
Abstract 

 

CHUNG, SANG WON. Vascular Tissue Engineering Scaffolds from Elastomeric 

Biodegradable Poly(L-lactide-co-ε-caprolactone) (PLCL) via Melt Spinning and 

Electrospinning. (Under the direction of Dr. Martin W. King.) 

 

Three dimensional scaffolds play an important role in tissue engineering as a matrix 

that provides the cells with a tissue specific environment and architecture. For cardiovascular 

applications in particular, the development of elastic scaffolds that can maintain their 

mechanical integrity while being exposed to cyclic mechanical strains is a necessary 

criterion.  

The main objective of this study was to demonstrate the feasibility of fabricating 

vascular tissue engineering scaffolds via two different approaches, namely; melt spinning and 

electrospinning. Small diameter tubes were fabricated from two different molecular weights 

of elastomeric biodegradable poly(L-lactide-co-ε-caprolactone) (PLCL) copolymers. Firstly, 

6mm length tubular constructs with the inner diameter of 3/16 inch were produced via melt 

spinning, and secondly, nanofibrous scaffolds with the inner diameters of 1/8 inch and 3/16 

inch were produced via electrospinning. The melt spun tubes produced from the higher 

molecular weight copolymer contained fibers measuring 253±36μm in diameter, had a 

porosity of 76.2%, transverse tensile strength of 26.1±1.3MPa, transverse tensile peak strain 

of 578±17%, and initial transverse tensile elastic modulus of 23.5±0.9MPa. In comparison 

the electrospun tubes contained nanofibers measuring 540±190nm in diameter, had a porosity 

of 83.6%, average pore size of 2.08±1.61μm2. The initial modulus of these 3/16 inch 

diameter nanofibrous scaffolds (24.6±1.9MPa) was similar to that of the melt spun tubes. 



However, the peak transverse tensile strength was lower at 17.8±2.0MPa and the peak strain 

was only 142%. Overall, the mechanical properties of the produced tubes exceeded the 

transverse tensile values of natural arteries of similar caliber. 

This is the first report that PLCL copolymers can be melt spun into elastomeric fibers. 

In addition to spinning the polymer separately into melt spun and electrospun constructs, the 

novel approach in this study has been to successfully demonstrate that these two techniques 

can be combined to produce two layered tubular scaffolds containing both melt spun fibers 

(10-200µm in diameter) and electrospun nanofibers (400nm-2µm in diameter).   
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1 Introduction 
 
 

 
One of the most severe forms of heart disease is associated with atherosclerosis, a 

process that causes narrowing of the arteries. 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.1 An ideal vascular graft 

should have adequate mechanical strength, blood compatibility, a structure that does not 

permit hemorrhage through the wall and provide good suture retention. Usually the synthetic 

polymer vessel is typically made of poly(ethylene terephthalate) (polyester or Dacron) or 

expanded polytetrafluoroethylene (ePTFE Teflon). Although these have been moderately 

effective for large diameter grafts, on vessels having an inner diameter less than 6mm have 

yet to be successfully demonstrated clinically despite many years of research efforts using a 

wider variety of biomaterials. Use of protein coatings and seeding of cultured cells on the 

inner surfaces of the vessel to increase biocompatibility has potential, but synthetic materials 

will never be fully acceptable to the body and increase the risk of infection and implantation 

of native vessels is limited by dimensional and mechanical property mismatches.2 Given the 

limitations of these current techniques, the desirability of fully engineered, fully 

biocompatible blood vessels for implantation is pushing the research area of developing of 

tissue engineered small diameter blood vessels to be actively investigated.  

The challenges faced by the approach of tissue engineering for replacing blood 

vessels are substantial. They include providing a conduit that will have sufficient strength 

without bursting under increases in blood pressure, a vessel wall that is elastic and can 
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withstand cyclic loading, matching compliance of the graft with the adjacent host vessel, and 

a lining of the lumen that is nonthrombogenic. For tissue engineering, three dimensional 

scaffolds play an important role as the matrix provides the cells with a tissue specific 

environment and architecture. The key factors are to create a three dimensional scaffold with 

suitable degradation rate to meet the requirements of new tissue growth, to supply 

interconnected pores, to have high porosity to promote cell–cell and cell–matrix 

communication, and to have sufficient mechanical stability. Especially for cardiovascular 

applications, developing scaffolds that can maintain their mechanical integrity while 

exposing cells to long-term cyclic mechanical strains is necessary to engineer smooth muscle 

cellular constructs.3,4 To achieve this, scaffolds should be elastic enough to withstand cyclic 

mechanical strains without any significant permanent deformation. Also in natural tissues, 

cells are surrounded by extracellular matrix (ECM), which has structural features ranging 

from the nanometer scale to the micrometer scale. Thus, replicating the cell’s native in vivo 

environment as closely as possible is a significant factor when designing scaffolds for tissue 

engineering. This can be achieved by producing nanofiber scaffolds since the inherent 

property of nanofibers mimic the extracellular matrix of tissues and organs. With recent 

development in electrospinning, both synthetic and natural polymers can be produced as 

nanofibers with diameters ranging from tens to hundreds of nanometers with controlled 

morphology and function. Nanofiber scaffolds are well suited to tissue engineering as the 

scaffold can be fabricated and shaped to fill anatomical defects, its architecture can be 

designed to provide the mechanical properties necessary to support cell growth, proliferation, 

differentiation, and motility, and it can be engineered to provide growth factors, drugs, and 

genes to stimulate tissue regeneration.5 
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In the design of a scaffold material for the fabrication of engineered tissues, a 

candidate polymer should possess appropriate mechanical properties, which are suitable for 

target applications, and its degradation products during implantation should be nontoxic. 

Over the past years, hydrolyzable and biocompatible copolymers of L-lactide and ε-

caprolactone have been of great interest for medical applications.3,6 Polylactide (PLA) is a 

crystallizable hard and brittle material, whereas poly(ε-caprolactone) (PCL) is a semi 

crystalline material with rubbery properties. Copolymers of lactic acid and ε-caprolactone 

(PLCL) exhibit a range of mechanical properties, depending on their relative composition.7,8  

 

 

1.1 Goals and Objectives 

 
The goal of this study is to fabricate three dimensional tubular scaffolds by 

electrospinning and melt spinning elastomeric biodegradable poly(L-lactide-co-ε-

caprolactone) (PLCL) copolymers. The specific hypothesis behind the study is that by being 

able to incorporate melt spinning and electrospinning techniques for fabricating the scaffolds, 

it will be possible to design a “mechano-active” vascular tissue scaffold which not only has 

mechanical properties exceeding those of natural arteries but also has an appropriate structure 

of porosity over 60%. The ultimate transverse tensile strength for human muscular arterial 

tissue (brachial and popliteal arteries) is in the range of 0.78-1.37MPa and ultimate 

elongation is in the range of 65-83%.9  

This will have potential for cardiovascular tissue engineering by facilitating the 

preparation of bioactive and bioinducible vascular tissues on elastomeric resorbable 
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scaffolds. The specific objectives of the study are summarized in the following statements 

which are designed to provide a comprehensive list of the steps involved from fabrication to 

evaluation of the novel scaffolds. 

 

1) To characterize the thermal and surface properties of PLCL copolymers. 

2) To design an efficient wind-up unit for fabricating melt spun tubes. 

3) To fabricate tubular structures via melt spinning of PLCL copolymers. 

4) To characterize the morphology, fiber diameter, and porosity of the melt spun 

scaffolds.  

5) To determine the process and material variables for electrospinning PLCL 

copolymers. 

6) To fabricate tubular structures via electrospinning of PLCL copolymers. 

7) To characterize the morphology, fiber diameter, pore size distribution, and porosity of 

the electrospun nanofibrous scaffolds.  

8) To characterize the mechanical properties of the melt spun and electrospun PLCL 

tubes. 

9) To demonstrate the feasibility of combining electrospinning and melt spinning of 

PLCL copolymers within the same tubular construct.  

 

It is anticipated that by these specific objectives the ultimate goal of fabricating a 

novel bioactive vascular tissue scaffold with elastomeric properties, appropriate 

biodegradability, and good cell adhesion activity will be realized. 
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1.2 Limitations 

 
Characterization and quantitative analysis of the fabricated scaffolds were difficult to 

perform since there were no established techniques for evaluating the geometry and 

distribution of nanofibers. Manual measurements of nanofiber diameters and pore size areas 

were open to human error even after randomizing the sampling process. Also, due to the 

limited amount of material available, it was difficult to complete a full design of experiment 

so as to ensure robust and reliable data. This especially influenced the results of the 

mechanical testing, which required a substantial number and amount of specimens to 

minimize the variation between repetitive measurements. Also it limited the number of trials 

for determining the optimal temperature condition for melt spinning.  
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2 Review of Literature 

 
 
 
2.1  Tissue Engineering  

 
2.1.1 Definition 

 
Tissue engineering has grown out of our knowledge of tissue formation and 

regeneration, and aims to purposefully induce the growth of new functional tissues, rather 

than just replace diseased or injured tissues with nonviable implantable spare parts.10 For this 

reason, tissue engineering has emerged as a promising approach to treat the loss of function 

of a tissue or organ without the limitations of current therapies.11 This approach is based on 

the concept that the dissociated cells will reassemble in vitro into structures that resemble the 

original tissue when provided with an appropriate environment. In essence, new and 

functional living tissue is fabricated using living cells, which are usually associated in one 

way or another with a matrix or scaffolding to guide tissue development.12 As defined by 

Langer and Vacanti, tissue engineering is ‘‘an interdisciplinary field of research that applies 

the principles of engineering and the life sciences towards the development of biological 

substitutes that restore, maintain, or improve tissue function’’.13 And the goal of tissue 

engineering is to “restore function through the delivery of living elements which become 

integrated into the patient.”14 This goal, which should lead to the fabrication of new, 

physiologic, functioning tissue, must involve the combined efforts of cell biologists, 

engineers, material scientists, mathematicians, geneticists, and clinicians to be successful.15 

In the most frequent paradigm, cells are seeded on a scaffold composed of a synthetic 
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polymer or natural material, a tissue is matured in vitro, and the construct is implanted in the 

appropriate anatomic location as a prosthesis.1,13,15,16 The first step involves the in vitro 

formation of a tissue construct by placing the chosen cells (differentiated or undifferentiated) 

and a biodegradable scaffold in a bioreactor with growth media and a metabolically and 

mechanically supportive environment, in which the cells proliferate and extracellular matrix 

is generated. In the second phase, the construct is implanted in the appropriate anatomic 

location, where remodeling in vivo is intended to regenerate the normal tissue/organ structure 

and function.1 The general paradigm of tissue engineering is illustrated in Figure 2.1. 

 
 
 
 
 

Source
Phenotype
Condition

CellsCells ScaffoldsScaffolds
Mechanical 
properties
Architecture
Biological signals
Resorption rate
Chemistry

ConstructConstruct
In vitro maturation

in a bioreactor

Cell proliferation

Cell activation

ECM elaboration

Mechanical stimuli
Growth factors
Nutrients

Engineered TissueEngineered Tissue
In vivo remodeling

Phenotype modulation

ECM organization

Scaffold degradation

Tissue adaptation/growth

 

Figure 2.1-Tissue engineering paradigm1 
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Tissue engineering approaches typically employ exogenous three-dimensional 

extracellular matrices (ECMs) to engineer new natural tissues from isolated cells.11 The 

exogenous ECMs are designed to bring the desired cells into mutual contact in an appropriate 

three-dimensional environment, to provide mechanical support until the newly formed tissues 

are structurally stabilized, and also to release specific signals to guide the gene expression of 

cells forming the tissue. In one approach, cells isolated from a small biopsy and expanded in 

vitro can be seeded onto a suitable exogenous ECM. They are then either allowed to develop 

into a new tissue in vitro or transplanted into a patient to create new functional tissue that is 

structurally integrated within the body.11,13 Figure 2.2 shows the tissue engineering approach 

to develop organ replacements using cultured cells. The cells are subsequently seeded onto 

open, porous, extracellular matrices fabricated from biocompatible, biodegradable polymers 

and completely natural new tissues will result following polymer degradation. 

 
 
 
 

Biodegradable
Polymer matrix

Patient Biopsy Isolated 
cells

Cells on polymer matrix New tissue

 

Figure 2.2-Tissue engineering approach to develop organ replacements using cell culture11 
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Thus, to restore function or regenerate tissue, a scaffold is necessary that will act as a 

temporary matrix for cell proliferation and extracellular matrix deposition, with subsequent 

in-growth until the tissue is totally restored or regenerated.17 An appropriate scaffold is 

therefore an essential component for tissue engineering technology. Besides the choice of 

adequate materials, the macro and micro-structural properties of the materials are of utmost 

importance. Such properties affect not only cell survival, signaling, growth, propagation and 

reorganization but also their gene expression, and preservation or differentiation of the 

phenotype.18 Tissue engineering represents a new, emerging interdisciplinary field applying a 

set of tools at the interface of the biomedical and engineering sciences that use either selected 

living cells or recruited endogenous cells to aid tissue formation or regeneration to restore, 

maintain, or improve tissue function.1,19 

 

 

2.1.2 Vascular Tissue Engineering 

 
Atherosclerotic vascular disease, including peripheral vascular and coronary artery 

disease, is the major cause of mortality and morbidity in the United States, Europe and other 

western nations. Each year in the United States, there are approximately 1.4 million 

procedures performed which require arterial prostheses.20 Most of these procedures are in 

small caliber (<6mm diameter) vessels for which synthetic materials are not generally 

suitable. Current surgical therapy for diseased vessels less than 6mm in diameter involves 

bypass grafting with autologous arteries or veins, and although the surgical practice is 

common, vascular grafting has significant limitations and complications.15,21 Allografts are 
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problematic because of the high rate of rejection, and synthetic grafts have been shown to be 

too thrombogenic when used to bypass arteries less than 6mm in diameter.22 As a result of 

these limitations, the development of tissue-engineered blood vessel substitutes has 

motivated research in the area of cardiovascular biomaterials research for the past 20 years.  

