
 Effect of Electrospun Mesh Diameter, Mesh Alignment, and Mechanical Stretch on Bone 
Marrow Stromal Cells for Ligament Tissue Engineering 

 
Christopher Alan Bashur 

 
 

Dissertation submitted to the faculty of the Virginia Polytechnic Institute and State University 
 in partial fulfillment of the requirements for the degree of  

 
Doctor of Philosophy 

In  
Chemical Engineering 

 
 
 
 
 

Aaron S. Goldstein, Chairman 
Donald G. Baird 

Linda A. Dahlgren 
Garth L. Wilkes 

Joseph W. Freeman 
 
 

April 21, 2009 
Blacksburg, VA 

 
Keywords: Electrospinning, Tissue Engineering, Contact Guidance, Morphology, Bioreactor, 

Co-electrospinning 
 
 
 

 Copyright 2009, Christopher A. Bashur 



  

Effect of Electrospun Mesh Diameter, Mesh Alignment, and Mechanical Stretch on Bone 
Marrow Stromal Cells for Ligament Tissue Engineering 

 
Christopher Alan Bashur 

 
ABSTRACT 

 

The overall goal of this research project is to develop methods for producing a tissue 

engineered ligament.  The envisioned tissue engineering strategy involves three steps: seeding 

bone marrow stromal cells (BMSCs) onto electrospun scaffolds, processing them into cords that 

allow cell infiltration, and conditioning them with uniaxial cyclic stretch.  These steps were 

addressed in three complimentary studies to establish new methods to engineer a tissue with 

ligament-like cells depositing organized extracellular matrix (ECM).  In the first study scaffold 

topographies were systematically varied to determine topographies that induce cells to orient and 

differentiate into ligament-like cells in static culture.  Scaffolds – electrospun from poly (ester-

urethane urea) (PEUUR) with different fiber diameters degrees of fiber alignments – were 

biocompatible and supported cell growth.  Topographic cues guided cell alignment, and cell 

elongation increased with increasing fiber alignment.  Finally, expression of the ligament-like 

markers collagen type I and decorin were enhanced on the smallest fiber diameters compared to 

larger diameters.  In the second study BMSCs – seeded onto aligned electrospun PEUUR 

scaffolds – were cyclically stretched to determine the effect of dynamic mechanical stimulation 

on BMSC alignment and differentiation.  BMSCs remained aligned parallel to the direction of 

fiber alignment and expressed ligament markers (e.g. collagen type I, decorin, scleraxis, and 

tenomodulin) on electrospun scaffolds after the application of stretch.  However, the cyclic 

stretch regimen was not able to enhance expression of ECM components.  In the third study 

techniques were developed to produce more clinically relevant constructs with improved cell 

infiltration.  Specifically, a co-electrospun scaffold composed of two well integrated components 

was developed to create larger pores.  The scaffold was also embedding in a photo-crosslinkable 

hydrogel to prevent the fibers from collapsing.  These results demonstrate the feasibility of 

making a tissue engineered ligament by seeding BMSCs on an aligned, co-electrospun scaffold 

with submicron diameter fibers and then applying cyclic mechanical stretch.  Future work will 

involve combining these three steps to achieve materials suitable for in vivo testing. 
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Chapter 1: Introduction 
 

1.1 Introduction 

The overall goal of this research project was to develop methods to produce a tissue 

engineered ligament that can serve as an alternative to an autologous graft and other current 

surgical techniques.  A tissue engineering approach incorporates both a biocompatible scaffold 

and cells to induce tissue generation through the deposition and organization of extracellular 

matrix (ECM)  [1, 2].  Specific strategies for ligament tissue engineering should be developed 

with an understanding of the structure of native ligament tissue, the requirements of ligaments in 

the body (i.e. in vivo), the scaffolds that can meet these requirements, and the biological 

phenomena that can induce specific cell behavior.  The ligament tissue engineering strategy used 

in this research project involves seeding mesenchymal progenitor cells on electrospun scaffolds 

and mechanically stimulating the cells with a cyclic stretch bioreactor.  While other groups (e.g. 

David Kaplan, Cato Laurencin, James Wang, Jung-Woog Shin, and David Butler [1, 3-6]) have 

helped to develop particular components of this strategy for ligament applications, the 

contribution of this research project is in the unique combination of the components to address 

ligament tissue engineering challenges.  These challenges and the motivation for the particular 

studies performed in this research project are described throughout this section, and the resulting 

experimental plan is described in Section 1.8.   

  

1.2 Surgical Options for Ligament Repair 

An estimated 150,000 reconstructive ACL surgeries are performed annually in the United 

States to repair tears and ruptures [7].  ACL injuries occur frequently in athletes and often are 

career ending injuries.  Multiple treatment options exist for tears, but for ruptures, surgery is the 

primary option [8].  The challenge with ligaments like the ACL – that are within a joint – is that 

ruptures do not heal in vivo because of limited vascularization and poor clotting ability [8-10].  

In contrast, ligaments outside of a joint, such as the medial collateral ligament (MCL) can 

normally heal naturally [9].  The limited healing potential of the ACL was demonstrated in a 

study by Feagin et al. [8].  Both ends of ruptured ACLs were sutured together, but the ends did 

not effectively fuse after 5 years and 94% of the patients had knee instability [8].  Therefore, the 
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ACL is currently removed in surgery and replaced with a graft that is fixed to the bone on both 

ends [11, 12].   

Three options for ACL grafting materials include autologous, allogeneic, and synthetic 

grafts.  Each has unique drawbacks.  Autologous graft from a patient is currently the “gold 

standard” for ACL replacement.  This graft is most frequently obtained from the patellar tendon 

or multiple strands of the hamstring tendon bundled together [13, 14].  The high strength of this 

graft is attractive, but problems include donor site morbidity and a limited amount of donor 

tissue [15, 16].  Donor site morbidity can cause pain, muscle atrophy, and tendonitis [15, 16].  A 

second option is allogeneic graft – typically from cadaver – which does not have the problems of 

donor site morbidity and has a more abundant tissue supply  [16], but other drawbacks include 

risk of disease transmission and immune responses [17].  An immune response can occur 

because of any active foreign proteins or cell in an allogeneic graft that triggers rejection of the 

tissue [18].  For both autologous and allogeneic grafts, the strength does not match the strength 

of native ACL tissue [19].  The third option is synthetic grafts, such as Dacron ®, Gore-Tex ®, 

and the polypropylene based Kennedy Ligament-Augmentation Device that have been used in 

the past [16].  These grafts are non-biodegradable and will not repair over time.  They are 

currently not approved for ACL replacement because of success rates between 30 and 60% and 

with very few prostheses lasting more than 6 years [20].  These low success rates are due to 

fatigue and creep of the graft that occurs with daily knee movement in vivo.   

Tissue engineering is a potential fourth option.  A tissue engineering approach 

incorporates both a biodegradable scaffold and an autologous cellular component to induce tissue 

generation through the deposition of ECM [1, 2].  Tissue engineering avoids the problems of 

donor site morbidity, limited donor tissue supply, and disease transmission.  In addition, in tissue 

engineering, the cells can repair the ligament graft and prevent fatigue through active remodeling 

of the ECM, unlike synthetic grafts.   

 

1.3 Native Ligament  

An understanding of the structure of native ligament can aid in designing a tissue 

engineered construct, as the structure of a biological tissue is correlated to its function.  

Biological tissues are very complex with different components that assemble to create a 

hierarchical structure that serves multiple functions from maintaining mechanical integrity to the 
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transport of nutrients and oxygen.  Due to the complexity of native tissue, the exact replication of 

its chemistry and structure in a tissue engineered construct is not feasible, but important 

functional properties and in vivo stimuli can still be mimicked in a tissue engineering strategy.  

Important considerations for ligament tissue engineering include the tensile properties of the 

scaffold that are required to maintain mechanical integrity and the stimuli that induce ligament-

like cell behavior (e.g. phenotype and ECM deposition).    

 

1.3.1 Ligament Composition 

Ligaments are composed of cells, proteins, and proteoglycans that are arranged in a 

complex hierarchical structure.  Fibroblasts, the primary cell in ligaments, are responsible for 

synthesizing ECM proteins and remodeling the ECM during healing [21, 22].  Mature fibroblasts 

are sparsely distributed throughout the ligament and have low mitotic activity, but they are 

responsible for the normal maintenance of the tissue and the deposition of the proteins, 

proteoglycans, and glycoproteins that primarily comprise the ligament ECM [19].  Mature 

fibroblasts in ligament have both highly elongated nuclei and cytoplasm [21], although not as 

elongated as in tendon tissue (Figure 1.1) [23].  Further, some fibroblasts in healthy human 

ACLs have contractile function, as determined by the presence of significant amounts of the 

marker α-smooth muscle actin [24].  These fibroblasts with contractile function have also been 

shown to stretch and orient ECM in other types of tissue during wound healing [21, 25].   

