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Abstract 

Traditional silicone biomedical implants, such as urinary catheters, often suffer from high surface 

friction, high stiffness, and a lack of hydrophilicity, which can cause discomfort or discomfort. To 

tackle these challenges, we developed a double-network alginate-pHEMA hydrogel “cushion” 

coating for polydimethylsiloxane (PDMS) biomedical implants. The double-network hydrogel 

presented here consists of two distinct networks made of alginate and pHEMA, respectively. The 

alginate network is covalently bonded to PDMS substrates as scaffolding, and the denser pHEMA 

network fills the free space within the alginate network. In this proof of concept study, the double-

network hydrogel achieved a compressive fracture stress of 502.04±14.41 kPa, which is 5.8-fold 

stronger than the alginate hydrogel, while its elasticity is still comparable to soft tissues. The 

proposed double-network hydrogel has a negligible amount of swelling in biological fluids and 

exhibits no cytotoxicity, which are desirable qualities for biomedical and coating applications. 

Both chemical modification using APTES and micropillar anchors have been used to improve the 

coating stability. We found that the adhesion strength of the hydrogel coating on micropillar PDMS 

substrates is 55% stronger than on bare PDMS substrates when both substrates are grafted with 

APTES. In comparison to native PDMS and K-Y Jelly-lubricated PDMS, the double-network 

alginate-pHEMA hydrogel-coated PDMS demonstrated significantly less friction and superior 

hydrophilicity. 
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Chapter 1: Introduction 

1.1 PDMS-based Biomedical Implants 

Polydimethylsiloxane (PDMS) has been one of the most widely-used silicone-based organic 

elastomers in the manufacturing of biomedical devices, such as facial prosthetics, implants and 

contact lenses, because of its biocompatibility, optical transparency, ease of fabrication, gas 

permeability, and chemical inertness [1-4]. In recent years, it has become increasing popular in 

microfluidics devices, drug delivery reservoirs and tissue engineering with the emergence of 

BioMEMS and new microfabrication techniques [5-7]. Despite the tremendous merits of PDMS, 

its usage is limited by its extreme hydrophobic nature that can easily cause surface contamination 

and hinder the introduction of aqueous solutions [8].  

Although it is common used for implants like catheters, the PDMS surface tends to absorb 

undesired biomolecules that can attract bacteria and form a layer of biofilm, ultimately causing 

urinary tract infection (UTI) [9-11]. Catheter-induced UTI is considered the most common 

nosocomial infection, and catheters must be frequently changed to avoid this problem. Not only 

does increases healthcare costs, but it also causes patients great discomfort during insertion and 

removal of catheters [12-14]. Furthermore, the high friction surface of PDMS-based catheters may 

cause intolerable pain to patients, or in rare cases, damage the mucous membranes of inserted 

organs if lubrication is not properly applied [15]. Surgical lube or lidocaine jelly is commonly used 

to lower the surface friction and local anesthetic may be used to reduce the discomfort during 

catheterization, though mixed results have been reported, questioning the effectiveness of such 
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methods [14, 16]. In addition, lubrications may become useless after being eluted by body fluids, 

making the removal of these implants even more challenging.  

1.2 Surface Modifications for PDMS-based Implants 

To tackle the above-mentioned issues, numerous surface modification methods have been 

introduced to improve the hydrophilicity and/or reduce the friction of implant surfaces [8, 17-20]. 

These methods can be roughly classified into three categories: energy treatments, Teflon coating 

and hydrogel coatings. The energy treatment methods rely on plasma or UV radiation to couple 

new molecular groups (usually hydrophilic) onto device surfaces; the latter two methods use a thin 

layer of polymer that isolates the implants from the adjacent environment [8]. A few notable 

surface modification methods are introduced in the following sections and summarized in Table 

1.1.  

Types of 

Modification 
Function Notes 

Energy 

Treatments 

Temporarily 

reduce 

hydrophobicity 

Two common methods: oxygen plasma and ozone/UV 

treatments [17, 18] 

Last hours to days due to hydrophobic recovery [21, 22] 

Teflon Coating 
Low friction, 

improve comfort 

Ultra-low frictional, extremely hydrophobic [19] 

Stiff; cracking induces toxicity  [23, 24] 

Hydrogel 

Coatings 

Reduce friction, 

increase 

hydrophilicity 

Radiation-induced graft method:  UV induced radicals 

link to monomers with double bonds [8] 

Chemical tailoring method: reagents coated on implant 

surface covalently crosslink with hydrogel monomers 

[25, 26] 

Table 1.1 Summarized implant surface modification methods. 
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1.2.1 Energy Treatments 

Oxygen plasma treatment is one of the most common methods for PDMS surface modification 

today (Figure 1.1). The method uses partially ionized particles to bombard and oxidize the PDMS 

surface, creating chemical functional groups [17]. After the surface is treated with oxygen plasma, 

hydroxyl groups are coupled to Si atoms of the PDMS. Mata et al. [27] demonstrated that the 

hydrophilic hydroxyl groups can dramatically improve the hydrophilicity of a PDMS surface, 

reducing water contact angle from 109 to 60. Nevertheless, a major challenge with the plasma 

oxidation treatment of PDMS is the hydrophobic recovery caused by chains scission and 

reorientation of hydroxyl groups from the surface into the bulk [28]. The original hydrophobicity 

is regained within a few hours to a few days [21]. The solvent extraction method proposed by 

Vickers et al. [29] can overcome this problem and produce more of a hydrophilic surface with a 

significant lower hydrophobic recovery rate. Alternatively, Ren et al. [22] indicated that the 

hydrophilicity of PDMS can be preserved for more than 14 days if the surface is in contact with 

water. 

A PDMS surface can also be oxidized by UV/ozone treatment. Although this method is slower in 

terms of time, the penetration depth is greater than that of the oxygen plasma treatment, creating a  

 

Figure 1.1 Oxygen plasma treatment for PDMS surface. 
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large amount of hydrophilic hydroxyl groups without cracking PDMS surface [18, 30]. Although 

UV/ozone treated PDMS also suffers from hydrophobic recovery like oxygen plasma-treated 

PDMS, Berdichevsky et al. [30] suggested that longer exposure time might reduce this effect. 

Both oxygen plasma and UV/ozone treatments are simple and effective methods to improve the 

hydrophilicity of a PDMS surface, making them preferable choices for modifying short-term 

implants with microchannels [31]. While the hydrophilicity of the treated surface often suffers 

from the hydrophobic recover, even with additional treatment techniques, the energy treatments 

do not significantly improve other properties of the PDMS surface, such as friction coefficient or 

softness. 

1.2.2 Teflon Coating 

Polytetrafluoroethylene (PTFE or Teflon) was first used as a urinary catheter coating in the 1960s 

and it has been used widely on latex catheters since then. The approach has the advantage of 

isolating less-biocompatible latex from surrounding tissues, generating less cytotoxicity than 

uncoated latex catheters. Nevertheless, the usage of Teflon coating on silicone catheters is 

uncommon since PDMS is much more biocompatible and less irritable than latex [32]. Even 

though the low frictional properties of the Teflon coating can minimize patient discomfort, its 

neutral charge and hydrophobicity may facilitate the adhesion of certain bacteria [19, 23]. In 

addition, SEM images reveal that Teflon-coated catheters are prone to cracking, which can occur 

during the coating process because of the high stiffness of the material [20]. Talja et al. [24] 

suggested that these deep cracks on the implant surface may induce toxicity. 
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1.2.3 Hydrogel Coatings 

1.2.3.1 Radiation-induced Graft Method 

Radiation-induced graft hydrogels are widely used to modify biomedical implants. This approach 

uses UV radiation to generate free radicals on the PDMS surface, which act as graft sites for 

hydrogel monomers. Each hydrogel monomer must have one double carbon bond that can break 

and create two free electrons, one of which couples with a free radical to form a single carbon 

bond [8]. Hu et al. [33] demonstrated a one-step UV-induced graft polymerization to covalently 

bond hydrogels (e.g., PVA and PEG) to the PDMS surface, and successfully reduced the water 

contact angle to 45 on the grafted PDMS. Test results from Graiver et al. [20] also revealed a 

reduced friction on PVA hydrogel grafted catheters. The ultra-low surface friction is desirable as 

it can significantly improve patient comfort and eliminates the need for lubrication.  