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 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 followed by 

continuous tissue ingrowth.23 In the chronic phase of implantation, excessive tissue ingrowth, 

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

late occlusion. The next advancement was the development of endothelial-cell seeded 

synthetic grafts by creating a nonthrombogenic interface which was the first example of a 

tissue engineering approach.24 However, with limited clinical success, the target has moved 

towards engineering a blood vessel that exhibits all the functional characteristics of a normal 

blood vessel. One such example is using collagen to model a blood vessel. In 1986, 

Weinberg and Bell25 constructed a layered tissue-vessel consisting of smooth muscle cells 

and collagen using this approach. This innovative work represents the first modern attempt at 

engineering cardiovascular tissue. In such a collagen-based approach, the collagen gel acts as 

an ideal substrate for cell attachment and cell signaling. However, the collagen gel has 

inherent physical weakness and these constructs were unable to withstand burst strengths for 

in vivo applications, despite reinforcement with a synthetic material such as a polyester 
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(Dacron) mesh. L’Heureux et al26 improved on the mechanical strength of these engineered 

grafts by culturing mesenchymal cells. The prepared vessel had a burst strength of over 2000 

mmHg, which was the first tissue engineered blood vessel, made solely from biological 

materials, to display a burst strength comparable to that of human vessels. A disadvantage of 

this approach was that it took minimum of 3 months until the graft was ready to be 

implanted. 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.24 Also, naturally derived materials such as collagen must be 

isolated from human, animal, or plant tissue, and this typically results in high cost and large 

batch to batch variations.27 The most typical approach to vascular graft engineering 

nowadays involves a cell-scaffold-bioreactor system in which exposure to pulsatile 

mechanical forces is used to improve the properties of the vascular construct.1 Researchers 

have long recognized the potential of seeding cells into synthetic biodegradable scaffolds to 

create various viable tissue analogs, and the cell-seeded polymeric scaffold approach to 

vascular tissue engineering has recently met with some success.24 Niklason et al22 pioneered 

the approach of combining cells with a biodegradable polymer. They seeded smooth muscle 

cells from a bovine aorta onto a tubular PGA polymer mesh and cultured the construct in a 

pulsatile flow bioreactor for 8 weeks.22 Endothelial cells were then added to the constructs. 

Histology revealed the formation of elastin and collagen fibers as well as thicker grafts for 

the pulsed versus the non-pulsed controls. In addition, the pulsed constructs had better 

rupture strength (greater than 2000 mm Hg) and adequate suture retention strength. When 

implanted into Yucatan pigs these tissue engineered arteries maintained patency for up to 4 

weeks. Langer’s group has also reported using a tubular PGA mesh with an inner lining of 



 12

PLGA film to seed aortic smooth muscle and endothelial cells under pulsatile conditions.20 

To enhance the structural stability, Kim and Mooney28 have used PGA fiber-based matrices 

bonded with poly-L-lactic acid (PLLA) to resist cellular contractile forces and maintain their 

predefined structure during the process of smooth muscle tissue development in vitro. 

Physically bonded PGA matrices have been found to exhibit a 10 to 35 fold increase in 

compressive modulus over unbonded PGA matrices. Mooney et al29,30 have also fabricated 

poly(D,L-lactic-co-glycolic acid) (PLGA) into tubes capable of resisting compressional 

forces in vitro and in vivo by using solvent casting and particle leaching methods. However, 

the preliminary results suggest that these devices may need to be mechanically stabilized if 

they are to maintain their structure in vivo. 

Thus, the approach of vascular tissue engineering addresses a number of issues which 

fall into two main categories: ⅰ) the engineering of a construct that meets the necessary 

functional and mechanical requirements of the specific cell line and ⅱ) the integration of a 

viable cell construct into a living system with no adverse inflammatory or immune 

response. Since the vascular wall has a complicated multilayered architecture and unique 

mechanical properties, there remain several significant challenges before achieving a 

successful tissue engineered artery. 

 

 

2.1.3 Tissue Engineering Scaffolds 

 
Three dimensional scaffolds play an important role in tissue engineering as a matrix 

that provides the cells with a tissue specific environment and architecture. The scaffolds 
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should facilitate cell adhesion, promote cell growth, have a wide pore size distribution and 

high porosity, be mechanically strong, and capable of being formed into desired shapes.31 It 

is generally accepted that scaffold material for use in tissue engineering should be 

biocompatible, biodegradable into nontoxic products and manufacturable. In addition, the 

scaffold should have a macrostructure that is highly porous and yet initially be mechanically 

stable. It should 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.1 The scaffold should resorb 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 of interest.32  

 

 

2.1.3.1  Essential Properties 

 
2.1.3.1.1 Porosity and pore size 

 
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 in-growth and an 

uniform cell distribution and facilitate the neovascularization of the construct.11,17 A highly 

porous scaffold is desirable to allow cell seeding and migration throughout the material. 

Furthermore, the scaffolds should also exhibit adequate microporosity in order to allow 

capillary in-growth. 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.19 Various 
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studies show that high porosity in excess of 90%32 allows for adequate diffusion during tissue 

culture and provides sufficient surface area for cell-polymer interactions. However the 

mechanical strength of a scaffold tends to decrease as the porosity increases.17,33,34 Thus, for 

polymeric scaffolds, there may be a conflict between optimizing the porosity and maximizing 

the mechanical properties. So its overall porosity value should always be balanced with the 

mechanical needs of the particular tissue that is going to be replaced. In larger scaffolds, high 

porosity and pore interconnectivity provide suitable hydrodynamic microenvironments with 

minimal diffusion constraints within a bioreactor that closely resemble natural interstitial 

fluid conditions in vivo and hence achieve large and well-organized cell communities.35  

Pore size is also critical in both tissue ingrowth and the internal surface area 

available for cell attachment. The effects of pore size on tissue regeneration has been 

emphasized by experiments demonstrating optimum pore size of 5µm for neovascularization, 

5-15µm for fibroblast ingrowth, 20µm for the ingrowth of hepatocytes, 20-125µm for 

regeneration of adult mammalian skin, and 100-700µm for regeneration of bone.17,36 

However, if the pores are too small, then they become occluded by the cells which will 

prevent cellular penetration, extracellular matrix production, and neovascularization of the 

inner regions of the scaffold.17 A further concern is the changes in 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 as well over time.36 Besides pore size and 

porosity, the shape and tortuosity of the pores can also affect the rate and extent of tissue 

ingrowth. 
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2.1.3.1.2 Surface Properties 

 
Surface properties, including both chemical and topographical characteristics, can 

control and affect cellular adhesion and proliferation. Chemical properties are related to the 

ability of cells to adhere to a material as well as to protein interactions at the material 

surface.17 High internal surface area-to-volume ratios are essential in order to accommodate 

the number of cells required to replace or restore tissue or organ functions. The surface area-

to-volume ratio of porous materials depends on the density and average diameter of the 

pores.36 If the density of a material such as a fibrous web is high, the porosity should be low.  

Usually, the density of a fibrous web increases as the diameter of the fiber decreases. 

 

 

2.1.3.1.3 Mechanical Properties 

 
Engineered tissues must possess the appropriate mechanical properties to fulfill their 

structural role. Therefore, the mechanical properties of the polymer scaffold should be 

similar to the tissue intended for regeneration. The scaffolds should have sufficient 

mechanical strength and resistance to deformation to withstand typical hydrostatic pressures 

and to maintain the space required for cell in-growth and matrix production.17,18 Particularly, 

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

strength to retain the scaffold’s structure after implantation is essential. The biostability of 

many implants depends on factors such as strength, elasticity, absorption at the material 

interface and chemical degradation. The degradable scaffold should retain sufficient 

mechanical strength to manage any in vivo stresses and physiological loadings imposed on 
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the engineered construct.18 For tissue-engineered vascular grafts, hemodynamic competence 

and suturing characteristics are also critical.36 It has been reported that by providing a 

biomimetic in vitro environment, one can accelerate tissue formation and yield a more 

mature  vascular graft for implantation.2 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. 

 

 

2.1.3.1.4 Biodegradability and Biocompatibility 

 
The biodegradability and biocompatibility of the scaffold will depend mainly on the 

selection of the polymer. Being biocompatible and degrading into non-toxic products within 

the desired time frame required for the application is crucial. 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, crystalline/amorphous morphology, any glass transition 

temperatures (Tg), the copolymer ratio, and the molecular weight.37 Also, the rate can be 

determined by physical and chemical factors such as the overall porosity, the pore size 

distribution, the fiber diameter and the pH at the site of implantation.  

The major class of synthetic biodegradable polymers is the aliphatic polyesters. The 

degradation of PLA, PGA and PLGA copolymers generally involves random hydrolysis of 

their ester bonds.38 The degradation products of PGA, PLLA and PLGA are nontoxic natural 

metabolites and are eliminated from the body through urine excretion and via the respiratory 
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route. An in vitro study with PGA sutures showed that after 49 days, the reported weight loss 

was around 42% with complete loss of mechanical properties.38 Poly(lactic acid) (PLA) is 

more hydrophobic than PGA, so it is more resistant to hydrolytic attack. PLA degrades to 

form lactic acid which is normally present in the body, and no significant accumulation of 

degradation products of PLA in vivo has been reported. Poly(caprolactone) (PCL) provides a 

good permeation for steroids, but its long degradation time (3-5 years) is usually a 

disadvantage for medical applications such as drug delivery systems. However, when 

copolymerized with PLA to form a P(LA-co-CL) copolymer the rate of degradation will be 

faster then for either of the homopolymers. This is due to a decrease in crystallinity and an 

increase in the rate of water absorption depending on the hydrophilicity of the monomeric 

units. PGA, PLA and PCL are degraded basically by a non-enzymatic random hydrolytic 

scission of ester linkages, where the PGA degrades the fastest, PLA slower and PCL even 

slower.39 For the purpose of developing biodegradable polymers, Feng et al40 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. This means that 

they can be synthesized to yield materials with more rapid degradation rates. Different 

erosion times may be required of devices being used to engineer different tissues, such as the 

walls of blood vessels versus intestines.29 The erosion times of these polymers can be 

regulated by the ratio of their comonomers. 

In terms of biocompatibility, scaffolds should be well integrated within the host 

tissue without provoking an adverse inflammatory or immune response once implanted. 
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Some important factors that determine their biocompatibility, such as their chemistry, 

structure, and morphology, can be affected by polymer synthesis, scaffold processing, and 

sterilization conditions. Toxic residuals involved in these processes may be leached out of the 

scaffolds with detrimental effects to the engineered and surrounding tissues.19    

 

 

2.1.3.1.5 Mechano-active Environment 

 
For engineering vascular tissues, providing a “mechano-active” environment in 

response to pulsatile stress, which results in a compliance similar to that of natural vessels, is 

important. 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.23 Circumferential stress, sometimes referred to as hoop 

stress, is the most extensively implemented stimulus for vascular tissue engineering. Most of 

bioreactors expose tissues to this form of stress. The expansion of this tube, in response to a 

surge in fluid pressure due to a ventilator or pump, stretches the construct material 

circumferentially. The pressure change which elicits this expansion is a biomimetic factor, 

ideally having a frequency, pressure magnitude and waveform identical to the systolic to 

diastolic cycle of the heart. The result is constructs with organized, circumferentially oriented 

polymer strands and smooth muscle cells. These constructs are stronger and stiffer than those 

cultured under static conditions. 

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 
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discussed as a major factor of graft failure. The difference in mechanical properties between 

a native artery and an artificial graft induces a hemodynamical flow disturbance and stress 

concentration near the anastomosis, thereby enhancing thrombus formation and neointimal 

hyperplasia.23 Thus, it is important that the artificial scaffold essentially requires compliance 

matching with the native arteries as much as possible. Hoerstrup et al2 have introduced a 

pulsatile in vitro system to grow seeded PGA vascular constructs anticipating that exposure 

to physical signals similar to in vivo conditions might result in accelerated tissue maturation 

and formation of mechanically stable, implantable vascular grafts. It was reported that the 

mechanical characteristics of the pulsed vascular grafts were more favorable regarding burst 

strength and suture retention strength (Table 2.1). 

 
 
 

Table 2.1-Mechanical properties of the tissue-engineered vascular grafts  

(pulsatile flow vs. static in vitro culture conditions)2 

Burst strength (mmHg) Suture retention (gf) 
Time in vitro (days) 

Pulsatile flow Control (static) Pulsatile flow Control (static) 

7 177.5 178.8 74.5 67.3 

14 240.0 110.0 56.8 42.0 

21 262.5 90.0 64.8 25.0 

28 326.3 50.0 64.3 12.0 

 
 
 
 

Recently, a number of studies have shown that mechanical environment regulates the 

phenotype and the characteristics of vascular smooth muscle cells in three dimensional as 

well as in two dimensional culture systems.3,4,41,42 Kim et al4 have shown that the appropriate 
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combination of mechanical stimuli and polymer scaffolds can enhance the mechanical 

properties of engineered tissues. Both the short term and long term application of cyclic 

strain increase proliferation of smooth muscle cells and the expression of collagen and 

elastin. 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 as shown in Figure 2.311.   
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Figure 2.3-Schematic diagram of cell adhesion to ECM11 

 
 
 
So in order to engineer functional structural tissues, it is recommended that the 

correct mechanical stimuli be provided during the process of tissue development via an 

appropriate synthetic ECM. Engineering vascular smooth muscle cells and/or blood vessels 

under mechanically active conditions has resulted in enhanced mechanical strength, collagen 
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production, or blood vessel patency.4,22 Smooth muscle cells are a critical component of a 

number of cardiovascular, gastrointestinal, and urological tissues (e.g., blood vessel, 

intestine, and bladder)43 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 mechanical strain application is likely 

to be necessary to engineer smooth muscle under cyclic mechanical strain conditions.3,41,42 

The scaffolds must be elastic and capable of withstanding cyclic mechanical strain without 

cracking or significant permanent deformation for extended periods of time. Also scaffolds 

should have surface characteristics capable of transferring the mechanical signals to the cells 

through specific cellular adhesion.41 The most appropriate structure and chemistry of 

scaffolds for engineering tissue under conditions of cyclic strain have not yet been 

established. However, several scaffolds that exhibit elastic properties have recently been 

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

scaffolds41, type I collagen sponges, poly(glycolide-co-caprolactone) (PGCL)44, 

polyurethane45 and poly(lactide-co-ε-caprolactone) (PLCL) constructs.3,39,42,46 Natural 

polymer scaffolds have been studied after cross-linking with chemicals, such as 

glutaraldehyde, and although such chemical cross-linking increases the elasticity of the 

scaffolds, these chemicals are potentially cytotoxic to cells.47,48 Bonding PGA fibers with 

PLA has been unsuccessful due to the significant permanent deformation that was exhibited 

under cyclic mechanical strain conditions.41 Elastomeric PLCL copolymers however, have 

been proposed as attractive candidates in view of their ability to offer a range of different 

degradation behaviors. They are believed to have potential as they can extend the degradation 

period in aqueous conditions compared to PGCL copolymers.3  



 22

 
2.1.3.2 Synthetic Biomaterials  

 
Scaffolds can be produced from natural or synthetic biomaterials. Biodegradable 

synthetic polymers offer a number of advantages over other materials for developing 

scaffolds in tissue engineering. The key advantages are the ability 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.38 The greatest disadvantage of synthetic materials is their lack of cell-

recognition signals. Therefore synthetic biodegradable polymers that degrade fully into 

natural metabolites by simple hydrolysis under physiological conditions are the most 

attractive scaffold materials.19  

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 2.2.  

