfaces. The platelet adhesion on the stent 

surfaces initiated foreign body reaction that greatly compromised the stent function by 

recruiting other immune related cells onto the implant surface.60 Aggregation of these 

immune cells caused persistent inflammations and eventually led to thrombosis.61 

Therefore, creating an antifouling surface against platelet adhesion could be considered as 

an efficient strategy to extend the lifetime of stent and to lower the risk of in stent 

thrombosis. Samples coated with the PDE and PME nanocoatings showed significant 
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reduction of platelet adhesion, compared to the control, indicating great sustainability of 

stent deployment.  
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4.4 Conclusions 

Polyionic diffusion barriers with different compositions and crosslinking degrees were 

fabricated using a one-step solvent-free iCVD method. Stable drug release for 11 weeks 

was achieved with no burst release in an effective dosage with the PDE coated samples. 

Our results showed that the burst release of atorvastatin could be eliminated using the PDE 

diffusion barrier with a releasing dosage that could be easily manipulated with the drug 

load. Results of the in vitro study showed a significant reduction in SMC metabolism and 

proliferation activity with the PDE coated samples, indicating effective inhibition of SMC 

growth on the substrate. In addition, the PDE coated samples exhibited reduced platelet 

adhesion, indicating lower risk of thrombosis.  
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CHAPTER V 
 

 

VAPOR DEPOSITION OF ULTRATHIN HYDROGELS WITH SIMVASTATIN RELEASE 

CONTROL FOR OSTEOBLAST STIMULATION 
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Abstract 

Bone grafts are widely used in repairing severe bone injuries to provide structural support 

and accelerate bone healing. Localized administration of growth stimulators along with the 

bone graft showed a great potential in enhancing the bone regeneration rate while 

increasing the bioavailability and avoiding the systemic side effects of the drug. However, 

the burst release of the therapeutic agents leads to inflammation and delay in bone healing, 

which has become a great challenge in the application of bone grafts. The complexity of 

bone grafts to accommodate different bone injuries further increases the challenge for the 

design of controlled drug release devices. In this study, ultrathin hydrogels for controlled 

drug release were synthesized using a one-step, initial chemical vapor deposition method 

that can be applied to any form of bone grafts. The effects of hydrogel composition, 

crosslinking degree, coating thickness, and drug load on drug release kinetics were 

investigated. Stable drug release for 60 days was achieved without burst release, in order 

to provide persistent bone repair stimulation during the two-month bone heal period.1-2 

Samples with controlled release hydrogels significantly enhance the cell activity of 

adherent preosteoblasts due to the precise control of the drug release within the effective 

dose range. These findings provide a promising controlled release system for future bone 

healing applications. 
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5.1 Introduction 

Bone graft is needed for skeletal reconstruction for structural and pathological severe bone 

injuries,3 which have been increasing with 102.5 million cases reported during 2009-2011.4 

As the major way of bone augmentations, bone grafts provide a structural support to fill a 

bone defect and assist the damaged tissue to heal towards its original shape.5-6 In addition, 

bioactive agents are integrated in bone grafts to enhance the bone regeneration and to 

reduce side effects.7-8 Natural osteogenic growth stimulators such as bone morphogenetic 

protein (BMP),9-10 vascular endothelial growth factor (VEGF),11 and fibroblast growth 

factor (FGF),12 have been applied in bone grafts to stimulate osteoblast progenitor 

differentiation and to enhance bone tissue repair. More than 150% faster of bone repair was 

observed in rats after eight weeks of implantation with a BMP loaded bone grafts, 

compared to that with a non-drug bone graft.9 However, these biomolecules usually have 

a relatively short half-life and a high cost. They also need complicated techniques for drug 

integration to protect their 3D conformation in order to retain their bioactivity.13 Therefore, 

low-cost shelf-stable molecules, such as statins, are particularly attractive in bone healing 

applications.14  

Studies found simvastatin promoted bone fracture healing in both lab and clinic.15-16 

Simvastatin, a competitive inhibitor of 3-hydroxy-3-methylglutaryl-coenzyme A (HMG-

CoA) reductase,17 could increase bone formation through stimulating osteoblastic 

differentiation, inhibiting adipocytic differentiation,18 and promoting expression of growth 

stimulators such as BMP.19 Simvastatin increased the differentiation activity to almost 

twofold in 12 days in preosteoblasts cell culture,15 and showed a faster bone regeneration 

in clinical study conducted by Uzzan et al.20 However, low efficiency was associated with 
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oral administration of simvastatin, showing only 1.6% bone density increase after an 8-

month treatment with 40 mg daily administration.16 Bioavailability of orally delivered 

simvastatin was reported to be 5%,21 due to the low solubility of simvastatin. In addition, 

systemic administration of simvastatin also raises the risk of possible side effects. A 

previous study conducted by Preiss et al. showed 4% increase in diabetes mellitus with 

patients received 40 mg simvastatin daily.22 The PRIMO study found 18.2% patients that 

received 40-80 mg/day simvastatin showed muscular symptoms.23 Localized delivery of 

simvastatin greatly increases the bioavailability by direct administration of simvastatin in 

