
 

ABSTRACT 

 

CHUNG, SANGWON. Fibrous Scaffolds for Tissue Engineering Applications. (Under the direction of Martin 
W. King and Mike P. Gamcsik.) 
 

Tissue engineering utilizes the approach whereby biomaterials are designed and engineered to encourage living 

cells to repair and restore damaged tissues and maintain normal function. In this study, the fields of fiber 

spinning and textile technology have been integrated with tissue engineering so as to design and produce fibrous 

scaffold prototypes using different bioresorbable polymers and fabrication techniques. In order to evaluate the 

performance, functionality and resorption profile of the fibrous prototypes as tissue engineering scaffolds, their 

morphological, dimensional, physical, chemical, mechanical and biological properties over time have been 

determined using a variety of polymer and fiber science analytical techniques and biological assays. 

Elastomeric and bioresorbable small diameter (5 mm) tubular constructs were successfully electrospun with a 

50:50 poly(L-lactide-co-ε-caprolactone) (PLCL) copolymer using two solvent systems of acetone and 

hexafluoroisopropanol (HFIP) for vascular tissue engineering applications. Depending on the solvent system, 

the average fiber diameter and pore size differed but the mechanical properties of both types of tubes 

demonstrated greater strength and compliance to those of natural arteries of equivalent caliber. Also they both 

supported the growth of fibroblasts for up to 14 days of culture. HFIP was preferred as a solvent for 

electrospinning this particular copolymer as it gave a more stable threadline and superior mechanical properties. 

The HFIP spun tubes were found to be mechanically stable without any significant change in their properties 

after being exposed to accelerated pulsatile fatigue forces equivalent to one year in the human body. The 

resorption behavior of PLCL scaffolds electrospun from HFIP has been evaluated under three different types of 

degradation environments: hydrolytic, enzymatic and cell culture media treatment. Among the three conditions, 

the enzymatic treatment accelerated surface degradation of the scaffolds, and all the fibers disintegrated and 

resorbed by Day 21. Significant decreases in mass, molecular weight and mechanical properties were observed 

in addition to major changes in microstructure. However, no significant changes in physical, chemical or 

morphological properties were observed from the exposure to pH 7.4 hydrolytic and cell culture media 

conditions.  



 

A novel fibrous scaffold prototype with a high surface area, high total porosity and pore size large enough to 

facilitate cell infiltration was successfully designed using a poly(L-lactic acid) (PLA) nonwoven fabric with 

multi-grooved fibers produced by a bi-component spinning technique. The water dispersible sacrificial 

component (EastOne™) from bi-component spinning was successfully removed by heat-setting the nonwoven 

fabric and then scouring in deionized water. The complete removal of the EastOne™ sacrificial component and 

the formation of a multi-grooved configuration of PLA component were confirmed by SEM, FTIR and XPS 

analysis. Experimentally, the surface area for the round cross-sectional nonwoven samples was 0.51 m2/g 

whereas for the grooved samples, it was 2.36 m2/g, which was in good agreement with the theoretical 

calculation. Overall, the novel PLA scaffold containing the grooved and fibrillated fibers exhibited enhanced 

wettability, greater flexibility, a larger surface area and superior initial cellular adhesion compared to its round 

counterpart. Both fabrics had sufficient bursting pressures that could withstand normal physiological conditions. 

The stability of the nonwoven PLA fabrics with different cross-sectional fibers has been evaluated for up to 21 

days under three different conditioning environments: hydrolytic, enzymatic and cell culture media treatment. 

There was no statistical significant evidence that these conditioning treatments preferably influenced either 

fabric during the resorption study. Therefore, it was concluded that PLA fibrous fabrics would successfully 

serve as a stable scaffold material during the initial period of in vitro culture studies for up to 21 days without 

losing its dimensional integrity and mechanical properties.  

Lastly, the two types of PLA nonwoven scaffolds with both round and multi-grooved cross-sectional fibers 

were successfully cultured with hepatic progenitor cells and mesothelioma cells. The PLA nonwoven with 

round and grooved fibers both successfully supported the culture of hepatic progenitor cells for up to 7 days, 

showing homogenous cell distribution throughout the scaffolds. Hepatic progenitor cells maintained their 

hepatic functionality expressing albumin production only when cultured on the scaffolds but not on 2D 

monolayer culture, indicating that both scaffolds actively supported hepatic progenitor cell differentiation. The 

PLA nonwoven scaffolds with different cross-sectional fibers were also cultured with a MS-1 mesothelioma cell 

line to seek potential use as a barrier membrane for preventing adhesions. Both scaffolds were supportive in 

facilitating attachment and proliferation of MS-1 cells for up to 4 days. Superior cellular proliferation was found 

with the scaffold containing round fibers at Day 4 compared to the scaffolds with grooved fibers.  
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CHAPTER 1  

GENERAL INTRODUCTION 

1.1. MOTIVATION 

Every year, millions of people suffer tissue loss or end-stage organ failure and the treatments include 

transplantation, surgical reconstruction or implanting medical devices [1]. Since the first successful organ 

transplant in 1954, the field of transplantation has evolved throughout the United States to include kidney, liver, 

pancreas, heart, lung and intestine [2]. Although this accomplishment has significantly improved patient 

outcomes, organ and tissue transplantation is not the perfect solution, especially when the growing number of 

patients needing transplants far exceeds the limited availability of organs. In 2001, 74,800 patients were 

awaiting transplantation. By 2006, the number had increased 31.4% to 98,263 (Table 1.1). For comparison, the 

actual number of transplanted organs in 2006 was only 28,291. In addition to the discrepancy between the 

number of available organs and the number of patients waiting, there are other factors, such as the side effects 

of the surgery and the risks of infection or rejection. Surgical reconstruction or replacement of diseased organs 

with medical devices has its limitations due to the risk of infection, low patency rates, material failure and the 

use of immunosuppressant drugs. Therefore, the field of tissue engineering and regenerative medicine with its 

mission to “develop biological substitutes that restore, maintain, or improve tissue function” has been 

revolutionary in terms of attempting to resolve these shortcomings [1]. Much progress has been made over the 

last two decades leading to clinical success in engineering tissues and organs such as skin and cartilage [3].  But 

many challenges still remain.  
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Table 1.1- Patients on transplantation waiting list* [4] 

ORGANS Number of Patients Waiting for Transplant  
(December 2006) 

Kidney 70,778 

Pancreas alone 609 

Pancreas after kidney 1,007 

Kidney-pancreas 2,416 

Liver 17,371 

Intestine 238 

Heart 2,822 

Lung 2,885 

Heart-lung 137 

TOTAL 98,263 

 
*From OPTN/SRTR 2007 Annual Report  

(OPTN: Organ Procurement and Transplantation Network; SRTR: Scientific Registry of Transplant Recipients) 
 

 

The principle paradigm of tissue engineering utilizes the approach whereby biomaterials are designed and 

engineered to encourage living cells to repair and restore damaged tissues and organs and maintain normal 

function. The first step involves the in vitro formation of a tissue construct by seeding the cells on a 

biodegradable scaffold in a metabolically and mechanically supportive environment, in which the cells can 

attach and proliferate. In the second phase, the construct is implanted in the appropriate anatomical location, 

where remodeling in vivo is intended to regenerate normal tissue structure and lead to viable organ function [5]. 

Biomaterials play an important role as scaffolds in this tissue engineering approach. The main function of the 

biomaterial is to maintain the mechanical integrity of the scaffold while promoting cell attachment and 

proliferation within the porous structure. Since all anchorage dependent cells reside in an extracellular matrix 

(ECM) consisting of a complex 3D fibrous network, the main goal of an artificial scaffold is therefore to create 

an environment that closely mimics the features of natural ECM and enables the cells to function as they would 

in vivo. Therefore, the design of a tissue engineering scaffold is critical to its success and to the restoration of 

native tissue functionality.  
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In general, scaffolds should facilitate cell adhesion, promote cell growth, have a high porosity, be mechanically 

strong, and be capable of being formed into desired shapes [6]. It is generally accepted that scaffold materials 

used in tissue engineering should be biocompatible, easily handled and processed during manufacture, and 

biodegrade into nontoxic products. In addition, the scaffold should have a macrostructure that is highly porous 

and yet initially be mechanically stable. It should also have a microstructure that induces cells to attach and 

regenerate complex tissues, and a molecular structure that releases molecules that induce specific and desired 

cell responses [5]. The scaffold should resorb or degrade once it has served its purpose of providing a template 

for regenerating tissue, and the scaffold degradation rate should be adjustable to match the rate of tissue 

regeneration as determined by the cell type and clinical application of interest [7]. Depending on the organ or 

target tissue under investigation, the essential requirements such as the scaffold architecture, mechanical 

properties, surface topography and chemistry, material selection and rate of bioresorption will differ, and the 

choices made will govern the effective use of the scaffolds for tissue engineering.  

 

1.2. GOALS, OBJECTIVES AND SPECIFIC AIMS 

There are two main goals for this interdisciplinary project. The first goal has been to integrate the fields of fiber 

spinning and textile technology with tissue engineering so as to design and produce fibrous scaffold prototypes 

using different bioresorbable polymers and fabrication techniques. The second goal has been to apply polymer 

and fiber science analytical techniques and biological assays to evaluate the performance, functionality and 

resorption profile of the fibrous prototypes as tissue engineering scaffolds. This has involved determining their 

morphological, dimensional, physical, chemical, mechanical and biological properties over time. 

 

In order to meet these particular goals, three main objectives were identified and defined, as described below. 

Each objective has a series of specific aims associated with its focus. These specific aims are summarized below 

and discussed in the following chapters of this thesis including Chapter 9 - Conclusions and Future 

Recommendations.   
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Objective 1. To design and develop a small diameter tubular scaffold with elastomeric and bioresorbable 

properties via electrospinning.  

1.1. To compare the morphological, physical, mechanical, and biological properties of the PLCL tubes 

electrospun from two different solvent systems: acetone and hexafluoroisopropanol (HFIP). 

 

1.2. To select the optimal solvent system depending on their spinnability and the tubular scaffold 

properties for further analysis including fatigue and blood penetration properties for vascular 

applications.  

 

1.3. To study the in vitro resorption behavior of electrospun PLCL scaffolds under hydrolytic, 

enzymatic, and cell culture media treatment conditions and evaluate the effect of resorption on the 

mass (weight), molecular weight, microstructure, mechanical properties, and surface morphology of 

the electrospun PLCL scaffolds.  

 

Objective 2. To design and develop a fibrous scaffold prototype with a higher surface area, high total 

porosity and pore size large enough to facilitate cell attachment, proliferation and infiltration.  

2.1. To optimize the removal process of the sacrificial component from bi-component spinning to 

obtain a 100 % PLA nonwoven fabric scaffold with multi-grooved cross-sectional fibers.  

 

2.2. To analyze the surface morphology as well as the physical, chemical, mechanical and biological 

properties of the PLA nonwoven fabric scaffolds with round and multi-grooved cross-sectional fibers. 

 

2.3. To study the in vitro stability of the PLA nonwoven scaffolds with round and multi-grooved cross-

sectional fibers under hydrolytic, enzymatic, and cell culture media treatments and evaluate the effect 

of conditioning on the mass (weight), molecular weight, microstructure, thermal and mechanical 

properties, and surface morphology.  

 

Objective 3. To evaluate the feasibility of using PLA nonwoven fabrics with both round and multi-

grooved cross-sectional fibers as a tissue engineering scaffold material for different cell-specific 

applications. 

3.1. To assess the hepatic progenitor cell attachment, proliferation and differentiation on PLA 

nonwoven scaffolds with both round and multi-grooved cross-sectional fibers with the ultimate goal of 

engineering a functional liver tissue construct for transplantation. 
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3.2. To assess the mesothelial cell attachment and proliferation on PLA nonwoven fabrics with both 

round and multi-grooved cross-sectional fibers with the ultimate goal of serving as an anti-adhesion 

barrier material. 

 

3.3. To determine how scaffolds with different fiber sizes and cross-sectional shapes can affect cellular 

function and differentiation.  

 

1.3. DISSERTATION OUTLINE 

This dissertation is organized in a series of chapters as described below. 

Chapter 1 describes the general motivation and relevance of integrating the fiber spinning technology and tissue 

engineering approach. Main goals and objectives of this series of studies are listed.  

 

Chapter 2 reviews the recent literature of the scaffolding design strategies, scaffold material selection and tissue 

engineering applications. Since the biological evaluation in this study was limited to certain cell types, the 

application topics only include vascular, hepatic and mesothelial tissue engineering which are relevant to this 

study. 

 

Chapters 3 and 4 report the investigation of bioresorbable and elastomeric electrospun PLCL tissue engineering 

scaffolds. Specifically, Chapter 3 focuses on the design and development of small diameter tubular vascular 

tissue engineering scaffold prototypes fabricated via electrospinning. The morphological, mechanical, physical, 

and biological properties of these fibrous tubular constructs are discussed in detail. Furthermore, Chapter 4 

reports the in vitro resorption behavior of these electrospun scaffolds under different degradation conditions. 

Post-degradation analyses investigating the effect of resorption on weight (mass), molecular weight, 

microstructure, and mechanical properties are discussed.  

 

Chapters 5 and 6 investigate the potential use of a novel PLA nonwoven fabric containing multi-grooved fibers 

as a tissue engineering scaffold material. Specifically, Chapter 5 focuses on the design and development of the 
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scaffold prototype with extensive evaluation of its morphological, mechanical, physical, biological and surface 

properties in comparison to the PLA nonwoven fabric with round fibers. Furthermore, Chapter 6 reports the in 

vitro stability behavior of these PLA nonwoven scaffolds under different degradation conditions. Post-treatment 

analyses investigating the effect of conditioning on weight (mass), molecular weight, thermal properties, 

microstructure, mechanical and surface properties are discussed.  

 

Chapters 7 and 8 describe the evaluation of the biological performances of the PLA nonwoven scaffolds for 

hepatic and mesothelial tissue engineering applications. These experiments have been performed in 

collaboration with the researchers at the Department of Surgery at UNC-Chapel Hill and the College of 

Veterinary Medicine at NCSU. Chapter 7 reports the biological results of culturing hepatic progenitor cells on 

the PLA nonwoven fabric scaffolds. Some of the relevant findings from Chapter 5 are also discussed briefly in 

addition to the cell viability, proliferation, and differentiation results. The issue of cell penetration through the 

thickness is also discussed in this chapter. In addition, Chapter 8 reports culturing mesothelial cells on the PLA 

nonwoven fabric scaffolds. Some of the relevant findings from Chapter 5 and 6 are also discussed briefly in 

addition to the cell viability and proliferation results.  

 

Finally, Chapter 9 revisits the main objectives to summarize and conclude the findings from each study with 

recommendations for future research.  

 

1.4. LIMITATIONS OF RESEARCH 

Due to the limited amount of material available, it was difficult to complete a full design of experiments so as to 

ensure robust and reliable data. The limited amount of sample also prevented the researcher from carrying out a 

random sampling of multiple specimens during scaffold evaluation. This especially influenced the results of the 

post-resorption analyses including the mechanical testing and biological assays, which required a substantial 

number and amount of specimens to minimize the variation between replicated measurements and increase the 

statistical power of the data.  
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1.5. PUBLICATION OF FINDINGS 

The findings of this dissertation have been shared at both scientific conferences and through the submission or 

preparation of manuscripts to peer-reviewed journals.  

Papers in international refereed journals: 

Published: 
Chung S, Ingle NP, Montero GA, Kim SH, King MW “Bioresorbable elastomeric vascular tissue engineering 
scaffolds via melt spinning and electrospinning”, Acta Biomaterialia, 2010;6(6):1958-67. 
 
Submitted: 
Chung S, King MW. Design concepts and strategies for tissue engineering scaffolds, Biomedical Materials 
Topical Review 
 
Chung S, Gamcsik, MP, King MW. Novel scaffold design with multi-grooved PLA fibers, Biomedical 
Materials 
 
Chung S, Kim SH, King MW. Bioresorption behavior of electrospun poly(lactic-co-ε-caprolactone) (PLCL) 
scaffolds, J Biomaterial Sci: Polymer Ed 
 

In preparation:  
Chung S, King MW. Textile scaffolds for tissue engineering applications, Tissue Engineering Part B Reviews 
 
Chung S, Rice LL, Gerber D, King, MW. Proliferation and differentiation of hepatic progenitor cells on fibrous 
PLA scaffolds, Tissue Engineering Part A 
 
Chung S, D’Costa S, Kim, Y, King, MW. Mesothelial cell seeded fibrous polylactide (PLA) scaffolds for anti-
adhesion barrier material, Journal of Materials Science: Materials in Medicine  
 

Communications in international conferences: 

Chung S, Gamcsik M, King MW. “High surface area tissue engineering scaffolds with multi-grooved fibers”, 
Transactions of the 34th Annual Meeting of the Society for Biomaterials 2010, Seattle, WA, USA. 
 
Chung S, Kim SH, King MW. “3D textile scaffolds for blood vessel tissue engineering”, Fiber Society Spring 
Meeting, Shanghai, P. R. China, 2009 
 
Chung S, Kim SH, King MW. “Fibrous scaffolds for vascular tissue engineering”, 27th Conference for the 
Canadian Biomaterials Society, Quebec City, Canada, 2009 
 
Chung S, Kim SH, King MW. “Elastomeric hierarchical fibrous scaffolds for vascular tissue engineering”, 
Transactions of the 33rd Annual Meeting of the Society for Biomaterials 2009, San Antonio, TX, USA. 
 
Chung S, Kim SH, King MW. “Nanofibrous elastomeric scaffold for vascular tissue engineering”, SBE’s 4th 
International Conference on Bioengineering and Nanotechnology 2008, Dublin, UK. 
 
Chung S, Montero GA, King MW, Kim SH. “Novel bi-layer tubular construct from elastomeric PLCL for 
vascular tissue engineering”, 8th World Biomaterials Congress, Amsterdam, Netherlands, 2008 
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CHAPTER 2  

REVIEW OF LITERATURE 

2.1. SCAFFOLD DESIGN 

2.1.1. Relevance to extracellular matrix (ECM) 

Most of the cells in human tissues apart from blood cells are anchorage-dependent residing in extracellular 

matrix (ECM). As shown in Figure 2.1, ECM is a complex interconnected fibrous network composed of 

different structural and functional proteins and carbohydrates, such as collagen and elastin. The components 

also include glycosaminoglycans (chains of disaccharides), proteoglycans (GAGs linked to protein cores) such 

as perlecan, and glycoproteins (proteins with small carbohydrate groups) such as laminin, nidogen, fibronectin 

[8]. Integrin receptors mediate the attachment between the cells and surrounding ECM.  ECM is synthesized, 

secreted, oriented, modified by the cellular components of tissues and in turn, the ECM exerts control over 

many cellular processes through binding to integrins [9]. The ECM serves a number of different functions 

within a tissue. It provides structural support and the physical environment for cells to reside, giving mechanical 

properties, such as rigidity or elasticity, providing bioactive cues for regulating cell activities, acting as a 

reservoir of growth factors, and providing dynamic degradable environment to allow tissue healing and 

remodeling. 
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Figure 2.1- Schematic of basal lamina of ECM [10] 

 

 

The interaction between cells and ECM is a dynamic process, and since each tissue has a unique ECM 

environment, scaffold design should imitate certain features of the ECM specific to each application [11]. 

Although the ultimate goal of an ideal scaffold would be to exactly mimic the native ECM, given the multiple 

functions, complex compositions and dynamic activities of ECM in native tissues, it is difficult to simulate 

perfectly. So the contemporary concept of scaffolding in tissue engineering is to mimic the functions of the 

native ECM, at least partially at best. As a result, the important characteristics of engineered scaffolds are 

analogous to the functions of ECM in native tissues and are associated with their structural, biological, and 

mechanical features as shown in Table 2.1 [12]. Cells interact with ECM via nano-scale proteins, responding to 

their environment by modulating various cellular activities. Therefore, specific attention to scaffold design on 

the nano-scale (10-6 ~ 10-9 m) is desirable because most ECM elements are on the nanometer scale, such as 

collagen fibrils, which have a diameter range of 50 to 200 nm, and fibronectin components, which are 60 to 70 

nm long and 2 to 3 nm thick [11]. 
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Table 2.1- Analogous functions of scaffolds and ECM [12] 

 

 

2.1.2. Mass transport and architecture 

Compared to 2D monolayer cultures, 3D scaffold constructs impose more demanding requirements for efficient 

mass transport to cells in order to achieve tissue uniformity and to avoid tissue formation only in the peripheral 

regions of the scaffold [13, 14]. The mass transport characteristics of a scaffold affect oxygen and nutrient 

delivery, waste removal, cell migration and penetration. They are usually correlated with the chemical 

composition and the structural architecture of its pores or void space, which are mainly characterized by its pore 

size, total porosity, pore interconnectivity and surface area [15-17]. Since diffusion is often the primary mass 

transport mechanism in engineered tissue constructs, adequate design of the diffusion characteristics is critical 

[17]. In metabolically active tissues in vivo, most cells reside within 100 µm of a capillary to supply the 

nutrients [15], whereas in engineered tissue constructs cultivated in static culture without medium perfusion, 

neotissue formation is generally limited to the peripheral regions extending only 100-200 µm into the scaffold 

Functions of native 
ECM 

Analogous functions of 
scaffolds in tissue engineering Characteristics of scaffolds 

Provides structural 
support for cells to reside 

Provides structural support for 
seeded cells to attach, 

proliferate, migrate, and 
differentiate 

Porous biomaterial with open, 
interconnected pores for cell migration, 
nutrients diffusion and binding sites for 

cell attachment 

Supports mechanical 
properties of tissues 

Provides mechanical stability 
during tissue maturation and 
transmits mechanical cues 

Biomaterial with sufficient 
mechanical properties mimicking that of 

native tissue; tailored substrate 
stiffness/flexibility to support direct cell 

attachment and proliferation 
Provides bioactive cues 
for cells to respond to 

their microenvironment 

Interacts with cells actively to 
facilitate proliferation or 

differentiation 

Biological cues such as cell-adhesive 
binding sites; physical cues such as surface 

topography, surface stiffness 
Acts as reservoir of 
growth factors and 

biomolecules 

Serves as carrier matrix and 
reservoir for delivery of growth 

factors and biomolecules 

Incorporation of bioactive agents 
using nano/micro encapsulation with 

controlled release 

Provides dynamic 
physical environment to 
allow tissue remodeling 

Provides void volume for 
angiogenesis, vascularization 

and new tissue formation during 
remodeling 

Porous structure for nutrient supply 
and waste diffusion; engineered and 

controllable degradation rate 
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due to oxygen diffusion limitations [16, 18]. The organization and density of cells in this peripheral region can 

further influence the distribution and availability of nutrients to cells within the scaffold’s interior, and when 

aiming to create a thick 3D tissue, this becomes the major challenge [19]. Although certain types of cells may 

tolerate nutrient deficiency to some extent, the induction of rapid vascularization following implantation is 

considered essential to establishing nutrient exchange and to retaining a viable cell population within an 

engineered tissue construct [15]. Since cartilage has very low metabolic activity, it has been one of the few cell 

types successfully engineered into large and thick tissue constructs [20]. In the same context, for other structural 

tissues, such as blood vessels, cardiovascular valves, ligaments, tendons, cartilage and skin, that have a primary 

mechanical function and do not rely on a major vascular network component, there may be a lower demand for 

high oxygen and nutrient transport [21]. 

 

2.1.2.1. Pore size and total porosity 

One of the main parameters affecting the efficiency of initial cell seeding is the pore size. Pore size is critical in 

controlling both tissue in-growth and the internal surface area available for cell attachment. If the pores are too 

small, then they become occluded by the cells, which will prevent cellular penetration, extracellular matrix 

production, and neovascularization into the inner regions of the scaffold. A further concern is the alteration of 

the effective pore structure in vivo since if the matrices are biodegradable, the average pore size will increase 

and the interconnectivity of the pore structure will change over time [20].  

 

There is as yet no general consensus on the optimal pore size needed for cell growth and tissue formation. The 

effects of pore size on tissue regeneration have been investigated by experiments demonstrating optimum pore 

size of 5 µm for neovascularization, 5-15 µm for fibroblast ingrowth, 20 µm for the ingrowth of hepatocytes, 

20-125 µm for the regeneration of keratinocytes and adult mammalian skin cells, and 100-700 µm for the 

regeneration of bone [20, 22, 23]. In fact an effective pore size for active bone formation has been reported in 

the range of 200-400 µm [22, 24], although some studies argue that smaller pore sizes may be more adequate 

for bone growth [25], and that osteoblast proliferation is not selectively enhanced by using pore sizes in the 
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range of 150-700 µm [26]. Chang et al.[27] studied the effect of pore configuration on osteoconduction with 

hydroxyapatite (HA) scaffolds and reported active osteoconduction occurring with small cylindrical pores as 

small as 50 µm in diameter. However, they also recommended that a pore size of 300 µm was optimal because 

after implantation and bone formation, this resulted in a construct with maximum compression strength. Lee et 

al.[28] also studied the effect of scaffold pore size on smooth muscle cell growth, and concluded that pore sizes 

ranging from 50-200 µm did not significantly affect cell growth after 14 days of culture. And for all the ranges 

of pore size tested, viable cell growth was observed only within the 100-200 µm pores that were located in the 

outer layer of the scaffolds. This indicates that pore size may be only influential during the initial period of cell 

culture and that diffusion limitation is still an issue within this pore size range. Ma et al.[29] have reported 

differences in cell morphology and spatial organization according to the pore size within a polyester (PET) 

nonwoven matrix. With a large pore diameter of 20 µm, human trophoblast ED27 cells, which are typically 14 

µm in diameter, were not able to bridge between neighboring fibers thus limiting their spreading and 

proliferation. Consequently they tended to form large aggregates in the larger pores and became more 

differentiated. In contrast, cells grown in the matrix with the smaller pore size of 15 µm had a better chance to 

bridge between adjacent fibers, spread and proliferate more rapidly. However, they were less differentiated, 

suggesting that pore size is crucial in determining cell morphology and proliferation as well as differentiation 

and tissue function [29]. Zeltinger et al.[30] have also suggested that pore size can preferentially promote or 

exclude the ingrowth of specific cell types. Canine microvascular epithelial cells were found to exhibit the most 

selective growth on scaffolds with an average pore size of 90 µm forming a thin endothelial lining, whereas 

vascular smooth muscle cells preferred scaffolds with average pore size of 107 µm in order to form uniform 

tissue. Dermal fibroblasts, however, were indifferent to any particular pore sizes. In a neovascularization study, 

Druecke et al.[31] reported that pore sizes greater than 250 µm showed significantly higher functional blood 

vessel density compared to those with smaller pore sizes. Also the pore size of the scaffold was concluded to be 

a critical determinant of blood vessel ingrowth, which was significantly faster in pores with sizes greater than 

250 µm. In contrast, another study reported that unique biological activity including enhanced angiogenesis has 
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been noted for implanted porous materials with tightly controlled pore size distributions around 35 µm [32]. 

The cellular responses of angiogenesis, inflammation, foreign body capsule formation and tissue infiltration in 

vivo have all shown some dependence on average pore size and pore size distribution [33, 34].   

 

In addition to pore size, cell transport within a scaffold such as diffusion, attachment and migration, is 

controlled by total porosity, pore interconnectivity and the surface area of the scaffolds. Scaffolds must possess 

a highly porous structure with an open, fully interconnected geometry and a large surface-to-area volume ratio 

that will allow cell ingrowth and a uniform cell distribution and facilitate the neovascularization of the construct 

[22, 35]. Takahashi et al.[36] compared the proliferation of mesenchymal stem cells on nonwoven fabrics with 

different total porosities and fiber diameters. With higher porosity, cells proliferated better due to more void 

space and faster oxygen and nutrient supply, but showed a lower extent of differentiation agreeing with the 

results from Ma et al.[29] Various studies have shown that a high porosity in excess of 90% [7, 37] allows for 

adequate diffusion during tissue culture and provides sufficient surface area for cell-polymer interactions. For 

this reason, numerous studies considering a total porosity as an independent variable during cell proliferation or 

differentiation experiments have set the lower level to exceed 90% porosity. The authors point out that there 

still exists a significant difference in total porosity between the different levels used in these studies even 

though it is less than a 5 % difference. Although high porosity is necessary for ensuring uniform cell delivery 

and tissue ingrowth, the mechanical strength of a scaffold tends to decrease rapidly as the total porosity 

increases [17, 38, 39]. Thus, for polymeric scaffolds, there may be a conflict between optimizing the total 

porosity and maximizing the mechanical properties. So the total porosity value should always be balanced with 

the immediate mechanical needs of the particular tissue that is going to be replaced.  

 

Compared to a closed pore structure, an interconnected network of pores enhances the diffusion rates to and 

from the center of the scaffold and facilitates vascularization, thus improving oxygen and nutrient supply and 

waste removal [38]. Chang et al.[27] also proposed that the degree of interconnectivity rather than the pore size 

has a greater influence on osteoconduction. A highly porous scaffold is desirable to facilitate cell seeding and 
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migration throughout the material but at the same time it might also be necessary to exhibit adequate micro 

porosity in order to allow capillary in-growth. Gao et al.[39] reported using salt fusion and leaching and 

polymer curing methods on poly(glycerol sebacate) (PGS) to produce scaffolds with both macropores (70-150 

µm) and micropores (5-20 µm) and a total porosity of 90 %. Taboas et al.[40] also created a bimodal 

distribution of global pores (50-100 µm) and micropores (5-10 µm) using an indirect solid free form technique 

combined with phase separation and porogen leaching. These studies all concluded that incorporating micro-

porosity enhances nutrient delivery and cellular response. Besides pore size and total porosity, the shape and 

tortuosity of the pores can also affect the rate and extent of tissue in-growth.  

 

2.1.2.2. Pore characterization 

Evaluating the pore characteristics of a fabricated scaffold is obviously an important step in any tissue 

engineering approach. Porous materials including tissue engineering scaffolds can contain three types of pores 

(Figure 2.2). 

 

1) Closed pores that are isolated within the structure and not accessible 

2) Open pores that connect the internal structure to the outer surface and permit the flow of liquids and/or 

gases 

3) Blind pores that connect with an exposed internal or external surface 

 

All of these pores have a role to play in tissue engineering; closed and blind pores can reduce the path length for 

diffusion of gas to the core of the scaffold whereas open pores are the key to functioning as conduits for cell 

movement and nutrient diffusion [41]. These different pore types increase the complexity and challenge of 

accurately characterizing the scaffold structure.   
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Figure 2.2- Different types of pore configuration found in porous structures 

 

 

There are several methods to determine these scaffold architectural features including theoretical calculations, 

microscopic analysis, mercury porosimetry, and micro-computed tomography (µ-CT) analysis. Each technique 

has its own pros and cons and sometimes they complement one another depending on the structure of the 

matrix. Among the two main theoretical approaches, one approach by Landers et al.[42] is mainly for regular 

structures fabricated by rapid prototyping techniques. This approach assumes that the deposited filaments are 

uniform where they do not fuse into each other and are laid down in a consistent array with uniform spacing. If 

the deposited filaments do not lie orthogonally, i.e. at 90° to each other, then the following equation should be 

modified.  

Total porosity is calculated by:  

 

Total Porosity (%) = (1−
Vscaffold
Vcube

) ×100 = (1− πd1
2

4d2d3

) ×100  

where Vscaffold is the volume of scaffold, Vcube is the apparent scaffold cube volume, d1 is filament diameter, d2 is 

repeat length, d3 is layer thickness.  
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The second approach is derived by dividing the mass of the scaffold cube by its material or polymer density, 

which can apply to random geometries [43, 44].  

Total porosity is calculated by: 

 

Total Porosity (%) = (1-
Vscaffold
Vcube

) ×100 = (1−
Mscaffold

Vcube ⋅ ρ
) ×100   

where Vscaffold is the volume of scaffold, Mscaffold is the mass of scaffold, Vcube is the apparent scaffold cube 

volume, and ρ is the density of the material.  

 

Ma et al.[45] modified this equation by considering the relative amounts of amorphous and crystalline regions 

of the polymer when calculating the polymer density. So to calculate ρ, the degree of crystallinity was 

determined by differential scanning calorimetry (DSC) and the densities of amorphous and crystalline region 

were taken into account.  

Therefore the density of the polymer (ρ) was calculated as: 

 

ρ =
1

(1− Xc )
ρa

+ Xc

ρc

 

where Xc is the crystallinity of the polymer, ρa is the density of the amorphous region, ρc is the density of the 

crystalline region.  

 

Microscopic and image analysis by scanning electron microscopy (SEM) complements these theoretical 

calculations of porosity allowing direct measurements of pore size using image analysis software. However, 

SEM has its limitation since only 2D surface images can be obtained reliably from this technique. Therefore, 

the evaluation is restricted to only the surface region of the scaffold, which may not be representative of the 
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whole structure. One way to overcome the limitation is by sectioning in different directions, then taking SEM 

images of different planes and orientations.  

 

The most popular experimental method is the use of mercury intrusion porosimetry (MIP) where void volume is 

determined by forcing mercury into the pores under pressure [48-50]. As mercury intrusion occurs, the 

cumulative volume of the intruded mercury at each pressure step is recorded and pore size and pore volume 

distribution can be calculated using the equation above. The relation between pore diameter and the differential 

pressure required to displace the mercury in the pore is: 

 

p = 4γ cosθ / D  

where D is the pore diameter, γ is the surface tension of mercury, (480 dyne/cm), p is the applied pressure and θ 

is the contact angle between the pore wall and mercury, (140°).  

 

It has been reported that structures with pore sizes ranging from 0.03 to 200 µm can be studied using this 

technique [46]. Several studies also point out that the presence of large pores cause mercury penetration into the 

scaffold without any pressure application leading to an underestimation of scaffold volume and total porosity. 

This technique also neglects closed pores since they are not accessible to the mercury, and the above equation 

assumes perfectly cylindrical pores, which is not always the case for scaffold structures. And since the 

porosimeter is capable of applying pressures up to 414 MPa, fragile samples could be destroyed or compressed 

while taking the measurements resulting in error [47].   