 
 
 
 

Table 2.2-Properties of biodegradable synthetic polymers36 

Polymer 

Melting 

point 

(ºC) 

Glass 

transition 

Temperature 

(ºC) 

Degradation time 

to lose total mass 

(months) 

Tensile 

strength 

(MPa) 

Elongation 

(%) 

Modulus 

(GPa) 

PLGA Amorphous 45-55 Adjustable 41.4-55.2 3-10 1.4-2.8 

PLLA Amorphous 55-60 12-16 27.6-41.4 3-10 1.4-2.8 

PDLLA 173-178 60-65 > 24 55.2-88.7 5-10 2.8-4.2 

PGA 225-230 35-40 6-12 > 68.9 15-20 > 6.9 

PCL 58-63 -65 >24 20.7-34.5 300-500 0.2-0.3 
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Polyglycolic acid (PGA), poly(L-lactic acid) (PLLA) 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.19 The degradation products of PGA, PLLA 

and PLGA are nontoxic natural metabolites and are eliminated from the body through urine 

excretion and respiration. PLLA and PGA exhibit a high degree of crystallinity and degrade 

relatively slowly, while copolymers of PLLA and PGA (i.e., PLGA) are amorphous and 

degrade more rapidly.36 Their degradation rate can be tailored for periods from several weeks 

to several years by altering the molecular weight and the copolymer ratio of lactic to glycolic 

acids.11 Poly(ε-caprolactone) (PCL) is an aliphatic polyester that has also been intensively 

investigated as a biomaterial. PCL provides a good permeation for steroids, but its long 

degradation time (3-5 years) is usually a disadvantage for medical applications such as drug 

delivery systems. Because these polymers are thermoplastics, they can be easily formed into 

desired shapes by various techniques including molding, extrusion and solvent casting. 

PLLA is semicrystalline and relatively hard, with a glass transition temperature at about 65ºC 

and melting temperature at about 170-180ºC. PCL is semicrystalline with a glass transition 

temperature of -60ºC and melting temperature at about 58-64ºC. 36,38 Thus, PCL is always in 

a rubbery state at a room temperature. Although PLLA, PGA, and PLGA have been widely 

used in a variety of biomedical applications, their stiff and rigid mechanical properties, their 

acidic degradation products, and lack of functional groups available for covalent 

modification limit their usefulness. For these reasons, copolymers of PLA and PCL have 

been investigated for biomaterial applications. The chemical formula of PLA and PCL is 

shown in Figure 2.4.  
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Figure 2.4-Biodegradable aliphatic polyesters 

 

 

Poly(L-lactide-co-ε-caprolactone) (PLCL) is a copolymer of PCL and PLLA where 

the characteristics differ widely according to the ratio of ε-CL and LA in the 

copolymerization. The advantage of this copolymer can be summarized into two reasons. 

Firstly, when PCL is copolymerized with PLA to form a PLCL copolymer, the rate of 

degradation becomes faster then for either homopolymers. This is 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 

synthesized the block copolymers of ε-caprolactone and lactide for the first time in 1983.40 

These block copolymers had 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. This means that 

they can be synthesized to yield materials with more rapid degradation rates. Different 

erosion times may be required of devices being used to engineer different tissues, such as 

blood vessel versus intestine.29 Secondly, because of its highly elastic properties, they have 

considerable potential for fabricating scaffolds for certain elastic tissues. It has been reported 

Poly(lactic acid) (PLA) Poly(ε-caprolactone)  (PCL)  



 25

that the mechanical properties differ widely according to the ratio of ε-CL and LA in the 

copolymerization. The range is from weak elastomers to tougher thermoplastics. This will be 

discussed in more detail in the following section. These synthetic polymers must possess 

unique properties to serve as an appropriate scaffold specific to the tissue of interest. Many 

epithelial and connective tissues have a simple macroscopic architecture consisting of a 

number of thin layers. Bladder, intestine, and blood vessels are composed of layers of smooth 

muscle cells sandwiched between layers of collagenous vascularized support matrix and an 

epithelial lining.16 Such structures can be built by seeding the different cell types sequentially 

on top of each other.  

 

 

2.1.3.3 Conventional Processing Techniques 

 
The 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.17 

Conventional scaffold fabrication techniques include fiber bonding49, phase separation45, gas 

foaming, solvent casting, particulate leaching3,29,30,50, thermal processing34, molding from 

melt and combinations of these techniques. There are methods involving textile fibers 

including wet spinning51, electrospinning8,52-57 and forming nonwoven meshs.27,32,58 Fiber 

based scaffolds have been typically produced from PGA or other crystalline polymers. For 

example, the PGA polymer is formed into fibers (10-15μm in diameter) by polymer 

extrusion, and textile processing techniques are then applied to crimp, cut and needle these 
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fibers to form woven or nonwoven arrays with porosities up to 97%.32 Since these scaffolds 

are typically incapable of resisting large compressive loads and tend to collapse in vivo, 

physically bonding adjacent fibers in the nonwoven structure has been investigated with a 

view to stabilizing such constructs. One technique for achieving this involves coating the 

fibers with a secondary polymer, typically PLLA or PLGA, or thermally treating the 

scaffolds to bond adjacent fibers. This process relies on the thermoplastic behavior of the 

fibers, and the pattern and extent of bonding is controlled by the processing parameters.28,49 

Although conventionally produced scaffolds hold great promise and have been applied to 

engineer a variety of tissues with varying degrees of success, most have limitations which 

restrict their scope of applications. Among the main disadvantages are inconsistent and 

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

shape limitations.18,59 Scaffolds produced by solvent casting and particulate leaching cannot 

guarantee interconnection between the pores because this is dependent on whether the 

adjacent salt particles were originally in direct contact. Although nonwoven fiber meshes 

have a large surface area for cell attachment and rapid diffusion of nutrients, they have poor 

mechanical integrity in the Z (thickness) direction. Excluding gas foaming and molding from 

melt, conventional scaffold fabrication techniques use organic solvents, like chloroform and 

methylene chloride, to dissolve the synthetic polymers. The presence of residual organic 

solvent is the most significant problem facing these techniques due to the risks of 

cytotoxicity and carcinogenicity it poses to the various cell lines.  
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2.2 PLCL 

 
2.2.1 Synthesis 

 
Over recent years, the biodegradable and biocompatible copolymers of ε-caprolactone 

(ε-CL) and lactic acid (LA) have been of great interest for medical applications. ε-CL appears 

to be a suitable comonomer for the preparation of a diversified family of copolymers with 

mechanical properties ranging from gummy and elastomeric to rigid solids. The elastomeric 

copolymers have good elongation characteristics, which make them attractive candidates for 

applications where both elasticity and degradability are required. Crystalline domains 

consisting of long crystalline L-LA sequences account for the good mechanical strength, 

biocompatibility, and processability of high molecular weight ε-CL/L-LA copolymers and 

make them suitable for use as strong, degradable biomedical elastomeric materials.60,61 The 

preferred method for synthesizing these polymers is almost exclusively ring-opening 

polymerization. The polymerization of PLCL is carried out by synthesizing L-lactide, ε-

caprolactone and 1,6-hexanediol with stannous octoate as the catalyst. Synthesis of the PLCL 

copolymer is shown in Figure 2.5.  
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Figure 2.5-Synthesis of PLCL 

 

 

 

2.2.2 Properties 

The option to vary the composition offers a valuable method of tailoring the 

mechanical properties, biocompatibility, and biodegradability of PLCL copolymers. Since an 

understanding of the mechanical behavior is essential to the development of new 

applications, Hiljanen-Vainio et al7 investigated different copolymers of ε-CL/L-LA and ε-

CL/D,L-LA in compositions of 80/20, 60/40, and 40/60 by weight percent in the feed. The 

products were block copolymers with some random structure and, interestingly enough, the 

physical appearance varied among the compositions. This has been confirmed in another 

study by Kwon et al,8 who investigated the copolymer composition on the physical state and 

mechanical properties of electrospun PLCL fibers (Table 2.3). 
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Table 2.3-Composition, molecular weight, and physical state of PLCL copolymers8 

Monomer feed 

ratio 

Copolymer 

composition 

Molecular 

weight Polymer  

LL:CL LL:CL Mn 

Physical state at 

25ºC 

PLL 100:0 100:0 4.5 × 105 Hard solid 

PLCL 70/30 70:30 74:26 2.0 × 105 Hard solid 

PLCL 50/50 50:50 50:50 2.6 × 105 Elastomer 

PLCL 30/70 30:70 31:69 1.5 × 105 Gummy solid 

PCL 0:100 0:100 1.8 × 105 Hard solid 

 
 
 
 
According to the study by Hiljanen-Vainio et al,7 the stress-strain curves of the 

homopolymers and copolymers were quite different; P(CL80/L-LA20) exhibited yield 

deformation and ductile failure, P(CL60/L-LA40) exhibited rubber-like behavior with a low 

elastic modulus, and P(CL40/L-LA60) was both tough and rubber-like with a high elastic 

modulus (Figure 2.6).  
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Figure 2.6-Stress-strain curves of PLCL copolymers and PCL and PLLA homopolymers7 
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The same group investigated the changes in the mechanical properties taking place as 

a function of hydrolysis time. The copolymers became stiffer with hydrolysis, while the 

elongation at break gradually decreased.60 The mechanism of biodegradation of poly(ε-

caprolactone), poly(D,L-lactide) and a number of copolymers is qualitatively similar, despite 

a range of different structures and morphologies.62 Jeong et al3 has reported that, unlike 

PLGA scaffolds or PGA fibers, the PLCL scaffolds kept their original dimensions in the 

culture media for the first week under cyclic stress, and were finally broken after 2 weeks of 

exposure. However, when the PLCL scaffolds were implanted in vivo as a tubular construct 

for 15 weeks, the mass decreased to 81% indicating a very slow rate of degradation.39 The 

same group has compared the mechanical properties of PLCL (5:5) and PLGA (7:3) 

scaffolds and has found that the PLCL exhibits higher elasticity and flexibility. Elastic 

properties were evaluated by measuring the recovery after stretching as shown in Figure 2.7.  
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Figure 2.7-Recovery of PLGA and PLCL scaffolds after different applied tensile strains3 
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The PLCL scaffold prepared from 60 wt% salt exhibited a recovery of over 97% at 

applied strains of up to 500%, whereas the PLCL scaffold prepared from 90 wt% salt showed 

100% recovery at 100% strain, but only 85% recovery at 200% strain, indicating that as the 

porosity increases so the recovery decreases. In contrast, the PLGA scaffold prepared from 

90 wt% salt had a large deformation and broke at strains as low as 20%.  

 

 

2.2.3 Applications 

 
Because of their excellent biodegradability and biocompatibility,63 aliphatic 

polyesters, such as polyglycolide (PGA), polylactide (PLA), poly(ε-caprolactone) (PCL) and 

their copolymers, have received great interest in medical applications such as drug delivery 

systems, sutures, artificial skin, orthopedics, and scaffolds for tissue engineering. PLLA is 

one of the most intensively studied polymers in orthopedic applications because of its good 

mechanical properties. However, it is proposed that copolymers of PLLA with PCL may 

expand its application because it becomes possible to fabricate a family of bioresorbable 

materials with a wider range of elasticity depending on their composition. The 50/50 PLCL 

in particular has been preferred as an implant material, due to its superior elastomeric 

mechanical properties. Grijpma et al61 has 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 al64 have reported 

constructing a two-ply nerve guide using PLCL as the inner micro porous layer with a pore 
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size range of 0.5-1.0μm. The potential for combining PLCL sponges with collagen, whether 

by filling or by coating, has been investigated by Taira et al65 for use as a future dental 

biomaterial. They examined the cellular reactions when the sponges were implanted 

subcutaneously in oral tissue. Groot et al6 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/salt-leaching technique.66  

Inoguchi et al67 has reported developing a mechano-active vascular scaffold based on 

a textile tube composed of elastomeric PLCL fabricated by an electrospinning technique. 

These small-diameter PLCL tubes were made with various wall thicknesses, and their 

compliance and strain response were determined using a biomimicked circulatory system. 