 

 
Fig. 1.1. Hematoxylin and Eosin image of an equine tendon taken by Dr. Linda 
Dahlgren with ECM stained pink in the background and nuclei of tendon 
fibroblasts stained blue (included with permission). The scale bar is 25 µm. 
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The non-cellular components of ligament include water, proteins, proteoglycans, and 

glycoproteins.  The primary protein in ligament ECM is collagen type I (composed of two α1 

chains and one α2 chain [26]) that self assembles into fibrils [19, 22].  Other components include 

collagen type III [22], collagen type V [19], elastin [22], and other types of collagen that are 

found in limited amounts [22].  The fibrillar collagens (i.e. type I and III) and elastin are the 

structural components of ligament ECM [21], while globular collagens (e.g. type V) are thought 

to affect the packing of the collagen type I fibrils [22].  A typical cruciate ligament has a 

collagen type I: type III ratio of approximately 8:1 [16].  Tendon has very similar composition to 

ligament tissue, but a typical collagen type I: type III ratio for tendons (i.e. patellar and achilles) 

is greater than 19:1 [16].   Proteoglycans in ligament include decorin [22], biglycan [19], 

aggrecan [22], and fibromodulin [19, 27].  Proteoglycans also aid in the packing and 

organization of the collagen fibrils [28].  Decorin – the most abundant proteoglycan in 

tendon/ligament – is thought to inhibit the formation of large collagen fibrils  [19].  Cartilage 

oligomeric matrix protein (COMP) is another proteoglycans that has been found to increase the 

rate of collagen fibril formation in tendon; however, it is generally not found in mature fibrils 

[29].  Glycoproteins include tenascin-C and fibronectin [22].  Fibronectin provides several 

specific peptide sequences that aid in cell attachment through integrins [30].  Its increased 

synthesis has been shown to induce wound healing [22].  Tenasin-C functions as a link between 

cells and the fibronectin.  It is thought to inhibit the expression of integrin cell adhesion proteins 

[19, 21, 30], and to interfere with the attachment of cells to fibronectin and other ECM 

components [31].     

The presence of the ECM components found in native ligament can be used as a marker 

of ligament differentiation in engineered tissue, but these components are not specific.  Collagen 

type I is expressed by most types of muscoskeletal tissue cells (e.g. skin, tendon, bone), and the 

other components (e.g. elastin and fibronectin) can also be found in different tissues [21].  

Tenasin-C is found in other tissues, but commonly is used as a marker of ligament because it is 

found in higher amounts in tendon and ligament [19].  Other muscoskeletal tissues have specific 

markers – collagen type II for cartilage  [32] and osteocalcin for bone  [33] – but 

ligament/tendon only has selective markers, including scleraxis and tenomodulin, that have 

recently been identified.  Scleraxis is a transcription factor – expressed during the early stages of 

musculoskeletal development  [34] – that is necessary for development of mature tendon tissue 
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[35].  It may be considered an early marker of the ligament phenotype.  Tenomodulin is a 

transmembrane glycoprotein  [36] that is induced by scleraxis [37], and is thought to aid in the 

organization of collagen into fibrils  [38] and the suppression of ligament vascularization [39]. 

 

1.3.2 Ligament Organization 

 

1.3.2.1 Collagen fibril formation 

Ligaments are organized in a hierarchical structure with collagen triple helices at the 

most basic level.  This triple helical structure provides collagens with resistance to degradation 

by many proteases (e.g. pepsin, trypsin, and chymotrypsin); however, the collagens are degraded 

by matrix metalloproteinases (MMP)s [26].  For fibrillar collagen, the triple helices assemble 

into fibrils under physiological conditions [19].  In this process, pro-collagen is secreted into the 

ECM where a section of the pro-collagen is cleaved to produce the collagen triple-helix [40].  

Collagen then self-assembles to form fibrils, likely due to hydrophobic interactions [19, 22].  The 

collagen triple helices assemble in a “quarter staggered array” where they are staggered by 

approximately 64 nm (i.e. ¼ of their total length) [22].  (Figure 1.2) The formation of covalent 

crosslinks in this collagen is important for the strength of the resulting collagenous tissues.  

Types of crosslinks include disulfide bonds that form at cysteine residues and crosslinks formed 

by the enzyme lysyl oxidase [19, 22].  In older tissue these crosslinks are converted to 

irreversible pyridinoline and pyrrole forms [19].   

 

 

 
Fig. 1.2. Illustration of the assembly of collagen fibrils in a “quarter-staggered array” 
 

 

The diameter of native collagen type fibrils in the ECM is approximated as 50 nm for a 

healthy human ACL [41].  However, human ligaments have been shown to have a bi-modal 

distribution of collagen fibrils (i.e. fibril diameters 40–75 nm and 100–150 nm) [15].  The exact 
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size of the fibrils will vary from patient to patient and with age, where younger patients will have 

more uniform small fibrils and older patients will have a more bi-modal distribution of sizes 

[22].  The collagen type III homotrimer will form smaller, less organized fibrils  [22, 26].  The 

proteoglycans in ECM have also been shown to affect the fibril diameter of the collagen [19].   

 

1.3.2.2 Higher level organization  

In native ligament tissue, collagen fibrils (primarily collagen type I) are arranged in 

parallel bundles that provide high tensile strength and direct attached fibroblasts to align parallel 

to the direction of the collagen fibrils (Figure 1.3) [19].  These fiber bundles form fascicles with 

a sinusoidal wave-like structure known as the “crimp” pattern [19].  Finally, at least two fascicles 

comprise the complete ligament [19, 42].  Additional levels of ligament hierarchy (e.g. the sub-

fibril  [19] and the tertiary fiber bundle [22]) have been described in some articles.  Fibrils of 

collagen type III are found primarily around bundles of collagen type I fibrils [22].  Many 

ligaments, such as the ACL, have a synovial sheath surrounding them to protect them [8].  The 

synovial sheath consists of two membranes surrounding a layer of fluid, and is used to reduce 

friction with the surrounding tissue [22].  With all of the ACL’s components assembled, the 

average length of a human ACL ranges from 27 to 32 mm [16].   

 

 

 
Fig. 1.3. Ligament architecture for the ACL (adapted from the diagrams by Wang et al. 
and Dorski et al. [19, 22]) 
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1.3.3 Functional Properties 

The ligament components and structure provides the properties necessary to withstand 

the biomechanical forces that are exerted on the ligament daily.  A human ACL performs an 

average of 1 to 2 million cycles per year (2,700 – 5,500 cycles/day) [16], a loading rate that will 

cause fatigue in many grafts [20].  Fatigue is reduced in native ligament by the fibroblasts that 

slowly repair the ligament over time [21].  The rate of repair and remodeling has been shown to 

increase with exercise in the Achilles tendon resulting in a 46% increase in collagen deposition 

after 8 weeks of endurance training [43].  Further, during knee movement the ACL is commonly 

exposed to loads of 67 N for ascending stairs and up to 630 N for jogging [44].  The ACL is able 

to withstand these common loads because it has a modulus of approximately 111 MPa  [10] and 

equal load distribution throughout knee rotation (as the ACL twists 90º during rotation) [16].   

Native ligament exhibits three different regions of its stress-strain curve (i.e. the “toe-in” 

region, the linear region, and the yield region) during loading (Figure 1.4) [5].  The crimp 

pattern in collagen fibrils provides a “toe-in” (i.e. initial non-linear region of the stress strain 

curve) as the fibrils are straightened and elongated with strain [16].  After 2 to 4 % strain, all of 

the crimp pattern is straightened and further strain leads to stretching of the collagen triple 

helices and intrafibrillar slippage occurs between crosslinks (i.e. the linear region) [5, 22, 45].  

For 7 to 16% strain, defibrillation of the ligament occurs (i.e. the yield or failure region) [5, 16].  

The ACL is typically stretched 4-5% during normal activity – through the “toe-in” region and 

part of the linear region [46].   
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Fig. 1.4. Ligament behavior under tensile load. 
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1.3.4 Other Considerations 

 Other components of a native ACL include the presence of microvasculature, nerves, 

and, fibrocartilage tissue.  While ligament is not a highly vascular tissue, some microvasculature 

as well as the synovial fluid are necessary to provide nutrient transport to the ligament.  At the 

bony insertion ends of the ACL it transitions from ligament to fibrocartilage to mineralized 

fibrocartilage and finally to bone [15, 19]. The fibrocartilage consists of alternating layers of 

hyaline cartilage matrix and thick layers of collagen fibers with some calcified sections, and is 

the section of the ACL where aggrecan, collagen type II, and chondrocytes are found [15, 19, 21, 

22].   

 

1.4 Tissue Engineering 

Tissue engineering incorporates a biodegradable scaffold and a cellular component to 

induce tissue generation through the deposition of ECM [1, 2].  Specific strategies involve 

seeding cells on a biodegradable polymeric scaffold, using a bioreactor to generate ligament-like 

tissue in vitro [16], and adding growth factors to the medium to promote differentiation of stem 

cells to a ligament-like phenotype [47, 48].  These tissue engineering strategies can produce 

many of the functional properties (e.g. mechanical properties and cell differentiation) of native 

ACL in vitro [49, 50].   

 

1.4.1 Cell Type 

The type of cells used in tissue engineering must be able to proliferate, exhibit a 

ligament-like phenotype, deposit appropriate ECM, and not induce an immune response in vivo.  

