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ABSTRACT 
 
  

Percutaneous devices are necessary tools in modern healthcare. More than one 

hundred fifty million percutaneous catheters have been purchased annually for various 

medical procedures, such as blood monitoring, urine drainage, and drug administration. 

However, catheter-related bloodstream infections occur in a high rate, up to 250,000 

cases each year, and lead up to 25% mortality rate. One of the key causes is the skin-

device incompatibility. It contributes to chronic inflammation and skin migration that 

generates a deep gap around the device. The lack of body outer barrier in such small 

area is ample for bacteria that accumulate near the insertion site to penetrate into the 

blood system, leading to a high risk of infections. Engineering of physical, chemical, and 

mechanical properties of percutaneous biomaterials is promising to improve host 

responses and ultimately prevent the infections. In this study, we design percutaneous 

biomaterials using three main approaches, i.e. surface topography, macrophage 

modulation, and protein-adsorption resisting materials, to attenuate the dermal 

downgrowth. The material in each design is characterized in in vitro environments to 

obtain physical, chemical, and mechanical properties, and also in in vivo milieu using a 

mouse model to profoundly investigate host responses. This work provides an insight of 

promising percutaneous material designs that reduce catheter-related complications 

and infections. 

 



	 iv	

TABLE OF CONTENTS 

	

CHAPTER 1	 INTRODUCTION ..................................................................................... 1	
1.1	 Percutaneous Devices in Healthcare ............................................................................... 1	
1.2	 Tissue-Biomaterial Interaction in Percutaneous Devices ................................................. 2	
1.3	 Current Strategies to Prevent Catheter-Related Bloodstream Infections ......................... 4	

1.3.a	 Surface Topography of Percutaneous Devices ......................................................... 5	
1.3.b	 Skin-Device Matched Mechanical Properties ............................................................ 8	
1.3.c	 Controlling of Local Inflammation ............................................................................ 10	
1.3.d	 Anti-Fouling Surface Coatings for Percutaneous Devices ...................................... 14	

1.4	 Thesis Objectives ........................................................................................................... 17	

CHAPTER 2	 METHODS ............................................................................................. 24	
2.1	 Methods for Studying Cell-Topography Interactions ...................................................... 24	

2.1.a	 Fabrication and Characterization of Programmable Dynamic Topography ............. 25	
2.1.b	 Fibroblast Culture and Imaging ............................................................................... 28	
2.1.c	 Measurement of Cell Components on a Substrate with Gratings ............................ 29	
2.1.d	 In Vivo Implantation and Skin Bridge Measurement ............................................... 31	
2.1.e	 Statistical Methods .................................................................................................. 32	

2.2	 Synthesis and Characterization of PGS-CinA ................................................................ 32	
2.2.a	 Synthesis of PGS-CinA Pre-Polymer ...................................................................... 32	
2.2.b	 Preparation of PGS-CinA in Cylindrical Shape ....................................................... 33	
2.2.c	 Measurements of Mechanical and Swelling Properties of PGS-CinA ..................... 34	
2.2.d	 Estimation of PGS-CinA Crosslink Density ............................................................. 35	
2.2.e	 Swelling Ratios for Calculation of Diffusion Coefficient ........................................... 36	

2.3	 Macrophages Modulation for Reduction of Dermal Downgrowth ................................... 38	
2.3.a	 In vitro Assessment of Anti-Inflammatory Response of Small Molecules ............... 38	
2.3.b	 Characterization of Drug-Eluting Matrices ............................................................... 39	
2.3.c	 In Vivo Implantation and Gross Anatomical Assessment ........................................ 39	
2.3.d	 Histological Assessment ......................................................................................... 40	
2.3.e	 Quantification of Dermal Downgrowth ..................................................................... 41	
2.3.f	 Statistical Analysis .................................................................................................... 43	



	 v	

2.4	 Preparation and Characterization of Hydrogels ............................................................. 43	
2.4.a	 Preparation of Hydrogels ......................................................................................... 43	
2.4.b	 Measurements of Mechanical Properties and Swelling of Hydrogels ..................... 45	
2.4.c	 In vivo Percutaneous Implantation of Cylindrical Hydrogels .................................... 47	
2.4.d	 Histology and Immunohistochemistry ...................................................................... 48	
2.4.e	 Statistical Analysis ................................................................................................... 48	

CHAPTER 3	 LITHOGRAPHY-FREE FABRICATION OF RECONFIGURABLE 
SUBSTRATE TOPOGRAPHY USING SUB-THRESHOLD STRAIN STIMULI ............ 51	

3.1	 Abstract .......................................................................................................................... 51	
3.2	 Introduction ..................................................................................................................... 52	
3.3	 Materials and Methods ................................................................................................... 54	
3.4	 Results and discussion ................................................................................................... 54	

3.4.a	 Microstructural Characterization of Dynamic Topography ...................................... 54	
3.4.b	 Morphological Responses of Fibroblasts to Static Topography .............................. 59	
3.4.c	 Cell Culture on Substrates with Programmable Topography .................................. 61	
3.4.d	 Single Cell Sensing on Programmable Substrates ................................................. 66	
3.4.e	 Topographic Elastomeric Cylinders ......................................................................... 67	
3.4.f	 Contraction of Skin Bridge Length in Mouse Model ................................................. 68	

3.5	 Conclusions .................................................................................................................... 69	

CHAPTER 4	 CONTROLLED RELEASE OF SMALL MOLECULES FROM 
ELASTOMERS FOR REDUCING EPIDERMAL DOWNGROWTH IN 
PERCUTANEOUS DEVICES ........................................................................................ 74	

4.1	 Abstract .......................................................................................................................... 74	
4.2	 Introduction ..................................................................................................................... 75	
4.3	 Materials and Methods ................................................................................................... 76	
4.4	 Results and discussion ................................................................................................... 76	

4.4.a	 Mechanical Properties of PGS-CinA ....................................................................... 76	
4.4.b	 Mesh Size ................................................................................................................ 77	
4.4.c	 Release Kinetics of LPS and CLA from Elastomeric Matrices ................................ 79	
4.4.d	 Histological Analysis of Mouse Skin Inserted with Elastomeric Matrices ................ 84	
4.4.e	 Contraction of Mouse Skin over Inserted Elastomeric Matrices .............................. 88	

4.5	 Conclusions .................................................................................................................... 89	



	 vi	

CHAPTER 5	 NON-FOULING ZWITTERIONIC HYDROGEL FOR PERCUTANEOUS 
DEVICES 94	

5.1	 Abstract .......................................................................................................................... 94	
5.2	 Introduction ..................................................................................................................... 94	
5.3	 Materials and Methods ................................................................................................... 95	
5.4	 Results and Discussion .................................................................................................. 96	

5.4.a	 Mechanical and Physical Properties of Hydrogels .................................................. 96	
5.4.b	 Histological Analysis of Mouse Skin ........................................................................ 98	
5.4.c	 Macroscopic Skin Contraction ................................................................................. 99	

5.5	 Conclusions .................................................................................................................. 101	

CHAPTER 6	 CONCLUSIONS AND FUTURE OUTLOOK ....................................... 103	
6.1	 Conclusions .................................................................................................................. 103	
6.2	 Future Outlook .............................................................................................................. 104	

 

 

 

 



	 vii	

LIST OF FIGURES AND ILLUSTRATIONS 
 
 
CHAPTER 1   

Figure 1.1 Catheter-related infection ........................................................................................ 2 
Figure 1.2 Epidermal downgrowth caused by an insertion of a percutaneous device ............. 3 
Figure 1.3 Surface topography of natural and synthetic percutaneous devices ....................... 6 
Figure 1.4 Controllable cell migration on surface topography .................................................. 8 
Figure 1.5 A schematic showing rat brain tissues in response to brain implants with different 

stiffness ............................................................................................................... 10 
Figure 1.6 Macrophage phenotypes in acute and chronic tissue damages ........................... 12 
Figure 1.7 Zwitterionic coating for resisting non-specific protein adsorption .......................... 16 
Figure 1.8 Zwitterionic coating with anti-bacterial substances ............................................... 17 

 

CHAPTER 2 

Figure 2.1 Strain device ......................................................................................................... 26 
Figure 2.2 Fabrication scheme and actuation of reconfigurable dynamic topography ........... 27 

Figure 2.3 Measurement of cell components on a substrate with gratings ............................ 30 

Figure 2.4 Fabrication of polymeric cylinders with microgrooves ........................................... 31 
Figure 2.5 Fabrication scheme of a PGS-CinA cylinder ......................................................... 34 

Figure 2.6 Model of typical hydrogel ...................................................................................... 37 
Figure 2.7 Representative micrographs showing methods for quantifying dermal downgrowth 

in researches ....................................................................................................... 42 

Figure 2.8 Quantifying dermal downgrowth ............................................................................ 42 
Figure 2.9 Chemical structures of (a) CBMA monomers and (b) CBMAX crosslinkers ......... 44 
Figure 2.10 A schematic of hydrogel preparation in a cylindrical mold .................................. 45 
Figure 2.11 Preparation of hydrogel discs and Rheological measurement setup .................. 47 

 

CHAPTER 3 
Figure 3.1 PDMS-SiO2 bilayer substrates produce reconfigurable programmable topography 

 ............................................................................................................................. 55 
Figure 3.2 PDMS coupons are pre-strained to εpre = +3% and SiO2 membranes of thickness 

hf are deposited on elastomeric substrates ......................................................... 58 



	 viii	

Figure 3.3 Fibroblast morphology and orientation on static flat (F) and static wavy gratings 

(W) ....................................................................................................................... 60 
Figure 3.4 Quantification of fibroblast morphology and orientation on substrates with static 

flat (F) and static perpendicular gratings (𝑊!) .................................................... 61 
Figure 3.5 Transient response of isolated fibroblast in response to PDMS-SiO2 bilayers 

cycled through discrete states of substrate topography ...................................... 63 
Figure 3.6Cytoskeleton morphodynamics for FB ................................................................... 63 

Figure 3.7 Dynamic change in the average alignment angle θalign of fibroblasts over 6 h ...... 65 
Figure 3.8 Morphodynamics of a single FB in response to substrate perturbations .............. 67 

Figure 3.9 Topographic PDMS and PGS-CinA cylinders ....................................................... 68 

Figure 3.10 Normalized percentage of skin bridge length ...................................................... 69 

 
 

CHAPTER 4 
Figure 4.1 Mechanical and physical characterization of PGS-CinA elastomer ...................... 77 

Figure 4.2  Inhibition of NF-κB activation by IL-10, CLA, and LA, measured by SEAP reporter 

assay ................................................................................................................... 79 

Figure 4.3 In vitro release profiles of LPS and CLA from PGS-CinA matrices ....................... 81 
Figure 4.4 (a) Plot of effective diffusion coefficient (Deff) and (b) mesh size (ξ) versus swelling 

ratio (𝑄) ................................................................................................................ 83 
Figure 4.5 CD163+ cells at the interface of mouse dermal tissues and implanted PGS-CinA 

matrices ............................................................................................................... 85 
Figure 4.6 Dermal downgrowth at the insertion site ............................................................... 87 

Figure 4.7 The fibrous capsule thickness at the skin-device interface ................................... 88 
Figure 4.8 Measurement of skin bridge length ....................................................................... 89 
 

CHAPTER 5 
Figure 5.1 Compressive modulus of PHEMA and PCBMA hydrogels ................................... 97 
Figure 5.2 Representative storage and loss moduli of PCBMA hydrogels ............................. 95 
Figure 5.3 Representative H&E stained micrographs of mouse tissues at skin-device 

interface ............................................................................................................... 98 
Figure 5.4 Representative Masson’s trichrome stained micrographs of mouse tissues at skin-

device interface ................................................................................................... 99 



	 ix	

Figure 5.5 Representative images of mouse skin implanted with PCBMA at 15%X (top) and 

30%X (bottom) over 20 d ................................................................................... 100 
Figure 5.6 Normalized skin bridge length. The skin bridge length was recorded daily over 20 

d after a surgery ................................................................................................ 101 

	
	
	
	
	
	
	

LIST OF TABLES 
 

CHAPTER 4 
Table 4.1 Loading Concentrations and Release Kinetics ....................................................... 82 

 



	 1	

CHAPTER 1 INTRODUCTION 
 

1.1 Percutaneous Devices in Healthcare 

 

In modern healthcare, percutaneous catheters are widely used to access 

patient’s internal tissues and organs through dermal layers for removing of excess 

bodily fluids or directly feeding fluids to the blood system.2,79 Percutaneous devices, i.e. 

intravascular catheters, dialysis catheters, and glucose sensors, are necessary for 

contemporary medical care for both adults and pediatrics.106 The use of a catheter is to 

essentially avoid repeating or large surgeries that typically cause more complications, 

higher cost, and longer recovery time.105 Statistically, more than 150 million 

percutaneous devices are purchased each year for various medical procedures. The 

global catheter market is expected to perpetually increase and potentially reach to 

nearly $42.4 billion in 2019 with a compound annual growth rate of 8.2%.104 However, 

they cause nosocomial bloodstream infections between 80,000-250,000 cases annually 

with 12-25% mortality rate and result in up to $2.3 billion annual expense.19,30,61,62,78,88 

According to National Hospital Discharge Surveys from 1996 to 2008, catheter-related 

bloodstream infections also increase from 4.3 to 5.1 cases per 10,000 persons per 

year.21 The bacterial accumulation around the insertion site is the main reason of these 

infections. The most common bacteria are human normal flora Staphylococcus aureus, 

which cause up to 75% of all catheter-related infection cases.92 Since catheter insertion 

results in an injury to dermal and epidermal layers, the bacteria can access to 

subcutaneous layers through the open gap at the interface of skin and percutaneous 

devices. Proper handlings during device insertion, including use of sterile equipment, 
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sterile gowns, and chlorhexidine-based disinfectant solutions, are crucial that they can 

reduce a chance of the infections at the early period.19 However, the catheter 

implantation duration usually lasts to 1-2 weeks for short-term catheters and probably 

more than a year for long-term catheters.90 Thus, bacteria can continuously proliferate 

and accumulate in deep pockets.86 If the interfaces lack of a stable skin barrier, only a 

slight move of a device while in place can result in a further penetration of bacteria into 

bloodstream. Bacterial invasion combined with the patient’s possibly compromised 

immune system elevates the risk of a severe bacterial infection and sepsis (Figure 1.1). 

 

Figure 1.1 Catheter-related infection.57 a) Exit-site infection caused from a catheter 

insertion. b) Micrograph of S. aureus biofilm on a catheter surface removed from a 

patient. 

 

1.2 Tissue-Biomaterial Interaction in Percutaneous Devices 

 

Insertion of percutaneous devices generates an injury that is resolved through a 

cascade of reactions resulting in dermal cell downgrowth because of incompatible 

physical, mechanical, and/or chemical properties between the skin and the catheter. In 
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wound healing, epidermal reepithelialization occurs in two phases. The first two days 

after wounding, keratinocytes, which are majority cells in epidermis, only migrate 

without proliferate to rapidly close a wound. After that, keratinocytes will strongly 

proliferate to fulfill the skin layer.60 However, the insertion of percutaneous devices 

modifies the keratinocyte migration. Considered as an obstacle, the device is attempted 

to be pushed out by keratinocyte downgrowth (Figure 1.2). So, the cell migration and 

proliferation generate deep pockets, causing device marsupialization and implantation 

failure.86 Furthermore, the deep pockets are typically a bacterial accumulation site that 

produces injurious reactions such as infections and fibrosis. The downgrowth might be 

alleviated by enhanced skin-device biointegration, tissue migration guidance, rapid 

dermal regeneration, anti-inflammatory agents, and protein-adsorption resistant 

materials. These approaches still need to be further studied.  

 

Figure 1.2 Epidermal downgrowth caused by an insertion of a percutaneous device.75 

The downgrowth is one of the host responses to a percutaneous device. It generates a 

deep gap around the device, leading to an accumulation of bacteria and a high risk of 

infections.  
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1.3 Current Strategies to Prevent Catheter-Related Bloodstream Infections 

 

According to 2011 CDC Guidelines for the Prevention of Intravascular Catheter-

Related Infections, an antiseptic, i.e. 70% alcohol, tincture of iodine, or chlorhexidine, is 

used to prepare skin before a catheter insertion to reduce bacterial accumulation on the 

skin and prevent infections.70 These antiseptics are carefully chosen based upon 

scientific reports over the past.13,58,64 For instance, chlorhexidin-based solutions are 

more widely used for skin preparation in these 10 years since they are reported to 

reduce catheter colonization better than alcohol-based povidone-iodine.13,65 However, a 

number of catheter-related bloodstream infections still occur as previously described in 

Section 1.1. 