Electrospun tubular scaffolds were first introduced by Thien How at the University of 

Liverpool in 1978,68 and they have subsequently been modified by his group to improve their 

mechanical behavior.67,69 Other studies have investigated structural characteristics, 

mechanical properties and cell adhesion potential for electrospun PLCL with different 

compositions.8,54,56,70 Incorporating bioactive substances within electrospun PLCL fibers has 

been reported by Kwon et al70. The group electrospun fiber meshes composed of PLCL with 

type I collagen and heparin which was found to enhance endothelial cell adhesion and 

proliferation as well as anticoagulant activity. Jeong et al3,39,42,46 fabricated PLCL scaffolds 

by an extrusion/particulate leaching process and investigated the morphology and 

degradation of the scaffolds in vitro and in vivo. The average pore size was about 150±50μm 

and the scaffolds indicated a tensile strength of 0.80MPa and an elongation of more than 

200%.46 As the porosity increased, the elastic recovery decreased, and as the pore size 
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increased, so the cell adhesion and proliferation increased. Vascular smooth muscle cells 

(VSMCs) were seeded in order to characterize cell adhesion and proliferation, and the 

scaffolds were implanted to confirm biocompatibility. This study confirmed that the PLCL 

scaffolds exhibit complete elastic recovery under cyclic mechanical stress,3 good 

biocompatibility for smooth muscle cells,3,42 and appropriate biodegradability. The PLCL 

scaffolds degraded slowly, even in the form of a highly porous thin membrane. Porous 

scaffolds have a larger surface area and interconnected structure so the degradation period 

would be accelerated compared to films or sheets. The study showed that the Mw decreased 

gradually to 39% of its initial value after 15 weeks in vivo, compared to 36% after 15 weeks 

in PBS buffer in vitro. The initial mass fell to 20% after 15 weeks in vivo, compared to only 

6% after 15 weeks, but down to 70% after 50 weeks in vitro.46 It is noticeable that the 

degradation rate in vivo is faster than that in vitro. This may be due to active enzymes species 

which are only present in the body (Fig 2.8).  
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Figure 2.8-Change of mass of PLCL scaffolds with degradation time in vitro and in vivo46 
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The same group has also demonstrated that under pulsatile stress cell proliferation 

was significantly enhanced compared to static culture.42 This confirms that engineering 

vascular smooth muscle cells and blood vessels under mechanically active conditions results 

in enhanced mechanical strength, collagen production, and blood vessel patency.4,22 
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Figure 2.9-SEM morphology of VSMCs grown on PLCL scaffolds42 
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2.3 Spinning Methods 

 
In the context of synthetic fiber manufacture, spinning refers to the overall process of 

polymer extrusion and fiber formation.71 The fiber forming polymers being solids must be 

converted into a fluid state for extrusion. The term “medical textiles” refers to medical 

products and devices fabricated from textile fibers to filaments, and include products ranging 

from wound dressings and bandages to high-technology applications such as biotextiles, 

tissue engineered scaffolds, and vascular implants.72 Over the past several decades, the use of 

fibers and textiles in medicine has grown dramatically as new and innovative fibers, 

structures, and therapies have been developed.19 All textile-based medical devices are 

composed of structures fabricated from monofilament, multifilament, or staple fiber yarns 

formulated from synthetic polymers, natural polymers, or genetically engineered polymers. 

 

 

 
2.3.1 Melt Spinning 

 
Melt spinning is relatively economical compared to other spinning methods, but can 

only be applied to thermoplastic polymers that are stable at temperatures sufficiently above 

their melting point or softening point to be extruded in the molten state without substantial 

degradation. The number of holes in the spinneret defines the number of filaments in the yarn 

being produced. The exit hole is usually circular, giving continuous filaments with a circular 

cross-section. However, specially profiled filaments and hollow fibers can be produced by 

specially designed spinneret orifices. Melt spinning is typically used with thermoplastic 
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polymers that are not affected by the elevated temperatures required in the melt spinning 

process. Figure 2.10 is a schematic representation of a typical melt spinning process. 

 

 

 

 

Figure 2.10-Melt spinning 

 
 
 
 
 
 
2.3.2 Electrospinning 

 
Electrospinning has recently received much attention in healthcare applications 

especially in biomedical engineering5,8,52-54,57,69,73-75, providing an alternative approach for the 

fabrication of unique matrices and scaffolds for tissue engineering. Electrospinning is a 
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spinning method that can produce polymer fibers with diameters ranging from several 

microns down to 100 nm or less. Instead of using air or mechanical forces for extrusion as 

with conventional fiber spinning process, it relies on the application of a high-voltage 

electrostatic field between the metallic nozzle of a syringe and a grounded metallic 

collector.52 The fibers are typically deposited in the form of a nonwoven web on a target 

metal collector or a rotating drum through a random deposition process. 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 jet accelerated toward regions of lower potential, the solvent evaporates while the 

entanglements of the polymer chains prevent the jet from breaking up resulting in fiber 

formation.5 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. The nano scale diameter of the fibers produced and 

the structure of the nonwoven web resemble certain supramolecular features of extracellular 

matrix (ECM).69 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 

blood vessel tissue engineering scaffold design because the monolayer of endothelial cells 

grows directly on the basement membrane in native blood vessels.76 The nonwoven industry 

generally considers nanofibers as having a diameter of less than one micron, although the 

National Science Foundation (NSF) defines nano fibers as having at least one dimension of 

100 nanometer or less.77 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 
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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.78 In 

electrospinning, depositing nanofibers on a static collector plate produces a randomly 

oriented nonwoven fiber matrix; whereas deposition on a rotating drum or mandrel produces 

aligned nanofiber matrices.76,79 Figure 2.11 is a schematic drawing of a typical 

electrospinning set up. 

 

 

 

 

 

Figure 2.11-Electrospinning 
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There are various parameter variables that can alter the electrospinning process. The 

properties of the solution such as conductivity, viscosity, molecular weight, and surface 

tension can change the results of the spinning 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 also change the results of the spinning process. 

Varying one or more of these conditions will result in producing nanofibers from different 

various polymers, and finding the optimal conditions according to the polymer and the 

solvent is critical.  

Successful experiments to produce PLCL nanofibers via electrospinning have used 

solvents such as acetone, methylene chloride (MC), 1,1,1,3,3,3-hexafluoro-2-propanol 

(HFIP). Both Mo et al54 and Xu et al79 have reported that PLCL scaffolds composed of 

nanofibers that mimic native ECM, have demonstrated favorable interactions with smooth 

muscle cells and endothelial cells. Kwon et al8,67 have successfully produced a compliant 

“mechano-active” small-diameter vascular graft via electrospinning. The electrospinning 

method used to fabricate the scaffolds is simple in its approach, does not involve complex or 

expensive equipment, and has significant potential for application to the tissue engineering of 

blood vessels.78  
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3 Experimental 

 
 
 
3.1 Materials 

 
Two samples of random poly(L-lactide-co-ε-caprolactone) (PLCL) copolymers were 

received as solid bulk polymers from the Biomaterials Research Center at the Korea Institute 

of Science and Technology (KIST). The mole ratio of the two monomers (PLA and PCL) in 

the PLCL copolymers was 50:50. The molecular weights of the two copolymers were 

Mn=70,000 and Mw=110,000, and Mn=240,000 and Mw=350,000, respectively. The 

samples were stored in sealed plastic bags in a vacuumed desiccator.  

 

 

3.2 Polymer Thermal Properties 

 
3.2.1 Differential Scanning Calorimeter (DSC) 

 
A Perkin Elmer Diamond DSC-2C differential scanning calorimeter (Boston, MA, 

USA) was used to identify the glass transition temperature (Tg) and the endothermic peaks of 

the raw materials. Differential scanning calorimetry measures the amount of energy absorbed 

or released by a sample as it is heated or cooled, providing quantitative and qualitative data 

on endothermic (heat absorption) and exothermic (heat evolution) processes. Specimens were 

cut up to weigh 3 to 5mg which were then crimped and sealed in non-volatile aluminum 

pans. The specimens were maintained at -50ºC for 1 minute and then heated up to 150ºC at a 

constant scanning rate of 20ºC per min. The specimens were maintained at 150ºC for 3 
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minutes and then cooled down to -50ºC at 100ºC /min to simulate quenching. The specimens 

were maintained at -50ºC for 3 minutes and then heated up to 150ºC again at a constant 

scanning rate of 20ºC per minute. The purpose of the quenching process is to remove the 

previous heat history of the specimen. Calibration of the temperature and exothermic scales 

was undertaken using a known weight of indium before the tests. The results give the 

endothermic heat flow (mW) as a function of temperature (ºC). The amount of crystalline 

material contained in a polymer is defined as the heat of fusion (J/g) and is calculated from 

the area constructed under the melting peak and above the baseline (Delta Hm). Delta Cp is 

the change in heat capacity. The degree of crystallinity (DOC) is calculated from the heat of 

fusion of a measured mass of polymer divided by the heat of fusion of the same polymer in 

100% crystalline form. The calculation equation for the DOC is as follows: 

 

 

100%
polymer ecrystallin 100%for fusion  ofHeat 

samplefor fusion  ofHeat (%)ity crystallin of Degree ×=  

 

 

 

 

3.2.2 Thermal Gravimetric Analysis 

 
A Perkin Elmer Pyris-1 TGA (Boston, MA, USA) thermal gravimetric analyzer was 

used to test the degradation temperature of each individual raw material. Thermal gravimetric 

analysis often serves as a preliminary diagnostic tool. It measures the weight loss seen in a 
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material as the temperature increases. Usually, stoichiometric, heat stability, and 

compositional information can be obtained by studying the change in mass as a function of 

temperature. Also by noting at which temperatures the maximum rate of weight loss occurs, 

it is possible to identify the composition of an unknown polymer. For our purpose, 

identifying the degradation temperature was the main objective for this test. Such an 

apparatus should have the ability to detect oxidation by weight gain and degradation or water 

evolution by weight loss. Dry specimens weighing 5 to 10mg of were placed in a clean dry 

pan. The chamber was purged with either nitrogen or air and the sample was heated from 

25ºC to 500ºC at a constant rate of 20ºC per minute.   

 

 

3.2.3 Thermo Haake Mini Lab 

 
Specimens weighing 6 grams were loaded into the twin screw extruder of a 

Laboratory Thermo Haake Z 4.1 Mini Lab (Figure 3.1 and Figure 3.2). The specimens were 

heated and forced to flow in the heated circulation system. The melt viscosity was measured 

using the co-rotating twin screw extruder equipped with a recirculation chamber with 

pressure sensors. The pressure readings detected by the sensors were used to calculate the 

melt viscosity over time. The extruder was operated in a closed environment purged with air, 

at temperatures of 140ºC, 155ºC, 175ºC, and 250ºC and the rotating speeds of the screws 

were preset at 150rpm, 200rpm, and 300rpm in order to determine the viscosities for different 

scenarios. Being able to determine the consistency of the viscosity parameters combined with 

the temperature and screw speed contributed to establishing a viable spinning process.  
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Figure 3.1-Thermo Haake MiniLab 
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Figure 3.2-Inside the chamber of MiniLab 
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3.3 Preliminary testing 

 
3.3.1 Preparation of Solvent for Electrospinning 

 
Acetone (Fisher Scientific) was first selected as the solvent for electrospinning PLCL 

copolymer based on the literature review. Acetone was selected over methylene chloride 

(MC) and 1,1,1,3,3,3-hexafluoro-2-propanol (HFIP) due to its ease of use and low toxicity. 

Solutions with polymer concentrations varying from 2%, 4%, 6%, 12% and 15% (w/v) were 

prepared for both molecular weights. Homogeneous solutions were obtained by slow 

agitation at room temperature. This was done by using a magnetic stirrer at 300rpm for 3 

hours. They were readily dissolved at room temperature for all concentrations and remained 

clear and stable during storage at room temperature up to 7 days. Acetic acid (Fisher 

Scientific) was also tried as an alternative solvent for electrospinning. Polymer 

concentrations were varied from 12% to 15% for the high molecular weight PLCL (Mw-

350,000). The solutions were stirred at 300rpm at a temperature of 30ºC. After about 24 

hours, the solutions were clear. Both solvents behaved well with the PLCL polymers and 

showed potential for electrospinning.  

 

 

3.3.2 Conductivity Measurement 

 
The conductivity of the prepared solutions was measured using an Orion Model 162 

conductivity meter (MA, USA). Standard 1413μS/cm (Cat. No. 011007) was used for 

calibration. The conductivity probe was cleaned with distilled water before and after use. The 
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conductivity of pure acetone and acetone with sodium bromide added was compared. The 

conductivity was reported in μS/cm. Other salts have been investigated in addition to sodium 

bromide, such as ammonium acetate. However, the dissolving rate in acetone was too low for 

further experimental study.  

 

 

3.4 Scaffolds Fabrication 

 
3.4.1 Melt Spinning of PLCL 

 
Monofilament fiber samples from both PLCL copolymers (Mw-110,000 and Mw-

350,000) were produced by melt-spinning in a Thermo Haake Z 4.1 Mini Lab under a fixed 

temperature condition of 155 ºC. The circular orifice for extruding the fibers was 0.25mm in 

diameter. Six grams of polymer were fed into the chamber and the screws were rotated for 5 

minutes before extrusion. The speed of the screws was set to 150rpm based on the 

preliminary melt viscosity measurements. The custom wind-up unit (Figure 3.3) was 

designed and built to provide an automated traverse motion for collecting the melt spun 

monofilament fibers. The speed of the motor for winding was controlled between 100rpm 

and 200rpm, and the fibers were wound up for approximately 5 minutes on a Teflon® FEP 

tube (ID=1/8 inch, OD=3/16 inch) mounted on a rotating stainless steel rod. 
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Figure 3.3-Custom designed wind-up unit 

 
 
 
 
 
3.4.2 Electrospinning of PLCL 

 
The custom designed electrospinning apparatus (Figure 3.4) was made up of a high-

voltage power supply (Gamma High Voltage Research), an infusion pump (New Era Pump 

System), a plastic syringe, a stainless steel blunt-ended needle (outer diameter 0.9mm, inner 

diameter 0.5mm), two kinds of collectors and a grounded cage. For collecting flat samples, a 

stainless steel disk collector plate (15cm in diameter) was used, and for fabricating tubular 

constructs, stainless steel rotating mandrel collectors (3/16 inch and 1/8 inch in diameter) 

were inserted. The rotating mandrel collector was produced in a way so that the stainless 
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steel rods could be easily exchanged for convenient sample collection. The grounded cage 

enabled the fibers to be collected in a more controlled manner by applying a negative 

voltage. The syringe was horizontally fixed on the infusion pump and the sample solution 

was fed in at a constant rate through the syringe to the needle tip. The solution was 

electrostatically drawn from the tip of the needle by applying a high voltage between the 

collector and the needle. Because of its charge, the ejected solution is drawn toward the 

collector target as a whipping jet. The distance between the needle tip and the collector was 

constantly maintained to 15cm. The applied voltage on the needle tip was changed in the 

range of 12kV to 20kV. The voltage that was applied to the cage was exactly half of that 

applied to the needle tip. The flow rate of the solution was changed from 0.5ml/h to 1.0ml/h 

and the rotation speed of the mandrel was also varied between 10, 100, and 200rpm. 200rpm 

was the upper limit because the limit of the motor speed was 208rpm. 
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Figure 3.4-Schematic drawing of custom-made electrospinning set-up 
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Since there was no prior knowledge about electrospinning conditions of this 

particular PLCL copolymer, the main focus was to find the materials and processing 

conditions that would successfully fabricate scaffolds. Rather than use a statistical 

experimental design to determine the effects of both material variables and process variables, 

the approach was to use single parameter optimization. All other independent parameters 

were held constant while each of the variables was evaluated. To measure the dependent 

variables, the morphology of the spun samples was compared by SEM, and limited 

quantitative analysis was conducted by measuring the fiber diameters and pore sizes 

manually. The experimental design is presented in Table 3.1.  