Adult stem cells are a promising cell type, and are commonly employed in ligament tissue 

engineering studies [16].  These cells can be derived from many types of tissue including bone 

marrow, adipose tissue, muscle, and synovial membrane [32, 51].  Adult stem cells derived from 

bone marrow – typically from the iliac crest – are referred to as bone marrow stromal cells 

(BMSCs) [52, 53].  These cells are proliferative progenitor cells  [9] that can differentiate into 

bone, cartilage, muscle, fat, or ligament-like fibroblasts [54].  In addition, BMSCs have been 

show to reduce inflammation in healing tissue [51].  Disadvantages of BMSCs are that they 

require an additional, often painful, surgery to collect  [52, 53] and they can differentiate into 

undesired cell phenotypes (e.g. osteoblasts and chondrocytes).  For engineering ligament tissue, 
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differentiation of these cells with the expression and synthesis of ligament-like ECM (e.g. 

collagen types I and III, elastin, decorin, and tenacin-C [22]) without markers of other 

phenotypes (e.g. collagen type II  [32] and osteocalcin [33]) is desired.  Multiple markers are 

required to determine ligament-like differentiation because ligaments and tendons lack specific 

markers.  Another indication of ligament-like fibroblastic differentiation is the cell shape.  

Mesenchymal stem cells have either an irregular star or spindle shape and cover a large surface 

area with thin cytoplasmic extensions and pronounced oval-shaped nuclei [21].  With 

diffentiation into mature ligament fibroblasts, the cell area and the nucleus significantly decrease 

and elongate.  Fibroblasts active in wound healing have characteristics of both primitive 

mesenchymal cells (i.e. more rounded nuclei) and mature fibroblasts (i.e. smaller cell area, but 

still more spread than mature fibroblasts) [21]. 

Immortalized xenogeneic cell lines including mouse NIH 3T3 fibroblasts [55], mouse 

L929 fibroblasts [56], and rainbow trout RTG-2 fibroblasts  [57] are easier and less expensive to 

work with than BMSCs.  Therefore, they are often used in initial studies to assess 

biocompatibility and cell behavior on biomaterials [55, 58, 59].  However, these cells are not 

suitable for in vivo studies because they have a different phenotype than healthy ligament cells 

and they can induce a host immune response.  

Another cell option is terminally differentiated cells removed directly from the patient [9, 

32, 60].  Studies have demonstrated autologous fibroblasts can proliferate for ligament repair 

[60]; however, fibroblasts in ligament tissue (e.g. ACL and MCL fibroblasts) have a lower rate 

of ECM synthesis than BMSCs [9, 61].  Further, they have relatively low mitotic activity (like 

most terminally differentiated cells) that prevents their efficient expansion in culture necessary 

for ligament tissue engineering applications [19].   

 

1.4.2 Growth Factors 

For ligament tissue engineering, growth factors are frequently added to induce a ligament 

fibroblast phenotype in BMSCs.  Families of growth factors – including fibroblastic growth 

factor (FGF), transforming growth factor β (TGF-β), insulin-like growth factor (IGF), vascular 

endothelial growth factor (VEGF), and platelet-derived growth factor (PDGF) – have been added 

to induce proliferation and differentiation in vitro for ligament tissue engineering and in vivo 

with native ligament tissue [9, 22, 32, 62].   
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Each of these families of growth factors include several different proteins that are up-

regulated during different stages of tendon or ligament healing  [22] and serve different functions 

including increasing cell proliferation, ECM protein expression, and angiogenesis [9, 22].  IGF, 

PDGF, FGF, and VEGF isotypes have all been shown to increase cell proliferation [63-65], and 

VEGF isotypes have also been shown to increase angiogenesis [66].  TGF-β isotypes, which are 

up-regulated late in the healing process, and IGF isotypes have both been shown to increase 

ECM synthesis [9, 22, 67].  TGF- β has been shown to enhance both markers of the ligament 

phenotype (e.g. collagen type I  [9, 22] and proteoglycans [9]) as well as markers of cartilage 

(e.g. collagen type II [32]), suggesting that TGF- β alone is not enough to ensure the ligament 

phenotype.  TGF- β has also been shown to be required for the induction of α-smooth muscle 

actin in fibroblasts with contractile function [68]. 

 

1.4.3 Stretch Bioreactor 

Bioreactors for ligament tissue engineering use cyclic mechanical stretch, simulating the 

stretching that occurs naturally in a ligament [16].  In native ligaments and tendons, exercise 

produces mechanical stretch in the tissue.  Importantly, this stimulus has been shown to increase 

tissue repair, while a lack of this stimulus has been shown to lead to the formation of irregular 

collagen fibers, increased expression of MMPs, and decreased tensile strength of the tissue [22, 

69].  The mechanical stimulus from uniaxial cyclic stretch in a bioreactor has also been shown to 

stimulate tissue growth by inducing differentiation and ECM deposition in vitro [49].  This result 

is expected as cyclic stretching and the corresponding changes in the cell cytoskeleton have been 

shown to affect cell proliferation, migration, and ECM deposition through mechanotransduction 

[70, 71].  While the mechanism of mechanotransduction is partially understood (described 

further in Section 1.7), its effects in different in vitro situations require further investigation.  For 

instance, the number of MSCs and ligament fibroblasts has generally been shown to increase in 

response to stretch.  However, some studies have shown negligible cell growth or even a decline 

with the application of stretch [4, 49, 72, 73].  This discrepancy may partially be observed 

because magnitudes of strain above a certain level have been shown to increase the rate of cell 

apoptosis [74, 75].  Also, cells do not exhibit proliferation and differentiation at the same time 

[22], and this may be another reason for differences in cell number and proliferation.   
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The differentiation of MSCs and fibroblasts in response to stretch has been determined 

through the increased expression and deposition of ligament-like ECM components, growth 

factors, and other more specific markers.  Cyclic mechanical stretch has been shown to increase 

the expression and synthesis of collagen types I and III in MSCs and ligament fibroblasts [4, 49, 

76, 77].  The ratio of the two types of collagen has also been measured in response to stretch 

because it is one distinction between tendons, ligaments, and other supporting tissue (see section 

1.3.1).  However, these results are inconclusive because some studies found that collagen type III 

was induced more than collagen type I, while another study found that collagen type III was not 

significantly induced even though collagen type I was [4, 76, 77].  Studies have also found that 

the expression and synthesis of TGF-β – a growth factor that increases the synthesis of collagen 

type I – by human ACL fibroblasts also increased with mechanical stretch [4].  TGF- β has been 

shown to increase α-smooth muscle actin expression [68], so expectedly, expression of α-smooth 

muscle actin by human patellar tendon fibroblasts has also been found to increase with stretch 

[78].  Increases in expression of MMPs – which are involved in the turnover of ECM – by 

fibroblasts have also been shown in response to high magnitudes of strain [22, 79].  The 

expression of other components of ligament-like ECM (e.g. tenacin-C and elastin) has also been 

shown to be upregulated with stretch [49, 80].  Scleraxis, a selective marker of ligament-like 

fibroblasts, was shown to be induced in MSCs in response to uniaxial cyclic stretch in a study by 

Kuo et al. indicating a ligament-like phenotype [81]. 

 

1.4.4 Biomaterial Scaffolds 

Three-dimensional biocompatible scaffolds for tissue engineering have several 

requirements that include providing the surface for cell attachment, enabling cell infiltration, and 

supporting the initial loads placed on a tissue engineered graft.  First, surface characteristic are 

important because they can guide cell attachment and alignment – and consequently the 

alignment of the ECM  [82-84] – through topographical cues [85, 86].  Second, the scaffold must 

have a adequate porosity and effective pore diameter to allow for cell infiltration [87].  Third, the 

scaffold must provide the mechanical stability (e.g. both strength and fatigue resistance) in a 

bioreactor and in vivo until the deposited ECM is able to support applied loads.  Specific 

biomaterials and processing techniques are discussed (in Section 1.5). 
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1.5 Biomaterial Choice and Scaffold Fabrication 

 

1.5.1 Biomaterials 

A biomaterial for ligament tissue engineering must meet several requirements, including 

biocompatibility, degradability, mechanical strength, and fatigue resistance.  Several synthetic 

polymers have been shown to be biocompatible and are used for tissue engineering applications 

(e.g. α-hydroxyl esters and segmented polyurethanes and polyureas) [88-90].  Commonly used α-

hydroxyl esters (e.g. poly (lactic acid) (PLA), poly (glycolic acid) (PGA), poly (ε-caprolactone) 

(PCL)) have rates of hydrolytic degradation that vary from 1 or 2 months for PGA to 2 or 3 years 

for PCL [89, 91-93], with the longer degradation time of PCL better matching the healing rate of 

ligament tissue.  The tensile properties (e.g. yield strength, percent elongation, and modulus) of 

these polymers vary, and they should be similar to those of native ligament (described in Section 

1.3.3).  The tensile properties also vary significantly with different processing techniques, as 

poly (L-lactic acid) fiber meshes have been reported with moduli from 4 to 8 GPa and percent 

elongation from 18 to 73% [92].  In addition, one porous poly (lactic-co-glycolic acid) (PLGA) 

fiber mesh was reported by Li et al. to have an ultimate tensile strength of 323 MPa and 96% 

percent elongation [90].  These meshes may have a high enough modulus for ligament 

applications with native human ACL having a modulus of approximately 111 MPa [10]; 

however, one limitation is that they will fatigue during the repetitive cyclic loading that is 

applied to a ligament graft both in a bioreactor and in vivo [94].   

