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Abstract 

Bioadhesive materials have garnered great attention due to their potential to replace sutures 

and staples during surgical procedures. Compared to the traditional mechanical sealing modalities, 

bioadhesive materials are generally associated with short application times and reduced tissue 

damage. However, the complexities of delivering bioadhesive materials through narrow spaces 

and achieving strong adhesion in fluid-rich physiological environments continue to present 

substantial limitations to the broader surgical translation of existing glues and sealants, particularly 

in the domain of minimally invasive surgery. This thesis presents the design and testing of a 

surgically implantable tissue-sealing patch for versatile minimally invasive wound-closing 

applications. The design approach is guided by the clinical needs to resist contamination caused 

by pre-exposure body fluids, achieve fast, strong, and fluid-tight tissue adhesion, and prevent 

postsurgical biofouling and inflammation. These criteria are realized through the synergistic 

integration of multiple distinct functional layers, including (1) a microtextured bioadhesive layer 

comprised of an interpenetrating NHS-grafted PAAc and biopolymer network, (2) a blood-

repellent hydrophobic fluid layer infused into the microtextured bioadhesive layer, and (3) an 

antifouling zwitterionic polymer-interpenetrated elastomer backing. Strategies guiding the design 

and characterization of each layer are discussed, and tailored form factors for specific minimally 

invasive clinical applications are further demonstrated. This platform provides a basis for the 

future design of multifunctional, antifouling, and bioadhesive materials. 
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CHAPTER 1 

Introduction 

 

1.1  CLINICAL MOTIVATION 

 The ability to connect tissues is one of the cornerstones of general surgery. To this end, the 

traditional strategies of applying mechanical fasteners (i.e., sutures and staples) remain the current 

standards for sealing and repairing tissues in both open and minimally invasive surgery. However, 

these modalities carry inherent drawbacks. Suturing entails complex manipulations which are 

time-consuming and require a high level of surgical skill, and is therefore disadvantageous during 

time-sensitive or anatomically challenging operations. Surgical staples, while comparatively 

simpler to apply, have been associated with a rising number of adverse events caused by 

complications such as staple malformations and stapler misfirings [1]–[3]. Moreover, both sutures 

and staples achieve mechanical seals via pointwise punctures through tissue, which can be 

mechanically damaging and are prone to dehiscence, leakage, and inflammation [4]. Associated 

postoperative complications, such as anastomotic leaks and fibrous adhesion formation with 

surrounding organs, can result in devastating clinical consequences for patients and often require 

subsequent readmission surgeries to achieve definitive surgical repair [5]–[8]. 

 The challenges associated with sutures and staples are further amplified in minimally 

invasive settings, during which the use of endoscopic equipment typically limits visualization, 

depth perception, range of motion, and haptic feedback [2], [9]–[12]. At the same time, the demand 

for adopting minimally invasive and robotic surgical techniques has steadily trended upward due 
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to substantial associated improvements in patient outcomes such as reductions in blood loss, 

operation and recovery times, and healthcare costs [13], [14]. As such, there remains an unmet 

need for tissue sealing methods which can overcome the functional challenges for minimally 

invasive and robotic delivery [15]. 

 

1.2  TISSUE ADHESIVES: OVERVIEW AND LIMITATIONS 

 Tissue adhesives, commonly in the form of liquid glues and sealants, present attractive 

features as alternatives or adjuncts to sutures and staples for hemostasis, tissue sealing, and 

delivery of drugs and biologics [4], [16]–[28]. These materials generally carry the benefits of 

having short application times and inflicting minimal tissue trauma. Additionally, the continuous 

nature of their adhesive seals, rather than pointwise punctures, may reduce the incidence of 

suture/staple line leaks and their associated complications. Tissue adhesives therefore hold great 

potential for minimally invasive applications in which delicate tissues and difficult-to-access 

defect locations can be prohibitive to the use of sutures and staples. 

 Despite these advantages, the practical applications of existing tissue adhesives are limited 

by shortcomings related to their delivery method, adhesion strength, and/or tissue interaction 

(Figure 1-1 and Table 1-1). For instance, most commercially-available bioadhesives take the form 

of liquid glues, which are prone to displacement or dilution in dynamic and moist physiological 

environments. Additionally, many bioadhesive materials struggle to adhere in the presence of body 

fluids, which can compromise bonding groups in the material (e.g., by hydrolysis) and prevent 

adhesion to the target tissue [29]. To offer greater control over polymerization, several 

bioadhesives have been reported which incorporate external-stimuli-based adhesion activation 



15 

 

such as ultraviolet (UV) light crosslinking [27], [30]. However, the need for external activation 

sources can hinder their ease of use by introducing additional application steps and equipment. As 

a consequence of these limitations, many of the existing tissue adhesives are associated with slow 

adhesion processes and relatively low adhesion strength [19]. The mechanical properties of the 

tissue adhesives are important considerations as well. For example, fibrin- and PEG-based sealants 

exhibit low cohesive strength and are therefore nonideal for applications which involve high or 

dynamic mechanical loading. On the other hand, materials which solidify into rigid polymers, such 

as cyanoacrylates, are also undesirable due to the resulting adhesive-to-host compliance mismatch 

and associated stress concentration at the interface [16]. These stiff materials can incite excessive 

scar tissue formation. Additional clinical concerns include inflammatory responses, such as 

postoperative adhesion formation, and perioperative infectious complications [7], [21], [23]. In 

particular, postoperative adhesions represent major clinical complications following pericardial, 

abdominal, and intrauterine surgery. Characterized by fibrous bands of scar tissue creating 

abnormal seams between organ surfaces, adhesions can lead to loss of tissue function and often 

require substantial surgical reintervention (i.e., adhesiolysis procedures). With this risk in mind, 

an ideal bioadhesive should prevent, rather than promote, adhesion to the tissue surrounding the 

wound site. A brief summary of relevant tissue adhesive technologies and their corresponding 

functional performance for surgical application are displayed in Table 1-1. 
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1.3  THE SCOPE OF THE THESIS 

 The goal of this thesis is to present a design strategy for a multifunctional tissue sealing 

patch guided by the functional demands of minimally invasive surgery. The specific aims of the 

proposed platform are summarized as follows: 

1. To achieve fast, strong adhesion to wet tissue surfaces; 

2. To resist contamination by body fluids; 

3. To mitigate postoperative inflammatory and infectious complications; 

4. To undergo facile delivery and application using minimally invasive surgical 

instruments. 

Section 2 will describe the design of the multifunctional patch and the mechanisms for achieving 

each of the specific aims. In Section 3, methods to characterize the performance of the patch will 

be presented and experimental results will be discussed. Section 4 will propose several strategies 

for delivering the patch in a range of minimally invasive applications, including proof-of-concept 

ex vivo porcine demonstrations. Finally, Section 5 will discuss the takeaways and future outlook 

of the work. 
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Figure 1-1: Common functional limitations of tissue adhesives. 

 

Table 1-1: Comparison of various tissue adhesives and their functional performance for surgical 

application. 

Material & Form 
Wet Tissue 

Adhesion 

Body Fluid 

Resistance 

Adhesion 

Speed 

Adhesion 

Performance 
Antifouling 

MI Delivery & 

Application 
Reference 

Fibrin liquid glue No No 
Slow 

(>3 min) 
Low No 

Yes 

(injection) 

FDA-approved 

product  

(Tisseel) 

PEG liquid glue No No 
Slow 

(>2 min) 
Low No 

Yes 

(injection) 

FDA-approved 

product 

(Coseal) 

Cyanoacrylate liquid 

glue 
No No 

Fast 

(<1 min) 
High No N/R 

FDA-approved 

product 

(Histoacryl) 

Mussel-inspired 

adhesives 
Yes Yes 

Very 

Slow  

(>15 min) 

Intermediate No 
Yes 

(Injection) 
24, 25 

Bulk tough hydrogel Yes Yes 
Slow 

(>3 min) 
High No No 26 

Hydrophobic liquid 

glue 
Yes Yes 

Slow 

(>2 min) 
Intermediate No 

Yes 

(UV curing) 
27 

GelMA liquid glue No No 
Slow 

(>2 min) 
Intermediate No 

Yes 

(UV curing) 
28 

Double-sided tape Yes No 
Fast 

(> 5 sec) 
High No No 18 
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CHAPTER 2 

Design of the Multifunctional Patch 

 

2.1  OVERVIEW 

 The ideal characteristics of a bioadhesive material are defined by a comprehensive set of 

clinical requirements. Optimally, a bioadhesive should be capable of achieving robust adhesion to 

biological tissues in wet environments, form hermitic (fluid-tight) seals, possess mechanical 

properties compatible with the underlying tissue substrate, exhibit good biocompatibility and 

biodegradability, and have low levels of inflammation as well as a minimal risk of infection.  

 To develop an effective tissue sealant based on the requirements listed above, we propose 

the design of a solid patch featuring multiple functional layers: (1) a bioadhesive substrate, (2) a 

protective hydrophobic matrix, and (3) an antifouling non-adhesive backing (Figure 2-1). Through 

the synergistic integration of three components possessing distinct material and structural 

properties, the patch can be tuned to optimize its performance for a wide range of functionality 

with fewer practical trade-offs and limitations compared to single-material systems. In the 

following sections of this chapter, the mechanisms and fabrication methods of each layer will be 

described. 
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Figure 2-1: Illustrated schematic of the multilayer bioadhesive patch. The patch 

comprises a textured bioadhesive fused with an antifouling polymer layer on the 

non-adherent side, and is wetted with a hydrophobic fluid layer on the adherent side 

to repel body fluids. 

 

2.2  DESIGN OF THE BIOADHESIVE LAYER 

 The bioadhesive layer, positioned in between the two other functional layers, serves as the 

basis for the patch to achieve robust, fluid-tight seals. Its key function is to form fast adhesion with 

wet tissue surfaces. 