 

Table 3.1-Experimental design for electrospinning 

Independent Variables  

Materials variables Process variables 

Polymer  

Molecular Weight 

(Preliminary testing) 

Mw-350,000 

Mw-110,000 

Applied Voltage 

(kV) 
12-20 

Polymer Concentration  

(w/v, %) 
4, 8, 12, 15, and 20 

Flow Rate 

(ml/h) 
0.5 and 1 

Conductivity 
(μS/cm) 

With sodium bromide 

Without sodium bromide  

Mandrel  

Rotation Speed 

(rpm) 

20, 100,  

and 200  

 

Dependent Variables  

Morphology SEM 

Fiber diameter Image analysis 

Pore size Image analysis 
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It should be noted that the preliminary trials for evaluating the effect of the molecular 

weight were performed with a different electrospinning unit which had a vertical orientation. 

The applied voltage was 50kV and the diameter of the collector plate was 30cm. The distance 

between the needle tip and the collector was 15cm with a flow rate of 0.1ml/min. After the 

preliminary trial, the high molecular weight polymer was selected to run the rest of the 

experiments for evaluating the material and electrospinning process variables.  

 

 

3.5 Morphology 

 
3.5.1 Scanning Electron Microscopy (SEM) 

 
In order to determine the morphology and the diameter of the filaments, 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 15kV 

and spot size 20. The fabric specimens were mounted on aluminum stubs using conductive 

carbon tape. Subsequent to mounting, the specimens were coated with gold/palladium using a 

Hummer™ 6.2 Sputter Coating System (NC, USA) to obtain an average uniform coating of 

100Å thickness. The specimens were coated 5 times, each time depositing a thickness of 20Å 

at different angles. Multiple random micrographs were obtained at several magnifications. 

When an image was obtained at a suitable magnification, it was set at the optimal black and 

gain levels for clarity and was digitally scanned and stored using ‘JEOL Digital Scan 

Generator V 2.00’ software interfaced with the microscope. This system had preset scan 
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controls in integrated acquisition mode, a gain factor of 3, resolution of 1280 x 960 and a 

scan time of 160 seconds. 

 

 

3.5.2 Pore Size and Fiber Diameter Measurement by Image Analysis  

 
The obtained images of melt spun filaments and electrospun webs were analyzed by 

measuring the fiber diameters and pore sizes. The measurement was done using Image J 

which is commercially available NIH image software (Java version). The filaments were 

analyzed manually, by measuring the diameters and the pores of randomly selected fibers, 

from an individual image. The randomization process was done by selecting the nearest fiber 

to the Microsoft Excel generated random coordinates on the plot. Three micrographs at a 

5,000x magnification were analyzed for each sample. The scales were calibrated beforehand 

and the measurements were performed manually by dragging the cursor across the entire 

width or diameter, perpendicular to the direction of the fiber-axis. For the pore size 

distribution, the measurements were also done manually by dragging the cursor around the 

pores on the top layer. Before undertaking these measurements, the contrast and threshold of 

each image was optimized so as to obtain the pore size distribution of the top layer. The areas 

of the pores were measured. The data obtained was directly converted to a Microsoft Excel 

sheet, from which the analyses of the distribution were made. 

The use of an Automated Capillary Flow Porometer System (PMI) was attempted to 

obtain the pore size and the porosity data but failed. This was because the electrospun web 

was not mechanically stable enough to withstand the applied air pressure and also because 

the pores were too small to be measured. 
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3.5.3 Porosity 

 
Since the overall porosity of the web could not be measured directly, it was calculated 

by an indirect approach using the density of the scaffold and the density of the polymer. The 

porosity was reported in %. 

 

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 (mm3) 

R = outer diameter of the tubular scaffold (mm) 

r = inner diameter of the tubular scaffold (mm) 

ℓ = length of the scaffold (mm) 

 

 

The density of the polymer (dp) was found in the literature as the information was not 

provided by the supplier. The density of the polymer was reported as 1.21g/cm3 for the 50:50 

PLCL polymer.8 The mass of the specimen was measured after they were produced into 6mm 

length scaffolds. The volume of the scaffold was calculated as shown in Figure 3.5.  
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Figure 3.5-Calculation of the volume of the scaffolds 

 
 
 
 
 
 
3.6 Mechanical properties 

 
Transverse tensile mechanical testing of the melt spun and electrospun tubular 

structures were performed on an MTS Model 1122 system (NC, USA). For the electrospun 

tubes, a 10N load cell was used with a crosshead speed of 0.5mm/sec. For the melt spun 

tubes, a 250N load cell was used with the crosshead speed of 3.5mm/sec. All tests were run 

to failure. A special frame was designed and used to mount and attach tubular structures to 

the testing equipment. The frame is shown in Figure 3.6. The frame consisted of two 

assemblies of steel plates: one for the upper jaw and the other for the lower jaw, ensuring that 

the tubular fabric specimen was pulled in a uniform fashion. Each assembly had two arms 

and each arm had a 1mm diameter hole at the end. Two stainless steel pins (one for each 

assembly) of diameter less than 1mm were inserted into the holes and the tubular fabric 

sample was mounted in between the two assemblies in such a way that it looped around the 

pins. The distance between the arms of one assembly was greater than that of the other 

Volume (mm3) = π x (R2-r2) x length

Length=6mm

Tubular scaffold
Inner diameter (r) 

Outer diameter (R) 
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assembly. This allowed the two assemblies to come close to each other, while holding the 

specimen, so that the smallest specimen could be mounted easily.  
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Figure 3.6-Mounting frame for tubular structures 

 

Ten electrospun 1/8 inch and 3/16 inch diameter tubular specimens were tested to 

failure. Six specimens of melt spun 3/16 inch diameter tube specimens were also tested to 

failure. The data were stored digitally by the computer and a plot of load vs. elongation was 

developed for each specimen. The gauge length for the 1/8 inch (3.18mm) tubes was 4.98mm 

and for the 3/16 inch (4.76mm) tubes was 7.48mm. The gauge length was calculated using 

the inner diameter of the tubes making the gauge length different for different size of the 
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tubes. The calculation was based on assuming that the width (gauge length) of the tube in the 

flattened state was half the circumference of the tube using the following equation: 

 
Gauge length (mm) = π × inner diameter of the tube / 2 

 

 
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 values of peak elongation at failure (mm) were converted into peak strain (%) 

using the following equation: 

 
Strain (%) = Change in length (mm)/gauge length (mm) × 100 

 
Finally, the initial transverse tensile elastic modulus of each specimen was 

determined by measuring the initial slope of their stress/ strain curve:  

 
Initial modulus (MPa) = Stress (MPa)/ Strain 

 
Thus, a straight line was drawn on the slope to configure the x, y coordinates at the end 

of the initial linear portion of the slope. The units of modulus were in MPa, given that the 

value for strain used was dimensionless. The porosity of the specimens was also considered 

since the void areas of the pores are not bearing any loads when testing is performed. So for 

example, if the porosity of the tube is 60%, 0.4 was multiplied to the loaded area when 

calculating stress and modulus. 



 56

4 Results and Discussion 

 
 
 
4.1 Polymer Thermal Properties 

 
4.1.1 Differential Scanning Calorimeter (DSC)  

 
The glass transition temperatures (Tg) and the endothermic peaks of the PLCL 

copolymers are listed in Table 4.1. (See the DSC curves in Appendix A). The Tgs for both 

molecular weights were at approximately -28ºC, which is between the values of -60ºC for 

PCL and 57ºC for PLA, indicating a continuous amorphous phase in both copolymers. Weak 

endothermic melting peaks were observed during the first scan but they disappeared on the 

second scan, after rapid cooling. The level of crystallinity for both copolymers was 

calculated on the basis of the reported enthalpies of melting for 100% crystalline PLLA and 

PCL, which are 93 and 139J/g respectively.80 Since the ratio of the copolymer is 50:50, the 

melting enthalpy for 100% crystalline PCL was selected for inclusion in the calculation.  

 
 
 

Table 4.1-DSC results of PLCL polymers 

PLCL 

Copolymers 
Heating Profile Tg (ºC) 

Delta Cp 

(J/g*ºC) 

Endothermic 

Peak (ºC) 

Delta Hm 

(J/g) 

Crystallinity  

(%) 

First Heat -27.85 1.303 116.51 5.763 4.15 Mw-110,000 

Second Heat -27.50 1.313 N/A N/A N/A 

First Heat -27.82 1.202 125.62 4.185 3.01 Mw-350,000 

Second Heat -27.50 1.176 N/A N/A N/A 

 



 57

The percentages of crystallinity are very low suggesting that the weak endothermic 

peaks are transitory and dependent primarily on prior thermal history. According to 

Vanhoorne et al81, the glass transition (Tg) and melting point (Tm) of copolymers depend on 

the comonomer distribution. For instance, a block copolymer usually exhibits two Tgs, in 

contrast to a random copolymer which exhibits only one. It can be concluded that these two 

copolymers were synthesized as random structures. This preliminary thermal data provided 

valuable information for determining the optimal conditions for melt spinning. 

 

 

4.1.2 Thermal Gravimetric Analysis (TGA) 

 
The TGA results of the degradation temperatures of the copolymers are reported in 

Table 4.2. The results showed that the PLCL copolymer starts to degrade at approximately 

300 (ºC) under both nitrogen and air.  

 

Table 4.2-TGA results of PLCL copolymers 

Initial Degradation 

Temperature (ºC) 

Mass Percent 

 (%) 

Temperature of Most Rapid

 Degradation (ºC) 

Mass Percent  

(%) 
PLCL 

Copolymers 
Air N2 Air N2 Air N2 Air N2 

Mw-110,000 311.45 299.52 99.170 99.864 431.19 426.76 22.267 21.263 

Mw-350,000 300.72 287.20 98.946 98.999 395.63 398.22 52.389 52.945 

 

 

There was little difference for the degradation temperature between both molecular 

weight polymers, but the different derivative slopes indicated that there might be different 
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compositions of the polymer components in the two copolymers with different molecular 

weights. This may have affected the temperature where the most rapid degradation occurred, 

since the lower molecular weight PLCL unexpectedly exhibited a higher temperature. This 

trend was consistent when the polymers were run under both purge gas.  All TGA curves are 

presented in Appendix A.  

 

 

4.1.3 Melt Viscosity 

 
To determine the optimal temperature for melt spinning, the melt viscosity of both 

copolymers was measured using a Thermo Haake Mini Lab. The melt viscosity figures after 

full loading is reported in Table 4.3. The running temperature was selected based on the DSC 

results.  The first run was conducted at 250ºC which was too high. The second run was run at 

140ºC which was just above the weak melting peak with a lower screw speed. However, the 

melt viscosity was in the range of 200Pa.s under these conditions. Several trials were 

conducted until the optimal condition of 155ºC was found. 

 

 
Table 4.3-Melt viscosity of PLCL copolymers  

Polymers PLCL (Mw-350,000) PLCL (Mw-110,000) 

Temperature (ºC) 140 155 175 155 250 

After full loading 251 79.2 10.9 22.4 6.59 Melt Viscosity  

(Pa.s) 5 min after full loading 201 34.3 0 11.9 0 

Screw Speed (rpm) 200 150 200 150 300 

Shear Rate (sec-1) 118 88.5 118 88.5 177 
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It was observed that as the rotating screw speed was higher, the melt viscosity 

decreased. This is due to the increase in the shear rate when the screw speed increases. The 

melt viscosity is in inverse proportion to the shear rate. The residence time of 15 minutes or 

more for processing these polymers might be too long since it is apparent that both polymer 

experience some mechanical degradation on account of the high shear rates inside the 

chamber. Thus, for extrusion or melt spinning, it is suggested that a residence time of less 

than 5 minutes at 155°C is preferred. 

It can be concluded that the optimal temperature condition will be in the range of 

155ºC since the optimal viscosity range for melt spinning is in the vicinity of 20-100 Pa.s 

(Figure 4.1). All the other melt viscosity curves are reported in Appendix A. 
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Figure 4.1-Melt viscosity of PLCL as a function of temperature and residence time  
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4.2 Melt Spinning 

 
PLCL monofilaments were extruded via melt spinning from Thermo Haake MiniLab 

and were collected in a custom designed wind-up system as a small tube.   

 

4.2.1 Fabrication of Melt Spun Tubular Scaffolds 

 
The extruded monofilaments were wound up for 3-5 minutes on a rotating Teflon 

mandrel and were removed after collection (Figure 4.2). The outer diameter of the Teflon 

tubes was 3/16 inch therefore producing the scaffolds with an inner diameter of 3/16 inch 

(4.76mm). The tubes were cut up in 6mm lengths for scanning electron microscopy (SEM) 

and mechanical testing. When removed from the Teflon tube, the tubular construct 

maintained its shape and integrity. The monofilaments were bonded sufficiently to each other 

not to be concerned about unwinding. The extruded filaments were transparent and solid.   