 

Micro-computed tomography (µ-CT) technique has recently been added to the list of scaffold characterization 

tools for conducting non-destructive morphological evaluation [47-50]. In µ-CT scanning, the specimen is 

sectioned into a series of 2D slices and the quality of the pixel map is dependent on the scanning resolution 

which ranges from 1- 50 µm [47]. This method can be utilized not only in characterizing the pores of the 
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scaffold itself, but also in evaluating subsequent tissue ingrowth and infiltration or osteoinductive activities in 

bone tissue engineering [51, 52]. Although this method has many advantages mainly as a powerful versatile tool 

for morphological evaluation of the scaffolds, it still raises some concerns mainly regarding the image 

thresholding step, which affects the subsequent analysis and visualization. Also since the resolution window is 

limited to the micro level, analysis is not possible for nano-scaled structures.  

 

Although there are various methods reported for evaluating the pore characteristics of a scaffold as discussed 

above, pore characterization still remains a challenging technique. One of the main reasons is that the pores in a 

scaffold are of different types and have irregular shapes. Further, the actual definition of a ‘pore’ is vague and 

subjective [53]. Consequently, the result is highly dependent on the analysis technique employed, and the 

assumptions and interpretations made.  

 

2.1.3. Mechanical properties and modulation 

2.1.3.1. Bulk and surface mechanical properties 

In designing tissue engineered scaffolds, their mechanical properties should be tailored to fulfill their structural 

role and normally should resemble those of native tissue. While there has been considerable efforts to determine 

the mechanical properties of various tissue types, most biological tissues can be considered to be 

inhomogeneous, viscoelastic, nonlinear, and anisotropic materials [54]. The mechanical properties of human 

tissues are reported in Table 2.2, which is summarized from Yamada’s literature [55]. The average data were 

based on a sample size of 5-7 persons for all organs and the strength tests were based on 15-20 specimens for 

each system. These reported values are the averages for all adult ages over twenty.  
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Table 2.2- Average mechanical properties of human tissues [55] 

 

 
Ultimate 

Tensile Strength 
(MPa) 

Ultimate 
Compressive Strength  

(MPa) 

Ultimate  
Elongation  

(%) 
Femoral bone 106.82 158.76 1.35 

Articular 
cartilage 

2.84 8.04 13.6 

Tendon 5.4 - 9.4 

Ultimate Tensile Strength (MPa) Ultimate Elongation (%) 
 

Longitudinal Transverse Longitudinal Transverse 

Femoral artery 1.67 1.37 87 69 

Femoral vein 2.16 3.04 82 70 

Popliteal artery 1.37 1.18 105 70 

Esophagus 0.59 0.18 124 36 

Ureter 1.72 0.44 36 98 

Bladder 0.24 - 226 - 

Skin 7.55 - 78 - 
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Generally, scaffolds should have sufficient mechanical strength and resistance to deformation to withstand 

typical hydrostatic or pulsatile pressures that can be found in the physiological environment, as well as maintain 

the space or pore volume required for cell ingrowth and matrix production [22, 23]. The biostability of many 

implants depends on factors such as the initial ultimate strength and elasticity, the rate of resorption at the 

material surface and the speed of chemical degradation. The rate of the scaffold’s degradation must be tuned 

appropriately so that it retains sufficient structural integrity until the newly grown tissue can replace the 

scaffold’s supporting function. The degradable scaffold should retain sufficient mechanical strength to 

accommodate any in vivo stresses or applied physiological force imposed on the engineered construct. 

Particularly, in the reconstruction of hard, load-bearing tissues such as bone and cartilage, the mechanical 

strength to retain the scaffold’s structure after implantation is essential [22, 56]. If the scaffold cannot bear 

sufficient loads, it may fracture before the bone healing process is complete.  For vascular applications, the 

scaffolds must be elastic and capable of withstanding cyclic mechanical strain for extended periods of time 

without cracking or significant permanent deformation [57, 58]. In addition, hemodynamic competence and 

suturing characteristics are also critical. The mechanical properties of the scaffolds are determined by the bulk 

properties of their constituent materials but also strongly influenced by the architectural and structural 

arrangement such as pore size distribution, fiber diameter and orientation [15, 59]. This is particularly true when 

the scaffold has high total porosity and low material content.  

 

In addition, the bulk mechanical properties also directly shape the surface mechanical behavior, such as surface 

softness/hardness or elasticity, which is responsible for eliciting cellular responses [11, 60]. At the cellular 

scale, cells respond to surface softness of elasticity as they initially recognize adhesive proteins on the substrate 

through transmembrane integrin receptors receiving mechanical signals, which activate actin-filament 

polymerization and promote focal adhesion formation [11, 61]. Later, cells apply traction forces to pull the 

ligands from the substrate and sense the surface’s hardness or stiffness. Recent studies have demonstrated that 

different levels of substrate hardness or softness influence cell contractility, motility, adhesion and spreading, as 

well as cell differentiation [61].  
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Engler et al.[62] reported that matrix softness or elasticity directs the stem cell lineage specification by 

demonstrating that human mesenchymal stem cells display a phenotype of neurogenic lineage on the softest 

substrates, a myogenic phenotype on moderately hard matrices, and an osteogenic phenotype on the hardest 

substrates (Figure 2.3). Another study has demonstrated that harder substrates support preosteoblast 

proliferation and that softer substrates promote differentiation [11]. Hence, in future modulating the cellular 

function of the scaffold, changing its surface softness/hardness during resorption could be another strategy for 

certain tissue engineering applications. Switching from cell proliferation to cell differentiation could be 

achieved by progressive softening of the scaffold surface during the biodegradation process [11].  

 

 

 

              

Figure 2.3- Differentiation of MSCs according to the stiffness of matrices [62] 
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2.1.3.2. Mechano-signaling  

Mechanical signals conveyed to cells via their adhesion to the surrounding ECM regulate the development of 

various tissues and the gene expression of many cell types in culture [37]. Studies have shown that the 

appropriate combination of mechanical stimuli and polymer scaffolds can enhance the mechanical properties of 

engineered tissues [63, 64]. Especially, it has been known that the short term and long term application of cyclic 

strain increases proliferation of smooth muscle cells and the expression of collagen and elastin. Smooth muscle 

cells are a critical component of a number of cardiovascular, gastrointestinal, and urological tissues residing in 

mechanically dynamic environments in vivo. Thus, the development of scaffolds that can maintain their 

mechanical integrity and transfer the mechanical signals to adhering cells during long-term cyclic mechanical 

strain application is likely to be necessary to engineer viable smooth muscle that can be applied to various tissue 

applications [48, 70, 71]. Then, the most important property of the scaffold for those applications is its elasticity 

and capability of withstanding cyclic mechanical strain for extended periods of time without cracking or 

significant permanent deformation. Also the scaffold should have surface characteristics capable of transferring 

the mechanical signals to the cells through specific cellular adhesion sites [65]. In addition to the studies on 

smooth muscle cell proliferation and mechanical strain, another active area of research is on investigating the 

effect of mechanical stimuli on promoting differentiation of stem cells. For example, Sumanasinghe et al. have 

reported that collagen scaffolds under cyclic strain with bone marrow derived mesenchymal stem cells can 

induce osteogenic differentiation without any osteogenic supplements [66]. 

 

The most appropriate architectural structure and material chemistry of scaffolds for engineering tissue under 

conditions of cyclic strain have not yet been established. However, several scaffolds that exhibit elastic 

properties have been investigated. They include poly(L-lactic acid) bonded to polyglycolide (PGA) fiber based 

scaffolds [65], Type I collagen sponges, poly(glycolide-co-caprolactone) (PGCL) [67], polyurethane [68] and 

poly(lactide-co-ε-caprolactone) (PLCL) constructs [69, 70]. Natural polymer scaffolds have been studied after 

cross-linking with reagents, such as glutaraldehyde, and although such chemical cross-linking increases the 

elasticity of the scaffolds, these reagents are potentially cytotoxic to cells [71, 72]. Bonding PGA fibers with 
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PLA has been unsuccessful due to the significant permanent deformation that was exhibited under cyclic 

mechanical strain conditions [65]. Elastomeric PLCL copolymers, however, have been proposed as attractive 

candidates in view of their ability to offer a range of different degradation behaviors. Jeong et al.[73] have 

reported that using rabbit smooth muscle cells seeded into poly(lactide-co-caprolactone) (PLCL) scaffolds and 

exposed to radial distension and pressure were found to exhibit higher cell proliferation, collagen deposition, 

and significant cell alignment in the radial direction compared to the static controls.  

 

In the musculoskeletal system, physiologic levels of mechanical loading increased the contents of proteoglycans 

and Type II collagen with improved mechanical properties of engineered cartilage [74, 75]. In bone tissue 

engineering, higher perfusion rates showed increased bone formation and microstructure organization [76]. In 

cardiac tissue engineering, electrical stimulation was able to convert the assembly of cardiomyocytes into 

functional engineered myocardium [81, 82]. As discussed above, in vascular tissue engineering, it has been 

shown that in a dynamic system, cyclic strain significantly improves the mechanical properties of the 

engineered vessel, and the applied shear stresses improve cell alignment and endothelial cell adhesion [57]. 

Generally, in order to exert these mechanical signals on the cell in a controlled manner, a dynamic bioreactor is 

usually needed to promote and develop this cell culture step. Since engineered tissues based on synthetic 

scaffolds inevitably become composite materials, their effective dynamic mechanical properties are determined 

by the combined effects of the cells, the ECM, the resorbing scaffold and their unique micromechanical 

interactions [15].  

 

2.1.4. Surface properties and modification 

2.1.4.1. Surface chemistry and topography 

Surface properties, including both chemical and topographical characteristics, can control and affect cellular 

adhesion and proliferation. Surface properties include softness/hardness, surface charge, polarity, surface 

energy, and chemistry among many others. Chemical properties are related to the ability of cells to adhere to a 
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material as well as to protein interactions at the material surface. Immediately on implantation in the body or on 

immersion in the media, the surface of a scaffold or biomaterial is coated with competing proteins. So although 

the surface properties are often derived from the bulk material, the bulk does not define the surface properties 

directly [77]. Surface chemistry and topography determine the identity, quantity, and conformational structure 

of these adsorbed proteins [11]. Tamada et al.[78] examined fibroblast cell adhesion, growth and collagen 

synthesis on 13 different polymeric materials with a range of different surface energies as determined by water 

contact angle measurements. The rate of proliferation was relatively insensitive to surface chemistry whereas 

cell adhesion appeared to be the highest on surfaces with intermediate wettability. This was probably related to 

the relative ability of different proteins to adsorb at the surface. In addition, the surface charge density was 

observed to determine the amount of protein adsorption and resultant cell adhesion. A greater surface charge 

resulted in a greater density of adsorbed proteins, which in turn led to better cellular adhesion [11].  

 

The micro-scale texture of the material can have a significant effect on the cell behavior. Surfaces with angular 

edges, abrupt grooves, or other sharp textures will induce a different behavior compared to smooth surfaces. In 

many cases, cells orient themselves and migrate along fibers or ridges in the surface, which is a phenomenon 

called contact guidance from early studies on neuronal cells [79]. Since cells recognize structures which have 

comparable dimensions similar to their own cell size (10-100 µm), micro-scale surface morphology needs to be 

considered among the various design criteria [11].   

 

2.1.4.2. Surface modification 

The surfaces of materials can be tailored to make them more suitable for cell attachment and growth by surface 

modification techniques. Surface properties can be modulated through attaching specific functional groups or 

proteins with targeted biological functions as shown in Figure 2.4 [80]. Methods that alter surface 

hydrophilicity by changing the monomer composition or chemical surface treatment can potentially improve 

scaffold performance. Because most synthetic bioresorbable polyesters are hydrophobic, efforts have been 

devoted towards increasing the hydrophilicity of the biomaterial. Even a simple method such as wetting 
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hydrophobic polymers in ethanol and water prior to cell seeding can improve cell attachment by overcoming the 

hindered entry of water into air filled pores [15]. Chemical groups can be added to change the wettability of the 

surface or proteins such as collagen can be immobilized on the surface providing the cell with a matrix that 

mimics native ECM. Vapor phase deposition is one of the techniques used to modify the substrate as well as 

radio frequency plasma processing. Plasma treatment introduces polarized groups such as hydroxyl, carboxyl, 

amino and sulfate groups on polymer surfaces using different reaction gases such as air, NH3, CO2, SO2, or 

other organic compounds [80]. The addition of certain specific chemical groups to the polymer surface such as 

hydroxyl or carbonyl functionalities can serve as important factors in modulating the fate of surface-attached 

cells [79]. Treatment of poly(2-hydroxyethylmethacrylate) (pHEMA) with sulfuric acid is reported to improve 

the adhesion of endothelial cells and permit cell proliferation on the surface [79]. Amino groups grafted to the 

surface promote adsorption of adhesive proteins, approximately doubling the number of initially attached cells 

[81]. Another widely used method is to graft hydrophilic polymers on biomaterial’s surface through grafting 

copolymerization of hydrophilic polymers. The introduction of initiators on the chemically inert surface can be 

achieved by techniques such as Ar plasma treatment, γ-ray, electron beam, laser treatment and ozone oxidation 

[80].  

Certain short amino acid sequences appear to bind to receptors on cell surfaces and mediate cell adhesion. 

Immobilizing peptide ligands derived from the active domains of ECM adhesion proteins to scaffolds is another 

major approach to generate specific surface-bound biological signals [15]. Fibronectin is one of the critical cell-

adhesive proteins in the ECM. The conjugation of a short peptide sequence derived from fibronectin, RGD 

(Arg-Gly-Asp) to synthetic biomaterials has provided the motif to allow integrin-mediated cell adhesion [60]. 

Cells attach to the surfaces containing adsorbed oligopeptides with RGD sequences, and soluble, synthetic 

peptides containing this sequence enhance the cell-binding activity, demonstrating the importance of this 

sequence in the adhesion of cultured cells [79]. So the addition of cell-binding peptides to a polymer can induce 

cell adhesion to otherwise non-adhesive or weakly adhesive surfaces. However, to introduce peptide moieties, 

scaffold materials need to contain appropriate functional groups, which may not be readily available in most 

resorbable aliphatic polyesters polymers [15, 82].  
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Figure 2.4- Schematic of grafting of PLA;  
a: untreated PLA, b: PLA with hydroperoxide groups, c: PLA with grafted PMAA, d: PLA with activated carboxyl 

groups, e, f, g: PLA with covalently grafted or coated protein or biopolymer [80] 
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2.2. SCAFFOLD MATERIAL SELECTION 

2.2.1. Bioresorption 

The biodegradability of the scaffold will depend mainly on the selection of the type of polymer. Being 

biocompatible and degrading into non-toxic products within the desired time frame for the application is crucial. 

The terms of biodegradability, bioresorbability, bioabsorbability are often used interchangeably to represent 

natural or synthetic polymers that degrade over time. However, the term is more precisely defined in the 

literature [83, 84] as biodegradation, which can be thought of as the in vivo disintegration or breakdown of the 

material into metabolisable or excretable fragments, which is usually initiated by biological agents such as 

enzymes or a change in pH. However, the byproducts from biodegradation may not be entirely eliminated from 

the body. Alternatively, the term bioresorbable can be defined as the classes of polymers whose degradation 

products ‘resorb’ in the body, i.e. can be metabolized, enter the general metabolic pathways and can be assumed 

to be eliminated completely. Thirdly, there are bioabsorbable polymers, which dissolve or disperse in biofluids 

and are eliminated from the body without chain cleavage or a decrease in molecular weight [83, 84]. In this 

context, examples of ‘bioresorbable’ polymers include poly(α-hydroxy acids) such as polyglycolide and 

polylactide, whereas ‘bioabsorbable’ polymers refer to polymers such as poly(vinyl alcohol) and poly(ethylene 

glycol) and certain polyurethanes. The biodegradation rate of a polymer depends mainly on the intrinsic 

properties of the polymer, including the chemical structure, the presence of hydrolytically unstable bonds, the 

level of hydrophilicity / hydrophobicity, the crystalline / amorphous ratio, the copolymer ratio blend level if 

applicable, as well as the initial molecular weight [85]. Also, the rate of biodegradation will be influenced by 

physical and chemical factors such as the total porosity, the pore size distribution, the fiber diameter and the pH 

at the site of implantation.  

 

The major classes of synthetic bioresorbable polymers are aliphatic polyesters (poly(α-hydroxy acids)). The 

degradation of poly(lactic acid) (PLA), poly(glycolic acid)(PGA) and poly(lactic-co-glycolic acid) (PLGA) 

copolymers generally involves random hydrolysis of their ester bonds [86]. PLA is more hydrophobic than 
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PGA, so it is more resistant to hydrolytic attack and its degradation time is longer. There is no linear 

relationship between the ratio of PGA and PLA and their physico-mechanical properties of the corresponding 

copolymer. When considering PLA/PGA copolymers, degradation time first decreases with increasing amounts 

of PGA, as random copolymerization decreases the degree of crystallinity. However, at the other end of the 

spectrum, the half-life rises again when the copolymer contains mostly PGA and the polymer becomes more 

crystalline [20]. Mooney et al.[87] compared the erosion time of 50/50 PLGA, 85/15 PLGA, and 100 % PLLA 

tubular porous scaffolds in a buffered saline solution. Structures fabricated from 50/50 PLGA began to show 

significant weight loss only after 7 weeks, and were completely eroded at 10 weeks whereas the 85/15 PLGA 

took 35 weeks to completely erode, and the PLLA had no weight loss even after 40 weeks. The degradation 

products of PGA, PLA and PLGA are nontoxic natural metabolites and are eliminated from the body through 

urine excretion and via the respiratory route. However, it has been reported that although their degradation 

products are non-toxic, they are acidic in nature causing a decrease in the local pH, which autocatalytically 

accelerates the polymer degradation rate and provokes a more intense inflammatory response [88]. 

 

Polycaprolactone (PCL) is another class of bioresorbable polymers, which is highly hydrophobic and has a long 

degradation time of over 2-5 years. Due to its long degradation time it is usually not suitable for medical 

applications such as drug delivery systems. However, when copolymerized with PLA to form a copolymer, the 

rate of degradation will be faster than that of either homopolymer as discussed previously with PLGA [89]. This 

is again due to a decrease in crystallinity and an increase in the rate of water absorption depending on the 

hydrophilicity of the copolymer. Thus by adjusting the relative composition of the two monomers, they can be 

synthesized to yield materials with more rapid degradation rates. Jeong et al.[69] have reported the in vivo 

degradation behavior of PLCL porous scaffolds for a period of up to 15 weeks. During this time the molecular 

weight (Mn) decreased by 77 %, indicating active chain scission of the copolymer. On the other hand, the mass 

decreased by only 19 %, indicating a slow rate of mass loss. This is a commonly accepted phenomenon with 

aliphatic polyesters, where despite an immediate reduction in mechanical properties, the mass loss is not 

observed until a limiting Mn of about 5000 is reached. Usually the bioresorption process takes place in three 
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stages. First, the swelling of the amorphous regions with water and/or aqueous enzyme solutions disrupts the 

preferred orientation and causes a reduction in mechanical performance. Second, as the enzymes initiate random 

hydrolytic ester cleavage, a decrease in molecular weight occurs. The third stage is characterized by the onset of 

weight loss and a change in the chain scission rate [90]. 

 

Crystallinity has a significant effect on the degradation rate of aliphatic polyesters since it determines how 

easily water molecules can swell the copolymer and access the ester linkages to cause chain cleavage [83]. 

Different degradation times may be required of devices being used to engineer different types of tissues, such as 

the walls of blood vessels versus intestines [87]. This can be incorporated into the design with appropriate 

copolymerization chemistry and polymer and fiber processing to ensure the desired level of crystallinity.  

 

2.2.2. Bioresorbable polymers 

The desirable characteristics of suitable tissue engineering materials have been discussed in the previous 

sections so far. In addition to the structural architecture, physical characteristics and appropriate degradation 

kinetics, most importantly the materials should be biocompatible, not provoking any adverse tissue response. 

Scaffolds can be produced from natural or synthetic biomaterials. Natural polymers such as collagen, 

glycosaminoglycan, chitosan, gelatin, starch and alginate have all been used extensively in various tissue 

engineering applications including bone, skin, and cartilage. While natural materials closely simulate the native 

cellular milieu, they are also associated with large batch-to-batch variations when isolated and prepared from 

biological sources. This is one of the main limitation for not promoting wider applications of these biopolymers 

[20]. Poor mechanical performance is also a limitation for natural polymers. For example, with collagen, in 

most cases it has to be cross-linked with reagents such as glutaraldehyde, which increases its toxicity. 

Therefore, biodegradable synthetic polymers offer a number of advantages over other biopolymeric materials 

for developing scaffolds in tissue engineering. The key advantages are the flexibility to tailor mechanical 

properties and degradation kinetics to suit various applications, and the capacity to be fabricated into various 

shapes with desired porous and morphological features conducive to tissue in-growth [86]. However, the 
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greatest disadvantage of synthetic materials is their lack of cell-recognition signaling and inferior 

biocompatibility. One of the major classes of synthetic biodegradable polymers is the class of aliphatic 

polyesters. The key properties of these polymers are summarized in Table 2.3. Degradation time is usually 

defined as loss of mechanical strength. 

 

 

 

Table 2.3- Properties of biodegradable aliphatic polymers [20, 83, 91] 

Thermal/Mechanical properties 
POLYMER 

Tm  
(°C) 

Tg  

(°C)  
Modulus 

(GPa) 
Tensile strength 

(MPa) 
Elongation  

(%) 

Degradation 
Time 

(months) 

PGA 225-230 35-40 7.0 
> 70  

(890- fiber) 
15-20 6-12 

PLA 173-178 60-65 2-5 
55-82  

(900- fiber) 
5-10 > 24 

PLGA (85/15) amorphous 50-55 2.0 41-55 3-10 4-6 

PLGA (10/90) 200 40 8.6 (fiber) 850 (fiber) 24 (fiber) 3 

PCL 58-63 -65 0.4 20-35 300-500 > 24 

PLCL (75/25) 130-150 15-30 4.8 (fiber) 500 (fiber) 70 (fiber) 12 

PLCL (50/50) 90-120 -17 0.9 (film) 12 (film) 600 (fiber) 6-8 

 

 

 

Polyglycolic acid (PGA), poly(lactic acid) (PLA) and copolymers of poly(lactic-co-glycolic acid) (PLGA) are 

widely used in tissue engineering since these polymers are biodegradable and have gained the approval of the 

US Food and Drug Administration for human clinical use in a variety of applications. Of this family of linear 

aliphatic polyesters, PGA has the simplest structure and since PGA is highly crystalline, it has a high melting 

point and low solubility in organic solvents. PGA was the first material used to produce bioresorbable surgical 

sutures. Due to its hydrophilic nature, surgical sutures made of PGA tend to lose their mechanical strength 

rapidly typically over a period of 2-4 weeks post-implantation. Due to the presence of an extra methyl group in 
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lactic acid, PLA is more hydrophobic than PGA and less soluble in aqueous systems. PLA and PGA exhibit a 

high degree of crystallinity and degrade relatively slowly, while copolymers of PLA and PGA (i.e., PLGA) are 

primarily amorphous and degrade more rapidly [20]. Although it has been generally accepted that the 

degradation products of PGA, PLA and PLGA are nontoxic natural metabolites and are eliminated from the 

body through urine excretion and respiration, it has been suggested that the release of acidic degradation 

products (glycolic acid for PGA and lactic acid for PLA) contributes to the chronic inflammatory reaction 

observed in long-term orthopedic implants [92].  

 

 

 

          

Figure 2.5- Chemical formulae of representative bioresorbable polymers  
(From left: polyglycolide (PGA), polylactide (PLA) and poly(ε-caprolactone) (PCL)) 

 

 

 

As mentioned in Section 2.2.1, PCL has a longer degradation time compared to PGA, and hence is more 

suitable for long-term implants or devices. PCL has several unusual properties including exceptionally low 

glass transition temperature below room temperature, low melting temperature of approximately 60°C and high 

thermal stability. It has been reported that other aliphatic polyesters have decomposition temperatures between 

235°C and 250°C whereas for PCL it is 350°C. Because these polymers are thermoplastic, they can be easily 

formed into desired shapes by various techniques including molding, fiber extrusion and solvent casting. Their 

thermal characteristics are summarized in Table 2.3 above.  

 

Another interesting property of PCL is its ability to form compatible blends with a wide range of other polymers 
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and copolymerize with other monomers [92]. Particularly copolymers of PLA and PCL have been investigated 

extensively for a wide range of biomaterial applications. Poly(L-lactide-co-ε-caprolactone) (PLCL) is a 

copolymer of PCL and PLA where the characteristics differ widely according to the ratio of ε-CL and LA 

monomer [90]. It has been reported that the mechanical properties differ widely according to the ratio of ε-CL 

and LA in the copolymerization. They provide a wide range of biomaterials from weak elastomers to tough 

thermoplastics [93]. Grijpma et al.[94] have proposed the use of high molecular weight 50/50 PLCL as the 

biodegradable elastomeric copolymer to replace implantable polyurethanes that contain methylene diphenyl 

diisocyanate (MDI). Since the degradation products are non-toxic, the use of this aliphatic polyester copolymer 

is preferable. Hoppen et al.[95] have reported constructing a nerve guide using PLCL as the inner micro porous 

layer with a pore size range of 0.5-1.0 µm. The potential for combining PLCL sponges with collagen, whether 

by filling or by coating, has been investigated by Taira et al.[96] for use as a future dental biomaterial. They 

examined the cellular reactions when these sponges were implanted subcutaneously in oral tissue. Groot et 

al.[97] compared 50:50 PLCL with polyurethane to examine the possibility of using it for meniscal 

reconstruction. They were able to show improved adhesion to meniscal tissue. Porous PLCL materials have also 

been prepared for controlled drug release experiments using a freeze-drying and salt-leaching technique [98]. 

The most recent research on the use of PLCL has been on developing an elastic vascular scaffold by various 

techniques to create an elastomeric porous tube [70, 77, 104-107]. 

 

2.3. SCAFFOLD FABRICATION 

Parallel to the development of advanced materials and process engineering, 3D matrix formation and fabrication 

techniques have evolved considerably to manufacture more elaborate scaffold structures with a broad range of 

biomaterials [11]. Various techniques have been developed to create an artificial matrix for tissue engineering, 

but mainly they can be categorized into four major approaches as shown below in Figure 2.6: i) pre-made 

porous scaffolds for cell seeding, ii) decellularized ECM for cell seeding, iii) confluent cells with secreted 

extracellular matrix, and iv) cell encapsulated in self-assembled hydrogels.  
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Figure 2.6- Schematic showing four major tissue engineering scaffolding approaches [12] 

 

 

Acellular ECM processed from allogenic or xenogenic tissues are attractive since they mimic the native ECM 

most closely in terms of structural and biological properties. Biologic scaffolds derived from decellularized 

tissues and organs have been successfully used in both pre-clinical animal studies and in human clinical 

applications [8, 99]. Numerous studies [2, 8, 100, 101] have been reported using this method to engineer 

bladders, heart valves, blood vessels, nerves, and ligaments. This scaffolding approach removes the allogenic or 

xenogenic cellular antigens from the tissues, as they are the sources for negative immunogenic responses upon 

implantation. But this approach preserves the ECM components, which are conserved among species and 

therefore well tolerated immunologically [12]. Specialized decellularization techniques have been developed to 
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remove the cellular components, which can be achieved by a combination of physical, chemical, and enzymatic 

methods [99]. The major advantage of this approach is that it provides the closest to natural mechanical and 

biological properties to that of ECM. However, cell seeding in decellularized ECM may also lead to 

inhomogeneous distribution while incomplete removal of cellular components may elicit immune reactions 

upon implantation [12].  

 

Cell sheet engineering represents an approach where cells secrete their own ECM upon confluence and are 

harvested without the use of enzymatic methods [12]. This is achieved by culturing cells on thermo-responsive 

polymer such as poly(N-isopropylacrylamide) (PIPAAm) coated culture dish until confluence and the confluent 

cell sheet is then detached by thermally regulating the hydrophobicity of the polymer without enzymatic 

treatment. This process can be repeated to produce multiple layers to form thicker matrices. In other words, 

tissue culture dishes treated with a thin layer of PIPAAm can support cell adhesion and growth at 37°C (where 

the PIPAAm is hydrophobic); however, reducing the temperature below its lower critical solution temperature 

(32°C) causes the polymer to become hydrophilic and swell. This swelling induces the cells, and any associated 

ECM they may have deposited, to lift off the surface of the culture dish while maintaining cell-cell and cell-

ECM connections which are crucial for proper tissue function [10]. This approach has been systemically applied 

to a number of tissue engineering applications, such as the cornea in clinical trials and myocardium in 

preclinical trials, and has shown excellent progress for epithelium, endothelium and cell-dense tissues [10, 12, 

102]. This is because the formation of cell sheets requires cells to grow into confluence at high density such that 

cells can form tight junctions with each other and secrete ECM on their own. Another advantage of this 

approach is that the laminated layers resulted in rapid neovascularization, unlike transplantation of thick 

constructs with cell-seeded scaffolds [12]. On the other hand, one disadvantage of this approach is that it is still 

difficult to construct thick tissues, as each layer is limited to a thickness of around 30 µm [12]. Also it has its 

limitations in constructing ECM rich tissues and hypocellular load bearing tissues such as bones, cartilage and 

intervertebral discs, since the amount of ECM secreted upon cell confluence is severely limited [103].  
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Cell encapsulation is a process where cells are entrapped within a semi-permeable membrane or a homogeneous 

solid mass, which are usually hydrogels. The process of 3D cell entrapment is conceptually simple; a hydrogel 

precursor solution is mixed with a cell suspension and then quickly gelled using random or self-assembling 

polymerization by means of changes of physical or chemical conditions [11]. Naturally occurring 

polysaccharides derived from algae is the most commonly used material, while other natural materials, such as 

agarose and chitosan, and synthetic materials such as poly(ethylene glycol) (PEG) and polyvinylalcohol (PVA), 

are also used. Importantly, for immunoisolation to work, biomaterials encapsulating the cells need to be 

crosslinked or processed to become impenetrable to cells, impermeable to large molecules, such as antibodies 

and cellular antigens, but permeable to nutrients such as oxygen, glucose, and metabolites [12]. The biggest 

advantage of this approach is that it is a fast simple one-step procedure with intimate cell and material 

interaction within a 3D environment, thus enabling the delivery of intense signals to cells from all directions. 

However, the mechanical properties of hydrogels are inherently weak and therefore this approach is limited to 

only soft tissue applications.    

 

Although all of the fabrication methods have unique advantages, there is no single standard or superior process, 

and new methods are actively being researched [11]. Nevertheless, each approach has its own pros and cons for 

a specific target tissue application and in terms of processing and material diversity. Among the 4 techniques 

illustrated above in Figure 2.7, the first method of creating a pre-porous scaffold has the most versatility with 

superior control over the design of the microstructure and bulk architecture. Almost all biomaterials ranged 

from ceramics to hydrogels have suitable fabrication technologies using this approach and relatively precise 

designs on the architecture and microstructure of these scaffolds have been developed [12]. In the following 

sections, the fabrication methods for creating porous scaffolds will be discussed in more detail followed by a 

review of recent studies using fibrous structures and textile technologies. 
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2.3.1. Fabrication methods for porous scaffolds 

The very next step after selecting the appropriate biodegradable polymer is to develop or choose a suitable 

processing technique. The processing methodology must not adversely affect the material properties, namely its 

biocompatibility or chemical properties [22]. In general, technologies for fabricating porous scaffolds using 

polymeric biomaterials can be roughly categorized into three; 1) utilizing porogens to produce the pores in the 

biomaterial, 2) rapid prototyping technologies, 3) using fibers to create a fibrous or textile structure as shown 

below in Fig 2.7. 

 

 

 
Figure 2.7- Porous scaffold fabrication methods 

 

 

Conventional scaffold fabrication techniques to create porous structures include phase separation [68], gas 

foaming, freeze drying, solvent casting, particulate leaching [70, 87] thermal processing [104], molding from 

the melt and combinations of these techniques. Techniques such as freeze-drying or gas foaming do not employ 

the use of porogens to create the pores. The freeze-drying method involves blending a solvent-polymer mixture 

with an appropriate volume of water to form an emulsion, which is quickly frozen in liquid nitrogen and freeze 
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dried leaving behind a porous structure where the water has been evaporated [11]. The scaffolds have porosities 

of up to 90% and pore diameters from 15-35 µm [105]. However, the use of organic solvents to dissolve the 

polymer has been recognized as the major drawback of this process. A method that avoids the use of any 

organic solvents is the gas foaming process, which involves high-temperature compression molding of the 

polymer to form a solid disk-like structure to be exposed to high pressure CO2, which expands or infiltrates the 

polymer. The average pore size ranges from 100 to 500 µm; however the drawback of this method remains its 

closed-pore morphology [105]. Solvent casting and particulate leaching are representative methods of using 

porogens to achieve porous sponge-like structures. The polymer is mixed with a solvent and particulates that 

can be dissolved in a separate solvent. Typical porogens include salt or sugar particles since they are insoluble 

to organic solvents and can be removed by water. This technique can produce scaffolds with controlled 

porosities up to 93%, pore sizes up to 500 µm [105]. The major advantage of this technique is the relatively 

small amount of polymer required to create a scaffold, but again using an organic solvent is a major 

disadvantage, with poor interconnectivity between the pores. Although conventionally produced scaffolds hold 

great promise and have been applied to engineer a variety of tissues with varying success, most are limited by 

some form of flaws which restrict their scope of applications [23]. Among the main disadvantages are 

inconsistent and inflexible processing procedures, the use of toxic organic solvents, and the use of porogens, 

which have shape limitations [106, 107]. The main limitations are summarized below in Table 2.4.  