Since the skin preparation with antiseptics primarily reduces infections for only 

short-term implants, several means have been proposed to sustainably reduce the 

percutaneous catheter-related infections. One of those is to incorporate antibiotics or 

antiseptics into a device.39,83,84 This method does reduce the infection rate and become 

the treatment standard.41,85 However, it does not effectively treat biofilms, increases 

drug resistance, and usually causes toxicity.68,88 Another option that might be more 

desirable is to accelerate a restoration of a stable skin barrier that will prevent bacteria 

intrusion. Percutaneous material properties are engineered via surface compositions, 

surface topography, mechanical properties, and drug-controlled release.73 These 

material properties are proved to be crucial in bone implants. However, researches in 

materials for percutaneous devices are still insufficiently developed.73 
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1.3.a Surface Topography of Percutaneous Devices 

Topography of biomaterial surfaces is a crucial cue in cellular programming 

including cell spreading, proliferation, and migration. Engineering of micro and nano 

surface topography can control cell adhesion, migration, and wound closure.20,49,71 

Surface topography is promising in reduction of device-related bloodstream infections 

since it has been found to resist bacterium adhesion and assist skin-device integration. 

The surface topography is modified in various micro- and nano- features in different 

shapes and sizes, including micro and nanotubes, ridges and grooves, pits, and 

pillars.24,81,82 For example, titanium surface with different degrees of nanorough has 

shown to modulate bacteria adhesion and improve osteoblast functions.28,82 Surface 

topography is also bio-inspired from natural surfaces that resist microbial adhesion and 

integrate with other different biological tissues. Sharkskin-inspired microtopography 

significantly delays S. aureus biofilm formation for at least 7 days, compared to non-

topographic control surface.18 Surfaces of natural percutaneous devices, such as 

human teeth and antlers, are also studied and mimicked in synthetic materials that help 

tissue-device integration.37,72,77,87 A number of researches have shown that surface 

topography is significant in resisting bacterial attachment; however, many research 

outcomes are in conflict because the chemistry of the surface that is sometimes 

overseen and not reported can dominate the bacterium adhesion.24 The mechanism on 

how bacteria interact with the surface topography has not also elucidated yet.80 The 

development of surface topography for percutaneous devices still requires more in-

depth information and multidisciplinary knowledge, including immunology, biochemistry, 

material science and engineering, mechanical engineering, etc.  
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Even most studies of surface topography in percutaneous devices focus on the 

prevention of bacterial adhesion, several studies show that surface modification also 

provides suitable topographic microenvironments for cell adhesion and tissue-device 

integration in vivo, leading to a stable dermal barrier that protects microbial 

invasion.15,32,42 A commercial STAR® Biomaterials successfully incorporate sphere-

templated micropores in Figure 1.3 to implanted medical devices, resulting in enhanced 

biointegration, reduced foreign body response, and increased angiogenesis.107 

Regardless of polymer compositions and implant sites, porous-templated scaffolds with 

pore size of 30-40 µm in diameter consistently illustrate excellent healing.10 Biological 

cells can essentially penetrate and regenerate inside the micropores.10,32,95 These 

micropores, ~40 µm in diameter, are also found on a surface of an antler that is a 

natural percutaneous device, shown in Figure 1.3.72 However, the device that 

completely integrates with cells and tissues requires a surgery for removal. So, this 

material is less suitable for patients who need to routinely replace a percutaneous 

device overtime.  

  

Figure 1.3 Surface topography of natural and synthetic percutaneous devices. Left: 

Surface topography of an antler contains two regions of different sizes of micropores, 

217.22 ± 19.07 µm (P) and 40.14 ± 3.17 µm (A) in diameters.72 Right: Commercial 
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sphere-templated micropores.107 The micropores enables angiogenesis and healing 

while reducing foreign body response.  

 

Microgroove-modified surfaces have been known for great controllability of cell 

migration for both in vitro and in vivo.15,34,43,66,99 The cell migration rate and direction 

depend on the dimensions of microgrooves including wavelength, amplitude, and cell-

ridge alignment.25,45,50 Kim et al. reported that an array of 550 nm ridges spaced with 

1100 nm grooves yielded the highest fibroblast migration speed, compared to 550:550 

and 550:2750 ridge:groove spatial ratio.50 The microgroove has also been incorporated 

in titanium percutaneous devices and found to significantly reduce epithelium 

recession.9,15,51 The microgroove is widely used for skin healing as it resembles natural 

ECM networks.100 Directional migration occurs as lamellipodium is regulated to form in a 

curtain direction by surface topography, as shown in Figure 1.4.75 Since the 

microgroove primarily controls the cell migration, not the tissue-device integration, the 

microgrooved surface is promising in reducing epithelial downgrowth in percutaneous 

devices without a permanent skin sealing. It is considered more suitable for catheters 

that need a routine replacement, compared to porous materials that generate a long-

term bio-integration. We hypothesize that the downward migration of the percutaneous 

device-inserted dermal tissue can be obstructed and delayed by microgrooves that align 

perpendicular to the downward migration direction, leading to a reduction of the 

epidermal downgrowth. In this thesis, we have studied microgrooves in both in vitro and 

in vivo environments as a way to control cell morphology and dermal migration, as 

detailed in Chapter 2 and 3. 
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Figure 1.4 Controllable cell migration on surface topography. Left: A schematic showing 

the formation of lamellipodium that is controlled by surface topography. Restricted 

lateral lamellipodium formation results in directionally persistent intrinsic cell migration 

and enhanced directed migration.75 Right: Optical micrographs of a cell population on 

microgrooves taken perpendicular and parallel and to the groove direction (indicated by 

arrows), respectively. Bar=100 µm.55 

 

1.3.b Skin-Device Matched Mechanical Properties 

One of prevailing strategies for tissue-device integration at the interface is 

matching the modulus of the material with the modulus of the local tissue.31,38 

Significant mechanical mismatch between materials and the surrounding tissue can 

lead to increased and chronic inflammatory responses.29 This host response is 

considered a failure mode, called ‘avulsion’ proposed by VanRecum.86 Avulsion occurs 

when mechanical difference causes a tear or break of skin, leading to detachment of 

skin from the device. Repeating cycles of attachment and detachment induce scarring, 

chronic wound, and insufficient seal.86 The ideal biomaterial for a percutaneous device 

would match the mechanical properties of the dermis and epidermis ranging from 2 to 

600 kPa.48 Most of current polymeric biomaterials are made of thermoplastic polyesters 

such as poly(lactic acid) (PLA), poly(glycolic acid) (PGA), polycaprolactone (PCL) and 
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their blends or copolymers89; however, typically, they are not compatible with 

mechanical properties of biological tissues. 

Elastomers or elastic polymers are a class of materials that exhibit a rapid and 

large reversible strain in response to a stress, typically having by low Young’s modulus 

and high failure strain compared to other classes of materials.53 Elastomers for medical 

devices has been developed since around the mid of 1890s and brought a great 

research progress since presented in a symposium in 1981.16,53 They have been used 

in various implantable devices such as cardiovascular devices, prosthetic devices, 

catheters, transdermal therapeutics, and orthodontics materials.16 Researchers 

successfully show that compliant implants have more biocompatibility to brain tissues by 

significantly reducing scar formation and inflammation in both in vitro and in vivo 

environments.35,67 Nguyen et al. implanted stiff and compliant materials in rat cortex and 

found that the compliant implant can reduce neuro-inflammatory response from 2-16 

weeks, as shown in Figure 1.5.67 According to the fact that modulus matching 

significantly improves biocompatibility in brain implants, we speculate that biomaterials 

that match the modulus of skin will reduce local inflammation occurring in percutaneous 

device. Our group has successfully synthesized poly(glycerol-co-sebacate)-cinnamate 

(PGS-CinA) with 50.5 to 152.1 kPa range of modulus that matches the skin modulus.103 

PGS-CinA networks are suitable for biological integration because of their properties in 

biocompatibility, biodegradability, remodeling, and intrinsically cell adhesiveness.4,5,103 

Hence, PGS-CinA elastomers are one of promising biomaterials for use in next-

generation percutaneous interfaces. 
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Figure 1.5 A schematic showing rat brain tissues in response to brain implants with 

different stiffness.67 The stiff implant (A) induces more scar formation (green) and 

inflammatory cells (purple), compared to the compliant implant (B). The implant 

modulus dominates the host response during chronic inflammation. 

 

1.3.c Controlling of Local Inflammation 

An implantation basically injures vascularized connective tissue, initiating blood-

material interactions. Thrombus or blood clot formation on the surface of a biomaterial is 

related to the well-known Vroman effect of protein adsorption. Initial proteins that adsorb 

on the material surface are replaced with fibrinogen and other proteins that have higher 

affinity to the surface. These proteins, known as the provisional matrix, present 

mitogens, chemoattractants, cytokines, growth factors, and other bioactive agents to 

recruit and modulate related inflammatory cells.1 During the first several days following 

an injury, the predominant cell type is generally neutrophils. They are then replaced by 

monocytes and macrophages that basically govern the phase of wound healing: 

inflammation, proliferation, and maturation. 
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Basic ideal properties of biomaterials include inertness, unreactiveness, and non-

toxicity in a host; however, current available biomaterials can sequentially cause acute 

and chronic inflammations, which occur following the initial blood/material 

interactions.8,93,98 The acute and chronic inflammations are indicated by an 

accumulation of polymorphonuclear leukocytes or neutrophils, and mononuclear cells, 

respectively. The acute inflammation with biomaterials usually resolves in less than one 

week. If the inflammation lasts longer than that, it is considered the chronic 

inflammation.1 The chronic inflammation lead to adverse effects such as an oxidative 

degradation of a biomaterial, a contraction of an implanted site, and an enzymatic attack 

to an implant. These biological and mechanical stresses might break or degrade the 

implant to reactive products that cause toxicity.93 The chronic inflammation caused from 

an implant near skin tissue can also develop to skin cancer.23 Limiting inflammatory 

process around an implant will help avoiding those adverse events and supporting 

tissue-device integration. 

One of the key components that govern inflammatory processes is host 

macrophages. In vivo, macrophages are derived from monocytes circulating in 

bloodstream in the response of foreign bodies.  Macrophage phenotypes are loosely 

classified into pro-inflammatory (M1) or wound healing (M2) phenotypes54, mirroring the 

Th1 and Th2 immune responses.36,59 M2 macrophages are further divided into different 

polarizations. M2a and M2b macrophages can initiate type II inflammation while M2c 

cells are responsible for inflammatory suppression, matrix remodeling, and tissue 

repair.59 Macrophage phenotype is defined by many micro-environmental stimuli, 

including cytokines. For example, in the context of biomaterials, macrophages respond 
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to exogenous IL-1β, IL-6, and TNF-α by adopting a pro-inflammatory M1 phenotype, 

while exogenous IL-10 activates an M2c phenotype that attenuates inflammation, 

promotes matrix remodeling, and resolves late stage wound healing.59 Cao et al. reports 

a phenotypic change of macrophages during kidney injury, as shown in Figure 1.6.12 In 

acute kidney disease, macrophages firstly polarize to M1 phenotype by multiple pro-

inflammatory cytokines. Those macrophages subsequently switch to M2 phenotype to 

resolve the inflammation. In contrast to macrophages in the acute kidney disease, M1 

macrophages in the chronic one are persistent and seldom polarize to M2 phenotype. 

The persistent M1 macrophages cause chronic inflammation and a formation of excess 

fibrous connective tissue, as so called fibrosis.12 Altogether, we hypothesize that biasing 

macrophage phenotypes to M2c polarities at the interface of implanted materials is 

promising in promoting tissue regeneration and skin-device integration, and also 

reducing chronic inflammation.22,47 

  

Figure 1.6 Macrophage phenotypes in acute and chronic tissue damages.12 A 

schematic shows different cell density profiles of macrophage phenotypes in acute and 
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chronic damaged kidney. It is suggested that the higher M2 polarization in acute phase 

assists in resolving the inflammation and does not further cause fibrosis. 

 

In order to modulate the host immune, delivery of anti-inflammatory agents is one 

of the effective strategies that can reduce inflammation and its consequently adverse 

effects. Even though administration of an anti-inflammatory drug can be easily done 

using an oral route, the concentration might not be enough for controlling inflammation 

at a specific local site, and side effects might occur.7 Targeting local inflammation is 

then more effective to improve tissue-device interactions. Current anti-inflammatory 

drugs to treat local inflammation include signaling peptides and proteins, such as 

dexamethasone (DEX), heparin, alpha melanocyte-stimulating   hormone (α-MSH), 

curcumin, vitamin E, etc.7 The drug might variously target on modulation of 

inflammatory mechanisms or cells, i.e. neutrophils, lymphocytes, and macrophages. For 

example, DEX supports macrophage polarization toward anti-inflammatory phenotype 

and reduce pro-inflammatory cytokines, while heparin suppresses superoxide 

generation in neutrophils.7,96 In order to retain the effectiveness of the modulating 

molecule, a material needs a system that can prolong active drug concentration at the 

implantation site. Several reports have conducted immobilization or encapsulation of a 

drug in a matrix to locally present these molecules to nearby immune cells. For 

example, sustained release of anti-inflammatory drug prednisolone from chitosan gel 

beads can reduce inflammatory responses at day 3, compared to the carriers without 

drug.52 Although current local drug delivery systems successfully modulate acute 
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inflammation, new designs and strategies will be critical to extend the in vivo lifetime 

and performance of biomaterials. 

 

1.3.d Anti-Fouling Surface Coatings for Percutaneous Devices 

One of the major strategies for a design of biomaterial surfaces is to prevent 

fouling from proteins, cells, and bacteria.3 The strategy includes an engineering of self-

assembled mono- or multilayers, polymer brushes, surface grafting, zwitterionic 

polymers, hydrogels, etc. on a biomaterial surface.11 The surface modification mostly 

focuses on the early step of host responses to biomaterials. Essentially, protein 

adsorption happens on a biomaterial surface right after an implant comes in contact with 

blood that leaks from destroyed vasculature system. The adsorbed protein anchors on 

the surface for cell attachment and induces chemotaxis for inflammatory cells.10 Anti-

fouling materials aim to prevent this initial process by creating a thermodynamically 

unfavorable surface for the protein adsorption.3 When the initial process of protein 

adsorption cannot adsorb on the surface, the typical following host responses to foreign 

bodies, such as infiltration of immune cells, formation of foreign body giant cells 

(FBGC), and fibrosis, are consequently dampened or omitted.3,10 This type of material 

can be referred as a stealth material because it can hide itself from the host immune 

recognition system. However, most of the currently used anti-fouling biomaterials 

cannot completely avoid the foreign body response. There are several reports showing 

foreign body reactions that occur to implants made of many biomaterials including 

polyurethane, silicone rubber, polyethylene, poly(methyl methacrylate), poly(2-

hydroxyethyl methacrylate) (PHEMA), and even poly(ethylene glycol) (PEG), which is 
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the most widely used anti-fouling material.46 PEG has been known and used to reduce 

protein adsorption and cell attachment for over decades. However, PEG does not well 

resist small protein adsorption, such as albumin (67 kD) and myoglobin (16 kD).63 PEG 

is also found to degrade in the presence of oxygen and transition metal ions, leading to 

instability in long-term implantation in vivo.14,91 

In view of percutaneous devices, anti-fouling surface modification has been 

continuously gained a great interest in these few decades. This is due to the fact that 

part of the percutaneous devices has to be exposed to the external environment, so 

there is higher risk of infections, compared to other implants. The anti-fouling surface 

not only resist host protein adsorption, but is also effective in reducing microbial 

attachment and preventing thrombosis, one of the key concerns in catheters.26,56,69,94,101 

Like other medical devices, the development of catheter surface initially focus on using 

hydrophilic polymers, mostly PEG-based materials, as an anti-fouling coating.27,40 

However, as described earlier, the hydrophilic coating cannot completely repel protein 

adsorption, and the anti-fouling property of PEG-based coating does not provide a long-

term stability.14,74 In order to resist host responses and infections, anti-fouling coating of 

percutaneous devices still need more understanding in material-host interactions and an 

improvement of a material design. 
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Figure 1.7 Zwitterionic coating for resisting non-specific protein adsorption (adapted 

from the original figure).33 The schematic shows a design of an ultra-low fouling surface 

using zwitterionic polymers, providing resistance of non-specific protein adsorption from 

human serum and plasma. 