1.2.3.2 Chemical Tailoring Method 

This emerging approach uses reagents (e.g., TMSPMA and APTES) as glues to link hydrogel 

chains to PDMS backbones. The reagents are covalently linked to the oxidized PDMS and 

subsequently linked to hydrogel chains via either carbon bonds or carbodiimide-mediated amide 

coupling [25, 26]. Zhang et al. [26] presented a PEG hydrogel coating on PDMS substrates by 

TMSPMA modification of the substrates. TMSPMA has double carbon bonds that would link with 

other monomers with the same bonds (e.g., crosslinker and PEG hydrogel) by forming new single 

carbon bonds. Despite the fact that PEG hydrogel has a higher Young’s modulus than PDMS, the 

coated gel did not detach from the PDMS substrate after the substrate was bent by 90. On the 

contrary, the PEG gel coating exfoliated easily without TMSPMA modification. The PEG-coated 
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PDMS also exhibits enhanced protein resistance and superior wettability, in comparison to native 

PDMS. Cha et al. [25] were the first to covalently bond alginate hydrogel to PDMS via 

carbodiimide-mediated amide coupling between the carboxyl groups on the alginate chains and 

the amino groups on APTES-PDMS. The resulting alginate-PDMS was more hydrophilic than 

native PDMS or OH-PDMS produced via oxygen plasma treatment.  

1.3 Types of Hydrogels 

Serval notable hydrogels are introduced in the following sections and summarized in Table 1.2. 

Types of Hydrogels Applications and Properties 

PVA 

Popular in biomedical applications; coating for catheters [20, 34-36] 

Non-toxic and highly hydrophilic [34] 

May induce undesired cell adhesion; swelling affects durability [36, 37] 

PEG 

Biocompatible, hydrophilic, adjustable mechanical properties, low 

protein absorption [38-41] 

Anti-fouling coating for PDMS substrates [26]  

PHEMA 

Idea for bio-implants; common coating material for Foley catheters [19, 

42, 43] 

Fair anti-fouling performance [43] 

Prone to cracking due to its stiffness [19] 

Alginate 

Great potential in biomedical applications due to its biocompatibility, 

low cost and ease of fabrication, but mechanically weak [44] 

Can be ionically and covalently crosslinked, but only the latter can be 

grafted on PDMS via chemical tailoring method [25, 45, 46] 

Ionically crosslinked alginate could achieve high strength at the cost of 

elasticity [47] 

DN Hydrogels 
Improve mechanical strength without sacrificing elasticity [48] 

Unlike co-polymers, two networks do not inter-crosslink [49] 

Table 1.2 A list of hydrogels for biomedical applications  
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1.3.1 PVA Hydrogel 

Poly(Vinyl Alcohol) (PVA) is a promising biomaterial for contact lens, heart implants, tissue 

engineering and drug delivery applications, and it has been used as a coating material for urinary 

catheters to reduce the surface friction [20, 34-36]. PVA hydrogel has the advantages of being 

non-toxic and highly hydrophilic, and its uncomplicated chemical structure is simple for 

modifications. Although the bio-adhesive characteristic of PVA hydrogel is appreciated in tissue 

engineering applications, it could cause undesired cell adhesion onto the implants [36]. PVA 

hydrogel exhibits a high degree of swelling in biological fluid, which could ultimately result in 

delamination of the coating, raising concerns regarding implant durability [37].  

1.3.2 PEG Hydrogel 

Poly(ethylene glycol) (PEG) has a simple structure and exhibits numerous desirable qualities, such 

as biocompatibility, hydrophilicity and highly adjustable mechanical properties through 

manipulation of its chemical content [38, 39]. Unlike PVA hydrogel, PEG hydrogel shows good 

resistance to protein absorption and does not support cell adhesion due to its low polymer-water 

interfacial energy, hydration layer, and steric repulsion [40, 41]. In the work of Zhang et al. [26], 

a thin layer of PEG hydrogel was grafted onto a PDMS surface by chemical modification. The 

fluorescent images and quantitative analysis showed significantly less protein adhering to the 

coated PDMS, when compared to a native PDMS surface.  

1.3.3 PHEMA Hydrogel 

Poly(2-hydroxyethyl methacrylate) (pHEMA) is another common coating material for Foley 

catheters [19]. Like PVA and PEG hydrogels, pHEMA hydrogel is biocompatible and hydrated, 
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which also makes it an ideal candidate for contact lenses and artificial skins [42, 43]. Research 

conducted by Castillo et al. [43] also revealed that pHEMA has fair antifouling properties. 

Nevertheless, pHEMA coating is prone to cracking on softer substrates, to generate debris and 

attract bacteria [19]. Because each HEMA monomer has one double carbon bond, it can be grafted 

onto PDMS by either radiation-induced graft polymerization or chemical modification. Khorasani 

et al. [50] demonstrated an alternative method by using CO2-pulsed laser to introduce hydro-

peroxide groups as bonding sites. The coated surface showed increased resistance against platelet 

adhesion.  

1.3.4 Alginate Hydrogel 

Alginate, which is a natural polymer extracted from seaweed, has gained increasing attentions in 

biomedical applications such as tissue engineering, drug release, and artificial tissues, due to its 

inherent biocompatibility, low cost, and ease of fabrication [44]. Alginate monomers can be 

crosslinked by either covalent bonding in the presence of crosslinkers or by divalent ions like Ca2+ 

[45, 46]. Generally, alginate has weak mechanical strength that does not allow load bearing [44]. 

Kuo and Ma [47] claimed that the mechanical strength of ionically crosslinked alginate gel could 

be improved with slower gelation rates and increased alginate concentrations; however, the 

increased compressive modulus that would result from the higher monomer content would be 

undesirable for coating applications. 

1.3.5 DN Hydrogels 

The double network structure was first proposed by Gong et al. [48] in a search for super tough 

and highly hydrated polymers for biomedical applications. They managed to improve poly(AMPS-
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co-TFEA) hydrogel’s fracture stress by more than 300-times without sacrificing the hydration 

content and the fracture strain, by incorporating PAAm as a second network. Differing from 

copolymer hydrogels, DN hydrogels are synthesized via a two-step cast process, and the two 

networks do not inter-crosslink. Gong et al. [48] compared the two networks to bone and flesh, 

respectively, and postulated that the first network should be rigid and brittle, while the second 

network would be soft and ductile, so that the soft network would evenly distribute the load onto 

the first network [49]. This idea was challenged by Sun et al. [37] who proposed a super stretchable 

DN hydrogel using soft alginate as the first network and polyacrylamide as the second network. 

The alginate network was ionically crosslinked and the second network was covalently crosslinked 

with MBAA. Interestingly, both networks were further joined together by covalent crosslinks 

between amino groups. The resulting DN was 20-times more stretchable and had a fractural energy 

that was comparable to natural rubber. Unfortunately, this formulation could not be used as a 

coating for PDMS-based implants because the ionically crosslinked alginate cannot be grafted onto 

a PDMS surface. 
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1.4 DN Alginate-pHEMA Hydrogel Coating 

In this project, a novel hydrogel coating for PDMS implants was developed based on a double-

network structure (Figure 1.2). This is the first time that natural alginate and synthetic pHEMA 

are used to construct a double-network hydrogel as coating material for PDMS-based implants. 

Both hydrogels are synthesized via covalent crosslinking, but the two networks are not inter-

crosslinked. The alginate hydrogel is used to fabricate the first network as a scaffold, and the 

pHEMA forms a denser network within the pores of the alginate; both networks are highly 

biocompatible [44, 51]. A cytotoxicity experiment was conducted to confirm this claim. Although 

the coating is designed primarily for urinary catheters in urethral or suprapubic applications, it can 

also be applied onto other biomedical implants, such as cardiac catheters and implantable drug 

delivery devices. 

The coating has a thickness of 0.25-0.35 mm when cast and can be cast onto PDMS surfaces of 

any shape. It is thicker than most previously proposed hydrogel coatings, creating a soft “cushion” 

between the coated PDMS implant body and delicate tissues [26, 52]. Unlike previously proposed 

hydrogel coatings for PDMS implants, our design incorporates a distinct second-network of 

 

Figure 1.2 SN alginate gel (left) and DN alginate-pHEMA gel (right). 
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pHEMA to improve alginate gel’s mechanical strength without sacrificing its elasticity. The 

adhesion strength of the coating on a PDMS substrate is enhanced by chemical modification and 

micropillar anchors to ensure the coating stability during insertion and removal of an implant. For 

demonstration and ease of fabrication purposes, all the micropillar PDMS substrates and bare 

PDMS substrates used in this project were flat. The DN gel coating is designed to possess ultra-

low friction and softness comparable to urethral tissues, to improve the patient’s comfort and 

minimize the chance of mucous membrane injury.  

1.5 Thesis Overview 

This thesis is presented with an introductory chapter, two chapters of experimental methods and 

discussions, and a conclusion that summarizes the current work and suggests potential future 

directions.  

Chapter 1 briefly reviews the background of PDMS in biomedical applications, including its 

advantages and drawbacks when used as an implant material. Different surface modification 

techniques are described, including energy treatments and polymer coatings for PDMS-based 

devices and implants. The deficiencies and challenges of existing methods are explained, and a 

double-network (DN) alginate-pHEMA hydrogel coating is proposed to resolve these problems.  