 

Table 2.4- Major limitations of conventional processing methods [11, 20, 23] 

Major Limitations  

Inconsistent/ inflexible 
processing procedures 

Inconsistent pore size, pore morphologies and porosities over entire 
volume; poor reproducibility 

Use of toxic organic solvent Incomplete removal of solvents provoking cytoxicity or 
carcinogenicity 

Use of porogens 
Limited thickness to thin membrane to facilitate complete removal; 
porogens can be entrapped; possibility of porogen aggregation and 
ununiform dispersion resulting uneven pore densities, morphologies 

Manual intervention Labor intensive, time consuming, multi-stage processing 

Shape limitations Restrictions to mold or container shapes; lack of pore 
interconnectivity  
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2.3.2. Fiber based scaffolds 

Alternatively, there are methods involving the use of fibers including fiber bonding [108], wet spinning [109], 

electrospinning [49, 50, 106, 118, 119], the formation of nonwoven meshes [110, 111], weaving [112, 113], 

knitting [114-117] and braiding [118, 119]. Fiber based scaffolds have typically been produced from PGA or 

other crystalline polymers. For example, the PGA polymer is formed into fibers (10-15 µm in diameter) by 

polymer extrusion, and textile processing techniques are then applied to crimp, cut and needle these fibers to 

form woven or nonwoven arrays with porosities up to 97% [7]. Since these scaffolds are typically incapable of 

resisting large compressive loads, they tend to collapse in vivo. Techniques to physically bond adjacent fibers in 

the nonwoven structure have been investigated with a view to stabilizing such constructs [108]. Polymeric 

fibers that are used in medicine can be manufactured using techniques such as melt spinning, wet spinning, gel 

spinning and dry spinning. Among these techniques, melt spinning is relatively economical compared to the 

other spinning methods, but can only be applied to thermoplastic polymers that are stable at temperatures 

sufficiently above their melting point or softening point with suitable viscosity so as to be extruded in the 

molten state without substantial degradation. This technique can be applied to almost all commercially available 

biodegradable polymers although there is a risk that these polymers can degrade during the spinning process. 

However, since the melt spinning process does not involve the use of an organic solvent, this technique is 

favored among others for biomedical applications. Regardless of the extrusion method, the final properties of 

the fibers can be controlled by subsequent drawing, texturizing and/or finishing. These processes can change the 

crystallinity and/or orientation of the polymer molecules.  

 

In addition to these techniques, electrospinning is another method to produce fibers at the nano-scale. 

Electrospinning has recently received much attention in healthcare applications especially in biomedical 

engineering [49, 50, 104, 130-136], providing an alternative approach for the fabrication of unique matrices and 

scaffolds for tissue engineering. There are various types of biomaterials that have been successfully electrospun 

into nanofibers, and they are PLA, PGA, PLGA, PCL, PLCL, and collagen to name a few. Electrospinning is a 

spinning method that can produce polymer fibers with diameters ranging from several microns down to 100 nm 
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or less. Instead of using pressurized air or applied mechanical forces for extrusion and conventional fiber 

spinning, it relies on the application of a high-voltage electrostatic field between a metallic syringe needle 

where the polymer is released and a grounded metallic collector [120]. The fibers are typically deposited in the 

form of a random nonwoven web on a target metal collector or a rotating drum. As the electrostatic charge on 

the polymer solution in the nozzle accumulates, it creates a repulsive force. At a critical voltage, the repulsive 

force overcomes the surface tension of the solution and a jet erupts from the tip of the syringe, accelerating 

toward the collection plate or drum. As the charged polymer jet accelerates towards regions of lower potential, 

the solvent evaporates and the polymer solidifies while the entanglements between polymer chains prevent the 

jet from breaking up [121]. This results in fiber formation. The resulting attenuation produced in the threadline 

causes the diameters of electrospun fibers to be at least one order of magnitude smaller than those made by 

conventional melt spinning techniques. There are various process variables that can alter the electrospinning 

procedure. The properties of the solution such as conductivity, viscosity, molecular weight, and surface tension 

can change the results of the electrospinning process. Controllable processing parameters, such as electrical 

voltage applied on the needle tip, flow rate of the solution, and the distance between the needle tip and the 

collector, can all change the results of the electrospinning process. Varying one or more of these conditions will 

result in producing nanofiber with variable diameters from different polymers. Finding the optimal 

electrospinning conditions for each polymer and solvent system is critical.  

 

The nano-scale diameter of the fibers produced and the structure of the nonwoven web resemble certain 

supramolecular features of extracellular matrix (ECM) [122]. The small diameter provides a high surface area to 

volume ratio, and a high length to diameter ratio, which are favorable parameters for cell attachment, growth 

and proliferation. It is hypothesized that the large surface area of nanofibers with specific surface chemistry 

facilitates the attachment of cells and controls their cellular functions [123]. As shown in Figure 2.8, since 

scaffold architecture affects cell attachment and spreading, scaffolds with nano-scale architectures have larger 

surface areas to adsorb proteins. By unfolding, changing conformation and exposing additional cryptic binding 

sites, any adsorbed proteins may also present more binding sites to cell membrane receptors [124]. 
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Figure 2.8- Scaffold architecture influences cell binding [124] 

 

 

Recently, in spite of the attractive features of nanofibrous scaffolds for cell attachment in tissue engineering 

applications, limited cell ingrowth has been reported through the thickness of electrospun scaffolds [125]. Since 

the pore size of the nanofibrous structures is so small, cells only tend to stay on the scaffold surface and there is 

virtually no cell migration and infiltration through the thickness. There have been several reports in an effort to 

overcome this issue by combining nano and microstructures or controlling the degradation of the fibers [126, 

127].  

 

2.3.3. Textile scaffolds 

Biomedical textiles composed of fibrous structures can be designed and engineered to achieve specific 

performances demanded by various tissue engineering applications providing superior control over design, 

manufacturing and reproducibility. Due to their high versatility, a new generation of medical textiles is a rapidly 
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growing field with significant expansion in the areas of wound management products, tissue engineering and 

regenerative medicine.[128] Different textile structures have the versatility to tailor their structural 

characteristics, fiber orientation, pore size distributions, with different mechanical properties, as shown in 

Figure 2.9.  

 

 

Figure 2.9- Various textile structures and their mechanical properties [114] 

 

 

The fabric structures provide hierarchically open porous structures where the porosity can be considered from 

three aspects; one is the internal open space created by the loops or pores between the yarns. The second aspect 

is the distance between the filaments or fibers, and the last can be induced by the method of assembling the 

layers of fabric by folding or rolling [117]. Also, textile structures can be formulated into not only the x-y plane 

but also in the z direction, therefore creating a three dimensional matrix. For example, by producing a flocked 

fabric or a pile fabric, one can fabricate a three dimensional structure with the filaments lying in z direction. 

This will enable another route for the cells to attach and proliferate, hence promoting cell penetration through 

the thickness of the construct. Since different fabrication techniques provide a wide range of mechanical and 

surface properties, biotextiles composed of fibrous structures can be designed and engineered to achieve 

specific performances demanded by various tissue engineering applications with superior control over design, 
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manufacturing and reproducibility. Based on the target tissue application, essential requirements such as the 

architecture and surface properties of the scaffold, selection of the cells and the regulation of cell growth and 

proliferation will differ, and these differences will govern the effective use of which textile technology is the 

most appropriate for tissue engineering.  

 

2.4. TISSUE ENGINEERING APPLICATIONS 

2.4.1. Vascular tissue engineering 

One of the most severe forms of heart disease is associated with atherosclerosis, which is a process that causes 

narrowing of the arteries [2, 58]. Recent statistics show that peripheral arterial disease affect more than 8 

million Americans, leading to significant increase in morbidity and mortality rate [129]. Surgical replacement of 

vessel segments or bypass surgery is the most common intervention for coronary and peripheral atherosclerotic 

disease with at least 550,000 bypass cases performed per year [5]. Most of these procedures are in small caliber 

(<  6 mm in diameter) vessels for which synthetic materials are not generally suitable. While synthetic vascular 

prostheses made of Dacron (PET) or Teflon (ePTFE) have been relatively effective for large diameter grafts, 

clinical success has yet to be demonstrated for small vessels with inner diameters less than 6mm, despite many 

years of research using a wider variety of biomaterials [2, 5, 58, 130]. Thus, usually current surgical therapy for 

diseased vessels less than 6 mm in diameter involves bypass grafting with autologous arteries or veins, and 

although the surgical practice is common, vascular grafting has significant limitations and complications [2, 

131]. Given the clinical limitations of these current techniques, the desirability of fully engineered, 

biocompatible blood vessels for implantation is motivating the research area of developing ‘tissue engineered’ 

small diameter blood vessels. Several attempts have been made to construct a blood vessel replacement with 

biological functionality. Early studies to develop a blood vessel substitute focused on the use of bypass grafts 

engineered from synthetic materials as mentioned above, but for small diameter grafts, the success was minimal 

due to thrombosis, occlusion and intimal hyperplasia. Failure during the early, acute phase of implantation was 

mainly due to occlusion derived from thrombus formation, which was initiated by the foreign body response 
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followed by continuous tissue ingrowth [132]. In the chronic phase of implantation, excessive tissue ingrowth, 

particularly at the anastomosed site (intimal hyperplasia) resulted in thrombus formation and late occlusion.  

 

In 1986, Weinberg and Bell constructed a layered tissue-vessel consisting of smooth muscle cells and collagen, 

which represents the first modern attempt at engineering a cardiovascular tissue [133]. However, the collagen 

gel was inherently weak and these constructs were unable to withstand burst strengths for in vivo applications. 

Despite numerous efforts to improve the mechanical properties of collagen-based scaffolds, these constructs are 

still limited by the poor mechanical integrity of the reconstituted collagen gel [58]. Since then, for the last 20 

years, numerous different approaches to create a functional vessel substitute have been explored. The most 

typical approach to vascular graft engineering nowadays involves a cell-scaffold-bioreactor system in which the 

cell seeded scaffolds are exposed to pulsatile mechanical forces order to improve the properties of the vascular 

construct [5]. Niklason et al.[134] have successfully engineered arteries from cows and pigs with internal 

monolayer of endothelial cells and muscular smooth muscle cells using a polyglycolic acid scaffold and a 

biomimetic perfusion system. The grafts were strong enough for implantation and showed 1 month patency in 

vivo although attempts to translate this approach to adult human cells initially failed. Among the many factors 

determining the patency of small-diameter artificial grafts, the compliance mismatch between the native artery 

and the adjacent artificial grafts has been discussed as a major factor of graft failure. Compliance mismatch is 

considered to be an independent risk factor for cardiovascular events such as primary coronary events, strokes, 

and mortality, since compliance mismatch between vascular substitutes and native arteries can induce wave 

reflections, hemodynamical flow disturbances, and stress concentration near anastomosis [135] which in return 

cause thrombus formation and neointimal hyperplasia [136]. Thus, the development of scaffolds that can 

maintain their mechanical integrity and transfer the mechanical signals to adhering cells during long-term 

mechanical strain application is necessary to engineer smooth muscle under cyclic mechanical strain conditions.  

It is known that the native vessels have a 3 layer hierarchical structural configuration. This includes an 

adventitia layer with fibroblasts and a media layer mostly with smooth muscle cells and collagen fibrils in a 

circumferential orientation and an intimal layer consisting of a layer of endothelial cells lining the vessel. 
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Among the layers, endothelial cells and smooth muscle cells play a pivotal role in keeping the integrity and 

maintaining its patency and mechanical properties. (Figure 2.10) 

 

 

  

Figure 2.10- Structural configuration of a native blood vessel 

 

 

The endothelium layer provides continuous selective permeable, thrombo-resistant barrier that facilitates 

laminar blood flow through the blood vessel whereas smooth muscle cells keep the elasticity and radial 

compliance of the vessel [57]. So in order to develop a scaffold architecture mimicking natural vessels both 

morphologically and mechanically, various techniques to design a hierarchical scaffold structure have been 

reported. Seunarine et al.[137] used a lithography technique to create polymer tubes with controlled micro- and 

nano-topography to mimic the structural configuration of native vessel. Vaz et al.[138] used electrospinning 

technique by multi-layering two different polymers creating a bi-layered tubular scaffold to mimic the native 
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vessel. Stiff PLA fibers were oriented outside and random pliable PCL fibers were fabricated inside. Stephan et 

al.[139] created a composite PCL-PU scaffold comprising a luminal PCL layer and outer porous electrospun PU 

medial layer. Three vascular elastic fiber molecules have been defined and were coated to enhance luminal 

endothelial cell attachment. It is evident that since the vascular wall has a complicated multilayered architecture 

and unique mechanical properties, there remain significant challenges before achieving a successful tissue 

engineered vessel.   

 

The first clinical application of an artificial vessel based on a scaffold system was reported by Shin’oka et 

al.[140]. They successfully reconstructed a low-pressure pulmonary outflow tract in pediatric patients with 

cyanotic congenital defects. In this approach, autologous bone marrow cells were seeded into tubes made from a 

copolymer of lactic acid and caprolactone and reinforced with a woven PGA sleeve. While the grafts were not 

suitable for high-pressure arterial implantation, this study still demonstrated the feasibility of a tissue-

engineered approach. So far, these grafts have been implanted into at least 22 patients as venous conduits for 

reconstructive cardiovascular surgery, and report > 95% patency at 1 year without evidence of stenosis, 

thrombogenic complications or aneurysm formation [141]. More recently, Cytograft (Novato, CA) reported 

results from their pilot clinical study using engineered blood vessels in patients with hemodialysis [142]. Grafts 

were implanted as arteriovenous shunts for dialysis access and were allowed to mature in vivo before use. The 

vessels were constructed from autologous dermal fibroblasts and endothelial cells. And during up to 5 months 

of implantation, no failures were reported with the first three patients. They used a method called ‘sheet based 

tissue engineering’ where fibroblasts were cultured to promote ECM deposition to produce a cohesive sheet, 

which were then rolled over a mandrel to form a vascular wall media without the use of any resorbable scaffold 

materials. After maturation, these tubes were seeded with endothelial cells. Although limited with numerous 

challenges ahead, these two studies are very promising in terms of taking research to the bedside.  

Four key criteria have been identified that need to be met in order to justify transition to clinical use [142]. They 

are firstly, demonstration of burst strength similar to that of the saphenous vein (i.e. > 1700mmHg) using 

human cells, second, demonstration of adequate fatigue strength using human cells (stable diameter after 30 
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days of pulsatile loading in vitro), third, demonstration of a stable, non-thrombogenic human endothelium, and 

finally, demonstration of manufacturing feasibility and consistency using isolated human cells. Although there 

still remain scientific clinical and regulatory challenges to overcome compared to other fields of tissue 

engineering, cardiovascular tissue engineering has greater commercial advantages. This is because it provides 

both a life-saving and limb-saving treatment and targets a very large patient population. To provide a better 

clinical solution to match the efficacy of the native vessel continues to be the on-going quest for tissue 

engineers. 

 

2.4.2. Hepatic tissue engineering 

The liver is a highly metabolic organ with a complex array of vasculature, endothelial cells and parenchymal 

cells that performs variety of functions in the body such as removing toxins, providing metabolic activity such 

as glycogen storage, urea production and releasing of proteins, carbohydrates and metabolic wastes [143, 144]. 

The liver is primarily composed of parenchymal cells such as hepatocytes, hepatocyte progenitor cells, stellate 

cells, kuppfer cells, epithelial cells, biliary epithelial cells and fibroblasts and among them, the hepatocytes 

composing 60% of liver primarily exhibit the characteristic hepatic functions, mainly removing toxins and 

synthesizing proteins such as albumin, α-fetoprotein (AFP) and transferring [143].  

 

Although liver is the only organ in human body that has the ability to regenerate, conditions such as liver 

cancer, acute liver failure, and end-stage liver disease require liver transplantation as the only therapeutic 

option. While many patients’ lives are saved by orthotopic liver transplantation, due to severe donor liver 

shortage, high cost and complications after the surgery including lifelong immunosuppressive therapy have 

prompted the search for alternative treatment approaches [145-147].  As of 2006, 17,371 patients are on the 

waiting list for a liver transplant among 98,263 candidates awaiting a donor organ in the USA [4]. For 

metabolic liver diseases besides life threatening conditions as in many enzyme deficiencies, only the correction 

or replacement of a small sector of the complex liver function is required, where the transplantation of a 
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hepatocyte mass equivalent of 10 % of the patient’s liver would be sufficient to normalize the disease [146]. For 

this purpose, transplantation of isolated liver cells are desirable over whole organ transplantation.  

 

 

 

 

Figure 2.11- The hepatic microenvironment [148] 
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Hepatic tissue engineering is one of the alternative therapeutic solutions to repair endogenous hepatic function 

typically using an appropriate scaffold matrix to culture hepatic cells [157, 158, 161]. Similar hepatocyte culture 

technology is also used in the pharmaceutical industry such as to screen the effects of new drugs and toxins 

prior to in vivo animal and human studies [145, 149]. Hepatocytes are anchorage dependent cells and it has been 

reported that they tend to lose their liver-specific function without optimal ECM composition and cell-cell 

contacts [146]. So utilizing a scaffold structure to culture these cells has been the most common approach in 

hepatic tissue engineering [150]. Studies have reported using polymeric matrices as a carrier for cell culture and 

transplantation of hepatocytes with variety of approaches, such as releasing growth factors or co-transplantation 

of different cell types to improve differentiation of hepatocytes, or culturing in a flow bioreactor to increase 

function and survival of these cells [146, 150-152]. Hepatocytes are known to better maintain their 

differentiated functions in three dimensional multicellular aggregates or spheroids than in monolayer culture 

due to the extensive cell-cell contact promoting the formation of gap junctions, tight junctions, and bile 

canaliculi that are important for stabilizing the hepatocyte phenotype [144, 153, 154]. 

 

Various cell types including stem cells, hematopoietic cells, progenitor cells and hepatocytes have been 

extensively studies in tissue engineering studies depending on the particular phenotype of interest [155-157]. 

However, using hepatocytes in tissue engineering studies have shown limited in vivo success because mature 

hepatocytes tend to lose their differentiation and proliferation capabilities leading to losing their viability and 

functionality after implantation. This is because the environmental conditions such as exposure to plasma, 

oxygen tension and amino acid levels, fluid shear rate affect specific hepatocellular functions [147]. More 

recently, studies have explored the possibility of using bone marrow stem cells or hepatic progenitor cells found 

within liver as a therapeutic tool for liver regeneration and hepatic tissue engineering [153, 155, 158, 159]. 

Different types of hepatic progenitor cells have been identified during fetal liver development exhibiting typical 

features of hepatic stem cells with bipotential differentiation capacity towards liver or biliary cells [174-176].  
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One of the remaining challenges in engineering a complex vascular organ like liver is modulating mass 

transport of nutrients and waste or achieving angiogenesis. The liver is the only organ that receives both arterial 

and venous blood supply owing to high oxygen demands and hepatocytes are located less than 2 µm distance 

from the nearest blood vessel [145]. Therefore, in order to successfully achieve engineering a functional liver-

like tissue for in vivo implantation, in addition to modulating the diffusion capacity with the scaffold geometry 

and pore structure, innovative techniques to promote vascularization should be sought out to mimic rich 

capillary networks under dynamic culture conditions. A recent study has successfully demonstrated 

recellularizing a decellularized liver matrix, which retained the vascular structure to generate transplantable 

liver graft supporting hepatocyte survival and function with minimal ischemic damage [160].  

 

2.4.3. Mesothelial tissue engineering 

The mesothelium comprises a monolayer of epithelial-like cells resting on a thin basement membrane, lining the 

peritoneal, pleural and pericardial cavities with visceral and parietal surfaces covering the internal organs and 

body wall respectively [161-163]. The main function of a mesothelial layer is to provide a protective, non-

adhesive surface to reduce friction and facilitate organ movement against one another. This is because 

mesothelial cells secrete glycosaminoglycans (GAGs), in particular hyaluronan, proteoglycans and surfactant 

lubricants to provide a slipper non-adhesive surface. More recently, it has been shown that mesothelial cells also 

provide various physiological functions in addition, such as transport and movement of fluid and solute, antigen 

presentation, and production of ECM molecules, cytokines and growth factors which can regulate inflammatory 

responses and stimulate tissue repair [161, 163, 164].  

 

Morphologically, mesothelial cells are considered generally similar at different serosal sites and between 

mammalian species they exist as two forms, mostly squamous-like but also cuboidal. In their fully differentiated 

state, they form a monolayer of predominantly squamous-like cells approximately 25 µm in diameter with 

characteristic surface microvilli, although cuboidal mesothelial also exist [162]. Mesothelial cells display many 

epithelial characteristics including a polygonal cell shape, cytokeratin intermediate filaments, and the ability to 
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secrete a basement membrane but they also show features of mesenchymal cells such as the presence of 

vimentin, desimin and alpha smooth muscle actin upon stimulation [162].  

 

Full potential of mesothelial cells in tissue engineering have been realized in different applications including 

vascular and nerve grafts as well as improving neovascularization in the post-myocardial infarct scar [162, 165]. 

Particularly, most active studies have been in investigating the efficacy of using mesothelial cells as endothelial 

cell replacement for vascular luminal lining mainly derived from the omentum [183, 184]. Early attempts report 

contradicting results where Bull et al. [166] reported using Dacron arterial grafts seeded with autologous 

mesothelial cells to promote luminal cell cover, anti-thrombogenic activity and inhibit platelet aggregation, 

whereas Bearn et al. [167] using the same approach suggested that the mesothelial cell seeding did not have 

significant effect and the cells were not retained on the graft 24 hours later. There have been also reports using 

polytetrafluoroethylene (PTFE) grafts seeded with omental mesothelial cells showing poor patency and 

increased intimal hyperplasia [168, 169]. More recent work have reported using the peritoneal cavity to grow 

functional bioartificial vascular grafts but questions still remain such as how similar the mesothelial cell lining 

is to the true endothelial lining and whether mesothelial cells in the intimal layer can be subsequently replaced 

by local ingrowth of endothelial cells following transplantation [162]. In addition, there have been also studies 

using nerve replacements composed of artificial tubes seeded with mesothelial cells, reporting less 

inflammatory response with increased functional recovery [170]. It was suggested that the grafts incorporating 

mesothelial cells might have advantage since they can allow sliding of the repair site due to the secreting of 

surfactants. More recent study reported using collagen mesothelial tube which functioned better than a collagen 

only or a silicon only tube in achieving small-nerve regeneration, bridging the nerve defect relatively earlier 

providing a base for outgrowth of proximal axons and migration of Schwann cells into the distal nerves [171].  

 

For clinical applications, interests in mesothelial cell culture are more directed to preventing post-operative 

adhesions, which often cause bowel obstruction, abdominopelvic pain and infertility [172, 173]. As shown in 

Figure 2.12, injury or inflammation in the peritoneal cavity produces a fibrinous exudate making surfaces 



 51 

adhere to one another, which may be absorbed or may be invaded by fibroblasts to become a permanent fibrous 

adhesion [174]. Studies report that of patients having abdominal surgery, 93% will have adhesions requiring a 

second operation known as adhesiolysis to break the adhesion [175]. Therefore, a strong need for improving 

adhesion prevention strategies have been realized [175, 176]. 

 

 

 

 

 
 

 
 

Figure 2.12- A schematic of adhesion formation (left) and adhesion sites (right) [177] 
 

 

 

Among different therapeutic interventions, the most clinically successfully used form is solid barriers which are 

intended to prevent adhesion formation by creating a physical barrier between two tissues [175]. Commercial 

products include Surgicel® (oxidized regenerated cellulose), Interceed® (oxidized regenerated cellulose), 

Seprafilm® (hyaluronic acid and carboxymethylcellulose) and ePTFE (expanded polytetrafluoroethylene) to 

cover the traumatized surface as a barrier [176, 178, 179]. However, the biocompatibility, the efficacy of 

preventing adhesion and the impact on wound healing of these products are still controversial [175]. So 
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although some of these commercial products have shown to be moderately efficacious in preventing surgical 

adhesions, they still do not fully meet the active functions that mesothelial cells provide.  

Recent studies have reported different approaches of mesothelial transplantation for preventing peritoneal 

adhesions, such as using fibrin gel to culture mesothelial cells sheets for transplantation in a rat model, or 

creating bioactive barrier using nanofibrous poly(lactide-co-glycolide) impregnated with antibiotics [172, 180]. 

While many therapies for abdominal adhesions have been attempted, the need for a better and definitive therapy 

to reduce or prevent abdominal adhesions still remains. Successful combination of tissue engineering 

scaffolding technologies with mesothelial cells may be able serve as an alternative therapeutic with superior 

performance and functionality. 

 

2.5. FUTURE CHALLENGES 

As discussed in this Chapter, scaffolds in general should be biocompatible, possessing desirable surface, 

mechanical, chemical, and morphological properties with tailored bioresorption rate that mimic the native ECM. 

Tailoring all theses components in the scaffold design is a challenge in itself, but also optimizing the fabrication 

and processing to produce a clinical construct poses yet another challenge. Therefore, there still remain a 

number of hurdles in taking these tissue engineering scaffolds from the bench top to an actual patient for 

implantation in the clinic. In terms of general scaffold fabrication and processing, there is always a question of 

manufacturing feasibility and consistency, meeting both quality control and GMP requirements. Although one 

can design and fabricate the perfect prototype scaffold material with adequate chemical, biological and physical 

cues to be seeded with cells, if the producing steps are limited by time and reproducibility, it will not succeed at 

the clinical level. In addition, the cost and regulatory issues cannot be overlooked when it comes to assessing 

the commercial success of this technology. 

 

Also, the individual components of these challenges may be different depending on the specific target tissue 

application. For instance, in the area of vascular tissue engineering, achieving a construct with sufficient radial 

compliance, bursting strength and fatigue properties have proven to be challenging. In pancreatic or liver tissue 
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engineering, achieving sufficient cell numbers, cell densities and adequate tissue size for implantation will be 

one of the major goals. However, regardless of your specific target tissue or choice of fabrication, the issue of 

limitation of mass transfer leading to insufficient angiogenesis and vascularization still remains as the highest 

priority. The ability to successfully create a vascular analogue in vitro, and then to connect the tissue engineered 

construct to the host vasculature upon implantation so as to ensure viability and functionality of the tissue 

engineered organ, would indeed be a significant achievement.  
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CHAPTER 3  

Bioresorbable Elastomeric Tubular Tissue Engineering Scaffolds 

via Electrospinning 

3.1. INTRODUCTION 

One of the more severe forms of heart disease is associated with atherosclerosis. It affects more than 8 million 

Americans, leading to significant degenerative processes that causes narrowing (stenosis) of blockage 

(occlusion) of the arteries [2, 58]. Recent statistics show that peripheral arterial disease in the USA is increasing 

in both morbidity and mortality [129]. Surgical replacement of vessel segments or bypass surgery is the most 

common intervention for coronary and peripheral atherosclerotic disease with at least 550,000 bypass cases 

performed per year [5]. Synthetic vascular prostheses made of poly(ethylene terephthalate) (PET) or expanded 

polytetrafluoroethylene (ePTFE) has been effective for the treatment of  large diameter vessels. However, in 

spite of many years of research developing and evaluating a wider variety of biomaterials, clinical success for 

small caliber vessels measuring less than 6 mm in diameter has yet to be demonstrated due to clinical 

complications such as occlusion, thrombosis and intimal hyperplasia [2, 5, 58, 130, 181, 182]. 

 

Several attempts have been made to construct a blood vessel replacement with biological functionality. The use 

of protein coatings and the seeding of endothelial cells on the luminal surface have shown some promise in 

increasing biocompatibility, but permanent synthetic materials are unlikely to be fully accepted given their 

chronic inflammatory response and increased risk of infection. On the other hand, implantation of native vessels 
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is limited by the mismatch of dimensional and mechanical properties [58, 182]. Given the limitations of these 

current techniques, the desirability of a biocompatible engineered blood vessel is pushing research into the 

development of a tissue engineered small diameter blood vessel. 

 

For tissue engineering, the design of the scaffold plays a significant role since the matrix provides the cells with 

a tissue specific environment and architecture. In particular, designing a scaffold structure that enables cells to 

proliferate and grow into three dimensional tissue while allowing the necessary amount of oxygen and nutrient 

diffusion is important. The key factors in creating a three dimensional scaffold include tailoring the degradation 

rate to meet the requirements of new tissue growth, providing interconnected pores, generating high porosity so 

as to promote cell–cell and cell–matrix communication, and having sufficient mechanical stability [20, 22, 84, 

132, 183]. Developing scaffolds that can maintain their mechanical integrity while exposing cells to long-term 

cyclic mechanical strains is especially necessary in cardiovascular applications when engineering smooth 

muscle cellular constructs [68, 70, 71, 77]. To achieve this, scaffolds should be elastic enough to withstand 

cyclic mechanical strains without any significant permanent deformation or creep. So in the selection of a 

scaffold material for the fabrication of engineered tissues, a candidate polymer should possess appropriate 

mechanical properties with a low elastic modulus or high compliance, which are suitable for the target 

applications. In addition, its degradation products during implantation should be nontoxic. Over the past years, 

hydrolysable and biocompatible copolymers of ε-caprolactone and L-lactide have been of great interest for 

medical applications [70, 97]. Polylactide (PLA) is a crystallizable hard and brittle material, whereas poly(ε-

caprolactone) (PCL) is a semi crystalline material with rubbery properties. Copolymers of L-lactide and ε-

caprolactone (PLCL) exhibit a range of mechanical properties from rigid solids to elastomers, depending on 

their composition [93, 184]. There have been previous studies using PLCL copolymers to fabricate scaffolds by 

various methods, including extrusion, particulate leaching [70, 73] and electrospinning [49, 104, 203]. In 

particular, a 50:50 ratio of L-lactide and ε-caprolactone monomers has proven to have high elastomeric 

properties with breaking strains in excess of 100% [49, 70, 77, 202]. Compared to other bioresorbable polymers 
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such as polyglycolide (PGA) and PLA, this PLCL copolymer has a slow rate of degradation with in vivo studies 

reporting 81 % mass retained after 15 weeks of implantation [185].  

 

In this study, porous biodegradable tubular constructs mimicking the mechanical properties of a native vessel 

were produced from a highly elastomeric 50:50 poly(lactide-co-ε-caprolactone) (PLCL) copolymer via 

electrospinning. Recently, electrospun fibrous structures have gained considerable interest as tissue engineering 

scaffolds due to their high surface-to-volume ratios, interconnected pores and high total porosity, while giving 

versatile material selection, better control over pore size distribution, as well as consistent and flexible 

processing. Scaffolds were electrospun from two different solvents, acetone and 1,1,1,3,3,3-hexafluoro-2-

propanol (HFIP), and they were evaluated in terms of their mechanical performance, morphology, ease of 

processing, cytotoxicity and cell viability and hemostatic behavior against synthetic blood. Changes in 

mechanical properties after fatigue testing for the equivalent duration of 1 year implantation in the human body 

was also evaluated. The scaffolds were designed to have values for total porosity in excess of 75 %, an 

interconnected network of pores, and values for mechanical strength and elongation exceeding those of natural 

arteries. 

  

3.2. MATERIALS AND METHODS 

3.2.1. Materials 

Poly(lactide-co-ε-caprolactone) (PLCL) copolymer was received as a solid bulk polymer from the Biomaterials 

Research Center, Korea Institute of Science and Technology (KIST), Seoul, South Korea. The polymer had 

been synthesized following the procedure described previously [186]. Briefly, L-lactide (100 mmol) and ε-

caprolactone (100 mmol) and 1,6-hexanediol (0.5 mmol) using stannous octoate (1 mmol) as catalyst were 

polymerized at 150°C for 24h. After the reaction, the product was dissolved in chloroform and precipitated in 

methanol, filtered and dried under vacuum. The molar ratio of the two monomers (L-lactide and ε-caprolactone) 

in the PLCL copolymer was 50:50. The number and weight average molecular weights of the copolymer were 
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Mn = 240,000 and Mw = 350,000 respectively. The molecular weights were determined using a gel permeation 

chromatograph (Waters 410, Milford, MA) equipped with microstyragel columns calibrated with polystyrene 

standards. The copolymer was stored at room temperature under dry conditions in sealed plastic bags in a 

vacuum desiccator.  

 

3.2.2. Electrospinning 

The custom designed electrospinning apparatus consisted of a high-voltage power supply (Gamma High 

Voltage Research, Inc), an infusion pump (New Era Pump System, Inc), a plastic syringe, a stainless steel blunt-

ended needle (20 gauge) and a metal mandrel collector as described previously [24]. A mandrel diameter of 5 

mm was used to collect the electrospun tubes. To obtain flat samples for hemostatic testing, 25 mm diameter 

mandrel collector was used. The syringe was mounted horizontally on the infusion pump and the sample 

solution was fed at a constant rate through the syringe to the needle tip. The distance between the needle tip and 

the collector was maintained at 15 cm. The applied voltage to the needle tip was 10-14 kV and the flow rate of 

the solution was 0.5-1.0 ml/hr depending on the solvent system. The two solvents used for dissolving the 

polymer were acetone (Sigma-Aldrich, USA) and 1,1,1,3,3,3-hexafluoro-2-propanol (HFIP) (Sigma-Aldrich, 

USA). Based on preliminary trials [187], the optimal polymer concentration for electrospinning using acetone 

as the solvent was determined to be 15% (w/v) whereas using HFIP as the solvent, the optimal spinnable 

concentration was 9% (w/v).  

 

3.2.3. Scanning electron microscopy (SEM) 

In order to determine the morphology and diameter of the filaments, the scaffolds were viewed under a scanning 

electron microscope (SEM). Images were acquired from a JEOL JSM 5900-LV scanning electron microscope 

using an accelerating voltage of 15 kV. Specimens were mounted on aluminum stubs using conductive carbon 

tape. They were then coated with gold/palladium using a Hummer™ 6.2 Sputter Coating System (Anatech, CA, 

USA) to obtain a conductive coating about 100 Å thick. 
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3.2.4. Pore size and fiber diameter measurement  

The SEM images of melt spun filaments and electrospun webs were analyzed by measuring the fiber diameters 

and pore size distributions. The measurements were made using a java-based image processing program Image 

J (NIH). The filaments were analyzed manually, by measuring the diameters of  >100 randomly selected fibers. 

To measure the pore size distribution, >100 randomly selected areas between fibers were measured manually 

from the captured images. Before undertaking these measurements, the contrast and threshold of each image 

were optimized so as to ensure that the fibers in the top layers were clearly in focus. Filament diameter and pore 

size values are reported as means ± standard deviations. 

 

3.2.5. Total porosity 

Since the total porosity of the web could not be measured directly, it was calculated by an indirect approach 

using the density of the tubular scaffold and the density of the polymer. The total porosity was reported in 

percent as means ± standard deviation. 

Total Porosity (P) = [1- (ds / dp)] × 100 
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Where,  

ds = density of the scaffold (g/cm3) 

dp = density of the polymer (g/cm3) 

ms = mass of the scaffold (g)  

vs = volume of the scaffold (cm3) 

R = outer radius of the tubular scaffold (cm) 

r = inner radius of the tubular scaffold (cm) 

ℓ = length of the scaffold (cm) 
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The density of the polymer (dp) was reported as 1.21 g/cm3 for the 50:50 PLCL polymer [93]. The mass of the 

specimens was measured after they had been cut into 5 mm lengths. 