 

2.2.1  MATERIAL COMPOSITION 

 The bioadhesive material system described in this work is a double-network hydrogel 

comprised of poly(acrylic acid) grafted with N-hydroxysuccinimide ester (PAA-NHS ester) and 

chitosan [15], [19]. Poly(acrylic acid) is a highly hydrophilic polymer which is rich with ionizable 
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carboxylic acid side chains (Figure 2-2a). PAA-based materials are therefore capable of rapidly 

absorbing water and forming a high density of hydrogen bonds. Grafting of NHS esters to PAA 

can be carried out using carbodiimide (EDC/NHS) crosslinker chemistry (Figure 2-3): first, 

carboxylic acid groups on PAA react with EDC to form an active intermediate. The unstable 

intermediate reacts with NHS (or water-soluble Sulfo-NHS) to form an amine-reactive NHS ester, 

which can later conjugate to primary amines to form a stable amide bond [31]. The NHS ester is 

sensitive to hydrolysis and should therefore be kept in a dry-stable state to preserve reactivity with 

amines. Over time, PAA can be degraded via dissolution by hydration. 

 

 

Figure 2-2: Chemical structures of (a) poly(acrylic acid) and (b) chitosan. 

 

 

Figure 2-3: PAA-NHS ester reaction scheme for the formation of an amide bond 

between primary amines in proteins contained on tissue surfaces (upper), and the 

competing hydrolysis reaction (lower). 
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The second key component in the bioadhesive material is chitosan, a natural polysaccharide 

derived from chitin (Figure 2-2b) [32], [33]. Chitosan has been employed in a wide variety of 

biomedical applications, including as microspheres for drug delivery, coatings for orthopedic 

implants, scaffolds for tissue engineering, and various forms of bioadhesive materials. In addition 

to exhibiting favorable properties such as biocompatibility, non-toxicity, non-antigenicity, and low 

reactivity, the chemical structure of chitosan contains cationic amino groups which can form 

electrostatic interactions with tissue surfaces. Moreover, chitosan can be degraded by enzyme-

catalyzed hydrolysis and is thus an excellent candidate for biomedical applications. 

Drawing from the advantages of both polymers, the bioadhesive material used in this work 

is an interpenetrating network (IPN) of PAA-NHS ester and chitosan. The material is prepared via 

photopolymerization of the precursor solution, which contains the monomers, α-ketoglutaric acid 

as a photo-initiator, and poly(ethylene glycol dimethacrylate) (PEGDMA) as a biodegradable 

crosslinking agent. The cured material is fully dried prior to use. 

 

2.2.2  MECHANISM OF ADHESION 

In many clinical scenarios, complete removal of body fluids from tissue surfaces and 

maintenance of a dry physiological environment is impractical; therefore, the ability to form 

adhesion with wet tissues is a key property for most tissue adhesives. Conventional tissue 

adhesives tend to rely on diffusion of their monomers or polymers through the interfacial water to 

form crosslinks or chemical bonds with the tissue. Consequently, the time to form adhesion is 

dependent on the diffusion rate of these components, which can take tens of minutes, depending 

on their molecular weight and chemical features [20]. 
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To reduce the time to form adhesion, the PAA-NHS ester/chitosan network employs a dry-

crosslinking mechanism [15], [19]: first, the dry material is brought into contact with the wet tissue 

surface, and the highly hydrophilic PAA chains lend the material to rapid uptake of the interfacial 

water. Removal of the interfacial water occurs within seconds, which causes the material to swell 

(equilibrium water content of around 92% by volume) and quickly form physical crosslinks with 

the tissue. Owing to the carboxylic acid side chains of PAA, a high density of hydrogen bonds 

between the material and the tissue can be achieved. Electrostatic interactions between moieties of 

both PAA and chitosan further contribute to the short-timescale adhesion strength. The second part 

of the dry-crosslinking mechanism entails formation of covalent amide bonds between the NHS 

ester groups grafted on PAA and primary amine residues which are abundant on tissue surfaces. 

This covalent coupling is key to the long-term stable adhesion of the material. Chemical anchorage 

of the long-chain PAA network to the tissue substrate provides a relatively high work of adhesion 

[34]. In addition, the swollen PAA/chitosan double network has high stretchability and fracture 

toughness, which results in an overall high interfacial toughness. 

In the present work, the bioadhesive layer is designed to feature a micro-scale surface 

topography consisting of embedded bioadhesive microparticles (Figure 2-4). Details of the surface 

structure are described further in Section 2.3. The micro-scale surface structure plays a secondary 

role in the adhesion strength between the patch and the tissue substrate by contributing mechanical 

interlocking effects. Mechanical interlocking can enhance adhesion by increasing the contact area 

between the adhesive and the tissue, as well as by increasing the adhesive failure energy by 

provoking energy expenditure during crack propagation [35], [36]. Friction between the roughened 

bioadhesive surface and the tissue substrate during the initial stages of contact and adhesion can 

also act to prevent sliding and displacement of the adhesive during the adhesion process [37]. 
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Figure 2-4: Scanning electron micrographs (SEMs) of the microtextured 

bioadhesive surface from a top-down (left) and cross-sectional (right) point of view. 

The surface is prepared by embedding cryogenically grinded bioadhesive 

microparticles prior to complete drying of the substrate. A lubricating fluid is later 

impinged into the microtopography to form a stable hydrophobic matrix. 
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2.3  DESIGN OF THE HYDROPHOBIC LIQUID-INFUSED MATRIX 

 The bioadhesive polymer network described in Section 2.2 can suffer from premature 

swelling and contamination of the tissue-bonding functional groups if pre-exposed to water, blood, 

or other body fluids. In order to preserve the adhesive capacity of the bioadhesive material as it is 

maneuvered through the body, a second layer is introduced: a hydrophobic liquid-infused surface. 

The liquid-infused surface serves as a protective barrier by repelling blood and other immiscible 

contaminants until sufficient pressure is applied at the tissue surface to trigger dewetting. 

 

2.3.1  OVERVIEW OF LIQUID-INFUSED SURFACES 

 Microtextured (porous) surfaces infiltrated with a lubricating fluid have been reported to 

show excellent liquid-repellent behavior, with broad applications ranging from anti-icing surfaces 

to biofilm-resistant catheters and implants [38]–[44]. The basic principle behind liquid-infused 

surfaces (LIS), also known as slippery liquid-infused porous surfaces (SLIPS), lies in the tethering 

of a liquid to a surface, stabilized by surface chemistry and topographical effects, which provides 

a physical barrier to preclude adsorption to and fouling of the solid surface. The design of liquid-

infused surfaces draws inspiration from nature: carnivorous Nepenthes pitcher plants possess 

leaves with special surface properties adapted to capture prey [45]. These surfaces feature a highly 

regular microstructure of ridges projecting from the pitcher wall. When wet, the microstructure is 

remarkably effective at locking in a slippery fluid layer, so that the pitcher leaf becomes covered 

by a thin, stable liquid film which causes insects to slide into the digestive region by a process 

known as aquaplaning. The high wettability of  Nepenthes leaves is attributed to a combination of 

hydrophilicity and surface microtopography. 
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 By harnessing design principles similar to those exhibited by the Nepenthes pitcher plant, 

synthetic versions of slippery liquid-infused surfaces can be produced which exhibit superior non-

wetting behavior compared to typical solid-phase superhydrophobic surfaces (e.g., those based on 

the “lotus effect”) [39]. The presence of a smooth liquid interface mitigates droplet pinning, 

allowing immiscible liquids to be repelled without impediment. Liquid-infused surfaces are 

created by fabricating a solid substrate featuring a nano- or micro-scale topography, which 

promotes wetting of a lubricating liquid via capillary wicking and increased contact area with the 

solid. The stability of the liquid-infused surface and its effectiveness in repelling immiscible 

liquids are governed by interfacial energy relations described in Section 2.3.3. 

 

2.3.2  SELECTION OF THE LUBRICATING FLUID 

 The liquid infiltrating the microtextured substrate plays a key role in the overall design of 

the LIS. For the present application, which requires the LIS to maintain stability through the 

process of being maneuvered within the body, the viscosity of the lubricating fluid is an important 

parameter. While higher viscosity fluids tend to remain more stably locked into the underlying 

substrate in dynamic conditions, they also lead to greater frictional forces with immiscible liquids, 

resulting in a reduction in the repelled droplet velocity [40], [44]. Furthermore, current designs 

and applications of liquid-infused films typically have the singular aim to maintain the protective 

overlayer indefinitely; however, in this case, the ultimate fate of the lubricating layer is to be 

removed from the interface in order to expose the underlying adhesive material for tissue contact. 

Therefore, the pressure threshold required to squeeze out the interfacial oil should not be excessive, 

as high forces can potentially cause mechanical damage to the underlying tissue. Careful selection 
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of the lubricating fluid viscosity is therefore crucial to striking a balance between these desired 

effects. 

 The lubricating fluid must also be immiscible with blood and other body fluids, exhibit 

good chemical affinity with the bioadhesive substrate, and not induce secondary wound 

contamination or have toxic effects. Requirements related to the interfacial energies of the 

lubricating fluid are discussed further in Section 2.3.3. Based on these requirements, silicone oil 

(100 cSt) was selected as the lubricating fluid for the liquid-infused bioadhesive system.  

Sterilized silicone oils are routinely used as medical lubricants for minimally invasive 

devices and implants, and as intraocular tamponades during vitreoretinal surgery [46]. In general, 

it has been reported that silicone oils with a higher average molecular weight (i.e., higher viscosity 

oils) exhibit greater biocompatibility due to a lower tendency to emulsify. Silicone oils are 

commercially-available in a range of viscosities, allowing for systematic optimization of the LIS 

system. Future iterations of the liquid-infused bioadhesive design may benefit from investigating 

the performance of naturally-derived oils, such as soybean and vegetable oils, which could provide 

greater biodegradability. 

 

2.3.3  THERMODYNAMIC CONDITIONS 

 Smith et al. described the fundamental energy relations which govern the morphology of 

the liquid-substrate contact line [44]. The design of a fluid-repellent liquid-infused surface 

generally requires consideration of the interactions between four phases present in the system: the 

lubricant, the ambient air, the liquid to be repelled, and the solid substrate (Figure 2-5). In the 

present work, the corresponding system components are silicone oil, air, contaminating body fluids 
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(e.g., blood), and the bioadhesive material, respectively. Here, an additional material—the 

biological tissue—should also be considered for analysis of interactions at the tissue surface. These 

components will be denoted by subscripts o for oil, b for blood, a for air, ad for adhesive, and t for 

tissue. 

 

 

Figure 2-5: Schematics of the wetting configurations for a system comprising air, 

the bioadhesive substrate, silicone oil, blood, and tissue. 