Chapter 2 provides an overview of the design, synthesis, and characterization of the proposed DN 

hydrogel, with a discussion of the experimental results. First, the polymerization mechanisms of 

the first network alginate hydrogel and the second network pHEMA hydrogel are discussed with 

regards to the double network structure. Then, the step-by-step fabrication process is demonstrated, 

and the DN gel’s mechanical properties are investigated by adjusting the key ingredients, such as 
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crosslinker and monomer concentrations. After optimizing the formulation, the surface 

morphology and internal microstructure of a single network (SN) alginate hydrogel was reviewed 

by SEM and compared to the finalized DN gel. This is followed by the evaluation of the swelling 

coefficient and cytotoxicity of the SN and the finalized DN hydrogel.  

Chapter 3 focuses on the formation of DN gel coatings on PDMS substrates and the 

characterization of both hydrogel-coated and bare surfaces. This chapter begins with the design 

and fabrication of micropillar PDMS substrates, followed by the chemical modification process 

for the substrates, and ultimately, the hydrogel coating fabrication. Coating adhesive strength is 

investigated by a shear test, and the data for micropillar and bare substrates is compared to evaluate 

the effectiveness of micropillar anchors. Finally, the friction coefficient and water contact angle 

of DN gels, lubricated PDMS, and bare PDMS are measured, and the results are discussed.  

Chapter 4 summarizes this thesis and suggests possible directions for future development of the 

proposed coating.  
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Chapter 2: Double-Network (DN) Alginate-pHEMA Hydrogel 

2.1 Polymerization Mechanism 

Alginate-pHEMA gel is prepared via a two-step network formation method. Alginate hydrogel is 

synthesized to form the first network that defines the geometry of the DN alginate-pHEMA gel 

(Figure 2.1a). Subsequently, the cured alginate gel is incubated in the solution containing HEMA 

monomers, crosslinker, and photoinitiators to allow diffusion of the solutes into the alginate 

network (Figure 2.1b). HEMA monomers are polymerized with the crosslinker MBAA to form 

the pHEMA network and occupy the interstitial space within the alginate network (Figure 2.1c). 

2.1.1 Alginate Network 

Ionic crosslinking and covalent crosslinking are two of the most commonly used polymerization 

methods for alginate gels [44]. The former method uses divalent cations (i.e., Ca2+) to create 

junctions between α-L-guluronate blocks of alginate chains, resulting with the gel structure [45]. 

Calcium chloride (CaCl2) is one of the most commonly used ionic crosslinkers for alginate, and 

polymerization is initiated by adding alginate pre-gel solution into a CaCl2 aqueous solution; 

however, the high solubility of such agents results in rapid gelation and an inhomogeneous network 

[53]. The gelation rate is thus crucial for the structural uniformity, which ultimately affects the 

mechanical strength of the resulting gel. Researchers [47, 54] demonstrated that crosslinking 

agents with very low solubility in pH-neutral water, such as CaCO3 and CaSO4, can initiate a more 

gradual gelation in the presence of Glucono-δ-lactone (GDL) that helps form a uniform gel 

structure with more consistent mechanical properties.  
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As shown in Figure 2.1d, the covalent crosslinking technique uses a crosslinker molecule, such as 

AAD instead of divalent cations, to create carbodiimide-mediated amide coupling between 

 

Figure 2.1 Schematics of the two networks of alginate-polyHEMA hydrogel; (a) alginate network, (b) 

diffusion of HEMA monomers, (c) resulting DN structure, (d) alginate chains covalently crosslinked 

by AAD (purple circles), (e) HEMA monomers covalently crosslinked by MBAA (green triangles).  
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alginate chains that leads to the gel structure. The coupling is established via a three-step sequential 

chemical reaction: 1) water-soluble carbodiimide EDC reacts with a carboxylic acid group on the 

alginate chains to form an active intermediate; 2) NHS is introduced to improve the creation 

efficiency and form NHS esters; and 3) this more stable intermediate allows for the efficient 

conjugation to AAD [46, 55].  

The covalently crosslinked alginate hydrogel has three significant advantages over the ionically 

crosslinked gel when being used as a coating material for PDMS devices. First, the ionically 

crosslinked gel is less stable in physiological conditions due to the dissolution of the alginate 

network caused by the escape of Ca2+ in the presence of phosphate, citrate, lactate, Na+, and Mg2+ 

[55, 56]. Secondly, the stress of the ionically crosslinked alginate gel relaxes through dissociation 

and reforming of crosslinks, causing irreversible plastic deformation. Covalently crosslinked 

alginate gel, in contrast, relaxes the stress through migration of water within the network, leading 

to elastic deformation [57]. Finally, unlike covalently crosslinked gel, the ionically crosslinked gel 

cannot form either ionic or chemical bonds with PDMS substrates during gelation, thus leading to 

a more secure bonding between the two materials [25]. 

2.1.2 PHEMA Network 

We chose MBAA as the covalent crosslinker for the pHEMA network because of its acceptable 

hydrophilic property and commercial availability, though the CBMA-based dimethacrylate 

crosslinker, CBMAX, has been reported to have superior solubility and non-fouling properties 

compared to MBAA. The CBMAX crosslinker must also be custom-synthesized via a series of 

complex chemical reactions [58, 59]. HEMA and MBAA monomer units are attached via addition 

polymerization, where an active initiator attaches to one of the electrons in the double carbon bond, 
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and the other electron forms a new single carbon bond with another electron from the double 

carbon bond in the neighboring monomer unit [60]. Because each MBAA unit possesses two 

double carbon bonds, it forms a junction with four HEMA units; thus, causing the polymer to 

exhibit the network structures. 

2.2 Hydrogel Preparation  

2.2.1 Single-Network (SN) Alginate Hydrogel 

Medium viscosity sodium alginate salt (Sigma-Aldrich, St. Louis, MO, USA) was dissolved in the 

100 mM MES buffer at 1.5 wt-%. The alginate solution was agitated thoroughly by a magnetic 

stirrer at 700 RPM for 24 h, and its pH was adjusted to 5.0 by HCl or NaOH if necessary. The pre-

gel solution was mixed with EDC and NHS and covalently cross-linked with AAD (molar ratio of 

alginate monomer:EDC:NHS:AAD = 4:6:3:1) [55]. EDC was added first, and NHS was added 8 

min later. AAD was added 6 min after NHS. The mixture was agitated for 30 s on a water mixer 

after each ingredient was added. Before the pre-gel mixture was transferred to the PDMS substrate, 

 

Figure 2.2 Fabrication setup for SN alginate hydrogel dishes. 
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it was further agitated in a sonicated bath for 30 s. The single-network gel dishes, each made from 

approximately 100 µl of the previously described alginate pre-gel solution, were assembled 

between the PDMS substrate and the PDMS-coated glass coverslips (Appendix A), and the 

substrate and the coverslips were separated by 2-mm spacers (Figure 2.2). After curing at room 

temperature for 4 h, the entire setup was immersed in distilled water for 30 s, and then the gel 

dishes were carefully removed from the substrate with a razor blade. The gels were incubated in 

PBS solution to reach the swelling equilibrium before being subjected to any test; incubation was 

not required if they were used to prepare DN gels.  

2.2.2 Double-Network (DN) Alginate-pHEMA Hydrogel 

Double-network alginate-pHEMA hydrogels with various concentrations of second network 

monomer (HEMA) and crosslinker N,N’-methylene bisacrylamide (MBAA) were prepared to 

study the correlation between the mechanical properties of the hydrogel and its second network 

and crosslinker concentrations. Initially, the concentration of HEMA monomer was fixed at 2M, 

and the crosslinker concentration was increased from 0 to 0.5, 1, 2.5, and then to 4 mol-%. Then, 

the crosslinker concentration was fixed at 2.5 mol-%, then the amount of HEMA monomer was 

changed from 1 to 2 and then to 3 M. SN hydrogel samples were incubated in the HEMA monomer 

solutions for 24 h and exposed to 365 nm UV light for 20 min on each side. The resulting DN 

hydrogel dishes were rinsed with 70% ethyl alcohol and DI water, and then immersed in PBS 

solution for 36 h prior to the compression test. Details are shown in Appendix B. 
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2.3 Characterizations 

2.3.1 Analysis of Mechanical Properties 

The ultimate compressive stress and strain of SN alginate hydrogel and alginate-pHEMA DN 

hydrogel were measured by a Mach-1 mechanical testing system (Biomomentum, Laval, QC, 

Canada). The dimensions of each gel dish were measured by a caliper prior to the test. The upper 

compression plate of the machine was manually lowered until it was approximately 3 mm away 

from the sample. The machine was then set to ‘find contact,’ which allowed the compression plate 

to be lowered at a rate of 0.1 mm/s until a resistance of 0.075 N was sensed. During the 

compression, the samples were compressed at a rate of 0.01 mm/s, and the travel distance of the 

compression plate was set to be 80% of each sample’s thickness to avoid machine damage. Three 

repeats were conducted for each formulation. 