A promising strategy to provide the fatigue resistance required during cyclic loading is to 

use a thermoplastic elastomer (e.g. poly (ester-urethane urea)s (PEUURs)) [88, 95].  PEUURs 

consist of a hard segment and a soft segment which are able to micro-phase separate and produce 

elastomeric properties through physical crosslinks [96, 97].  These materials frequently contain 

an α-hydroxyl ester segment (e.g. PCL), and the degradation rates may be similar to that of the 

corresponding ester [88].  These elastomers have been found to have percent elongations of 

820% for films and 220% for meshes [88].  A benefit of these materials is that the moduli can be 

adjusted by varying the molecular weight of one of the segments – while keeping the same 

chemistry for the individual segments [96].  However, the moduli of these elastomers are lower 

than that of human ACL [10, 88].  For example, a modulus of 60 MPa has been reported for a 

poly (ester-urethane urea) (PEUUR) film [88], and the modulus of the same material was 



 13

decreased to 8 MPa when processed into a porous mesh [88].  These properties demonstrate the 

importance of mechanical conditioning to induce tissue deposition prior to implantation in vivo.    

Many natural proteins have also been used for ligament tissue engineering (e.g. collagen, 

silk, and gelatin) [1, 98].  In contrast to hydrolytically degradable synthetic polymers [91], 

natural proteins are degraded enzymatically [99].  These natural polymers are degraded in vivo 

through proteases including MMPs secreted by fibroblasts [22].  In addition, these materials have 

high moduli but possess limited elasticity [1, 98].  For example, collagen has been electrospun 

with a dry tensile modulus of 262 MPa and a percent elongation of 8 to 10% [98].  Further, a silk 

cord has been shown to have a strain at break of 38.6% [1].  Gelatin has been used for ligament 

tissue engineering applications, but requires crosslinking to prevent dissolution in aqueous 

environments [100].  After 3 days of crosslinking, Zhang et al. found that the modulus of dry 

electrospun gelatin meshes increased from 46.5 to 424 MPa and the strain at break increased 

from 32.4 to 48.8% [100].  However, the modulus of gelatin decreases after hydration [101, 

102], and the gelatin would be hydrated during in vitro culture.  

 

1.5.2 Processing Techniques 

Different structures of porous materials for tissue engineering include foams [96], fibers 

[103], and sintered microspheres [104].  For ligament tissue engineering, high strength in the 

direction of tension can be achieved with aligned fibrous meshes.  Fibrous scaffolds can be 

produced with melt extrusion [105], wet spinning processes [106, 107], and electrospinning [108, 

109].  In melt extrusion, the polymer is melted and then forced through a die [105].  The 

dimensions of the die are used to control the diameter of the fibers [110].  This process requires a 

melt viscosity low enough for the polymer to be forced through the die [111], and can lead to 

significant degradation in polymers such as PLA.  Wet-spinning is used for polymers that will 

degrade at the temperatures required for melt extrusion.  In wet spinning, a solvent is added to 

lower the viscosity and therefore lower the temperature required for extrusion.  The tensile 

moduli of PLA fibers produced through these two techniques have been compared, and the fibers 

have been shown to have higher moduli after wet-spinning than melt extrusion [111].  However, 

extrusion and wet spinning techniques are only able to produce fiber diameters as low 28 µm  

[105-107].   
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1.5.3 Electrospinning 

Electrospinning is a common method for fabricating fibrous meshes and can be 

performed both in the melt  [108] or in solution [109].  This process involves the use of an 

electric field to eject a charged polymer fiber from a syringe, and then deposit it randomly onto a 

grounded target.  Electrospun fibers have been produced with diameters of 100 nm to 7 μm [108, 

112-114].  The range of fibers that can be produced through electrospinning include the upper 

range of collagen fibril diameters found in ligament ECM (i.e. 150 nm)  [10, 15] and includes the 

range of feature sizes, 200 nm to 5 μm, known to induce contact guidance [85, 115, 116].  With 

electrospinning, the fiber diameter can be controlled by varying electrical potential, throw 

distance (i.e. the distance between the tip of the needle and the target), needle diameter, and 

solution concentration [108, 112, 113, 117, 118].   

Electrospun fibers can be macroscopically oriented by electrospinning onto a rotating 

drum  [119] or disc [120], between two grounded rods [121], or by subsequently stretching the 

resultant mesh [122].  A diagram of a common electrospinning system with a rotating drum is 

shown below (Figure 1.5).  In this system, the polymer deposits on the grounded drum as it 

rotates.  The degree of macroscale fiber orientation can be increased by increasing the speed of 

the rotating drum. 

   

 
Fig. 1.5. Diagram of an electrospinning system. 

 

Mesh thickness is primarily controlled by the length of time that the polymer is 

electrospun, and typically ranges from 140 µm to 0.5 mm [88, 118, 123].  Thicker scaffolds can 

be produced, but the formation of very thick scaffolds by electrospinning is not practical, as a 
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thickness of approximately 1 mm requires hours of electrospinning [98].  The primary three 

dimensional structure that has been produced with electrospinning is a tube.  This is produced by 

electrospinning on a mandrel and then sliding the mesh off the mandrel [124].  Multiple layers 

have also been electrospun in sequence to produce a tube with layers of different composition 

[102].  This technique has been used for nerve regeneration  [125] and vascular grafts [114, 126].   

Electrospun meshes have porosities of 56 to 93% [118, 127-129], and Kwon et al. 

showed that the porosity of electrospun meshes increases with increasing fiber diameter [118].  

Even though electrospun meshes have a high porosity, the effective pore diameters for 

electrospinning, assuming circular pores, is typically smaller than 10 µm [10, 130].  These 

effective pore diameters appear to geometrically restrict cell infiltration because the width of the 

cells is approximately 10 µm [87].  Electrospinning heterogeneous a mesh is one technique that 

has been used to increase cell infiltration [131].  

Most electrospinning research has focused on electrospinning one polymer, but multiple 

polymers can be electrospun simultaneously to produce heterogeneous meshes.  For example, 

Gupta et al. electrospun two polymers from separate syringes that mixed at the tip of the needle 

to produce a polymer blend in the fibers [132].  This technique enables the production of 

polymer blends using two different solvents.  Alternatively, Zhao et al. was able to create a fiber 

consisting of a PCL core coated by a gelatin shell [133].  In this system, the electrospinning 

solutions were added to concentric tubes with the gelatin solution on the outside [133].  These 

solutions come in contact at the tip of the needle similar to the system used by Gupta et al.  

Finally, two polymers may be electrospun separately and deposited on the same target to form an 

integrated, heterogeneous mesh [124, 134-136].  Fiber-fiber repulsion from the positively 

charged individual fibers makes integration of the different fibers a challenge, but Kidoaki et al. 

was able to achieve better integration by moving the target in the transverse direction during 

electrospinning instead of keeping it stationary [124].   

Simultaneous electrospinning has be used in recent research by Baker et al. to produce a 

gradient of co-electrospun components PCL and poly (ethylene oxide) (PEO) with the goal of 

increasing cell infiltration into the mesh.  The sacrificial PEO fibers dissolve in aqueous media to 

effectively open larger pore diameters [131].  MSC penetration was increased into the meshes 

with 50% or greater PEO, but as a result, the mechanical properties of the mesh were 

significantly reduced.  One other technique that has been used to increase cell penetration is to 
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add salt crystals during the electrospinning process – that are subsequently dissolved – and make 

larger pores than with traditional one component electrospinning [137].  These larger pores were 

able to increase the infiltration of cells into an electrospun mesh [137]. 

Many different polymers, both natural and synthetic [132, 138], have been electrospun 

for tissue engineering applications.  Natural polymers include collagen [98, 127, 139, 140], 

elastin [98, 139], tropo-elastin [98], gelatin [98, 141], and silk [1].  Synthetic polymers that have 

been electrospun for tissue engineering including PGA [122, 142], PCL [143], poly (L-lactide-

co-epsilon-caprolactone) copolymer [138], and PLGA [144]. 

 

1.6 Cell differentiation with stretch 

The expression of ECM components and phenotypic markers has been shown to be 

induced by stretch [49].  This includes the induction of the selective ligament marker scleraxis in 

MSCs in response to uniaxial cyclic stretch [81].  However, MSC expression of markers of 

several different types of muscoskeletal tissue (e.g. bone and cartilage) has also been found to be 

induced by the application of mechanical stretch, indicating that other factors are important in 

determining how the cells differentiate [145, 146].  For example, Altman et al. found that only 

ligament markers – and not the cartilage marker collagen type II or the bone marker bone 

sialoprotein – were induced in BMSCs by stretch.  In contrast, Haasper et al. showed that 

transcription factors Runx2 and FosB (which promote osteoblastic differentiation) were induced 

by a combination of mechanical stretch and osteogenic media [145], and Sumanasinghe et al. 

found that the osteogenic growth factor bone morphogenic protein-2 (BMP-2) was induced by 

stretch in BMSCs without the addition of osteogenic supplements to the media [146].  These 

studies indicate that the differentiation of BMSCs into different phenotypes cannot always be 

explained by the addition of growth factors.  The scaffold that the cells attach to and the stretch 

parameters (e.g. frequency, duration, and magnitude of strain) have also been shown to affect the 

cell differentiation.    