 

The microparticles embedded in the bioadhesive surface can be treated as a close-packed model 

of uniform hemispheres with radius R and packing density 𝐷 = 𝜋√3/6 (i.e., hexagonal packing). 

The ratio of total surface area to the projected area is 𝑟 =
4𝜋𝑅2

6√3𝑅2 =
2𝜋

3√3
. 

First, to determine the stable configuration of the liquid-infused bioadhesive in air, we 

compare the total surface energies (denoted En) of two different configurations (a, b) consisting of 
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the bioadhesive substrate, the lubricating fluid, and air. For the lubricant to infiltrate the 

bioadhesive surface, we require: 

 𝐸1 > 𝐸2 (2.1a) 

Applying Young’s equation, this condition becomes: 

where θo/ad(a) denotes the apparent contact angle of the silicone oil on the adhesive substrate in air. 

By a similar treatment, for the bioadhesive surface to be preferentially wetted by the 

silicone oil in the presence of blood, the energies of configurations c and d can be compared: 

 𝐸3 > 𝐸4 ⇔ 𝛾𝑜 𝑎⁄ 𝑐𝑜𝑠 𝜃𝑜 𝑎𝑑(𝑎)⁄ − 𝛾𝑏 𝑎⁄ 𝑐𝑜𝑠 𝜃𝑏 𝑎𝑑(𝑎)⁄ > 0 (2.2) 

where γx/y denotes the interfacial energy between substances x and y. 

 Finally, we compare the total surface energies of two configurations (e, f) at the tissue 

surface to ensure the repulsion of blood by the silicone oil matrix. The corresponding energy 

relation that must be satisfied is: 

 𝐸5 > 𝐸6 ⇔ 𝛾𝑜/𝑏 +  𝛾𝑜 𝑎⁄ 𝑐𝑜𝑠 𝜃𝑜 𝑡(𝑎)⁄ − 𝛾𝑏 𝑎⁄ 𝑐𝑜𝑠 𝜃𝑏 𝑡(𝑎)⁄ > 0 (2.3) 

The conditions summarized by Eqns. (2.1)-(2.3) provide a toolkit for designing an effective 

blood-repellent liquid-infused bioadhesive system. System energies can be approximated by 

measuring the relevant contact angles, interfacial energies, and geometrical parameters. The values 

of the parameters for the present system are γo/a = 20.9 mN m-1, γb/a = 72.0 mN m-1, γo/b = 40 mN 

m-1, θo/ad(a) = 4.5°, θb/ad(a) = 96°, θo/t(a) = 4.2°, θb/ad(a) = 84° [47]–[50]. Substitution of these values 

in to Eqns. (2.1)-(2.3) confirm that the energy criteria for stable oil infiltration and blood repellency 

at the tissue interface are satisfied. 

 

 𝑟𝑐𝑜𝑠𝜃𝑜/𝑎𝑑(𝑎) > 1 (2.1b) 
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2.3.4  MICROSCALE TOPOGRAPHY FABRICATION 

 Some methods for fabricating nano- and micro-scale surface features include chemical and 

physical etching, molding, layer-by-layer deposition, and chemical coating. However, these 

methods can be time-consuming or expensive to test design iterations, and/or incompatible for 

patterning the bioadhesive material. For example, curing and drying the bioadhesive hydrogel in a 

micropatterned mold results in poor transfer of patterns with small dimensions or high aspect 

ratios. In this work, the strategy for producing a surface topography with tunable feature lengths 

is based on cryogenic grinding. In this process, small pieces of the dry bioadhesive material are 

chilled by liquid nitrogen and finely milled into microparticles. The average size of these 

bioadhesive microparticles can be tuned by varying the cryogenic grinding frequency. As the 

grinding frequency is increased, the average size of the microparticles decreases. Further sorting 

of microparticles by size can be achieved by passing the resulting powder through a series of fine-

mesh sieves. For the silicone oil-infused bioadhesive system, it was found that an average 

microparticle size of <100 μm generates a topography that can imbibe 100 cSt silicone oil, which 

remains stably adhered in the presence of blood (further details in Section 3.2). 

In order to embed the microparticles into the surface of a flat bioadhesive substrate, 

prepared microparticles are sifted through a fine-mesh sieve over the surface of a bioadhesive 

hydrogel (after curing, prior to complete drying). Due to the water content of the bioadhesive 

substrate, the contact points of the microparticles can become hydrated and form crosslinks with 

the bulk. Application of a gentle flow of nitrogen removes the non-embedded particles, and the 

entire assembly is thoroughly dried prior to infiltration with silicone oil. 

While the microparticle-based surface generation strategy holds numerous advantages such 

as ease of fabrication, tunable design iteration, and preservation of the material’s adhesive 
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capacity, it results in irregular surface features and poses the risk of microparticle detachment. 

Future development of the liquid-infused bioadhesive surface could include opportunities to create 

more controlled, regular patterns through alternative fabrication methods (e.g., 3D printing, 

embossing, photo-lithographic printing, and surface etching). This could enable topographies of 

greater complexity to be generated, such as unidirectional patterns for directed fluid repellence. 

Another promising potential form factor would be a porous mesh structure, which would provide 

enhanced flexibility and allow for fluids to be discharged through the pores at low pressure 

thresholds. In-depth discussion of these designs will not be included in the scope of the current 

thesis. 

 

2.3.5  PRESSURE-TRIGGERED INTERFACIAL DEWETTING 

 As established in Section 2.3.3, the silicone-oil infused microtextured bioadhesive surface 

should be designed to achieve thermodynamic stability in the preferred configurations, such that 

the lubricating fluid layer is maintained during manipulation of the patch through body fluid-rich 

environments. However, this layer must ultimately be removed from the bioadhesive/tissue 

interface to allow adhesion to occur (Figure 2-6). Dewetting of the textured surface can occur 

under the influence of externally applied pressure. This section will discuss several features of 

interested which affect fluid squeeze-out behavior between two solid surfaces. 
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Figure 2-6: Schematic of the combined blood-repelling and adhesion mechanism 

of the multilayer patch. (1) As the patch is maneuvered toward the tissue, the 

infused silicone oil layer repels blood and prevents contamination of the 

bioadhesive layer. (2) External pressure application drives interfacial dewetting 

between the bioadhesive and the tissue substrate. (3) The bioadhesive layer makes 

contact with the tissue surface and undergoes rapid hydration, forming physical 

crosslinks. (4) Covalent bonds form between NHS ester functional groups in the 

bioadhesive network and primary amines on the tissue surface. 

 

We can first consider the limiting case of a liquid positioned between two parallel 

molecularly smooth, hard surfaces [51]. When the surfaces approach one another under the 

influence of an external pressure perpendicular to the surfaces, the fluid is squeezed out 

horizontally. Viscous forces will pull the fluid toward the center of the contact region, and the 

pressure profile will follow a curve with a maximum at the central point. The dewetting of a single 

monolayer nucleates in the highest-pressure region of the contact interface (i.e., in the center of 

the contact region) and spreads toward the periphery. The hard solid walls, characterized by large 
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elastic moduli, prevent liquid rims from forming between monolayers, and dewetting occurs in a 

quantized process (monolayer by monolayer) until global dewetting is achieved [52]. The fluid 

squeeze-out time is thus determined by the viscosity of the fluid and the velocity with which the 

surfaces approach one another. 

The situation becomes more complex when considering the elasticity of the tissue 

substrate, as well as the surface microstructure of the bioadhesive. In this scenario, local dewetting 

will nucleate at points where asperity contact occurs between the bioadhesive and tissue surfaces 

[53], [54]. Additionally, the relatively low elastic modulus of biological tissues (E ~ 1 MPa) 

renders it subject to elastic deformation, and can lead to the collection of liquid rims formed by 

expelled fluid surrounding a just-formed dry zone (Figure 2-7) [55]. Thus, it is possible for islands 

of interfacial fluids (e.g., residual blood and oil) to remain entrapped between dry zones at the 

interface, forming non-adhered regions in the contact area. Interfacial fluid entrapment occurs at 

the cost of actual contact area between the patch and the tissue, resulting in weakening of the 

adhesive bond. This effect motivates the need to experimentally determine the conditions with 

which maximal fluid squeeze-out can be achieved. 

To consider the effect of tissue elasticity, we adopt the approach by Persson et al. and first 

evaluate a simplified system consisting of a thin liquid film contained between two flat surfaces: 

a soft material, e.g., the tissue substrate, and a rigid material, e.g., the bioadhesive material [52]. 

In the dry state, the PAA-NHS ester/chitosan material has an elastic modulus of 5.7 GPa and would 

be applied by means of a rigid surgical instrument, thus would not deform under hydrodynamic 

pressure. This approximation is appropriate for the fluid squeeze-out process (i.e., before the 

material becomes hydrated). For an interposed film of oil with initial thickness h, we can obtain 
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an expression for the energy required for nucleation of a dry patch, which corresponds to the 

creation of a contact bridge having a circular shape of radius R and thickness h (Figure 2-7). 

 

 

Figure 2-7: Schematic illustration of the nucleation of interfacial dewetting for a 

fluid between an elastic and a rigid substrate. 

 

 The elastic potential energy associated with the deformation of the tissue is UE = 1/2VEɛ2, 

where E is the elastic modulus of the tissue, ɛ is the strain, and V is the volume over which the 

displacement extends. Here, the strain is of order ɛ ~ h/R and V ~ R3, so we can write UE ≃ 

1/2Eh2R. The gain in surface energy is UA = πR2Δγ + 2πRhγt/o, where Δγ = γt/ad – (γt/o + γo/ad) and 

γt/ad, γt/o, and γo/ad are the tissue/adhesive, tissue/oil, and oil/adhesive interfacial energies. The total 

energy is therefore: 

 
𝑈𝑡𝑜𝑡𝑎𝑙 = 𝑈𝐸 + 𝑈𝐴 ≈

1

2
𝐸ℎ2𝑅 + 𝜋𝑅2Δ𝛾 + 2𝜋𝑅𝐻𝛾𝑡/𝑜 (2.6) 

 



34 

 

By taking ∂U/∂R = 0 and neglecting the last term (that is, 2πRHγt/o ≪ πR2Δγ), we can find 

the critical radius for nucleation, Rc: 

 
𝑅𝑐 ≃

ℎ2

4𝜋𝛿
 (2.7) 

where δ = |Δγ|/E is characteristic length for nucleation [52]–[55]. When a contact bridge with R > 

Rc is formed, a pressure gradient arising between the contact boundary and the rest of the system 

acts as a driving force for fluid squeeze-out. It has been experimentally found that nucleation 

typically occurs at lubrication film thicknesses much larger than e due to surface imperfections 

[37], [55]. 