 

3.2.6. Mechanical testing 

Two different mechanical testers were used for evaluating the tubular constructs. To compare the mechanical 

properties of the samples spun from two different solvents, MTS ReNew Model 1122 system (Eden Prairie, 

MN, USA) was used with 10 N and 250 N load cells with a crosshead speed of 0.5 mm/sec. For testing the 

tensile properties of the tubes before and after fatigue, TestResourses tensile tester (TestResourses Inc, MN, 

USA) was used with a 25 lb load cell with the same crosshead speed. All specimens were tested to failure. A 

custom made mounting frame was designed and used to mount the tubular structures on the tensile tester 

(Figure 3.1).  

 

 

 

 

 

 

 

 

Figure 3.1- Custom-made clamping frame and a schematic of area calculation 
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The values for peak load (gf) at failure were converted into peak stress (MPa) using the following equation:  

Peak Stress (MPa) =Force / Area (N/mm2) = 
2 (mm)length  (mm) thickness

 (g) load  0.0098 
××

×

 

The porosity of the specimens was also considered in this calculation since the void areas of the pores are not 

load bearing.  

The values of peak elongation at failure (mm) were converted into peak strain (%) using the following equation: 

Strain (%) = Change in length (mm) × 100 / initial gauge length (mm)  

The initial transverse tensile modulus of each specimen was determined from the slope of the initial straight line 

portion of the stress/ strain curve:  

Initial modulus (MPa) = Stress (MPa) / Strain 

The average values for compliance of the tubes were theoretically estimated by the following equation: 

Compliance (ml/mmHg) = Δ V / Δ P = change in volume (ml) / change in pressure (mmHg) 

 

All the experimental mechanical measurements are reported as mean ± standard error values.  

 

3.2.7. Fatigue testing 

An accelerated EnduraTec fatigue tester (Bose Corp, MN, USA) was used to provide internal pulsatile pressure 

to tubular electrospun samples with two different thicknesses of 80 micron and 160 microns. The fatigue tester 

was operated at a frequency of 60 Hz applying a pulsatile sine wave of 180 mmHg/120mmHg. This pressure 

was chosen to represent extremely high diastolic and systolic pressures that can be experienced by hypertensive 

patients. Water was used as the fluid because it does not affect the surface properties of the prosthesis and 

because its relative density is close to that of blood (At 37 °C: ρ water=1.00 g/cm3; ρ blood=1.04 g/cm3) [8]. 

Three tubular samples per thickness condition were tested simultaneously. The tubular samples were mounted 

in a relaxed state in the fatigue tester with an oversized elastic latex tube inside to ensure that the pressure 

profile of the fluid was transferred to the samples (Figure 3.2). The tester was run for 31 million cycles 
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equivalent to 1 year run. Tensile properties, thickness, inner diameter and the weight of the tubes were 

measured before and after fatigue testing to observe any changes in the mechanical and physical properties.  

 

 

     

Figure 3.2- Fatigue testing set-up 

 

 

Three tubular samples per thickness condition were tested simultaneously. The tubular samples were mounted 

in a relaxed state in the fatigue tester with an oversized elastic latex tube inside to ensure that the pressure 

profile of the fluid was transferred to the samples as shown in Figure 3.2. The tester was run for 31 million 

cycles equivalent to 1 year run. Tensile properties, thickness, inner diameter and weight of the tubes were 

measured before and after the fatigue testing to observe any change in the mechanical and physical properties.  

 

3.2.8. Blood penetration testing 

To determine the blood penetration of the electrospun samples, samples having thickness of 80 to 100 µm were 

tested according to ASTM F1670-08 Standard test method for resistance of materials used in protective clothing 

to penetration by synthetic blood. In brief, a flat specimen was mounted in the penetration test cell supported by 

a clear glass frame substituting the coarse retaining screen (Figures 3.3 and 3.4). The standard synthetic blood 

solution was applied for 5 minutes at no pressure to one side only of the specimen. Then the pressure was 
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increased to 13.8 kPa (2 psig) for 1 minute, after which it was returned to zero pressure. Throughout this time, 

visual observations were made to determine if and when blood penetration occurred (Figure 3.3).  Any evidence 

of blood penetration was considered as a failure.  

 

 

    

Figure 3.3- Blood penetration testing set-up 

 

 

 

     

Figure 3.4- Penetration test cell and apparatus 
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3.2.9. Cytotoxicity and cell viability 

Electrospun samples for biological testing were first cleaned three times with deionized water followed by 

isopropanol rinsing and then stored under vacuum overnight. Samples were then sterilized by ethylene oxide. 

Specimens measuring 0.5 cm x 0.5 cm were placed into empty wells of a 96-well culture plate. NIH 3T3 

fibroblast cells (ATCC) were then seeded into the wells at a density of 10,000 cells per well. The plate was 

incubated at 37°C for up to 2 weeks. After 1, 3, 7, 14 days of incubation, the cytotoxicity and cell viability were 

determined using LDH and WST assays (Dojindo, Japan) respectively. The LDH cytotoxicity assay quantifies 

cytotoxicity based on the measurement of activity of lactate dehydrogenase (LDH) released from damaged 

cells. The water soluble tetrazolium salt (WST) cell proliferation assay is a colorimetric assay that is based on 

the cleavage of a tetrazolium salt by mitochondrial dehydrogenase to form formazan in viable cells [188].   

 

3.2.10. Statistical analysis 

All experiments were performed with sample size of at n = 3. Data is presented as average ± standard deviation. 

Statistical analysis was performed using statistical software JMP 7.0 (SAS, Cary, NC). For the student t-tests, p-

values less than 0.05 were considered statistically significant.  

 

3.3. RESULTS AND DISCUSSION 

3.3.1. Morphological properties 

Two types of tubular constructs with inner diameters of 5 mm were produced using two different solvent 

systems with the inner diameter of 5 mm. Due to the rapid evaporation of the acetone solvent during 

electrospinning, the polymer tended to clog the needle and form unstable multiple jets. This required manual 

unblocking leading to a low spinning efficiency. On the other hand, when HFIP was used as the solvent, fibers 

could be collected continuously without manual intervention. Hence, it was possible to improve the ease of 
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processing and spinning efficiency with a more stable jet (Figure 3.5). Representative SEM photomicrographs 

of tubular constructs spun from HFIP are presented in Figure 3.6. 

 

After the tubular scaffolds had been spun, they were removed from the mandrel and cut into small pieces for 

characterization. The appearance of the electrospun tubes was opaque, white and film-like. To assist with the 

removal process, the samples were immersed in a 1% aqueous Triton X detergent solution for one hour. On 

removal, the samples maintained both their tubular shape and mechanical integrity. Representative SEM 

photomicrographs at X 5000 magnification comparing the morphology of the electrospun scaffolds with two 

different solvents are shown in Figure 3.7. The fibers were interconnected with various sizes and shapes of 

pores. The acetone spun scaffolds consisted of fibers with diameters ranging from 200 nm to 800 nm with a 

normal unimodal distribution and average diameter was 540 ± 160 nm. However, when HFIP was used as the 

solvent, the average diameter was larger at 840 ± 210 nm and the diameters ranged from 400 nm to 1200 nm in 

a skewed distribution (Figure 3.8).  

 

 

           

Figure 3.5- Jet stability during electrospinning using different solvents  
(Top: acetone, bottom: HFIP) 
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Figure 3.6- Electrospun tubes from PLCL copolymer (Solvent: HFIP) 

 

 

 

       

Figure 3.7-SEM photomicrographs (x 5000) showing the morphology of PLCL sub-micron fibers  
(A. Solvent: acetone, B. Solvent: HFIP 

150X 

2500X 500X 

B A 
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Figure 3.8- Fiber diameter and pore size distribution of PLCL fibers electrospun from acetone and HFIP solvent 
systems 

 

 

 

Generally, the pores in both types of constructs were roughly triangular or oval in shape forming interconnected 

networks. The pore size distribution for the acetone spun scaffolds showed that most of the pores were in the 

range of below 1 to 10 µm2, and the mean pore area was 2.79 ± 2.20 µm2 whereas the HFIP spun scaffolds 

showed larger range of pores in the range of 1 to 16 µm2 with mean pore area of 5.31 ± 4.50 µm2. The large 

values for the standard deviation not only indicate a wide range of pore sizes, but also remind us of the 

limitation associated with measuring only a two dimensional pore size by image analysis since the actual 

resolution is limited to the surface images provided by SEM. Previously reported pore size dimensions for 

electrospun PLCL webs are in a similar range, namely from 0.2 to 30 µm [93]. 

 

The results for the total porosity of the electrospun tubes are reported in Table 3.1. The overall porosities for 

tubes spun from both solvents are similar at approximately 80 %. These results exceed the previously reported 

values for electrospun PLCL webs, which were in the range from 56-63 % [93]. 
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Table 3.1- Porosity of electrospun PLCL tubes 

Electrospun tubes 
(5 mm) 

Mass 
(g) 

Thickness 
(mm) 

Volume 
(mm3) 

Density 
(g/cm3) 

Calculated  
Porositya (%) 

Acetone 0.00112 0.033 5.94 0.188 84.46 

HFIP 0.00442 0.118 23.31 0.189 84.38 
aCalculated porosity assuming density of PLCL =1.21g/cm3 [93] 

 

 

Electrospinning has recently received much attention in healthcare applications especially in biomedical and 

tissue engineering end-uses [49, 50, 104, 130-136], providing an alternative approach for the fabrication of 

unique matrices and scaffolds. The nano scale diameter of the fibers and the structure of the nonwoven web 

resemble certain supramolecular features of extracellular matrix (ECM) [122]. Since the fibers, pores, ridges, 

and grooves in the basement membrane of ECM all have dimensions on the nano scale, this characteristic is 

especially important for the design of tissue engineering blood vessel scaffolds because the monolayer of 

endothelial cells in native blood vessels grows directly on the basement membrane [189]. The small fiber 

diameter provides a high surface area to volume ratio, which together with a high length to diameter ratio, 

provides favorable parameters for cell attachment, growth and proliferation. It is hypothesized that the large 

surface area of nanofibers with specific surface chemistries facilitates the attachment of cells and controls their 

cellular functions [123].  

 

3.3.2. Mechanical properties 

The peak stress and strain values for the two types of electrospun tubes exceeded that of natural arteries. As 

shown in Table 3.2 and Figure 3.9, the transverse breaking stress for the electrospun tubes using acetone was 

17.8 ± 2.0 MPa and using HFIP as the solvent was 44.8 ± 3.5 MPa. This maximum stress value of over 40 MPa 

from the HFIP electrospun tube is impressive compared to the values that have been reported for PLCL 

scaffolds made by particulate extrusion are only 0.80 MPa [70]. Peak transverse tensile strains for both 

electrospun tubes exceeded 140 %, thus confirming that they have similar compliance to that of natural vessels 
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[190]. The stress and strain values were different for electrospun tubes using different solvent systems 

confirming that not only the morphology, but also the mechanical properties are dependent on the choice of 

solvent and electrospinning conditions. In contrast, the estimated compliance values were similar for both 

solvent systems as shown in Table 3.2.  

 

 

Table 3.2- Transverse tensile breaking properties* 

Transverse Tensile Breaking Properties 
 Stress  

(MPa) 
Strain  

(%) 
Initial Modulus  

(MPa) 
Estimated Compliance  

(ml/mmHg) 
Natural arteries    0.78 – 1.37 [60]   65 – 83 [60] -    0.0080 [208] 

Electrospun using acetone 17.8 ± 2.0 142.3 ± 11.7 24.6 ± 1.9 0.052 

Electrospun using HFIP 44.8 ± 3.5 362.2 ± 9.7 9.34 ± 0.59 0.053 

* Values are presented as mean ± standard error 

 

 

The tubular constructs electrospun from acetone had an initial modulus of 24.6 ± 1.9 MPa which was similar to 

the melt spun tube of 23.5 ± 0.9 MPa, suggesting that the initial deformation is caused by an inherent material 

property of the polymer regardless of fiber diameter. However, the initial modulus of the electrospun tube using 

HFIP as the solvent was relatively low at 9.34 ± 0.59 MPa, indicating that this tube was not as stiff as the other 

two. Clearly the drawing or attenuation of the fibers in these three types of spun tubes were different, which is 

reflected in a difference of microstructure and polymer orientation, even though the starting 50:50 PLCL 

copolymer was the same raw material. The initial tensile modulus of compression molded 50:50 PLCL 

copolymer film reported in the literature is only 0.6 MPa, which is substantially lower than the values obtained 

in this study [191]. In addition, Kwon et al. [93] has reported the Young’s modulus of electrospun PLCL 

scaffolds with a thickness of approximately 140 µm to be in the range of 0.8 MPa to 2.2 MPa, which is also 

significantly lower than the experimental results reported here.  
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Figure 3.9- Mechanical properties of electrospun PLCL tubes (Error bars: ± standard error) 
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3.3.3. Fatigue properties 

The electrospun tubular samples were fatigued for 31 million cycles, which is equivalent to one year 

implantation time in humans assuming a normal heartbeat of 60 pulses per minute. Two different thicknesses of 

80 µm and 160 µm tubes were produced for testing. It should be noted that due to using a different batch of 

PLCL copolymer for this set of experiments, the electrospun samples had slightly different appearance and 

mechanical properties. To observe any change in the tensile properties of the tubes, samples were taken to 

failure by the same method as described in Section 3.3.2. First comparing the initial tensile properties before 

fatigue exposure, the thinner tubes exhibited higher peak stress, lower peak strain and higher initial modulus 

compared to the thicker tubes (Figure 3.10). Neither the thinner (80 µm) or thicker (160 µm) tubular constructs 

showed any significant change in mechanical performance, whether it was peak stress, peak strain, or initial 

modulus, following exposure to 31 million accelerated fatigue cycles. There appeared to be a trend that might 

suggest that the thicker tubes were more resistant to fatigue. However, none of these changes were found to be 

significant (p > 0.05). There were also no significant changes in thickness or weight when the samples prior to 

and after exposure to accelerated fatigue testing were compared. However, there was a slight decrease (8.1 %) 

in the inner diameter of the tubes of the thinner tubes (80 µm wall thickness) and similarly a decrease of 2.4 % 

for the thicker tubes with 160 µm wall thickness.  

 

Arterial tissues are continuously exposed to dynamic mechanical forces such as fluid shear stress, 

circumferential stress, longitudinal stress, and torsion, which are repeatedly driven by the pulsatile cardiac 

output [132]. So the scaffolds must be elastic and capable of withstanding cyclic mechanical strain without 

cracking or significant permanent deformation for extended periods of time. Overall, our electrospun tubes were 

found to be mechanically stable when exposed to accelerated pulsatile fatigue equivalent to one year in vivo. 

This information is relevant to support not only direct implantation of the tubular scaffolds in the body, but also 

that these scaffold can be used for in vitro cell culture studies with dynamic seeding or culture conditions in a 

bioreactor without disintegration or changes in mechanical properties due to pulsatile stresses. 
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Figure 3.10- Mechanical properties of electrospun PLCL membranes before and after fatigue testing 
(Error bars: ± standard deviation) 
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3.3.4. Blood penetration 

In order to determine whether the electrospun tubular constructs can serve as a hemostatic or blood tight 

conduit, blood penetration testing was undertaken. It was expected that the electrospun membranes would 

withstand an initial pressure of at least 100 mmHg, because the samples had previously shown a bursting 

strength equivalent to about 260 mmHg of pressure. However, when the synthetic blood was inserted into the 

chamber as shown in Figure 3.11, the blood started to leak though the membrane immediately, even at zero 

pressure. This indicated that although the membranes appeared to the naked eye in transmitted light to be 

continuous and film-like, they still possessed random open micropores that allowed liquids to penetrate through 

the microstructure. The specimens that were tested had the thickness of 80 to 100 µm suggesting that they may 

have been be too thin to achieve blood tight properties. In addition, the samples may not have been completely 

homogenous causing the applied liquid blood to penetrate the largest open pores and weakest points in the 

structure, which led to immediate specimen failure. 

 

 

 

 

 

Figure 3.11- Failure of blood penetration testing 
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3.3.5. Cytotoxicity and cell viability 

To investigate the possible presence of any residual solvent and its effect to cell behavior on the electrospun 

tubular constructs, cytotoxicity and cell proliferation studies were performed using WST and LDH assays 

respectively followed by SEM observation (Figures 3.12 and 3.13). As reported in Figure 3.13, both solvent 

systems resulted in initial cell death (determined by LDH assay) and low cell viability (determined by WST 

assay), which may be an effect of residual solvent remaining. However, cell death decreased after 3 days of 

culture and cell viability increased after 7 days, suggesting that regardless of the type of solvent used during 

electrospinning, initial cell proliferation is slow, but it increases with time. These results indicate that 

electrospun structures can promote cell proliferation and that the effect of any residual solvent on cell behavior 

is not significantly detrimental over time. 

 

 

Figure 3.12- SEM photomicrographs of fibroblast cell attachment after 7 days of culture (x 1000) 

HFIP HFIP   

AcetoneAcetone   

Control 7 day culture 
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Figure 3.13- WST and LDH assays of electrospun PLCL tubes at Days 1, 3, 7 and 14 
(Error bars: ± standard deviation) 
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3.4. CONCLUSIONS 

A 50:50 PLCL copolymer was successfully electrospun to form porous 5 mm diameter tubular scaffolds. The 

two solvent systems of acetone and HFIP for electrospinning provided different results in terms of fiber 

dimensions and mechanical properties, but the HFIP solvent was preferred as it gave a more stable threadline 

and superior mechanical properties. The mechanical properties of both types of tubes demonstrated greater 

strength and compliance to that of natural arteries of equivalent caliber. They also supported the growth of 

fibroblasts for up to 14 days of culture. HFIP spun tubes were found to be mechanically stable without any 

significant change in their properties after being exposed to accelerated pulsatile fatigue forces equivalent to 

one year in the human body. Unfortunately, the tubular constructs with wall thickness of 100 µm did not pass 

the blood penetration test requirement indicating that the tubes should be thicker in order to serve as a blood 

tight hemostatic conduit. Combining the electrospun layer with a second different textile structure is an on-

going focus in our group to mimic the hierarchical structure of a multi-layered tubular organ such as blood 

vessel, esophagus and urological tissue.  
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CHAPTER 4  

In Vitro Resorption Behavior of Electrospun PLCL Scaffolds 

under Hydrolytic, Enzymatic and Cell Culture Media Treatment 

4.1. INTRODUCTION 

Electrospun nanofibrous structures have emerged to serve as an attractive scaffold material due to their unique 

features including high surface area to volume ratio, small fiber diameter and high total porosity, which mimic 

the native extracellular matrix membrane [121, 187, 192, 193]. There are various types of polymers that have 

been successfully electrospun into nanofibers, such as polylactide (PLA), polyglycolide (PGA), 

polycaprolactone (PCL), and their copolymers to name a few, which are all expected to resorb after a certain 

period of time [125, 187, 194]. Since each polymer has different properties such as crystallinity and 

hydrophobicity, depending on the polymer selection, the changes upon resorption will be different. The 

degradation kinetics of these resorbable structures have significant influence on the performance as a tissue 

engineered construct since it may affect various factors such as interaction with cells and proteins, host repose 

and tissue regeneration [195]. However, although resorption behavior of these aliphatic polyesters at the macro 

level has been extensively reported, degradation studies of electrospun nanofibers are limited [196-198]. Since 

the surface to volume ratio of nanofibrous structures is much higher than normal micro- or macro scale 

structures, it is expected that the factors affecting degradation kinetics such as crystallinity, polymer chain 

configuration and orientation would be different [199, 200]. Also since the fibers undergo high attenuation 

during the electrospinning process, the orientation of the crystallites will be different compared to traditionally 

melt spun microfibers.  
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The resorption of aliphatic polyesters generally involves random hydrolysis of their ester bonds where the PGA 

degrades the fastest, PLA slower and PCL even slower, taking more than 36 months to resorb [86]. However, 

when these monomers are copolymerized, the rate of resorption will be faster then for the 100% homopolymers 

due to a decrease in crystallinity and an increase in the rate of water absorption depending on the hydrophilicity 

of the monomeric units. For the purpose of developing biodegradable polymers, Feng et al. [89] synthesized the 

block copolymers of caprolactone and lactide P(LA-co-CL) for the first time in 1983. These block copolymers 

have the advantage over random copolymers that both the permeation rate of steroids and the degradation rate 

are in between that of their homopolymers, and can be controlled by adjusting the relative composition of the 

two comonomers. In recent years, copolymers of PLA and PCL have been extensively explored as tissue 

engineering scaffold material via different fabrication methods [70, 104, 107]. Depending on their monomer 

molar ratio, poly(L-lactide-co-ε-caprolactone (PLCL) copolymers have shown to exhibit a range of different 

mechanical, physical and thermal characteristics [93, 184]. It has been reported that porous 50:50 PLCL 

scaffolds degrade slowly, with the molecular weight decreasing gradually to 36 % after 15 weeks in PBS buffer 

in vitro and the initial weight falling to only 6 % over the same period [185]. Another study using 70:30 PLCL 

electrospun scaffolds reported that after 100 days of “resorption”, only the structural integrity of the scaffolds 

was compromised, and no obvious changes in morphology were observed [199]. It is evident that depending on 

the physical and morphological properties of the scaffold structure, the stability and their resorption behavior 

may differ.  

 

We have previously reported the potential use of elastomeric 50:50 PLCL for vascular tissue engineering 

applications [201]. Therefore in this study, electrospun 50:50 PLCL fibrous membranes consisting of sub-

micron size fibers with over 75 % total porosity were investigated for their resorption behavior under three 

different in vitro conditions. First, to simulate accelerated enzymatic environment, papain enzyme was used. It 

has been reported that the resorption rate in vivo is faster than that in vitro, which may be due to active enzyme 

species present in the body, which are responsible for enzyme, catalyzed hydrolysis [185]. Second, to simulate 



 78 

the environment that tissue engineering scaffolds experience during in vitro cell culture, DMEM cell culture 

media in the presence of calf serum was selected. And finally, to simulate a hydrolytic environment at 

controlled pH 7.4, phosphate buffered saline (PBS) solution was used. The samples were subjected to all three 

conditions at 37 °C for up to 21 days. Since most in vitro cell culture studies do not go beyond a 14 to 21 day 

period, this time point was chosen to monitor the initial resorption behavior and stability of these scaffolds. In 

order to monitor the chemical and physical changes of the structures, the initial mass (weight), molecular 

weight, and mechanical properties were measured together with morphological observations by SEM. Also, to 

evaluate any changes in the microstructure, spectroscopic analysis using FTIR was carried out. The results from 

this study could be beneficial for predicting the behavior of electrospun 50:50 PLCL scaffolds under different 

degradation conditions.   

 

4.2. MATERIALS AND METHODS 

4.2.1. Electrospun PLCL 

PLCL fibrous webs were electrospun from a custom-designed electrospinning apparatus consisting of a high-

voltage power supply (Gamma High Voltage Research, Inc.), an infusion pump (New Era Pump System, Inc.), a 

plastic syringe, a stainless steel blunt needle (20 gauge) and a rotating metal mandrel collector, as described 

previously [201]. The syringe was mounted horizontally on the infusion pump and the sample solution was fed 

at a constant rate through the syringe to the needle tip. The distance between the needle tip and the collector was 

maintained at 15 cm. The applied voltage to the needle tip was 9 kV and the flow rate of the solution was 1.0 

ml/h. The polymer solution of 9 % (weight/vol) was prepared using 1,1,1,3,3,3-hexafluoroisopropanol (HFIP) 

(Sigma–Aldrich, USA) as a solvent. To obtain 80-100 µm thickness membranes, PLCL was electrospun for 3 

hours onto a 25 mm diameter rotating mandrel. The electrospinning set-up is shown in Figure 4.1. Samples 

were immersed in deionized water for 30 minutes in order to facilitate removal from the mandrel and then they 

were subsequently dried and stored under vacuum in a desiccator. The specifications of the electrospun PLCL 

membranes are shown in Table 4.1. 
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Figure 4.1- A schematic diagram of electrospinning set-up 
 

 

 

Table 4.1- Basic properties of PLCL electrospun membranes* 

Fiber diameter 
(µm) 

Thickness  
(µm) 

Average  
pore size  

(µm) 

Total porosity  
(%) PLCL electrospun 

membrane 0.99 ± 0.21 95.01 ± 17.72 2.29 ± 0.89 76.14 ± 1.83 

*(Results presented as mean ± standard deviation) 

 

 

4.2.2. Degradation conditions with hydrolytic, enzymatic, and cell culture media  

Electrospun PLCL scaffolds were subjected to the following degradation conditions for various time periods of 

up to 3 weeks at 37°C. The electrospun samples, which were not degraded and served as the negative controls, 

were stored at room temperature under vacuum. For all three degradation conditions, samples were exposed to 

30 ml of solution, and as specified in ISO 15814, the ratio of the solution in millimeters to the polymer’s mass 

in grams was at least 30:1. Three replicates of 10 mm × 40 mm strip specimens were prepared for each 
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conditions and the solutions were changed every week with the exception of the enzymatic solution, which was 

replenished every 72 hrs in order to maintain the enzyme activity. For all three environments the solutions were 

maintained at 130 shakes/min using an orbital shaker water bath (BOEKAL Scientific, PA, USA). After specific 

time points (1, 2 and 3 weeks), samples were retrieved from the solution, rinsed three times with deionized 

water and were dried overnight for post-evaluation. To monitor the change of acidity of the solution, pH was 

measured every 72 hours. 

 

4.2.2.1. Hydrolytic environment 

Test specimens were continuously immersed in 30 ml of 0.01M phosphate buffered saline (PBS) solution 

(Sigma Aldrich, USA) at pH 7.4. 

 

4.2.2.2. Enzymatic environment 

To create the enzymatic environment, fabric specimens were treated with 30 ml of phosphate buffered papain 

enzyme solution and the material to enzyme ratio of 1:1 was maintained at all times. In this study the papain 

enzyme was chosen due to its stability over a wide range of temperatures and pH, and for its wide specificity. 

Papain is one of the sulfhydryl proteases among chymopapain and lysozyme isolated from the green fruit of 

Carica papaya. It consists of a single folded peptide chain of 212 amino acid residues containing three 

disulphide bonds and one free functional –SH group at the active site. Papain exhibits both proteolytic and 

esterase activity and it preferentially cleaves peptide bonds involving basic amino acids and hydrolyses 

carboxylic esters [202]. The enzyme solution was preactivated prior to the start of the degradation study by 

adding 0.01M EDTA solution with 0.05M of cysteine, papain from papaya latex (Sigma Aldrich, USA), 0.01M 

ethylenediaminetetraacetic acid (EDTA) (Sigma Aldrich, USA), 0.05M L-cysteine hydrochloride monohydrate 

(Sigma Aldrich, USA). The activated solutions were prepared based on the mole ratio of 1: 2.5: 12.5 between 

enzyme, EDTA, and cysteine respectively. In order to maintain the activity of the enzyme during the entire 

degradation period, the enzyme solutions were replenished with activated enzymes after every 72 hours.  
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4.2.2.3. Cell culture media (DMEM) environment 

To mimic the conditions during cell culture, specimens were treated with 30 ml of cell culture media (1X 

Dulbecco’s Modification of Eagle’s Medium-DMEM) (Mediatech Inc, VA, USA) with calf serum (HyClone, 

New Zealand). After the initial period of study, the media was changed every 72 hours due to a change in pH as 

indicated by the media color turning yellow.  

 

4.2.3. Post degradation evaluation 

4.2.3.1. Gel permeation chromatography (GPC) analysis 

Waters Alliance 2695 HPLC (MA, USA) with auto sampler and RI 2414 detector was used for measuring the 

molecular weight of the PLCL electrospun membranes. Samples from each condition were dissolved in 

tetrahydrofuran (THF) (Acros Organics, USA) at a ratio of 2 mg/ml. The flow rate was 1 ml/min with THF. 

Three Waters Styragel HR1 THF columns were used each measuring 7.8 x 300 mm in length.  The analysis 

time was 35 minutes per specimen and polystyrene molecular weight standards were used for calibration.  As a 

result of the GPC analysis, weight average molecular weight (Mw), number average molecular weight (Mn) and 

polydispersity index (PDI) was obtained. (Ni is the number of polymer chains with molecular weight Mi) 

 

Mw =
Mi

2Ni∑
MiNi∑ ,  Mn =

MiNi∑
Ni∑  

PDI =
Mw
Mn  

 

4.2.3.2. Fourier transform infrared spectroscopy (FTIR) analysis 

In order identify the infrared absorption spectrum and detect any changes in the microstructure of the PLCL 

scaffolds during resorption, the control and resorbed PLCL electrospun membranes were scanned using a 

Nicolet Nexus 470 Spectrophotometer with AVATAR Omni Sampler for Attenuated Total Reflectance (ATR) 
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mode. A small specimen was mounted onto the surface of the Germanium (Ge) crystal in the ATR assembly. A 

total of 64 scans were aggregated between 600 and 3000 cm-1 with each spectrum having a 4 cm-1 resolution. 

The aggregated scans showing the absorbance across the infrared spectrum was acquired using OMNIC™ 

software.  

 

4.2.3.3. Mechanical testing 

To determine the changes in the mechanical properties during the resorption period, peak tensile strength and 

peak elongation were measured using a tensile tester (TestResourses Inc, MN, USA).  A 25 lb load cell was 

used and the gauge length was fixed to 20 mm with a crosshead speed of 30 mm/min. The specimens were cut 

into 4 mm by 30 mm strips. The peak forces measured from three replicates were averaged and divided by the 

cross-sectional area to give the mean peak tensile stress (MPa). Since the scaffolds were not a solid membrane, 

total porosity (or void fraction) was taken into account when calculating the cross-sectional area. The initial 

tensile (Young’s) modulus was determined as the slope of the initial steepest portion of the stress/strain curve 

for each specimen. The results are reported as peak stress (MPa), initial tensile modulus (MPa) and the peak 

elongation (%) as a function of resorption time.   

 

4.2.3.4. Scanning electron microscopy (SEM) analysis 

To investigate the extent of resorption, the surfaces of the scaffolds were viewed using a scanning electron 

microscope (SEM). Specimens were mounted on aluminum stubs using conductive carbon tape and were then 

coated for 45 seconds with gold/palladium using an Emitech Sputter Coater System (Quorum Technologies, 

UK) to obtain a conductive coating about 10 nm thick for 45 seconds. Images were acquired from a Phenom™ 

desktop scanning electron microscope (Phenom-World, OR, USA). 
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4.2.4. Statistical analysis 

All experiments were performed with sample size of n = 3. All data is presented as average ± standard 

deviation. Statistical analysis was performed using statistical software JMP 7.0 (SAS, Cary, NC). For the 

student t-tests, p-values less than 0.05 were considered statistically significant.  

 

4.3. RESULTS AND DISCUSSION 

4.3.1. Effect of resorption on mass (weight)  

Any changes in mass (weight) of the PLCL scaffolds upon resorption were monitored at each time point. As 

shown in Figure 4.2, the PBS and cell culture media treatments did not significantly change the initial weight of 

the scaffolds. By comparing the weight of the control and the resorbed specimen at each time point till Day 21, 

there was no significant difference (p > 0.05).  

   

 

 

Figure 4.2- Change in mass of electrospun PLCL scaffolds during resorption (Error bars: ± standard deviation) 
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Slight increases in mass for the cell culture media treated specimens may have been due to protein adsorption 

on the surface, but these changes were not significant. However, the specimens under enzymatic treatment 

underwent rapid resorption, and by Day 14, the samples had mostly disintegrated with only 10 % of the initial 

weight remaining in small fragments. Significant decreases in weight were observed between time points from 

Day 0 to 7 and Day 7 to 14 (p < 0.01). Rapid degradation of PCL and PLA nanofibers under enzymatic 

environments have previously been reported in the literature with weight losses over a period of just 9 hours in 

the presence of lipase and proteinase K of 47 % and 80 % respectively [203].  

 

4.3.2. Effect of resorption on molecular weight 

Figure 4.3 reports the experimental changes in molecular weight (%) as determined by GPC measurements. By 

Day 21, the number average molecular weight (Mn) also showed a gradual decrease of 30 % under PBS 

treatment and 37% under cell culture media conditions. Over the same period, the weight average molecular 

weight (Mw) showed even greater losses for both PBS and cell culture media conditions of 44 % and 53 % 

respectively. Samples treated with enzymatic conditions showed the sharpest decline during the first week of 28 

% for Mn and 39 % for Mw, but then plateaued during the second week, indicating that the enzymatic 

degradation is more of a surface erosion process. It appeared that in this study, the weight average molecular 

weights of the PLCL membrane fell in a linear profile during resorption for all three treatments.  

 

It has been reported that although PCL is relatively stable against in vitro hydrolysis, microorganism including 

fungi, enzymes and soil, tend to have a bigger effect that leads to surface erosion [204]. This might explain the 

difference in the results observed here for the enzyme treated samples with those from the PBS and cell culture 

media treated samples. While the enzymatic treated samples underwent surface erosion and showed sharp falls 

in mass (weight) and molecular weights for the PBS and cell culture media conditions, there were only minor 

losses in weight (mass) and decreases in molecular weight, which is more a common trend for the bulk 

degradation and hydrolysis pattern of polyester fibers [200, 205]. This is in agreement with the results from 



 85 

other resorption studies using a PLCL copolymer, which have shown a 60 % decrease in molecular weight in 

vitro versus only 20 % weight loss in a 15 week in vivo study [69].  

 

 

 
Figure 4.3- Change in molecular weights of electrospun PLCL scaffolds during resorption  

(Left: weight average molecular weight (Mw) and right: number average molecular weight (Mn))  
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Another common observation during this study was that the degree of polydispersity index gradually decreased 

with resorption time regardless of the resorption conditions (Table 4.2). This trend contradicts other studies 

[204, 206], which have reported initial increases in polydispersity during degradation as an indication of 

random chain scission and the formation of small crystals. This is commonly observed in semi-crystalline 

polymers following a “cleavage-induced crystallization” hydrolysis process [200, 207]. Other studies using a 

PLCL copolymer have also reported increases in polydispersity suggesting that the results will depend on the 

type of amorphous copolymer as well as the nature of the degradation mechanism [69, 185]. However, when the 

more hydrolytically susceptible amorphous regions are degraded, both in vitro hydrolytic studies and retrieved 

clinical implant studies have demonstrated that the mobility of polymer chains increases, reducing the 

polydispersity index [208]. Our results indicate that the degradation process and hydrolysis are already starting 

rapidly, so that the remaining monomer and oligomer units are more mobile. This tends to decrease 

polydispersity, particularly when CL moieties degrade faster than the LA units due to the fact that water can 

penetrate more easily into the amorphous regions [185].  