the target tissue area. Localized injection of simvastatin showed 21.3% increase in bone 

repair in rat after one week,24 which was fourfold compared to the 5% increase with oral 

administration in a similar set up after three months.25 However, localized injection has a 

low durability and raises the risk of inflammation and rhabdomyolysis due to releasing 

concentrated drug in the injury site all at once,26 urging the development of advanced 

delivery systems for simvastatin. Current localized system includes simvastatin-embedded 

gel,27 beads,28 scaffold,29 and direct assemble of simvastatin on the bone graft surface with 

a release control coating.30 The methylcellulose gel delivery of simvastatin showed 53% 

bone thickness increase in mouse after 44 days, while suffering from leakage and 

inflammation.27 Poly(lactic-co-glycolic acid) (PLGA) beads loaded with simvastatin 

showed 17.6% increase in bone mineral density in rat after 8 weeks of treatment without 

showing any side effect.28 The gelatin scaffold infused with 0.5 mg simvastatin showed 

30% bone repair in 12 weeks in rat, compared to none in the control group.29 Due to the 

highly variable shape and size of bone injuries, different bone graft is needed to 

accommodate different situation. Beads are often used in small bone cleavages,31 while 



96 

 

scaffolds are typically used in large fractures,32 which complicates the design of bone 

grafts. Direct coating of simvastatin controlled release coating has the potential to be 

applied on any bone graft surface regardless of the shape and size. A study done by Fang 

et al. showed 45% increase in bone repair in rat with a simvastatin-nanohydroxyapatite 

coatings after 4 weeks.30 

Tailoring the controlled release of simvastatin could be a key factor for better efficiency 

and faster bone healing. Burst release, which led to inflammation,33 delay in bone healing,34 

and shorter drug release duration should be eliminated to optimize the performance. Both 

biomolecule based and synthetic coatings were widely used in controlled release for bone 

grafts,35-36 due to their highly adjustable coating composition and good biocompatibility. 

Most simvastatin delivery systems were reported to have 30-70% of the burst release.35-37 

Efforts in reducing the burst release includes hybrid system,38 multilayer,39 and 

conjugation.40 A bead-scaffold composite system achieved no burst release with a rather 

complicated solvent-based synthesis process.38 The spin coated chitosan/gelatin 

multilayers reduced the burst release of simvastatin to 10%.39 Polymerization of 

simvastatin with poly(ethylene glycol) reduced the burst release to 15%.40 However, 

whether the released simvastatin from the conjugation remained functional has yet to be 

tested. 

Another important aspect for the simvastatin release for bone graft is to design a controlled 

release system capable of a two-month release. Most bone healing takes six to eight 

weeks.1-2 Therefore, it is beneficial to have a stable simvastatin release over the two-month 

healing period to provide a constant bone healing stimulation. A system with a one-month 

drug release was proven to stimulate 50% more new bone formation than that with a one-
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week drug release.41 Since longer release time requires higher drug load with increased risk 

of the burst release, better release control is necessary for a two-month release system.35 

Most current release devices featuring a drug release for less than two weeks.42-43 Many 

efforts have been put into manufacturing an enduring release system. Encapsulation of the 

existing release system with poly(lactic acid) effectively prolonged the release of growth 

factors from two weeks to a month.44 Meanwhile, bead-scaffold composite delivery system 

showed a stable release over 28 days.  

Other factors to consider in the controlled release for bone implants includes compatibility 

of coating technique with porous surface or other complicated micro-structures, which calls 

for innovated methods instead of traditional solvent-based technique.45 Biocompatibility 

with bone tissue should also be considered to promote the bone implant performance.46-48 

In this study, we investigated the synthesis of ultrathin hydrogels with release control 

function using iCVD method. The aim is to understand the effect of different aspects of 

hydrogel on simvastatin release control and bone healing, which was investigated in vitro 

with preosteoblasts. Simvastatin releasing hydrogels with different composition, 

crosslinking degree, drug load, and thickness were prepared and characterized. The effects 

of aforementioned factors in simvastatin release kinetics were investigated quantitatively.  
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5.2 Experimental 

Surface modification of stainless steel 

316L stainless steel sheet (Online Metals, Grand Prairie, TX) was cut into 0.5 cm × 1 cm 

or 1 cm × 1 cm slides and prewashed with soap water, acetone (99.5%, Fisher Scientific, 

Hampton, NH), ethanol (200 proof, Pharmco-Aaper, Toronto, Ontario, Canada), and 

deionized water in an ultrasonic bath (Branson, Danbury, CT) for 20 min each. Simvastatin 

(Ark Pharm, Arlington Heights, IL) was dissolved in ethanol, dipped on stainless steel 

slides at -20 °C, and air-dried overnight in a dark room. Simvastatin loaded stainless steels 

were then used as substrates in vapor deposition for hydrogel nanocoating.   