 

Recently, a class of zwitterionic polymers has become a major material that 

provides anti-fouling property. Jiang et al. has published many research articles, 

reporting a stable anti-fouling property of zwitterionic materials, such as 

poly(carboxybetaine methacrylate) (pCBMA) and poly(sulfobetaine methacrylate) 

(pSBMA), and uses in various medical applications.17,44,102 The zwitterionic surface is 

found to adsorb non-specific protein adsorption from undiluted human plasma only at 6 

ng/cm2.6 Even thought the adsorbed protein concentration is larger than 5 ng/cm2 

adsorbed fibrinogen on biomaterial surface that is recommended to completely avoid 

platelet adhesion, zwitterionic materials that are subcutaneously implanted in mice can 

resist capsule formation for at least 3 months.102 Research results from Wang et al. and 

Vaterrodt et al. also support that zwitterionic coatings can reduce bacterial attachment 
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and activities on silicone-based catheters in vitro (Figure 1.8).97,101 Since zwitterionic 

coatings resist fibrosis and bacterial adhesion both, we herein propose that zwitterionic 

coatings will be suitable for modification of percutaneous devices to reduce the main 

medical complications: epidermal downgrowth and bloodstream infections. The use of 

zwitterionic coatings in percutaneous devices has not reported, so it still needs to be 

further studied especially in an in vivo environment that has more complexity than in 

vitro experiments and better provides insight knowledge. 

 

Figure 1.8 Zwitterionic coating with anti-bacterial substances.97 Recently, Vaterrodt et 

al. design antifouling and antibacterial multifunctional polyzwitterion/enzyme coating on 

PDMS. The multilayer film reduces bacterial adhesion down to 40% relatively to 

uncoated PDMS and kills bacteria that come in contact. The results confirm the anti-

fouling and functionalizable properties of zwitterionic polymers. 

 

1.4 Thesis Objectives 

 

The primary goal of this thesis is to design a percutaneous device that decreases 

dermal downgrowth, accelerates wound healing processes, and generates stable 

regenerative integration that will ultimately reduce bloodstream infections. We 
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deliberately generate and investigate three viable engineering designs of percutaneous 

devices. Focusing on different aspects of host-device interactions, the devices were 

fabricated with modified surface topography, drug release for macrophage modulation, 

or anti-fouling surface. In vitro device characterization describes physical, mechanical, 

and chemical properties that provide in-depth characteristics of each design. A mouse 

model is also used to observe epidermal downgrowth and other related host responses. 

This thesis will advance knowledge as well as technology for developing percutaneous 

devices. 
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CHAPTER 2 METHODS 
 

The content in this chapter in whole or in part has been previously published in 

Biomaterials and ACS Biomaterials Science & Engineering. [Pholpabu, P., S. Kustra, H. 

Wu, A. Balasubramanian, and C. J. Bettinger. Lithography-free fabrication of reconfigurable 

substrate topography for contact guidance. Biomaterials 39:164–172, 2015.]25; [Pholpabu, P., 

S. S. Yerneni, C. Zhu, P. G. Campbell, and C. J. Bettinger. Controlled Release of Small 

Molecules from Elastomers for Reducing Epidermal Downgrowth in Percutaneous Devices. 

ACS Biomater. Sci. Eng., 2016.]26 

 

2.1 Methods for Studying Cell-Topography Interactions 

 

One of the biological cues that can determine cell and tissue behaviors, e.g. 

migration, adhesion, proliferation, and migration, is environmental topography.9,11,17,28,29 

Studying in cell-topography interactions reveal how in-depth topography influences 

those processes. Static surfaces can in vitro extract many complex mechanisms that 

underpin cell-materials interactions such as contact guidance. However, static 

topography has limitation in investigating dynamic biological processes such as during 

wound healing, tissue development, and disease. Substrates that present topography 

with spatiotemporal control are advantageous in simulating and studying cell-materials 

interactions, including contact guidance, in dynamic milieu.16,18 In addition, the dynamic 

topography can be used to match in vivo experiments where topography is dynamically 

changed upon an insertion of topographic implants. In this study, we generated dynamic 

surface topography that can decouple contact guidance responses from other 
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confounding processes such as cell attachment and spreading.25 The following 

delineates how we modified PDMS surface with a simple tool to obtain switchable 

topography. 

 

2.1.a Fabrication and Characterization of Programmable Dynamic Topography 

Microfabrication has become a crucial technique in the field of biology, medicine, 

and biomedical engineering for various applications over the past two decades.15,21 For 

studying cell-topography interaction, the most common technique to fabricate surface 

topography on polydimethylsiloxane (PDMS) substrates, using photolithography that 

can generate ordered structures, such as grooves, pillars, pits, and wells.5,20,23,27 

However, photolithography requires expensive and precise instrumentation, and an 

extremely clean room.12 Here, we designed an easy strain device (Figure 2.1) to use 

with a thermal evaporator, one of the simplest of the physical vapor deposition 

techniques, or a UV ozone cleaner to generate buckling surface from the modulus 

mismatch between PDMS substrate and SiOx thin film. The strain device can be easily 

replicated with proper metal cutting and drilling tools. It is also easy to operate, suitable 

for adjusting strain back and forth during the study. 

Briefly, the device can be manually manipulated as following. Firstly, remove 

mounting plates and screws to place a PDMS substrate to the loading stand. The width 

of the substrate should be cut to fit in between two mounting screws. After neatly 

placing the substrate on the loading stands, put the two loading plates and screws back 

in place. Adjust and measure the initial length of the substrate. Apply desired pre-strain 

before coating the substrate with SiOx thin film. The length after applying the pre-strain 
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can be referred as ε=0. The pre-strain and SiOx film thickness will dictate buckling 

patterns, as shown in Eqn. 3.2. The method used to generate and switch microgrooves 

in this particular study is further detailed as the following. 

 

Figure 2.1 Strain device. The strain device is used to adjust strain applied to PDMS 

substrate. The main parts of the device include a) mounting plates, b) loading stand, c) 

mounting screw, and d) adjusting knob. 

 

Elastomeric substrates were prepared using polydimethylsiloxane (PDMS, 

Sylgard 184, Dow Corning, Midland, MI USA) cured in a 10:1 ratio at 75 °C. 

Rectangular PDMS coupons (W x L x H = 1.5 cm x 3.5 cm x 600 µm) were mounted in 

a custom fixation device and strained to the desired amount. Pre-strained substrates 

were coated with 100 nm of silicon oxide (SiOx) deposited by thermal evaporation. 

Briefly, silicon monoxide (SiO) was thermally deposited at a rate of 1 Å/sec at 10-6 Torr 

(NexDep, Angstrom Engineering, Kitchener, ON Canada). All substrates were 

processed in an identical manner with the exception that the thickness of the bi-layer 

membrane was set at either 10 or 100 nm. Dynamic topography sequences were 

switched between states in less than 3 sec. Microstructures of bilayer membranes were 

characterized using optical microscopy (Olympus BH2 microscope, Olympus America 

Inc., Center Valley, PA USA) and atomic force microscopy (AFM, Dimension 3100 SPM, 
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Veeco, Plainville, NY USA). Fourier transforms of optical micrographs were prepared 

using ImageJ (National Institute of Health, USA, available at http://rsb.info.nih.gov/ij). 

 

Figure 2.2 Fabrication scheme and actuation of reconfigurable dynamic topography. a) 

The fabrication flow is shown: (i) PDMS substrates are strained to a prescribed amount 

and (ii) SiO2 membranes are deposited on the surface using thermal evaporation. (iii) 

The pre-strain is released to create wavy grating arrays via spontaneous buckling. b) 

Programmable topography consists of three discrete strain-dependent states that 

depend on the difference between the pre-strain and applied strain Δε: Δε < 0% 

produces perpendicular wavy gratings (𝑊!); Δε = 0% produces flat substrates (𝐹); Δε > 

0% produces parallel wavy gratings (𝑊∥). These states are shown sequentially from top 

to bottom as the value of Δε becomes more positive. 

 

In our study, the substrate with switchable microgrooves was used to investigate 

cell morphodynamics of fibroblasts in vitro. The method of cell culture and measurement 

of cell morphology components are described below. 
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2.1.b Fibroblast Culture and Imaging 

All cell culture supplies were purchased from Invitrogen (Carlsbad, CA USA) 

unless otherwise stated. Bi-layer membranes were sterilized in ethanol (70% v/v) and 

irradiated with UV for 30 min. Bi-layer membranes were incubated with RGD solution 

(50 µg/cm2) for 40 min and rinsed with 3x PBS. NIH 3T3 fibroblasts (ATCC, Monassas, 

VA USA) were seeded at densities of 25,000 cells/cm2 and incubated in DMEM medium 

supplemented with 10% fetal bovine serum (FBS) and 1% penicillin/streptomycin (P/S) 

at 37 °C. Live cell images were performed by culturing cells for 24 h prior to dynamic 

topography sequences. Cells were cultured in en environmentally controlled chamber 

set at 37 °C with >90% relative humidity and 5% CO2 (BioImager, Mississauga, ON 

Canada). FB were imaged in phase contrast and analyzed using NIH ImageJ to 

measure morphology and relative orientation. Cell circularity was calculated using the 

following expression. 

 𝐶!"## =
!!!!"#$

!!
 Eqn. 2.1 

where Aproj and P are the projected surface area and perimeter of the cell, respectively. 

The axial ratio Raxis was calculated from the length of the major axis divided by the 

length of the minor axis (Figure 2.3).7 

Cells were fixed in 4% formaldehyde for 20 min, stained using 20 µL of Alexa 

Fluor® 488 Phalloidin (200 U/mL), and counterstained with SlowFade® Gold Antifade 

Reagent with DAPI. Phase contrast and fluorescent images were recorded using an 

EvosFL microscope (Advanced Microscopy Group, Bothell, WA USA). FB on a static 

substrate were also imaged using confocal fluorescence microscopy (LSM 510 META 

DuoScan, Carl Zeiss, Heidelberg Germany) and scanning electron microscopy (SEM) 
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(PhilipsXL-30 FEG, FEI, Hillsboro, OR, USA). Cells dedicated for SEM imaging were 

fixed in 4% formaldehyde for 20 min, washed with distilled water for 3 times, and 

dehydrated in a series of mixtures containing ethanol and hexamethyldisilazane 

(HDMS), as previously described.30 Dehydrated samples were coated with 4 nm of 

platinum prior to imaging (Emtech K575X, Quorum Technologies, Guelph, ON, 

Canada). 

 

2.1.c Measurement of Cell Components on a Substrate with Gratings 

Since most of fibroblast cells are in an irregular shape, it is necessary to define 

morphology using shape components. Here, we measured cell perimeter (P), projected 

area (Aproj), length of major and minor axes, and alignment angle (θalign), as shown in 

Figure 2.3. We also calculated cell shape factors, dimensionless shape quantities, 

including circularity (Ccell) using Eqn. 2.1, and axial ratio (Raxis) from the length of the 

major axis divided by the length of the minor axis. The value of Ccell is equal to one for 

circular cells, and is less than 1 or approaches to zero for elongated cells. Raxis is equal 

to 1 for circular cells, and is larger for more elongated cells. These quantifications were 

used to determine fibroblast morphology on static and dynamic topographic substrates 

at designated times up to 6 h in order to obtain fibroblast morphodynamics. The results 

are described in Chapter 3. 
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Figure 2.3 Measurement of cell components on a substrate with gratings.25 The cell 

components include cell perimeter (P), projected area (Aproj), length of major and minor 

axes, and alignment angle (θalign). P and Aproj are indicated in red dotted line and green 

area, respectively. Major axis is the longest straight line located within a cell. Minor axis 

is the longest straight line that is perpendicular with the major axis. θalign is an angle 

between substrate and major axes. 

 

In addition to generating switchable substrates for in vitro studies, PDMS 

substrates were surface-modified using the strain device to serve as a replica mold for 

fabricating elastomeric rods from PGS-CinA elastomers (described in 2.2) for in vivo 

studies. Instead of treating PDMS substrates with thermal evaporation of SiO, SiOx thin 

film on PDMS substrates were generated using UV-ozone treatment for 30 min and 

30% applied pre-strain. Larger pre-strain, compared to the above-mentioned method, is 

required to generate stable buckling pattern when using UV-ozone treatment. The 

different alignments of microgrooves were generated using two different rolling 

directions as shown in Figure 2.4. 
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Figure 2.4 Fabrication of polymeric cylinders with microgrooves. Pre-polymers were 

spread on topographic PDMS mold. After polymerization, microgroove alignment can be 

determined by the rolling direction. 

 

The cylinders were used for in vivo experiments as described below. 

 

2.1.d In Vivo Implantation and Skin Bridge Measurement 

All surgical procedures described in this chapter were performed in accordance 

with the National Institute of Health standards and approved by the Carnegie Mellon 

Institutional Animal Care and Use Committee (IACUC) and the National Institute of 

Health Guide for the Care and Use of Laboratory Animals (NIH Publication #85-23 

Rev.1985). PGS-CinA cylinders with and without microgrooves were sterilized in 70% 

ethanol for 2 hr. Percutaneous devices were implanted percutaneously in anesthetized 

male mice (C57BL/6; 20-25 weeks; Harlan Laboratories, Indianapolis, IN) transversely 

through dorsal skin flaps as previously described.10 Briefly, the mouse dorsal skin was 

shaved and clipped to have two small exit sites ~0.5 cm apart midline. PGS-CinA 

implants were inserted through the exit sites and fixed in place with 3M Vetbond™. 
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Each mouse was implanted with two percutaneous implants and housed separately. 

The skin bridge length was measured immediately after surgery and at 1 and 2 weeks. 

Observations were conducted over 4 mice per each treatment each time point. 

Implanted mice were taken care in separate cages to avoid sample lost from eating and 

fighting. 

 

2.1.e Statistical Methods 

 Cell morphodynamic measurements were based on at least 100 cells per each 

data point and all experiments were repeated in triplicate. All data is shown as mean ± 

s. e. m. unless otherwise stated. A student’s t-test with p-value of 0.05 was performed to 

consider significant difference of two groups with statistical significance set at p-values 

of < 0.05. One-way ANOVA with Tukey post-hoc criterion was used to assess the 

significance across more than 2 groups. The results and discussion are included in 

Chapter 3. 

 

 Preparation and characterization of the elastomer used in this study are 

described below. 

 

2.2 Synthesis and Characterization of PGS-CinA 

 

2.2.a Synthesis of PGS-CinA Pre-Polymer 

A preparation of PGS-CinA pre-polymers and films was adopted from a 

previously reported method.35 PGS-CinA precursors were synthesized from PGS 
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precursors to achieve 26% degree of substitution (DS) of cinnamate groups. 5 g of PGS 

pre-polymer, received from and described by Zhu et al.35, was dehydrated in a three-

neck round bottom flask at 100 °C under vacuum for 2 h. The dried PGS was then 

dissolved in 30 ml anhydrous chloroform and stirred under nitrogen for 3 h. 20 mg of 4-

dimethylaminopyridine and triethylamine (50% mol/mol of pendant hydroxyl groups) 

were added to serve as a catalyst and a pH neutralizer, respectively. The reaction 

mixture was cooled in an ice bucket and gradually charged with cinnamoyl chloride 

(50% mol/mol of pendant hydroxyl groups). After 24 h of the reaction, the mixture was 

filtrated and put in a rotary evaporator to remove chloroform. 30 ml ethyl acetate was 

added to precipitate salts. The salt and ethyl acetate were removed by filtration and 

rotary evaporation, respectively. The product was dissolved in chloroform and repeated 

with the substitution reaction for two more rounds by using less amount of triethylamine 

and cinnamoyl chloride (30% mol/mol of pendant hydroxyl groups) to yield DS26%.  