 Now consider the system under the influence of an external squeezing pressure [52]. When 

a dry patch of radius R is formed, the energy contribution arising from the applied pressure is: 

 
𝑈𝑝 = − ∫ 2𝜋𝑟ℎ𝑃(𝑟)𝑑𝑟

𝑅

0

+ 𝑃(𝑅)𝜋𝑅2ℎ (2.8) 

Within the contact area, the pressure can be approximated as a Hertzian contact pressure between 

a rigid cylinder and an elastic half-space, which follows a parabolic profile: 

 
𝑃(𝑟) = 𝑃0 [1 − (

𝑟

𝑅0
)

2

]

1/2

 (2.9) 

where P0 is the maximum pressure, r is the distance from the center, and R0 is the Hertz contact 

radius. Applying the chain rule to find 
𝜕𝑈𝑝

𝜕𝑡
= (

𝜕𝑈𝑝

𝜕𝑅
) (

𝜕𝑅

𝜕𝑡
), we get: 

 𝜕𝑈𝑝

𝜕𝑡
=

𝜕𝑃(𝑟)

𝜕𝑟
|

𝑟=𝑅

𝜋𝑅2ℎ�̇� (2.10) 
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From Eqn. (2.8), this becomes: 

 
𝜕𝑈𝑝

𝜕𝑡
= −𝜋𝑃0ℎ𝑅�̇� (

𝑅

𝑅0
)

2

[1 − (
𝑅

𝑅0
)

2

]

1
2⁄

 (2.11) 

Meanwhile, the rate of change of interfacial energy is: 

 
𝜕

𝜕𝑡
(∆𝛾𝜋𝑅2) = 2∆𝛾𝜋𝑅�̇� (2.12) 

And the rate of viscous dissipation in the fluid per unit volume is: 

 Φ ~ 𝜂�̇� (2.14) 

where �̇� is the shear strain rate. For an incompressible fluid, conservation of volume gives the 

following relation between the volume of the dry patch and the dimensions of the surrounding 

fluid rim: 

 𝜋𝑅2ℎ ≈ 2𝜋𝑅𝐻𝑤 (2.15) 

Thus the viscous dissipation rate in the fluid rim is: 

 ΦΔ𝑉 ~ 2𝜋𝑅𝐻𝑤𝜂 (
�̇�

𝐻
)

2

 (2.16) 

If the gain in energy from the external pressure and change in interfacial energy is assumed to be 

dissipated entirely in the fluid rim, Eqns. (2.11), (2.12), and (2.15) yield: 

 {2∆𝛾𝜋𝑅 + 𝜋𝑃0ℎ𝑅 (
𝑅

𝑅0
)

2

[1 − (
𝑅

𝑅0
)

2

]

−1
2⁄

} �̇� ≈ 2𝜋𝑅𝐻𝑤𝜂 (
�̇�

𝐻
)

2

 (2.17) 

Note that Δγ < 0 if the interfacial energies favor adhesion between the solid surfaces.  
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From conservation of volume (Eqn. 2.15), Rh ≈ 2Hw, and assuming a quasistatic rim 

profile such that H2 ≈ δw, the following relation ensues: 

 
𝑤

𝐻
= (

𝑅ℎ

2𝛿2
)

1/3

 (2.18) 

Then from (2.17), one can write using normalized variables : 

 
𝑡

𝜏
=

4

3
∫

�̃�
1

3⁄

1 + 𝛼�̃�2(1 − �̃�2)−1
2⁄

𝑅/𝑅0

0

𝑑�̃� (2.19) 

where α is the dimensionless parameter 

 𝛼 =
𝑃0ℎ

2|Δ𝛾|
 (2.20) 

Thus the external pressure acts as a driving force to accelerate dewetting as the fluid approaches 

the boundary of the contact area. Note also that the squeeze-out time τ has a dependency ~ (
𝜂3

2𝛿2)
1/3

 

such that it increases with increasing fluid viscosity and elastic modulus, and decreases with 

increasing values of |Δγ|. In Figure 2-8, plots of R/R0 vs. t/τ for various values of α show how 

increasing pressure (given a fixed |Δγ|) affects the growth profile of a dry zone. This is the result 

derived by Persson et al., with a minor discrepancy in α (a factor of 3/2 vs. 1/2) owing to a different 

Hertzian pressure prefactor  [52]. 
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Eqns. (2.11) and (2.12) allow us to compare the relative importance of pressure and 

interfacial energy in driving fluid squeeze-out. Because (
𝑅

𝑅0
)

2

[1 − (
𝑅

𝑅0
)

2

]

1
2⁄

is mostly on the order 

of 1 from 0 to R0, the ratio between the contributions of pressure and interfacial energy is on the 

order of: 

 𝑃0: |∆𝛾|/ℎ (2.21) 

For example, if |Δγ| ~ 10 mN m-1 and h ~ 10-6 m, then for P0 ≫ 10 kPa, the pressure force 

contribution dominates the squeeze-out dynamics. 

 

Figure 2-8: Normalized growth profiles of a dry zone evolving in the contact area 

between a rigid solid and an elastic substrate separated by a fluid film of thickness 

h for different values of  α, where α = P0h/2|Δγ|. Higher values of α lead to 

acceleration of fluid squeeze-out. 
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Intuitively, one might expect that the effect of surface roughness would be to reduce contact 

area between the two solid surfaces and lead to a greater amount of interfacial fluid entrapment. 

To the contrary, experiments have found that rough-surface hydrogels can enhance the contact 

area with a glass substrate when squeezed together with a liquid layer interposed between them, 

compared to flat-surface hydrogels squeezed with glass under the same conditions [37]. This 

phenomenon can be reasoned by considering the role of surface roughness on the evacuation of 

interfacial fluid. When a flat surface is squeezed against an elastic substrate, the interposed fluid 

sustains the hydrodynamic pressure and a thin film remains until the surfaces are in very close 

proximity, i.e., near the critical length for nucleation relative to the characteristic length of surface 

asperities (as most real-life surfaces are not perfectly smooth). At this point, multiple dewetting 

domains form at once and islands of trapped fluid can occur due to contact boundary line 

instabilities and merging of boundary lines from separate nucleation points. When an island of 

trapped fluid is encircled by dry contact area, it effectively becomes “stuck” due to an insufficient 

pressure difference to drive squeeze-out [56]. On the other hand, for rough surfaces, the normal 

stress is primarily sustained by the apexes of the surface topography rather than by the interfacial 

fluid [37], [56]. As the applied pressure increases, interfacial fluid is free to drain through the 

channels between the apexes, and the contact area increases as the elastic substrate deforms. At 

longer timescales, hydration and swelling of the bioadhesive material will further increase the area 

of adhesion. A three-dimensional reconstruction of confocal micrographs taken at the interface of 

the microtextured bioadhesive (prepared using green fluorescent fluorescein-labeled chitosan) 

adhered to a soft gelatin hydrogel tissue phantom (prepared using red fluorescent Rhodamine 

Red™-labelled microbeads) shows the conformal adhesion interface between the microtextured 

bioadhesive surface and the gelatin hydrogel (Figure 2-9). 
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The presence of surface roughness also aids in the adhesion process by providing friction 

against the tissue, thus preventing the patch and the tissue from sliding against each other. Because 

flat films can sustain thin interfacial layers of fluid, the initial contact area is smaller than that in 

the rough case and the surfaces are more susceptible to sliding. 

Control and reproducibility over contact behavior can best be obtained by controlling the 

pressure with which the patch is applied (e.g., by use of a surgical device fixed to deliver known 

loads). An upper bound for acceptable pressure applications to enable oil squeeze-out may be set 

by the limit at which tissue damage occurs for the particular surgical application. Details regarding 

the experimental procedure for determining an appropriate pressure threshold for the liquid-

infused bioadhesive system are provided in Section 3.2.  

 

 

Figure 2-9: 3D reconstruction of confocal micrographs at the interface of adhesion 

between the microtextured bioadhesive face (green) and a gelatin-based tissue 

phantom (red). 
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2.4  DESIGN OF THE ANTIFOULING LAYER 

 The third component of the multilayer patch resides on the non-tissue-facing side which 

interacts with the surrounding physiological environment. This layer takes the form of a flexible 

and stretchable elastomer film interpenetrated with zwitterionic polymers. Its key function is to 

provide an antifouling surface to mitigate potentially harmful inflammatory responses and 

infectious complications. 

 

2.4.1  PROPERTIES OF ZWITTERIONIC MATERIALS 

 Zwitterions describe unique molecules containing an equal number of separate positively- 

and negatively-charged functional groups. Naturally-occurring zwitterionic materials are abundant 

in  biological systems (e.g., amino acids) and play distinct functional roles based on their charge 

group interactions. Synthetic zwitterionic materials were first reported in the 1950s [57]. Since 

then, zwitterionic materials have been used for a wide range of applications. Most notably, 

zwitterionic polymers have been found to exhibit remarkable antifouling properties due to their 

ability to attract a tight hydration shell while minimally disrupting the hydrogen-bonding structure 

of free water molecules [58]–[64]. Disturbance of this hydration shell carries a high energy cost 

which precludes the surface adsorption of bacteria and biomolecules (Figure 2-10). Owing to these 

features, zwitterionic polymers are attractive candidates for mitigating fouling by proteins, cells, 

and bacteria which are associated with clinical complications such as infection, blood coagulation, 

and postoperative adhesion formation. 
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Figure 2-10: (a) Illustrated depiction of the hydration-based antifouling 

mechanism of a zwitterionic material containing sulfobetaine moieties. Foulant 

adsorption is prevented due to the formation of a tightly bound hydration layer 

caused by electrostatic interactions between water molecules and the charged ionic 

groups. (b) Qualitative reaction coordinate diagram showing the increased energy 

barrier for adsorption associated with displacing the hydration shell surrounding a 

zwitterionic material. 