 

 

Table 4.2- GPC results for electrospun PLCL membranes during resorption 

Treatment  
conditions 

Period of 
resorption 

(Days) 
Mn Mw Polydispersity index  

(PDI) 

CONTROL 0 113893 277125 2.43 

7  96645 218610 2.26 

14 87596 182174 2.08 PBS 

21 78792 152757 1.94 

7 81827 168145 2.05 

14 85004 166710 1.96 Enzyme 

21 N/A N/A N/A 

7 103895 235211 2.26 

14 82686 161386 1.95 
Cell culture 

media 
21 70899 130041 1.83 
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4.3.3. Effect of resorption on microstructures  

To follow the changes in microstructures FTIR analysis was conducted to observe changes in chemical bonds 

and the formation of new bands. The PLCL absorbance infrared spectrum consisted of an aliphatic C-H 

stretching region between 3000 and 2850 cm-1, the second and third regions including a sharp C=O stretching 

band at 1754 cm-1 and asymmetric stretching vibrations of C-O and C-O-C between 1300 cm-1 and 1000 cm-1 

which are expected from an aliphatic polyester [209, 210]. Figure 4.4 shows the FTIR plots (800 to 3500 cm-1) 

for the control sample and the Day 21 samples (Day 14 for the enzymatic condition) so as to identify any 

changes in the spectra.  

 

For the samples treated with PBS solution, there was no change in absorbance indicating that there was no chain 

scission activity. A similar trend was observed with the cell culture media treated samples, showing no change 

in intensity of the characteristic peaks at all three regions. For the enzyme treated samples, increase in 

absorbance was observed between 1200 cm-1 and 1050 cm-1. Note that by Day 21, the enzyme treated samples 

were all disintegrated into fragments. It is evident that the shape and intensity of these bands are particularly 

sensitive to environmental changes [211]. Another noticeable change in peaks was that for scaffolds with 

enzyme and cell culture media treatment conditions, new peaks were identified around 1650 cm-1, 1540 cm-1 

and 3280 cm-1. There were no peaks at these wave numbers detected for the PBS treatments. It has been 

reported that an amide I band for proteins (C=O stretching vibration of peptide groups) absorbs between 1620 

and 1680 cm-1. Additionally, there is a 1550 cm-1 band for the amide II group (N-H bending with contribution 

from C-N stretching vibrations) [212, 213]. This evidence suggests that these new bands reflect the presence of 

proteins adsorbed on the surface of the electrospun membranes during enzymatic and cell culture media 

treatments. Broad bands in the 3000 to 3500 cm-1 range are due to stretching vibrations of O-H groups [210]. 
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Figure 4.4- FTIR spectra of electrospun PLCL scaffolds before and after resorption. 
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4.3.4. Effect of resorption on mechanical properties 

To determine any changes in mechanical properties as a result of resorption, peak tensile strength and peak 

elongation were measured on the control and resorbed samples at each time point. As shown in Figure 4.5, peak 

tensile stress appeared to decrease for all three treatments. The control PLCL electrospun membrane exhibited 

tensile stress of 8.81 ± 3.75 MPa and by the end of 3 week study, the scaffold strength was reduced to 7.65 ± 

4.27 MPa for the PBS treatments, and 7.01 ± 0.45 MPa for the cell culture media condition. It is important to 

note that statistical analysis demonstrated that these mean strength values were not significantly different.  The 

rapid resorption under enzymatic condition was confirmed with the drastic decrease in tensile stress of 57 % 

during the first week. Since the membrane disintegrated into fragments and thin pieces of films after 14 days, 

further mechanical testing of the sample was not possible. For peak elongation, there was no trend among the 

treatments. For the samples exposed to enzymatic and cell culture media conditions, samples appeared to be less 

elastic after the first week. However, for the samples exposed to PBS showed an increase in peak elongation 

during the initial period of resorption. Neglecting the intermediate values after the first and second weeks, by 

the end of study period at Day 21, it appeared that the elongation values had decreased to around 80 % for both 

conditions compared to the original control value of 97.52 ± 23.01 %. However, following statistical analysis, 

the changes were shown not to be significantly different for all conditions and time points (p > 0.05). This 

general trend agrees with other studies reporting reduction of ultimate strength and failure strain of nanofiber 

scaffolds during resorption [199]. 
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Figure 4.5- Change in mechanical properties of electrospun PLCL scaffolds during resorption 

(Error bars: ± standard deviation) 



 91 

4.3.5. Effect of resorption on surface morphology 

To monitor the changes in the surface morphology of PLCL scaffolds during resorption, SEM 

photomicrographs were taken at each time point for each treatment condition. As shown in Figure 4.6, there was 

no apparent change in fiber morphology following the PBS treatment. However, samples exposed to the 

enzymatic condition did show evidence of breakage after the first week, and they were disintegrating and losing 

their original shape by the end of Week 2. There was no apparent change in the fiber morphology for the sample 

exposed to the cell culture media, except that the protein components from the media were covering the fibers 

in a thin layer. As a result, there were some sections where the media covered layer caused the membrane to be 

more brittle and break prematurely as seen in Figure 4.6. Although this phenomenon may have affected the loss 

of mechanical properties of the membranes, this was not due to hydrolysis or degradation of the PLCL 

membrane. The minimal changes in surface morphology for the PBS and cell culture media treated samples 

agree with the results from the mass (weight) analysis, where the change was also minimal.   

 

Resorption studies of more rapidly degrading polymers and copolymers such as PGA and PLGA have shown 

that nanofibers change their morphology early, during the first week, with significant mass (weight) loss [214, 

215].  It has been reported that morphological changes of nanofibers can be generally divided into either i) fiber 

melting usually observed with amorphous nanofibers with low Tg or ii) fiber breaking, which are usually 

observed on highly crystalline nanofibers such as PGA, PLA, PCL and their copolymers [199, 200, 203, 215]. 

The observations in this study confirmed that fiber breakage did occur following enzymatic treatment 

conditions. Polymer degradation results in weak points along the fiber and within the nonwoven web, which 

leads to fiber breakage. The broken ends are then more susceptible to hydrolytic attack because of the higher 

exposure to the degradation medium.  
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Figure 4.6- SEM photomicrographs of PLCL electrospun scaffold morphology before and after resorption 
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4.4. CONCLUSIONS 

The resorption behavior of PLCL electrospun scaffolds under three different types of degradation environment 

has been evaluated in this study. First, the enzymatic conditions with papain accelerated the surface degradation 

of the membranes, and all the fibers disintegrated by Day 21. This was due to a rapid decrease in molecular 

weight and mechanical properties during the first week. For the other two conditions, in which the cell culture 

media mimicked the in vitro cell culture conditions and the PBS solution controlled the pH at 7.4, no significant 

changes in physical, chemical or morphological properties were observed, except for a decrease in molecular 

weight. Amide peaks were observed by FTIR analysis for enzymatic and cell culture media conditions 

confirming the adsorption of proteins. These results indicate that these electrospun scaffold materials will stay 

stable during the initial 21 day cell culture period without losing their mechanical integrity and strength. 

However, it should be noted that depending on the fiber diameter and treatment conditions, the resorption 

behavior of electrospun fibers will vary leading to different levels of resistance to hydrolytic attack and different 

rates of resorption. 
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CHAPTER 5  

Novel Scaffold Design with Multi-grooved PLA Fibers 

 

5.1. INTRODUCTION 

The main paradigm of tissue engineering utilizes the approach where biomaterials can be designed and 

engineered to encourage living cells to repair and restore injured and diseased tissues and maintains normal 

physiological function. In general, the scaffold should facilitate cell adhesion, promote cell growth, have a high 

porosity or void content, be resorbable, provide initially good dimensional and mechanical integrity, and be able 

to be formed into a range of desired shapes [37, 216]. The appropriate design of a tissue engineering scaffold is 

therefore critical to restoring native functionality and will determine the success of the regenerative medicine 

paradigm. There are several techniques that have been used to fabricate these scaffolds, and among them, fiber 

based structures have been recognized as an attractive, relevant, flexible and reliable approach for tissue 

engineering applications [107, 201]. This is due in part to their high total porosity, interconnected pores, 

controlled fiber and textile processing, and high versatility to tailor the fiber surface and to provide adequate 

mechanical properties through the appropriate textile engineering design.   

 

Since scaffold structures with high surface areas mimic the biological environment that replicate native tissue 

function, fabrication techniques such as electrospinning are commonly used to achieve smaller fiber diameter 

and higher surface to volume ratios [121, 187]. Since the nano-scale diameter of the fibers and the randomly 
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produced nonwoven fabric web resemble certain supramolecular features of extracellular matrix (ECM), cell 

attachment is promoted with additional exposure to binding sites [124]. However, in spite of these attractive 

biomimetic features of nanofibrous structures with interconnected pores, a major limitation is that the average 

pore sizes of these structures are too small, usually less than a micron. This prevents cell infiltration and greatly 

limits cell migration through the thickness of the structure is greatly limited [125, 127]. Clearly, such limitations 

are hindering the development and use of such nanofibrous scaffolds for more complex three-dimensional 

tissues and thicker organs. There have been several studies attempting to overcome this issue by combining 

nanostructures with microstructures, or modifying the electrospinning process, or controlling the rate of fiber 

and polymer degradation [126, 127]. However, none of them have demonstrated conclusively how directly 

electrospun nanofiber webs can be used to promote “through-the thickness” cell proliferation.  

 

Therefore the objective of this study has been to design a fiber based scaffold with a higher surface area, high 

total porosity and an average pore size that is large enough to facilitate superior cellular infiltration into the 

scaffolds’ architecture, i.e. through the thickness of the structure. One of the alternative spinning technologies 

that can be used to create a higher surface area structure without decreasing the fiber diameter is to spin fibers 

with a non-round cross-section. These non-round cross-sectional fibers are currently spun by either a bi-

component polymer spinning system or by modifying the spinneret geometry itself [233, 234]. When assembled 

into a nonwoven web, such textile structures containing non-traditional fiber cross-sections have gained 

considerable interest for a variety of applications such as cleaning and filtration end-uses. Their improved 

performance in these applications is due to their significantly enhanced moisture management, fluid transport 

and capillary action. As described in a patent by Pourdeyhimi et al. [217], bi-component fibers are formed by 

co-extruding two polymers from the same spinneret with both polymers contained in the same fiber.   

 

Vaughn et al. [218] have demonstrated that fibers spun in a non-round 8-legged cross-section with deep grooves 

along the fiber axis not only have a greater surface area, but also have superior capillary action and moisture 

management, spontaneous fluid movement, improved substance entrapment, and increased bulk compared to 
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webs constructed from nonwovens with conventional round fibers. Another study reported using “capillary 

channel fibers” to provide topographical guidance to neo-tissue development [219]. The cells proliferated 

within and along the grooves and showed good alignment parallel to the direction of the grooves.  

 

Poly(lactic acid) (PLA) is a relevant bioresorbable polymer that has often been used as a scaffold material due 

to its biocompatibility and thermoplastic characteristics which facilitate its formation into a range of different 

desired shapes by various techniques including molding, fiber extrusion and solvent casting depending on the 

application. Compared to other popular bioresorbable polymers such as poly(glycolic acid) (PGA) it is 

relatively more hydrophobic with a longer degradation period of greater than 24 months [83, 91].  

 

In this study, a novel prototype nonwoven textile structure containing poly(L-lactic acid) (PLA) multi-grooved 

fibers has been prepared and evaluated as a possible scaffold material for cell attachment and proliferation. The 

main objective has been to assess the effect of the increased surface area of the grooved on the physical, 

chemical, mechanical and surface properties as well as the cell behavior of the structure when used as a tissue 

engineering scaffold.  Initial cell attachment was determined with a static culture of NIH 3T3 fibroblasts. 

Differences in bursting strength, tensile strength, flexural rigidity, hydrophilicity, surface chemistry, total 

porosity and average pore size characteristics have been studied and compared between the two nonwoven 

fabrics, the one with grooved, and the other with round fibers.  

 

5.2. MATERIALS AND METHODS 

5.2.1. PLA fabrics 

The two types of fabrics that were compared in this study contained fibers with different cross-sectional shapes, 

namely round and multi-grooved. Both types of fibers were spun from a thermoplastic fiber-forming Ingeo™ 

Grade 6251D poly(L-lactic acid) (PLA) resin (NatureWorks LLC, Minnetonka, MN) derived from renewable 

resources, such as corn. This grade of PLA polymer had a specific gravity of 1.24 g/cm3, a crystalline melt 
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temperature of 165°C, a glass transition temperature of 58°C and a melt index of 75 g/10 min at 210°C.  Prior to 

melt spinning the PLA pellets were dried for 4 hours at 80°C to remove all remaining moisture.  They were then 

heated to 240°C and melt spun through a narrow width (50 cm) slot type spunbond machine (Hills Inc, West 

Melbourne, FL), with a general purpose screw (L/D ratio of 24:1) and a compression ratio of 3:1.  On cooling 

the PLA filaments were crimped, cut and distributed to form an air-laid web, with an average PLA fabric weight 

of about 100 g/m2.  These webs were subsequently hydroentangled to provide a stabilized and bonded web of 

known and uniform thickness and density.  

 

Samples of both fabrics were supplied by Allasso Industries Inc. (Raleigh, NC) in a greige non-treated condition. 

The PLA fabric with the round cross-sectional fibers was supplied as a hydroentangled staple fiber nonwoven, 

and the PLA fabric with the grooved cross-sectional fibers was also hydroentangled but still contained the 

sacrificial component from the bi-component spinning process. This extrusion spinning system forms the fibers 

by directing and channeling the two polymers appropriately, resulting in a continuous uniform shape, which is 

then cooled and solidified. The configuration for obtaining multi-grooved cross-sectional fibers is shown as a 

schematic diagram in Figure 5.1. The black areas represent the retained PLA polymer and the white areas 

represent the sacrificial EastOne component. The sacrificial EastOne polymer component (Eastman 

Chemical, USA) was water dispersible sulphonated co-polyester made from polymerizing three monomer units: 

ethylene glycol, sulphonated isophthalic and unsulphonated terephthalic acid. The chemical formulae of PLA 

and EastOne are shown in Figure 5.2 [220]. 

 

 

Figure 5.1- Schematic diagram of 8 grooved cross-section  
(Black: retained component, white: sacrificial component) 
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Figure 5.2- Chemical formulae of A: PLA and B: EastOne  
 

 

To remove the water dispersible sacrificial component (EastOne), the fabric was heat-set at 80 ± 5°C for 30 

seconds and then scoured in deionized water at 70 ± 5°C for 15 minutes. This sequence of processing is to 

ensure that the PLA component is retained by heat setting above its glass transition temperature followed by 

scouring at a lower temperature so that only the sacrificial component is removed. SEM, FTIR and XPS 

analysis were used to confirm whether or not the EastOne sacrificial component was completely removed. 

 

The basic properties including the basis weight, thickness and the porosity of the two fabrics are presented in 

Table 5.1. All the values are presented as mean ± standard deviation.  

 

Table 5.1- Basic properties of PLA scaffolds 

 Mass per Unit Area 
(g/m2) Thickness (mm) Total Porosity (%) 

PLA_Round 104.32 ± 3.44 0.686 ± 0.034 87.33 ± 0.41 

PLA_Grooved 105.14 ± 3.45 0.356 ± 0.024 75.39 ± 0.81 

 

 

The mass per unit area (basis weight) values were determined experimentally by weighing a known area of 

specimen (30 mm × 30 mm) on a top loading balance to the nearest 0.01g with three replications. The thickness 

of the fabric specimens (n = 3) was measured with a Digital SDL carpet thickness gauge (SDL International 

Ltd, Stockport, England) following ASTM Standard Test Method D1777. Since the total porosity of the 
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nonwoven web could not be measured directly, it was calculated indirectly from measurements of the density of 

the fabric and the density of the polymer.  

Total Porosity (%) = (1-
d f

dp
) ×100  

where df = density of the fabric (g/cm3), dp = density of the polymer (g/cm3).  

 

The density of the PLA polymer (dp) is reported as 1.25 g/cm3. The densities of the nonwoven fabrics were 

calculated from measurements of the mass per unit area (basis weight) and the thickness of the two samples.  

 

5.2.2. Scanning electron microscopy (SEM)  

Scanning electron microscopy analysis was used to investigate the morphology of the two fabric samples, and 

also to observe cell attachment after the cell seeding experiments. Images were acquired on a JEOL JSM 5900-

LV scanning electron microscope using an accelerating voltage of 15 kV. Specimens were mounted on 

aluminum stubs using conductive carbon tape. They were then coated with gold/palladium using a Hummer™ 

6.2 Sputter Coating System (Anatech, CA, USA) to obtain a conductive coating about 100 Å thick.  

 

Specimens from the cell culture experiments were fixed in 3% glutaraldehyde with 0.01M phosphate buffered 

solution (PBS) and then dried first in a series of graded aqueous ethanol solutions from 30%, 50%, 70%, 90%, 

and 3 × 100%. After dehydration, the specimens were exposed to liquid CO2 for 10 minutes at equilibrium 

(1350 psi and 40° C) in a critical point dryer (Tousimis Samdri-795, Rockville, MD, USA) before being sputter 

coated.  

 

To measure the diameter of individual fibers within the nonwoven fabrics, NIH Image J image analysis java 

software was used. Fifty different areas were randomly selected from the SEM image of each sample and the 

results were averaged and reported as mean ± standard deviation in Section 5.3.1. 
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5.2.3. BET measurement 

The specific surface area of the PLA fabrics was determined by the adsorption isotherms of nitrogen gas at 

25°C by using a Quantachrome Autosorb Automated Gas Sorption System (Quantachrome Instruments, FL, 

USA). 1.1856 g of round and 1.2256 g of grooved PLA specimens were weighed and degassed for 24 hours 

prior to the adsorption measurements. Brunauer, Emmett and Teller (BET) surface area is determined by 

analyzing the gas adsorption propensity of the samples. Surface area is reported in m2/g.  

 

5.2.4. Pore size distribution 

The pore size distribution and mean pore size were measured by a capillary flow porometer (Porous Materials, 

Inc, Ithaca, NY). Prior to testing, specimens were pre-wet with silicone based Silwick fluid (surface tension 

20.1 dynes/cm). A fully wetted specimen was placed in the sample chamber and the chamber was sealed. Gas 

was then allowed to flow into the chamber behind the specimen and the bubble point was found when the 

pressure reached a point that overcame the capillary action of the fluid within the largest pore. Then the 

pressure was increased and the flow was measured until all the pores were empty, and the specimen was 

considered dry. The gas pressure and flow rates were then measured through the dry specimen so as to find the 

mean flow diameter. 

 

5.2.5. Fourier transform infrared spectroscopy (FTIR)  

A Nicolet Nexus 470 Spectrophotometer with AVATAR Omni Sampler for attenuated total reflectance (ATR) 

mode was used to undertake chemical analysis of the samples. A small specimen of each fabric and the 

EastOne™ was mounted on the surface of the Germanium (Ge) crystal in the ATR assembly. A total of 64 

scans were taken and aggregated between 600 and 3000 cm-1 at a resolution of 4 cm-1. The spectrum of each 

sample showing the absorbance at various wave numbers was acquired using the OMNIC™ software.  
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5.2.6. Contact angle measurement 

To determine the wetting behavior of the fabrics, a custom designed goniometer was used to measure the 

contact angle between a water droplet and the surface of the fabric during the first 10 seconds of contact. The 

volume of each applied droplet of distilled water was 50 µL. The contact angle images were obtained using an 

optical Meiji EMZ-13TR" zoom stereomicroscope and a high-resolution camera. NIH Image J software was 

then used to measure the actual angles from the captured images. These measurements were performed in 

triplicate.  

 

5.2.7. X-Ray Photon Spectroscopy (XPS)  

Surface analysis was conducted by a Riber XPS system using monoenergetic Mg Kα (1253.6 eV) x-rays from a 

Mg-Al dual source and a Mac 2 cylindrical mirror analyzer. The beam had an energy of 12kV and 14mA, and a 

spot size of 1mm. Survey scans from 0 to 1200 eV were acquired with a step size of 1.0 eV and a dwell time of 

0.1 sec. 

  

5.2.8. Bursting strength 

Bursting strength measurements were carried out using the probe puncture test method described in ISO 

7198:1998(E) - Cardiovascular implants - Tubular vascular prostheses. This is a modified version of the ASTM 

D3787 Standard Ball Burst Test Method. A compression cage containing the probe and the specimen mounting 

platform was fitted on an Instron (Model #5544, MA, USA) universal testing machine. The specimens were 

flattened and clamped over the 1.14 cm diameter circular hole in the mounting platform. The probe, which had 

a circular cross section of 0.79 cm diameter and a hemispherical head was forced at a rate of 305 mm/min 

through the specimen. The maximum puncture force measured in Newtons for each of three repeated specimens 

was averaged and reported. 
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5.2.9. Bending rigidity 

The bending rigidity of the two fabrics was measured according to the cantilever method modified from the 

ASTM Standard Test Method D1833 Option A. Four measurements of the overhang length were taken from a 1 

inch wide and 6 inch long specimen for each type of fabric. Both fabrics were cut in the machine direction. The 

average bending rigidity was then calculated from the bending length and the mass per unit area of each fabric 

sample using the following equation:  

 

Bending Rigidity (mg ⋅ cm) = W ⋅ (C)3  

where  W = mass per unit area (mg/cm2),  

O= overhang length (cm),   

C = bending length (cm) = O / 2  

 

5.2.10. Tensile properties 

To compare the tensile properties of the PLA fabrics, peak tensile strength and peak elongation were measured 

using a tensile tester (TestResources Inc, MN, USA).  A 25 lb load cell was used and the gauge length was fixed 

at 20 mm with a crosshead speed of 30 mm/min. The specimens were cut into 4 mm by 30 mm strips. The peak 

forces measured from three replicates were averaged and divided by the cross-sectional area to give the mean 

peak tensile stress (MPa). Since the scaffolds were not solid membranes, the total porosity (void fraction) was 

taken into account when calculating the cross-sectional area. The results are reported as peak stress (MPa) and 

the peak elongation (%).   

 

5.2.11. Cell viability 

The fabric specimens were cut into 16 mm diameter discs to fit into a 24-well plate. They were then sterilized 

with ethylene oxide gas at ambient temperature (approximately 70 °F) and the gas was released from a 20 cc 
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ampoule inside the sterilizer bag, slowly diffusing out over the 12 hr sterilization period using an Anprolene 

Model AN74ix sterilizer (Anderson Products, Inc, NC, USA). Prior to seeding, the fabrics were pre-wetted by 

placing them in a 70 % aqueous ethanol solution overnight and then immersing them in media for 2 hours in an 

incubator at 37°C. NIH 3T3 fibroblasts were seeded at a density of 1 × 106 cells/scaffold and were cultured 

under static conditions for up to 12 days at 37°C. After 1, 3, 12 days of incubation, cellular attachment and cell 

viability were determined using 3-(4,5-Dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide (MTT) assay 

(Sigma Aldrich, USA) and by SEM analysis. The MTT solution was prepared by dissolving the reagent in 

phosphate buffered saline at a concentration of 1 mg/ml. After 1 hr of incubation, the purple crystals were 

dissolved by adding sodium dodecylsulphate (SDS) in a 1 : 1 mixture of water and dimethylformamide (DMF) 

at a concentration of 20% w/v. The plates were incubated overnight and the absorbance was read at 562 nm 

with a microplate reader (Tecan Group Ltd, USA). The SEM analysis protocol is described in Section 5.2.2.  

 

5.2.12. Statistical analysis 

All experiments were performed with sample size of at least n = 3. The data are presented as average ± standard 

deviation. Statistical analysis was performed using statistical software JMP 7.0 (SAS, Cary, NC). For the 

student t-tests, p-values less than 0.05 were considered statistically significant.  

 

5.3. RESULTS AND DISCUSSION 

5.3.1. Morphological properties 

The morphological properties of the two nonwoven PLA fabrics containing fibers with two different cross-

sectional shapes were compared using SEM analysis. The round cross-sectional fibers had an average diameter 

of 11.8 ± 0.9 µm. The nonwoven fabrics with grooved fibers had a bipolar distribution of fiber diameters; one 

being the multi-grooved fibers with an average diameter of 10.4 ± 0.9 µm and the other being the fibrillated 

ribbon-like micro fibers with an average diameter of 2.3 ± 0.6 µm. (Figure 5.3) The fibrillation on the surface 
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seems to be have resulted mainly from the hydroentanglement bonding process and not during the washing or 

scouring step to remove the EastOne polymer, since this type of fibrillated micro-fibers was also observed in 

the “as received” unwashed PLA + EastOne samples (Figure 5.3). So although some of the grooves were not 

completely intact and the morphology of the multi-grooved cross-sections was not precisely controlled due to 

fibrillation, this nonwoven fabric did provide an alternative scaffold structure with a significantly larger surface 

area compared to the traditional PLA nonwoven scaffolds with round cross-sectional fibers.   

 

 

 

 

Figure 5.3- SEM photomicrographs of PLA nonwoven fabrics showing the round fibers and multi-grooved fibers 
before and after scouring to remove the EastOne™ sacrificial component (top: x 1000, bottom: x 5000) 
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5.3.1.1. Surface area 

Surface area of the two nonwoven fabrics with different cross-sectional fibers was compared experimentally by 

gas adsorption technique using BET measurements. For the round cross-sectional nonwoven samples, the 

surface area was 0.5096 m2/g whereas the grooved cross-sectional scaffolds yielded 2.3632 m2/g resulting in 

almost five times more surface area compared to the round scaffolds. Since this technique completely covers the 

surface opening the pores with a condensed gas, the resolution goes down to the angstrom level of analysis, 

which may not be necessarily relevant for our purpose since we are mostly interested in the pores created by the 

fibers not by the defects or nano pores on the fibers. However, the approximate ratio of the surface area agreed 

with the estimated theoretical comparison when analyzing the perimeters of the cross-sections of the fibers. 

Theoretically, specific area is calculated by the following equation [221]: 

 

Specific surface area = α P
m

,

where α = shape factor = P2

4πA
;  P = perimeter; A = cross-sectional area; m = mass

 

 

Since the fabrics had similar basis weight, for rough comparison, the specific surface area would be a function 

of only the cross-sectional area and the perimeter. When measuring the perimeter and the areas of the cross-

sections from SEM micrographs (Figure 5.4), we get the perimeter of 48 µm vs. 69 µm and area of 181 µm2 vs. 

104 µm2 for the round vs. multi-grooved fibers respectively. If we input these numbers into the equation above, 

the ratio of the specific areas of two fabrics is 1 : 5.1 (round : multi-grooved), which is in good agreement with 

the experimental data from the BET analysis. This confirms that the nonwoven fabric with multi-grooved fibers 

had a significantly higher surface area compared to the traditional nonwoven fabric with round fibers.  
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Figure 5.4- SEM photomicrographs of cross-sections of PLA round (left) and grooved fibers (right) 
 

 

5.3.1.2. Pore size distribution  

The pore size distributions of the fabrics as measured by capillary flow porometer are reported in Figure 5.5. 

The mean flow pore diameters of these scaffolds were 36.1 ± 13.2 µm for the fabric with round cross-sectional 

fibers and 5.03 ± 4.83 µm for the grooved fiber nonwoven web. In this technique, the pores of the sample are 

filled with a wetting liquid, and the liquid is emptied by pressurized gas permitting gas to flow through the 

empty pores [222]. There are three types of pores that can be observed in random nonwoven web structures. 

They are i) are closed pores that are isolated in the structure and are therefore not accessible, ii) blind pores that 

have contact with only one exposed internal or external surface and iii) open pores that connect to the outer 

surface of the structure in two or more places and so permit the flow of liquid or gas through the structure. Since 

capillary flow porometry measures the throat diameter of each open pore that connects one side of the fabric to 

the other, the reported pore sizes may appear smaller when compared to the data measured by other evaluation 

techniques. For example, if the pore shape is like an hourglass, with this technique, the pore size will be 

measured at the narrowest region of the pore. Obviously this dimension does not necessarily represent the 

average pore size that the cells are exposed to. However, this analysis still yields valuable relative pore data to 

compare different structures and in our study, it served as a useful tool to observe distinctive shifts in pore size 

distribution. Also given there are different types of pores, this approach to measuring the size of the open pores 
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provides a key parameter for predicting cellular migration and nutrient diffusion, and therefore is most relevant 

in characterizing scaffold structures for tissue engineering applications [41]. 

 

The pore size has been identified critical for the efficiency of initial cell seeding as well as in both tissue in-

growth and the internal surface area available for cell attachment [30]. If the pore size of tissue engineered 

scaffolds is too small, cell in-growth and penetration through the thickness is limited as in the case of 

nanofibrous electrospun scaffolds [125]. In other words, cells tend to remain attached only to the surface of the 

scaffold, and there is virtually no cell migration and infiltration through the thickness. These nanofibrous 

structures usually have pore sizes of less than 1 µm and there have been several reports of combining nano and 

microstructures or controlling the degradation of the fibers in an effort to overcome this issue [126, 127].  

Optimal pore size of scaffolds for tissue regeneration have been reported differently depending on the cell 

types; pore size of 5 µm for neovascularization, 5-15 µm for fibroblast ingrowth, 20 µm for the ingrowth of 

hepatocytes, 20-125 µm for regeneration of adult mammalian skin, and 100-700 µm for regeneration of bone 

[20, 21].  Our proposed novel grooved scaffolds with mean pore size diameters in the range of 5 – 36 µm, may 

well serve as an alternative structure for providing a large surface area and adequate pore sizes. 

 

 

 

Figure 5.5- Pore size distribution of PLA nonwoven webs with grooved and round fibers 
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5.3.1.3. Removal of sacrificial polymer 

Complete removal of the sacrificial component of EastOne was confirmed by FTIR analysis and XPS. The 

FTIR spectra of the PLA nonwoven webs containing either round or multi-grooved fibers gave identical 

absorption peaks. In addition, EastOne was also analyzed by FTIR to determine its characteristic peaks. 

Figure 5.6 shows the FTIR spectra of i) 100% PLA nonwoven with round cross-sectional fibers and ii) washed 

or scoured PLA nonwoven with multi-grooved fibers, and iii) EastOne sacrificial component. 

 

The two PLA spectra consisted of an aliphatic C-H stretching region between 3000 and 2850 cm-1 (not shown), 

a C=O stretching band at 1754 cm-1 and a region of asymmetric stretching vibrations of C-O and C-O-C 

between 1300 cm-1 and 1000 cm-1 which are expected from aliphatic polyesters [209, 210]. In addition, bands 

characteristic of PLA were also observed at 1211, 1178, 1126, 1066 and 1045 cm-1. The three bands between 

1500 cm-1 and 1300 cm-1 may be attributed to asymmetric and symmetric deformational vibrations of C-H in the 

CH3 groups [210]. Although the intensity of the absorption bands was different between the round and the 

grooved PLA fiber samples, there were no significant differences in the position of the absorption peaks, and no 

additional EastOne peaks, such as the SO2
 stretching band of the sulphonate group in the 1430 – 1330 cm-1 

range, were observed. This provides additional confirmation that the EastOne component was completely 

removed.  

 

Although similar to other polyesters, the FTIR spectra of EastOne polymer consisted of a C=O stretching 

band shifted to 1717 cm-1 and a high intensity C–O stretching band at 1246 cm-1 believed to be due to complex 

in-plane ring ester vibrations [220]. The band at 1098 cm-1 has been assigned to symmetric C-C stretching 

vibrations of the glycol groups, the strong peak at 726 cm-1 has been assigned to ring CH out of plane 

deformations and the bands in the 1430 – 1330 cm-1 range have been attributed to asymmetric SO2 stretching 

from the sulphonate groups in the EastOne polymer [223, 224]. 
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There was a weak shoulder present at 1717 cm-1 in the spectra of PLA fabric with grooved fibers suggesting 

that a small amount of EastOne may still be remaining. However, at the same time there were no traces of 

sulfur present in the spectra. Complete removal of EastOne component on the surface was further confirmed 

by the results from XPS analysis (Section 5.3.2.2) in addition to the cross-sectional observations from SEM 

analysis (Figure 5.4), where there was no trace of EastOne at the base of the grooves.  

 

 

 

 

Figure 5.6- FTIR analysis of two PLA nonwoven webs and EastOne  sacrificial polymer. 
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5.3.2. Surface properties 

5.3.2.1. Hydrophilicity 

Surface properties, including both chemical and topographical characteristics, can control and affect cellular 

adhesion and proliferation and also determine the identity, quantity, and conformational change of adsorbed 

proteins [11]. To determine whether or not there was a difference in wetting behavior between the two types of 

nonwoven fabric, contact angles were measured using single sessile droplets of distilled water. As shown in 

Figure 5.7 the PLA fabric with round fibers was very hydrophobic and gave a contact angle of 135.6 ± 2.9° at 

contact, which remained above 121.1 ± 0.7° after 10 seconds. However, the PLA fabric with grooved fibers 

exhibited superior wetting behavior with an initial contact angle of only 67.1 ± 4.5° followed by rapid spreading 

of the water droplet so that it was completely absorbed in less than 10 seconds. The hydrophilicity of the 

scaffold is an important index for not only cell adhesion but also affinity for media transport. It has been 

reported that the contact angle measurements made with using either water or Dulbecco Modified Eagle 

medium (DMEM) containing fetal calf serum give similar trends in spite of proteins, sugars and other organic 

components added in the medium [225]. Since the scaffolds are immersed in a similar type of culture media 

during the actual cell culture period, this report justifies performing contact angle measurements with distilled 

water. Studies investigating the relationship between cellular adhesion and wettability report that cell adhesion 

appears to be maximized on surfaces with intermediate wettability (that have a contact angle of around 70°) 

whereas the rate of cell proliferation was relatively insensitive to surface chemistry [78, 226]. Since it has been 

reported that hydrophobic surfaces tend to adsorb more proteins, and cellular adhesion is also influenced by 

protein adsorption, then increased hydrophilicity will not necessarily directly lead to increased cellular 

attachment [227].   