 

2.2.b Preparation of PGS-CinA in Cylindrical Shape 

In order to prepare PGS-CinA in cylindrical shape, we have conducted two-step 

polymerization: photo- and thermal- polymerizations. The two-step polymerization 

provides more polymeric homogeneity because it avoids distance limitation of UV 

penetration. Briefly, PGS-CinA films were prepared from PGS-CinA precursors with a 

degree of a substitution (DS) of 26% using photopolymerization with UV light (λmax = 

315 nm; Intensity = 115 mW/cm2; polymerization time = 3 hr). Solid PGS-CinA cylinders 

were fabricated by creating “jelly rolls” from coupons (W x L x t = 1.5 cm x 1.5 cm x 100 

µm) followed by additional curing at 120 °C for 12 hr in vacuum (<2 Torr). A schematic 
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of the fabrication of a cylindrical tube is shown in Figure 2.5. PGS-CinA films dedicated 

for a study of tissue-topography interactions were photopolymerized on the above-

mentioned topographic PDMS substrates to obtain buckling patterns. The alignment of 

microwavy pattern depends on a rolling direction. 

 

Figure 2.5 Fabrication scheme of a PGS-CinA cylinder. (i) PGS-CinA pre-polymers are 

spread on a quartz slide. (ii) The pre-polymers are first partially crosslinked by 

photodimerization and then rolled into cylindrical form feature. (iii) The cylinder is 

thermally cured and fixed into the final shape by polycondensation reactions. 

 

In this study, PGS-CinA cylinders were also used as matrices for a release of 

small molecules, so we characterize PGS-CinA mechanical and physical properties that 

might dictate both release kinetics and tissue-material interactions, as the following. 

 

2.2.c Measurements of Mechanical and Swelling Properties of PGS-CinA  
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Matrices dedicated for mechanical measurements were delaminated from quartz 

slides in 70 °C water and sectioned into rectangular coupons (W x L x t = 5 mm x 10 

mm x 100 µm). Uniaxial tensile tests (n=3) were conducted using a 10 N load cell at 

strain rates of 1 mm/min (Instron 5943 equipped with Bluehill 3 software, Norwood, MA). 

For calculation of volume swelling ratio, PGS-CinA films were replica-molded on PDMS 

with 5 x 5 x 0.1 mm3 square depressions. Patterned films were dehydrated at 60 °C, <2 

Torr for 24 hr prior to measuring the dry length Ld. Films were incubated in DI water for 

24 hr to measure the swollen length Ls. The dimensional swelling ratio was determined 

by 𝑄!"# = 𝐿!
𝐿!

!
 (n=4). The gravitational swelling ratio was determined by weighing 

PGS-CinA cylinders before and after incubation in DI water at 60 °C for 24 hr, and 

calculating 𝑄!"#$ =  𝑀!
𝑀!

. The mass density (ρ) was measured using a 25 ml 

pycnometer. 

 

2.2.d Estimation of PGS-CinA Crosslink Density 

The following is a method we used to estimate crosslink density of 

Photo+Thermal PGS-CinA (nPGS-CinA-DS26%,Photo+Thermal = 7.31 ± 0.8 mol/m3) reported in 

Chapter 4. The PGS-CinA crosslink density was estimated based on the linear 

relationship of Young’s modulus and crosslink density that was previously reported for 

both PGS and PGS-CinA networks.6,19,35 Zhu et al. also reported elastic modulus of 

photocrosslink PGS-CinA films as a function of the degree of substitution and 

crosslinking process.35 PGS-CinA films, in this study, were prepared from PGS-CinA 

precursors with a degree of substitution (DS) of DS = 26%, using Photo+Thermal 
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polymerization. The modulus of PGS-CinA films prepared by successive 

photocrosslinking and thermal curing steps is EPGS-CinA-DS26%,Photo+Thermal = 54.33 ± 0.96 

kPa (Photo+Thermal). The elastic modulus and crosslink density of DS26% 

photocrosslinked PGS-CinA (Photo) was previously reported to be EPGS-CinA-DS26%,Photo =  

50.48 ± 3.7 kPa.35 So, most of the crosslinking networks (92.91 ± 7.0 %) were attributed 

to the photopolymerization. The results suggest that almost all crosslinkable units were 

consumed by the first polymerization step. In this study, the thermal polymerization 

mostly played a role in just assisting a PGS-CinA film fixed into a cylinder. Since the 

relationship between the elastic modulus E and crosslink density n is linear, the 

crosslink density of Photo+Thermal PGS-CinA can be estimated from previously 

reported nPGS-CinA-DS26%,Photo = 6.79 ± 0.5 mol/m3 to nPGS-CinA-DS26%,Photo+Thermal  = 7.31 ± 

0.8 mol/m3.35 

 

2.2.e Swelling Ratios for Calculation of Diffusion Coefficient 

Swollen hydrogels classically have one swelling ratio Q that is a function of the 

chemistry and topology of the polymer network along with the solvent, which in this case 

is water. The swelling is manifested by both an increase in the physical size of the 

polymer network (since water and polymer are both incompressible) and the mass of 

network, both of which are attributed to the infiltration of the network with an additional 

solvent. Since the mass density of the polymer and solvent (water) are known, the 

calculated value of Q can be measured either geometrically or gravimetrically. Both 

measurement techniques are widely used to characterize polymers for use as matrices 

in controlled release systems.32,34 However, in this work, PGS-CinA belongs to a class 
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of biodegradable elastomeric networks that is both less hygroscopic and more 

microporous than a traditional hydrogel precursor (e.g. polyethyleneglycol).  Therefore, 

the infiltration of the micropores of PGS-CinA networks with water might increase the 

apparent swelling ratio measured by gravimetry, but not necessarily increase the 

swelling ratio that is measured geometrically. A model of PGS-CinA networks, as shown 

in Figure 2.3, illustrate PGS-CinA dense and loose network sections that govern 

measurement of swelling ratio and drug release. Therefore, these two parameters, i.e. 

gravimetric swelling ratio (Qgrav) and volumetric swelling ratio (Qdim), must be measured 

independently to account for these separate contributions. In this study, PGS-CinA 

gravimetric swelling ratio was measured by a conventional method, while the volumetric 

swelling ratio was measured from the dimensions of PGS-CinA microstructures in dried 

and wet states (Figure 4.2). Both values were used in the calculation of diffusion 

coefficient of CLA from PGS-CinA matrices, described in Chapter 3. 

 

 

Figure 2.6 Model of typical hydrogel (a) and PGS-CinA (b) networks in dry and swelling 

states. PGS-CinA networks are not homogenous, containing both dense and loose 
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network sections. Different swelling behaviors in dense and loose sections cause the 

difference between volumetric (Qdim) and gravimetric (Qgrav) swelling ratios. 

Consequently, both swelling ratios should be independently measured. 

 

2.3 Macrophages Modulation for Reduction of Dermal Downgrowth 

 

In this study, we used PGS-CinA networks as matrices for a release of small 

molecules to modulate macrophage phenotypes. The following includes methods we 

conducted to select anti-inflammatory small molecules and quantified skin downgrowth 

as a host response to implanted matrices. 

 

2.3.a In vitro Assessment of Anti-Inflammatory Response of Small Molecules 

In this study, small molecules for modulating macrophages were selected based 

on in vitro anti-inflammatory activity. We compared LA and CLA that was previously 

reported to alter inflammatory response of macrophages in vitro and in vivo by oral 

administration. RAW-Blue™ cells (InvivoGen, San Diego, CA) were cultured in DMEM 

(Invitrogen, Carlsbad, CA) supplemented with 10% fetal bovine serum (FBS), 1% 

penicillin/streptomycin (P/S), 100 µg/ml Normocin™, and 100 µg/ml Zeocin™ at 37 °C. 

Cells were collected and resuspended in DMEM supplemented with 10% heat-

inactivated FBS and 100 µg/ml Normocin™. Cells (1.0 x 105 total) were seeded to 96-

well plates and incubated with stimulating agents at the following concentrations: 0.1 

µg/ml lipopolysaccharide (LPS); 0.1 µg/ml interleukin-10 (IL-10); 30 µg/ml LA; 30 µg/ml 

CLA (Nu-Chek-Prep, Inc., Elysian, MN); 0.1 µg/ml LPS with LA or CLA at 
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concentrations ranging from 0.003 to 30 µg/ml. After incubation at 37 °C for 24 hr, 50 µl 

of the supernatant (n=3 per each well) was collected into a 96-well plate, quantified 

using QUANTI-Blue™ using UV-vis (λabs = 620 nm) detection medium. All stimulating 

agents were purchased from Sigma-Aldrich (St. Louis, MO) unless otherwise stated. 

The results are shown in Figure 4.3. 

The following explains quantification of dermal downgrowth that was induced by 

an insertion of PGS-CinA matrices with or without drug loading. The detail of in vivo 

experiments is described in Chapter 4. 

 

2.3.b Characterization of Drug-Eluting Matrices 

PGS-CinA cylinders (D x L = 1.5 mm x 15 mm) dedicated to measure release 

kinetics were incubated in 70% ethanol for 2 hr to remove sol and loaded with LPS 

(lipopolysaccharide), CLA, or LPS+CLA solutions in methanol overnight at the following 

concentrations: [LPS] = 0.5 mg/ml, [CLA] = 1-100 mg/ml. PGS-CinA matrices incubated 

with CLA were briefly rinsed in sterile water for 10 min prior to in vitro and in vivo 

controlled release studies. LPS-loaded matrices were briefly washed for 2 sec to 

remove excess LPS on the surface while minimizing premature release of LPS from the 

matrix. Release assays were performed in 2 ml of 0.5% tween in PBS at 37 °C. Eluted 

LPS was quantified using EndoZyme® recombinant Factor C Assay (Endotoxin Testing 

Solutions LLC, Athens, GA). The concentration of CLA released was measured using 

UV-vis (λabs = 260 nm). 

 
2.3.c In Vivo Implantation and Gross Anatomical Assessment 
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PGS-CinA cylinders were sterilized in 70% ethanol for 2 hr and loaded with 0.5 

mg/ml LPS, 100 mg/ml CLA, or both. PGS-CinA devices were dried in ambient 

conditions for 18 hr to ensure complete evaporation of methanol solvent. Percutaneous 

devices were implanted percutaneously in anesthetized male mice (C57BL/6; 20-25 

weeks; Harlan Laboratories, Indianapolis, IN) transversely through dorsal skin flaps as 

previously described.10 Briefly, the mouse dorsal skin was shaved and clipped to have 

two small exit sites ~0.5 cm apart midline. PGS-CinA implants were inserted through the 

exit sites and fixed in place with 3M Vetbond™. Each mouse was implanted with two 

percutaneous implants and housed separately. The skin bridge length was measured 

immediately after surgery and at prescribed times as previously reported by Fleckman 

et al.10 Observations were conducted over 4 mice per each treatment each time point. 

Implanted mice were taken care in separate cages to avoid sample lost from eating and 

fighting. Two rods of the PGS-CinA matrices were well fit on the mouse back as shown 

in 3.11. The glue dried out within 1-2 days and detached from the skin, while all rods 

stayed in place. There was no sign of irritation or infection over the experimental period. 

 

2.3.d Histological Assessment 

Dermal explants were fixed in 10% formalin, embedded in paraffin, sectioned, 

and stained with hematoxylin and eosin (H&E). Immunohistochemistry was also 

performed using CD163 antibodies (Biorbyt, San Francisco, CA). CD163 was used as 

marker for M2 macrophages.1 Micrographs were recorded using a Leica DM IL LED 

microscope (Buffalo Grove, IL) and analyzed using NIH ImageJ (National Institute of 

Health, USA, available at http://rsb.info.nih.gov/ij). The density of M2 macrophages was 
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measured by counting the number of CD163+ cells in four randomly selected areas 

along the tissue-device interface (a user defined area of L x W = 192 µm x 40 µm) in 

each skin sample. The characteristic distance from the implant was chosen based on 

previous studies.4,31,33 The downgrowth measurements are described as followed. 

 

2.3.e Quantification of Dermal Downgrowth 

In a study of percutaneous devices, dermal downgrowth is one of the most 

important factors that indicate biomaterial biocompatibility and skin-device interactions. 

Even though several researches have reported the reduction of dermal downgrowth 

using different types of materials, there is still no exact universal way to measure it. The 

measurement of dermal downgrowth can be defined in different ways. Pendegrass et al. 

measured dermal downgrowth by the line transection method. They essentially 

measured the line that is drawn from the highest point of skin-device interface to an 

intersecting skin line, as shown in Figure 2.4 (Left panel).24 Mitchell et al. instead 

calculated the dermal downgrowth as a percentage of the exposed coating length to the 

total fixation length, as shown in Figure 2.4 (Right panel).22 However, both methods can 

be used for only when skin integrates to a device so firmly that sample sectioning 

cannot tear those two apart. Studying percutaneous devices that do not aim to provide 

complete biointegration might need other methods for the quantification. 

In this study, we propose a method for measuring dermal downgrowth, as shown 

in Figure 2.5. This method can be applied to H&E skin samples that might not come 

with an implanted material. Briefly, an image of skin sample was processed to eliminate 

all part of subcutaneous adipose tissue by adjusting picture contrast. The image was 
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then skeletonized to have a middle line. This line was used to calculate average skin 

half thickness that was used to normalize the downgrowth because the skin thickness is 

not equal among samples. The average skin thickness was measured from 8 random 

positions in each sample. The dermal downgrowth was measured as a distance from 

the turning line to the end of dermal layer minus the average half thickness. 

  

Figure 2.7 Representative micrographs showing methods for quantifying dermal 

downgrowth in researches from Pendegrass et al. and Mitchell et al.22,24 

 

Figure 2.8 Quantifying dermal downgrowth.26 (a) Schematic of a dermal layer model for 

quantification. Dermal downgrowth is calculated from the overlapped skeletonized 
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length at an end subtracted with average half dermal thickness (a to h). The area above 

the straight horizontal dermal axis to the skeletonized middle line is equal to the area 

under the dermal axis to the middle line. (b) Representative actual mouse skin sample. 

(c) Example of a skeletonized image from the actual sample. The dermal downgrowth is 

calculated as described. 

 

2.3.f Statistical Analysis 

Data sets were analyzed using one-way ANOVA followed by Tukey’s post hoc 

test, or two-way ANOVA followed by Bonferroni correction, and/or Kruskal-Wallis test 

followed by Conover post hoc test. All statistical analysis was performed using Medcalc 

statistical software. Confidence intervals for diffusion coefficients were determined using 

the Monte Carlo method.14 The results and discussion are included in Chapter 4. 

 

Other than the two above-mentioned approaches: topographical cues and 

macrophage modulation, anti-fouling hydrogels were prepared in a cylindrical shape to 

investigate tissue responses using the same in vivo mouse model. The preparation and 

characterization is described down below. 

 

2.4 Preparation and Characterization of Hydrogels 

 

2.4.a Preparation of Hydrogels 

PCBMA was prepared from PCBMA monomers and PCBMX crosslinkers as 

following. Briefly, PCBMA and PCBMAX with varying %mol were well mixed together 
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(total concentration of 1 M). 10 mmol ammonium persulphate (APS) and 10 mmol 

tetramethylethylenediamine (TEMED) as an initiator and catalyzer were added right 

before loading the mixture into a cylindrical silicone mold (D x L = 3 mm x 30 mm). The 

gel formation could be seen within about one minute. The reaction was allowed to 

continue for 2 h at ambient condition. PCBMA hydrogels dedicated for rheological 

measurements were prepared between two glass slides with 750 µm spacer to get a 

disc with ~16 mm in diameter. PHEMA hydrogels were prepared from HEMA monomers 

using 5 %mol ethyleneglycol dimethacrylate (EGDMA), as a crosslinker. The total 

concentration of monomers and crosslinkers was 3 and 5 M. PHEMA polymerization 

was done using the same procedure as PCBMA. 

 

Figure 2.9 Chemical structures of (a) CBMA monomers and (b) CBMAX crosslinkers. 

 

One of the challenges in this study is to prepare hydrogels in cylindrical shape. 