 

Two of the most commonly-used zwitterionic monomers contain cationic trimethyl 

ammonium groups and are classified as sulfobetaine (SB) and carboxybetaine (CB) based on their 

corresponding anions (sulfonate and carboxylate). Of these, SB monomers are more easily 

prepared and thus have a lower production cost, while CB monomers present greater design 

flexibility due to their amenability for functionalization of the -COOH groups [58]. Both moieties 

exhibit strong hydration behavior, which is a requisite for preventing protein adsorption. Despite 

their remarkable antifouling performance, poly(sulfobetaine) (pSB) and poly(carboxylbetaine) 

(pCB) based hydrogels typically suffer from poor mechanical properties, such as low toughness 

and stretchability, which hinders their long-term robustness and stability in physiological 

environments. 
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 To solve this, several strategies have been reported to create zwitterionic betaine hydrogels 

with more favorable mechanical properties. These include combining the zwitterionic polymers 

with other polymers in interpenetrating networks, block copolymers, and nanocomposite 

hydrogels [65]–[69]. Here, we present a strategy for interpenetrating zwitterionic polymers into 

the surface of an elastomer film to achieve antifouling surface modification while maintaining the 

elasticity and mechanical strength of the bulk elastomer. 

 

2.4.2  SURFACE-INTERPENETRATION OF ZWITTERIONIC POLYMERS IN AN ELASTOMER FILM 

 For the bulk material of the antifouling layer, thermoplastic polyurethane is an excellent 

candidate owing to its flexibility and strength, as well as its commercial availability. Medical-

grade polyurethanes featuring a range of mechanical properties are widely manufactured for use 

in the preparation of different types of medical devices, including implants, artificial organs, and 

device coatings [70]. In the present work, a hydrophilic ether-based polyurethane which has 

undergone biocompatibility testing is used (purchased from AdvanSource Biomaterials). The 

polyurethane is soluble in 95% v/v ethanol, and the solution can be readily spin coated into a thin, 

flat film. 

 The zwitterionic surface-interpenetration process is depicted in Figure 2-11. First, the base 

film is created by spin-coating a solution containing polyurethane and a hydrophobic photoinitiator 

(e.g., benzophenone). After the film is fully dried, it is submerged into a aqueous solution 

containing the zwitterionic monomer (e.g., SB or CB monomers) and a hydrophilic photoinitiator 

(e.g., α-ketoglutaric acid). Due to the insolubility of the hydrophobic initiator in aqueous solution, 

it remains embedded in the polyurethane film and does not diffuse into the zwitterionic solution. 
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Polymerization of the zwitterionic solution occurs under the influence of UV irradiation, during 

which the hydrophobic initiators contained at the surface of the polyurethane film serve as grafting 

agents for the zwitterionic polymers to crosslink with the polyurethane chains [71]. In the reaction 

solution, the hydrophilic initiators assist in the polymerization of the zwitterionic monomers. After 

reaction, the film is thoroughly washed for several days to remove unreacted zwitterionic 

monomers and ungrafted polymers. The resultant film bears zwitterionic polymers interpenetrated 

at the surface, which can be experimentally validated using chemical analysis methods (e.g., 

Fourier-transform infrared spectroscopy (FTIR)) (see Section 3.3.1). The film can then be 

integrated with the bioadhesive layer by using a thin layer of spin-coated polyurethane to bond the 

two layers at the interface. 
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Figure 2-11: Illustrated schematic of the fabrication strategy for producing a 

zwitterionic polymer-interpenetrated  polyurethane film. (a) A thin film of 

hydrophilic PU is treated with a hydrophobic initiator (i.e., benzophenone). (b) The 

treated PU film is submerged in a precursor solution containing the zwitterionic 

monomer and hydrophilic initiator, then cured in a UV chamber. (c) The sample is 

washed in a large volume of deionized water. (e) A zwitterionic-interpenetrated 

polyurethane film is retrieved. 
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CHAPTER 3 

Characterization: Methods and Results 

 

3.1  PREPARATION OF THE MULTILAYER PATCH 

3.1.1  PREPARATION OF THE BIOADHESIVE LAYER 

 For the 30 w/w % acrylic acid, 2 w/w % chitosan (HMC+ Chitoscience Chitosan 95/500, 

95 % deacetylation), 1 w/w % acrylic acid N-hydroxysuccinimide ester, 0.2 w/w % α-ketoglutaric 

acid, and 0.05 w/w % Poly(ethylene glycol dimethacrylate) (PEGDMA; Mn = 550) were dissolved 

in deionized water. For fluorescent microscopic visualization of the bioadhesive layer, fluorescein-

labeled chitosan was used. The precursor solution was poured on a glass mold with spacers (the 

thickness is 210 μm unless otherwise mentioned) and cured in a UV chamber (284 nm, 10 W 

power) for 30 min. Right after curing, dry bioadhesive microparticles were sifted through a 100 

μm sieve over the surface of the bioadhesive hydrogel. The resulting bioadhesive hydrogel with 

surface-embedded microparticles was then thoroughly dried and sealed in plastic bags with 

desiccant (silica gel packets) and stored at -20 °C prior to assembly with the non-adhesive layer.  

 

3.1.2  PREPARATION OF THE BIOADHESIVE MICROPARTICLES 

A bioadhesive film was first prepared by casting, curing, and drying the precursor solution 

described above. The fully dried bioadhesive material was then cryogenically grinded at 30 Hz 
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frequency for 2 min. The resulting bioadhesive microparticles were sealed in plastic bags with 

desiccant and stored at -20 °C until use. 

 

3.1.3  PREPARATION OF THE ZWITTERIONIC-INTERPENETRATED ELASTOMER 

10 w/w % hydrophilic PU (HydroMedTM D3, Advansource Biomaterials) and 0.1 w/w % 

benzophenone dissolved in ethanol/water mixture (95:5 v/v) was spin-coated at 200 rpm. The spin-

coated film was dried under airflow overnight, then submerged into an aqueous solution containing 

35 w/w % [2-(Methacryloyloxy)ethyl]dimethyl-(3-sulfopropyl)ammonium hydroxide (DMAPS) 

and 5 w/w % α-ketoglutaric acid for 10 min, followed by curing in a UV chamber (284 nm, 10 W 

power) for 1 h. The resultant film was thoroughly washed in a large volume of deionized water for 

3 days to remove unreacted reagents, then thoroughly dried under airflow. 

 

3.1.4  ASSEMBLY OF THE MULTILAYER PATCH 

To combine the zwitterionic layer with the bioadhesive layer, a thin layer of 5 w/w % 

hydrophilic PU solution in ethanol/water mixture (95:5 v/v) was spin-coated at 400 rpm over the 

flat surface of the bioadhesive layer. The zwitterionic layer was then pressed on top and the entire 

assembly was thoroughly dried. The hydrophilic PU solution served as an adhesive between the 

zwitterionic layer and the bioadhesive layer by interpenetrating and drying between the two layers. 

To introduce the hydrophobic fluid layer, silicone oil (100 cSt viscosity) was first sterilized by 

filtration through a sterile membrane with 0.2 μm pore size to remove bacteria and other 

microorganisms. The sterilized silicone oil was then impinged on the microtextured surface of the 

bioadhesive layer. 
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3.2  ADHESION CHARACTERIZATION 

3.2.1  BLOOD RESISTANCE 

 To evaluate the protective capacity of the silicone oil-infused bioadhesive surface, samples 

of the patch with and without silicone oil were submerged in blood and their fouling behaviors 

were compared (Figure 3-1a). When submerged in a porcine blood bath, the patch without the 

silicone oil layer is immediately wetted by the blood and loses its adhesive capability, whereas the 

patch with the protective silicone oil layer resists blood contamination and remains intact. To 

further investigate the effect of the surface microtopography on the stability of the fluid layer, 

patches with flat and microtextured bioadhesive surfaces were subjected to vigorous shaking in a 

porcine blood bath. While the multilayer patch with a flat bioadhesive surface shows substantial 

blood contamination after shaking, the patch comprising a microtextured surface exhibits robust 

protection of the bioadhesive layer against vigorous blood flow, supporting the significance of the 

microtextured design of the bioadhesive layer in order to achieve stable contaminant-repellent 

properties (Figure 3-1b). 

 

Figure 3-1: (a) Photographs of multilayer patches with and without the 

hydrophobic fluid layer before and after submerging in a porcine blood. (b) 

Photographs of the multilayer patches with flat and microtextured bioadhesive 

layers before and after vigorously shaking in a porcine blood bath. 



48 

 

3.2.2  INTERFACIAL FLUID ENTRAPMENT 

To determine the optimal pressure conditions for removing interfacial blood and 

maximizing the contact area of adhesion, the amount of residual blood entrapped between patches 

and gelatin hydrogel tissue phantoms was quantified following adhesion under varying applied 

pressures covered with porcine blood (Figures 3-2 and 3-3). The gelatin hydrogel tissue phantoms 

were prepared by dissolving 10 w/w % gelatin (300 bloom) in deionized water at 40 ℃, pouring 

the solution into a glass mold with 5 mm spacers, and then cooled at room temperature for 1 h. A 

sample of the multilayer patch (25.4 mm in width and 25.4 mm in length) was coated with silicone 

oil (100 cSt viscosity), then placed onto a gelatin hydrogel tissue phantom submerged in blood 

with the hydrophobic oil layer facing downward. The multilayer patch was pressed against the 

tissue phantom at varying applied pressures using a mechanical testing machine (2.5 kN load-cell, 

Zwick/Roell Z2.5) for 5 s. The blood entrapped at the adhered patch-tissue phantom interface was 

visualized by taking photographs. To quantify the blood-entrapped area, the photographs were 

processed and analyzed by using ImageJ (Figure 3-3). 