 

1.6.1 Effect of the Scaffold 

Mechanical stretch has been performed with several different types of scaffolds – 

including smooth and micro-grooved poly(dimethyl-siloxane) (PDMS) surfaces [84], collagen 

hydrogels [49], and large diameter fibers [50].  The scaffold has been shown to guide the 
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orientation of the cells through contact guidance, and the cells have been shown to remain 

oriented after stretch is applied.  This phenomenon is important because oriented cells will 

deposit oriented ECM [84, 147, 148], and oriented ECM has a higher tensile strength than 

unoriented ECM (e.g. scar tissue) [83].  Aligned tissue does exhibit anisotropic properties (e.g. 

higher tensile strength in the direction of orientation), so the directions of alignment of the ECM 

and the biodegradable scaffold should be the same for ligament tissue engineering applications. 

  Many mechanical stretch studies have been performed on smooth surfaces where 

mechanical stretch in the absence of topographic cues has been shown to orient cells 

perpendicular to the direction of stretch [75, 149].  This is thought to be an avoidance reaction to 

the stretching of the cell cytoskeleton by focal adhesion contacts [75].  The degree of re-

alignment of the cells may be an indication of how much the cells are stimulated, because it has 

been shown that the alignment of fibroblasts increased with increasing magnitudes of strain from 

0 to 12% [75].  Importantly, the topographic cues presented by parallel grooves have been shown 

to keep cells oriented parallel to the direction of the stretch if the surfaces are stretched parallel 

to the alignment of the grooves  [3, 78, 119]. This produces an alignment similar to that exhibited 

in fibroblasts in natural ligament [19].  Cells have also been shown to remain oriented in the 

direction of microgrooves even if the grooves were at a 45 or 90º angle to the direction of stretch 

[78], indicating that the topographic cues override the mechanism of cellular reorientation in 

response to stretch.  Lee et al. observed a similar response on aligned electrospun surfaces with 

human ACL fibroblasts that remained oriented in the direction of fiber alignment [3].  However, 

the effect of different surfaces on cell differentiation with stretch is not as well understood.   

Mechanically stretching fibroblasts on different surfaces can affect the morphology of the 

cells [3], and consequently may influence the cell phenotype (see section 1.4.1) [21].  However, 

little is understood about the effects of the combination of stretch and different surfaces on gene 

expression and protein synthesis.  Differences in gene expression between smooth surfaces and 

electrospun meshes with the application of cyclic stretch is expected because these differences 

have been shown previously in static culture  [150].  In addition, the orientation of the fibers 

appears to affect differentiation, with human ACL fibroblasts depositing more total collagen 

when the fibers are oriented instead of random [3].  An increase in α-smooth muscle actin 

expression also occurred when the microgrooves were parallel compared to perpendicular to the 

direction of stretch [78].  Combined with the application of stretch, differences in the mechanical 
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properties of the surfaces may also affect gene expression by the cells attached to them, as they 

have been shown to have an effect in static culture [18, 86, 151]. 

 

1.6.2 Effect of Stretch Parameters 

Gene expression and orientation of MSCs and ligament fibroblasts can be affected by the 

cyclic stretch parameters, including (1) magnitude of strain, (2) duration, and (3) frequency.  

First, increasing the magnitude of strain induces a corresponding increase in collagen type I 

mRNA expression of ACL fibroblasts on microgrooved surfaces [4].  In addition, an increased 

deposition or maturation of ECM by fibroblasts was inferred through an increase in modulus of a 

construct [50].  However, in one study the expression of collagen type I by MSCs was found to 

be independent of the magnitude of strain (2 and 8%) even though the expression of other genes 

was dependant.  These results indicate that cell response to strain magnitudes between 0 and 8% 

is complex.  Importantly, strains above a certain level have been shown to increase the rate of 

cell apoptosis [4, 75], and lower strains that do not cause apoptosis can still lead to inflammation 

(e.g. induction of cyclooxygenase-2 (COX-2) and prostoglandin) [152].  Second, increasing the 

duration of stretch has been shown to increase the expression of collagen type I, collagen type 

III, and tenacin-C by MSCs [49, 81, 145, 153].  This dependence was shown with both 

continuously and intermittently stretching the samples [81, 153].  Third, increasing the frequency 

from 0.1 to 0.5 Hz increased mRNA expression of collagen type I but decreased the expression 

of collagen type III [154].  However, the effect of frequency has been shown to have less affect 

than the strain magnitude on cell alignment [155].  Wang et al. found that endothelial cell 

realignment on smooth silicone surfaces was more dependant on strain magnitude (5% to 10%) 

than strain rate (5%/s to 10%/s).  The cells were also found to exhibit significant alignment even 

without cyclically stretching using a static strain of 10% [155]. 

 

1.7 Interaction between Cells and the Biomaterial 

Cell attachment, spreading, and orientation are affected by the surface chemistry, 

mechanical properties, and topology of the biomaterial.  In turn, cell alignment and spreading on 

a surface can affect other cell functions, including cell proliferation and ECM deposition through 

biochemical signaling pathways [156].  One important signaling pathway involves focal 

adhesions (i.e. the points where the cell anchors to the biomaterial).   
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1.7.1 Cell Attachment and Spreading 

Cell attachment to ECM proteins – either adsorbed onto a synthetic biomaterial surface or 

present in a natural biomaterial – is mediated through integrin adhesion receptors.  These 

receptors consist of α and β subunits.  At least 18 α and 8 β subunits have been found in at least 

24 different dimer combinations [18].  Common pairings include α5β1 that attaches to 

fibronectin, αυβ1 that attaches to fibronectin and vitronectin, and α6β1 that attaches to laminin 

[22].  The integrins are transmembrane proteins, and the outer section of the β subunit recognizes 

one or more binding sites on ECM proteins [18].  After binding, the β subunits mediate “outside 

in” signaling to recruit more integrins to the adhesion site.  The β subunits also recruit both 

structural and regulatory proteins in the cytoplasm to form a focal adhesion plaque (Figure 1.6).  

Structural proteins in these focal adhesions (e.g. talin and α-actinin) bind with β integrin subunits 

and hold focal the adhesion together [18].  Vinculin, another structural protein found in focal 

adhesions, binds to actin and enables force transduction from the focal adhesion to the actin 

cytoskeleton.  Regulatory proteins at a focal adhesion include focal adhesion kinase (FAK), 

paxillin, Src, and members of the Rho and Ras families [18], most of which are phospho-kinases 

that are involved in cell signaling pathways.  FAK and Src regulate the formation of focal 

adhesion plaques, while Rho and Ras can initiate mitogen-activated kinase (MAPK) signaling 

pathways that lead the mRNA expression [28, 157].  Rho and Ras, specifically, are involved in 

actin assembly and the generation of cellular contractile forces [46].  Another member of the Rho 

family of GTPases, Cdc42, has been shown in fibroblasts to trigger the formation of filipodia 

that are involved in cell spreading [46].   

Forces exerted on the focal adhesion plaque have been shown to the initiate MAPK 

pathways (Figure 1.6) [18, 28, 157], and this is one mechanism that induces cellular expression 

of ligament-like ECM proteins.  A simplified description of these pathways is that kinases (e.g. 

Ras) are activated and lead to the phosphorylation of MAPKs (e.g. extra-cellular regulated 

kinase (ERK)).  The MAPKs eventually activate transcription factors, such as activator protein-1 

(AP-1) leading to gene expression.  Cell migration, cytoskeletal reorganization, and changes in 

gene expression can occur after this intercellular signaling [85].   
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Fig. 1.6. Illustration of cell adhesion through integrin receptors and the resulting focal 
adhesion plaque (adapted from Goldstein [18]). 

 

 

1.7.2 Surface Chemistry  

Cell spreading is affected by both specific attachment sites (i.e. recognized amino acid 

sequences) on the surface and differences in surface chemistry.  Modifying a substrate with 

specific attachment sites or adsorbing natural ECM proteins on a surface is commonly used to 

increase integrin-mediated cell adhesion.  Surfaces have been frequently modified with the 

arginine-glycine-aspartic acid (RGD) sequence that is recognized by several integrin receptors 

and is sufficient to promote cell adhesion [18].  Patterning a surface with the RGD sequence has 

been shown to control cell shape and proliferation [18].  For example, Lauer et al. produced 

micrometer scale adhesive regions using RGD sequences to control the orientation of neuronal 

cells [158].  Other sequences that have been studied include tyrosine-isoleucine-glycine-serine-

argenine (YIGSR)  [159] and isoleucine-lysine-valine-alanine-valine (IKVAV)  [160] that are 

the integrin binding sites on laminin.  

Non-specific surface chemistry has also been shown to affect cell adhesion.  Hydrophilic 

surfaces promote cell attachment and spreading through increased serum protein deposition.  

Hydrophobic materials such as poly-ethylene glycol prevent protein deposition and consequently 
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cell attachment [161].  Further, terminal amine and carboxylic acid groups on surfaces have been 

shown to produce less protein denaturation than hydrophobic methyl groups [162].   

 

1.7.3 Surface Compliance 

Surface compliance can affect cell alignment, spreading, and migration because 

fibroblastic cells maintain forces that can deform compliant surfaces.  These forces are 

maintained in the actin cytoskeleton through non-muscle myosin.  Cells exert traction forces on 

the surface through the formation of hundreds of focal adhesions.  The tension on the actin stress 

fibers increases as the cells spread [86].  Different cell types exert very different tensile forces.  