Nanocoating on the substrate 

All surface coating in this study was carried out using the iCVD method as described in 

previous studies.49-51 Nanocoating of poly(methacrylic acid-co-ethylene glycol diacrylate) 

(PME), poly(2-dimethylamino ethyl methacrylate-co-methacrylic acid-co-ethylene glycol 

diacrylate) (PDME), poly(2-dimethylamino ethyl methacrylate-co-ethylene glycol 

diacrylate) (PDE), and poly(ethylene glycol diacrylate) (PE) were deposited identically on 

both sides of the 0.5 cm × 1 cm 316L stainless steel slides with or without simvastatin 

embedded. Di-tert-butyl peroxide (TBP) (98%, Sigma-Aldrich, St. Louis, MO) was used 

as the initiator for the radical polymerization process and was vaporized at 21 °C. A mass 

flow controller (MKS, Andover, MA, model 1479A) was used to control the TBP vapor 

flow rate into the reactor chamber. The monomer of 2-dimethylamino ethyl methacrylate 

(DMAEMA) (98%, Sigma-Aldrich, St. Louis, MO) was vaporized at 50 °C and metered 

into the reactor using mass flow controller (MKS, Andover, MA, model 1153). The 
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monomers of methacrylic acid (MAA) (99%, Sigma-Aldrich, St. Louis, MO) and ethylene 

glycol diacrylate (EGDA) (90%, Sigma-Aldrich, St. Louis, MO) were vaporized at 50 °C 

and 55 °C, respectively, and metered into the reactor using separate needle valves 

(Swagelok, Solon, OH). Nanocoatings with different crosslinking degrees were achieved 

by changing the flow rates of monomer vapors accordingly. Detailed flow rates of 

DMAEMA, MAA, and EGDA for each deposition are listed in Table 5.1, while the TBP 

flow rate was maintained constantly at 0.14 sccm. During the deposition, a parallel array 

of nichrome filament (Ni80/Cr20, Goodfellow, Coraopolis, PA) inside the reactor was 

resistively heated to 220 °C and the reactor stage was water cooled at 35 °C. Inside the 

reactor, TBP was decomposed by the heating with the filament to initiate the 

polymerization of monomer vapors. Substrates for nanocoating were placed on the stage 

during the deposition. The temperatures of the filament and the stage were monitored by 

thermocouples (Omega, Stamford, CT, Type K). Pressure in the vacuum chamber was 

maintained at 200 mTorr using a butterfly valve (MKS, Andover, MA, model 253B). The 

coating growth was monitored by an interferometry system with a 633 nm He–Ne laser 

(JDS Uniphase, Milpitas, CA) in situ on a reference silicon wafer (P/Boron <100>, WRS 

Materials, San Jose, CA). Variable-angle spectroscopic ellipsometry (VASE) was used to 

calibrate the correlation between the repeat period of the laser signals and the thickness of 

the deposition. Coated samples were soaked with deionized water for 1 h and rinsed three 

times to remove adsorbed monomers before use. 
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Table 5.1 Flow rate control for hydrogel synthesis 

 

Flow rate/sccm 

MAA DMAEMA EGDA 

PME 0.42 0 0.14 

PDME 0.38 0.04 0.14 

PDE 0 0.42 0.14 

PE 0 0 0.18 

PDE71 0 0.57 0.08 

PDE51 0 0.57 0.12 

PDE31 0 0.42 0.14 

 

Characterizations 

Fourier transform infrared (FTIR) spectra were collected by a Nicolet 6700 FTIR 

spectrometer (Thermo Fisher Scientific, Waltham, MA) with a potassium bromide 

beamsplitter and a DTGS detector using an optical range from 400 to 4000 cm-1. The data 

collection used the transmission mode at a 4 cm-1 resolution with 128 scans.  

Evaluation of release kinetics  

Analysis of the release characteristics of hydrogel coated samples was carried out using a 

high-performance liquid chromatography (HPLC) system (UltiMate 3000, Thermo Fisher 

Scientific, Waltham, MA) with a C18 column (Shimadzu, Kyoto, Japan). Hydrogel coated 

0.5 cm ×1 cm stainless steel slides with embedded simvastatin were placed in separate 1.5 

ml Eppendorf tubes with 1 ml of pH 7.4 phosphate-buffered saline (PBS). These tubes 
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were then positioned on a shaker with constant rotation at 100 rpm in an incubator at 37 

°C.52-53 Sample slides were transferred to new tubes with 1 ml fresh PBS each day and the 

simvastatin concentrations of remaining elutes in previous tubes were analyzed using 

HPLC. Elutes were filtered through a 0.22 µm syringe filter, and stored in 9 mm HPLC 

vials at 4°C. After the one-month or two-month release test, sample slides were placed in 

Eppendorf tubes with 1 ml methanol and incubated in an ultrasonic bath for two hours at 4 

°C to extract the residue simvastatin. The HPLC analysis was carried out using isocratical 

90% methanol as the mobile phase at a flow rate of 0.5 ml/min. Concentration of 

simvastatin was monitored at 238 nm and determined from the slope of the best fit equation 

of a standard curve of simvastatin in 90% methanol.54  

Preosteoblast culture and cell activity assays 

Mouse preosteoblast MC3T3 cells (CRL-2593, ATCC, Manassas, VA) were cultured in 

Minimum Essential Medium alpha (Life Technologies, Carlsbad, CA) supplemented with 