Separately, 3 mm-thick SN and DN (2M HEMA and 2.5mol% MBAA) hydrogel cylinders were 

fabricated using the aforementioned techniques and immersed in PBS solution to reach swelling 

equilibrium prior to the test. As shown in Figure 2.3, hydrogel samples were placed on a height-

adjustable platform, directly underneath a cutter with rounded edge. The platform was gradually 

raised until the cutter sliced through the samples to qualitatively investigate how well the hydrogels 

resisted uneven compression. 
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2.3.2 Swelling Coefficient and Water Content Comparison 

Single-network hydrogel droplets, each made from approximately 100 µl 1.5 wt-% alginate pre-

gel solution (molar ratio of alginate monomer:EDC:NHS:AAD = 4:6:3:1), were cured at room 

temperature for 4 h on a PDMS plate. Three samples were then removed from the substrate and 

immersed in PBS solution until the they reached equilibrium swelling state. Meanwhile, the 

remaining samples were soaked in 10vol% ethyl alcohol solution of various amount of HEMA 

monomers (1 M, 2 M, or 3 M) containing 0.5 wt-% Irgacure 651, 1 wt-% Irgacure 2959 and 2.5 

mol-% MBAA for 24 h. Subsequently, samples were exposed to 365 nm UV light for 40 min, and 

then immersed in PBS solution until their swelling reached equilibrium. The weight of each SN 

and DN sample was measured every 6 or 12 h.  

The swelling coefficient of hydrogel was determined as: 

S. C.= 100%×
mt

m0

(1) 

 

Figure 2.3 Setup for hydrogel slicing experiment. 
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where m0 and mt are the initial mass of the hydrogel and the mass of the swollen hydrogel at t-th 

hour, respectively. Subsequently, both SN and DN hydrogel samples were dried on a 50°C heater 

for 24 h. The dehydrated hydrogel samples were weighed, and the water content value was 

determined as: 

W.C. = 100%×
mf −md

mf

(2) 

where mf and md are the final mass of the wet hydrogel and the mass of the dehydrated hydrogel, 

respectively. 

2.3.3 Cytotoxicity Study 

This experiment was conducted in collaboration with Axel Chu. We incubated HEK cells in the 

culture media with SN hydrogel, DN hydrogel, or the control, and then evaluated the 

biocompatibility of these gels by analyzing the HEK cells’ growth rates, as determined by the 

percentage area of confluence.  

SN and DN (2 M HEMA, 2.5mol% MBAA, 0.5 wt-% Irgacure 651 and 1 wt-% Irgacure 2959) gel 

dishes, each made from 200 µl 1.5 wt-% alginate pre-gel solution (molar ratio of 

alginate:EDC:NHS:AAD = 4:6:3:1), were cast using the spacer method from Section 2.2 (spacer 

thickness = 1 mm). After polymerization of the second network of the DN gel, the DN gel dish 

was washed thoroughly with 70% ethyl alcohol and DI water. They were then immersed in PBS 

solution to reach swelling equilibrium, and the solution was changed every 4 h during the first 24 

h. Subsequently, the samples were transferred to a laminar flow clean bench and sterilized with 

70% ethyl alcohol. To remove any residual ethyl alcohol, each sample was washed in 100 ml of 

sterile PBS solution for 20 min three times. 
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Separately, wells of a standard six-well cell culture plate were seeded with HEK cells (4.5 × 105 

cells per well), and each well was filled with 9 ml cell culture medium (DMEM/F-12 medium 

supplemented with 10% fetal bovine serum and penicillin/streptomycin). 40 µm sterile cell 

strainers (Fisher Scientific, New Hampshire, USA) were used to prevent the gel samples from 

contacting the bottom of the wells where the cells were proliferating. The sterilized gel samples 

were individually suspended in the cell culture medium by strainers in the wells. Meanwhile, an 

empty strainer was placed in another cell-seeded well as the control. The cells and gel samples 

were incubated in the described medium at 37°C with 5% CO2 for six days without change in 

medium, and photos of the cells were taken at six locations in each of the wells every 24 h by an 

Olympus IX81 Cel-TIRF microscope at 20× magnification. The coordinates for each location were 

saved in the microscope, allowing photos to be taken at the same location on the following days. 

Using ImageJ software, we analyzed the percentage area confluence based on the microscope 

images. Step-by-step instructions for operating the software are shown in Appendix C. 

2.4 Results and Discussion 

2.4.1 Mechanical Properties 

The mechanical properties of DN hydrogel depend highly on the concentration of HEMA 

monomer and crosslinker MBAA. When the HEMA monomer concentration is fixed at 2 M, the 

crosslinker MBAA composition was increased from 0 to 0.5, 1, 2.5, and 4 mol-%. The Young’s 

modulus is based on the average slope of the lower portion of the stress-strain curve (<30%) 

(Figure 2.4a). As shown in Figure 2.4b, the presence of the pHEMA network and the increasing 

crosslinker concentration results in a decrease in hydrogel elasticity. The DN gel’s fracture stress 

improves with crosslinker concentration before 2.5 mol-%, and it decreases afterward (Figure 
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2.5a), a trend that does not conform to the model presented by Gong et al. [48] due to different 

crosslinking mechanisms for the two networks. Some samples fractured under significantly lower 

loads, compared to others, showing uneven fracture patterns, and more of these premature fractures 

were observed among samples containing 4 mol-% crosslinker. The higher crosslinker content 

may result in more rapid gelation that disrupts the formation of the homogenous second network, 

so that the samples containing 4 mol-% crosslinker had lower fracture stress than those containing 

2.5 mol-% crosslinker [61]. We also noticed that the custom-made upper compression plate 

experienced some unavoidable slippage since the less-than-perfect fit of the upper compression 

plate led to a small degree of misalignment between the compression plates before the gels 

fractured. Unlike Young’s modulus and fracture stress, the fracture strain for all formulations 

scatters in a range between 0.66 and 0.738 and does not show a direct correlation with crosslinker 

content (Figure 2.5b). Although softness and elasticity is favorable, mechanical strength is required 

for handling; hence, we chose 2.5 mol-% as the final crosslinker concentration since it offered the 

highest fracture stress at 502.0414.41 kPa without a drastic loss in elasticity. 
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Figure 2.4 (a) Stress-strain curves and (b) Young’s modulus. 
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Figure 2.5 (a) Fracture stress and (b) fracture strain. 
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Subsequently, we fixed the crosslinker MBAA content at 2.5 mol-% and adjusted the HEMA 

monomer concentration from 1 to 2 and then to 3 M. Figure 2.6a shows the stress-strain curves 

with varied monomer concentrations, and Figures 2.6b and 2.7a summarize the Young’s modulus 

and fracture stress for all formulations, respectively. Both fracture stress and Young’s modulus 

show improvements with increased HEMA monomer concentrations, which is attributed to the 

increased network density and entanglement, though neither the correlation is linear. The DN gel 

containing 1 M HEMA only demonstrates a slight improvement over the alginate gel in fracture 

stress and Young’s modulus, while the 2 M HEMA formulation had 302.08% and 310.53% 

increases in these two properties over the 1 M HEMA formulation, respectively. With a Young’s 

modulus of 28.86±1.78 kPa, the DN gel that contained 2 M HEMA was exceptionally close to 

resembling the elasticity of urethral tissue (10-20 kPa), which would be a desired quality for 

bioengineering applications [62, 63]. Although the gel containing 3 M HEMA was the strongest 

among all formulations, the improvement over the 2 M HEMA formulation was marginal, and it 

had a drastically higher Young’s modulus of 87.53±16.10 kPa, which is three times higher than 

that of urethral tissue. A compromise between mechanical strength and elasticity is necessary in 

determining the final formulation, and the 2 M HEMA formulation (2.5 mol-% crosslinker) is 

considered the preferable choice for use as a coating material for urinary catheters. As seen in 

Figure 2.7b, the HEMA monomer content does not significantly affect the fracture strain of DN 

gels. Initially, the weak presence of the pHEMA network (1 M HEMA formulation) results in a 

lower fracture strain than the alginate gel; however, a marginally improvement is seen with the 

increasing polyHEMA network density. The DN gels, with 2 M and 3 M HEMA content, have 

similar fracture strains (0.740.01 and 0.780.08, respectively) to that of the SN gel (0.730.05). 



26 

 

 

 

Figure 2.6 (a) Stress-strain curves and (b) Young’s modulus. 
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Figure 2.7 (a) Fracture stress and (b) fracture strain. 