Since PCBMA and PHEMA are not tough elastomers, they cannot be prepared from a 

thin film in the similar way we prepared PGS-CinA rods. Also, although 

photopolymerization would benefit in its non-toxicity since it does not require additional 

chemicals, it is limited in penetration depth. So, redox polymerization using APS and 

TEMED was conducted to prepare PCBMA and PHEMA hydrogels. The cytotoxicity of 

APS and TEMED was reported8, but rigorous washing (7 days in sterile PBS that was 

changed at least twice daily) can solve the issue.3,13 The procedure is also 
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uncomplicated, and the reaction mixture can easily fit into a cylindrical mold, as shown 

in Figure 2.10. 

 

Figure 2.10 A schematic of hydrogel preparation in a cylindrical mold. (i) Reaction 

mixture, including monomers, crosslinkers, APS, and TEMED, was well mixed before (ii) 

adding into a cylindrical mold. The mixture was polymerized for 2 h to obtain a 

cylindrical hydrogel (iii). 

 

2.4.b Measurements of Mechanical Properties and Swelling of Hydrogels 

PCBMA and PHEMA hydrogels were washed in DI water and phosphate 

buffered saline (PBS) for 1 and 7 d, respectively. The washing step was done similarly 

to the hydrogels dedicated for implantation. The cylindrical gels were cut to ~2.5 mm in 

thickness. The diameter of each sample was measured using a micrometer. Uniaxial 

compressive tests (n=8) were conducted using a 10 N load cell at strain rates of 1 

mm/min (Instron 5943 equipped with Bluehill 3 software, Norwood, MA). For rheological 

measurements, the hydrogel discs were washed and swollen in DI water until the water 

content reached equilibrium. The mechanical properties of hydrogels (n=4) were 
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measured using a rheometer (HR-2, TA Instruments, New Castle, DE). The viscoelastic 

region for each hydrogel was determined by a strain sweep experiment at 1 rad s−1 

frequency and 25 °C. A frequency sweep test was conducted at 0.5% strain and 25 °C. 

The strain is constant for all hydrogels for use in comparison. The hydrogels used for 

determining swelling ratio were also washed and swollen in water. The increase in 

hydrogel weight was monitored until there was no further change in weight. Mass 

swelling ratio was determined by the following equation. 

 Mass swelling ratio = (Massswollen − Massdry)/Massdry. Eqn. 2.2 

 

 PCBMA and PHEMA hydrogels were also prepared into a disc for rheological 

measurement that was conducted using a rheometer (HR-2, TA Instruments, New 

Castle, DE). It is recommended that a hydrogel disc should be at least 800 µm but not 

more than 1000 µm in thickness, and more than 15 mm in diameter, to obtain consistent 

and reliable results. We prepared each hydrogel using the total volume of reaction 

mixture (monomers+crosslinker+APS+TEMED) at 200 µL and pipetted the mixture into 

space between two glass slides with 750 µm spacers, as shown in Figure 2.11. After 

swelling in DI water for 3-4 days, the hydrogel became in the recommended size. All 

hydrogels were measured using a strain sweep test at 1 rad s−1 frequency and 25 °C, 

and a frequency sweep test at 0.5% strain and 25 °C. The results are shown in Chapter 

5. 
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Figure 2.11 Preparation of hydrogel discs and Rheological measurement setup. Left: 

Hydrogel circular discs were prepared between two glass slides with 750 µm spacers 

for rheology measurement. Right: A hydrogel disc is placed between two smooth flat 

plates in a rheometer. 

 

2.4.c In vivo Percutaneous Implantation of Cylindrical Hydrogels 

PCBMA and PHEMA hydrogels were transferred from the cylindrical mold to 

sterile DI water in a biological cabinet to avoid bacterial contamination. The hydrogels 

were further washed in PBS that was changed twice a day for 7 d. The hydrogels were 

air-dried in a biological cabinet for 18 h and put in normal saline for one minute right 

before a surgery.  Percutaneous devices were implanted percutaneously in 

anesthetized male mice (C57BL/6; 7-10 weeks; Harlan Laboratories, Indianapolis, IN) 

transversely through dorsal skin flaps as previously described.10,26 Briefly, the mouse 

dorsal skin was shaved and clipped to have two small exit sites ~0.8 cm apart midline. 

PCBMA and PHEMA implants were inserted through the exit sites and fixed in place 

with 3M Vetbond™. Each mouse was implanted with two percutaneous implants and 

housed separately. The skin bridge length was measured immediately after surgery (0 

d) and in a daily manner up to 20 d. 
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2.4.d Histology and Immunohistochemistry 

Implanted mouse skins were collected at designated times: 5, 10, 15, and 20 d 

(n=4, each treatment each time point). Dermal explants were fixed in 10% formalin, 

embedded in paraffin, sectioned, and stained with hematoxylin and eosin (H&E) and 

Masson’s trichrome. Immunohistochemistry was also performed using CD68/pStat1 and 

CD68/CD163 antibodies (Biorbyt, San Francisco, CA) for fluorescent double staining. 

CD68/pStat1 and CD68/CD163 was used as marker for M1 and M2 macrophages, 

respectively.1,2 Analysis of the histological samples will be performed in this near future. 

 

2.4.e Statistical Analysis 

Data sets were analyzed using one-way ANOVA followed by Tukey-Kramer post 

hoc test, or repeated measures ANOVA followed by Bonferroni correction. The tests of 

within-subjects effects in repeated measures ANOVA were based on sphericity 

assumed and Huynh-Feldt corrections. Statistical analyses were performed using either 

SPSS or Medcalc statistical software. The results and discussion are included in 

Chapter 5. 
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CHAPTER 3 LITHOGRAPHY-FREE FABRICATION OF RECONFIGURABLE 
SUBSTRATE TOPOGRAPHY USING SUB-THRESHOLD STRAIN 
STIMULI 

 

The content in this chapter in whole or in part has been previously published in 

Biomaterials. [Pholpabu, P., S. Kustra, H. Wu, A. Balasubramanian, and C. J. Bettinger. 

Lithography-free fabrication of reconfigurable substrate topography for contact guidance. 

Biomaterials 39:164–172, 2015.]45 

 

3.1 Abstract 

 

Mammalian cells detect and respond to topographical cues presented in natural 

and synthetic biomaterials both in vivo and in vitro. Micro- and nano-structures 

influence the adhesion, morphology, proliferation, migration, and differentiation of many 

phenotypes. Although the mechanisms that underpin cell-topography interactions 

remain elusive, synthetic substrates with well-defined micro- and nano-structures are 

important tools to elucidate the origin of these responses. Substrates with 

reconfigurable topography are desirable because programmable cues can be 

harmonized with dynamic cellular responses. Here we present a lithography-free 

fabrication technique that can reversibly present topographical cues using an actuation 

mechanism that minimizes the confounding effects of applied stimuli. This method 

utilizes strain-induced buckling instabilities in bi-layer substrate materials with rigid 

uniform silicon oxide membranes that are thermally deposited on elastomeric 

substrates. The resulting surfaces are capable of reversible of substrates between 
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three distinct states: flat substrates (A = 1.53 ± 0.55 nm, Rms = 0.317 ± 0.048 nm); 

parallel wavy grating arrays (𝐴∥ =  483.6 ± 7.8 nm and 𝜆∥ =  4.78 ± 0.16 mm); 

perpendicular wavy grating arrays (𝐴! = 429.3 ± 5.8 nm; 𝜆! = 4.95 ± 0.36 mm). The 

cytoskeleton dynamics of 3T3 fibroblasts in response to these surfaces was measured 

using optical microscopy. Fibroblasts cultured on dynamic substrates that are switched 

from flat to topographic features (FLAT-WAVY) exhibit a robust and rapid change in 

gross morphology as measured by a reduction in circularity from 0.30 ± 0.13 to 0.15 ± 

0.08 after 5 min. Conversely, dynamic substrate sequences of FLAT-WAVY-FLAT do 

not significantly alter the gross steady-state morphology. Taken together, substrates 

that present topographic structures reversibly can elucidate dynamic aspects of cell-

topography interactions. 

 

3.2 Introduction 

 

Mammalian cells can detect the topography of biomaterials in both natural and 

synthetic microenvironments.7,12,15,22,32 Topography plays an important role in 

determining the collective cell behavior in many complex biological processes in 

development, wound healing, and tissue regeneration.7,22,23,32,40,43,53,55 Topographical 

cues control fundamental cellular functions including adhesion, migration, proliferation, 

and differentiation.19,25,35,47,48 Most phenomenological studies that correlate cell function 

with feature geometry and size employ substrates with static 

structures.4,8,14,21,36,41,43,56,57,65 Static surfaces can extract many complex mechanisms 

that underpin cell-materials interactions such as contact guidance. However, there is a 
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limit to the insight that can be gained by interrogating dynamic systems with static cues. 

Substrates that present topography with spatiotemporal control are advantageous in 

studying cell-materials interactions including contact guidance. They can potentially 

decouple contact guidance responses from other confounding processes such as cell 

attachment and spreading.33,37 

Controlled presentation of topographical cues has improved through recent 

advances in stimuli-responsive materials34,62 precise delivery of stimuli such as 

temperature changes, light, or mechanical strain.4,7,19,23,34,40,54 This strategy has been 

used for dynamic microstructure presentation to study cell-materials interactions in 

numerous contexts.7,15,28,33 Programmable topography can also be engineered using 

stimuli-responsive polymers including those that respond to cues such as electric fields, 

temperature changes, and enzymes.15,29,33,38,62 

The introduction of external stimuli may affect baseline metabolism, viability, or 

proliferation of cell populations.59 For example, changes in temperature, the presence of 

enzymes, or irradiated light can impact basal cell function.15,59 Mechanical stimuli via 

direct application of strain is advantageous for topographic feature formation because it 

is rapid, robust, and facile.7,33 Most currently available methods that use strain-induced 

topography require uniaxial strains of greater than 10%.7,31,37 Mammalian cells can 

detect strains of the underlying substrate as small as 3.5% and respond to these stains 

by altering their morphology.51,58 Therefore, inducing topographic features using 

mechanical strains >3.5% may convolve contact guidance with responses to substrate 

deformation. Strain-induced topography will ideally utilize mechanical stimuli that are 

below the lower limit of detection for mammalian cells. Furthermore, mechanical stimuli 
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can be coupled with materials that can reversibly present homogeneous topographical 

cues in various orientations. Herein we report a lithography-free fabrication technique 

that is capable of producing strain-induced topography using sub-threshold uniaxial 

strains. Cytoskeleton morphodynamics in fibroblasts are measured using these model 

surfaces. 

 

3.3 Materials and Methods 

 

Materials and methods of this chapter are described in Chapter 2. 

 

3.4 Results and discussion 

 

3.4.a Microstructural Characterization of Dynamic Topography 

Strain-induced feature formation is a convenient strategy for rapid programmable 

presentation of topographic cues. Ordered buckling is an energy-relief mechanism that 

occurs when a thin rigid membrane on an elastomeric substrate is compressed.5,6 

Releasing the pre-strain of bi-layer substrates produces grating arrays composed of 

ridge-groove features with short-range order (Figure 3.1).60 This phenomenon has been 

used as a non-conventional microfabrication technique.46 Rigid silicon oxide (SiO2) 

membranes on polydimethylsiloxane (PDMS) substrates are commonly fabricated by 

exposing PDMS to O2 plasma.2,64 PDMS-SiO2 bilayers fabricated in this manner 

typically require large uniaxial strains (ε > 10%) to create grating arrays.49,64 One 

possible explanation is that the minimum thickness of SiO2 membranes processed 
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using O2 plasma is large because a significant depth of the PDMS must be converted 

into SiO2 before a strain-sensitive percolating network of oxide structures is formed 

within the substrate. The alternative method described herein uses thermal evaporation 

of SiO to deposit homogeneous SiOx (with 1.5 < x < 2) film apical to PDMS substrates.1 

This approach reduces the effective critical strain required for feature formation via 

compression. Although the exact composition of SiOx rigid membranes depends upon 

the deposition procedure, the composition will hereby be referred to as SiO2 for 

simplification.  

 

Figure 3.1 PDMS-SiO2 bilayer substrates produce reconfigurable programmable 

topography. PDMS-SiO2 bilayer substrates are pre-strained to εpre = 9% and coated with 

SiO2 layers of hf = 100 nm.  a) Wavelengths and amplitudes of the surface features are 

measured as a function of Δε = εapp - εpre. Values of Δε < 0%, Δε = 0% and Δε > 0% 

generate perpendicular wavy gratings (𝑊!), featureless flat substrates (𝐹), and parallel 

wavy gratings (𝑊∥) features, respectively. b) Fast Fourier Transforms (FFT) of PDMS-

SiO2 bilayer substrates with the for -9% < Δε < +9%. The intensity and relative 
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orientation of FFT signals confirm the presence (absence) of distinguishable features 

and the orientation of wavy grating arrays in the following discrete states: 𝑊!, 𝐹, and 

𝑊∥. 

The morphologies of PDMS-SiO2 bilayers in flat (F) and wavy (𝑊!) configurations 

are shown in Figure 3.2. Cycling the strain forms microstructures reversibly as indicated 

by optical and scanning probe microscopy. AFM images of bilayers in flat configuration 

(ε = 0%) contain features with characteristic peak-to-trough amplitudes of approximately 

2 nm. This feature height is an order of magnitude smaller than the minimum detection 

limit for mammalian cells.4,10 The size of the microstructure of the grating is a strong 

function of the intensive mechanical properties of the two materials: the thickness of the 

membrane hf, and the amount of pre-strain εpre.30,44 The anticipated values for average 

peak-to-through amplitude A0 and wavelength of the features λ0 in grating arrays with 

net compressive strains can be predicted using the following relationships:  

 𝜆! = 2𝜋ℎ!  !!
!!!

!
!    Eqn. 3.1 

 𝐴! = ℎ!
!!"#
!!
− 1    Eqn. 3.2 

The parameters in each equation are as follows: hf is the thickness of the rigid 

membrane; Ef and Es are Young’s moduli of substrate and rigid membrane, 

respectively; εpre is amount of uniaxial pre-strain; εc is critical buckling strain given by:30 

 𝜀! =  !
!

!!!
!!

!
!
    Eqn. 3.3  

A buckling pattern is established only when the applied strain exceeds εc. Values for l0 

are predicted to be largely independent of the amount of pre-strain. However, 

experimentally observed values of λ0 are reduced for uniaxial strains greater than 
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10%.26,30,52 Relationships that describe feature sized formed via spontaneous buckling 

are valid if certain criteria are satisfied. The intensive properties and extensive geometry 

of the film must be such that Ef >> Ef and hf << ts where ts is the substrate thickness. 

The net strain De is defined as the difference between the resulting applied strain eapp 

and the pre-strain via Δε = εapp - εpre. Feature formation either by compression or tension 

(|εapp| > εpre) yields grating features with peak-to-trough amplitudes of A > 400 nm. 

Topographic features produced from pre-strained PDMS-SiO2 bilayer substrates in this 

study were consistent with constitutive relationships in Eqns. 3.1-3.3. Releasing the pre-

strain produces a net compressive strain εapp < εpre and a uniaxial grating array that is 

oriented orthogonally to the axis of the applied strain. Orthogonal features have an 

average amplitude of 𝐴! = 429.3 ± 5.8 nm and 𝜆! = 4.95 ± 0.36 mm (Figure 3.2). 

Applying a strain εapp such that Δε = 0% abolishes the grating. Tensile strains of Δε = 

εapp - εpre > 3% produce grating arrays parallel to the axis of applied strain. Parallel 

features have an average amplitude of 𝐴∥ = 483.6 ± 7.8 nm and 𝜆∥ = 4.78 ± 0.16 mm. 