10% Fetal Bovine Serum (Life Technologies, Carlsbad, CA), 50 U/ml penicillin, and 50 

µg/ml streptomycin. The medium was further supplemented with 50 μg/ml L-ascorbic acid 

and 10 mM β-glycerophosphate to prepare the stimulate medium for inducing 

differentiation in cell activity tests. Coated 1 cm × 1 cm stainless steel sample slides were 

placed in 12-well plates as the substrates for cell activity test. MC3T3 cells were seeded on 

the substrates at a density of 2000 cells/ml with the stimulate medium at 37 °C with 5% 

CO2 in a humidified incubator. On the second day of the initial seeding, substrates were 

transferred to new 12-well plates to avoid the interference from cells attached on the 12-

well plate surface. The stimulate medium was replaced every three days. After seven days, 
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substrates were rinsed with sterile PBS for three times to remove any non-adherent cell 

prior to cell activity tests.  

Cell metabolism activity was evaluated using 3-(4,5-dimethylthiazol-2-yl)-2,5-

diphenyltetrazolium bromide (MTT) assay. Cells on the substrates were cultured in 500 µl 

fresh medium with 50 µl of MTT reagent (ATCC, Manassas, VA) for three hours. The 

assay was terminated by adding 500 µl of SDS-HCl solution into each wells with gentle 

mixing. Sample 12-well plates were then placed in a dark room for overnight. Cell 

metabolism activity was measured at 570 nm with a plate reader. 

Preosteoblast differentiation activity was measured with alkaline phosphatase (ALP) assay 

using p-nitrophenylphosphate (pNPP). Cells were lysed with 300 µl CelLytic M reagent 

(Sigma-Aldrich, St. Louis, MO) along with 3 µl protease inhibitor cocktail (Sigma-Aldrich, 

St. Louis, MO) for 30 min at 4 °C and transferred to Eppendorf tubes to be centrifuged for 

15 min at 12000 rpm. The supernatant was then transferred to a chilled Eppendorf tube. 

An aliquot of 150 µl of the supernatant was mixed with 150 µl of 1 mg/ml pNPP and 

incubated for 30 min at 37 °C. The pNPP activity was determined by the absorption at 570 

nm with a plate reader. Meanwhile, another aliquot of 50 µl of the cell lysate supernatant 

was mixed with 200 µl of Bio-Rad Protein Assay Dye reagent (Bio-Rad) and incubated for 

30 min at 37 °C. The absorbance of the resultant solution was then measured at 595 nm 

with a plate reader. The protein concentration was calculated from the slope of the best fit 

equation of a standard curve of parallel protein assays with standard bovine serum albumin 

solutions. The ALP activity was determined by dividing the pNPP activity with the protein 

concentration of the samples. 

All the cell activity assays were run in triplicate.  
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Statistical analysis 

SAS software (SAS Institute, Cary, NC) was used for statistical analysis in this study. The 

one-way analysis of variance (ANOVA, p value < 0.05) was used to determine whether 

there were any statistically significant differences between the means of three or more 

independent groups. Student’s t-test (p value < 0.05) was used afterwards to identify 

statistically significant differences between two groups. 
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5.3 Results and discussion 

Synthesis and characterization of the ultrathin hydrogel 

Hydrogels with specific composition, crosslinking degree, and thickness were synthesized 

by controlling the flow of the monomer vapors and the deposition time. Detailed flow 

conditions are listed in Table 5.1. Vaporized monomers and the EGDA crosslinker were 

metered into the reaction chamber together with the initiator TBP. The free-radical 

polymerization produced conformal hydrogels that were crosslinked in situ on the 

simvastatin-loaded substrate. As the thickness of the hydrogel was measured in situ, the 

system allowed precise control of the hydrogel thickness by simply vacuuming the system 

and stop the reaction immediately. The use of the TBP as initiator effectively lowered the 

reaction temperature and allowed the substrate to stay at a low temperature around 35 °C,55 

which significantly increase the shelf life of simvastatin.56 On the other hand, the solvent-

free synthesis process merited a conformal coating that retains the microstructure of the 

substrates. 
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Figure 5.1 FTIR spectra of the hydrogel composition of the (A) PME, (B) 

PDME, (C) PDE, and (D) PE. The absorption peaks at 1701cm-1, 1730 cm-

1 and 1735 cm-1 were assigned to the C=O stretching of MAA, DMAEMA, 

and EGDA, respectively. The absorption peaks at 2774 and 2825 cm-1 were 

assigned to the C-H stretching of the tertiary amine in DMAEMA. 
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Composition of the synthesized hydrogels was characterized by FTIR. Figure 5.1 showed 

the FTIR results of the PME, PDME, PDE, and PE. The absorption peaks at 1701 cm-1, 

1730 cm-1, and 1735 cm-1 in the spectra were assigned to the C=O stretching of carboxyl 

group in the MAA, DMAEMA, and EGDA, respectively.57-59 Different hydrogel showed 

a different absorption shift and peak shape for the C=O stretching of carboxyl groups, 

confirming the changes in the coating composition. The C-H stretching of tertiary amine 

in the DMAEMA showed strong absorption peaks at 2774 and 2825 cm-1, signifies the 

incorporation of the DMAEMA monomer in the PDE hydrogel.60 However, similar to other 

studies, the C-H stretching of tertiary amine was not observed in the PDME hydrogel.61 

The weak absorption peak at 1565 cm-1 indicated the amine and carboxyl groups stayed 

close to each other in the PDME coating.61 Overall, the FTIR data showed effective 

synthesis of coatings with different composition as intended. 