 

SN 1M HEMA 2M HEMA 3M HEMA

0

200

400

600

800

F
ra

c
tu

re
 S

tr
e

s
s
 (

k
P

a
)

SN 1M HEMA 2M HEMA 3M HEMA

0.0

0.2

0.4

0.6

0.8

1.0

F
ra

c
tu

re
 S

tr
a
in

(a)

(b)



28 

 

Only three monomer concentrations were explored since material optimization was not the 

ultimate objective of this project. Furthermore, the gel dishes had already experienced a certain 

degree of dehydration after incubation in the 3 M HEMA monomer solution; a higher monomer 

 

Figure 2.8 Slicing resistance of (a) SN alginate gel and (b) DN alginate-pHEMA gel. 

 

(a) (b)



29 

 

content would severely deform the hydrogel structures. Finally, during the preparation process for 

the HEMA monomer solution, the solution containing 1 M HEMA turned cloudy after distilled 

water was added; presumably because of Irgacure 651 precipitation. Such phenomena were not 

observed in the 2 M and 3 M formulation solutions; hence, we conclude that the HEMA monomer 

improves the solubility of Irgacure 651 in aqueous solution and we would not advise a further 

decrease in the HEMA content below 1 M.  

Slicing resistance of both the SN alginate gel and the DN gel was evaluated by comparing their 

local fracture strains that resulted from a cutter. Figure 2.8 shows that the SN alginate gel cylinder 

fractures at a strain of approximately 50 %. On the other hand, the DN gel (2 M HEMA and 2.5 

mol-% MBAA) can still retain its structural integrity under 65% strain and can return to its original 

shape without noticeable plastic deformation. Even though the SN and DN gels have nearly 

identical fracture strains under even compressive loads (Figure 2.7b), the latter exhibits a roughly 

30% higher fracture strain than the SN gel when compressed by the cutter; this quality of DN gel 

has made it preferable since even compression rarely exists in real-life situations.  

2.4.2 Microstructure   

SEM images of freeze-dried SN and DN (2 M HEMA and 2.5 mol-% crosslinker) hydrogels, taken 

at random locations across the surface and cross-sections of the gel dishes, are presented in Figure 

2.9. No discernible porous network is perceived on the surface of SN or DN gel samples, as shown 

in Figure 2.9a-1 and 2.9b-1, respectively; whereas, they exhibit distinct textures, where the DN 

gel surface has unique wrinkle patterns, presumably resulting from the dehydration during the 

incubation process in HEMA monomer solution. Only the morphology of the surfaces molded by 
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PDMS coverslips were investigated in this thesis since DN hydrogel coating is cast underneath 

coverslips.   

Figure 2.9a-2 shows a well-defined porous network on the cross-section of SN hydrogel under 50× 

magnification. The SN gel forms a honeycomb structure with random orientations, as can be seen 

in the center and the upper right side of the image.  Moreover, an obvious difference in pore size 

is observed in the same hydrogel sample, indicating the existence of an inhomogeneous network. 

On the other hand, the cross-section of DN is smooth and dense under the same magnification 

(Figure 2.9b-2). Although the DN gel is synthesized by polymerizing HEMA monomers within 

the SN gel, the pores of alginate network in the DN gel are significantly smaller than those in the 

SN gel (Figure 2.9a-3 and 2.9b-3). The difference between the alginate network pore sizes in SN 

and DN gels is primarily the result of the aforementioned dehydration during incubation and 

swelling of the SN gel in PBS solution (the swelling property will be discussed in Section 2.4.3). 

The locations of these images could also play a role, since we know from Figure 2.9a-2 that the 

size of the pores in the SN gel vary largely from 20 µm to 200 µm, and the size of the photographed 

alginate network pores in DN (~30 µm, Figure 2.9b-4) fits well within this range. 

The alginate network and the pHEMA network exhibit distinct morphologies within the DN 

hydrogel body, where long-chain sodium alginate salt monomers form honeycomb-like 

scaffolding that defines the geometry of DN gel, and short-chain HEMA monomers form a much 

finer network within the pores of alginate network, resulting in a nested structure (Figure 2.9b-4). 

The alginate gel is soft and weak, and the pHEMA alone is unable to crosslinker properly in the 

cast, resulting in phase separation, and gelation only occurs at the bottom of the cast. Nevertheless, 

within the micro pores of the alginate network, HEMA can polymerize properly and improve 
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mechanical properties of the resulting DN gel. According to Gong et al. [49], the improved 

toughness is attributed to stress release caused by the fracture of the more brittle network.  

 

Figure 2.9 (a) SN alginate hydrogel and (b) DN alginate-pHEMA hydrogel; (1) 50× magnification on 

the surface, (2) 50× magnification on the cross-section, (3) 250× magnification on the cross-section, 

and (4) 1500× magnification on the cross-section. 
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2.4.3  Swelling Coefficient and Water Content 

Figure 2.10a shows the equilibrium swelling coefficient of SN gel and DN gels with various 

pHEMA network densities, calculated from Equation (1). The incorporation of the pHEMA 

network drastically reduces the swelling of hydrogels in PBS solution. A decrease in overall mass 

is observed for all DN gels after the first 6 to 12 h, which could result from unreacted chemicals 

leaching out. Subsequently, both 1 M and 2 M HEMA formulations showed minor swelling, while 

the 3 M formulation did not swell at all. The equilibrium swelling coefficient decreases with an 

increase in the pHEMA content. Furthermore, DN gels of all formulations reached equilibrium 

swelling after 24 h of incubation, which was significantly faster than the SN gel (~ 84 h). As we 

expected, the presence of the pHEMA network largely restrains the swelling of the DN hydrogel, 

which believe to be a desired property for coating applications since a large degree of swelling can 

cause delamination of the gel coating and absorption of biomolecules (e.g., proteins) [43].  

The high water content makes hydrogels attractive candidates for bioengineering applications, 

because it tends to mimic biological tissues and it can reduce the contact surface friction [51, 64, 

65]. The equilibrium water content for SN gels and DN gels with various pHEMA network 

densities was calculated from Equation (2) and presented in Figure 2.10b. The SN gel has the 

highest water content thanks to its larger pore size; and the hydration level gradually decreases 

with increasing pHEMA network density as pHEMA polymerizes within the pores of the alginate 

network and disperses the water inside. At 66.54±0.61%, the 3 M pHEMA DN gel is the least 

hydrated formulation, though its water content is still considered ‘high’ for medical implants (e.g., 

contact lenses). Our finalized formulation (2 M pHEMA) has an exceptional water content of 

77.09±0.61%, without suffering from the poor mechanical properties.  
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Figure 2.10 (a) Swelling coefficient and (b) equilibrium water content. 
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2.4.4 Cytotoxicity Study 

The proposed DN alginate-pHEMA hydrogel is designed to be a coating material for medical 

devices such as urinary catheters and other implants; hence, it is crucial that the material is 

biocompatible. Although both alginate and HEMA monomers have been shown to be non-toxic 

and biocompatible, the crosslinking reagents and photoinitiators may be toxic, and thus, the 

unreacted chemicals must be removed [51, 66]. Among all of the crosslinking reagents, Irgacure 

651 is the most cytotoxic and has the lowest aqueous solubility. Nevertheless, this photoinitiator 

is highly efficient and has been used as a crosslinker for hydrogels with bioengineering 

applications [67, 68]. Unlike Irgacure 651, Irgacure 2959 has been reported to exhibit significantly 

lower cytotoxicity than other common UV photoinitiators and is widely used in the synthesis of 

biomaterials [69, 70].  

The SN and DN gel dishes were incubated in DMEM/F-12 medium containing 10 % fetal bovine 

serum and penicillin/streptomycin with HEK cells, and the resulting percentage area confluence 

was then compared to that of the control to determine their cytotoxicity. The photomicrographs 

(Figure 2.11a) show consistent growth of cell clusters in all three scenarios (SN, DN and, control).  

Furthermore, the cells proliferated at roughly a constant rate and reached maximum confluence 

(~95%) on the 6th day (Figure 2.11b), indicating that the proposed DN hydrogels did not contain 

cytotoxic residues after the standard wash protocol. The percentage area confluences for the SN 

and DN samples were noticeably larger than those of the control throughout the test, due to the 

different initial cell numbers in each well. Also, the larger standard errors between days 2 and 4 

suggest uneven proliferation rates at different measured locations when free space was available 

around the cell clusters, which is considered normal for this type of assay. 
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Figure 2.11 (a) OM images and (b) percentage confluence of HEK cells incubated with SN, DN gel 

and in control. 
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Chapter 3: DN Hydrogel Coating for PDMS Devices 

3.1 Fabrication Process 

3.1.1 Fabrication of PDMS Micropillar Substrates 

Micropillars are incorporated on PDMS substrates to improve adhesion between the coating and 

the substrates [26]. Thin PDMS micropillar substrates were fabricated by a modified replica 

molding method, previously developed by our research group [71]. In the modified method, the 

master of the substrates was printed by an Asiga Pico 3D printer (Asiga USA, Anaheim, CA, USA) 

(Figure 3.1), instead of being made from SU-8 photoresist on a silicon wafer. Although the 3D 

printing method provides a convenient way for fast prototyping, the dimensions of the printed 

geometries were limited by the printer’s pixel size. The failure rate increased dramatically with 

this printer when the dimensions on the XY plane fell below 100 µm. Hence, the diameter of the 

each micropillar was 150 µm, and the distance between micropillars was 350 µm. The height of 

the micropillars varied, depending on the thickness of the hydrogel coating. For demonstration 

purposes, the height of the micropillars was set at 200 µm for coatings that were approximately 

250-350 µm thick when cast. The detailed fabrication procedures for casting the micropillar 

substrates are illustrated in Appendix D. 