For example, forces from fully developed focal adhesions of cardiac fibroblasts are between 10 

to 30 nN, and the overall force is in the µN range [86].  In comparison, canine kidney cells have 

been shown to exert forces ranging from 20 to 230 nN in total on a surface [163].  The cellular 

traction forces exerted by fibroblasts have been shown to deform silicone rubbers [86, 151].  The 

cells become rounded and less spread after contracting the surface.  In addition, a reduction in 

level of cell spreading – with a corresponding reduction of tension on the integrin attachments – 

has been shown to induce a decrease in the expression of α-smooth muscle actin by contractile 

fibroblasts [25, 68].  This suggests that fibroblastic differentiation may be reduced on compliant 

surfaces. 

 

1.7.4 Surface Topography 

Oriented surface features have been shown to affect cell spreading and alignment.  This 

phenomenon was first called contact guidance in 1945 when cells were found to align with fibrin 

[164].  Recently, studies have been primarily performed on model microgrooved surfaces [85, 

165].  Several types of cells (e.g. macrophages, fibroblasts, and neurons) have been aligned on a 

variety of surfaces including silicones, polymethylmethacrylates, and metals  [85] – indicating 

that contact guidance is a generalized cell phenomenon.  Further, when cells are oriented through 

contact guidance they are able to deposit an oriented ECM [121, 147, 148].  On microgrooved 

surfaces the groove width and depth of the grooved surfaces are two parameters that have been 

shown to affect cell spreading and orientation.  For ridges and grooves of equal widths from 2 to 

10 µm, fibroblast orientation was found to increase with decreasing width [115, 166], and the 

time required for cells to orient was significantly decreased for the smallest 1 µm repeating 
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groove compared to the other conditions [167].  These results suggest that the smaller features 

have more affect on cell alignment.  Nanoscale grooves have also been shown to orient neural 

cells [168, 169].  Surface features of 100 nm were too small for axons to sense; however, neuron 

orientation was guided by surface features 200 nm and larger [168, 169].  Cells for ligament 

tissue engineering (i.e. ligament fibroblasts and MSCs) may also align best on a surface with an 

ideal feature size.    

Two different cellular mechanisms for cell alignment on grooved surfaces have been 

proposed.  First, cells may orient because of the geometry of the focal adhesion plaque which 

requires a minimum width of 2 µm to establish adhesion [166, 170].  With this hypothesis, fewer 

orientations of the focal adhesion become possible as the groove width decreases, leading to 

more oriented cells.  Second, cells will seek a biomechanical equilibrium with the net sum of 

forces minimized [166, 171].  This equilibrium may not occur if the cell crosses the groove gaps, 

so this would favor cell alignment. 

Fibrous meshes have also been shown to induce contact guidance [58, 98, 123], but these 

surfaces differ from grooved surfaces in several respects.  First, unlike the precise orientation of 

grooved surfaces, fiber alignment can vary throughout the mesh.  Second, the fibers provide a 

rounded surface for cell attachment, unlike the straight walls on grooved surfaces.  Third, 

electrospun meshes have thin fibers that can be more easily deformed by cellular traction forces.  

For contact guidance on fibrous meshes, fiber diameter and fiber alignment are the two 

parameters that control cell attachment and spreading.  For fiber diameter, MC3T3-E1 

osteoblasts have been found to exhibit greater cell aspect ratio on 2.1 µm diameter fibers instead 

of 0.14 µm diameter fibers [58].  For fiber orientation, oriented poly (D,L-lactic-co-glycolic 

acid) PLGA fibrous scaffolds have been shown to orient NIH 3T3 fibroblasts  [82] and PLLA 

scaffolds have been shown to orient neural stem cells [120].   

Cell orientation and spreading through contact guidance is important in ligament tissue 

engineering.   First, cell spreading is required for cell proliferation in anchorage dependant cells 

[172, 173].  Second, increases in cell orientation can affect ECM deposition, as Lee et al. found 

that collagen expression for human ligament fibroblasts was higher on fibers with alignment than 

on randomly oriented meshes [3].     
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1.8 Experimental Plan 

 The overall goal of this project was to develop a tissue engineered approach to produce a 

ligament graft.  Cells should exhibit the ligament phenotype and deposit organized fibril-forming 

ECM that is necessary for ligament tissue growth and maturation.  With this in mind, three 

complimentary tasks were performed: (1) determining scaffold topographies that induce cell 

orientation and ligament-like phenotype in cells, (2) determining bioreactor conditions that 

stimulate the expression of ECM mRNA in oriented cells, and (3) developing an approach to 

produce more clinically relevant constructs.   

The first task was to determine a range of fiber diameters and fiber alignments that 

induce cell orientation and stimulate ECM deposition (Chapters 2 and 3).  To accomplish this, a 

series of fiber meshes with different fiber diameters and fiber alignments were prepared and 

seeded with fibroblasts and mesenchymal progenitor cells.  Projected area, aspect ratio, cell 

number, and mRNA expression of ligament-like markers were measured.  The mechanical 

properties of unsupported meshes with different fiber diameters and orientations were also 

determined (Chapter 4).  

 The second task was to determine the effect of mechanical stretch on cell orientation and 

differentiation by cyclically stretching cell seeded electrospun fibers (Chapter 5).  To accomplish 

this, a mechanical stretch bioreactor was designed and constructed.  Mesenchymal progenitor 

cells were seeded on electrospun scaffolds and either static or cyclic stretch was applied.  

Projected cell area, aspect ratio, orientation, and mRNA expression of ligament-like markers 

were measured on the surfaces after applying stretch. 

 The third task was to develop a simultaneous electrospinning (i.e. co-electrospinning) 

technique for the purpose of improving cell infiltration (Chapter 6).  Co-electrospinning of 

enzymatically degradable gelatin and slowly hydrolysable PEUUR was performed.  Next, the 

scaffolds were embedded with a hydrolytically degradable poly (ethylene glycol – diacrylate) 

(PEG-DA) hydrogel and processed into a three dimensional construct.  

 The conclusions from these studies and their contributions to the field of ligament tissue 

engineering are described at the end of the document (Chapter 7).  The results summarized there 

demonstrate the feasibility of the tissue engineering strategy for ligament repair.  The results also 

demonstrate three important areas of further research that are then described (Chapter 7).  
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1.9 Material within Appendices 

 Studies performed that are not closely linked to the overall goal of this dissertation are 

included in the appendices.  These include studies on the effect of electrospun meshes of 

different diameters and orientation on neural cells (Appendix A), and the effect of electrically 

conductive fibers on neural cells (Appendix B).  Appendix C contains a mathematical model of 

the mechanical property of three-dimensional electrospun meshes based on topographic and 

mechanical properties of the PEUUR meshes used in this research project.  Finally, ImagePro 

computer macros for taking and working with fluorescent images are included (Appendix D).  

While these appendices are not closely linked to ligament tissue engineering, they contribute to 

other fields of tissue engineering.    
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Abstract 

Engineered ligament tissues are promising materials for the repair of tears and ruptures, 

but require the development of biomaterial scaffolds that not only support physiologically 

relevant loads, but also possess architectures capable of orienting cell adhesion and extracellular 

matrix deposition.  Based on evidence that micron-scale topographic features induce cell 

orientation through a contact guidance phenomenon, we postulate that oriented micron-scale 

fiber meshes – formed by the electrospinning process – can regulate cell morphology.  To test 

this, fused fiber meshes of poly (D,L-lactic-co-glycolic acid) (PLGA) were electrospun onto 

rigid supports under conditions that produced mean fiber diameters of 0.14 – 3.6 μm, and 

angular standard deviations of 31 – 60˚.  Analysis of the morphology of adherent NIH 3T3 

fibroblasts indicated that projected cell area and aspect ratio increased systematically with both 

increasing fiber diameter and degree of fiber orientation.  Importantly, cell morphology on 3.6 

μm fibers was similar to that on spincoated PLGA films.  Finally, cell densities on electrospun 

meshes were not significantly different from spincoated PLGA, indicating that cell proliferation 

is not sensitive to fiber diameter or orientation.  
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2.1 Introduction 

 The anterior cruciate ligament (ACL) is the most commonly injured ligament in the knee, 

and – due to limited vascularization and poor clotting ability that hinder healing  [8] – more than 

100,000 surgeries are performed annually in the United States to treat tears and ruptures [7].  

Currently autologous transplant of patellar or hamstring tendons  [13] or allogeneic transplant of 

cadaveric tissue  [16] are the only surgical options for ACL replacement.  However, the former 

involves additional injury to the patient and risks donor site morbidity [15, 20], while the latter 

risks disease transmission  [16] and inflammatory responses that undermine healing [174]. 

Currently, synthetics are not used for ACL replacement as they have success rates of 30–60%, 

and fail due to flexural and rotational fatigue and creep [20]. 

A potential alternative material for ACL replacement is an engineered ligament tissue, 

which may be formed by culturing cells within a fibrous scaffold  [1, 2] under the appropriate 

combination of biochemical  [48, 175] and mechanical conditions  [4, 77] to induce synthesis of 

a ligament-like extracellular matrix (ECM) containing oriented collagen fibrils. Central to this 

strategy is achievement of an oriented ECM because poor mechanical properties of healed 

ligament tissue are associated with a disorganized ECM [83]. Therefore, within this approach the 

biomaterial scaffold should not only provide extensive surface area for cell attachment and 

matrix deposition, but should induce cell orientation. Cell orientation then will guide the 

formation of an oriented ECM [84, 147, 148].  