 

 

 

Figure 4.2-Melt spun PLCL tubes 

Removed from the Teflon tube 

6mm 

ID=3/16”  
(4.76mm) 
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4.2.1 Morphology 

 
The morphology of the wound up mono filaments is reported in Figure 4.3. The high 

molecular weight PLCL copolymer (Mw-350,000) produced more uniform fibers compared 

to the low molecular weight PLCL copolymer (Mw-110,000) under the same spinning 

conditions. This was due to the difference in melt viscosity, since the high Mw PLCL was 

more viscous (80Pa.s) compared to the low Mw PLCL (30Pa.s) at 155°C.  

 

 

Figure 4.3-SEM micrographs of melt spun PLCL copolymers 

 

Uniform filaments were produced from the high molecular weight PLCL copolymer 

with an average diameter of 253±36μm. The filaments were extruded uniformly and their 

size depended primarily on the wind-up speed. However, with the low molecular PLCL 

copolymer, the extruded filaments were not uniform due to the low melt viscosity. The 

filaments had a large range of diameters from 11.8μm to 285μm demonstrating the potential 

to produce fine fibers. Also the tubes made from low molecular weight PLCL copolymer 

were less stiff and more flexible than the high molecular weight material. Optimizing the 

Mw-350,000 Mw-110,000 



 62

wind-up speed following extrusion was the major challenge for the whole process. 

Controlling the ratio of the speed of extrusion (screw rotation speed) and wind-up speed was 

crucial. It was observed that when the filaments were extruded and wound up, cold drawing 

was occurring. It was possible to visually see the necking region as the filaments become 

drawn and more oriented. The filaments were in a molten state when they were extruded 

from the mini-melter and when they were collected on the wind-up tube. As they were 

wound up, they bonded to each other. 

 

 

4.2.2 Thickness  

 
The thickness of the produced tubes was measured using an optical microscope. 

Multiple images were chosen from 3 specimens of both molecular weight melt spun PLCL 

tubes. The thicknesses of the tubes are reported in Table 4.4. 

 

Table 4.4-Thickness of melt spun PLCL tubes (mm) 

Melt spun tubes Thickness (mm) 

Specimen # Mw-350,000 Mw-110,000 

1 0.618 0.337 

2 0.440 0.546 

3 0.494 0.341 

Mean 0.517 0.408 

SD 0.091 0.120 

SE 0.053 0.069 

CV (%) 17.64 29.30 
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The scaffolds produced from lower molecular weight PLCL copolymer had more 

variance in thickness. This is due to lower melt viscosity during extrusion process. The 

thickness of each tube was used for calculating the peak transverse tensile stress and the 

initial transverse tensile elastic modulus.  

 

 

4.2.3 Porosity  

 
The porosity of the melt spun tubes is reported in Table 4.5. The range of porosity 

values ranged from 75% to 88% for the six specimens measured. The low molecular weight 

PLCL melt spun tubes had higher porosity compared to the high molecular weight tubes. 

This could be explained as the lower molecular weight tubes had more variance in filament 

diameter.  

 
 
 

Table 4.5-Porosity of melt spun PLCL tubes 

Melt spun tubes 

(3/16inch, 6mm) 

Specimen  

# 

Mass 

(g) 

ID  

(mm) 

OD  

(mm) 

Volume 

(mm3) 

Density  

(g/cm3) 

Calculated  

Porositya (%) 

Mw-350,000 1 0.03524 4.76 5.38 118 0.299 75.3 

 2 0.02345 4.76 5.20 82.6 0.284 76.5 

 3 0.02624 4.76 5.25 93.2 0.282 76.7 

Mw-110,000 1 0.01681 4.76 5.10 62.6 0.269 77.8 

 2 0.01523 4.76 5.31 104 0.147 87.8 

 3 0.01477 4.76 5.17 76.3 0.194 84.0 
 

aCalculated porosity: P = (1-ds/dp) × 100 (ds: density of scaffold, dp: density of PLCL =1.21g/cm3)8 
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4.3 Electrospinning 

 
To determine the best conditions for preparing tubular constructs via electrospinning, 

first of all various processing variables were evaluated. 

 

 

4.3.1 Material Variables 

 
4.3.1.1 Effect of Molecular Weight 

 
The preliminary trial to evaluate the effect of molecular weight was done with 4% 

solutions (w/v) of the PLCL copolymers in acetone. The applied voltage was 45kV and the 

flow rate was 0.1ml/min. The low molecular weight solution produced only droplets 

(electrospraying) under these conditions, whereas the high molecular weight solution 

produced a mixture of fibers and non-uniformed beads. The results are shown in Figure 4.4. 

 

 

 

Figure 4.4-SEM micrographs showing the effect of molecular weight  

Mw-110,000 Mw-350,000 
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The results demonstrated that at the same concentration, a higher molecular weight 

polymer is more capable of producing fibers. But even with the high molecular weight 

solution, still the fibers were not uniform and the formation of beads meant that the 

concentration of polymer was not sufficient to produce uniform fibers. The effect of solution 

concentration is studied in the next section. It has been reported that bead formation is related 

to the instability of the polymer jet and low viscosity.73 Especially for low molecular weight 

polymer solutions, the formation of these droplets is due to the capillary breakup of the 

spinning jet by surface tension.73 After viewing the results, only the high molecular weight 

(Mw-350,000) PLCL copolymer was used to evaluate the remaining variables.  

 

 

4.3.1.2 Effect of Solution Concentration 

 
To evaluate the effect of solution concentration, the fiber morphology was compared 

as well as the average fiber diameters. The flow rate for all concentrations was kept constant 

at 0.5ml/h, except 20% (w/v) solution which was run at 1ml/h. The 20% polymer solution 

was too viscous, so the flow rate of 0.5ml/h was not high enough to deposit fibers before the 

needle became clogged. As the concentration of the polymer increased, more uniform fibers 

were produced. The morphology is presented in Figure 4.5 to Figure 4.9.  

At 4% and 8% (w/v) polymer solutions, there was evidence that solvent was left in 

the collector which didn’t evaporate. Although small amount of fibers were produced, beads 

were still dominant on the collector (Figure 4.5). As the polymer concentration was increased 

to 12% (w/v), even though there was some evidence of fusing, there was a significant 
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decrease in bead formation and the beads were more integrated into fibers (Figure 4.7). It 

was also observed that the shape of the beads also changed from spherical to spindle-like 

with increase in polymer concentration. When the polymer concentration of the solution 

reached 15% (w/v), the most uniform fibers were collected without any beads (Figure 4.8). 

But when it reached 20% (w/v), thicker fibers were produced and an irregular form of 

deposition occurred (Figure 4.9). Also since the solution was too viscose, it was hard to 

maintain the processing conditions, i.e., the droplet dried out before it could form a jet.  

It has been reported by Zong et al82 that at lower concentrations, not only are beads 

formed, but also they are harder to dry before they reach the collector. The jet breaks up into 

droplets as a result of surface tension in the case of low viscosity liquids, but for high 

viscosity liquids the jet does not break up, but travels as a jet to the grounded target.74   

 

 

Figure 4.5- SEM micrograph of electrospun fibers spun from 4% (w/v) PLCL  
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Figure 4.6- SEM micrographs of electrospun fibers spun from 8% (w/v) PLCL 

 
 
 

 

Figure 4.7- SEM micrographs of electrospun fibers spun from 12% (w/v) PLCL 
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Figure 4.8- SEM micrographs of electrospun fibers spun from 15% (w/v) PLCL 

 
 
 

 

Figure 4.9- SEM micrographs of electrospun fibers spun from 20% (w/v) PLCL  
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In addition, the jet formation was observed while increasing the solution 

concentrations. Even though initially a single jet was formed during the spinning process, 

after time the jet was diverged into multi directions. For all concentrations, clogging occurred 

since acetone was evaporating rapidly from the tip of the needle (Figure 4.10). Even though 

the best fibers were produced at 15% (w/v), the jet was most stable at 20% (w/v) 

concentration. 

 

 

 

 

Figure 4.10- Different jet formation over time during electrospinning  

8% 1ml/h 14kV 

12% 1ml/h 14kV 

15% 1ml/h 14kV 

20% 1ml/h 14kV 
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 Mean diameters were compared between the samples that actually produced fibers 

with minimal beads. Thus, fibers produced from 12%, 15%, and 20% (w/v) polymer 

concentrations under the same conditions (flow rate of 1ml/h) were compared. For 12% (w/v) 

polymer concentration, since there was still some form of spindle-like beads, only the 

diameters of the fibers without beads were chosen to be measured. Figure 4.11 shows an 

example of the SEM images taken to measure the fiber diameters. 

 
 
 

 

Figure 4.11-Examples of SEM micrographs taken to measure the fiber diameters 

 
 
The results showed peak fiber diameters of 760±390nm for the 20% (w/v) 

concentration of PLCL copolymer in acetone. With a drop in concentration to 15% (w/v), the 

mean fiber diameter drop to 580±200nm and for 12% (w/v) concentration, the mean diameter 

drop to 400±150nm. A curve fit of these data could be used to predict the concentration 

needed to produce a desired fiber diameter within the concentration range that is capable of 

being spun. A strong linear relationship between the fiber diameter and concentration was 

observed as presented in Figure 4.12. The error bars indicate the standard error of the data 

12% 15% 20% 
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obtained. There was a significant dependence (R2=0.9763) of fiber diameter on 

concentration. This confirms the results from previous studies.74,75 
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Figure 4.12- Linear regression of the concentration of PLCL in acetone vs. mean fiber diameter (nm) 

 

 

Drastic morphological changes were found when the concentration of the polymer 

solution was changed. Compared to the other variables to be reported in the following 

sections, concentration and the corresponding viscosity was one of the most effective 

variables to control the fiber morphology.  
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4.3.1.3 Effect of Conductivity 

 
Using salt was first suggested to stabilize the jet and to reduce the beads formation. 

To stabilize the jet, the main goal was to increase the conductivity of the solution. For 

comparison, the conductivity was measured for pure acetone and then with sodium bromide 

added into the solution. Even though sodium bromide didn’t dissolve completely in acetone, 

a small fraction affected the conductivity of the solution. Before adding salt, the conductivity 

of acetone was only 1.3µs/cm, whereas after adding sodium bromide it increased to 

165µs/cm. The morphology was evaluated with 12% and 15% (w/v) polymer concentrations. 

By adding salt at 12% (w/v) concentration, there was no improvement in fiber formation but 

increased fusing. However at 15% (w/v) polymer concentration by adding salt, the diameter 

of the fibers became smaller. The morphology is shown in Figure 4.13 and 4.14. 

 

 

 

Figure 4.13- SEM micrographs of electrospun fibers showing the effect of conductivity with 12% (w/v) 

polymer concentration 

Without sodium bromide With sodium bromide 
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Figure 4.14-SEM micrographs of electrospun fibers showing the effect of conductivity with 15% (w/v) 

polymer concentration 

 
 

 

It has been reported that the addition of salt results in a higher charge density on the 

surface of the ejected jet during spinning, thus higher electric charge is carried by the 

electrospun jet.82 As the charges carried by the jet increase, higher elongation forces are 

imposed to the jet under the electrical field. So as the charge density increases, the diameter 

of the final fibers becomes substantially smaller.  

 

 

 

 

 

 

 

 

With sodium bromide Without sodium bromide 
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The average fiber diameter as well as pore size were compared for the 15% (w/v) 

concentrations. The diameter distribution of nanofibers produced from 15% (w/v) polymer 

concentration is reported in Figure 4.15. The mean diameter of the fibers without adding salt 

was 540±190nm, but after adding sodium bromide the size was reduced to 450±160nm. The 

distribution shows an evident shift in the average diameter range. 
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Figure 4.15-Fiber diameter distribution 
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However, there were no significant changes in the pore size (area) of the two 

nanofibrous webs. The pore area is reported in μm2. Since the shapes of the pores were all 

different varying from circular to triangular, no attempt was made to calculate the average 

pore diameter. The pore size distribution is reported in Figure 4.16. 
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Figure 4.16-Pore size distribution 
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4.3.1.4 Acetic Acid as a Solvent 

 
Acetic acid was suggested as an alternative solvent since it has been successfully used 

for electrospinning PCL. Polymer concentrations of 8%, 12%, 15% and 20% (w/v) were 

evaluated. A lower accelerating voltage of 10kV was applied with a constant flow rate of 

0.5ml/h. Unfortunately, there were no uniform fibers formed at any of the concentrations as 

shown in Figure 4.17. It was therefore concluded that acetic acid is not a suitable solvent for 

electrospinning PLCL copolymer. 

 

 

 

Figure 4.17- SEM micrographs of electrospun fibers showing the effect of acetic acid as a solvent 

8% 12%

15% 20%
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As the polymer concentration increased, it was possible to observe the changes in 

bead morphology as in the case of using acetone as the solvent. The spherical shape changed 

into a spindle-like shape as the concentration increased and irregular fibers started to form at 

20% (w/v) concentration. There seem to be a conductivity problem occurring in the process 

since no fibers were being produced at the higher concentration. Surprisingly, the initial jet 

was very stable compared to using acetone as a solvent even though it didn’t produce any 

form of fibers (Figure 4.18). Since acetic acid is not as volatile as acetone, there were no 

significant clogging issues as observed with acetone.   

 

 

Figure 4.18-Effect of acetic acid as a solvent in jet formation  

 
 

It has been reported that using different solvents will affect the diameter of the fibers 

produced by electrospinning. Kwon et al8 have shown different sizes of fibers produced from 

PLCL copolymer by using methylene chloride (MC) and 1,1,1,3,3,3-hexafluoro-2-propanol 

(HFIP) as a solvent. With MC, bigger fibers were produced (mean diameter of 7μm) 

compared to using HFIP (mean diameter of 0.3-1.2μm). 

20% (w/v) 15% (w/v) 
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4.3.2 Process Variables 

 
4.3.2.1 Effect of Applied Voltage 

 
The nanofibrous webs which were spun at different applied voltages are compared in 

Figure 4.19. The same solution with a polymer concentration of 12% (w/v) was used. It is 

noticeable that with the increase in kV, the beads were reduced significantly, and the average 

diameter increased. The mean diameter of the fibers produced at 20kV was 620±240nm, 

whereas at 12kV, it was only 400±150nm. 