The molar ratio of DMAEMA to EGDA unit in the PDE71, PDE51, and PDE31 copolymer 

was calculated using the absorption peak areas of the C-H stretching of tertiary amine and 

the C=O stretching of carboxyl groups, similar to the previous study done by Ye et al.62 

According to the Beer-Lambert law, the peak area of the C=O stretching of carboxyl 

groups, A, were proportional to the molar concentration of the corresponding components 

and their absorption path length. In the PDE nanocoating, the absorption path lengths of 

both components were equal to the thickness of the nanocoating. Meanwhile, each EGDA 

repeating unit had two C=O groups. Assuming that the absorption coefficients, a, of the 

C=O stretching of carboxyl groups were the same in the nanocoatings, the molar ratio of 

DMAEMA to EGDA could be calculated using 

 = �������
�����

= 2 ����(������)
����(����)

= 2���(���)�
���� − ���(���)�

                             (5.1) 
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Where A is the absorption peak area of the corresponding chemical group, R is the ratio of 

the peak area of the C=O stretching of carboxyl group to the peak area of the C-H stretching 

of tertiary amine ( 
���� ��(���)�

� ) in a pure PD sample.62 The calculated molar ratio of 

DMAEMA to EGDA of the PDE71, PDE51, and PDE31 were listed in Table 5.2. The 

degree of crosslinking is calculated as the molar percentage of EGDA.63 This result showed 

that the EGDA content in the coatings was effetely manipulated by changing the flow rate 

ratio of DMAEMA to EGDA.  

 

Table 5.2 The flow rate and molar ratio of DMAEMA to EGDA in PDE 

nanocoatings 

Flow rate ratio 

(DMAEMA: EGDA) 

Molar ratio 

(DMAEMA: EGDA) 
EGDA molar percentage 

7 1.99 ± 0.21 33 ± 3% 

5 0.94 ± 0.05 51 ± 1% 

3 0.63 ± 0.01 61 ± 0% 
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Effect of coating component on simvastatin release 

 

 

 

 

 

 

 

 

Figure 5.2 Percentage of cumulative simvastatin release from 300 nm 

PDME, PME, PE, and PDE hydrogel coated samples with 100 µg/cm2 drug 

load.  

Hydrogels with different chemical compositions showed different release rate of 

simvastatin (Figure 5.2). The PDE and PE coated samples presented a stable drug release 

with no burst release, while the PME and PDME coated samples showed an fast release 

and a burst release, respectively. The coefficient of determination for the linear regression 

of the cumulative release curve of the PE and PDE coated samples was 0.980 and 0.994, 

respectively, indicating a close-to-linear drug release with the PE and PDE coatings. With 

no initial fast or burst release, the PE and PDE coated samples preserved 80-90% loaded 

simvastatin after 28 days of drug release. Therefore, the PE and PDE coating are much 

preferable in achieving a two-month release, which is more beneficial in bone repairing 

application, considering the period of bone healing is six to eight weeks.1-2 On the other 
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hand, PDME hydrogel does not fit in the simvastatin controlled release application as the 

burst release causes superficial absorption and inflammation.33, 64  
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Simvastatin release with different drug load, coating thickness, and crosslinking 

degree 

 

 

 

 

 

 

 

 

Figure 5.3 Cumulative simvastatin release from (A) 300 nm PDE coated 

samples with 100 and 300 µg/cm2 drug load. Cumulative simvastatin release 

from (B) 300 and 100 nm PDE coated samples with 100 µg/cm2 drug load. 

 

Table 5.3 Average daily release rate of simvastatin from PDE coated samples 

Drug load (µg) Coating thickness (nm) 

Average release rate in 

15 days  

(µg ml-1 day-1) 

100 102.3 ± 0.6 0.6 ± 0.1 

300 102.3 ± 0.6 1.2 ± 0.2 

100 302.2 ± 0.5 0.4 ± 0.1 

300 302.2 ± 0.5 0.8 ± 0.1 

 

A                                       B 
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The effect of the drug load and coating thickness on simvastatin release kinetics was 

investigated by drug release tests with samples with 100 and 300 µg/cm2 drug load and 100 

and 300 nm PDE coating (Figure 5.3). Average drug release in a 15-day release test was 

shown in Table 5.3. A lower drug release rate was observed with a lower drug load and a 

thicker coating, which is consistent with the previous findings.35, 65-66 The cumulative 

release of simvastatin in the PDE coated samples presented a close to zero-order release 

kinetic, indicating the drug release kinetic in the PDE coated samples was a relaxation-

controlled diffusion, other than a Fickian diffusion, according to the work of Peppas.67 