 One strategy for achieving cell orientation is through the use of contact guidance, a 

phenomenon by which topographical features of the biomaterial substratum regulate the spatial 

distribution of adhesive contacts and the direction of cell spreading [165, 176].  Model studies on 

micropatterned substrates have shown that parallel microgrooves with feature sizes of 1–5 

microns can orient multiple cell types [4, 115, 177-179], while submicron grooves orient axonal 

outgrowth of neurons [168].  However, the extension of this phenomenon from a model two-

dimensional system to a three-dimensional scaffold suitable for tissue engineering has been 

limited. 

Recently, electrospinning has gained momentum as a method for fabricating porous 

biomaterial scaffolds.  This process involves the use of an electric field to eject a polymer fiber 

from solution to a grounded target.  The fiber deposits randomly to form a fused fiber mesh, and 

fiber diameter can be controlled over a range from 100 nm to 5 µm by varying electrical 
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potential, throw distance, needle diameter, and solution concentration [108, 112, 113].  

Importantly, the range of fiber diameters that can be achieved are two to three orders of 

magnitude smaller than those formed by conventional extrusion  [105] and wet spinning  [106] 

processes, and includes the range of feature sizes known to induce contact guidance.  In addition, 

fiber orientation can be induced by electrospinning onto a rotating disc [120], drum [119], 

between two grounded rods [121], or by stretching the resultant mesh [122]. 

 The objective of this study was to determine how diameter and orientation of electrospun 

poly (D,L-lactic-co-glycolic acid) (PLGA) fibers affect morphology, orientation, and 

proliferation of NIH 3T3 fibroblasts.  Fiber diameter was systematically varied from 140 nm to 

3.6 µm and fiber orientation was introduced by electrospinning onto a drum rotating at surface 

velocities of 1.9, 3.3, and 4.7 m/s.  Cell proliferation was inferred from measurements of cell 

number at 3, 7, and 14 days of culture, and projected cell area, aspect ratio, and length and angle 

of the long axis were measured at 2 days of culture from florescent cell images.    

 

2.2 Materials and Methods 

 

2.2.1 Materials 

 All materials were purchased from Fisher Scientific (Pittsburgh, PA), all chemicals were 

purchased from Sigma-Aldrich (St. Louis, MO), and all biological supplies were purchased from 

Invitrogen (Gaithersburg, MD) unless otherwise noted. The 75/25 PLGA (inherent viscosity 

0.55–0.75 dL/g) was purchased from Lactel Biodegradable Polymers (Birmingham, AL), and 

dichloromethane was purchased from Burdick and Jackson (Muskegon, MI). 

 

2.2.2 Electrospinning 

 PLGA was electrospun onto 18 mm circular glass coverslips to form fused fiber meshes 

with controlled fiber diameters and degrees of fiber orientation as described previously [58].  

Briefly, glass coverslips were sonicated in ethanol and allowed to air dry.  Next, a 0.30 mL 

volume of a 3.5 wt% solution of PLGA in dichloromethane was spincoated onto the glass at 

2500 rpm for 30 s to form a smooth polymer film.  Films were allowed to dry in a vacuum oven 

at 50°C for two days.  To form meshes comprised of randomly oriented fibers, the PLGA-coated 

coverslips were mounted onto a stationary target and PLGA was electrospun under ambient 
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conditions from a syringe equipped with a 22 gauge Teflon tipped needle using a 15 kV 

potential, a throw distance of 15 cm, and a syringe flow rate of 5 mL/h.  PLGA concentrations of 

5, 11, and 16 wt% in 1,1,1,3,3,3-hexaflouro-2-propanol (HFIP) were used to produce meshes 

with different fiber diameters.  To form meshes comprised of oriented fibers, coverslips were 

mounted onto a 6.2 cm diameter wire mesh drum and electrospun under identical conditions 

except that a throw distance of 12 cm was used. The drum was rotated at 580, 1010, and 1450 

rpm (corresponding to surface velocities of 1.9, 3.3, and 4.7 m/s, respectively) to achieve 

different degrees of fiber orientation.  All meshes were dried under vacuum for 2 days to remove 

residual HFIP. 

 For cell culture studies electrospun meshes and spincoated films (controls) were placed 

into 12-well plates, sterilized by overnight exposure to UV light, and incubated for 1 h at room 

temperature with 2 mL of a 1 µg/mL solution of fibronectin in phosphate buffered saline (PBS).  

 

2.2.3 Cell Culture and Cell Seeding 

 Cell studies were performed using NIH 3T3 fibroblasts.  Cells were maintained in 

Dulbecco's Modified Eagle's Medium (DMEM) with 10% fetal bovine serum (FBS Gemini, 

Calabasas, CA) and 1% antibiotic/antimycotic in a 37°C and 5% CO2 incubator, lifted every 3 or 

4 days with trypsin/EDTA, and replated at a density of 1.5 x 105 cells per 100 mm Petri dish.  

Cells were seeded onto meshes, spincoated (control) surfaces, and tissue culture polystyrene 

(TCPS) well bottoms at a density of 2.5×104 cells/well (6.6×103 cells/cm2), and maintained in 2 

mL of medium.  Medium was replaced twice weekly.  Cells were analyzed 2 days after seeding 

to characterize cell morphology, and 3, 7, and 14 days after seeding to determine cell number.   

  

2.2.4 Scanning Electron Microscopy (SEM) 

 The diameter and degree of orientation of the electrospun fibers were determined by 

analysis of SEM images.  Briefly, electrospun meshes were mounted onto studs and 

sputtercoated with a 10 nm layer of palladium (Model 208HR, Cressington Scientific 

Instruments, Cranberry Township, PA).  Images were acquired using a LEO 1550 Field Emission 

SEM (Carl Zeiss SMT, Thornwood, NY) operating at 5kV with a 16 mm working distance.  

Resultant images were imported into ImagePro Plus software (ICube, Crofton, MD) for analysis 

of fiber diameter and fiber orientation.   Fiber diameter and angle of orientation (relative to the 
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vertical axis of the image) was determined manually. The degree of orientation was characterized 

by the angular standard deviation, σ, for a wrapped normal distribution:  
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Here, the probability distribution function has been adapted from Fisher  [180] for a periodicity 

of π  radians, where µ is the mean angle and ρ is the mean resultant length.  These parameters 

were determined from a set of n measured fiber orientations, θi, by the following equations: 
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Finally, the angular standard deviation was calculated from the mean resultant length: 
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2.2.5 Cell Morphology 

 Cell morphology was determined by image analysis of calcein-stained cells.  Briefly, 

calcein-AM (1 mg/mL in dimethyl sulfoxide, Molecular Probes, Eugene, OR) was added to a 

concentration of 0.5 µg/mL in medium and allowed to incubate at 37°C for 30 min.  The 

coverslips were washed twice with 2 mL PBS, and then 2 mL minimal essential medium, α 

modification (α-MEM), without phenol red was added to each well.  Images were obtained at 

60× with a wide blue filter using an Olympus IX50 fluorescence microscope (Opelco, Sterling, 
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VA) equipped with a cooled CCD camera (Hamamatsu C4742-98-12NRB).  The images were 

then imported into ImagePro and the cell outline was determined using a variance edge detection 

algorithm.  From this outline the projected cell area, aspect ratio, length, and angle of cell 

orientation were measured.  Aspect ratio, length, and angle were calculated using an ellipse 

equivalent of the cell (i.e, an ellipse with the same area, first and second degree moments as the 

cell).  Length and angle were calculated from the major axis, and aspect ratio was calculated as 

the ratio of major to minor axes of the ellipse equivalent.  Morphological analysis was limited to 

isolated cells; cells in physical contact with one another were not examined. 

 

2.2.6 Cell Number 

 After 3, 7, and 14 days cell number was determined using Hoechst 33258 (Sigma-Aldrich 

St. Louis, MO) to fluorescently label DNA as described in detail elsewhere [58].  

 

2.2.7 Statistical Analysis  

 Results are presented as mean ± standard deviation for n ≥ 200 fibers , n ≥ 25 cells for 

morphology, and n = 4 substrates for cell number.  Studies were replicated to ensure 

experimental reproducibility of trends.  Statistical significance was determined in SAS 9.1 (SAS 

Institute Inc. Cary NC) using a one-way analysis of variance (ANOVA) and Fisher’s protected 

least significant difference with a significance criterion of p≤0.05.  

 

2.3 Results 

 
2.3.1 Electrospun Fiber Architecture 

 PLGA was electrospun onto a stationary screen at solution concentrations of 5, 11, and 

16 wt% to produce meshes with varying fiber diameters (Figure 2.1).  Fibers appear to be 

smooth and regular; however, bead formation occasionally was noted at the lowest 

concentration.  Quantitative analysis indicated fiber diameters of 0.14 ± 0.07, 0.76 ± 0.36, and 

3.6 ± 0.6 μm for concentrations of 5, 11, and 16 wt%, respectively. 
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Fig.2.1. SEM images of PLGA fibers electrospun from different solution concentrations: 
(a) 5 wt, (b) 11 wt%, and (c) 16 wt%. 
 