 

 

 

Figure 4.19-SEM micrographs of electrospun fibers showing the effect of applied voltage  

(12% (w/v), 1ml/h)) 

 
 
 

When the polymer concentration of the solution was increased to 15%, the diameter 

of the fibers also increased without showing any significant improvement in fiber production 

12kv 20kv 
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(Figure 4.20). In general, a higher applied voltage ejects more fluid in the jet, resulting in 

large diameter fibers. 

 

 

 

Figure 4.20-SEM micrographs of electrospun fibers showing the effect of applied voltage  

(15% (w/v), 0.5ml/h)) 

 

 

The only mechanism of charge transport in electrospinning is due to the flow of 

polymer from the tip to the target since the electric current caused by ionic conduction of the 

polymer solution is usually assumed small enough to be negligible.74 Thus, an increase in the 

electrospinning current generally reflects an increase in the mass flow rate from the capillary 

tip to the grounded target when all other variables (such as conductivity and the flow rate of 

the solution to the capillary tip) are held constant. 

Figure 4.21 shows the different jet formation with a change in applied voltage. The 

way in which the polymer solution was released from the needle tip is clearly different due to 

14kv  20kv 
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the difference in charge. When the applied voltage is increased, the jet velocity increases and 

the solution is removed from the tip more quickly.  

 

  

 

Figure 4.21-Effect of applied voltage in jet formation 

 

 

 

4.3.2.2 Effect of Flow Rate 

 
Flow rate was altered from 0.5ml/h to 1.0ml/h for comparison in morphology. It was 

found that with 12% (w/v) concentration solution, the lower the solution feeding rate, the 

more fibers with spindle-like beads were formed. The morphology is reported in Figure 4.22. 

As the flow rate increases, the fibers showed more irregularity and non-uniformity. This 

trend was consistent with an increase in polymer concentration as reported in Figure 4.23.  

As the solution flow rate increased, the size of the fibers increased with higher irregularity. 

12kV 20kV 
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This is because with higher feeding rate, the droplet suspended at the end of the needle 

becomes larger, and the solution jet can carry the fluid away with a faster velocity.82 

 

 

 

Figure 4.22- SEM micrographs of electrospun fibers showing the effect of flow rate with 12% (w/v) 

polymer concentration 

 

 

 

 

Figure 4.23- SEM micrographs of electrospun fibers showing the effect of flow rate with 15% (w/v) 

polymer concentration 

0.5ml/h  1ml/h  

0.5ml/h  1ml/h 
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4.3.2.3 Effect of Rotation Speed 

 
To investigate the alignment of the fibers according to the rotation speed, the mandrel 

speed was altered from 20, 100, and 200 rpm while collecting the fibers. From the optimal 

parameters based on the above results, a 15% (w/v) solution concentration was used to 

electrospin at a 0.5ml/h flow rate and an applied voltage of 14kV. Up to 100 rpm, the fibers 

were randomly collected without showing any directional alignment. But at 200rpm, it was 

possible to observe diagonal alignment. The results are reported in Figure 4.24. 

 

 

 

Figure 4.24- SEM micrographs of electrospun fibers showing the effect of rotation speed  

Original 20 rpm 

100 rpm 200 rpm
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It has been previously reported that the rotating speed of the mandrel has to be at least 

1000 rpm to observe a change in fiber alignment.83 So it was anticipated that our rotation 

speed was too low for a thorough investigation. However, our unexpected results 

demonstrate that even at the limited speed of rotation of 200 rpm, nanofibrous webs were 

produced consisting of fibers that were aligned in a diagonal direction (Figure 4.25).  

 

 

 

Figure 4.25- SEM micrographs of electrospun fibers showing diagonal alignment  

 

This diagonal alignment was confirmed by Fast Fourier Transform (FFT) which is 

composed of an image of spatial details in the form of brightness transitions. These spatial 

frequencies are related to the orientation of the fibers and in this technique, the intensity 

spectra of the pixels in the image are decomposed into a frequency domain with appropriate 

magnitude and phase values.84 This helps to determine the rate at which intensity transition 

occurs in a given direction in the image. So, if the fibers are oriented in a given direction, the 

spatial frequencies in that direction will be low and the spatial frequencies in the 

0 rpm 200 rpm 
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perpendicular direction will be high and this is used to determine the fiber orientation 

distribution. As shown in Figure 4.26, since the web collected on the rotating mandrel was 

aligned in a diagonal direction, the FFT showed an evidence of a line in the perpendicular 

direction.  

 

 

Figure 4.26-Fast Fourier Transform (FFT) of nanofiber webs 

 

 

The application of aligned nanofibers in tissue engineering is to control cell 

orientation. It was found that cells cultured on electrospun fiber scaffolds tend to proliferate 

in the direction of the alignment of the electrospun fibers.79 For example, in native blood 

vessels the shear stress caused by blood flow can orient the shape of endothelial cells in the 

direction of blood flow, whereas in the wall of blood vessels smooth muscle cells are 

concentrically lined around each blood cell.76 Therefore, fibers that are well aligned in the 

circumferential direction to form a tube would find various applications in fabricating blood 

vessel scaffolds.  

Random Aligned
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4.3.3 Fabrication of Electrospun Tubular Scaffolds  

 
Based on the results above, the recommended functional parameter conditions to 

produce electrospun tubular construct with PLCL copolymer were as follows (Table 4.6).  

 

 
Table 4.6-Experimental conditions for electrospinning tubular constructs 

Functional parameters for fabricating electrospun tubes 

Polymer concentration 15% (w/v) 

Applied voltage 14 kV 

Flow rate 0.5 ml/h 

Distance between the needle and the collector 15 cm 

Mandrel rotation speed 100 rpm 

 
 

 

Two sizes of tubular constructs were produced based on the parameters above. The 

inner diameters of the tubes were 3/16 inch (4.8mm) and 1/8 inch (3.2mm). The fibers were 

collected on the metal rod for approximately 5-15 minutes. The electrospun tubes on the 

metal rod before they are removed are shown in Figure 4.27. After the tubular structures 

were produced, they were removed from the metal mandrels and cut into small pieces of 

6mm length using a cutter blade as presented in Figure 4.28. The appearance of the 

electrospun tubes was white and paper thin, but film-like. The main challenge was removing 

the tubular web from the collector without damaging it. When the tubes were removed from 

the metal mandrel, they maintained both their tubular shape and their mechanical integrity.  
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6mm

ID=3/16”
(4.8mm)

ID=1/8”
(3.2mm)

 

Figure 4.27-Electrospun tubular constructs on the collector mandrel 

 
 
 
 
 
 
 

 

Figure 4.28-Electrospun tubular constructs 

 

6mm 

ID=4.8mm 
ID=3.2mm 
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4.3.4 Morphology 

 
The representative micrograph showing the morphology of the electrospun PLCL 

scaffolds is reported in Figure 4.29. The fibers are interconnected with various sizes and 

shapes of pores forming a network. Generally, the pores were roughly triangular or oval in 

shape.  

 

 

 

 

Figure 4.29-SEM micrograph showing the morphology of PLCL nanofibers  
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The fiber diameter distribution and pore size distribution is reported in Figure 4.30 

and 4.31. The scaffold consisted of fibers with diameters ranging from 200nm to 1000nm 

with a normal unimodal distribution and the average diameter was 540±190nm.  
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Figure 4.30-Fiber diameter distribution of PLCL nanofibers 
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The pore size distribution showed that most of the pore areas are in the range of 1 to 

4μm2. The mean area of the pores was 2.08 ± 1.61µm2. Previously reported pore size values 

of electrospun PLCL fabric are in the range from approximately 0.2 to 30μm.8  
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Figure 4.31-Pore size distribution of PLCL nanofibers 
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4.3.5 Thickness 

 
The thicknesses of the electrospun tubes were measured based on the images obtained 

under an optical microscope as shown in Figure 4.32.  

 

 

 

Figure 4.32-Cross-sectional image of an electrospun tube used for thickness measurement 

 
 

The dark portion is the cross sectional view of an electrospun tube. As shown in the 

image, the tubular structure is quite uniformed without any roughness. This means that the 

fibers are not preferentially distributed in certain areas during collection. To measure the 

thickness, 15 images were obtained from 5 randomly selected tubes regardless of size. Three 

measurements were performed for each image. The measured thicknesses of the electrospun 

PLCL tubes are reported in Table 4.7. The unit is in microns.  

The high variance in the results is because of the difficulty in controlling the 

electrospinning collection time. The collection time was attempted to be controlled from 3 to 
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5 minutes for the smaller tubes and 5 to 10 minutes for the larger tubes. The variance in 

thickness affected the results for mechanical testing, since the dimension of the tubes was 

included in the calculations of stress and elastic modulus. 

 
 
 
 

Table 4.7-Thickness of electrospun PLCL tubes (μm) 

Image # 
Thickness 

(μm) 
Image # 

Thickness 

(μm) 
Image # 

Thickness 

(μm) 

1 29.4 16 42.9 31 38.3 

2 24.6 17 38.3 32 31.5 

3 28.6 18 38.9 33 29.8 

4 32.3 19 41.6 34 32.6 

5 32.6 20 43.6 35 26.3 

6 27.0 21 34.4 36 29.1 

7 29.1 22 32.6 37 34.5 

8 27.0 23 28.6 38 29.4 

9 20.2 24 34.4 39 34.8 

10 44.4 25 20.6 40 32.6 

11 44.4 26 26.3 41 45.8 

12 46.5 27 20.2 42 42.9 

13 38.9 28 22.3 43 30.9 

14 34.3 29 23.0 44 38.4 

15 40.4 30 25.6 45 37.3 

Mean 33.1 

SD 7.3 

SE 1.1 

CV (%) 22.0 
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4.3.6 Porosity 

 
The porosity of the electrospun tubes was calculated based on the density of the 

scaffold and the density of the copolymer. The results are reported in Table 4.8. The overall 

porosity for both size tubes was very similar and approximated 80%. These results exceed 

the previously reported values with electrospun PLCL fabrics which were in the range from 

56-63%.8 

 

 
 

Table 4.8-Porosity of electrospun PLCL tubes 

Electrospun tubes 

(6mm) 

Mass  

(g) 

ID  

(mm) 

OD  

(mm) 

Volume  

(mm3) 

Density  

(g/cm3) 

Calculated 

Porositya (%) 

1/8 inch 0.001118 4.76 4.76 5.94 0.188 84.4 

3/16 inch 0.000825 3.18 3.18 3.97 0.208 82.8 
 

aCalculated porosity: P = (1-dw/dp) × 100 (ds: density of scaffold, dp: density of PLCL =1.21g/cm3)8 
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4.4 Mechanical properties 

 
Mechanical properties are reported for two sizes of electrospun tubes (ID=1/8 inch 

and 3/16 inch) and 3/16 inch melt spun tubes with different molecular weights (Mw-350,000 

and 110,000), when loaded at constant rate of extension. Ten measurements were made for 

the electrospun tubes and due to limited sample availability, only six measurements were 

made for the melt spun tubes.  

 

 

4.4.1 Peak Transverse Tensile Stress 

 
Peak transverse tensile load is reported in gf and peak transverse tensile stress is 

reported in MPa. For calculating the stress, the dimensions and porosity of the tubes were 

considered. The peak transverse tensile load and peak transverse tensile stress for the 

electrospun tubes and melt spun tubes are reported in Table 4.9 and 4.10. Overall, the peak 

stress values exceeded those of natural arteries with similar caliber. The peak tensile stress 

values for human arterial tissues (brachial and popliteal arteries) are in the range from 0.78-

1.37MPa.9   
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As presented in Table 4.9, smaller diameter electrospun tubes had a higher peak load 

and stress compared to the bigger diameter electrospun tubes by the factor of 1.7. Since the 

dimension was inserted when calculating the peak stress, the variance in the thickness of the 

electrospun tubular specimens affected the results of the stress values as well. The mean peak 

stress of 26.7MPa for the 1/8 inch electrospun tubes is quite substantial since the tensile 

strength value that has been reported for PLCL scaffolds made by particulate extrusion 

method is only 0.80MPa.3 The ultimate strength of these nanofibrous scaffolds is therefore 

quite impressive. 

 

Table 4.9-Peak transverse tensile load (gf) and stress (MPa) for electrospun tubes 

Electrospun 1/8" tubes Electrospun 3/16" tubes 
 Specimen # 

Peak load (gf) Peak stress (MPa) Peak load (gf) Peak stress (MPa) 

1 174.4 25.2 67.1 10.7 

2 174.4 25.2      287.7**     45.8** 

3 175.8 25.4 90.3 14.4 

4  237.3*  34.2* 113.9 18.1 

5 236.0 34.1 168.3 26.8 

6 279.3 40.3 76.2 12.1 

7 151.4 21.8 166.1 26.4 

8 111.3 16.1 125.4 20.0 

9 189.9 27.4 76.2 12.1 

10 176.0 25.4 121.5 19.3 

Mean 185.4 26.7 111.7 17.8 

SD 48.1 6.9 37.8 6.0 

SE 16.0 2.3 12.6 2.0 

CV (%) 25.9 25.9 33.8 33.8 

*outlier: different failure mechanism 
**outlier: too high value 
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For the melt spun tubes, as presented in Table 4.10, the average peak load for the high 

molecular weight PLCL melt spun tubes was higher than that of the low molecular weight 

PLCL melt spun tubes. This is because the higher molecular weight polymer produced more 

uniform monofilaments during extrusion. For the lower molecular weight PLCL tubes, the 

variation in diameters of the filaments might have caused the tubes to fail prematurely. 