Sylgard 184 silicone pre-elastomer and curing agent (Dow Corning Corporation, MI, USA) was 

mixed thoroughly at a 10:1 weight ratio and poured into a plastic mold. The pre-elastomer filled 

mold was placed in the de-gassing chamber for 2 h, and then, transferred to a 60°C oven. After 

curing for 4 h, the PDMS substrate was released from the mold and cut into the desired sizes.    
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3.1.2 Surface Modification of PDMS Micropillar Substrates 

A series of chemical modification steps for the PDMS surface is shown in Figure 3.2. Step 1: the 

substrate was wetted with a few droplets of 70% ethyl alcohol and immersed in the H2O2:HCl:H2O 

solution with a volume ratio of 1:1:3 for 10 min after being cleaned by air plasma (700 mTorr and 

30 W) for 75 s. Step 2: the PDMS substrate was rinsed with distilled water and immersed in 5 vol-

 

Figure 3.1 (a) Illustration of the CAD model of 20 mm × 20 mm substrate master; (b) The plastic 

master printed by Asiga Pico printer; (c) SEM image of micropillar substrate; and (d) close-up of a 

single micropillar. 
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% 3-aminopropyltriethoxysilane (APTES) solution for 60min. Finally, the substrate was rinsed 

again with distilled water and dried with N2.  

3.1.3 SN Alginate Hydrogel Coating Formation 

1.5 wt-% sodium alginate salt pre-gel solution (pH 5.0 in 100 mM MES buffer) was mixed with 

EDC, NHS and was covalently cross-linked with AAD (molar ratio of alginate: EDC:NHS:AAD 

= 4:6:3:1) on the APTES-treated PDMS micropillar substrate [46]. EDC was added first, and NHS 

was added 8 min later. AAD was added 6 min after NHS. The mixture was agitated for 30 s on a 

water mixer after each ingredient was added.  Before the pre-gel mixture was transferred to the 

PDMS substrate, it was further agitated in a sonicated bath for 30 s. A PDMS-coated glass 

 

Figure 3.2 Chemical modification on PDMS substrate and DN hydrogel coating formation. 
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coverslip was placed on top of the pre-gel mixture with spacers (~0.5 mm) to form a thin layer of 

alginate hydrogel with flat surface as shown in Figure 3.2 (Step 3) and Figure 3.3. After four hours 

of incubation at room temperature, the entire setup was immersed in distilled water for 30 s, and 

then the glass coverslip was lifted from one side to prevent fracture of the alginate hydrogel. 

3.1.4 DN Alginate-pHEMA Hydrogel Coating Formation 

2 M 2-hydroxyethyl methacrylate (HEMA) was prepared in 10% ethyl alcohol containing 

2.5mol% cross-linker N,N’-methylenebis(acrylamide) (MBAA), 0.5 wt-% 2,2-dimethoxy-2- 

phenylacetophenone (Irgacure 651), and 1 wt-% 2-hydroxy-4’-(2-hydroxyethnoxy)-2-

methylpropiophenone (Irgacure 2959).  

 

Figure 3.3 DN hydrogel coating procedures. 
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After 24 h of immersion in the HEMA pre-gel solution at room temperature, the alginate-coated 

PDMS micropillar substrate was exposed to 365 nm UV light for 20 min to form the second 

network of polyHEMA within the alginate network, as shown in Steps 4 and Step 5 of Figure 3.2. 

The resulting coated substrate was cut in half and inspected by both SEM and OM (Figure 3.4). 

To 

prevent evaporation and the degradation of photoinitiators, the container holding the substrate and 

HEMA pre-gel solution was sealed by parafilm and wrapped with aluminum foil during the 

immersion process. The DN gel on the substrate was washed with 70% ethyl alcohol and DI water 

and then soaked in PBS solution for 36 h at room temperature.  

 

Figure 3.4 SEM and OM images of the cross-sections of DN gel coating on micropillar 

substrates. 
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3.2 Characterizations 

3.2.1 Detecting APTES 

An FT-IR spectrometer was used to detect APTES on the modified PDMS substrates. Both bare 

PDMS, OH-PDMS (intermediate product after hydrochloric acid/hydrogen peroxide treatment) 

and APTES-PDMS sheets were cut into 10 mm × 10 mm squares for this test; the scan number 

and resolution was set to 24 and 1 wavenumber, respectively. 

3.2.2 Friction Coefficient Measurement 

The friction coefficients of bare PDMS, lubricated PDMS and DN hydrogel surface were measured 

by Nanovea T50 (Nanovea, Irvine, CA, USA) using pin-on-disk mode with a dome-shaped PDMS 

test pin (radius = 10 mm, height = 10 mm). To fabricate the test pin, Sylgard 184 silicone pre-

elastomer and curing agent (Dow Corning Corporation, MI, USA) were mixed thoroughly at 10:1 

and poured into a plastic mold printed by an Asiga Pico 3D printer (Asiga USA, Anaheim, CA, 

USA) (Figure 3.5). 

Separately, 50 mm × 35 mm × 1 mm glass slides were washed with 1M NaOH solution, dried with 

N2 gas, and then cleaned with air plasma (700 mTorr and 30 W) for 75 s. To fabricate the PDMS 

surface, a mixture of PDMS pre-elastomer and curing agent (10:1 weight ratio) was spin-coated 

onto the slides at 1500 RPM for 60 s, and then the slides were incubated in a 60°C oven for 4 h. 

For the DN hydrogel surface, slides were treated with a H2O2/HCl/H2O mixture and 5 vol-% 

APTES, as described in Section 3.1.2, and a thin layer of DN hydrogel was coated onto the slides 

using the methods described in Sections 3.1.3 and 3.1.4.  
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The travel speed of the test probe was set to 5 mm/min, and the radius of its circular travel path 

was set to 11 mm. To avoid damaging the hydrogel coating, the normal force of all tests was 

limited to 1 N. The lubricated PDMS test was conducted after the bare PDMS test, using the same 

coated substrates, but a thin layer of K-Y Jelly was applied onto the coating prior to the new test.  

 

Figure 3.5 (a) The schematic and dimensions of the printed plastic mold for PDMS test pin (unit: 

mm) and (b) a printed plastic mold and cured PDMS test pin cast from the mold. 

 

Plastic mold

PDMS pin

(a)

(b)



43 

 

3.2.3 Contact Angle Measurement 

Water contact angles on bare PDMS, lubricated PDMS, and DN hydrogel surface were 

investigated. The samples were placed on a platform between a flashlight and a microscope; all 

three were adjusted to the same height. The flashlight was covered with a piece of paper to achieve 

a softer ambient light.  

For the bare and the lubricated PDMS test, a large PDMS sheet (approximately 2 mm thick) was 

cut into 15 mm × 10 mm pieces, on which 4 µl distilled water droplets were placed. Separately, 

the DN hydrogel coating (0.25-0.35 mm thick when cast) was cast onto a piece of 20 mm × 30 

mm APTES-coated glass slide, and the contact angles of the 4 µl distilled water droplets were 

measured at different locations of the single sample. Importantly, lab tissue was used to use lab 

tissue to absorb all excessive water on the hydrogel coating surface prior to the release of water 

droplets. 

3.2.4  Evaluation of Hydrogel-PDMS Bonding Strength 

The adhesion strength between alginate-pHEMA double-network hydrogel and chemically 

modified PDMS (with and without micropillars) was evaluated by comparing the force required 

to separate a pair of chemically modified PDMS substrates, bonded together with alginate-pHEMA 

hydrogel, in a uniaxial direction [72]. The master for the micropillar PDMS substrates (Appendix 

A) was printed using an Asiga Pico 3D printer (Asiga USA, Anaheim, CA, USA), and the final 

substrates were fabricated with Sylgard 184 silicone pre-elastomer and curing agent at a 10:1 

weight ratio (Dow Corning Corporation, MI, USA), with a replica molding method [71]. The bare 

PDMS substrates (2.5 cm × 1 cm × ~1.5 mm) were cut from a piece of Sylgard 184 silicone sheet. 
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Both micropillar and bare PDMS substrates were chemically modified using the method described 

in Section 3.1.2.  