Features emerge for strains as small as Δε = |εapp - εpre|= 3%. Fast Fourier Transforms 

(FFT) of optical micrographs are shown in Figure 3.1b. The intensity and orientation of 

these data confirm the presence (absence) and orientation of grating arrays under 

compression, tension, and zero-strain states. The feature amplitude A is also a strong 

function of the SiO2 membrane thickness hf. Optical and scanning probe micrographs of 

PDMS-SiO2 bilayer substrates with hf = 10 nm, pre-strain of εpre = +3%, and an applied 

strain of Δε = -3% produce random isotropic features with no short-range order and an 

Rms roughness of 0.317 ± 0.048 nm (Figure 3.2). Strain-dependent topography can be 

cycled without any observed hysteresis in feature size. “Strain cycles could likely be 
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repeated dozens of times without any fatigue or fracture of the SiO2 membrane or 

mechanical failure of the PDMS substrate.” PDMS-SiO2 bilayer substrates formed by 

thermal evaporation of SiO2 membranes offer additional advantages for use in dynamic 

presentation of substrate topography. First, the minimum critical strain εc is reduced, 

which minimizes crosstalk from mechanical stimuli during quantification of cytoskeleton 

remodeling.27 Second, small strains can alter the surface topography between three 

discrete states: flat (F), orthogonal wavy (𝑊!), and parallel wavy (𝑊∥). The precise 

selection of the SiO2 membrane permits facile fabrication of control substrates that are 

identical to dynamic topography substrates in terms of surface chemistry and applied 

strain. Lastly, topography can be presented both rapidly (~5 sec) and reversibly without 

indirectly impacting feature geometry. 

 

Figure 3.2 PDMS coupons are pre-strained to εpre = +3% and SiO2 membranes of 

thickness hf are deposited on elastomeric substrates. The pre-strain is released such 

that Δε = -3% prior to characterization. SiO2 membranes with hf = 100 nm generate flat 

(𝐹)  surfaces, while SiO2 membranes with hf = 100 nm generate substrates with 

perpendicular gratings (𝑊!).  
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3.4.b Morphological Responses of Fibroblasts to Static Topography 

FB cultured on static flat (Static F) exhibit a more rounded morphology and 

random spreading compared to the aligned morphologies of fibroblasts cultured on 

static grating arrays (Wavy W) as assessed by fluorescent microscopy (Figure 3.3). 

Four parameters were used to quantify FB morphology: circularity Ccell, ratio of major-to-

minor axes Raxis, projected area Aproj, and angle of major axis to grating direction 

θalign.17,24 FB cultured on flat substrates exhibit a larger average cell circularity (0.30 ± 

0.13 versus 0.15 ± 0.08; p<0.001) and a higher average angle between the major axis 

of the cell and the features compared to topographic substrates (43.25° ± 23.40° versus 

15.22° ± 13.10°; *** p <0.001)  (Figure 3.4). These results suggest that static surfaces 

with grating topography can recapitulate the highly conserved morphological response 

of mammalian cells to grating features that is associated with contact guidance.16 These 

measurements produce a baseline to compare the evolution of FB cytoskeleton 

morphology on substrates with dynamic topography. 
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Figure 3.3 Fibroblast morphology and orientation on static flat (F) and static wavy 

gratings (W). Fibroblasts are fixed on PDMS-SiO2 bilayers for 24 h prior to 

characterization. Micrographs suggest that fibroblasts were randomly oriented on static 

flat (F) substrates and aligned to wavy gratings (W). The direction of the grating is 

indicated by the red arrows. Actin and nuclei are shown in green and blue, respectively. 
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Figure 3.4 Quantification of fibroblast morphology and orientation on substrates with 

static flat (F) and static perpendicular gratings (𝑊!). Values of circularity Ccell, projected 

area Aproj, axial ratio Raxis, and alignment angle θalign confirm that fibroblasts exhibit 

reduced spreading and increased alignment and orientation when cultured on 𝑊! 

substrates compared to F substrates (*** p<0.001). 

 

3.4.c Cell Culture on Substrates with Programmable Topography 

Many mammalian cell phenotypes respond to dynamic topographical features 

through cytoskeleton reorganization.37 The strain detection threshold for mammalian 

cells in response to uniaxial stretching is εcycle = 3.5% as inferred by gross 

morphological characterization.51,58 This threshold provides a benchmark to limit the 

maximum applies strains to |Δε| < 3.5%. Nevertheless, applying strain in sub-threshold 

regimes may still impact other as of yet unknown aspects of cell-materials interactions. 

Therefore, several substrate topography sequences were utilized to assess the potential 
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impact of strains in the sub-threshold regime. Static substrates that are either Flat (F) or 

Wavy (W) are mapped to corresponding dynamic substrates with the following 

sequences: 𝐹𝑊!𝐹  and 𝐹𝑊! . Substrates with 𝐹𝑊!𝐹  sequences are critical control 

conditions to measure the potential impact of the transient strain on the downstream 

cytoskeleton morphodynamics. Furthermore, a direct comparison between sequences 

of 𝐹𝑊!𝐹 and 𝐹𝑊! can isolate the direct impact of dynamic topography presentation on 

cytoskeleton morphology. FB morphology was largely preserved immediately after 

applied strains of Δε = ±3% (Figure 3.5). The orthogonal and parallel axes refer to the 

relative orientation of the grating features to the direction of applied strain. The 

morphology of FB cultured on PDMS substrates coated with 10 nm SiO2 membranes 

was measured for t ≤ 6 h (Figure 3.6). PDMS substrates with SiO2 membranes of hf = 

10 nm , εpre = +3%, and Δε = -3% exhibit random gratings with feature sizes of A = 1.53 

± 0.55 nm and l = 1.8 ± 0.1 µm. These features do not significantly alter FB morphology 

via contact guidance mechanisms since the feature heights are smaller than 35 nm, the 

previously reported detection limit for contact guidance.11 PDMS substrates with 10 nm 

SiO2 membranes serve as valuable control materials since the strain and chemistry of 

the substrate are identical to PDMS-SiO2 bilayers that with thicker SiO2 membranes. 

Maintaining constant material properties in dynamic substrates can be challenging.33 

Thin film deposition and precise strains achieve dynamic programmable topography 

while preserving many of the other physicochemical aspects of the cellular 

microenvironment. 
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Figure 3.5 Transient response of isolated fibroblast in response to PDMS-SiO2 bilayers 

cycled through discrete states of substrate topography. The applied strain is applied 

rapidly to achieve the following configurations: The strain is sequentially and quickly 

applied across the following values: Δε = 0% generates flat substrates (𝐹) with no 

grating features; Δε = +3% produces perpendicular wavy grating arrays (𝑊!); Δε = -3% 

produces wavy grating arrays that are parallel to the axis of applied strain (𝑊∥). The 

rapid switching of substrate topographies does not induce observable morphological 

changes in FB over the span of 30 sec. 

 

 

             

Figure 3.6 Cytoskeleton morphodynamics for FB cultured on substrates over the course 

of 6 h with the following sequences are shown: Static flat (𝐹), dynamic flat to wavy 
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grating (𝐹𝑊!), and dynamic flat to wavy grating back to flat (𝐹𝑊!𝐹). Results of one-way 

ANOVA with Tukey post hoc tests are summarized in the table. 

 

After 24 h of cell seeding (t = 0 h), the surface topography is switched either from 

flat to wavy (𝐹𝑊!) or flat to wavy to flat (𝐹𝑊!𝐹) in rapid succession. The dynamic 

presentation of substrate topography induces alterations in FB morphology that initiate 

within 6 min and persist for t > 6 h (Figure 3.6).  The circularity and ratio of major/minor 

axes of the 𝐹𝑊! both exhibit a significant change within 5 min of substrate actuation (** 

p < 0.01), while the average projected area A and major axis angle exhibit significant 

differences within 1 hour (** p < 0.001). Substrates with 𝐹𝑊!𝐹  programs present 

gratings briefly (5 ± 3 sec). FB cultured on 𝐹𝑊!𝐹  programs exhibit cytoskeleton 

dynamics that are substantially different compared to Static F substrates. 𝐹𝑊!𝐹 

sequences induce transient alterations in the following parameters that are associated 

with elongated morphologies: circularity Ccell, projected area Aproj, and axial ratio Raxis.  

Values for Ccell and Raxis in FB populations cultured on substrates with 𝐹𝑊!𝐹 sequences 

converge to values observed in cells on Static F substrates for t ≤ 2 h. These results 

suggest that sub-threshold strains induce transient fluctuations in morphological 

response. Temporary presentation of topographical cues may engage memory 

mechanisms in mammalian cells that have been previously reported in the context of 

other types of dynamic cell-materials interactions.61 
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Figure 3.7 Dynamic change in the average alignment angle θalign of fibroblasts over 6 h 

on substrates with the following topographic sequences: dynamic flat to wavy grating 

(𝐹𝑊!); dynamic flat to wavy grating back to flat (𝐹𝑊!𝐹). These data demonstrate the 

gradual shift in alignment for 𝐹𝑊! sequences compared to unperturbed distributions in 

𝐹𝑊!𝐹 sequences. 

 

Substrates with 𝐹𝑊!  sequences yield morphological changes in FB that are 

internally consistent with other observations within this study. Substrate actuation via 

compressive strains is comparable between 𝐹𝑊! and 𝐹𝑊!𝐹 sequences. FB cultured on 

substrates with 𝐹𝑊!  sequences adopt a temporary rounded morphology that is 

manifested by a transient decrease in Aproj for t = 1 h (*** p < 0.001), a decrease in Ccell 

at t = 0.1 h (*** p < 0.001), and an increase in Raxis  at t = 0.1 h (** p < 0.01) compared 

to Static F substrates (Figure 3.6). The morphology of FB cultured on substrates with 

𝐹𝑊! sequences for t ≥ 6 h compared to Static F substrates approximate that of Static W 
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compared to Static F. These results suggest that steady state FB morphology is 

achieved within 6 h. 

 

3.4.d Single Cell Sensing on Programmable Substrates 

Programmable substrates can measure the cytoskeleton morphology of 

individual FB to transiently altered strain-induced topography. Isolated FB alter their 

shape and orientation for t ≤ 1 h. Single cell morphological responses observed in FB 

populations cultured on substrates with 𝐹𝑊! and 𝐹𝑊!𝐹 sequences are shown in Figure 

3.8. FB alignment and elongation occurs for t < 2 h for 𝐹𝑊! sequences. FB cultured on 

substrates with 𝐹𝑊!𝐹 sequences extend lamellipodia in seemingly random directions 

within t < 2 h. Single-cell morphodynamics are consistent with morphological 

observations made in FB populations. A notable observation is that both 𝐹𝑊!  and 

𝐹𝑊!𝐹 sequences induce an initial temporary phase of cell rounding immediately after 

substrate actuation. This observation is curious because the minimum apparent strain 

detection threshold during cyclic stretching is εcycle = 3.5%. Furthermore, the strains 

applied in this system are approximately 1 order of magnitude smaller than other 

experiments that employ dynamic strain. Typical cyclic strain experiments require 

uniaxial substrate strains of εcycle > 10%.42 Furthermore, the impact of mechanical stress 

on cytoskeleton dynamics typically results in strains of γ ~ 20%.18,66 It is unlikely that the 

application of transient strains will directly impact binding between integrins and 

adhesion-promoting peptides because of the strength of these bonds.39 Typical 

dissociation constants for this specific kind of receptor-ligand interaction is on the order 

of KD = 10-9 M, which corresponds to a characteristic binding distance of r0 = 3 nm.39 



	 67	

Considering the characteristic dimension of integrins is ~10 nm9, it is likely that 3% 

strains will not dissociate integrin-peptide coupling. Dynamic topography presentation 

may, however, alter other downstream effectors of cell-matrix interactions. Transient 

substrate strains may disrupt focal adhesions or cytoskeleton proteins that induce an 

altered state in which the cell rapidly interrogates the local chemical and topographical 

microenvironments by forming nascent integrins.3 This topic is the subject of ongoing 

research. 

 

Figure 3.8 Morphodynamics of a single FB in response to substrate perturbations. 

Single cells are captured before and after topographical switching, indicated at zero 

time point (:00). Phase contrast micrographs are processed using ImageJ to depict 

changes of cellular shape and orientation. Substrates are programmed with the 

following sequences: (a) flat to perpendicular wavy grating ( 𝐹𝑊! ); (b) flat to 

perpendicular wavy grating back to flat substrates (𝐹𝑊!𝐹). 

 

3.4.e Topographic Elastomeric Cylinders 
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Microgrooves were successfully generated on PDMS substrates and elastomeric 

cylinders. The mechanical pre-strain at 30% and UV ozone produce wavy patterns that 

have wavelength of 6.97 ± 0.21 µm and amplitude of 36.47 ± 1.44 µm on PDMS. The 

pattern was replicated on PGS-CinA cylinder, as shown in Figure 3.9. 

 

Figure 3.9 Topographic PDMS and PGS-CinA cylinders. Microwavy pattern was 

successfully transferred from PDMS (a) to PGS-CinA cylinders (b). 

 

3.4.f Contraction of Skin Bridge Length in Mouse Model 

In addition to the control of in vitro cell morphodynamics, topographic patterns 

were incorporated to percutaneous device to investigate host response. Our preliminary 

results in Figure 3.10 show that the topographic percutaneous implants significantly 

changed the contraction rate of skin bridge length in two weeks after a surgery, 

compared to implants with smooth surface (Kruskal-Wallis, p < 0.05). The higher rate of 

skin bridge contraction might be attributed to tissue-topography interactions that 

accelerate tissue migration disregarding of the microgroove alignment. The higher 

migration rate disagrees with many in vitro experiments that reported slower migration 

rate using microgrooves aligned perpendicular to cell migration direction.13,61 The result 

suggests that in vitro collective cell migration might not well represent actual in vivo 

tissue migration, and microgrooves might not be a promising way to control epidermal 

downgrowth in percutaneous devices. 
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Figure 3.10 Normalized percentage of skin bridge length. Bars and error bars represent 

means and standard deviation. (*p <0.05, Kruskal-Wallis) (n=4) 

 

3.5 Conclusions 

 

We describe a lithography-free approach to fabricate dynamic substrate 

topography for measuring morphodynamics of cells during contact guidance. This 

substrate is advantageous because it presents ordered topographical cues in a manner 

that decouples potential contributions from other stimuli including substrate chemistry 

and large mechanical strains. Homogeneous surface chemistry (SiO2) and small 

required extensive strains (~3%) are key features of the approach described herein. 

Although the substrate cannot completely eliminate the effect of external mechanical 

stimuli on in vitro cell-topography interactions, using small strains minimizes the impact 

of the applied stimulus. This work represents a strategy to better isolate the effect of 

dynamic programmable topography on living cells. Furthermore, this technique permits 

rapid and reversible presentation of topographic cues with precise temporal precision. 

Dynamic substrate topography afforded by the strategy described herein could be 
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further applied to studying signal transduction pathways that original from transient cell-

matrix interactions and propagate to downstream pathways that control cytoskeleton 

reorganization. Thus, programmable substrate topography is a promising strategy to 

elucidate cytoskeleton remodeling dynamics in many cell phenotypes in the context of 

cell-biomaterials interactions.  
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CHAPTER 4 CONTROLLED RELEASE OF SMALL MOLECULES FROM 
ELASTOMERS FOR REDUCING EPIDERMAL DOWNGROWTH IN 
PERCUTANEOUS DEVICES 

 

The content in this chapter in whole or in part has been previously published in ACS 

Biomaterials Science & Engineering. [Pholpabu, P., S. S. Yerneni, C. Zhu, P. G. Campbell, 

and C. J. Bettinger. Controlled Release of Small Molecules from Elastomers for Reducing 

Epidermal Downgrowth in Percutaneous Devices. ACS Biomater. Sci. Eng., 2016.]42 

 

4.1 Abstract 

 

The elevated infection rise associated with indwelling devices can compromise 

the performance of percutaneous devices and increase the risk of complications. High 

infection rates are associated with both the high bacterial load on the skin and 

epidermal downgrowth at the interface of the indwelling material. Here we propose a 

drug-eluting material that promotes local dermal regeneration to reduce epidermal 

downgrowth. Mesoporous elastomeric matrices composed of naturally occurring 

monomers were prepared by a combination of photo- and thermal- crosslinking. 

Elastomeric devices loaded with conjugated linoleic acids (CLA), a class of small 

molecules that promotes local anti-inflammatory responses, can deliver these 

compounds for 7 d (DCLA-elastomer = 3.94 x 10-9 cm2/s, 95% CI [3.12 x 10-9, 4.61 x 10-9]). 