According to Peppas model for relaxation-controlled release, the drug release kinetics 

could be described as the following, 

AB/AD =2k0 /(Csd) t                                                             (5.2)   
Where Mt is the cumulative drug release, M0 is the maximum drug release, k0 is the Case-

II relaxation constant, Cs is the saturation concentration, and d is the coating thickness.67 

However, the release rate of simvastatin does not vary with the coating thickness in an 

inversely proportional manner, indicating k0 varies with the coating thickness. This may be 

attributed to the poor solubility of simvastatin in PBS.68 Undissolved simvastatin leads to 

inhibition of coating relaxation, resulting in lower drug release rate.69 In addition, thicker 

coating further limited the water intake of the coating and slow down the diffusion of water 

and drug inside the coating.69 As a result, samples with higher drug load had a release rate 

lower than the predicted release rate from Peppas’ relaxation-controlled release model, 

more reduction in drug release between the result and the model was observed in samples 

coated with 300 nm coatings than samples with 100 nm coatings. As shown in the previous 

studies done by Maeda et al. and Chen et al., the most effective concentration of simvastatin 
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to promote bone healing is between 0.1-1 µM.15, 70 Therefore, it is essential to keep a stable 

release of simvastatin with a concentration of 0.1-1 µM, which is equivalent to 0.04-0.4 

µg/ml. The daily release from samples with 300 nm PDE coating was closer to the optimum 

concentration range, which has more potential in accelerating bone healing.  
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Figure 5.4 Percentage of cumulative simvastatin release from 300 nm PDE 

hydrogel coated samples with different crosslinking degree. 

Simvastatin released from the PDE hydrogel coatings with different crosslinking degrees 

was tested to investigate the effect of crosslinking with EGDA (Figure 5.4). The release 

rate of simvastatin decreased with higher EGDA content in the PDE coatings. Meanwhile, 

the reduction of the simvastatin release rate was not inversely proportional to the increase 

of the crosslinking degree (Table 5.4). This is due to the non-linear relationship between 

the swelling ability and the crosslinking degree. RemunanLopez et al. and Mwangi et al. 

observed that water intake of the polymer increased much faster than the reduction of the 

corresponding crosslinking degree of the polymer,71 which led to a similar trend of fast 

increase in the drug diffusion rate. On the other hand, the matrix density of the PDE31 was 

calculated to be lower than the threshold, at which density matrix would entrap simvastatin 

and led to a failure in drug release.71 The chain length of EGDA repeating unit in the 

PEGDA polymer, :���� , was estimated to be 0.44-0.74 nm by software simulation 
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(Mavinsketch, ChemAxon). The length of C-C backbone of DMAEMA, :������, was 

estimated by Murata et al. as 0.20 nm.72 With the molar ratio of EGDA in the polymer, x, 

and the average chain length between two crosslinking points, l, could be calculated as,  

: = :������ + :���� = 0.20 1 − =
= + :����                                    (5.3) 

The radius of simvastatin was proven to be 0.47 nm by da Costa et al.,73 which is lower 

than the calculated average chain length between two crosslinking points of the PDE 

hydrogels in this study (Table 5.4). This indicates that the entrapment of simvastatin was 

avoided in our releasing system by using a moderate crosslinking degree of the PDE.  

In summary, this observation confirmed the correlation between higher crosslinking rate 

and slower drug release, which is consistent with other studies.74-75 The risk of entrapment 

of simvastatin was avoid by not using a high crosslinking degree of the PDE. We 

demonstrated a PDE drug release system that could be easily manipulated by changing the 

crosslinking degree of the coating. To obtain stable drug release, PDE31 was used as the 

default composition of the PDE coating in our study. 

Table 5.4 Effect of crosslinking on drug release of PDE coated samples 

Coating 
Molar ratio 

(EGDA/All) 

Daily release rate in the 

first week (µg ml-1 day-1) 

Average chain length 

between crosslink (nm) 

PDE71 
33 ± 3% 

8.7 ± 0.5 0.84-1.14 

PDE51 
51 ± 1% 

2.0 ± 0.8 0.63-0.93 

PDE31 
61 ± 0% 

0.6 ± 0.2 0.57-0.87 
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A stable simvastatin release of average 0.4 µg/ml per day was observed in the 60-day 

simvastatin release test in samples with 300 nm PDE coating and 300 µg/cm2 drug load 

(Figure 5.5). Drug release of simvastatin for more than a month showed better outcome in 

a previous laboratory experiment conducted by Sousa et al. and a clinical study conducted 

by Terukina et al.,41, 76 indicating the PDE drug release system has great potential in bone 

graft application. 

 

 

 

 

 

 

 

 

 

 

 

Figure 5.5 Cumulative simvastatin release from samples with 300 nm PDE 

coating with 300 µg/cm2 drug load.   
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 Effect of different coating surfaces on preosteoblast activity  

 

 

 

 

 

 

 

 

 

Figure 5.6 Relative cell activity of ALP and MTT after one week of 

preosteoblasts culture with different coating surfaces. Star (*) indicates 

significant difference from control (p < 0.05, Student t-test).  