The adhesive shear strength of patches adhered to blood-covered porcine skin tissues under 

the same varying pressures was also measured (Figure 3-2c and 3-4). As the applied pressure 

increases, the area of entrapped blood decreases while the adhesive shear strength increases. When 

the applied pressure exceeds 77.5 kPa, the amount of entrapped blood and the adhesive shear 

strength both reach plateau values, indicating that a threshold pressure of 77.5 kPa can effectively 

repel most of the interfacial blood and activate optimal adhesion of the multilayer patch. Notably, 

this level of pressure (i.e., around 100 kPa) can be readily applied by surgical end effectors such 

as staplers and balloons. 
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Figure 3-2: Characterization of blood repellence and adhesion performances of the 

multilayer patch under varying applied pressures. (a) Representative photographs 

of the interfaces between the adhered multilayer patches and tissue phantom gelatin 

hydrogels. (b) Percentage of blood-entrapped area at the interface as a function of 

applied pressure. c) Shear strength of adhered multilayer patches and blood-

covered porcine skin as a function of applied pressure. Values in (b,c) represent the 

mean and the standard deviation (n = 2). P values are determined by a Student’s t-

test; * p ≤ 0.05; ** p ≤ 0.01; *** p ≤ 0.001. 
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Figure 3-3: Representative processed images for the quantification of blood 

entrapment at the area of adhesion between the patches and blood-covered gelatin 

hydrogel tissue phantom compressed at (a) 1.5 kPa, (b) 15.5 kPa, (c) 30 kPa, (d) 55 

kPa, (e) 77.5 kPa, and (f) 100 kPa for 5 s. Photographs were processed by globally 

thresholding in ImageJ, then analyzed to quantify the percentage of blood-

entrapped area. 

 

Figure 3-4:  Shear stress vs. displacement curves for lap-shear tests of multilayer 

patches adhered to blood-covered porcine skins with varying applied pressures (1.5, 

15.5, 30, 55, 77.5, and 100 kPa) for 5 s. 
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3.2.3  ADHESION STRENGTH 

 To quantitatively evaluate the ability of the multilayer patch to form adhesion in blood, 

samples of the patch were adhered with porcine skin tissues submerged in a blood bath using an 

applied pressure of 77.5 kPa, and quantitatively assessed by 180-degree peel tests (ASTM F2256), 

lap-shear tests (ASTM F2255), and tensile tests (ASTM F2258) to measure the interfacial 

toughness, shear strength, and tensile strength of the adhered samples, respectively (Figures 3-5 

and 3-6). 

To measure interfacial toughness, the adhered samples with widths of 2.5 cm were prepared 

and tested by the standard 180-degree peel test (ASTM F2256) using a mechanical testing machine 

(2.5-kN load-cell, Zwick/Roell Z2.5). All tests were conducted with a constant peeling speed of 

50 mm min-1. The measured force reached a plateau as the peeling process entered the steady-state. 

Interfacial toughness was determined by dividing two times of the plateau force (for 180-degree 

peel test) with the width of the tissue sample (Figure 3-6a). Hydrophilic nylon filters (1 µm pore 

size, TISCH Scientific) were applied as a stiff backing for the multilayer patch. Poly(methyl 

methacrylate) (PMMA) films (with a thickness of 50 µm; Goodfellow) were applied using 

cyanoacrylate glue (Krazy Glue) as a stiff backing for the tissues.  

 To measure shear strength, the adhered samples with an adhesion area of 2.5 cm in width 

and 1 cm in length were prepared and tested by the standard lap-shear test (ASTM F2255) with a 

mechanical testing machine (2.5-kN load-cell, Zwick/Roell Z2.5). All tests were conducted with 

a constant tensile speed of 50 mm min-1. Shear strength was determined by dividing the maximum 

force by the adhesion area (Figure 3-6b). Hydrophilic nylon filters were applied as a stiff backing 

for the multilayer patch. PMMA films were applied using cyanoacrylate glue (Krazy Glue) as a 

stiff backing for the tissues. 
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 To measure tensile strength, the adhered samples with adhesion area of 2.5 cm in width 

and 2.5 cm in length were prepared and tested by the standard tensile test (ASTM F2258) with the 

mechanical testing machine. All tests were conducted with a constant tensile speed of 50 mm min-

1. Tensile strength was determined by dividing the maximum force with the adhesion area (Figure 

3-6c). Aluminum fixtures were applied by using a cyanoacrylate glue to provide grips for the 

tensile tests. 

The interfacial toughness, shear strength, and tensile strength of porcine skin tissues 

adhered using various commercially-available tissue adhesives were measured as well, including 

fibrin-based Tisseel, albumin-based Bioglue, polyethylene glycol (PEG)-based Coseal, and 

cyanoacrylate-based Histoacryl (Figure 3-7). Compared to these commercially-available tissue 

adhesives, the multilayer patch resists blood contamination and achieves significantly higher 

interfacial toughness (536.7 ± 93.4 J m-2), shear strength (56.1 ± 4.7 kPa), and tensile strength 

(65.0 ± 8.0 kPa). 
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Figure 3-5:  Experimental setup for the adhesion characterization of the multilayer 

patch and tissues submerged in blood. First, a sample of porcine tissue is covered 

with heparinized porcine blood. The multilayer patch is placed in the blood bath, 

then a mechanical tester applies a controlled pressure to adhere the patch to the 

tissue. After 5 s of pressure application, the adhered sample is collected for 

mechanical characterization to measure interfacial toughness, shear strength, or 

tensile strength, following ASTM standards F2256, F2255, and F2258. 
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Figure 3-6: Schematic illustrations of the experimental setup for (a) interfacial 

toughness measurements based on the standard 180-degree peel test (ASTM 

F2256); (b) shear strength measurements based on the standard lap-shear test 

(ASTM F2255); and (c) tensile strength measurements based on the standard tensile 

test (ASTM F2258). 
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Figure 3-7:  Comparison of adhesion performances of the multilayer patch and 

various commercially-available tissue adhesives, adhered to porcine skin coated 

with porcine blood. Values represent the mean and the standard deviation (n = 3). 

P values are determined by a Student’s t-test; ns, not significant (p > 0.05); * p ≤ 

0.05; ** p ≤ 0.01; *** p ≤ 0.001. 
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3.3  MECHANICAL PROPERTIES 

3.3.1  MECHANICAL PROPERTIES OF THE PATCH 

The tensile properties and fracture toughness of the samples were measured using pure-

shear tensile tests of thin rectangular samples (10 mm in length, 30 mm in width, and 0.5 mm in 

thickness) with a mechanical testing machine (20-N load-cell, Zwick/Roell Z2.5). All tests were 

conducted with a constant tensile speed of 50 mm min-1. The fracture toughness of the samples 

was calculated based on tensile tests of unnotched and notched samples (Figure 3-8). The 

measured shear modulus of the fully assembled multilayer patch is 70 kPa, and the measured 

fracture toughness of the multilayer patch is 2,100 J m-2. 

 

Figure 3-8: Mechanical characterization of the multilayer patch. (a) Engineering 

stress vs. stretch curve of the multilayer patch. The measured shear modulus of the 

multilayer patch is 70 kPa. (b) Schematic illustrations of a pure-shear test for 

unnotched and notched samples. (c) Force vs. distance between clamps curves for 

the unnotched and notched antifouling face. Lc indicates the critical distance 

between the clamps at which the notch turns into a running crack. The measured 

fracture toughness of the multilayer patch is 2,100 J m-2. 
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3.3.2  MECHANICAL PROPERTIES OF THE ANTIFOULING LAYER 

 The fracture toughness of the zwitterionic-interpenetrated polyurethane layer was 

compared with a pure zwitterionic hydrogel (Figures 3-9 and 3-10). To prepare the zwitterionic 

hydrogel, 50 w/w % DMAPS, 0.5% w/w % Irgacure 2959, and 0.5% w/w % PEGDMA were 

dissolved in deionized water. The precursor solution was then poured on a glass mold with 1 mm 

spacers and cured in a UV chamber (284 nm, 10 W power) for 60 min. Compared to the 

zwitterionic hydrogel (fracture toughness 0.35 J m-2 and stretchability less than 1.5 times of the 

original length), the zwitterionic-PU layer exhibits superior mechanical properties (fracture 

toughness around 420 J m-2 and stretchability over 3.5 times of the original length). 

 

 

Figure 3-9: Representative engineering stress vs. stretch curves for the 

zwitterionic-interpenetrated polyurethane layer and a pure zwitterionic hydrogel. 
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Figure 3-10:  Fracture toughness of a pure zwitterionic hydrogel (0.35 J m-2) and 

the zwitterionic-interpenetrated elastomer layer (420 J m-2). 

 

3.4  ANTIFOULING PERFORMANCE 

3.4.1 CHEMICAL CHARACTERIZATION 

 To verify the presence of polysulfobetaines in the zwitterionic-interpenetrated 

polyurethane film, the surface was characterized by a transmission Fourier transform infrared 

spectroscope (FTIR 6700, Thermo Fisher) using a Germanium attenuated total reflectance (ATR) 

crystal (55 deg) (Figure 3-11). Compared to pristine PU, the FTIR spectrum for the zwitterionic-

interpenetrated PU shows strong absorbance peaks at 1020 cm-1 and 1180 cm-1, which correspond 

to vibrations of the sulfonate group (-SO3) present in the sulfobetaine moiety [61]. 
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Figure 3-11:  FTIR spectra of the zwitterionic layer and unmodified pristine 

hydrophilic PU; peaks at 1020 cm-1 and 1180 cm-1 correspond to vibrational modes 

of the sulfonate group (-SO3-). 

 

3.4.2 BACTERIAL ADHESION 

 To characterize the antifouling performance of the zwitterionic layer, its capability to 

mitigate in vitro bacterial adhesion was evaluated (Figure 3-12). Bacterial attachment to implanted 

materials can lead to biofilm formation and surgical site infection, which cause significant patient 

morbidity and substantial healthcare costs due to the need for additional procedures and 

antimicrobial therapies. To evaluate the antimicrobial performance of the zwitterionic layer, 

various patches with non-adhesive faces comprised of a hydrophobic polymer 

(polydimethylsiloxane, PDMS), a hydrophilic polymer (pristine hydrophilic PU), and the 

zwitterionic-interpenetrated elastomer were incubated with a green-fluorescent protein (GFP)-

expressing Escherichia coli (E. coli).  

 An engineered Escherichia coli (E. coli) strain that constitutively expresses green 

fluorescent protein (GFP) was prepared by following a previously reported protocol and cultured 
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in Luria-Bertani broth (LB broth) overnight at 37 °C. 1 µL of bacteria culture diluted in 1 mL of 

fresh LB broth was placed on samples (1 cm × 1 cm) and incubated for 24 h at 37 °C [71]. After 

incubation, the samples were taken out and rinsed with phosphate buffered saline (PBS) to remove 

the free-floating bacteria, and imaged with a fluorescence microscope (Eclipse LV100ND, Nikon). 