In a mouse model, CLA-eluting elastomeric matrices increase the M2 population (5.0 x 

103 ± 1.4 x 103 cells/cm2), compared to blank devices (3.8 x 103 ± 2.2 x 103 cells/cm2), 

and also reduce skin contraction (98.9 ± 6.4 %), compared to blank devices (70.9 ± 9.3 

%) at 7 d. Dermal downgrowth is also attenuated at 14 d (60.4 ± 32.4 µm) compared to 
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blank devices (171.7 ± 93.8 µm). CLA-eluting elastomers are therefore a viable strategy 

to reduce epidermal downgrowth in percutaneous devices. 

 

4.2 Introduction 

  

Indwelling catheters are important in healthcare because they provide 

transcorporal egress.2,41 However, these medical devices are a major source of 

nosocomial bloodstream infection that gives rise to notable morbidity and mortality.15,55 

Percutaneous devices induce dermal migration downward along the skin-device 

interface and create recessed tissue circumferentially arranged about the device.42 

Dermal downgrowth and high bacterial loads increase the risk of bloodstream 

infection.32 Previous strategies to reduce the skin-device mismatch primarily focus on 

microporous catheters to promote dermal integration.18,52 Modulating local macrophage 

populations may offer another strategy for reducing epidermal downgrowth. 

Macrophages serve as a key component to regulate inflammation, regeneration, and 

remodeling. Attenuating pro-inflammatory (M1) macrophages and increasing 

regenerative (M2) macrophages may accelerate the healing processes and reduce 

epidermal downgrowth.7,8 Local delivery of linoleic acid (LA) and its isomer, conjugated 

linoleic acid (CLA), is a viable approach for biasing macrophage populations. LA and 

CLA are small molecule agonists that polarize macrophages toward M2 

phenotypes.35,43,57 Furthermore, LA and CLA have molecular weight 280 g/mol and 

hydrodynamic radii between 2.8-3.1 Å.22,23 thereby permitting delivery from mesoporous 

elastomeric matrices. Here we design the design and characterization of drug-eluting 
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elastomers for local delivery of macrophage modulating small molecules to reduce 

epidermal downgrowth in percutaneous devices. 

 

4.3 Materials and Methods 

 

Materials and Methods of this chapter are described in Chapter 2. 

 

4.4 Results and discussion 

 

4.4.a Mechanical Properties of PGS-CinA 

Seamless tissue-device integration can attenuate epidermal downgrowth and 

reduce catheter-related bloodstream infections.11,17,36 Elastomers composed of naturally 

occurring monomers are ideal because they are non-toxic and exhibit mechanical 

properties that match the dermis.28,45,51,54,56 Cylindrical matrices were prepared from 

coupons composed of poly(glycerol-co-sebacate)-cinnamate (PGS-CinA), a 

photocrosslinkable elastomer that supports cell attachment and proliferation.11,60 The 

Young’s modulus of PGS-CinA prepared from sequential photocrosslinking and thermal 

crosslinking is EPGS-CinA = 54.33 ± 0.96 kPa, which is comparable to the dermis modulus 

(Edermis ~ 56 kPa).19,29 Elastomeric PGS-CinA matrices improve the mechanical 

matching at the tissue-device interface, which may reduce local injury due to 

micromotion artifacts and subsequently reduce the risk of device failure when compared 

to more rigid device materials such as medical grade silicone (Esilicone = 8.7 ± 0.5 MPa) 

and polyvinylchloride (PVC; EPVC = 17.8 ± 1.2 MPa).12 The crosslink density of PGS-
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CinA films that undergo successive photocrosslinking and thermal curing was calculated 

to be nPGS-CinA = 7.31 ± 0.77 mol/m3, as described in Chapter 2. 

 

Figure 4.1 Mechanical and physical characterization of PGS-CinA elastomer. (a) The 

elastic modulus is calculated from the stress-strain plot of a PGS-CinA film. (b) Swelling 

ratio of PGS-CinA is quantified using microstructures with square geometries. The width 

of the microstructures is measured before (i) and after (ii) incubation in DI water for 24 

hr at 37 °C to obtain values for Ld and Ls, respectively. The swelling ratio is calculated 

from 𝑄!"# = 𝐿!
𝐿!

!
 is 1.13 ± 0.01. 

 

4.4.b Mesh Size 

The release kinetics of small molecules is dependent upon the mesh size.30,49 

The mesh size ξ of crosslinked PGS-CinA networks is estimated to be ξPGS-CinA = 37.3 ± 
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0.4 nm based upon the elastic modulus using the following equation described by Canal 

and Peppas.10 

 𝜉 = 𝜙!! ! !"!!!!
!!

!
! 𝑙 Eqn. 4.1 

In this expression, 𝜙 is the volume fraction of polymer in the equilibrium swollen 

polymer (reciprocal of the swelling ratio, 𝜙!! = 𝑄!"#  = 1.13 ± 0.01, calculated as 

described in Chapter 2), Cn is the characteristic ratio of the polymer (estimated to be 6 

for polyesters composed primarily of alkyl chains)16, Mr is the molecular weight of the 

repeat unit of the copolymer estimated from the PGS-CinA chemical structure (Mr,PGS-

CinA = 241 g/mol), l is the average C-C bond length, and Mc is the molecular weight of 

the repeat units between crosslinks (Mc,PGS-CinA = 1.45 x 105 ± 0.10 x 105 g/mol). The 

value of Mc is determined by the following equation.53  

 𝑁 = !!"#!!"#$
!!"

= !
!!

 Eqn. 4.2 

The parameter R is the universal gas constant, T is the absolute temperature, 

and ρ is the mass density of the PGS-CinA (1.06 ± 0.07 g/cm3). 
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Figure 4.2  Inhibition of NF-κB activation by IL-10, CLA, and LA, measured by SEAP 

reporter assay. IL-10 and CLA have a comparable ability to dampen NF-κB expression 

induced by LPS. LA does not significantly reduce NF-κB expression level. Bars 

represent the mean ± SD, n=9. Different groups of values (a-c) are determined by one-

way ANOVA and Tukey post-hoc test. 

 

4.4.c Release Kinetics of LPS and CLA from Elastomeric Matrices 

The release kinetics of CLA, LPS, and LPS+CLA from PGS-CinA matrices were 

measured. CLA was chosen as a macrophage-modulating agent because it is a small 

molecule that exhibits comparable NF-κB inhibition to IL-10, an anti-inflammatory 

cytokine and agent that biases macrophages toward M2 polarization (Figure 4.2).14,33 In 

contrast, LA does not significantly reduce the macrophage inflammatory response. This 

is consistent with previous studies, which suggest LA cannot act as a ligand to 

peroxisome proliferator-activated receptor γ (PPARγ), a nuclear receptor the promotes 
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M2 macrophage differentiation.4,6,44,46 LPS was included to this study to activate pro-

inflammatory cytokines and recruit macrophages to the implantation site.25,34 Local co-

delivery of both LPS and CLA was tested to assess the potential increase in both overall 

macrophages and macrophages with M2 phenotypes when compared to CLA delivery 

alone. The release kinetics of LPS and CLA from solid cylindrical elastomeric PGS-CinA 

matrices is shown in Figure 4.3. LPS-loaded matrices release 986 ± 23 pg of LPS within 

1 hr, which represents more than 95% of the total releasing LPS. The observed rapid 

LPS release is attributed to the amphiphilicity of this molecule.1 The diffusivity of CLA in 

PGS-CinA matrices is concentration-dependent (Table 4.1). PGS-CinA matrices with 

nominal loading of 100 mg/ml CLA exhibit maximum loadings at 1,437 ± 17 µg where 

Mt/M∞= 0.5 at t = 16 hr. The parameters Mt and M∞ refer to the instantaneous amounts 

of CLA released at time t and the total amount of CLA loaded in the PGS-CinA matrix, 

respectively. CLA-loaded PGS-CinA matrices with nominal loading of 100 mg/ml were 

further investigated in vivo. The diffusivity of CLA in PGS-CinA was determined by fitting 

the CLA release profile to analytical models derived from Fick’s second law of diffusion 

in cylindrical coordinates under the perfect sink conditions and !"(!,!)
!"

= !"(!,!)
!"

= 0 for all t 

where c(r,t) is the instantaneous CLA concentration in the matrix.47 This expression can 

be approximated by the following analytical expressions for the regimes of both 

!!
!!

< 0.4 and !!
!!

> 0.4, respectively.47 

 !!
!!

= 4 !"
!!!

− !"
!!

 Eqn. 4.3 

 !!
!!

= 1− 0.62 × 𝑒𝑥𝑝 !!.!"!"
!!

 Eqn. 4.4 
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D is the diffusivity of the solute in the matrix; r is the radius of the cylinder. A diffusion 

coefficient of 3.94 x 10-9 cm2/s, 95% CI [3.12 x 10-9, 4.61 x 10-9] cm2/s was extracted 

from release curves (Figure 4.3d). The mechanism of controlled release of CLA in PGS-

CinA can be explained using Korsmeyer-Peppas model (Figure 4.3c).27 The exponent n 

in Korsmeyer-Peppas’ equation is 0.61 ± 0.05 (r2=0.94), 0.76 ± 0.04 (r2=0.97), and 0.59 

± 0.03 (r2=0.98), for 100, 10, and 1 µg/ml loading, respectively. Values of 0.45 < n < 

0.89 for cylindrical matrices suggest that the diffusion mechanism is anomalous non-

Fickian transport that combines contributions from both diffusion in the hydrated matrix 

and relaxation of the polymer matrix.61 

 

Figure 4.3 In vitro release profiles of LPS and CLA from PGS-CinA matrices. (a) More 

than 95% of total released LPS is released from matrices within 1 h. (b) CLA with 

different nominal loading concentrations is released from matrices within 2-7 d. (c) 

Analysis of CLA release is illustrated in a relative released CLA plot and a Korsmeyer-

Peppas plot. (d) The release profile of CLA from PGS-CinA matrices with nominal 

loading of 100 mg/ml is fit to early and late time predictions. CLA diffusivity in hydrated 
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PGS-CinA networks is calculated to be Deff = 3.94 x 10-9 cm2/s, 95% CI [3.12 x 10-9, 

4.61 x 10-9] cm2/s. Data points and errors represent the mean and SD, respectively 

(n=4). 

Table 4.1 Loading Concentrations and Release Kinetics 
 

Nominal Loading 
(mg/ml) 

Theoretical Loading 
(µg) 

Actual Maximum 
Released* (µg) 

Diffusivity 
(cm2/s) 

1 2.65 x 101 24.5 1.63 x 10-8 

10 2.65 x 102 174.6 4.87 x 10-9 

100 2.65 x 103 1437 3.94 x 10-9 

* The actual maximum released CLA is obtained from the release plateau.14,17,21 

 

The extracted value of the diffusion coefficient (3.94 x 10-9 cm2/s, 95% CI [3.12 x 

10-9, 4.61 x 10-9] cm2/s) is consistent with Deff, calculated to be 4.12 x 10-9 ± 2.06 x 10-9 

cm2/s based on a theoretical model developed by Lustig and Peppas that relates solute 

diffusivity and the physical parameters of crosslinked networks.31 

 𝐷!"" = 𝐷!"# 1− !!
!
𝑒!

!
!!!, Eqn. 4.5 

The parameters Deff and Dsol refer to the effective and solute diffusion coefficients, 

respectively, Rh is the hydrodynamic radius, and 𝑄 is the swelling ratio. Values of Dsol 

and Rh for CLA are adopted from values measured in fatty acids with 18-carbon 

chains.22 PGS-CinA networks contain unknown portions of micropores that contribute to 

different dimensional and gravimetric swelling, so both dimensional (𝑄!"# ) and 

gravimetric (𝑄!"#$) swelling ratios are measured to determine Deff.48,57,58 The measured 

value of dimensional swelling is 𝑄!"# = 1.13 ± 0.01 (See Supporting Information) while 

the measured value for gravimetric swelling is 𝑄!"#$ = 1.08 ± 0.02. These two swelling 
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ratios predict different values for Deff based on inserting Eqn. 4.1 into Eqn. 4.5 (Figure 

4.4a). Experimentally determined values for Deff are in close agreement with swelling 

ratios extracted from dimensional measurements 𝑄!"#. Experimental values for Deff and 

𝑄!"#  extracted from Eqn. 4.5 also generate a value for mesh size ξPGS-CinA that is 

internally consistent with that calculated using the Canal and Peppas model (Eqn. 4.1) 

(Figure 4.4b). These data suggest that CLA diffusion through PGS-CinA networks is 

governed by the mesoscale structure of the crosslinks. 

 

Figure 4.4 (a) Plot of effective diffusion coefficient (Deff) and (b) mesh size (ξ) versus 

swelling ratio (𝑄). Continuous lines indicate predicted values of 𝐷!"" and ξ as a function 

of a hypothetical 𝑄  (Eqn. 4.5). Experimentally determined values of 𝑄!"#  and 𝑄!"" 

generate two corresponding values for 𝐷!"" and ξ. The value of 𝑄!"# produces a value 
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of 𝐷!"" that is consistent with analytical models derived from Fick’s second law (Eqn. 

4.3 and Eqn. 4.4.). 

 

4.4.d Histological Analysis of Mouse Skin Inserted with Elastomeric Matrices 

Drug-eluting PGS-CinA matrices bias local macrophage populations to an M2 

phenotype (CD163+) depending on the small molecule that is delivered (Figure 4.5). M2 

macrophage densities at t = 3, 7, 10, and 14 d exhibit significant statistical interaction 

between the treatments (LPS, CLA, or LPS+CLA) and time (two-way ANOVA, F=4.627, 

p < 0.001). Both blank and CLA-eluting PGS-CinA matrices produce comparable trends 

in M2 macrophage density at 3 d. These observations are attributed to the fact that the 

effect of CLA may be dwarfed by the pro-inflammatory signals at the implantation site 

during early stages of wound healing.9,26,37 The results are consistent with previous 

studies that found local injections of M2 macrophages at 3 d does not shorten wound 

closure time even though M2 macrophages are associated with regenerative healing.24 

CLA-eluting matrices, however, significantly increase the local M2 macrophage density 

(5.0 x 103 ± 1.4 x 103 cells/cm2) compared to blank PGS-CinA matrices (3.8 x 103 ± 2.2 

x 103 cells/cm2) at 7 d (Kruskal-Wallis, *** p < 0.001). Transient increases in M2 

macrophage population for CLA-eluting matrices at 7 d are consistent with the 

characteristic time scale for CLA release. These results corroborate previous findings 

that suggest CLA is a bioactive small molecule that polarizes M2 macrophages in 

vivo.35,40 
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Figure 4.5 CD163+ cells at the interface of mouse dermal tissues and implanted PGS-

CinA matrices. (a) Representative histological micrographs at 7 d post-implantation. The 

density of CD163+ cells (stained in brown indicated by arrow) was determined within 40 

µm from the interface (thick dark blue to thin grey dotted lines). T, G, and M stand for 

tissue, gap, and matrix, respectively. The red dotted line indicates an edge of a 

cylindrical matrix. (b) Quantified CD163+ cell density collected at designated times after 

surgery. An asterisk indicates significant difference of the cell density using CLA, 

compared to all other treatments at 7 d (Kruskal Wallis, *** p < 0.001, n=4). Two-way 

ANOVA with Bonferroni also shows that CLA treatments are statistically distinct from 

LPS and LPS+CLA (* p < 0.05, n=4). 
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Drug-eluting PGS-CinA matrices loaded with different bioactive small molecules 

exhibit significant differences in dermal downgrowth as shown in Figure 4.6 (two-way 

ANOVA, F=6.024, *** p < 0.001). CLA-eluting matrices and the blank PGS-CinA 

matrices reduce epidermal downgrowth at 14 d compared to PGS-CinA devices loaded 

with LPS (Bonferroni correction, * p < 0.05). The epidermal downgrowth of CLA-eluting 

matrices and the blank matrices at 14 d are 60.4 ± 32.4 µm and 171.7 ± 93.8 µm, 

respectively. CLA-eluting PGS-CinA matrices therefore reduce epidermal downgrowth 

for time lines beyond the presumed local presence of CLA. These data temporally 

correlate M2 macrophage density with reduced epidermal downgrowth. The supply of 

CLA is exhausted after 3 d (>70% released), yet the M2 macrophage density is 

increased and downgrowth is decreased at 7 d compared to other treatments. These 

data suggest that there is temporal coordination between CLA release kinetics, M2 

macrophage density, and dermal downgrowth. Furthermore, the local M2 macrophage 

density is correlated with reduced downgrowth. CLA-eluting elastomeric matrices are 

therefore suitable as coatings for catheters that need regular weekly replacement. The 

7-day time period exceeds minimum intravenous catheter replacement time (72–96 

hours) that the US Centers for Disease Control and Prevention (CDC) currently 

recommend.38 This approach can therefore extend the use of catheters in a prospective 

clinical setting. The fibrous capsule thickness surrounding percutaneous elastomeric 

implants were measured (two-way ANOVA, F=0.0872, p < 0.001) (Appendix, Figure 

4.8). Fibrous capsule thickness surrounding CLA-eluting matrices and the blank 

matrices at 14 d were measured to be 88.99 ± 28.31 µm and 60.49 ± 7.54 µm, 
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respectively. The fibrous capsule is well within the nominal 200-250 µm threshold that is 

suggested for implanted biomaterials.21 

 

Figure 4.6 Dermal downgrowth at the insertion site. (a) Schematic of sectioned mouse 

skin layers with the percutaneous device at bottom. (b) Representative H&E histology 

image of mouse skin at the tube insertion site at 7 d post-surgery. (c) Quantified dermal 

downgrowth (Two-way ANOVA, *** p < 0.001, n=4). Boxes and whiskers show SEMs 

with medians and 90th-10th percentiles, respectively. Diamonds represent the mean. 
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Figure 4.7 The fibrous capsule thickness at the skin-device interface (two-way ANOVA, 

*** p < 0.001). Boxes and whiskers show SEMs with medians and 90th-10th percentiles, 

respectively. Diamonds represent the means (n=4). 