Figure 5.6 showed the biocompatibility of different hydrogels with the MC3T3 

preosteoblasts. No cell toxicity was observed with any hydrogel. The PDE and PE 

hydrogels showed significant promotion of MTT activity, indicating enhanced cell 

metabolism. In addition, increased ALP activity was observed with cells on the PDE and 

PME hydrogels, indicating increase in cell activity towards differentiation and bone 

formation.77 The reduction in MTT activity with PDME surfaces was due to the low cell 

attachment caused by the antifouling nature of the coating as proven in the previous study 

in Chapter II.  
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 Preosteoblasts activity with the simvastatin loaded hydrogel 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 5.7 Relative cell activity of ALP and MTT after one week of 

preosteoblasts culture on samples coated with the (A) PDE, (B) PE, and (C) 

PME hydrogels. (D) Relative cell activity of ALP and MTT after one week 

of preosteoblasts culture with different simvastatin concentration. Star (*) 

indicates significant difference from corresponding non-drug samples (p < 

0.05, Student t-test).   

A                                      B 

 

 

 

 

C                                       D 
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Table 5.5 Daily simvastatin release from each sample 

 

Cell activity of MC3T3 on both PDE and PE samples was significantly improved, while 

MC3T3 on the PME samples does not exhibited significant difference after one week of 

cell culture (Figure 5.7). Cells on the PDE hydrogel coating showed increased ALP activity 

by 30%, and increased MTT activity by more than 70%, compared to that on samples 

without drug, showing significant increase in both cell differentiation and metabolism 

activity.  

The differences between cell activities on different samples can be explained by the effect 

of different drug release rate in each sample. As shown in Figure 5.7D, preosteoblasts 

inhibition was observed with high concentration of simvastatin, while cell stimulation was 

observed with low concentration of simvastatin, similar to other simvastatin cell studies.70, 

75, 78 Enhanced cell activity was observed with simvastatin concentration between 0.01-1 

µg/ml on stainless steel surface. As pointed out by Hussner et al., 79 the actual simvastatin 

concentration needed for enhancing cells activity on polymer surfaces might be doubled, 

due to the low drug absorption of cells on polymer surfaces. Therefore, the release rate of 

Hydrogel PDE PE PME 

Simvastatin (µg/cm2) 100 300 100 300 100 300 

Average Drug 

Concentration in one week 

(µg/ml) 

0.56 ± 

0.04 

1.34 ± 

0.04 

1.19 ± 

0.04 

1.83 ± 

0.09 

2.56 ± 

0.02 

7.87 ± 

0.06 

Drug Concentration Range 

(µg/ml) 

0.51-

0.61 

1.17-

1.50 

1.03-

1.35 

1.67-

1.98 

1.83-

4.05 

5.38-

10.79 
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the drug-embedded samples should be controlled within the range of 0.01-2 µg/ml to 

provide an enhancing effect on preosteoblasts. 

As shown in Table 5, the average daily release of simvastatin on the PME samples was 

much higher than 2 µg/ml, which would have no promotion effect on preosteoblasts, 

according to the drug concentration study (Figure 5.7D). This explains the fact that no 

significant difference was observed in cell activities between PME samples with and 

without simvastatin. On the other hand, with a better release control of simvastatin, samples 

coated with the PDE and PE coating were able to provide a drug release around 1 µg/ml, 

resulting a promotion in cell activities. The well-controlled simvastatin release effectively 

promoted the differentiation and metabolism of preosteoblasts, which are among the major 

factors contributed to bone repair.18  

 

  



120 

 

5.4 Conclusions 

We demonstrated the synthesis of submicron hydrogels with highly tunable and stable 

release of simvastatin with a two-month drug release using iCVD method. Valuable 

knowledge was gained for the effect of the hydrogel composition, drug load, coating 

thickness, and crosslinking degree on the release kinetics of simvastatin. A stable drug 

release for 60 days was achieved without the initial burst release with an effective dosage 

of 0.4 µg/day to cover the two-month period for complete bone healing.1-2 Cell metabolism 

and differentiation activity of MC3T3 preosteoblasts were effectively promoted by the 

PDE and PE coated samples with optimized simvastatin release, indicating promising 

potentials in future bone graft applications. 
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CHAPTER VI 
 

 

CONCLUSIONS 
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6.1 Conclusions 

Surface modification with vapor deposition is an efficient way to enhance medical device 

performance without altering the device material or structure. By eliminating surface 

tension from liquid synthesis environment in the traditional technique, vapor deposition 

provides excellent conformal coating on complex surface structures, which is critical in 

advanced modern implant applications. In addition, the initial chemical vapor deposition 

(iCVD) method significantly lowers the vapor synthesis temperature to lower than body 

temperature, which is very important for preserving the bioactivity of the biomolecules 

integrated in medical devices. On the other hand, a great variety of coatings can be 

synthesized using iCVD method with commercially available reagents on a wide range of 

different substrates, making it more suitable for commercial production. This thesis 

presented simple iCVD synthesis of different coatings, especially mixed charged 

nanocoatings, to enhance the biocompatibility of implant surfaces. On the other hand, with 

the precise component control, coatings with a serial of composition difference were 

synthesized to find the most promising diffusion barrier to provide a stable release for the 

target medical application.  