 

 

Table 4.10-Peak transverse tensile load (gf) and stress (MPa) for melt spun tubes 

Melt spun tubes (Mw-350,000) Melt spun tubes (Mw-110,000) 
Specimen # 

Peak load (gf) Peak stress (MPa) Peak load (gf) Peak stress (MPa) 

1 4485 24.0 1294 14.1 

2 4451 23.8 1385 15.1 

3 3668 29.0 1389 17.1 

4 3284 26.0 1018 12.5 

5 3266 23.2 1546 19.3 

6 4318 30.7 1012 12.7 

Mean 3912 26.1 1274 15.1 

SD 575 3.1 216 2.7 

SE 235 1.3 88 1.1 

CV (%) 15 11.8 17 17.6 

 
 

 

The results that compare the peak stress of the different sizes, copolymers and 

spinning methods are reported in Figure 4.33. The error bars indicate the standard error of the 

observed data. The range of transverse tensile strength was from 15 to 27MPa. Although the 

diameters of the tubes were not significantly different, the thickness of the melt spun tubes 
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was almost 15 times larger than that of electrospun tubes. So even though the peak load was 

very high for the melt spun tubes, the stress value is comparable to that of electrospun tubes. 

This applies the same to the initial modulus values. The melt spun tube produced from the 

high molecular weight PLCL copolymer exhibited the highest peak transverse tensile stress 

whereas the melt spun tubes fabricated from the low molecular weight copolymer showed the 

lowest.  
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Figure 4.33-Peak transverse tensile stress (MPa) of PLCL tubes 
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4.4.2 Peak Transverse Tensile Strain 

 
Peak transverse tensile strains for electrospun tubes and melt spun tubes are reported 

in %, considering the gauge length for both sizes of the tubes. For the electrospun tubes, the 

scaffolds exhibited approximately 144% of extension at failure, whereas the melt spun tubes 

gave approximately 400-500% extension exhibiting much higher elasticity. The results are 

reported in Table 4.11 and 4.12.  

 

Table 4.11-Peak transverse tensile elongation (mm) and strain (%) for electrospun tubes  

Electrospun 1/8" tubes Electrospun 3/16" tubes 
  

Specimen # 
Peak elongation 

 (mm) 
Peak strain (%) 

Peak elongation  

(mm) 
Peak strain (%) 

1 7.1 141.7 8.4 111.8 

2 7.1 142.5     16.5**     220.7** 

3 6.8 136.0 7.3 97.9 

4  9.3*  186.7* 10.5 140.5 

5 7.4 147.8 11.9 158.4 

6 7.9 157.7 7.7 102.8 

7 8.4 169.2 14.0 187.6 

8 4.2 84.9 14.4 192.2 

9 9.7 195.3 9.6 128.0 

10 7.2 144.3 12.1 161.2 

Mean 7.3 146.6 10.6 142.3 

SD 1.5 29.5 2.6 35.1 

SE 0.5 9.8 0.9 11.7 

CV (%) 20.1 20.1 24.7 24.7 

*outlier: different failure mechanism 
**outlier: too high value 
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The strain for the electrospun tubes was similar regardless of the inner diameter. 

Since the melt spun tubes were made from bundles of monofilaments, it took a longer period 

of time to reach failure, since the individual filaments with different diameters broke at 

different times. The difference was greater with the lower molecular weight PLCL melt spun 

tubes since the filaments were less uniform and had higher variance.  

It has been reported that PLCL scaffold produced by an extrusion-salt particulate 

leaching method had an elongation of more than 200% and recovery of 98% after 200% 

elongation.46 The overall strain value of the tubes exceeded the transverse tensile strain 

values of natural arteries of similar caliber which is less than 100%.9  

 

 

Table 4.12-Peak transverse tensile elongation (mm) and strain (%) for melt spun tubes 

Melt spun tubes (Mw-350,000) Melt spun tubes (Mw-110,000) 

 Specimen # Peak elongation 

(mm) 
Peak strain (%) 

Peak elongation 

(mm) 
Peak strain (%) 

1 45.0 601.3 30.6 409.5 

2 40.9 547.4 35.2 470.7 

3 45.0 601.3 32.4 433.2 

4 46.4 620.6 30.6 408.5 

5 38.1 508.8 37.9 506.6 

6 44.1 590.0 13.2 176.4 

Mean 43.3 578.2 30.0 400.8 

SD 3.1 41.9 8.7 116.3 

SE 1.3 17.1 3.6 47.5 

CV (%) 7.2 7.2 29.0 29.0 



 99

The relative values of the transverse tensile strain for melt spun and electrospun tubes 

are reported in Figure 4.34. The error bars indicate the standard error of the observed data.  
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Figure 4.34-Peak transverse tensile strain (%) for PLCL tubes 
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4.4.3 Initial Transverse Tensile Elastic Modulus 

 
The initial transverse tensile elastic modulus was calculated from the initial slope of 

each stress-strain curve. The values are reported in Table 4.13 and 4.14. The range of the 

initial transverse tensile elastic modulus was from 24MPa to 39MPa.  

 

 

Table 4.13-Initial transverse tensile elastic modulus (MPa) of electrospun PLCL tubes  

Specimen # Electrospun 1/8" tubes Electrospun 3/16" tubes 

1 31.6 19.4 

2 50.5    46.6** 

3 54.8 32.4 

4  18.8* 24.4 

5 45.5 33.8 

6 40.3 23.3 

7 25.1 27.8 

8 51.9 22.5 

9 20.7 18.0 

10 30.2 19.4 

Mean 39.0 24.6 

SD 12.5 5.7 

SE 4.2 1.9 

CV (%) 32.1 23.2 

*outlier: different failure mechanism 
**outlier: too high value 
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Table 4.14-Initial transverse tensile elastic modulus (MPa) of melt spun PLCL tubes 

Specimen # 
Melt spun tubes  

(Mw-350,000) 

Melt spun tubes  

(Mw-110,000) 

1 22.2 25.1 

2 19.9 25.3 

3 25.0 23.3 

4 23.3 24.7 

5 24.3 27.5 

6 26.3 17.4 

Mean 23.5 23.9 

SD 2.2 3.4 

SE 0.9 1.4 

CV (%) 9.5 14.4 

 

 

 

The small diameter electrospun tubes had the highest initial elastic modulus meaning 

it had the highest stiffness. However, ignoring the different diameters of the tubes, the 

electrospun tubes and melt spun tubes had similar values for initial modulus which was 

unexpected. This could be explained that the initial deformation is caused by the inherent 

material property of the polymer regardless of diameter of the fibers. 

The tensile modulus of 50:50 PLCL copolymers that have been reported previously is 

only 0.6MPa63, which is substantially lower than these experimental results which was in the 

range from 24MPa to 39MPa. Kwon et al8 have reported the Young’s modulus of electrospun 

PLCL scaffolds which had a thickness of approximately 140μm. The values were in the 

range of 0.8MPa to 2.2 MPa which is also substantially lower than these experimental results.  
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The relative values of the transverse tensile elastic modulus for the melt spun and 

electrospun tubes are compared in Figure 4.35. The error bars indicate the standard error of 

the observed data.  

 

 

 

 

0

5

10

15

20

25

30

35

40

45

In
iti

al
 E

la
st

ic
 M

od
ul

us
 (M

Pa
)

1/8" tubes 3/16" tubes 3/16" tubes3/16" tubes

Electrospun tubes Melt spun tubes

Mw-350,000 Mw-110,000

 
Figure 4.35-Initial transverse tensile elastic modulus (MPa) for PLCL tubes 
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4.5 Tubular Constructs via Melt Spinning and Electrospinning 

 
Melt spun tubes were also prepared for use as a base structure for the electrospinning 

of PLCL nanofibers. The results are shown in Figure 4.36 and Figure 4.37. Despite the 

concern that the nanofiber web will not bond to the melt spun fibers, combining 

electrospinning and melt spinning of PLCL copolymers to fabricate a multilayered tubular 

construct was successfully demonstrated. Nanofibers were bonded onto the melt spun fibers 

showing horizontal alignment verses the vertical melt spun filaments (Figure 4.37). This 

phenomenon was interesting in a sense that the rotation speed of the mandrel was not fast at 

all (100rpm). This array of alignment might be able to provide more options for controlling 

cell orientation in the scaffolds.  

 

 

Figure 4.36-PLCL nanofibers on top of melt spun tubes (70x) 
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Figure 4.37-Alignment of PLCL nanofibers on top of melt spun fibers (200x) 

 
 

 

Figure 4.38-Nanofibers on top of melt spun fibers from PLCL copolymer (Mw-350,000) 
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Figure 4.38 shows the relative size of the two kinds of fibers produced. The size of 

the monofilament is approximately 135μm whereas the nanofibers exhibit a range of 

approximately 400nm to 2μm. The alignment of the nanofibers on top of the melt spun fiber 

indicated that the horizontal alignment is not due to the possible stretching which might 

occur when the tube is removed from the mandrel. 

Succeeding to electrospin on top of the melt spun fibers give a positive opportunities 

in fabricating scaffolds with sufficient mechanical strength and surface architecture at the 

nano scale. Controlling the electrospinning time as well as the fiber alignment will be the 

upcoming challenges in developing this novel approach.  
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5 Conclusions and Recommendations 

 
 
 
5.1 Conclusions 

 
1) The thermal and surface properties of PLCL copolymers were characterized. The 

glass transition temperature of the copolymers is approximately -27°C.  

2) The custom designed wind up unit was efficient and effective for fabricating melt 

spun small diameter tubes. 

3) Using a rotating mandrel and a custom designed wind up unit, tubular structures 

were successfully fabricated consisting of melt spun monofilaments.  

4) Melt spinning was feasible with PLCL copolymers at the temperature of 155°C 

and with melt viscosities below 100Pa.s. The average diameter of the filaments was 

253±36μm for the higher molecular weight tubes with high uniformity, and the diameter of 

the lower molecular weight tubes was in the range of 12-280μm with higher variance. The 

melt spun tubes had porosities in the range of 76-88%. The higher molecular weight melt 

spun tubes (Mw-350,000) contained more uniform fibers.  

5) The optimal electrospinning conditions to produce consistent and uniform 

nanofibers from PLCL copolymers were to use acetone as the solvent, to use the higher 

molecular weight (Mw-350,000) copolymer with a 15% (w/v) polymer concentration 

solution, a 0.5ml/h solution flow rate, and a 14kV of applied voltage.  

6) Using a rotating mandrel, nanofibrous tubes were successfully fabricated by 

electrospinning PLCL copolymer.  
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7) After determining the optimal processing conditions for electrospinning, 

nanofibrous tubular scaffolds were produced from the PLCL copolymer. The average 

diameter was 540±190nm with a normal fiber diameter distribution. The mean pore size area 

was 2.08 ± 1.61μm2. The porosity was approximately 65% with interconnecting pores with 

various shapes. 

8) The melt spun tubes from the higher Mw copolymer had the highest peak 

transverse tensile strength of 26.1±1.3MPa and peak transverse tensile strain of 578.2±17.1%. 

The melt spun tubes from the lower Mw copolymer had the lowest peak stress of 

15.1±1.1MPa and strain value of 400.8±47.5%. The initial transverse tensile modulus was 

similar to 24MPa for both molecular weight melt spun tubes. The electrospun 3/16 inch tubes 

had a lower peak transverse tensile strength compared to the smaller diameter tubes which 

had a value of approximately 17.8±2.0MPa. The peak stress for the 1/8 inch electrospun 

tubes was 26.7±2.3MPa which was equivalent to that of the higher Mw melt spun tubes. The 

peak transverse tensile elongation for electrospun tubes were approximately 140%. The 

transverse tensile elastic modulus for the smaller diameter tube was 39.0±4.2MPa whereas 

for the 3/16 inch tubes, it was only 24.6±1.9MPa. However this value is very similar to that 

of melt spun tubes indicating that the initial deformation behavior is influenced by the 

inherent material property of the polymer regardless of its fiber diameter. 

9) Melt spinning and electrospinning techniques were combined to produce a two 

layered tubular scaffold containing both melt spun fibers (10-200μm) and electrospun 

nanofibers (400nm-2μm). This novel approach was successfully demonstrated by 

electrospinning PLCL copolymer on top of melt spun tubular constructs with good adhesion 

between the two layers. 
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5.2 Recommendations for Future Work 

 
Investigating the in vitro degradation behavior of electrospun PLCL scaffolds will be 

an important next step in order to assess the biological performance of the scaffolds. Changes 

in morphology as well as in weight loss can be evaluated over a range of degradation periods 

with enzymes and PBS buffer solutions. 

In order to evaluate the mechanical properties of the scaffolds under dynamic 

pulsatile stresses, analyses using a Dynamic Mechanical Analysis (DMA) would be helpful. 

Cell adhesion and cell proliferation studies are proposed to evaluate the actual 

biological performance of the PLCL scaffolds. Smooth muscle cells can be seeded onto the 

scaffolds which will then be incubated in a pulsatile bioreactor subjecting the scaffolds to 

transverse tensile displacement.   

To be able to produce various sizes of monofilaments from the PLCL copolymers, it 

will be helpful to perform additional melt viscosity measurements and extrusion experiments. 

Finding the optimal temperature condition for producing smaller sizes of melt spun 

monofilaments will lead to more possible applications for this novel copolymer. 

Since the mechanical properties of PLCL are most attractive, the use of such scaffolds 

could expand its application into cartilage tissue engineering.  

Finally, investigating the morphology and characterizing the mechanical and surface 

properties of the structure that has been fabricated with both melt spinning and 

electrospinning techniques will be interesting. To assess the actual applications for this novel 

approach, further studies to engineer these multi-layered melt spun and electrospun scaffolds 

with specific structures and properties will be necessary. 
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A. Melt Properties of PLCL 

Given in this appendix are the DSC curves, the TGA curves, and the melt viscosity curves of 

the PLCL copolymers. 

 

 

 
DSC curve for PLCL (Mw-350,000) 
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DSC curve for PLCL (Mw-110,000) 

 

 

 
TGA curve for PLCL (Mw-350,000) under air 
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TGA curve for PLCL (Mw-350,000) under N2 

 
 
 

 
TGA curve for PLCL (Mw-110,000) under air 
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TGA curve for PLCL (Mw-110,000) under N2 
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Melt viscosity of PLCL (Mw-350,000) as a function of temperature and residence time (140ºC) 
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Melt viscosity of PLCL (Mw-110,000) as a function of temperature and residence time (250ºC) 
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 B. Load-Elongation Curves  
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