 

Figure 3.6 (a) Fabrication process for the lap-shear test strips, (b) the cross-section view of test 

ribbon with micropillars, (c) the cross-section view of test ribbon without micropillars, and (d) 

experiment setup. 
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SN alginate gel (molar ratio of alginate:EDC:NHS:AAD = 4:6:3:1) was assembled between two 

chemically modified PDMS strips with a square overlapping area of 1 cm2. Figure 3.6a shows the 

two-step assembly process. Step 1: a 0.5 mm-thick ABS plastic plate was used as the spacer on 

the right, and the left spacer was made from the same ABS plastic plate stacked on a piece of 

PDMS (same thickness as the bottom substrate). Step 2: approximately 60 µl pre-gel solution was 

placed on the target area of the bottom substrate. Then, the top PDMS substrate was stacked onto 

the spacer and aligned with the bottom substrate. The top substrate was gently pressed to ensure 

that the pre-gel solution covered the entire overlapping region; however, the force was not large 

enough to deform the top substrate. Figures 3.6b and 3.6c show the cross-sectional view of the 

composites with and without micropillars, respectively. The composite was then immersed in 2 M 

HEMA monomer solution for 48 hours prior to exposure to 365 nm UV light for 20 min, and it 

was then immersed in PBS solution for 24 h. The PDMS was then clamped onto a Bose 

Electroforce BioDynamic 5100 tester (Bose, USA) (Figure 3.6d), and were continuously stretched 

at a rate of 0.167 mm/s until they were detached from each other. 

3.3 Results and Discussion 

3.3.1 Chemical Modification on PDMS Substrates 

Due to the discrepancy between the hydrophilicity of PDMS and hydrogels, a major challenge is 

in achieving stable adhesion between the two materials. To overcome the challenge, chemical 

modification on PDMS surfaces has been introduced. Molecules, such as APTES and TMSPMA, 

are attached to the PDMS surface and covalently linked to hydrogel to allow permanent adhesion 

of hydrogel onto the PDMS. To attach the bonding agents to the PDMS surface, the surface must 

be oxidized by HCl and H2O2 first to replace oxygen atoms with hydroxyl groups (Figure 3.2: step 
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1), and then, the ethoxy groups on the APTES or TMSPMA couples with the hydroxyl groups on 

the PDMS surface (Figure 3.2: step 2). APTE is used as the bonding agent in this project since 

alginate is the first network of the proposed coating; the conjugation is attained through 

carbodiimide-amide coupling between amidogen groups on ATPES and carboxyl groups of 

alginate monomers (Figure 3.2: step 3) [25, 26].   

Since cosmetic change was not observed during these processes, the efficiency of chemical 

modification was confirmed with FT-IR spectroscopy. As shown in Figure 3.7, a peak at 3366 

cm−1 represents carboxyl groups on the PDMS surface, and the formation of OH-PDMS [73]. 

 

Figure 3.7 FT-IR spectroscopy of bare PDMS, OH-PDMS and APTES-PDMS. 
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Carboxyl groups were consumed after OH-PDMS was treated with APTES, which explains the 

disappearance of the peak at 3366 cm-1. The FT-IR transmittance peak at 1645 cm-1 represents 

NH2 scissoring, and the peak at 785 cm-1 represents NH2 wagging and twisting; both signals result 

from amidogen groups of APTES attached to the PDMS surface. We used the scan of bare PDMS 

as the background to generate the transmittance spectrum for APTES-coated PDMS.  

3.3.2 Adhesion Strength between Coating and Substrate 

In addition to the aforementioned chemical modification on PDMS substrates, micropillars were 

also incorporated to improve coating stability. Not only can the micropillars act as anchors to 

restrain the potential movement of the coating, but they also increase the contact area between pre-

the gel solution and the PDMS substrate, leading to an increased number of covalent bonds 

between the substrate and alginate chains. As expected, the micropillar PDMS substrate bonded to 

the DN alginate-pHEMA hydrogel more securely, in comparison to its bare counterpart; the 

improvement was approximately 54.9% for the current micropillar design (Figure 3.8a). Moreover, 

the SEM and OM images show significant amount of hydrogel residue left on the bonding sites 

after micropillar PDMS strips were pulled apart, indicating that failure was due to the fracture of 

the DN hydrogel itself (Figure 3.8b). The DN hydrogel layer on the bare PDMS strips, in contrast, 

remained intact and sheared off from one substrate cleanly after the test, indicating that the failure 

occurred at the bonding site (Figure 3.8c); however, during the fabrication of test strips, we noticed 

that chemical modification dramatically improved the wettability of the PDMS surface, causing 

the pre-gel solution to more easily spread across the bonding area. The adhesion strength between 

unmodified substrates (bare or micropillar) and the hydrogel coating could not be tested as the two 

materials often detached from each other during the fabrication processes. The results indicate that 
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chemical modification is necessary to create a stable hydrogel coating on the PDMS substrate, and 

micropillar anchors can be used to further improve the bonding strength between two the materials.  

 

Figure 3.8 (a) Maximal force to separate the bonded strips, (b) separated micropillar strips 

and (c) separated bare PDMS strips. 
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Only one pillar design was tested since investigating the correlation between micropillar designs 

and bonding strength was not the primary purpose of this project. Because of the complex 

geometry at the bonding site, the bonding strength was compared using the fracture force, instead 

of adhesion energy [72]. 

3.3.3 Wettability and Friction Coefficient of Gel-coated Surface 

Wettability of bare PDMS, lubricated PDMS, and hydrogel-coated PDMS substrates were 

evaluated by comparing the water contact angles on these surfaces (Figure 3.9a). Bare PDMS 

exhibited the highest hydrophobicity with a contact angle of 106±0.84º (Figure 3.9b). A thin layer 

of K-Y Jelly reduced this value to 44.68±1.57º (Figure 3.9b), indicating an improved wettability 

on PDMS substrates; however, this layer of lubrication can be easily washed off by water, making 

it unsuitable for any medical implants. The hydrogel-coated PDMS is believed to have the highest 

wettability, judged by the fact that water did not form distinct droplets on the coating surface. 

Our study of the surface friction showed that the hydrogel-coated PDMS had the lowest friction 

coefficient of 0.07±0.00 against a PDMS pin (Figures 3.10a and 3.10b). The ultra-low friction of 

DN hydrogel is attributed to lubrication of the hydrated water layer, which is supplied by the body 

water stored in the gel network [74]. Without any modification, the bare PDMS had a significantly 

higher friction coefficient of 0.50±0.02; and even with traditional lubrication (e.g., K-Y Jelly), the 

friction coefficient was still nearly three-fold higher than that of the hydrogel-coated PDMS 

(Figure 3.10b). For biomedical applications such as silicone urinary catheters, having an ultra-low 

surface friction is crucial to decrease the discomfort during catheterization. While traditional 

lubrication is only available during the catheter’s insertion, and it will disperse over time; the 
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hydrogel coating is a more durable alternative to retain minimal surface friction during both 

insertion and removal.  

The incorporation of the proposed DN hydrogel coating drastically lowers the surface friction of 

PDMS-based implants, minimizing the use of lubrication and reducing the insertion difficulty. The 

enhanced hydrophilicity might reduce the adhesion of unwanted biomolecules onto PDMS-based 

 

Figure 3.9 Water droplets on (a) bare PDMS, (b) lubricated PDMS and (c) DN hydrogel 

surface, and (d) the contact angles of water on these surfaces. 
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medical devices and make introducing aqueous solutions into PDMS micro-channels easier, which 

would greatly benefit surgical implants and analytical devices [8, 17]. 

 

 

Figure 3.10 (a) Friction coefficient of various substrates and (b) their comparison. 
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Chapter 4: Conclusion 

The introductory chapter in this thesis had a literature review on surface modifications for PDMS-

based biomedical implants. The second chapter described the design, fabrication, and 

characterizations of the DN alginate-pHEMA hydrogel, with a discussion of results. In Chapter 3, 

the design and modification of micropillar substrates, coating formation processes, 

characterizations of coated and native PDMS, and a discussion of results was presented. The final 

chapter summarizes the work done in this project, highlights the significance of the proposed DN 

gel coating, and suggests directions for future research.   

4.1 Summary 

Chapter 1 briefly reviewed the disadvantages of widely used PDMS-based biomedical implants, 

such as silicone urinary catheters, and the existing surface modification techniques that are used 

to overcome these challenges. The techniques were classified into two types: energy treatment and 

polymer coatings. Numerous coating methods were reviewed and categorized as Teflon coatings, 

radiation-induced graft for hydrogels, and chemical modifications for hydrogels. Some potential 

hydrogel candidates were presented, with their pros and cons. Finally, a double-network hydrogel 

coating, based on an alginate and pHEMA hydrogel was proposed. 

In Chapter 2, the double-network structure and the crosslinking mechanisms of alginate and 

pHEMA hydrogel were explained. Although the alginate gel could be ionically and covalently 

crosslinked, we chose covalent crosslinking techniques, because of their stability in biological 

environments and their ease of fabrication [25, 55, 56]. Because the monomer size of alginate is 
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hundreds of times larger than that of HEMA, the pore size of an alginate network is also 

considerably larger, creating a nest structure (Figure 2.9).  