In our work in chapter II and III, simple iCVD methods were used to apply conformal surface 

modification with excellent antifouling capability to enhance the biocompatibility of medical 

devices. Mixed charged coatings were proven to have the antifouling capability comparable to 

zwitterionic coatings, which often required liquid based synthesis process and commercially 

unavailable reagents. Further modification of the synthesis process lead to nano-scale grafting 

of high density mixed charged coatings with better antifouling ability. 
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We designed a one-pot three-stage iCVD process to synthesize sub-micro polyionic 

coatings to enhance the biocompatibility of brain probe. The mixed charged polyionic 

coating significantly reduced the adhesion of BSA, laminin, and microglia on the substrate 

surfaces, indicating high biocompatibility. To widen the application of vapor deposition of 

mixed charged coating, a one-pot high-density vapor deposition method was developed to 

synthesize polyionic grafting with a thickness under 10 nm. The method successfully 

enriched the density of the charged groups on the substrate with a nano-scale thickness, 

resulting higher wettability than the previous approach. The ultrathin feature of the grafting 

greatly reduces the coating interference with the interaction between the medical device 

and the surrounding tissue. Substrates with the dual-charged grafting exhibited no protein 

adhesion in neutral and basic environment, and the antifouling ability remained the same 

at body temperature. This conformal grafting technique is applicable to a wide variety of 

medical devices to improve their biocompatibility efficiently. 

In our work in chapter IV and V, we demonstrated synthesis of coatings with different 

compositions and crosslinking degrees as diffusion barrier candidates using iCVD method. 

The iCVD technique allowed precise synthesis of different coatings with small 

composition variations by simply changing the flow conditions of the monomers. With 

quantitative analysis of drug release kinetics, we found the coating for a stable release of 

the chosen medicine to address the problem of the burst release and to extend the drug 

release time.  

Nanocoatings with different charge properties were synthesized using one-step iCVD to 

provide candidates for diffusion barrier against a charged medicine. The nanocoating with 

the opposite charge against the drug was proven to limit the drug diffusion more efficiently. 
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Crosslinking degree of the nanocoating was further adjusted to eliminate the burst release 

and to achieve stable drug release. Persistent smooth muscle cell (SMC) inhibition 

observed with the PDE coated samples indicated stable release of an effective dosage. In 

addition, our method provided high efficiency of loaded drug as significant SMC 

suppression was observed with microgram-scale drug loads. To investigate controlled 

release of non-charged medicine, hydrogels with a combination of different compositions and 

crosslinking degrees were synthesized using the iCVD method. Synthesis with precise 

composition control provides enough coating viabilities to solve the challenge that target 

medicine has a narrow window of effective dosage. Stable two-month release was achieved 

with positive drug effect proven in vitro. In addition, the activity of the embedded drug was 

well protected during coating synthesis due to the relatively low synthesis temperature. In 

summary, we provided an efficient approach to develop a stable controlled release for the 

drug release implants. 

6.2 Future work 

As proven in our work, non-solvent low-temperature synthesis of ultrathin coating with 

iCVD technique provided a conformal surface modification with precise control of 

component and thickness, which is ideal for application on medical devices.  

With the great variety of iCVD materials, we believe that further surface modification, 

such as multilayer coating and multifunctional coating, could be developed to enhance the 

performance of modern devices. With a multilayer coating, we aim to have 24-h release of 

an anti-inflammatory therapeutic agent to prevent acute stent thrombosis,1 along with  a 

stable 6-month release of another therapeutic agent to provide persistent inhibition of 

smooth muscle cell proliferation throughout the duration of vascular healing.2-3 With a 
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multifunctional coating, we can create a wound dressing with both bactericidal ability and 

wound healing promotion. We aim to synthesize a bactericidal top layer with the capability 

of decreasing bacteria growth by two orders of magnitude to ensure an effective 

bactericidal ability, according to ISO 22196: 2007. In the aspect of wound healing 

promotion, we aim to enhance the proliferation of human dermal keratinocyte to more than 

1.5 fold and the proliferation of fibroblast to more than twofold, compared to the non-drug 

control, to be equivalent or non-inferior to the FDA-approved Santyl Ointment (Smith & 

Nephew, Inc., London, United Kingdom).4 
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Atorvastatin 

Chemical name:  

Calcium bis{(3R,5R)-7-[2-(4-fluorophenyl)-5-isopropyl-3-phenyl-4-(phenylcarbamoyl)-

1H-pyrrol-1-yl]-3,5-dihydroxyheptanoate} 

Octanol/water partition coefficient (Kow) at pH 7.0: 1.531 

Elimination half-life: 10.3 h2 

Simvastatin 

Chemical name:  

(1S,3R,7S,8S,8aR)-8-{2-[(2R,4R)-4-Hydroxy-6-oxotetrahydro-2H-pyran-2-yl]ethyl}-

3,7-dimethyl-1,2,3,7,8,8a-hexahydro-1-naphthalenyl 2,2-dimethylbutanoate 

Octanol/water partition coefficient (Kow) at pH 7.0: 3.613 

Elimination half-life: 3.5 h4 
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