The number of adhered E. coli on the samples per unit area (mm2) were counted by ImageJ. In 

contrast to the patches featuring hydrophobic (~ 1,370 counts mm-2) and hydrophilic non-adhesive 

layers (~ 1,360 counts mm-2), the patch with the zwitterionic layer exhibits a significantly lower 

level of E. coli adhesion (~ 0.9 counts mm-2). 

 

3.4.3 THROMBOGENICITY 

 The antifouling performance of the zwitterionic layer was further assessed by evaluating 

its capacity to resist the adsorption of fibrinogen in porcine whole blood. Surface attachment of 

fibrinogen leads to the formation of a fibrin meshwork, which serves as the basis of a blood clot. 

Thus, the surface coverage of fibrin can indicate the potential for a biomaterial to induce platelet 

accumulation, activation, and thrombus formation, which are undesirable for applications in which 

the bioadhesive interfaces with a bloodstream. Samples with non-adhesive layers comprised of a 

hydrophobic polymer (PDMS), a hydrophilic polymer (pristine hydrophilic PU), and the 

zwitterionic-interpenetrated elastomer were submerged in a blood bath containing heparinized 

porcine whole blood spiked with Alexa Fluor 488-tagged fibrinogen [72].  

 A 5 v/v % solution of fetal bovine serum (FBS) in PBS used to block the wells of a 24-

well plate for 30 min. The wells were rinsed with PBS, then 6 mm-diameter samples were placed 

in the blocked wells. The samples were submerged in porcine blood spiked with Alexa Fluor® 488-

labeled human fibrinogen conjugate (66 μg fibrinogen mL-1 blood, Thermo Fisher) and incubated 



61 

 

on a shaker in 220 rpm at room temperature for 60 min. The samples were gently rinsed in PBS 

and fixed for 1 hour in 2.5 v/v% glutaraldehyde in 0.1 M phosphate buffer. The samples were then 

imaged with a fluorescence microscope (Eclipse LV100ND, Nikon) and analyzed by using 

ImageJ.  

 Exhibiting similar behavior to the results for bacterial adhesion, the patch with the 

zwitterionic layer shows significantly lower levels of  fibrin deposition (~0.1% areal coverage) 

compared to the patches with hydrophobic (~3.09% areal coverage) and hydrophilic faces (~2.16% 

areal coverage) (Figure 3-13). These results suggest a lower thrombogenic risk associated with 

the zwitterionic material in contact with whole blood. 
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Figure 3-12:  (a) Representative fluorescent micrographs of GFP-expressing E. 

Coli adhered to a hydrophobic polymer (PDMS), a hydrophilic polymer (PU), and 

the zwitterionic layer following 24 h incubation. (b) The number of adhered E. Coli 

per mm2 for each substrate. 

 

 

Figure 3-13:  (a) Representative fluorescent micrographs of fibrin network 

formation on a hydrophobic polymer (PDMS), a hydrophilic polymer (PU), and the 

zwitterionic layer after 60 min of exposure to porcine whole blood spiked with 

fluorescently-tagged fibrinogen. (b) Fibrin area coverage (%) for each substrate. 
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3.5  BIOCOMPATIBILITY AND BIODEGRADATION 

3.5.2  IN VIVO IMPLANTATION: SMALL ANIMAL MODEL 

All animal surgeries were reviewed and approved by the Committee on Animal Care at the 

Massachusetts Institute of Technology. Female Sprague Dawley rats (225-250 g, Charles River 

Laboratories) were used for all in vivo studies. Before implantation, the multilayer patch was 

prepared using aseptic techniques and was further sterilized for 3 hours under UV light. For 

implantation in the dorsal subcutaneous space, rats were anesthetized using isoflurane (1–2% 

isoflurane in oxygen) in an anesthetizing chamber. Anesthesia was maintained using a nose cone. 

The back hair was removed and the animals were placed over a heating pad for the duration of the 

surgery. The subcutaneous space was accessed by a 1-2 cm skin incision per implant in the center 

of the animal’s back. To create space for implant placement, blunt dissection was performed from 

the incision towards the animal shoulder blades. multilayer patches with hydrophobic polymer 

(PDMS) faces (n = 4), hydrophilic polymer (pristine hydrophilic PU) faces (n = 4), and zwitterionic 

faces (n = 4) with the size of 10 mm in width and 20 mm in length were placed in the subcutaneous 

pocket created above the incision without detachment. The incision was closed using interrupted 

sutures (4-0 Vicryl, Ethicon) and 3-6 ml of saline were injected subcutaneously. Up to four 

implants were placed per animal ensuring no overlap between each subcutaneous pocket created. 

After 2 or 4 weeks following the implantation, the animals were euthanized by CO2 inhalation. 

Subcutaneous regions of interest were excised and fixed in 10% formalin for 24 hours for 

histological analysis. 
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3.5.2  IN VIVO FIBROUS ENCAPSULATION 

 To evaluate the biocompatibility and in vivo antifouling performance of the multilayer 

patch, the fibrous capsule formed in response to a variety of patches was measured and compared. 

As described in the preceding section, rats were implanted with patches containing non-adhesive 

layers comprised of a hydrophobic polymer (PDMS), a hydrophilic polymer (pristine hydrophilic 

PU), and the zwitterionic-interpenetrated elastomer. At time points of 2 and 4 weeks following 

implantation, the tissues were collected and fixed and submitted for histological processing and 

Masson’s Trichrome staining. The thickness of fibrous capsule was measured under a bright-field 

digital microscope (Eclipse LV100ND, Nikon) based on histology slides of each sample.  

 The formation of a thick fibrotic encapsulation around the surgical site is highly 

undesirable and can result in complications such as organ stricture and postoperative adhesions 

[7], [29]. After 2 weeks of implantation, histological analysis shows that the patch containing the 

zwitterionic layer exhibits a significantly thinner fibrous capsule around the patch (145 ± 29 μm) 

compared to the patches with hydrophobic (574 ± 125 μm) and hydrophilic polymer layers (185 ± 

16 μm) (Figure 3-14a). After 4 weeks of implantation, the patch with the zwitterionic layer 

maintains a similar thickness of fibrous capsule around the patch (135 ± 7 μm) to the 2-week 

results, whereas the patches with hydrophobic (1163 ± 138 μm) and hydrophilic (307 ± 73 μm) 

polymer layers exhibit significantly thicker fibrous capsules than their respective 2-week results 

(Figure 3-14b). In summary, these results suggest that the zwitterionic layer of the multilayer 

patch possesses favorable capacities to resist excessive fibrosis around the injury site. 
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Figure 3-14:  (a,b) Representative histological images stained with Masson’s 

trichrome for in vivo rat dorsal subcutaneous implantation of patches with non-

adhesive faces comprised of a hydrophobic polymer (PDMS, left), a hydrophilic 

polymer (PU, middle), and the zwitterionic layer (right) after 2 weeks (a) and 4 

weeks (b). (c) Fibrous capsule thickness formed around the implanted samples after 

in vivo the implantation. Values in (c) represent the mean and the standard deviation 

(n = 4). P values are determined by a Student’s t-test; * p ≤ 0.05; ** p ≤ 0.01; *** 

p ≤ 0.001. 

 

3.5.3  INFLAMMATION SCORING 

To further investigate the in vivo biocompatibility of the multilayer patch, histological 

images of the implanted samples were submitted for histological analysis and evaluated by a 

blinded pathologist (Figure 3-15). The degree of inflammation at the implantation site for the 

zwitterionic layer-containing patch received average scores of 1.33 and 1.67 after 2 and 4 weeks, 

respectively, which fall within the “very mild” to “mild” inflammation range. These results 

indicate that the multilayer patch elicits low levels of acute and chronic inflammation. 
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3.5.4  BIOSTABILITY 

The multilayer patch exhibits stability for several weeks at the implantation site in vivo 

(Figure 3-16). Because the bioadhesive layer is comprised of PAA-NHS ester crosslinked with 

biodegradable linkages and the biopolymer chitosan, it can be left to undergo enzymatic 

biodegradation within the body if it is intended to be implanted without recurrent surgery. The 

degradation rate can be tuned by changing the type of biopolymer used in the bioadhesive material 

(e.g., gelatin or alginate instead of chitosan) or the ratio of crosslinking agent used. 

 

 

Figure 3-15:  In vivo inflammation scoring of the multilayer patch. Representative 

H&E histological images of multilayer patches with non-adhesive layers comprised 

of a hydrophobic polymer, a hydrophilic polymer, and a zwitterionic-

interpenetrated elastomer layer implanted into the dorsal subcutaneous spaces of 

rats after a) 2 weeks and b) 4 weeks. c) Histological evaluation of the degree of 

inflammation at the implantation sites by a blinded pathologist. Degree of 

inflammation is scored wherein 0 = normal, 1 very mild, 2 = mild, 3 = severe, and 

4 = very severe. Values represent the mean and standard deviation (n = 3). 
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Figure 3-16:  In vivo stability of the multilayer patch. Representative histological 

images stained with Masson’s trichrome of samples implanted into the dorsal 

subcutaneous spaces of rats for a) 2 weeks and b) 4 weeks. At 4 weeks after 

implantation, the bioadhesive patch begins to exhibit visual signs of gradual 

degradation and decomposition. 
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CHAPTER 4 

Minimally Invasive Surgical Applications 

 

4.1  ORIGAMI-INSPIRED DESIGN 

 In order for the patch to achieve utility in minimally invasive surgery, it must be amenable 

to navigation through narrow spaces and facile deployment on demand. With this in mind, 

inspiration was drawn from origami: the Japanese art of paper folding. Due to the solid tape-like 

form-factor of the multilayer patch, it can be folded into compact, 3-dimensional shapes that are 

programmed to expand upon actuation of surgical end effectors. This section discusses the material 

properties that enable this strategy to be adapted, and describes the prototypical designs developed 

for several ex vivo proof-of-concept demonstrations. 