 

4.4.e Contraction of Mouse Skin over Inserted Elastomeric Matrices 

Skin over the percutaneous implants or a skin bridge (Figure 4.8a) was 

contracted over time after a surgery. Prior work suggests that contraction correlates with 

dermal migration around a percutaneous device in a mouse model and should be 

assessed for long term implants.18 However, in this study, dermal contraction occurs 

within one week for all matrices (Figure 4.8). These finding suggest that skin bridge 

length and dermal downgrowth are decoupled. CLA-eluting matrices best preserve the 

bridge length (98.9 ± 6.4 %) at 7 d, compared to other matrices (Kruskal-Wallis, p < 

0.05). As mentioned earlier, the density of M2 macrophages around CLA-eluting PGS-

CinA implants is also the highest compared to all other conditions at 7 d. We cautiously 
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speculate that CLA-eluting matrices increases the local density of M2 macrophages, 

which ultimately contributes to reduced dermal contraction.  

 

Figure 4.8 Measurement of skin bridge length. (a, i). Schematic showing two cylindrical 

PGS-CinA matrices that are implanted percutaneously through the back skin of murine 

animal subjects. An arrow indicates skin bridge length that measures the length 

between two insertion sites. (a, ii) Representative skin bridges of each treatment at 0 

and 7 d. (b) Normalized percentage of skin bridge length. An asterisk indicates 

significant difference using Kruskal-Wallis (* p < 0.05). 

 

4.5 Conclusions 

 

Here, we design cylindrical percutaneous matrices to provide a controlled release 

of small molecules that alter macrophage expressions. Our results show that PGS-CinA 
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exhibits suitable properties of biomaterials for percutaneous devices: (1) a Young’s 

modulus in the elastomeric regime that matches that of the native epidermis; (2) a 

crosslinked polymeric networks with a mesh size that controls the release of small 

molecules; and (3) an attenuated fibrous capsule response. PGS-CinA matrices achieve 

controlled release CLA for 7 d, which increases the local density of macrophages with 

M2 phenotypes in vivo. CLA-mediated macrophage polarization is concomitant with 

reduced dermal downgrowth and skin contraction. Taken together, CLA-eluting PGS-

CinA elastomers represent a viable coating strategy to reduce epidermal downgrowth in 

percutaneous devices. 
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CHAPTER 5 NON-FOULING ZWITTERIONIC HYDROGEL FOR 

PERCUTANEOUS DEVICES 
 

The content in this chapter in whole or in part will be included in a manuscript for 

submission to Interface Focus. 

 

5.1 Abstract 

 

Indwelling catheters are major cause of nosocomial bloodstream infection, which 

leads to morbidity and potentially mortality. The main strategies are to reduce bacterial 

adhesion on device surface and epidermal regression. In this study, zwitterionic 

polycarboxybetaine (PCBMA) hydrogel is percutaneously implanted in mice to 

investigate host-device responses. PCBMA cylindrical hydrogels with different 

percentage of crosslinkers are simply prepared within 2 h at room temperature, yielding 

different mechanical properties of hydrogels. Histological analysis includes dermal 

downgrowth, density of macrophages, and thickness of fibrous capsule, comparing 

between PCBMA and polyhydroxyethylmethacrylate (PHEMA). Skin contraction over 

implants is also measured daily over 20 d of implantation. 

 

5.2 Introduction 

 

Catheters are one of the most necessary devices in modern healthcare. 

However, they commonly cause nosocomial catheter-related bloodstream infection that 

is costly and potentially lethal.14,15 Attempts to reduce the infection usually either focus 
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on the reduction of biofilm formation or epidermal downgrowth since high bacterial loads 

and dermal downgrowth increase the risk of bloodstream infection.9,14–16,20 Anti-bacterial 

coatings are typically achieved by grafting or incorporating antibiotics to the catheter 

surface.10,13,20 The coating is very effective in reducing the bacterial adhesion and 

biofilm formation.18,20 However, it tends to cause development of drug resistance.2 The 

epidermal downgrowth that percutaneous devices induce along the skin-device 

interface can be attenuated using topographical cues that generate stable 

biointegration.21 However, replacing the skin-integrating catheter will require a surgery. 

Recently, zwitterionic materials have raised a great interest as an important 

biomaterial class that provides robust ultra-low-fouling property.6–8,22 

Polycarboxybetaine (PCBMA) adsorb <0.3 ng/cm2 proteins from 100% human blood 

plasma or plasma.11 The resistance of protein adsorption overcomes the non-fouling 

property of other currently used biomaterials, such as polyethyleneglycol (PEG) and 

polyhydroxyethylmethacrylate (PHEMA), leading to less cell adhesion and fibrous 

formation in both in vitro and in vivo studies.4,5,22 PCBMA is an ideal material candidate 

for percutaneous devices because it provides both skin biocompatibility and resistance 

of bacterial adhesion.6,22 Here, we investigate host responses to percutaneous device 

made from PCBMA hydrogel that is fabricated from simple radical polymerization. The 

hydrogel characterization and skin histological analysis will provide insight knowledge 

for a better design of percutaneous devices. 

 

5.3 Materials and Methods 
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Materials and methods of this chapter are described in Chapter 2. 

 

5.4 Results and Discussion 

 

5.4.a Mechanical and Physical Properties of Hydrogels 

PCBMA hydrogels with different initial concentrations of crosslinkers have 

mechanical properties, as shown in Figure 5.1. Since we would like to compare host 

responses using PHEMA and PCBMA by controlling the modulus, 15%X and 30%X 

PCBMA were selected to match the modulus of 3M and 5M PHEMA, respectively, for 

use in in vivo experiments. The compressive moduli of the selected hydrogels are E3M-

PHEMA = 404 ± 61 Pa, E5M-PHEMA = 2,991 ± 474 Pa, E15%X-PCBMA = 475 ± 105 Pa, and 

E30%X-PCBMA = 3,355 ± 673 Pa. The differences between the means of 3M PHEMA and 

15%X PCBMA, and 5M PHEMA and 30% PCBMA are not statistically significant (p > 

0.05). The mechanical properties of PCBMA hydrogels were also further investigated 

using rheological measurements, as shown in Figure 5.2. At 0.5% strain, the storage 

moduli of PCBMA at both 15%X and 30%X are stable for all applied frequencies. The 

higher of storage modulus of 30% PCBMA, compared with 15%X PCBMA, in the 

rheological measurement agrees with the compressive modulus. 
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Figure 5.1 Compressive modulus of PHEMA and PCBMA hydrogels. Bars and points 

represent means. Error bars represent standard deviation. (n=8) 

 

Figure 5.2 Representative storage and loss moduli of PCBMA hydrogels. The strain 

was fixed at 0.5% for all measurements. 

 

 The swelling ratios of PHEMA and PCBMA were reported here since it is an 

important property that is attributed to the degree of cross-linking and hydrophilicity of 

the hydrogel.3,12,17 The swelling ratio of the hydrogels are Q3M-PHEMA = 2.66 ± 0.04, Q5M-

PHEMA = 1.60 ± 0.05, Q15%X-PCBMA = 4.62 ± 0.36, and Q30%X-PCBMA = 3.30 ± 0.11. Both 
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PCBMA hydrogels have higher average welling ratios than PHEMA. This might suggest 

looser crosslinking networks of the PCBMA. 

 

5.4.b Histological Analysis of Mouse Skin 

PCBMA obviously induce less epidermal downgrowth, compared to PHEMA. 

Micrographs in Figure 5.3 represent dermal tissues that were collected from mice 

implanted with different hydrogels at 15 d. The downgrowth generated around PCBMA 

is even less than the one induced by CLA-eluting PGS-CinA matrices at 10 d.19 

However, the histology analysis is still under an ongoing process. Further quantification 

and statistical analysis of downgrowth and related-cell density will be performed to 

confirm the results. 

 

Figure 5.3 Representative H&E stained micrographs of mouse tissues at skin-device 

interface. All tissues were collected from implanted mice at 15 d. 
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 The formation of fibrous capsule around all implanted hydrogels is very minimal 

at 20 d, as shown in Figure 5.4. Although the fibrous capsule did not occur for our 

experiments, PHEMA was previously reported to induce dense collagen 3 months after 

a subcutaneous implantation, while normal collagen density was found around 

PCBMA.23 Longer percutaneous implantation might provide more information in the 

difference of fibrous capsule formation in PHEMA and PCBMA. 

 

Figure 5.4 Representative Masson’s trichrome stained micrographs of mouse tissues at 

skin-device interface. All tissues were collected at 20 d. 

 

5.4.c Macroscopic Skin Contraction 

The skin bridge contraction was observed and measured daily over 20 d after a 

surgery. Repeated measures ANOVA was used to analyze the bridge length data. The 

statistical analysis has to be performed for 4 different durations to have the same 

sample size each period (1-5 d, n=16; 6-10 d, n=12; 11-15 d, n=8; 16-20 d, n=4). From 
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1-15 d, both the types of hydrogels and time significantly influence the variance (p < 

0.05), while only the types of hydrogels contribute to difference of the variance during 

16-20 d (p < 0.05). Pairwise post-hoc tests confirm significant difference between the 

skin bridges with 3M and 5M PHEMA hydrogels on 6-15 d. The result suggests that the 

mechanical properties of PHEMA hydrogels are significant in skin bridge contraction, 

while the mechanical properties of PCBMA are not. During 6-10 d, the skin bridge with 

5M PHEMA was significantly different to all other gels (p < 0.01), suggesting the least 

skin bridge contraction. Even though some differences among the reported skin bridges 

using different the types of hydrogels could be seen in Figure 5.6, the sample size was 

too small to confirm the difference in the statistic analysis.1 In this study, the sample 

size was not increased since most of insight skin-device interactions should come from 

the histological analysis that has been being performed. 

 

Figure 5.5 Representative images of mouse skin implanted with PCBMA at 15%X (top) 

and 30%X (bottom) over 20 d. Scale bar = 1 cm. 
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Figure 5.6 Normalized skin bridge length. The skin bridge length was recorded daily 

over 20 d after a surgery. Points and error bars represent means and standard errors, 

respectively. 

 

5.5 Conclusions 

In this study, we investigate host responses to percutaneous devices fabricated 

from zwitterionic materials. Our preliminary results show that the crosslinker 

concentration affect the mechanical properties of PCBMA, and the hydrogels prepared 

with at least 15% mol crosslinkers can be percutaneously implanted over 20 d. In 

contrast to PHEMA, the mechanical properties of PCBMA did not significantly influence 

the skin bridge contraction. Histological analysis should be further performed for more 

in-depth results and discussion. 
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CHAPTER 6 CONCLUSIONS AND FUTURE OUTLOOK 
 
 

6.1 Conclusions 

 

Percutaneous devices are necessary in modern healthcare, serving a multitude 

of clinical purposes. However, they are prone to bacterial adhesion and induce 

epidermal downgrowth, leading to high risk of infection. Nosocomial catheter-related 

bloodstream infections are common in ICU patients, causing higher medical cost, longer 

hospital stay, morbidity and potential mortality. Current techniques and technology in 

applying and developing percutaneous devices are not enough to solve the problem in 

long term.3,5 This thesis aims to design biomaterials in different perspectives to use in 

percutaneous devices. 

In Chapter 3, we focus on surface topography to study cell responses in vitro. We 

describe a lithography-free approach to fabricate dynamic substrate topography for 

measuring morphodynamics of cells during contact guidance.8 This work represents a 

strategy to better isolate the effect of dynamic programmable topography on living cells. 

Although we found that the topographic cues might not work for controlling the 

epidermal migration in percutaneous devices, the programmable substrate topography 

is a promising strategy to elucidate cytoskeleton remodeling dynamics in many cell 

phenotypes in the context of cell-biomaterials interactions. 

In Chapter 4, we focus on macrophage modulation to reduce epidermal 

downgrowth. We design cylindrical percutaneous matrices that provide a controlled 

release of small molecules to alter macrophage expressions.9 We deliberately 
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investigate the PGS-CinA matrices’ mechanical and physical properties. Our results 

show that PGS-CinA exhibits suitable properties of biomaterials for percutaneous 

devices: (1) a Young’s modulus in the elastomeric regime that matches that of the 

native epidermis; (2) a crosslinked polymeric networks with a mesh size that controls 

the release of small molecules; and (3) an attenuated fibrous capsule response. Also, 

CLA-eluting PGS-CinA matrices can increase the local density of M2 macrophages, and 

reduce dermal downgrowth and skin contraction. We suggest that CLA-eluting PGS-

CinA elastomers represent a viable coating strategy to reduce epidermal downgrowth in 

percutaneous devices. 

In Chapter 5, we focus on anti-fouling property of biomaterials. We fabricate 

zwitterionic percutaneous devices from polycarboxybetaine to investigate host 

responses comparing to PHEMA. Our preliminary results show that the mechanical 

properties of PCBMA hydrogels can be controlled by the initial concentrations of 

monomers and crosslinkers during preparation. For in vivo study, PHEMA with the 

higher modulus can reduce skin bridge contraction, compared to other hydrogels, over 

20 d. The complete results will be reported when the histological analysis is done. 

  

6.2 Future Outlook 

 

Percutaneous devices are apparently still open for new biomaterial designs that 

provide strategies in reducing device-related infections. A huge number of attempts over 

the past decades have focused on modification of catheter surface by either coating or 

impregnation with antimicrobials or antiseptics.7,10,11 Recently, zwitterionic materials 
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have attracted a multitude of biomaterial research. They are incorporated to a number 

of medical devices due to the fact that they can well resist non-specific protein 

adsorption which is a common theme for biomaterials.1,2,6 Preparation procedures of 

zwitterionic materials are also uncomplicated and can yield products with different 

mechanical properties.13 Particularly, the chemical structure of polycarboxybetaine 

provides many carboxyl groups that is easily functionalized, making it well-suited for 

applications that require anti-fouling materials and additional functional groups.6 The 

trend suggests that zwitterionic coating technology might become dominant in the field 

of biomaterials. 

Some research have recently reported an incorporation of anti-fouling coatings 

and antibiotics on surface of percutaneous devices.4,12 The anti-fouling coatings can 

increase biocompatibility by resisting protein adsorption, while the antibiotics assist in 

killing bacteria. The bi-functional coating is currently under investigated in vitro, and still 

needs more profound information in in vivo environments. Multifunctional materials, e.g. 

anti-fouling and antimicrobial coating, potentially becomes main technology for 

percutaneous devices. 
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