The influence of the pHEMA network density on the mechanical properties of DN gel was 

investigated via trial and error method. Several HEMA monomer and crosslinker combinations 

were tested in a two-step process. 2 M HEMA monomers and 2.5 mol-% crosslinker MBAA was 

chosen as the final formulation for this project. Although it had a lower fracture stress of 

502.04±14.41 kPa, its Young’s modulus of 28.86±1.78 kPa was a better mimic of urethral tissue. 

This was not the optimal formulation; however, since material optimization was not the objective 

of this project. 

The double-network structure introduced a denser pHEMA network within the pores of the 

alginate hydrogel, significantly reducing the swelling of gels in PBS solution. On the other hand, 

the presence of the pHEMA network also lowed the equilibrium water content of the hydrogels. 

Neither the SN alginate gel nor the DN alginate-pHEMA gel exhibited any cytotoxicity in the 

cytotoxicity study. The percentage area confluence of the SN and DN gels reached their maximums 

at the same time as that of the control. 

Chapter 3 began with the section covering the design, fabrication of the micropillar PDMS 

substrates and chemical modification methods of the substrate. The modified PDMS was examined 

by FT-IR spectroscopy, and the –OH groups after oxidation and –NH2 groups after APTES 

treatment were observed.  

The hydrogel-substrate bonding strength was evaluated in a shear test, where two APTES-PDMS 

ribbons were glued together by the DN alginate-pHEMA hydrogel and pulled apart by a tensile 
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tester. The ribbons with micropillars were roughly 55% stronger than those without micropillars 

and they broke at 2.11±0.08 N of force. Then, the morphology of the binding area was investigated 

and the SEM images showed a large amount of hydrogel residues on the binding areas after the 

fracture, indicating that the fracture was primarily caused by material failure not because of 

adhesion strength. 

The proposed hydrogel coating successfully reduced the friction coefficient from 0.50±0.02 of 

native PDMS to 0.07±0.00. The hydrogel coating was more long-lasting and performed 

considerably better in terms of friction reduction than K-Y Jelly lubricant. The substrates that were 

coated with hydrogel also exhibited superior hydrophilicity; the water contact angle on the 

hydrogel coating was approximately 0°, in comparison to 106.00±0.84° on bare PDMS substrates.  

4.2 Future Work 

One direction for future work is to optimize the mechanical properties of the DN hydrogel coating. 

The strength of the material itself could be improved by adjusting the monomer and crosslinker 

contents for both the first and the second networks. The DN hydrogel’s anti-fouling properties 

could also be improved by incorporating new materials, such as PEG and Zwitterionic hydrogels, 

into the second network [41]. Adhesion strength is correlated to substrate surface morphology and 

the number of –NH2 functional groups. Different micropillar designs or completely new surface 

texture, like porous surfaces, could be tested. Moreover, the concentration of APTES solutions are 

well known to affect the number of functional groups; hence, a thorough study on optimized 

APTES solutions could be useful [25]. 
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Another direction is to explore the fabrication techniques. Currently, the DN hydrogel coating is 

cast on a flat PDMS substrate for demonstration purposes. A simple and efficient method is needed 

to coat hydrogel onto tubular implants (e.g., urinary catheters or cardiac catheters). Commercially 

available catheters without micropillars could be used for the sole purpose of studying the coating 

methods. To create even coatings with the desired thickness, the molding method would be 

preferred, where chemically modified catheters, reinforced with rigid stents, are pushed through a 

cylindrical mold filled with pre-gel solution. The excess pre-gel solution would be displaced, 

leaving enough pre-gel solution in the gap between the catheter and the mold. 

Finally, antibiotic drugs or silver nanoparticles could be loaded into hydrogel coating to tackle 

infection. Drugs can be released from gel networks in a controlled manner, with the release rate 

depending on crosslinker types and crosslinking methods [44]. Agar diffusion tests could be used 

to study antibacterial performance and effective times for the loaded drugs. Another approach is 

to embed silver nanoparticles in the hydrogel coating. The nanoparticles can be synthesized via 

chemical reduction of silver nitrate solution [75]. This work should also consider the correlation 

between nanoparticle size and antibacterial performance. 
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Appendices 

Appendix A  : Fabrication Process of PDMS-Coated Glass Coverslip  

3 in × 1 in × 1 mm microscope slides were washed with acetone and distilled water. After being 

dried in air, the slides were cleaned by air plasma (700 mTorr and 30 W) for 75 s. A mixture of 

PDMS pre-elastomer and curing agent (10:1 weight ratio) was spin-coated onto the slides at 1500 

RPM for 60 s, and then the slides were incubated in a 60°C oven for 4 h. 
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Appendix B  : Double-Network Alginate-pHEMA Hydrogel Synthesis 

DN hydrogels of various monomer and crosslinker contents were prepared for mechanical property 

test. Monomer and crosslinker content was fixed in Steps 1 and 2, respectively. 

Step 1: SN hydrogel dishes were immersed in 10 vol-% ethyl alcohol solution containing 2 M 

HEMA, 0.5 wt-% Irgacure 651 and 1 wt-% Irgacure 2959, and various amounts of MBAA (0, 0.5, 

1, 2.5, and 4 mol-%) and incubated for 24 h. Then, each side of the gel dish was exposed to 365 

nm UV light for 20 min. The resulting DN hydrogel dishes were rinsed with 70% ethyl alcohol 

and DI water, and then immersed in PBS solution for 36 h prior to the compression test. 

Step 2: Separately, SN hydrogel dishes were incubated in 10 vol-% ethyl alcohol solution of 

various amounts of HEMA monomers (1 M, 2 M and 3 M) containing 0.5 wt-% Irgacure 651, 1 

wt-% Irgacure 2959, and 2.5 mol-% MBAA for 24 h. Each side of the gel dish was then exposed 

to 365 nm UV light for 20 min. After polymerization, the resulting DN gel dishes were rinsed with 

70% ethyl alcohol and DI water, and soaked in PBS solution for 36 h. 

The weights of both photoinitiators Irgacure 651 and Irgacure 2959 were calculated with respect 

to the gross weight of the solution, and the crosslinker MBAA concentration in mol-% was 

calculated with respect to the HEMA monomer content. Because Irgacure 651 does not dissolve 

in water, and Irgacure 2959 has relatively low aqueous solubility, to fully dissolve these two 

photoinitiators, they were added to 100% ethanol first in accordance to the amount of HEMA 

monomers, instead of being added to 10% ethyl alcohol directly. Subsequently, distilled water was 

added to the mixture to reach the aforementioned concentrations. The resulting pre-gel solution 

was agitated in a water mixer until no solid was observed. 
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Appendix C  : ImageJ Operation Guide 

1) Select “file” and “open,” then open the desired image. 

2) Click “image,” “type” and “16-bit” to convert the image to 16-bit. 

3) Click “process”, “subtract” and “background” and set “rolling ball radius” to 20 pixels, 

then tick “light background” and “preview” to subtract image background. 

4) Select “image,” “adjust” and “threshold” and adjust the bottom bar until the red image best 

matches the original image, then click “apply” to adjust the threshold. 

5) Click “analyze” and “measurement” to acquire the percentage confluence measurement. 
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Appendix D  : Fabrication procedures for Micropillar Substrate Cast 

The master was made from Asiga PlasWHITE pre-polymer and printed at a resolution of 0.01 mm 

per layer. Afterward, the part was washed twice with 2-propanol thoroughly and air dried on the 

bench. It was then post-cured in a Asiga FLASH for 9 min. Then, the master was glued to the 

bottom of a medium-sized petri dish, and Sylgard 184 silicone (pre-elastomer and curing agent 

ratio 5:1) was poured into the petri dish to create the negative of the master. After being degassed 

and cured at room temperature for 48 h, the negative was treated with air plasma for 75 s (700 

mTorr and 30 W) and coated with HMDS at room temperature for 24 h. A duplicate of the master 

was made from Sylgard 184 silicone (pre-elastomer and curing agent ratio 10:1) and cast in the 

negative and cured at room temperature for 48 h after the degassing process. Finally, thoroughly 

mixed Smooth-Cast 310 (Smooth-On, Inc., PA, USA) was poured onto the duplicate and left 

overnight at room temperature to create the plastic mold. To eliminate air bubbles in the plastic 

mold, the cured PDMS duplicate was degassed for at least 30 min prior to the last step.  
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Appendix E  : Ribbon Design for Hydrogel Adhesion Strength Test 

The master contained three test strips; each had a 1 cm × 1 cm square area covered in micropillars. 

The height and diameter of each micropillar was 200 µm and 150 µm, respectively. The distance 

between micropillars was 350 µm.  

 

Figure A.1 The schematics of the master 
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