 

Since both types of nonwoven fabrics included in this study were produced from the same PLA polymer, this 

study has demonstrated that it is possible to significantly change the hydrophilicity and wettability of a 

scaffold’s surface by simply altering the topographical features while maintaining a similar surface chemistry 

(See next section).  
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Figure 5.7- Contact angle measurement at initial contact (left) and during the following 10 seconds (right) 

 

 

5.3.2.2. XPS analysis 

Because each element has a unique set of binding energies, x-ray photon spectroscopy was used to identify and 

determine the concentration of each element at the surface. In order to determine whether in fact the different 

level of hydrophilicity of the nonwoven webs was due to a different surface chemistry, XPS analysis was 

performed. As shown in Figure 5.8, oxygen and carbon 1s peaks were identified together with a small amount 

of silicon. No traces of sulphur were observed in the grooved fiber sample, confirming that no EastOne™ 

polymer remained after the scouring and washing procedure. Considering the chemical formula of PLA, it was 

expected to see three carbon 1s peaks assigned to C-H at 284.8 eV, C-O at 286.8 eV, C=O at 288.9 eV and 

oxygen 1s peaks assigned to O=C at 532.25 eV and O-C at 533.6 eV [228]. A prominent single peak at 284 eV 

was also detected in our analysis originating from the carbon in methyl lactide group. There was some 

indication of differential charging of the oxygen peaks resulting in a secondary peak at 526 eV, which indicated 
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some heterogeneity at the surface. It was interesting to note that the more hydrophobic PLA nonwoven with 

round fibers contained marginally more oxygen at the surface (about 5%) compared to the PLA with grooved 

fibers.  

 

 

 

Figure 5.8- XPS survey scans of PLA nonwoven fabrics with round fibers (left) and grooved fibers (right) 

 

 

The atomic compositions of the two PLA fabrics are presented in Table 5.2, together with the theoretical 

composition for a pure PLA bulk polymer. The theoretical proportions of C and O elements in pure PLA were 

different from the experimental nonwoven fabric samples, because the latter had higher carbon content. This 

indicates that the fiber surface chemistry was different from the pure bulk polymer, which may have been be 
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due to the melt extrusion and processing steps. It is concluded from the XPS results that the different wettability 

of the two PLA nonwoven fabric was primarily due to topographical differences in fiber shape rather than the 

marginal differences observed in surface chemistry.   

 

 

Table 5.2- Atomic composition of PLA nonwoven fabrics (%) 

Samples C1s  O1s  Si2p  

PLA_Round 60.32 34.96 4.72 

PLA_Grooved 67.45 29.78 2.78 

Theoretical  60 40 - 

 

 

5.3.3. Mechanical and physical properties 

5.3.3.1. Bursting strength  

Generally, tissue engineering scaffolds should have sufficient mechanical strength and resistance to deformation 

to withstand typical hydrostatic and pulsatile pressures that they will be exposed to in a physiological 

environment, in addition to being able to maintain the void spaces or pores required for cell in-growth and 

matrix production. The biostability of scaffolds depends on factors such as ultimate strength, elasticity, 

resorption at the material interface and chemical degradation. The mean bursting strength of the two PLA 

nonwoven fabrics is presented in Figure 5.9, where the web with round PLA fibers had a mean strength of 135.3 

± 8.6 N and the grooved fiber sample showed mean strength of 94.58 ± 2.81 N. These data confirm that the 

PLA nonwoven with round fibers was significantly stronger (p < 0.01) than its grooved counterpart.  

 

The burst strengths of extracellular matrices as reported by Freytes et al. [229], have ranged from 20 N to 260 N 

depending on whether the origin was canine stomach submucosa (SS), to canine small intestine submucosa 

(SIS) or porcine urinary bladder submucosa (UBS). A degradable tissue engineering scaffold should therefore 

retain sufficient mechanical strength to withstand any in vivo stress and physiological loading imposed by the 
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local biological environment. Particularly, in the reconstruction of hard, load-bearing tissues such as bone and 

cartilage, the retention of mechanical strength after implantation is essential if the scaffold is to maintain its 

integrity and support the applied load [22]. Otherwise the scaffold may fracture before the bone healing process 

is complete. For vascular applications, scaffolds should have bursting strength values of over 2000 mm Hg, 

must be elastic and capable of withstanding cyclic mechanical strain without cracking, dilating or causing 

permanent deformation over extended periods of time [57, 230]. The maximum intravesical pressure on the 

human urinary bladder wall is 40 mmHg which is equivalent to 5.3 × 10-3 MPa [231]. 

 

In order to better compare the bursting strength of the two fabrics with physiological conditions, the strength 

(N) was converted to pressure (mmHg) by considering the area supporting the force under test. For PLA fabric 

with round fibers, it was calculated as 2742 ± 175 mm Hg and for the PLA fabric with grooved fibers, 1917 ± 

57 mm Hg, indicating that both fabrics have sufficient bursting pressures that they can withstand normal 

physiological conditions.  

 

5.3.3.2. Bending rigidity 

The bending rigidity of the two types of nonwoven webs was compared using a standard cantilever method. As 

shown in Figure 5.9, the PLA fabric with grooved fibers had a significantly lower mean bending rigidity that the 

nonwoven web with round fibers. This suggests that by changing the topographical features and including finer 

fibers with smaller diameters, the flexibility of the structure increased significantly. Flexural characteristics are 

of major importance for certain tissue engineering applications under dynamic environments such as vascular 

tissues, heart valves, or urological tissues [231-233]. Therefore, for these specific applications, nonwoven fabric 

with multi-grooved fibers will be more suitable as a scaffold material than the nonwoven fabric with round 

fiber.  
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5.3.3.3. Tensile properties 

To determine the tensile properties of the PLA fabrics, peak tensile strength and peak elongation was measured 

in the fabric’s machine direction. Both fabrics were stressed to failure in the machine direction. Overall, the 

fabrics with grooved fibers showed higher tensile strength and lower elongation compared to the fabric with 

round fibers (Figure 5.9). The fabric sample with round fibers exhibited an almost five fold lower peak tensile 

stress of 8.41 ± 2.01 MPa compared to the grooved fiber fabric with 23.5 ± 1.9 MPa (p < 0.05). This was 

expected since the fabric with the grooved fibers had greater fiber entanglement with more compact web 

formation. It should be also noted that fabric failure is not only dependent on individual fiber properties but also 

on fiber-fiber bonding strength and density of the web. Since these scaffolds are nonwoven structures, their 

mechanical performance and ultimate failure point was not necessarily caused by fiber breakage but more likely 

depended on the degree of fiber orientation in the web and fiber slippage or bonding strength between 

individual fibers. The peak elongation for the round fiber fabric exhibited a higher peak elongation value of 

98.1 ± 17.1 % compared to 50.9 ± 3.9 % for the grooved fiber fabrics (p < 0.05). Since both scaffolds are 

nonwoven fabrics, their mechanical performance depends on the fiber configuration and orientation in the web 

as well as bonding strength between individual fibers.  
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Figure 5.9- Mechanical and physical properties of the PLA nonwoven fabrics with round and grooved fibers 
(Error bars: ± standard deviation, *: p < 0.05) 
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5.3.4. Cell attachment and proliferation 

To evaluate cellular attachment on the two types of PLA nonwoven scaffolds, NIH 3T3 fibroblasts were 

cultured for up to 12 days. SEM photomicrographs showing the cellular attachment at Day 1 are presented in 

Figure 5.10. It was evident that the initial cellular attachment was superior on the scaffold with grooved fibers 

and this was confirmed by the MTT assay (p < 0.01) as shown in Figure 5.11. This could be due to a number of 

variables discussed in the previous sections, namely increased hydrophilicity, larger surface area, and smaller 

fiber diameter. The micro-scale texture of a material can have a significant effect on cell behavior. Surfaces 

with sharp edges, grooves, or other angular textures are known to induce different behaviors compared to 

smooth or curved surfaces.  

 

Takahashi et al. [36] investigated the proliferation and osteogenic differentiation of mesenchymal stem cells 

(MSCs) in three dimensional PET nonwoven fabrics with different diameters and reported that the ALP activity 

and osteocalcin content were highest for the nonwoven samples with fiber diameters in the 9-12 µm range 

irrespective of porosity. It has been reported that since cells recognize structures which have comparable 

dimensions to their own cell size (that is 10-100 µm), the micro-scale morphology and surface texture needs to 

be considered among the various design criteria for tissue engineering scaffolds [11]. However, it should also be 

mentioned that when the effect of surface topography on cell adhesion is discussed, usually the surface scale is 

in nano, since in vitro cellular attachment to culture surfaces is usually mediated by adhesion proteins contained 

in serum-supplemented culture medium [124, 234]. Hence the ability of materials to adsorb such proteins from 

the serum determines their ability to support cell adhesion and spreading, which would be again influenced by 

dynamic interactions with surface chemistry, surface energy, and surface charge. Although responses to 

different surface chemistry and wettability may be attributed to the composition and bioactivity of the adsorbed 

protein layer, its direct relationship with surface topography is not so clear [77]. The only other report utilizing 

grooved fibers for tissue engineering application is by Lu et al. [219] where capillary channel fibers containing 

eight open grooves with a depth of 5 - 15 µm and a width of 10 µm were tested to provide topographical 

guidance to neo-tissue development. The matrices fabricated from fibers of poly(L-lactic acid) (PLA) and 
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polyethylene terephthalate (PET) were seeded with rat skin fibroblasts and rat aortic smooth muscle cells for up 

to 4 weeks. The cells attached themselves to the grooved fibers and extended their cytoplasmic lamellapodia 

within the grooves and became highly aligned along the grooves. It should be noted that the fibers utilized in 

our study were smaller in total diameter with smaller grooves so instead of providing topographical guidance 

for the cells, the grooved fibers and fibrillated fibers provided enhanced surface area and different topographical 

characteristics which apparently increased the initial rate of cellular attachment. 

 

Although the MTT assay revealed that there was a significant difference between the initial levels of cellular 

attachments at Day 1 (p < 0.05), it was interesting to observe that there was no such difference at Day 3. This 

can be due to a number of reasons including the initial cell seeding density. The experimental cell seeding 

density was 1 × 106 cells/scaffold, or 6 × 106 cells/cm3, given that the scaffolds were 15 mm in diameter and less 

than 1 mm in thickness. The literature reports cell seeding concentrations for polymeric scaffolds to be 

anywhere in the range from 5 to 50 × 106 cells/cm3. A typical cell culture study on a small sized fibrous PLA 

scaffolds with a 5 mm diameter, 2 mm thick construct used a typical initial seeding concentration of 8  × 106 

cells/scaffold or 25  × 106 cells/cm3 [235]. So it can be concluded that the initial seeding density of 6  × 106 

cells/cm3 used in this study was not outside the normal range. In retrospect the initial seeding density could 

have been reduced so as to extend the comparison between the two types of scaffolds over a longer culture 

period. Nevertheless the MTT assay still served as an efficient method of evaluation to confirm the superior 

initial cellular attachment to the grooved PLA fibers. It also showed that the two different PLA scaffolds, with 

both round and grooved fibers, were able to promote cell proliferation.  
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Figure 5.10- SEM photomicrographs of fibroblast attachment on the PLA nonwoven scaffolds with round and 
grooved fibers at Day 1 

 

 

  

   

 
Figure 5.11- MTT assay measuring fibroblast cell viability on PLA nonwoven scaffolds with round and grooved 

fibers at Days 1, 3, and 12 (Error bars: ± standard deviation, *: p < 0.01) 
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5.4. CONCLUSIONS 

In this study, a novel nonwoven scaffold using PLA grooved fibers with increased surface area and a more 

hydrophilic surface was evaluated and compared to a traditional PLA nonwoven fabric containing round fibers. 

This novel type of fabric has previously shown superior wicking behavior and capillary action when used as a 

filtration medium. However, this is the first time its potential use has been demonstrated as a high surface area 

scaffold for tissue engineering applications. In this study, these two types of PLA scaffolds with different 

surface characteristics have been compared in terms of their morphological, surface, physical, chemical, 

mechanical and biological properties. It has been shown that the novel PLA scaffolds containing the grooved 

and fibrillated fibers exhibit enhanced wettability, greater flexibility, a larger surface area and superior cellular 

adhesion. With better control over the size of the grooves and fibrillation phenomenon, this high surface area 

scaffold could serve as an excellent alternative matrix for culturing different types of cells. Since the grooves 

along these fibers are not two dimensional, the potential application for this nonwoven scaffold is not only 

limited to growing a monolayer of cells on the fabric’s surface, but it also offers a range of opportunities for 

culturing thicker tissues with better oxygen and media transport through the thickness of the construct.  
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CHAPTER 6   

In Vitro Stability of PLA Nonwoven Scaffolds under Hydrolytic, 

Enzymatic and Cell Culture Media Treatment 

6.1. INTRODUCTION 

Lactide based aliphatic polyesters have been actively investigated as materials for medical application due to 

their biocompatibility, bioresorbability, and versatility. Being biocompatible and degrading into non-toxic 

products within the desired time frame is crucial for various clinical applications such as sutures, fixation 

devices, drug delivery systems and tissue engineering scaffolds. The biodegradation rate of a polymer mainly 

depends on the intrinsic properties of the polymer, including the chemical structure, the presence of 

hydrolytically unstable bonds, the level of hydrophilicity / hydrophobicity, crystalline / amorphous morphology, 

copolymer ratio, and molecular weight [85, 236, 237]. Also, the rate can be determined by physical and 

chemical factors of the structure such as the overall size of the scaffold, its total porosity, pore size distribution, 

fiber diameter and the pH at the site of implantation [206, 238]. The degradation of polylactides (PLA) 

generally involves random hydrolysis of their ester bonds. PLA being hydrophobic, is more resistant to 

hydrolytic attack, and therefore the degradation time is long, usually more than 24 months [86, 239]. 

Crystallinity also has a significant effect on the degradation rate of aliphatic polyesters since it determines how 

easily water molecules can access the ester linkages to cause chain cleavage [83].  

 

The degradation products of PLA are known to be nontoxic natural metabolites and are eliminated from the 

body through urine excretion and via the respiratory route. However, it has been reported that although their 

degradation products are not toxic, they are acidic and so can decrease the local pH, which accelerates the 

polymer degradation rate and provokes a more severe inflammatory response [88]. The degradation kinetics of 
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these resorbable scaffolds have a significant influence on the long-term performance of a tissue engineered 

construct which is likely to effect such factors as its interaction with cells and proteins, its host response and its 

ability to regenerate viable tissue [195]. There have been various studies investigating the resorption behavior of 

PLA polymer under different conditions for varied periods of time [240-242]. However, it is evident that if the 

physical and morphological properties of the structure differ, even through the scaffolds are fabricated from the 

same polymer material, the stability and resorption behaviors will also be different. Previously, our group has 

reported using grooved PLA fibers for fabricating alternative tissue engineering scaffolds with a higher surface 

area and increased level of hydrophilicity but its resorption behavior has not been investigated.  

 

Therefore in this study two types of nonwoven fabrics containing PLA fibers with different cross-sectional 

shapes were studied.  The round and grooved shaped fibers provide inherently different pore size distributions, 

fiber diameters, surface areas and levels of hydrophilicity so as to investigate and compare their resorption 

behavior. Three different types of in vitro hydrolytic environments were included in this study. First, to simulate 

a controlled pH 7.4 environment, phosphate buffered saline (PBS) solution was selected. Second, given that 

enzyme catalyzed hydrolysis is one of the mechanisms by which polymers can degrade in vivo, a papain 

enzyme was used to simulate an enzymatic environment.  Third, to simulate the environment that tissue 

engineering scaffolds experience during in vitro cell culture, DMEM cell culture media in the presence of calf 

serum was also selected. These specimens were subjected to each condition at 37 °C for up to 21 days. Since 

most in vitro cell culture studies do not continue beyond 14 days to 21 days, this time period was chosen to 

monitor the initial resorption behavior or stability of these PLA scaffolds. To monitor the chemical and physical 

changes of the structures over this period, initial mass (weight), molecular weight, thermal and mechanical 

properties was measured. Also spectroscopic analysis using FTIR and XPS were carried out along with 

morphological observations by SEM. 
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6.2. MATERIALS AND METHODS 

6.2.1. PLA scaffolds 

The two types of fabrics that were compared in this study contained fibers with different cross-sectional shapes, 

namely round and multi-grooved.   Both types of fibers were spun from a thermoplastic fiber-forming Ingeo™ 

Grade 6251D poly(L-lactic acid) (PLA) resin (NatureWorks LLC, Minnetonka, MN). This grade of PLA 

polymer had a specific gravity of 1.24 g/cm3, a crystalline melt temperature of 165°C, a glass transition 

temperature of 58°C and a melt index of 75 g/10 min at 210°C.  Prior to melt spinning the PLA pellets were 

dried for 4 hours at 80°C to remove all remaining moisture.  They were then heated to 240°C and melt spun 

through a narrow width (50 cm) slot type spunbond machine (Hills Inc, West Melbourne, FL), with a general 

purpose screw (L/D ratio of 24:1) and a compression ratio of 3:1.  On cooling the PLA filaments were crimped, 

cut and distributed to form an air-laid web, with an average PLA fabric weight of about 100 g/m2.  These webs 

were subsequently hydroentangled to provide a stabilized and bonded web of known and uniform thickness and 

density.  

 

Samples of both fabrics were supplied by Allasso Industries Inc. (Raleigh, NC) in a greige non-treated condition 

(Figures 5.3 and 5.4). The PLA fabric with the round cross-sectional fibers was supplied as a hydroentangled 

staple fiber nonwoven, and the PLA fabric with the grooved cross-sectional fibers was also hydroentangled, but 

still contained the sacrificial component from the bi-component spinning process. To remove the water 

dispersible sacrificial component (EastOne), the fabric was first heat-set at 80 ± 5°C for 30 seconds and was 

then scoured in deionized water at 70 ± 5°C for 30 minutes. The configuration for obtaining multi-grooved 

cross-sectional fibers is shown as a schematic diagram in Figure 5.1. The basic properties of the scaffolds are 

presented in Table 5.1. Further details about the characteristics of these scaffolds are discussed in Chapter 5. 
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6.2.2. Conditioning with hydrolytic, enzymatic, and cell culture media  

The two types of PLA fabrics were subjected to the following degradation conditions for up to 21 days at 37°C. 

Samples of PLA scaffolds serving as negative controls were stored at room temperature under vacuum and were 

subjected to the same concurrent tests. For all conditions, specimens were treated with 30 ml of solution, which 

in each case the ratio of the solution in millimeters to the polymer’s mass in grams was greater than 30:1 as 

specified in ISO 15814. Three replicates of 10 mm × 40 mm specimen strips were prepared for each condition. 

The solutions were changed every week with the exception of the enzymatic solution, which was replenished 

every 72 hrs in order to maintain the enzyme activity. For all the above environments the solutions were 

maintained at 130 shakes/min using an orbital shaker water bath (BOEKAL Scientific, PA, USA). After specific 

time points (7, 14 and 21 days), the specimens were retrieved from the solution, rinsed three times with 

deionized water and were dried overnight for post-evaluation.  

 

6.2.2.1. Hydrolytic environment 

The test specimens were continuously immersed in 30 ml of pH 7.4 0.01M phosphate buffered saline (PBS) 

solution (Sigma Aldrich, USA) at 37°C. 

 

6.2.2.2. Enzymatic environment 

To create the enzymatic environment, fabric specimens were treated with 30 ml of phosphate buffered papain 

enzyme solution and the material to enzyme ratio of 1:1 was maintained at all times. In this study the papain 

enzyme was chosen due to its stability over a wide range of temperatures and pH, and for its wide specificity. 

Papain is one of the sulfhydryl proteases among chymopapain and lysozyme isolated from the green fruit of 

Carica papaya. It consists of a single folded peptide chain of 212 amino acid residues containing three 

disulphide bonds and one free functional –SH group at the active site. Papain exhibits both proteolytic and 

esterase activity and it preferentially cleaves peptide bonds involving basic amino acids and hydrolyses 

carboxylic esters [202]. The enzyme solution was preactivated prior to the start of the degradation study by 
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adding 0.01M EDTA solution with 0.05M of cysteine, papain from papaya latex (Sigma Aldrich, USA), 0.01M 

ethylenediaminetetraacetic acid (EDTA) (Sigma Aldrich, USA), and 0.05M L-cysteine hydrochloride 

monohydrate (Sigma Aldrich, USA)). The activated solutions were prepared based on the mole ratio of 1: 2.5: 

12.5 between enzyme, EDTA, and cysteine respectively. In order to maintain the activity of the enzyme during 

the entire degradation period, the enzyme solutions were replenished every 72 hours.  

 

6.2.2.3. Cell Culture media (DMEM) environment 

To mimic the conditions during cell culture, specimens were treated with 30 ml of DMEM cell culture media 

(1X Dulbecco’s Modification of Eagle’s Medium) (Mediatech Inc, VA, USA) with calf serum (HyClone, New 

Zealand). After the initial week of study, the media was changed every 72 hours so as to avoid it changing pH 

and color.  

 

6.2.3. Post Degradation Evaluation 

6.2.3.1. Gel permeation chromatography (GPC) analysis 

Waters Alliance 2695 HPLC chromatograph (MA, USA) with auto sampler and refractive index RI 2414 

detector was used for measuring the molecular weights of the grooved scaffold.  Samples from each condition 

were dissolved in THF at a concentration of 2mg/ml. The THF solvent flow rate was 1ml/min and three Waters 

Styragel HR1 THF columns were used with 7.8 x 300 mm length.  Analysis time was 35 minutes per sample 

and polystyrene standards were used for calibration. 

 

6.2.3.2. Thermal analysis 

The thermal properties of control and resorbed PLA scaffolds were measured by differential scanning 

calorimetry using a Perkin_Elmer DSC 7 equipped with a TAC7/DX thermal analysis controller (Connecticut, 

USA). The melt peak temperature and heat of fusion was measured using Perkin Elmer Pyris software V3.72. 

Specimens weighing 3 to 5 mg were crimped and sealed in non-volatile aluminum pans. The specimens were 
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heated up to 200 ºC at a constant scanning rate of 10 ºC per min.  The degree of crystallinity was calculated 

using the following equation:  

 

Crystallinity (%) = 
ΔH f

ΔH f (100%)

×100  

where,   ΔHf = heat of fusion of the sample,  

ΔHf(100%) = heat of fusion of 100% crystalline PLA, 93 J/g 

 

 

6.2.3.3. Fourier transform infrared spectroscopy (FTIR) analysis 

In order to detect changes in the chemical structure of the PLA scaffolds during resorption, the control and 

resorbed scaffolds were scanned using a Nicolet Nexus 470 Spectrophotometer with AVATAR Omni Sampler 

for Attenuated Total Reflectance (ATR) mode so as to perform the infrared analysis on the samples. The 

specimens were mounted on the surface of the Germanium (Ge) crystal in the ATR assembly. A total of 64 

scans were aggregated between 600 and 3000 cm-1 at a resolution of 4 cm-1. A spectrum showing the 

absorbance at various wave numbers was acquired using the OMNIC™ software.  

 

6.2.3.4. Mechanical properties 

In order to determine any changes in the mechanical properties during the resorption period, peak tensile 

strength and peak elongation were measured using a tensile tester (TestResourses Inc, MN, USA).  A 25 lb load 

cell was used and the gauge length was fixed to 20 mm with crosshead speed of 30 mm/min. The specimens 

were cut into 4 mm by 30 mm strips. The peak forces measured from three replicates were averaged and divided 

by the cross-sectional area to give the mean peak tensile stress (MPa). Since the scaffolds were not a solid 

membrane, porosity (void fraction) was taken into account when calculating the cross-sectional area. The results 

are reported as peak stress (MPa), initial tensile modulus (MPa) and the peak elongation (%) as a function of 

resorption time.   
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6.2.3.5. X-ray photon spectroscopy (XPS) analysis 

To detect any protein adsorption on the surface during exposure to the enzyme and DMEM cell culture media, 

surface analysis was conducted by a Riber XPS system using monoenergetic Mg Kα (1253.6 eV) x-rays from a 

Mg-Al dual source and a Mac 2 cylindrical mirror analyzer. The beam energy was 12kV, 14mA, and spot size 

of 1mm. Survey scans from 0 to 1200 eV were acquired with a step size of 1.0 eV and a dwell time of 0.1 sec. 

Narrow scans of individual elemental peaks were acquired with a step size of 0.1 eV and a dwell time of 0.2 

sec. 

 

6.2.3.6. Scanning electron microscopy (SEM) analysis 

To investigate the extent of resorption, the surface of the scaffolds was viewed using a scanning electron 

microscope (SEM). Specimens were mounted on aluminum stubs using conductive carbon tape and were then 

coated with gold/palladium using an Emitech Sputter Coating System (MA, USA) to obtain a conductive 

coating about 100 Å thick. Images were acquired from a FEI Company Phenom™ (Netherlands) (Model # 800-

03103-02) scanning electron microscope. 

 

6.2.4. Statistical analysis 

Post-evaluation analysis for observing changes in weight and mechanical properties were performed with 

sample size of n = 3 for each time point. Data is presented as average ± standard deviation. Statistical analysis 

was performed using JMP 7.0 (SAS, Cary, NC) using student’s t-tests with p-values less than 0.05 were 

considered statistically significant.  
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6.3. RESULTS AND DISCUSSION 

6.3.1. Changes in mass (weight)  

The change in mass of the specimens is presented in Figure 6.1 as average weight in mg at each time point with 

error bars representing the standard deviation. The mass of the control samples was compared statistically with 

the mass of the specimens at Day 21 for each treatment condition. For the PLA fabric sample with round fibers, 

it was only under the PBS treatment condition that a significant decrease in mass (8.0 %) was observed after 21 

days (p < 0.05). With the other two conditions, there were no significant changes. For the PLA fabrics with 

grooved fibers, no significant changes were observed under any of the treatment conditions. As shown in Figure 

6.1, the variances between the specimens were larger for the PLA fabric with the grooved fibers compared to 

the PLA fabric with the round fibers. This suggests that the fabric with the grooved fibers was less uniform and 

exhibited more variability among the sample population. Although not statistically significant, both types of 

scaffolds appeared to increase in mass after 21 days in the cell culture media. This can be explained by protein 

adsorption on the surface during the treatment. Protein adsorption on the surface during the study was 

confirmed by XPS and SEM analysis, which will be discussed in the next sections. Other studies have reported 

PLA losses in mass being significant only after at least 8 weeks of resorption and the rate decreases with the 

hydrolysis time [196]. Since it was known that the resorption rate of PLA is slow among aliphatic polyesters it 

was not expected to find any significant change in initial mass during this study. 
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Figure 6.1- Change in mass of PLA nonwoven fabrics with round and grooved fibers during resorption study  
(Error bars: ± standard deviation) 
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6.3.2. Changes in molecular weight 

Any change in molecular weight was measured by gel permeation chromatography (GPC). This would confirm 

if there was any chain scission activity during the initial 3 weeks of resorption. As shown in Figure 6.2, none of 

the treatment conditions were responsible for a loss in molecular weight (Mw) compared to the PLA control 

sample (Day 0). It is known that with aliphatic polyesters, mass loss is not observed until a limiting molecular 

weight is reached (Mn of about 5000). This is because the resorption process first involved swelling of the 

polymer, followed by a decrease in molecular weight occurs due to random hydrolytic ester cleavage, and then 

the third stage is characterized by the onset of weight loss and a change in chain scission rate [90].   

 

 

 

 

Figure 6.2- Changes in molecular weight (Mw) of PLA nonwoven fabrics with grooved fibers during resorption study 
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6.3.3. Changes in thermal properties 

To investigate changes in thermal properties during the resorption study, DSC measurements were undertaken 

as shown in Table 6.1 and Figure 6.3. The two PLA fabrics containing fibers with different cross-sections 

showed different thermal characteristics in terms of the degree of crystallinity and the shape of their melt peaks. 

The scaffold with round cross-sectional fibers had a higher melting temperature by approximately 5°C 

compared to the scaffold with grooved fibers, indicating that the round fibers had a more stable crystalline 

structure with larger crystallites. 

 

 

 

Table 6.1- Thermal characteristics of PLA scaffolds during the resorption study 

 

Scaffold 
Type 

Treatment 
conditions 

Period of 
resorption 

study 
(Days) 

Pre-melt 
endotherm 

peak 
temperature 

(°C) 

Melt peak 
temperature 

(°C) 

Heat of 
fusion,  
ΔH (J/g) 

Crystallinity  
(%) 

CONTROL 0 160.3 167.4 48.2 51.4 
7  161.2 167.1 40.1 42.8 

14 161.3 167.5 44.8 47.8 PBS 
21 160.2 167.2 48.7 51.9 
7 160.7 167.2 40.6 43.4 

14 161.9 167.9 42.5 45.3 Enzyme 
21 161.9 167.3 43.8 46.7 
7 160.5 167.0 44.3 47.2 

14 161.4 167.4 37.4 39.9 

PLA_ 
Round 

Cell culture 
media 

21 161.6 167.7 39.3 41.9 
CONTROL 0 157.2 162.7 38.7 41.3 

7  159.2 163 38.1 40.6 
14 158.4 163.3 39.4 42.1 PBS 
21 158.8 162.6 33.6 35.8 
7 158.0 163.2 37.7 40.2 

14 159.9 163.3 37.3 39.8 Enzyme 
21 158.6 162.9 38.8 41.4 
7 158.9 162.9 33.1 35.4 

14 159.2 163.3 35.6 37.9 

PLA_ 
Grooved 

Cell culture 
media 

21 158.7 162.9 33.5 35.7 
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As shown in Figure 6.3, there was no glass transition temperature observed for either type of scaffolds 

reflecting that only negligibly small amount of amorphous chains were contained between the crystalline 

regions. It has been reported that PLA polymer usually shows glass transition temperature of 60–70°C [243] but 

depending on the fiber processing, the transition may not be clearly evident. Yuan et al. [244] have reported that 

although as-spun fibers exhibit both a glass transition temperature and a melting peak, once the fibers have been 

hot-drawn, only the melting peak remain. The two fabrics with different cross-sectional fibers showed a 

distinctive difference in terms of the shape of the initial melt peak, even though they were produced from the 

same polymer. The scaffolds containing round fibers exhibited two equally sized endotherm peaks at the 

melting point, suggesting that it contained different sizes of crystallites with different thermal stabilities. On the 

other hand the scaffolds with grooved fibers had a single and distinct melt peak with a smaller pre-melt 

shoulder. Figure 6.3 presents a series of DSC curve for both fabrics under different conditions with the control 

sample at the bottom and Week 3 sample at the top of each figure.  During the resorption study both scaffolds 

gradually lost the sharpness of their pre-melt endotherm peaks and shoulders, which moved to the right. This 

shifting and the disappearance of the shoulder were most prominent after 3 weeks under the cell culture media 

condition (Figure 6.3). The degree of crystallinity was calculated from the enthalpy under the melt peak 

knowing the heat of fusion of 100% crystalline PLA is 93.0 J/g [243]. The scaffolds with round fibers had a 

higher degree of crystallinity than the scaffolds with grooved fibers. Typical values for the degree of 

crystallinity of PLA polymer have been reported to lie between 0 – 40 % with the values increasing as the 

polymer is spun into fibers, and the fibers experience higher draw ratios.   

 

Usually during fiber spinning when the polymer is being extruded and quenched, the surface cools faster than 

the interior of the fiber. As a result the outer sheath will contain smaller crystalline regions compared to the 

interior of the fiber. These smaller crystallites will require less energy to melt during thermal analysis, and so 

will be associated with a pre-melt endotherm peak or shoulder at a lower temperature than the actual melt peak. 

Since the round PLA fibers contained two distinct melt peaks, this suggests that the round fibers contained two 

different sizes of crystallites of approximately equal importance; the small crystallites in the outer sheath, and 
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the larger crystallites in the inner core (Figure 6.3). In comparison, the grooved fibers contained only a small 

pre-melt shoulder, rather than a pre-melt peak, indicating that there were fewer smaller crystallites in the outer 

sheath (Figure 6.3). This difference can be explained by the removal of the EastOne™ component, which was 

located only in the outer sheath of the extruded grooved fibers.   