 

4.1.1   PLASTIC TO RUBBERY STATE TRANSITION 

The basis of the origami-inspired design strategy lies in the transition of the bioadhesive 

polymer network from the glassy state, during which it can maintain a deformed shape, to the 

rubbery state, during which the strain at its folded hinges is released. The general strategy is alike 

that of shape memory polymers (SMPs), which are pre-deformed into temporal shapes in the glassy 

phase with the intent of recovering their original shapes in response to an external stimulus, such 

as temperature. Here, the dry bioadhesive material is in the glassy state at room temperature. When 

the patch is folded, the elastomer is constrained by the bioadhesive material due to its higher 
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rigidity, such that the creases are held in place. Hydration of the bioadhesive material is the driving 

stimulus for the phase transition, which occurs upon tissue contact when interfacial water is 

absorbed. Hydration works by lowering the glass transition temperature of the material. As a result, 

the patch returns to the soft rubbery state and conforms to the tissue surface (Figure 4-1). 

 

 

Figure 4-1: Photographs showing the multilayer patch in the plastically-

deformable dry glassy state. Upon hydration, the folded patch transitions to the 

rubbery state and becomes a soft, conformable hydrogel. 

 

4.1.2   BALLOON CATHETER-BASED DELIVERY METHOD 

Balloon catheters have long and widely been used for a broad range of applications in 

various systems of the body, such as for angioplasty, stent delivery, and balloon occlusion. These 

devices are well-suited for the endoluminal delivery and precise deployment of medical devices 

and biomaterials in hollow structures (e.g., trachea, esophagus) and large vessels. To be made 

compatible with balloon catheter-based delivery, the patch can be folded into a sleeve 

circumscribing the uninflated balloon with the oil-impinged layer oriented radially outward 

(Figure 4-2 and 4-3). Once positioned at the defect site, inflation of the balloon will drive it to 
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expand and cause the bioadhesive patch to unfold, making contact with the luminal tissue. The 

radial pressure exerted by the balloon on the bioadhesive and the tissue triggers the dewetting and 

adhesion of the bioadhesive, resulting in rapid endoluminal sealing. In a proof-of-concept 

prototype shown in Figure 4-2a, the bioadhesive patch was folded into a simple tri-faced sleeve 

for coupling with esophageal and Foley catheters. Alternatively, the sleeve can also take the form 

of a cylinder with numerous pleated “wings” (Figure 4-2b). In order to secure the positioning of 

the sleeve on the balloon, removable stabilizing elements (e.g., stiffening members which dissolve 

or fracture upon deployment) can be incorporated which restrict movement, bunching, or rotation 

during travel through the lumen. 

 

 

 

Figure 4-2:  Folding schematic for (a) a triangular sleeve and (b) a pleated 

cylindrical sleeve with “wings” for integration of the bioadhesive patch with a 

balloon catheter. The numbers of edges and wings may vary. 
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Figure 4-3:  Photographs showing the deployment mechanism using an esophageal 

balloon catheter. 

 

4.1.3   STAPLER-BASED DELIVERY METHOD 

A ubiquitous surgical instrument in endoscopic surgery is the articulating stapler, which is 

designed to cut and seal segments of tissue by clamping the desired tissue site between an anvil 

and a stapler cartridge, firing parallel lines of staples, and then actuating a blade to cut the tissue 

in between the two staples lines. While surgical staplers have substantial device failure rates when 

used to firing staples, the ability to maneuver surgical staplers through small ports and actuate the 

jaws to lock and apply firm compression provides these devices with versatile utility, including 

the potential to apply the multilayer patch. 

To enable stapler-based minimally invasive delivery, the multilayer patch can be cut into 

various-sized strips and loaded in a folded origami sleeve designed to wrap around the anvil and 

cartridge units of the stapler (Figure 4-4). Once the stapler jaws are positioned around the site of 
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the tissue injury, actuation of the stapler compresses the multilayer patches against the tissue 

surface, triggering adhesion and sealing of the defect (Figure 4-5). 

 

 

Figure 4-4:  Exemplary folding schematic for integration with a surgical stapler. 

 

Figure 4-5:  Photographs showing the deployment mechanism of an exemplary 

embodiment using an articulating linear stapler. 
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4.2  EX VIVO DEMONSTRATIONS 

 To explore the translational potential of the multilayer patch, various proof-of-concept 

demonstrations using ex vivo porcine models were performed according to the two deployment 

strategies described above: tracheal defect repair, esophageal defect repair, aortic defect repair, 

and intestinal defect repair (Figures 4-6 and 4-7). All ex vivo experiments were reviewed and 

approved by the Committee on Animal Care at the Massachusetts Institute of Technology. All 

porcine tissues and organs for ex vivo experiments (skin, trachea, aorta, esophagus, intestine) were 

purchased from a research-grade porcine tissue vendor (Sierra Medical Inc.). 

 

4.2.1   TRACHEAL DEFECT REPAIR 

 For the ex vivo tracheal defect model, a 5 mm circular transmural defect was created in the 

wall of a porcine trachea (with intact lungs) using a biopsy punch. The upper portion of the trachea 

was connected to tubing through which air was pumped to the lung lobes. A multilayer patch was 

folded into an origami sleeve as described in Section 4.1.2 and fitted with a Foley catheter 

(ReliaMed). The assembled balloon was inserted into the lumen of the damaged trachea. Once the 

multilayer patch was located at the position of the defect, the balloon was inflated by introducing 

air into the catheter. Pressure was held for 5 seconds prior to deflation and removal of the balloon 

(Figure 4-6a). After sealing of the tracheal defect, air was pumped through the trachea to check 

for the hermetic sealing of the trachea. It was observed that the application and adhesion of the 

multilayer patch restored the previously compromised inflation capability of the lungs (Figure 4-

6b). 
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4.2.2   ESOPHAGEAL DEFECT REPAIR 

 The esophageal defect repair model was similar to that for tracheal defect repair. Briefly, 

5 mm circular transmural defect was punched in the wall of a porcine esophagus with a biopsy 

punch. Water was flowed through the esophagus using a tubing and a peristaltic pump (Thermo 

Fisher) to visualize leakage through the defect. A multilayer patch was folded into an origami 

sleeve and fitted with an esophageal catheter (Boston Scientific), then deployed at the defect site. 

After sealing of the esophageal defect, water was pumped through the trachea to check the fluid-

tight sealing of the esophagus (Figure 4-6c). The esophageal seal withstood the pumping of water 

without leakage at supraphysiological pressures over 300 mm Hg. 

 

4.2.3   AORTIC DEFECT REPAIR 

 The Foley catheter method described for the treacheal defect repair model was further used 

to achieve hemostatic sealing in an ex vivo aorta. Porcine blood was flowed through the aorta using 

a tubing and a peristaltic pump (Thermo Fischer) to visualize leakage through the defect (Figure 

4-6d). As with the esophageal seal, the aortic seal withstood the pumping of water without leakage 

at supraphysiological pressures over 300 mm Hg. For all endoluminal delivery models, an 

endoscopic camera (DEPSTECH) was used for visualization. 
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Figure 4-6: Ex vivo demonstrations of minimally invasive delivery and application 

of the multilayer bioadhesive patch by balloon catheters. (a) Schematic illustrations 

of the origami patch integration and endoluminal delivery process using a balloon 

catheter. (b) Macroscopic and endoscopic photographs taken during the process of 

sealing of a porcine tracheal defect, (c) esophageal defect, and (d) aortic defect. 

 

4.2.4   INTESTINAL DEFECT REPAIR 

 For the intestinal defect repair model, a 5 mm circular defect was created through the walls 

of a porcine small intestine using a biopsy punch. A patch-loaded origami sleeve was folded and 

introduced to an articulating linear stapler (Ethicon) according to the design described in Section 

4.1.3. The assembled stapler was navigated to the defect site and actuated to apply compression 

for 5 seconds, before opening the jaws and retracting the stapler (Figure 4-7a,b). The repaired 
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intestine was connected to a pump and inflated to check for fluid-tight sealing of the bowel. To 

simulate a minimally invasive surgical setting, the experiment was repeated inside a dark chamber 

with holes, using endoscopic camera footage to guide the process (Figure 4-7c). As represented 

by these ex vivo demonstrations, the multilayer patch can potentially serve as a primary sealing 

and repair modality for various organ defects. Alternatively, it can act as an adjunct on top of a 

suture or staple line to support an anastomosis, especially in patients at high risk of anastomotic 

failure. 

 

 

Figure 4-7:  Ex vivo demonstrations of minimally invasive delivery and application 

of the multilayer bioadhesive patch using a surgical stapler. (a) Schematic 

illustrations of the patch integration and delivery process using an articulating linear 

stapler. (b) Macroscopic photographs of the linear sealing of a porcine intestinal 

defect (c) Endoscopic footage of the sealing of a porcine intestinal performed in a 

dark, covered chamber to mimic a minimally invasive surgical procedure. 
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CHAPTER 5 

Conclusion and Outlook 

  

 In this thesis, the development of a multifunctional patch was described with the principal 

goal of addressing the multifaceted clinical needs for improved minimally invasive tissue repair 

techniques. By employing a multilayered architecture comprising various materials and structures, 

the resulting patch is capable of achieving a wide range of functionalities: (1) fast, robust, and 

fluid-tight tissue adhesion through adoption of a dry-crosslinking mechanism; (2) resistance to 

contamination by body fluids through integration of a liquid-infused protective matrix which can 

be removed under sufficient pressure; and (3) mitigation of post-implantation fouling by bacteria 

and biomolecules associated with infection, thrombosis, and fibrosis through the creation of a 

zwitterionic-interpenetrated elastomer. Taking advantage of the material properties and tape-like 

form factor of the patch, various origami-based manufacturing techniques have been demonstrated 

which enable the potential application in diverse minimally invasive procedures. 

 While the experimental characterizations, ex vivo demonstrations, and in vivo small animal 

models have thus far shown promising results, more work will need to be done to rigorously 

investigate the long-term biocompatibility and treatment efficacy of the multilayer patch. 

Furthermore, the customizability of the patch opens doors to future designs and deployment 

strategies. Ideally, the form factor, material properties, and constituent layers of the patch should 

be optimized for each specific clinical indication. 
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This research has been greatly motivated by the current limitations of existing tissue repair 

methods. Given the design flexibility and unique capabilities of the multilayer patch, I hope this 

work will help to form a basis for the future development of materials that have the potential to 

overcome translational barriers in surgery and facilitate the broader adoption of less damaging and 

less invasive surgical techniques. 
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