 

As shown in Table 6.1, all the samples in this study experienced some decrease in crystallinity after being 

exposed to a range of different resorption conditions. The extent of this decrease in crystallinity was most 

dramatic for the samples exposed to cell culture media conditions. However, there appeared to be both losses 

and gains in the level of crystallinity over the 3 week period of the study. The results from other degradation 

studies have shown that increases in crystallinity have also been observed during the initial resorption period 

when the amorphous regions are affected first [196, 245, 246]. The degradation process generates shorter 

chains, which rearrange and diffuse more rapidly. Then the level of crystallinity will start to decrease after all 

the amorphous regions have been removed. However, since the PLA fibers in the scaffolds were not only melt-

extruded but also underwent bonding, hydroentanglement, heat setting and scouring processes to generate the 

100 % PLA nonwoven structure, they may not necessarily demonstrate the typical microfibrillar model with 

folded chains and fringed micelles [245]. It could be interpreted that the different conditioning treatments led to 

fiber swelling that initially affected the alignment and orientation of the microstructure in the external regions of 

the fibers where the smaller less stable crystallites were located and so were more readily affected by the 

hydrolytic conditions (Figure 6.3) [203]. The fact that there were more evident changes in crystallinity for the 

round fibers compared to the grooved ones can be explained by the greater proportion of smaller, less stable 

crystallites present in the round fibers which, during the resorption study at 37°C contributed to more 

rearrangement and merging of crystallites compared to the grooved fibers. Self-catalyzing behavior has also 

been reported to occur during degradation process of aliphatic polyesters that depends not only on the chemical 

structure of the polymer but also on the morphology of the structure [206]. However this phenomenon was 

difficult to evaluate during this 3 week study because only PLA reconditioning and no resorption was observed.  
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Figure 6.3- DSC curves of PLA scaffolds during resorption study 
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6.3.4. Changes in chemical composition 

To identify any change in microstructure or chemical composition of the scaffolds during the resorption study, 

FTIR analysis was conducted. Several major peaks, which are characteristic of aliphatic polyesters, were 

identified in both control samples. The PLA spectrum consisted of an aliphatic C-H stretching region between 

3000 and 2850 cm-1, the second and third regions including C=O stretching band at 1757 cm-1 and asymmetric 

stretching vibrations of C-O and C-O-C between 1300 cm-1 and 1000 cm-1 which are expected from an aliphatic 

polyester [209, 210]. In addition, characteristic bands for PLA were also observed at 1211, 1178, 1126, 1066 

and 1045 cm-1. As shown in Figure 6.4, the overall intensity of all these peaks did not change dramatically after 

the 3 weeks of resorption conditions regardless of the type of treatment. The only significant change in 

absorbance was observed between 1200 cm-1 and 1050 cm-1 band regions when exposed to enzymatic 

conditions as indicated by arrows. However, the trend was not consistent with the type of scaffolds.  Reductions 

in the peaks related to the carbonyl (1757 cm-1), and ether groups (1100 cm-1) and the –CH3 (1455 cm-1) side 

groups indicates evidence of chain scission [210, 247].  It has been previously reported that the shape and 

intensity of these bands are particularly sensitive to environmental changes [211]. Another noticeable change in 

the infrared absorption for both types of PLA scaffolds generated new peaks at 1650 cm-1 and 1540 cm-1 after 3 

weeks of exposure to enzyme and cell culture media treatments. The intensity of these new peaks was higher for 

the scaffolds exposed to the cell culture media, while no such absorptions were detected with PBS treatment. It 

has been reported that an amide I band for proteins (C=O peptide stretching vibration) absorbs between 1620 

and 1680 cm-1, while an amide II band (N-H bending and C-N stretching vibrations) absorbs in the 1550 cm-1 

region [212, 213]. This suggests that these additional bands reflect the presence of proteins adsorbed on the 

surface of scaffolds under enzymatic and cell culture media treatments. For both types of fabric under all 

treatment conditions, the peak intensity of the carbonyl group did not undergo any change.  
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Figure 6.4- FTIR spectra of round PLA scaffolds upon resorption study (Black: Control; Red: Day 21) 
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Figure 6.5- FTIR spectra of grooved PLA scaffolds upon resorption study (Black: Control; Red: Day 21) 
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6.3.5. Changes in mechanical properties 

To determine the changes in mechanical properties of the PLA scaffolds under different conditioning 

treatments, peak tensile strength, initial tensile modulus and peak elongation were measured. Generally, the 

scaffolds with grooved fibers showed higher tensile strength, initial tensile modulus and lower elongation 

compared to the scaffolds with round fibers. This was expected as the nonwoven fabric with grooved fibers had 

a denser and more compact web formation with greater fiber entanglement and higher tensile stiffness.  Since 

these fabrics are nonwoven structures, ultimate failure does not necessarily occur due to fiber breakage, but 

more frequently due to fiber slippage and the loss of inter-fiber bonding. 

 

The control sample of the scaffold with round fibers exhibited a three fold lower peak tensile stress of 7.5 ± 2.8 

MPa compared to the grooved fiber scaffolds with 23.5 ± 1.9 MPa (Figure 6.5). For the scaffolds with round 

fibers, the specimens exposed to PBS treatment showed a gradual decrease in peak tensile stress, which was 

significantly different at Day 21 (p < 0.05). However, with enzyme treatment, the peak tensile stress appeared to 

increase during this period (p < 0.05). The peak tensile strength of the samples exposed to the cell culture media 

treatment also showed increase by Day 21, but the change was not significantly different (p > 0.05). For the 

fabrics with grooved fibers, the specimens exposed to all conditions including PBS, enzyme and the cell culture 

media treatments showed significant increases in peak tensile strength after 21 days of conditioning (p < 0.05). 

It was observed that when the grooved specimens were retrieved from the different treatments for post-

evaluation, it was visually and manually evident that the samples were stiffer. For both types of scaffolds, 

enzyme treated samples showed the greatest increase in peak tensile stress by almost 100 %, which may be the 

result of enzyme adsorption at the surface leading to increased stiffness of the fabric. 

 

Peak elongation was also measured for both types of scaffolds and the scaffolds with round fibers exhibited 

higher peak elongation value of 98.1 ± 17.1 % compared to 50.9 ± 3.9 % for the grooved scaffolds (Figure 6.6). 

Overall for the scaffolds with round fibers, the elongation values decreased during resorption treatments, 
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whereas the grooved scaffold samples showed slight increases in elongation. For the PLA fabric with round 

fibers, a significant decrease in peak elongation was observed only under PBS treatment (p < 0.05), whereas no 

significant change was observed for the other two treatments (p > 0.05). However, for the PLA fabric with 

grooved fibers, there was an opposite trend. There was no significant change at Day 21 compared to the control 

samples under PBS treatment (p > 0.05), but for the other two conditions, there was a significant increase in 

elongation (p < 0.05).  

 

Initial modulus was measured to monitor the changes in tensile stiffness of the scaffolds. The initial modulus of 

the control scaffolds with round fibers was lower; the average value being 9.51 ± 0.93 MPa compared to 40.83 

± 2.27 MPa for grooved scaffolds. It appears that similar trends existed for changes in initial tensile modulus for 

both types of scaffolds during the treatments as shown in Figure 6.7. For the fabrics with round fibers, PSB 

treated samples did not show any significant change (p > 0.05), whereas all other conditions exhibited 

significant increases (p < 0.05) in the initial modulus at Day 21. For the samples under the cell culture media 

treatment, the average modulus value increased dramatically to almost 500 % of its initial value. The same trend 

existed for the fabrics with grooved fibers, where there was no significant change under PBS conditioning (p > 

0.05), whereas for the enzymatic and the cell culture media treatments, significant increases in initial modulus 

were evident by Day 21 (p < 0.05). Both treatments resulted in an approximately 200 % increase in the initial 

modulus compared to the control.  
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Figure 6.6- Change in peak tensile strength of PLA scaffolds with round and grooved fibers during resorption study 
(Error bars: ± standard deviation) 
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Figure 6.7- Change in peak elongation of PLA scaffolds with round and grooved fibers during resorption study 

(Error bars: ± standard deviation) 
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Figure 6.8- Change in initial modulus of PLA scaffolds with round and grooved fibers during resorption study 

(Error bars: ± standard deviation) 
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Since both scaffolds were nonwoven fabrics, depending on the bonding strength, the fiber orientation and 

alignment in the web, the mechanical properties were observed to change. Since the grooved scaffolds had a 

higher surface area and greater hydrophilicity, it was expected that the mechanical properties would be more 

readily affected by wet conditioning compared to the scaffolds with round fibers. However, there was no 

evidence from the observed changes in mechanical properties to support this hypothesis.  

 

It has been reported that the general sequence for aliphatic polyester degradation is caused first by polymer or 

fiber swelling, second loss in molecular weight, followed by loss in mechanical strength leading eventually to 

physical mass loss when water diffusion into the polymer is faster than the cleavage of ester bonds [241]. 

However this type of observation would only be possible in a long-term study. Generally upon resorption, loss 

of mechanical properties is common once hydrolysis has started to affect the crystalline regions [261, 264]. 

However, there are studies reporting increase in tensile modulus or stiffness of polymer upon initial resorption 

[205] but also studies reporting no significant change in tensile properties of PLA fibers until after 35 weeks of 

degradation exposure [248]. It appears that in our study protein adsorption and binding to the scaffold 

specimens played a major role in enhancing the mechanical properties of our samples exposed to cell culture 

media conditions. 

 

6.3.6. Changes in surface properties 

When viewed under SEM, there were no apparent differences in surface morphology of the throughout this 

resorption study for either the round or the grooved fibers, confirming that the scaffolds were stable in aqueous 

media for 3 weeks. It has been reported that only after 8 weeks of degradation does the surface exhibit increased 

roughness, and after 20 weeks the fibers deteriorate into fragments [195]. For the grooved scaffolds, it was 

evident that particularly in the external areas of the nonwoven fabric the grooved fibers had become fibrillated 

into smaller ribbon like fibers (Figure 6.9).  
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For both types of scaffolds proteins were observed by SEM to adhere to the fibers’ surfaces after 3 weeks of 

exposure to the enzyme and cell culture media environments as shown in Figures 6.8 and 6.9. It has been 

reported from other studies that since the enzyme molecules are large in size, the extent of hydrolysis is more 

dependent on the surface area rather than the microstructure of the fibers [249].  At the same time, the samples 

changed color and appeared to be stiffer. It has been reported in the literature that papain enzyme can bind 

tightly to long chain polyester molecules creating a stable enzyme-substrate complex, hindering the catalytic 

activity and increasing the activation barrier [202]. Another study has reported evidence to show that hydrolytic 

breakdown of aliphatic copolymers is strongly influenced by the presence of serum albumin which is attributed 

to its esterase-like activity [209]. However, since the enzyme and cell culture media proteins bind tightly to the 

fibers, any immediate change in mass or mechanical properties could not be accurately measured in this study.  

So although the extent of degradation could not be monitored for the aqueous treatments in this study, it was 

interesting to observe how the cell culture media interacted with the fibers since this mimics the actual in vitro 

cell culture conditions. By Day 21, the media layer completely covered the fibers’ surface forming a thin 

continuous sheet. This sheet formation appeared to be more advanced on the scaffolds with round fibers 

compared to grooved fibers. This also supports the dramatic increase in modulus values observed with the 

grooved fiber scaffolds.  

 

 

 

 

 

 

 

 

 

 



 145 

 

 

 

 

 

 

 
Figure 6.9- SEM photomicrographs of PLA nonwoven fabric with round fibers during resorption study 
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Figure 6.10- SEM photomicrographs of PLA nonwoven fabric with grooved fibers during resorption study 
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In order to determine the extent of protein adsorption and confirm the FTIR analysis for the fibrous scaffolds 

under enzymatic and cell culture media conditions, XPS surface analysis was conducted. Since XPS analysis is 

capable of detecting elements in the outermost surface (~100 Å) compared to FTIR, where the signal can be 

obtained from a specimen depth of 1-5 µm, the XPS technique is more sensitive for evaluating surface 

phenomenon. Elemental analysis, which confirms the presence of nitrogen in certain samples, is presented in 

Table 6.2, and the XPS survey scans for the different scaffolds are shown in Figure 6.10.  It was interesting to 

note that the maximum amount of nitrogen found on the surfaces of the scaffolds was either at Day 7 or Day 14.  

It appears that protein adsorption occurs through a complex series of events that depends on both the material’s 

surface properties and the nature of the protein [250]. The fact that proteins adhere well to the scaffolds’ 

surfaces is encouraging from a tissue engineering point of view since this is likely to facilitate more cellular 

adhesion.  

 

 

 

Table 6.2- Elemental analysis of PLA scaffold surface during resorption study  

Scaffold 
Type 

Treatment 
conditions 

Period of 
conditioning 

(Days) 
C 1s (%) O 1s (%) N 1s (%) Si 2p (%) 

CONTROL 0 60.32 34.96 - 4.72 
7 62.51 29.75 7.73 - 

14 56.12 36.85 5.11 1.92 Enzyme 
21 64.43 30.53 5.04 - 
7 54.02 39.61 6.37 - 

14 66.44 25.87 7.69 - 

Round 
PLA 

Cell Culture 
Media 

21 73.81 22.54 3.65 - 
CONTROL 0 67.45 29.78 - 2.78 

7 64.19 31.60 4.21 - 
14 60.83 31.11 8.06 - Enzyme 
21 63.08 31.65 4.15 1.13 
7 73.46 20.43 4.45 1.66 

14 65.13 26.25 8.06 0.56 

Grooved 
PLA 

Cell Culture 
Media 

21 69.93 24.75 3.40 1.92 
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Figure 6.11- XPS plots of PLA scaffolds during resorption study with enzymatic and cell culture media treatments 
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6.4. CONCLUSIONS 

The stability of the nonwoven PLA fabrics with different cross-sectional fibers under different aqueous 

conditioning treatments has been evaluated for up to 21 days. Since the PLA fabric with the grooved fibers and 

higher surface area was more hydrophilic, it was expected that its properties would be more readily changed 

during exposure to aqueous media compared to the scaffolds with round fibers. However there was no evidence 

to suggest that the grooved fiber scaffold was more readily influenced by the treatment conditions compared to 

the round fiber scaffolds. In fact quite the opposite conclusion can be drawn, because the only evidence of 

significant mass loss was observed with the round fibers and that was after exposure to the PBS solution at pH 

7.4.  Otherwise there were no observed changes in initial mass and molecular weight for either PLA scaffold 

exposed to any of the three treatments. Although significant changes in mechanical properties were observed for 

certain treatments during the 21 day period of study, it is difficult to say that this was due to the effect of 

resorption since there was no evidence of active chain scission. Neither type of scaffold exhibited major 

changes in FTIR characteristic band intensities, suggesting there were no microstructural changes and 

recrystallization occurring during the study. However, new band formation was observed in the amide region 

from the enzymatic and cell culture media treatments suggesting that there was some protein adsorption during 

the 3 week study. The protein binding was also confirmed by SEM and XPS analyses. It is clear that these 

nonwoven PLA fibrous fabrics will act as stable scaffold materials during in vitro cell culture studies for up to 

21 days without losing their dimensional integrity or mechanical properties. Although the effect of enzymatic 

degradation could not be accurately evaluated due to surface protein binding, nevertheless, the ability of the 

scaffolds to promote high protein affinity does provide valuable information about potential cellular attachment. 

It was evident that the scaffold behavior was different under the cell culture media treatment compared to the 

PBS solution. Since studying the scaffold interaction under cell culture media with calf serum simulated actual 

in vitro culture conditions, the results provide some useful prediction as to how the scaffolds will behave during 

cell culture. 
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CHAPTER 7  

Hepatic Progenitor Cell Viability, Proliferation and 

Differentiation on Fibrous PLA Scaffolds∗ 

7.1. INTRODUCTION 

Although liver is the only organ in the human body that has the ability to regenerate, conditions such as liver 

cancer, acute liver failure, and end-stage liver disease require liver transplantation as the only therapeutic 

option. Many patients’ lives are saved by orthotopic liver transplantation, but due to a severe donor shortage, 

the high cost and complications after the surgery, such as lifelong immunosuppressive therapy, the search for an 

alternative treatment is of great interest [145-147].  As of 2006, 17,371 patients are on the waiting list for a liver 

transplant from among the 98,263 candidates awaiting a donor organ in the USA [4].  

 

Hepatic tissue engineering is one of the alternative therapeutic solutions to repair endogenous hepatic function 

typically using an appropriate scaffold matrix to culture hepatic cells [157, 158, 161]. Similar hepatocyte culture 

technology is also used in the pharmaceutical industry to screen the effects of new drugs and toxins prior to in 

vivo animal and human studies [145, 149]. The main paradigm of tissue engineering utilizes the approach where 

biomaterials can be designed and engineered to encourage living cells to repair and restore damaged tissues and 

maintain normal function. Since nearly all anchorage dependent cells reside in an extracellular matrix (ECM) 

                                                             

∗Collaborative work with Lisa L. Rice (PI: Dr. David Gerber) at Department of Surgery, University of North Carolina 
School of Medicine. 
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consisting of a complex 3D fibrous network, the main goal of an artificial scaffold/matrix would be to create an 

environment that closely mimics the natural ECM features and functions. Therefore, scaffolds should be 

designed to provide adequate environment for promoting hepatic cell attachment and proliferation in addition to 

acting as a delivery vehicle for transplantation while maintaining its mechanical integrity within the porous 

structure [143, 201].  

 

Hepatocytes are anchorage dependent cells, which can lose their liver-specific function if deprived of optimal 

ECM composition and cell-cell contact [146]. So utilizing an appropriate scaffold structure to culture these cells 

has been the most common approach in hepatic tissue engineering [150]. However, using mature hepatocytes in 

these studies have achieved limited success because these cells tend to lose their ability to differentiate and 

proliferate leading to losing their viability and functionality after implantation. Therefore, more recently, studies 

have explored the possibility of using bone marrow stem cells or hepatic progenitor cells found within the liver 

as a therapeutic tool for liver regeneration and hepatic tissue engineering [153, 155, 158]. Different types of 

hepatic progenitor cells have been identified during fetal liver development exhibiting typical features of 

hepatic stem cells with bipotential differentiation capacity towards liver or biliary phenotypes [174-176].  

 

The surface morphology of the scaffolds has been shown to play a significant role providing different stimuli 

and interaction with the cells. Specifically, complex interplays and interactions occurring at the cell surface and 

the matrix interface are likely to be mediated and affected by scaffold features including the pore structure, size 

and surface area leading to different differentiation pathways [251, 252]. Another factor of interest in these 

studies was that thin and nano-porous scaffolds still tended to result in heterogeneous cell growth with a 

confluent layer of cells at the outer surface of the scaffold and limited non-uniform growth in the inner core 

[253]. This small penetration depth is known to be due to limited seeding and inadequate nutrient delivery to 

meet the metabolic demands of the cells, or inadequate waste elimination.  
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In this study, two types of poly(L-lactic acid) (PLA) nonwoven fabrics with different pore sizes and surface 

areas have been selected as scaffold material to determine whether these structures can provide an adequate 

environment for hepatic progenitor cell proliferation and differentiation. To evaluate the two different types of 

scaffolds, pore size distribution and surface area were measured in addition to analyzing the cross-sectional 

morphology. To assess cell attachment, proliferation and hepatocyte-specific functions, an array of evaluation 

methods, including MTT assay, SEM, laser scanning confocal microscopy (LSCM), and Western blot analysis 

were performed. Cell proliferation into the Z-direction of the scaffold during the 7 day static culture was also 

investigated to determine whether the cells were able to penetrate and proliferate through the thickness of the 

scaffolds. 

 

7.2. MATERIALS AND METHODS 

7.2.1. PLA scaffolds 

Two types of poly-L-lactide (PLLA) hydroentangled nonwoven fabrics with different cross-sectional shaped 

fibers (round and multi-grooved) were chosen for this study. The basic properties of the scaffolds were 

evaluated and characterized in Chapter 5 and are presented in Table 5.1. In brief, both fabrics were supplied 

from Allasso Industries, Inc. (Raleigh, NC, USA). The PLA fabric with the round cross-sectional fibers was 

supplied as a hydroentangled staple fiber nonwoven, and the PLA fabric with the grooved cross-sectional fibers 

was also hydroentangled but still contained the sacrificial component from the bi-component spinning process. 

To remove the water dispersible sulphonated co-polyester acting as the sacrificial component (EastOne), the 

fabric was heat-set at 80 ± 5°C for 30 seconds and then scoured in deionized water at 70 ± 5°C. For cell culture 

experiments, scaffolds were all prepared as 6 mm discs to fit in 96-well plates except for Western blot, which 

were cut into 15 mm discs.  
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7.2.2. Pore size distribution 

The pore size distribution and mean pore size were measured by a capillary flow porometer (Porous Materials, 

Inc, Ithaca, NY). Prior to testing, specimens were pre-wet with silicone based Silwick fluid (surface tension 

20.1 dynes/cm). A fully wetted specimen was placed in the sample chamber and the chamber was sealed. Gas 

was then allowed to flow into the chamber behind the specimen and the bubble point was found when the 

pressure reached a point that overcame the capillary action of the fluid within the largest pore. Then the 

pressure was increased and the flow was measured until all the pores were empty, and the specimen was 

considered dry. The gas pressure and flow rates were then measured through the dry specimen so as to find the 

mean flow diameter. 

 

7.2.3. Scanning electron microscopy (SEM) 

Scanning electron microscopy analysis was used to investigate the morphology of the scaffold structures and 

observe cell attachment. Images were acquired from a JEOL JSM 5900-LV scanning electron microscope using 

an accelerating voltage of 15 kV. Specimens were mounted on aluminum stubs using conductive carbon tape. 

They were then coated with gold/palladium using a Hummer™ 6.2 Sputter Coating System (Anatech, CA, 

USA) to obtain a conductive coating about 100 Å thick.  

 

Samples with cells were first fixed in 4% formaldehyde with 0.01M phosphate buffered solution (PBS) for 15 

minutes and then exposed to a series of graded aqueous ethanol dehydration solutions: 30%, 50%, 70%, 90%, 3 

× 100%. After this process, the specimens were exposed in liquid CO2 for 10 minutes at equilibrium (1350 psi 

and 40° C) in a critical point dryer (Tousimis Samdri-795, Rockville, MD) before being sputter coated.  

 

7.2.4. Laser scanning confocal microscopy (LSCM) 

To visualize the cell population throughout the scaffold, laser scanning confocal microscopy (Zeiss LSM 710, 
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Carl Zeiss MicroImaging, NY, USA) was used with a 10 X 0.45 NA dry Plan Apochromat objective. The scan 

head was attached to a Zeiss Axio Observer Z1 inverted microscope with motorized x, y, z stage. Excitation 

with a 405 nm diode and emission absorbance of 409-507 nm was used. To stain the nucleus of the cells 

attached to the scaffolds, 200 µl of 4’6-diamidino-2-phenylindole (DAPI) solution was added to the fixed 

scaffolds prior to viewing. DAPI has an absorption maximum at 358 nm and an emission maximum at 461 nm 

appearing blue/cyan. The blue was converted to green for better viewing. The focus interval was 2.654 µm for 

the scans. Sections of 2D images were generated from the top and bottom 100 µm slices for the grooved fiber 

scaffolds and 200 µm slices for the round fiber scaffolds. The spatial resolution of the images was 512 x 512 

pixel. ZEN software (Carl Zeiss MicroImaging, NY, USA) was used for 3D image reconstruction and analysis. 

 

7.2.5. Hepatic progenitor cell culture 

A hepatic progenitor cell line was created using Sca-1 positive hepatic progenitor cells isolated from 6-8 week 

old mice, identified within the liver parenchyma expressing both biliary and hepatocytic features in previous 

studies [254]. The culture media conditions were DMEM (Dulbecco’s modified eagle medium) low glucose 

media containing 10% FBS, 20 mM Hepes, 30 mg/L L-proline, 1 mM L-ascorbic acid 2-phosphate (Asc2P), 10 

mM Nicotinamide, 1X Antimycotic-antifungal, 10ng/ml Epidermal growth factor, 2 uM CHIR99021 small 

molecule and 10 uM Interleuken 6. The media was changed 2 times per week. Once confluent, cells were 

passaged, using 1X Trypsin EDTA to remove the cells from the dish. The cells were then re-seeded at a ratio of 

1:5 in 60 mm culture dishes. The cells used in these scaffold experiments were at passage numbers 45 and 46.  

 

Scaffolds were soaked overnight in 70 % isopropyl alcohol to improve wetting under UV light for surface 

sterilization. Scaffolds were then washed 3 times with PBS and subsequently incubated in culture media for 2-3 

hours. Progenitor cells were seeded at a density of 127,500 cells/scaffold directly onto the scaffolds in a 96 well 

dish using 50 µl volume to prevent the cells from floating. After initial incubation for 4 hours to allow cells to 

attach, the media was changed and all FBS was removed prior to incubation for 24 hours. Removing the FBS 
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forces all the cells into the same phase of the cell cycle, which led to proliferation being measured more 

effectively. After 24 hours of incubation, the media was changed back to regular HPC media with 10 % FBS.   

 

7.2.6. MTT assay  

After 1, 4 and 7 days of culture, cellular attachment and viability were determined using 3-(4,5-

Dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide (MTT) assay. The Scaffolds were removed and placed 

in a clean well on the 96 well plates before addition of the MTT solution. The MTT solution was added in an 

amount that is 10 % of the culture volume and the cultures were incubated for 3 hours. After this incubation 

period, the cultures were removed and 100 µl of MTT solvent  (0.1M HCl in anhydrous isopropanol) was added 

to dissolve formazan crystals. The plates were placed in an orbital shaker for 30-45 min to promote the 

dissolution of the crystals. The absorbance was measured spectrophotometrically at a wavelength of 570 nm; 

the background absorbance was measured at 690 nm. To calibrate the assay for cell number, a reproducible 

linear response of absorbance vs. cell number was obtained.  

The linear correlation was y =144525x3+226867x2+172004x. 

 

7.2.7. Western blot analysis 

Scaffolds were seeded at 225,000 cells per scaffold in 24 well plates and allowed to proliferate for 7 days. 

Control wells had no scaffold but the same number of cells were seeded. Cells were lysed in RIPA buffer 

(Sigma Aldrich; St Louis, MO) containing 1 mL/100 mL protease inhibitor cocktail and phosphatase inhibitor. 

For the scaffold cultures, buffer was added directly to the scaffold wells. Lysates were purified by 

centrifugation at 14,000 g for 2 minutes and stored at -20 ºC. Protein concentrations were determined by using a 

standard Bradford assay and on a BioTek microplate reader. Total cell proteins (50 µg/lane) were run by SDS-

PAGE, transferred to a nitrocellulose membrane, incubated with a blocking buffer (5 % nonfat dry milk in Tris 

Buffered Saline with 0.05 % Tween20, pH 7.5), and probed with primary antibodies overnight. The antibodies 

included Albumin 1:1000, AFP 1:1000 (Dako; Carpinteria, CA), and a Beta Actin control (Sigma Aldrich; St 
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Louis, MO). After 1 hour incubation with appropriate HRP secondary antibodies (Dako; Carpinteria, CA) 

peroxidase activity was detected by enhanced chemiluminescence. Densitometric signals from Western blots 

were analyzed with NIH-Image J software. Protein levels were calculated in arbitrary units (AU) normalized 

with β-actin protein levels. 

 

7.2.8. Statistical analysis 

All cell culture experiments were performed three times with a sample size of n = 3 per replicate. The data are 

presented as average ± standard deviation. Statistical analysis was performed using statistical software JMP 7.0 

(SAS, Cary, NC). For the one-way ANOVA and student t-tests, p-values less than 0.05 were considered 

statistically significant.  

 

7.3. RESULTS AND DISCUSSION 

7.3.1. Morphology of PLA scaffolds 

The morphological properties of the two types of PLA scaffolds were compared using SEM analysis. The round 

cross-sectional fibers had average diameter of 11.8 ± 0.9 µm. The nonwoven fabrics with grooved fibers had a 

bipolar distribution of fiber diameters: one being the multi-grooved fibers with an average diameter of 10.4 ± 

0.9 µm and the other being the fibrillated ribbon-like micro fibers with an average diameter of 2.3 ± 0.6 µm. 

These finer fibrillated micro-fibers were located primarily on the outer surface of the grooved fiber scaffold. 

This suggests that they were most likely caused by the additional processing steps of hydroentanglement, heat 

setting and scouring. The cross-sectional SEM images of these scaffolds confirmed that the grooved fibers 

remain intact in the inner core of the nonwoven fabric sample (Figure 7.1). 

 

To evaluate the pore size distribution within of the scaffolds, capillary flow porometer was utilized for analysis. 

The pore size distribution of these scaffolds is reported in Chapter 5 (Section 5.3.1.2), Figure 5.5. The mean 
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flow pore diameters were 36.06 ± 13.19 µm for the PLA scaffold with round cross-sectional fibers and 5.03 ± 

4.83 µm for the PLA scaffold with grooved cross-sectional fibers. In this technique, the pores of the sample are 

filled with a wetting liquid and the liquid is emptied by pressurized gas permitting gas to flow through the 

empty pores [222]. Since capillary flow porometry measures the throat diameter of each open pore that connects 

one side of the fabric to the other, the reported pore sizes may appear smaller when compared to the data 

measured by other evaluation techniques. So although the pore size reported here does not necessarily represent 

the average size that the cells are exposed to, this approach to measuring the size of the open pores still provides 

a key parameter for predicting cellular migration and nutrient diffusion, and is therefore relevant in 

characterizing the scaffold’s structures for tissue engineering applications [41]. 

 

One of the main parameters affecting the efficiency of initial cell seeding has been identified to be the average 

pore size, because it controls both the tissue in-growth and the internal surface area available for cell attachment 

[30]. If the pores are too small, they become occluded by the cells, which will prevent cellular penetration, 

extracellular matrix production, and neovascularization in the inner regions of the scaffold. The optimal pore 

sizes for tissue regeneration have been reported differently depending on the application and the type of cells. 

For example, a pore size of 5 µm is needed for neovascularization, 5-15 µm for fibroblast ingrowth, 20 µm for 

the ingrowth of hepatocytes, 20-125 µm for regeneration of adult mammalian skin, and 100-700 µm for 

regeneration of bone [20, 21]. Ma et al.[29] have reported differences in cell morphology and spatial 

organization according to the pore size within a polyester (PET) nonwoven matrix. With a large pore diameter 

of 20 µm, human trophoblast ED27 cells, which are typically 14 µm in diameter, were not able to bridge 

neighboring fibers thus limiting their spreading and proliferation. Consequently they tended to form large 

aggregates in the larger pores and became more differentiated. In contrast, cells grown in the matrix with the 

smaller pore size of 15 µm had a better chance to bridge between adjacent fibers, spread and proliferate more 

rapidly. However, they were less differentiated suggesting that pore size is crucial in determining cell 

morphology and proliferation as well as differentiation and tissue function [29, 30, 36].  
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Figure 7.1- SEM photomicrographs of top and cross-sections of PLA scaffolds with round and grooved fibers 
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7.3.2. Correlation between MTT assay and direct cell counting 

An MTT viability assay was performed on directly counted hepatic progenitor cell lines. Regression analysis of 

the results showed that there was a correlation between directly counted cell numbers and the MTT absorbency 

at 570 nm as the polynomial formula, y =144525x3+226867x2+172004x, r2 = 0.99623 as shown in Figure 7.2. 

The viable cell numbers attached to PLA scaffolds at different time points were determined from this calibration 

curve. 

 

 

 

 

Figure 7.2- Cell number calibration curve from MTT assay 
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7.3.3. Cell viability and proliferation 

In order to evaluate cellular attachment and proliferation, an MTT assay using static culture conditions was 

undertaken at Day 1, 4 and 7 of static culture conditions as shown in Figure 7.3. Hepatic progenitor cells were 

cultured without any scaffold material as the control. Throughout the culture period, more cells attached and 

proliferated on the culture plate without scaffold material showing significant differences during the initial 

period (p < 0.05). By Day 7, the difference was no longer significant suggesting that the scaffolds did support 

cell growth comparable to the 2D monolayer culture. At all time points of evaluation, the scaffolds with round 

fibers appeared to have outperformed the scaffolds with grooved fibers but the difference was not significant (p 

> 0.05). This observation contradicted the general expectation that the scaffolds with the grooved fibers with a 

five times larger surface area would promote initial cellular adhesion compared to the scaffolds with round 

fibers. Cell proliferation throughout the cell culture period was not dramatic for any of the conditions, where the 

increase in cell number was not significant except for the scaffolds with grooved fibers between Day 4 and 7 (p 

< 0.05). For all three cultures conditions including both scaffolds and the no scaffold condition, there was no 

overall trend in cell proliferation as the cell culture test continued through to Day 14.  It should be noted that all 

the experiments were performed on three replicates with different passaged cells each time. So although the 

results are presented by averaging the whole population at each time point, the effect of replications or the 

effect of using different passaged cell lines on the proliferation should not be neglected. It was found that the 

replications did have a significant effect on the viability results (p < 0.0001) for all of the treatments (scaffold 

types and culture days) so the huge variances within the results may not necessarily be from the different 

scaffold types but from the different passaged cells.  

 

Using the polynomial formula from Figure 7.2, cell numbers were calculated in respect to the absorbance values 

from the MTT assay. Although scaffolds with round fibers retained more viable cells during the initial culture 

period by Day 7 the numbers were almost equivalent. (Figure 7.4) It appears that the scaffolds with round fibers 

with bigger pore size facilitated superior initial cell attachment and proliferation with better waste removal and 

nutrient transport providing better culture environment for the hepatic progenitor cells. This suggests that high 



 161 

surface area is not the only factor for promoting cellular attachment and proliferation, but also their pore size 

and fiber geometry play a role with respect to different cell types. Although the initial attachment was lower, the 

fact that the scaffolds with grooved fibers caught up with the level of proliferation measured on Day 7 also 

indicates that this environment containing grooved fibers also facilitated active cellular proliferation.  

 

 

 

Figure 7.3- MTT assay measuring hepatic progenitor cell viability on PLA scaffolds with round and grooved fibers at 
Days 1, 4 and 7; Top: average absorbance values, bottom: corresponding cell number  

(Error bars: ± standard deviation) 



 162 

To visually confirm the cellular attachment on the surface of the scaffolds, SEM analysis was utilized. As 

shown in Figure 7.4 and 7.5, it is evident that the cells are attaching and proliferating on the surface of both 

scaffolds. Since SEM analysis is limited to viewing only the surface attachment, laser scanning confocal 

microscopy with DAPI staining of nuclei (green) was used for observing cellular attachment throughout the 

whole scaffolds as seen in Figure 7.6.  The blank regions without cells are due to holes created in the scaffold 

structure from the jet streaks during the hydroentanglement process.  This prevented cell attachment in these 

regions.  It is evident that the cells were proliferating during the 7 day culture period and although it is difficult 

to quantify the changes during the time points, a large increase in fluorescence between Day 4 and 7 on the 

scaffolds with grooved fibers is evident, which agrees with the MTT assay results. However, an interesting 

observation during this analysis was that the cells attaching on the different type of scaffolds appeared to show 

different morphology. The cells on the scaffold with round fibers seemed to be adhering along the micro fibers 

exhibiting more elongated morphology whereas the cells on the scaffolds with grooved fibers appeared to be 

form rounder and smaller colonies. This observation led to questioning about the possibility of a phenotypic 

change in a hepatic progenitor cell line during the culture period according to different fiber morphologies.  

 

 

 

Figure 7.4- SEM photomicrographs of hepatic progenitor cell attachment on PLA scaffolds with round and grooved 
fibers 
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Figure 7.5- SEM photomicrographs of hepatic progenitor cells cultured on PLA scaffolds with round and grooved 
fibers at Days 1, 4 and 7 

 

 

The cells used in this study are from a cell line created using Sca-1 positive hepatic progenitor cells isolated 

from 6-8 week old mice. Studies have reported that hepatic progenitor cells demonstrate proliferative potential 

exhibiting features of either hepatocytes or biliary epithelial cell populations [157, 255, 256]. It has been known 

that in the case of progenitor cell differentiation, the microenvironment is likely to be one of the important 

factors dictating the type of mature functional cells, suggesting the significance of artificial microenvironments 

created by the scaffolds to promote both progenitor cell proliferation and differentiation [257, 258].  
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Figure 7.6- LSCM images showing hepatic progenitor cell proliferation on PLA scaffolds with round and grooved 

fibers at Days 1, 4 and 7 
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7.3.4. Cell penetration 

In order to determine whether or not the cells were populating only the surface of the scaffolds, sectional scans 

obtained from the laser scanning confocal microscopy analysis was reconstructed to observe the spatial 

population of the cells in the z-direction. For the round fibrous scaffolds having 600 µm thickness, scans of 200 

µm thickness sections were reconstructed. For the thinner grooved scaffolds with 300 µm of thickness, scans of 

100 µm thickness sections were reconstructed, both from the top and the bottom. As presented in Figure 7.7, it 

is evident that although fewer cells are present in the bottom compared to the top where the initial seeding took 

place, the cells are also penetrating through the thickness of the scaffolds and proliferating. Although this 

constructed image is only a fraction of the whole scaffold construct, it still provides encouraging evidence that 

the cells are proliferating throughout the construct without being depleted of nutrition or being localized only on 

the outer surface. 

 

 

 

Figure 7.7- LSCM images to evaluate cell penetration through the PLA scaffolds with round and grooved fibers at 
Days 1 and 7 (Top and bottom 200 µm sections for round, 100 µm for grooved scaffolds; green: DAPI stain) 
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Compared to 2D monolayer cultures, these 3D scaffold constructs impose more demanding requirements for 

efficient mass transport to cells so that they can achieve tissue uniformity and avoid tissue formation only in the 

peripheral regions of the scaffold [13, 14]. The mass transport characteristics of a scaffold affect oxygen and 

nutrient delivery, waste removal, cell migration and penetration. These factors are usually correlated with the 

chemical composition of the scaffold and the structural geometry of its pores or void space, which are mainly 

characterized by its pore size distribution, total porosity, pore interconnectivity and surface area [15-17]. The 

limitation of scaffold thickness has been reported in many three dimensional tissue engineering systems, where 

the growth of cells has been restricted to a distance of a few hundred microns from the fluid-tissue interface and 

where the cells have been concentrated near the outer surface [253, 259]. This length scale is similar to the 

characteristic length for solute diffusion in tissues, where for metabolically active tissues in vivo, most cells 

reside within 100 µm of a capillary to supply the nutrients [15]. So for engineered tissue constructs cultivated in 

static culture without medium perfusion, neotissue formation is generally limited to the peripheral regions 

extending only 100-200 µm into the scaffold due to oxygen diffusion limitations [16, 18].  

 

This is also the major limitation for achieving a high density culture of liver cells. Although the present result 

was for only a 7 day culture period, it serves as a good indicator that our porous and fibrous scaffold system 

does support adequate diffusion in static culture that the hepatic progenitor cells are able to penetrate through 

the 300-600 µm thickness of the construct. Although this is encouraging, it should be noted that the liver is the 

only organ that receives both arterial and venous blood supply owing to high oxygen demands and hepatocytes 

are located less than 2 µm distance from the nearest blood vessel [145]. Therefore, in order to successfully 

engineer a functional liver-like tissue for in vivo implantation, in addition to modulating the diffusion capacity 

with the scaffold geometry and pore structure, innovative techniques to promote vascularization should be 

sought so as to mimic rich capillary networks under dynamic culture conditions. A recent study has successfully 

demonstrated recellularizing a decellularized liver matrix, which retained the vascular structure to generate a 

transplantable liver graft supporting hepatocyte survival and function with minimal ischemic damage [160].  
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7.3.5. Hepatic functionality 

Using Western blot analysis, the hepatic progenitor cells cultured on the scaffolds for 7 days were analyzed for 

albumin and α-fetoprotein (AFP) to evaluate their hepatic function. For comparison, cells were also cultured as 

2D monolayers without any scaffold material. As shown in Figure 7.8, Western blot analysis indicated that 

hepatic progenitor cells cultured for 7 days on scaffolds were positive for two liver-specific functional markers 

including AFP and albumin. The bottom plot in Figure 7.8 was obtained by analyzing densitometric signals 

from Western blots. Protein levels were calculated in arbitrary units and normalized to sample β-actin protein 

levels. The hepatic progenitor cells cultured on the round fiber scaffolds appeared to have expressed more 

albumin compared to the grooved fiber scaffolds but the difference was not statistically significant (p > 0.05). 

For all conditions including the cells at Day 0, AFP expression, which is a marker for premature hepatocytes, 

was very low. The most notable observation was that hepatic progenitor cells cultured without scaffolds 

completely lost their albumin production ability after 7 days. This suggests that both types of fibrous PLA 

scaffolds played a significant role in supporting the differentiation of the progenitor cells to express their 

heptatocytic phenotype possessing liver-like functionality.  
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Figure 7.8- Western blot analysis for expression of AFP and albumin from HPCs cultured on PLA scaffolds for 7 

days (*: p < 0.05 compared to control Day 0) 
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7.4. CONCLUSIONS 

Porous and fibrous PLA scaffolds containing round and grooved fibers both successfully supported the culture 

of hepatic progenitor cells showing homogenous cell distribution throughout the scaffold. Different pore sizes 

and surface areas for the scaffolds affected the cell viability, but the difference between the scaffold types was 

not statistically significant. However, different fiber morphology and size seemed to influence the cell 

morphology following fiber attachment. Cell proliferation on the scaffolds was slower than for the 2D 

monolayer culture with no scaffolds, but the hepatic progenitor cells maintained their hepatic functionality only 

when cultured on the scaffolds. This indicates that both scaffolds with round and grooved fibers actively 

supported hepatic differentiation. Although investigations with longer culture periods and more functionality 

assays are still in progress, this study indicated that the PLA nonwoven scaffolds provided an adequate 

environment for hepatic progenitor cell proliferation and differentiation. One of the remaining challenges in 

engineering a complex vascular organ like the liver is to modulate the mass transport of nutrients and waste to 

achieve angiogenesis. The approach of combining electrospun nanofibrous structure with porous polymeric 

scaffolds so as to mimic the vasculature and co-culture endothelial cells is currently being explored by our 

research group.  
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CHAPTER 8  

Mesothelial Cell Viability and Proliferation on Fibrous PLA 

Scaffolds∗ 

8.1. INTRODUCTION 

The mesothelium comprises a monolayer of epithelial-like cells resting on a thin basement membrane, lining the 

peritoneal, pleural and pericardial cavities with visceral and parietal surfaces covering the internal organs and 

body wall respectively [161-163]. The main function of a mesothelial layer is to provide a protective, non-

adhesive surface to reduce friction and facilitate organ movement against one another. More recently, it has 

been shown that in addition to their barrier role, mesothelial cells also provide a number of physiological 

functions such as transport and movement of fluid and solute, antigen presentation, and the production of ECM 

molecules, cytokines and growth factors [161, 163, 164]. The full potential of mesothelial cells in tissue 

engineering has been realized in different applications, including vascular and nerve grafts as well as improving 

neovascularization in the post-myocardial infarct scar [162, 165]. In particular, the most active studies have 

been to investigate the efficacy of using mesothelial cells as an endothelial cell replacement for vascular luminal 

lining mainly derived from the omentum [183, 184].  

 

                                                             

∗Collaborative work with Susan D’Costa (PI: Dr. Yongbaek Kim) at Department of Population Health and 
Pathobiology, College of Veterinary Medicine, North Carolina State University. 
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For clinical applications, the interest in mesothelial cell culture is more focused on preventing post-operative 

adhesions, which often cause bowel obstruction, abdominopelvic pain and infertility [172, 173]. The high risk 

of adhesion-related complications following open abdominal surgery has been identified and researcher are 

committed to improving adhesion prevention strategies [175, 176]. An ideal adhesion prevention product should 

be resorbable, easy to apply and capable of being fixed in position [260]. Among the current commercial 

therapeutic interventions, the most common approach is to use a solid barrier such as Surgicel® (oxidized 

regenerated cellulose), Interceed® (oxidized regenerated cellulose), Seprafilm® (hyaluronic acid) or ePTFE 

(expanded polytetrafluoroethylene) to fully cover the traumatized surface [176, 178, 179]. Polylactide film 

(Surgiwarp) has also been investigated showing some efficacy in a rat model but limited value in pigs [175, 

261]. Although some of these commercial products have been shown to be moderately efficacious in preventing 

surgical adhesions, they do not fully meet all the active functions that mesothelial cells provide. Recent studies 

have reported different approaches for mesothelial transplantation and the prevention of peritoneal adhesions. 

This include using fibrin gel to culture mesothelial cells sheets for transplantation in a rat model, or creating a 

bioactive barrier using nanofibrous poly(lactide-co-glycolide) impregnated with antibiotics [172, 180].  

 

In this study, two different types of bioresorbable poly(L-lactic acid) (PLA) nonwoven fabrics were investigated 

to assess their feasibility of serving as a mesothelial cell-seeded anti-adhesion barrier. The PLA nonwoven 

fabrics used in this study had different cross-sectional shaped fibers leading to different morphological, surface 

and mechanical properties. PLA is a bioresorbable aliphatic polyester, which has already been approved by the 

FDA and actively used as an implantable biomaterial. One of the problems with commercial barrier films is that 

they tend to be sticky on contact with bodily fluids or saline solution [180]. Since handling of the biomaterial 

during surgery is also important, bending rigidity and hydrophilicity of the two types of fabrics were evaluated. 

To determine the mechanical stability of the PLA biomaterials, the environment that tissue engineering 

scaffolds experience during in vitro cell culture was simulated with DMEM cell culture media in the presence 

of calf serum at 37 °C for up to 21 days and their mechanical properties were then evaluated. Finally, to monitor 

the potential of culturing mesothelial cells on the scaffolds in vitro prior to implantation, a MS-1 mesothelioma 
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cell line was cultured for up to 4 days and their initial adhesion, viability and proliferation were evaluated. The 

findings will serve as an initial biological assessment prior to considering the next step of testing this concept in 

an animal model. 

 

8.2. MATERIALS AND METHODS 

8.2.1. PLA scaffolds 

Two types of poly(L-lactic acid) (PLA) hydroentangled nonwoven fabrics with different cross-sectional shaped 

fibers (round and multi-grooved) were selected for this study (Figure 7.1). The basic properties of the scaffolds 

were evaluated and characterized in Chapter 5 and are presented in Table 5.1. Both fabrics were supplied by 

Allasso Industries, Inc. (Raleigh, NC, USA) as non-treated hydroentangled nonwoven webs. The PLA fabric 

with the grooved cross-sectional fibers still contained the sacrificial component from the bi-component spinning 

process. It was first necessary to remove this water dispersible sulphonated co-polyester polymer otherwise 

known as EastOne(Eastman Chemicals Inc, Rochester, NY, USA). To achieve this, the fabric was heat-set at 

80 ± 5°C for 30 seconds and then scoured in deionized water at 70 ± 5°C.  

 

8.2.2. Scaffold conditioning with cell culture media 

To mimic the conditions during cell culture, PLA specimens were treated with 30 ml of cell culture media (1X 

Dulbeccco’s Modification of Eagle’s Medium (Mediatech Inc, VA, USA) with calf serum (HyClone, New 

Zealand) for up to 21 days at 37 °C. Samples of the PLA scaffolds serving as negative controls were stored at 

room temperature under vacuum and were subjected to concurrent mechanical tests. Three replicates of 10 mm 

× 40 mm specimen strips were prepared for each time point and the solutions were changed every 72 hours. The 

solutions were maintained at 130 shakes/min using an orbital shaker water bath (BOEKAL Scientific, PA, 

USA). After specific time points (7, 14 and 21 days), the specimens were retrieved from the solution, rinsed 

three times with deionized water and dried overnight for post-evaluation.  
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8.2.3. Scanning electron microscopy (SEM)  

Scanning electron microscopy was used to observe cell attachment on the scaffolds. The samples with cells 

were first fixed in 3% glutaraldehyde with 0.01M phosphate buffered solution (PBS) and then dried in a series 

of graded aqueous ethanol 30%, 50%, 70%, 90%, and 3× 100%. After this dehydration process, the specimens 

were exposed to liquid CO2 for 10 minutes at equilibrium (1350 psi and 40° C) in a critical point dryer 

(Tousimis Samdri-795, Rockville, MD) before being sputter coated with gold/palladium using a Hummer™ 6.2 

Sputter Coating System (Anatech, CA, USA) to obtain a conductive coating about 100 Å thick. Images were 

acquired from a JEOL JSM 5900-LV scanning electron microscope using an accelerating voltage of 15 kV.  

 

8.2.4. Mesothelial cell culture 

A human malignant mesothelioma cell line (MS-1) was grown on both types of PLA scaffolds [262]. The 

scaffolds were pre-wet with 70 % ethanol overnight and exposed to UV for one hour. The scaffolds were pre-

wet with 70 % ethanol overnight and exposed to UV light for one hour. The scaffolds were then washed three 

times in PBS and rinsed with media for two hours. Cells were seeded onto the scaffolds placed in 96 well plates 

with an initial seeding density of 1500 cells/scaffold in 25 ul growth media for one and half hours. Then 75 ul of 

growth media was added and the cells were returned to the incubator. The cell lines were cultured in RPMI 

1640 supplemented with 10 % fetal bovine serum, 10 mM HEPES, 1 mM sodium pyruvate, 0.3 g/L L-

glutamine, and 100U/100 µg/ml penicillin/streptomycin at 37°C in a humidified atmosphere containing 5 % 

CO2. The cells were cultured for four days on the scaffolds and the scaffolds were evaluated each day for 

proliferation and attachment. 

 

8.2.5. MTS assay 

To assess the viability of the mesothelioma cells, an MTS viability assay was performed. At each time point of 

evaluation (Day 1, 2, 3 and 4), the cell culture media was removed from the wells and the scaffolds containing 
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the cells were washed with PBS for 5 minutes. The scaffolds were then transferred to another well and cell 

proliferation was evaluated with CellTiter 96 AQueous One Solution Cell Proliferation Assay (Promega, 

Madison, WI, USA) according to manufacturer's instructions. The CellTiter 96® AQueous Assay is composed 

of solutions of a novel tetrazolium compound [3-(4,5-dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-(4-

sulfophenyl)-2H-tetrazolium] inner salt (MTS) and an electron coupling reagent phenazine methosulfate (PMS). 

MTS is bioreduced by cells into a formazan product that is soluble in tissue culture medium. Briefly, media plus 

CellTiter 96® AQueous One Solution (5:1 ratio) were added to the well and incubated for 90 min at 37°C and 

5% CO2. Then 100 µl of incubated solution was transferred to another 96 well plate and the absorbance was 

read at 490 nm using a VersaMax microplate reader (Molecular Devices, Sunnyvale, CA, USA). Three scaffold 

replicates were used for each treatment. 

 

8.2.6. Laser scanning confocal microscopy (LSCM) 

To visualize the cell population throughout the scaffold, laser scanning confocal microscopy (Zeiss LSM 710, 

Carl Zeiss MicroImaging, NY, USA) was used with a 10 X 0.45 NA dry Plan Apochromat objective. The 

scanning head was attached to a Zeiss Axio Observer Z1 inverted microscope with a motorized x, y, z stage. 

Excitation with a 405 nm diode and an emission absorbance of 409-507 nm were used. To stain the nucleus of 

the cells attached to the scaffolds, 200 µl of 4’6-diamidino-2-phenylindole (DAPI) solution was added to the 

fixed scaffolds prior to viewing. DAPI has an absorption maximum at 358 nm and emission maximum at 461 

nm appearing as a blue/cyan color. The blue was converted to green for better viewing. The focus interval was 

2.654 µm for the scans. A series of a 2D image sections were generated from the top and bottom in100 µm 

slices for the grooved fiber scaffolds and using 200 µm slices for round fiber scaffolds. The spatial resolution of 

the images was 512 x 512 pixels. ZEN software (Carl Zeiss MicroImaging, NY, USA) was used for 3D image 

reconstruction and analysis. 
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8.2.7. Statistical analysis 

All cell culture experiments were performed with a sample size of n = 3. The data are presented as average ± 

standard deviation. Statistical analysis was performed using student’s t-tests using JMP 7.0 (SAS, Cary, NC) 

with p-values less than 0.05 considered statistically significant.  

 

8.3. RESULTS AND DISCUSSION 

8.3.1. Surface and physical properties of PLA scaffolds 

Typically, barrier fabrics commonly used commercially are either hydrophobic to prevent cellular adhesion 

such as ePTFE or hydrophilic such as Seprafilm® so that the film adheres to a wound surface and serves as a 

physical barrier separating it from the tissue. Although high hydrophobicity may be preferred for preventing 

adhesions, since we are proposing to culture mesothelial cells on PLA scaffolds prior to implantation, surface 

characteristics that facilitate mesothelial cell attachment and proliferation is of interest. Surface properties, 

including both chemical and topographical characteristics, can control and affect cellular adhesion and 

proliferation and also determine the identity, quantity, and conformational change of adsorbed proteins [11]. To 

determine the hydrophobicity/hydrophilicity of the two scaffold types, contact angle measurements were made 

using sessile droplets of distilled water. As discussed in Chapter 5 (Section 5.3.2.1) and shown in Figure 5.7, the 

PLA fabric with round fibers was very hydrophobic and gave a contact angle of 135.6 ± 2.9° at contact, which 

remained above 121.1 ± 0.7° after 10 seconds. However, the PLA fabric with grooved fibers exhibited superior 

wetting behavior with an initial contact angle of only 67.1 ± 4.5° followed by rapid spreading of the water 

droplet so that it was completely absorbed in less than 10 seconds. The hydrophilicity of the scaffold is an 

important index for not only cell adhesion and but also affinity for media transport. Previous studies have 

reported that cell adhesion appears to be maximized on surfaces with intermediate wettability, that is with a 

contact angle of around 70° whereas the rate of proliferation was relatively insensitive to surface chemistry [78, 

226]. Since cellular adhesion is also influenced by protein adsorption and hydrophobic surfaces tend to adsorb 

more proteins, increased hydrophilicity will not necessarily lead directly to increased cellular attachment [227]. 
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It appears that the increased hydrophilicity and wettability of the grooved fiber scaffolds comes mainly from the 

topographical difference due to the grooves enhancing capillary action.  

 

The mechanical and physical properties of implantable biomaterials become an important factor during surgical 

procedures. It has been reported that some commercial barrier products exhibit brittleness, stickiness or poor 

mechanical performance leading to difficulties in handling [175, 260]. As discussed in Chapter 5 (Section 

5.3.3.2), the bending rigidities of the two types of scaffolds were compared to evaluate the stiffness and 

flexibility of the structures. As shown in Figure 5.9, the grooved fiber scaffold showed a significantly lower 

mean bending rigidity by more than 80% compared to the round fiber scaffold, suggesting that changes in 

topographical features accompanied by a smaller fiber diameter result in increased flexibility of the structure. 

Flexural characteristics are of major interest for those tissue engineering applications with dynamic mechanical 

environments such as vascular tissues, heart valves, or urological tissues [231-233]. Also for in vivo 

implantation, low bending rigidity will facilitate ease of handling during surgery.  

 

8.3.2. In vitro stability of PLA scaffolds  

In order to study the change in mechanical properties of the two scaffolds during cell culture, the in vitro culture 

environment was simulated with DMEM cell culture media containing calf serum. Generally, the scaffold with 

grooved cross-sectional fibers showed higher tensile strength, initial tensile modulus and lower elongation 

compared to the scaffold with round cross-sectional fibers. This finding was expected since the scaffold with 

grooved fibers had a more compact web formation with greater fiber entanglement and bonding. Since these 

scaffolds are nonwoven structures, ultimate failure occurs due to loss of bonding and fiber slippage rather than 

individual fiber breakage. The scaffold with grooved fibers exhibited almost five times higher peak tensile 

strength of 23.5 ± 1.9 MPa compared to the scaffold with round fibers of 7.5 ± 2.8 MPa. Peak elongation was 

also measured for both types of scaffolds and grooved fiber scaffold exhibited a lower peak elongation value of 

50.9 ± 3.9 % compared to 98.1 ± 17.1 % for the round fiber scaffold. The initial tensile modulus of the grooved 
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fiber scaffold was higher with an average value of 40.83 ± 2.27 MPa compared to 9.51 ± 0.93 MPa for the 

round fiber scaffold. 

 

As shown in Figure 8.1, there were no significant changes in tensile strength or percent elongation during the 3 

weeks of culture media treatment. This confirms that the mechanical integrity of both scaffolds will be stable 

throughout a 3 week cell culture period without any disassociation prior to surgery. However, there were 

significant increases in the initial tensile modulus for both scaffolds indicating that the scaffolds are becoming 

stiffer as the culture period progresses. The increase in stiffness may be due to protein adsorption from the 

media, which leads to increase fiber to fiber bonding. Although it is common to observe losses in mechanical 

properties once the hydrolysis reaction starts and the active resorption process takes place, nevertheless some 

studies do report an increase in tensile stiffness upon initial resorption conditions [205, 245]. PLA is known to 

be a slowly resorbing polymer. A previous study has reported no significant change in tensile properties even 

after 35 week of exposure to aqueous resorption conditions [248].  
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Figure 8.1- In vitro mechanical stability of PLA nonwoven scaffolds with round and grooved fibers under cell culture 
media treatment for 21 days. (Error bars: ± standard deviation) 
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8.3.3. Cell viability and proliferation 

The biocompatibility of the PLA scaffolds and their interaction with mesothelial cells was evaluated using MS-

1 mesothelioma cell lines. It was observed by MTS assay that there was a significant increase in cell 

proliferation compared to Day 1 (p < 0.05) for both scaffolds as shown in Figure 8.2. Comparing two types of 

scaffolds, there was no significant difference until Day 4, when the scaffolds with round fibers showed superior 

cellular proliferation compared to the grooved fiber scaffolds. The SEM micrographs and confocal images in 

Figures 8.3 and 8.4 show the attachment of these cells on the PLA scaffolds after 3 and 4 day of culture. Cells 

appear to attach along the fibers maintaining their round morphology. Although the scaffold with grooved fibers 

had a higher surface hydrophilicity due to the topographical morphology leading to increased capillary action, it 

appears to have not directly affected cellular adhesion and binding. Since the scaffold with round fibers had 

larger pores compared to the grooved fiber scaffold, the larger void spaces may have facilitated more efficient 

waste removal and nutrient transport leading to higher cell proliferation. 

 

 

Figure 8.2- MTS assay measuring MS-1 cell viability on the PLA nonwoven scaffolds with round and grooved fibers 
at Days 1, 2, 3 and 4 (*: p < 0.05 compared to control Day 1, #: p < 0.05 comparing two types of scaffolds) 
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Figure 8.3- SEM photomicrographs of MS-1 cells attached to the PLA nonwoven scaffolds with round (left) and 

grooved fibers (right) at Days 3 and 4 
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Figure 8.4- LSCM images of MS-1 cells attached to the PLA nonwoven scaffolds with round and grooved fibers at 

Days 3 and 4 (Green: DAPI stain) 
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8.4. CONCLUSIONS 

Two types of PLA nonwoven scaffolds with different morphologies, dimensional, surface and mechanical 

properties and made from different shaped fibers were successfully cultured with a MS-1 mesothelioma cell line 

to investigate their potential use as a barrier membrane for preventing surgical adhesions. The scaffold with 

grooved cross-sectional fibers provided superior wetting behavior and was more flexible compared to the 

scaffold made from round fibers. A three week in vitro stability study revealed that the PLA scaffolds did not 

lose any tensile strength on exposure to cell culture media treatment, confirming that they will maintain 

satisfactory mechanical integrity during in vitro prior to implantation. Both scaffolds were supportive in 

facilitating attachment and proliferation of the MS-1 cells for up to 4 days. Superior cellular proliferation was 

found with the scaffold having round cross-sectional fibers at Day 4 compared to the grooved fiber scaffold. For 

future studies, the tissue anti-adhesion potential of mesothelial cell seeded scaffolds should be evaluated using 

an animal in vivo model, which will assess not only its adhesion prevention performance, but also its ease of 

handling during surgery.   
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CHAPTER 9  

Conclusions and Future Recommendations 

9.1. CONCLUSIONS  

In addressing the question of how to design, produce and evaluate novel fibrous tissue engineering scaffolds, 

this series of studies has been successful in integrating fiber spinning technologies and textile processing 

techniques with the latest biological assays for assessing the performance of tissue engineering constructs. As 

such, these studies have clearly provided an interdisciplinary approach and made a significant contribution to 

research in the fields of tissue engineering and regenerative medicine.   

 

In this concluding chapter, the three main objectives described previously in Section 1.2 are revisited and 

discussed as three main conclusions in the light of the findings from this series of studies. Each objective is 

addressed in turn and provides a particular conclusion with its specific aims listed below, assessed and 

discussed in order to provide a concluding statement for each aim. 

 

Conclusion 1. Small diameter (5 mm) tubular constructs with elastomeric and bioresorbable properties 

were successfully electrospun using a 50:50 PLCL copolymer.  

 

1.1. The two solvent systems of acetone and hexafluoroisopropanol (HFIP) for electrospinning 

provided different results in terms of fiber dimensions, pore size distribution and mechanical 

properties. The acetone spun scaffolds had an average diameter of 540 nm and average pore area of  
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2.8 µm2, whereas the HFIP spun scaffolds had a larger average diameter of 840 nm and larger average 

pore area of 5.3 µm2. Although the HFIP spun scaffolds exhibited higher transverse breaking stress 

compared to the acetone spun scaffolds, the mechanical properties of both types of tubes demonstrated 

greater strength and compliance to those of natural arteries of equivalent caliber. Also they both 

supported the growth of fibroblasts for up to 14 days of culture, showing no detrimental evidence of 

cytotoxicity from any residual solvent from electrospinning.  

 

1.2. HFIP was preferred as a solvent for electrospinning this particular copolymer as it gave a more 

stable threadline and superior mechanical properties. It was therefore chosen for further analyses. The 

HFIP spun tubes were found to be mechanically stable without any significant change in their 

properties after being exposed to accelerated pulsatile fatigue forces equivalent to one year in the 

human body. However, the tubular constructs with a wall thickness of 100 µm failed to act as a barrier 

when challenged by a standard blood penetration test, indicating that the tubes should either be thicker 

or more uniform in structure in order to serve as a blood tight hemostatic conduit.  

 

1.3. The resorption behavior of PLCL electrospun scaffolds was evaluated under three different types 

of degradation environments. Among the three conditions, the enzymatic treatment with papain 

accelerated surface degradation of the scaffolds, and all the fibers disintegrated and resorbed by Day 

21. Significant decreases in mass (weight), molecular weight and mechanical properties were 

observed. However, no significant changes in physical, chemical or morphological properties of the 

electrospun PLCL scaffolds were observed from the exposure to pH 7.4 hydrolytic and cell culture 

media conditions during the same period. This suggests that these scaffold materials will remain stable 

during an initial 21 day cell culture period without losing mechanical integrity and strength.  
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Conclusion 2. A novel resorbable poly(L-lactic acid) (PLA) fibrous scaffold prototype with a high surface 

area, high total porosity and pore size large enough to facilitate cell infiltration was successfully designed 

using a nonwoven fabric with multi-grooved fibers produced by a bi-component spinning technique.  

 

2.1. The water dispersible sacrificial component (EastOne™) from bi-component spinning was 

successfully removed by heat-setting the nonwoven fabric at 80°C for 30 seconds and then scouring in 

deionized water at 70°C for 15 minutes. The complete removal of the EastOne™ sacrificial component 

and the formation of a multi-grooved configuration of PLA component were confirmed by SEM, FTIR 

and XPS analysis.   

 

2.2. The nonwoven PLA fabric with the round cross-sectional fibers had a thickness of 0.69 mm, mass 

per unit area of 104.3 g/m2, total porosity of 87.3 % and mean pore diameter of 36.1 µm. The 

nonwoven PLA fabric with the multi-grooved fibers had a thickness of 0.36 mm, mass per unit area of 

105.1 g/m2 and total porosity of 75.4 % with mean pore diameter of 5.1 µm. Experimentally, the 

surface area for the round cross-sectional nonwoven samples was 0.51 m2/g whereas for the grooved 

samples, it was 2.36 m2/g, which was in good agreement with the theoretical calculation. The 

nonwoven PLA fabric with grooved fibers was more hydrophilic compared to the PLA fabric with the 

round fibers. Initial fibroblast cell attachment was superior on the fabric with grooved fibers. The PLA 

fabric with round fibers exhibited significantly higher bursting strength and bending rigidity yet lower 

tensile strength and elongation compared to its grooved counterpart. Both fabrics had sufficient 

bursting pressures that could withstand normal physiological conditions. Overall, the novel PLA 

scaffold containing the grooved and fibrillated fibers exhibited enhanced wettability, greater flexibility, 

a larger surface area and superior initial cellular adhesion.  

 

2.3. The stability of the nonwoven PLA fabrics with different cross-sectional fibers under different 

conditioning treatments has been evaluated for up to 21 days. There was no statistically significant 

evidence that the conditioning treatments preferably influenced either fabric. Although significant 
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changes in the properties were observed under certain treatments during the study, there was no 

evidence to conclude that this was due to the effect of resorption since there was no evidence of active 

PLA chain scission. It was clear that PLA fibrous fabrics would successfully serve as stable scaffold 

materials during the initial period of in vitro culture studies for up to 21 days without losing their 

dimensional integrity and mechanical properties.  

 

Conclusion 3. The two types of poly(L-lactic acid) (PLA) nonwoven scaffolds with both round and multi-

grooved cross-sectional fibers from Objective 2 were successfully cultured with hepatic progenitor cells 

and mesothelioma cells. 

 

3.1. The PLA nonwoven fabrics with round and grooved fibers both successfully supported the culture 

of hepatic progenitor cells for up to 7 days, showing homogenous cell distribution throughout the 

scaffolds. Hepatic progenitor cells maintained their hepatic functionality expressing albumin 

production only when cultured on the scaffolds but not on 2D monolayer culture. This indicated that 

both scaffolds with round and grooved fibers actively supported hepatic progenitor cell differentiation 

and are recommended for further investigation on the use as liver tissue engineered constructs for 

transplantation. The two different types of scaffolds did not show any significant difference in cell 

proliferation. 

 

3.2. The PLA nonwoven scaffolds with different cross-sectional fibers were cultured with a MS-1 

mesothelioma cell line to seek potential use as a barrier membrane for anti-adhesion. Both scaffolds 

were supportive in facilitating attachment and proliferation of MS-1 cells for up to 4 days. Superior 

cellular proliferation was found with the scaffold containing round fibers at Day 4 compared to the 

scaffolds with grooved fibers 

 

3.3. From the cultures of NIH 3T3 fibroblasts (Specific aim 2.2), hepatic progenitor cells (Specific aim 

3.1) and mesothelioma cell line (Specific aim 3.2) on the PLA nonwoven scaffolds, it was concluded 
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that the rate of cell attachment and proliferation strongly depends on the specific type of cell. Only in 

fibroblast culture did different pore size and surface area of the scaffold significantly affect initial cell 

attachment. And in this case the PLA scaffold with the grooved fibers showed superior performance. 

For the other cell types, there were no significant differences in scaffold performance in terms of cell 

attachment and proliferation. This indicates that although modulating the scaffold architecture and 

geometry is a critical component in tissue engineering, the specific cell type should be always taken 

into consideration. It also implies that cell interaction with the scaffold material is not just a function of 

single factors such as pore size, surface area and level of hydrophilicity but more of a multi-factor 

process with high complexity. 

 

9.2. RECOMMENDATIONS FOR FUTURE RESEARCH  

The goals in this series of studies focused on designing, developing and evaluating fibrous scaffold structures 

for tissue engineering applications. The experiments described in Chapters 3 and 4 investigated the fabrication 

and testing of an electrospun elastomeric tubular construct for vascular tissue engineering applications. As the 

structures failed to serve as a hemostatic layer, future research should investigate the fabrication of a thicker and 

more homogeneous web in order to achieve a blood tight membrane. Also combining this electrospun layer 

with a different textile structure may be the next step to achieve a multi-layer composite scaffold structure so as 

to mimic the hierarchical configuration of native vessels. In addition, this type of structure can also be used in 

engineering other tubular hollow organs such as the esophagus and urological tissues. Tissues such as the 

urethra and ureter possess a similar structural configuration as native arterial vessels, in that instead of having a 

monolayer of endothelial cells lining the lumen, they have an epithelial inner lining, which is also combined 

with a smooth muscle medial layer.  

 

The experiments described in Chapters 5 and 6 evaluated the potential use of a nonwoven fabric with multi-

grooved fibers possessing higher surface area as a scaffold material. This study is the first to report using this 

type of nonwoven structure as a scaffold material. To expand on this, a systemic study investigating the effect 
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of groove size on the cell behavior should be possible by spinning a series of fibers with different sizes and 

numbers of grooves. The size of the grooves should be controlled within a specific range depending on the 

specific cell type of interest.  

 

In Chapter 6, different conditioning treatments were evaluated to assess the short-term resorption phenomenon 

of 100% PLA resorbable polymer. Since they did not show any significant changes in molecular weight, 

mechanical performance or mass loss during the 21 day study period, it is evident that no resorption behavior 

was identified.  For this reason the title of the chapter includes the words “Stability Study” rather than 

“Resorption Study”, and so in order to observe any resorption phenomenon from the PLA scaffolds, the 

duration of the study should be prolonged for a number of months. 

 

The PLA nonwoven scaffolds used in this study actively supported the differentiation of hepatic progenitor cells 

as reported in Chapter 7. In addition to maintaining the functionality, one of the remaining challenges in 

engineering a complex vascular organ like the liver is achieving angiogenesis while modulating mass transport 

of nutrients and waste. Hence, future research should focus on improving the scaffold structure to support 

angiogenesis and efficient mass transport. One approach could be combining electrospun nanofibrous structure 

with a porous scaffold to mimic the vasculature and co-culturing endothelial cells.  

 

In addition, Chapter 8 also reports how the PLA nonwoven scaffolds were cultured with mesothelioma cells to 

explore the potential use as a barrier membrane for preventing adhesions. For future studies, the tissue anti-

adhesion potential of mesothelial cell seeded scaffold should be evaluated by performing an animal implant 

study to assess not only its adhesion prevention properties but also its ease of handling and suturing during the 

surgery.   
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