 Fiber meshes with different degrees of orientation were produced by electrospinning 5 

and 11 wt% solutions onto a barrel rotating at rates of 580, 1010 and 1450 rpm (corresponding to 

linear velocities of 1.9, 3.3, and 4.7 m/s, respectively).  Representative SEM images for the 11 

wt% solution (Figure 2.2) show increased fiber orientation when PLGA was electrospun onto a 

rotating drum at rates of 1010 and 1450 rpm.  Histograms for orientation of fibers electrospun 

from the 5 wt% solution (Figure 2.3) indicate a close agreement between fiber distribution (bars) 

and the wrapped normal distribution function (curve).  At the lowest rate of rotation, the degree 

of fiber orientation – characterized as the angular standard deviation (Eq. 4) – did not differ from 

that for the stationary target (Table 2.1).  In contrast, the angular standard deviation was 

markedly lower at the higher rotational rates.   Concurrently, fiber diameter systematically 

decreased from 0.76 to 0.52 µm with increasing rotational rate for PLGA electrospun from 11 

wt% solutions.  However, this effect was not observed with 5 wt% solutions. 

 

     
Fig. 2.2. SEM images of PLGA fibers electrospun from 11 wt% solutions onto moving 
target: (a) stationary target, (b) 1010 rpm, and (c) 1450 rpm.  Arrows corresponds to the 
average orientation of fibers. 

(c)

(b)(a) 

(b)(a) 

(c)
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Fig. 2.3. Normalized histograms of fiber angle for the different rates of rotation: (a) 
stationary, (b) 580 rpm, (c) 1010 rpm, and (d) 1450 rpm.  Curves correspond to the 
wrapped normal distributions for a given mean and angular standard deviation. Fibers 
were electrospun from a 5 wt% solution. 

 

Table 2.1. Fiber diameter and angular standard deviation for PLGA electrospun from 5 
and 11 wt% solutions at different rotation rates 

Solution 
Concentration 

(wt%) 
 

Speed 
(rpm)  

 

Fiber angular 
deviation (°) 

 

Fiber Diameter 
(µm) 

 
5 stationary 59.7 0.14 ± 0.07 

 580 58.6 0.13 ± 0.05 

 1010  32.8 0.15 ± 0.10 

 1450 31.0 0.16 ± 0.07 

11 stationary 59.4 0.76 ± 0.36 

 1010 36.6 0.66 ± 0.31 

 1450 32.0 0.52 ± 0.22 

 

 

2.3.2 Cell Morphology on Electrospun Fibers 

 Fluorescent images of the fibroblasts on randomly oriented fibers were acquired to 

determine the effect of fiber diameter on cell morphology.  In general, it was noted that cell 
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spreading was diminished on the smaller diameter fibers (Figure 2.4).  Quantitative analysis 

indicated that projected cell area, aspect ratio, and length of the long axis were significantly 

lower for cells on 0.14 and 0.76 µm fibers compared to cells on control surfaces (Figure 2.5).  

Projected cell area and aspect ratio were found to increase systematically with increasing fiber 

diameter, and fibroblast morphology on 3.6 μm was not statistically different from that on 

spincoated PLGA (control) surfaces. 

 

       
Fig. 2.4. NIH 3T3 morphology on fiber meshes with diameters of (a) 0.14 ± 0.07 µm, and 
(b) 3.6 ± 0.6 µm. Images were constructed by merging phase contrast (red) and 
florescence green) images of calcein-loaded cells attached to fibers. Bead formation 
during the electrospinning process is evident in (a). 
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Fig. 2.5. Effect of PLGA fiber diameter on (a) projected cell area, (b) aspect ratio, and (c) 
length of long axis. Controls were spincoated PLGA films. Bars correspond to the mean 
± standard deviation for n = 82, 84, 25, and 46 cells for spincoated surfaces, and fibers 
with diameters of 0.14, 0.76, and 3.6 µm, respectively. An asterisk indicates statistical 
difference from control. 
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 Analysis of cell morphology on oriented fibers formed from 11 wt% solutions showed 

that the projected cell area, aspect ratio, and length of the long axis increased systematically with 

increasing degree of fiber orientation (i.e., decreasing σ) and approached that of spincoated 

(control) surfaces (Figure 2.6).  The substrates were also analyzed to determine mean orientation 

and angular standard deviation of the adherent cells (Table 2.2).  In general, cells were aligned 

with fibers: the mean angle of the cells was within 15° of the mean angle of the fibers.  Further, 

the angular standard deviation of the cells decreased systematically with decreasing angular 

standard deviation of the fibers.  
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Fig. 2.6. Effect of PLGA fiber orientation on (a) projected cell area, (b) aspect ratio, and 
(c) length of long axis. Controls were spincoated PLGA films. Bars correspond to the 
mean7standard deviation for n = 107, 40, 81, and 89 cells for spincoated surfaces, and 
fibers with angular standard deviations of 59.4º, 36.6º, and 32.0º, respectively. An 
asterisk indicates statistical difference from control, and a pound symbol indicates 
statistical difference from the most oriented fibers (i.e., σ = 32.0º). 

 
 

Table 2.2 Angular standard deviation of cells and cell orientation relative to fibers on 
electrospun surfaces with different degrees of orientation. 
 

Fiber angular 
deviation (˚) 

 

Cell angular 
deviation (˚) 

 

Mean angle 
(° from fibers) 

 
No fibers 72.4  

57.7 42.5 15.2 

39.6 36.1 3.5 

36.7 22.1 14.6 
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2.3.3 Cell Density on Electrospun Fibers 

 Cells were cultured on electrospun PLGA fibers to determine the effects of fiber diameter 

and fiber orientation on cell proliferation.  Analysis of cell number on randomly oriented fibers 

indicated that cell density increased from day 3 through day 14 in a manner insensitive to fiber 

diameter;  all of the surfaces, including both tissue culture polystyrene and spincoated PLGA 

controls, had comparable cell densities (Figure 2.7a). The only noted exception was at day 14 

for 3.6 µm fibers, which exhibited a significantly higher cell number than the spincoated control.  

Cell density on oriented fibers formed from 11 wt% solutions also increased with time (Figure 

2.7b) and no statistical difference was measured for oriented fibers.   
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Fig. 2.7. Cell number on PLGA fibers as a function of culture duration: (a) effect of fiber 
diameter, and (b) effect of fiber orientation. An asterisk indicates statistically significant 
difference from the spincoated control group for n = 4 substrates. 

 

2.4 Discussion 

In this study PLGA meshes were formed with different fiber diameters (0.14 - 3.6 μm) 

and degrees of fiber orientation (32-60° angular standard deviation).  NIH 3T3 cells adhered to 

and proliferated well on all surfaces, and analysis of cell morphology showed that projected cell 

area, aspect ratio, and the length of the long axis increased with both increasing fiber diameter 

and increasing fiber orientation.  Finally, cells aligned with fibers and the angular standard 

deviation for cells decreased with decreasing angular standard deviation of fibers. 

 Cell morphology on randomly oriented fibers showed that cell area, aspect ratio, and the 

length of the long axis were sensitive to fiber diameter.  In particular, all three parameters were 

decreased relative to smooth surfaces when fibers were less than 1 μm, but were comparable to 



Reprinted from Bashur CA, Dahlgren LA, Goldstein AS. Biomaterials. 27 (2006) 5681-5688, with permission from 
Elsevier Science (www.elsevier.com/locate/biomaterials). 

 36

smooth surfaces for fiber diameters of 3.6 μm.  Diminished projected cell area is consistent with 

Badami et al  [58] who reported smaller projected areas for MC3T3-E1 pre-osteoblasts on both 

0.14 and 2.1 μm fibers compared to smooth surfaces.  Two plausible explanations for diminished 

cell spreading on sub-micron fibers are related to the role of focal adhesions complexes in 

mediating cell adhesion to biomaterials.  Focal adhesions contain clusters of integrin 

transmembrane adhesion receptors –  that bind the extracellular matrix proteins (e.g., fibronectin, 

collagen) adsorbed to the biomaterial surface – and serve as termini for the actin cytoskeleton 

[18].  Immunohistochemical staining for vinculin has shown that focal adhesions can be larger 

than 1 μm [58, 115]; consequently it is plausible that the sub-micron fibers studied here 

undermine cell spreading by limiting the size of focal adhesions.  In addition, the density of 

fibronectin adsorbed to the sub-micron fibers may be less than that on larger fibers or spincoated 

films, which would diminish the number of integrin receptors engaged in cell adhesion. 

 Because adhesion and spreading of anchorage-dependent cells is a prerequisite for cell 

viability  [181] and proliferation [182], decreased projected cell area on smaller electrospun 

fibers could be expected to result in lower cell densities, especially at earlier timepoints in 

culture.  Although such an effect has been shown in previous studies [58, 118, 142], in the study 

presented here fibroblast cell density was not sensitive to fiber diameter; measurements at 3, 7 

and 14 days indicated that cells proliferate equally well on all substrates.   Such differences may 

be a consequence of cell type (e.g., endothelial  [118] , pre-osteoblastic cells [58]), suggesting 

that electrospun fiber scaffolds may be preferentially suited for development of particular tissues.  

Further, it was noted that at the latest time point cell density was greatest with the largest fiber 

diameter.  This has been observed previously  [58] and likely is a consequence of cell penetration 

into the fiber mesh, resulting in multilayer coverage.  

 When cells were cultured on oriented submicron fibers cell spreading increased with 

increasing fiber orientation (Figure 6). In particular this trend occurred even though fiber 

diameter decreased from 0.76 to 0.52 μm (Table I).  This increased cell spreading has been 

reported both on oriented electrospun meshes  [120] and on parallel microgrooved surfaces, and 

is consistent with a contact guidance phenomenon. Concurrently, fibroblast density was found to 

be insensitive to fiber orientation.  This is consistent with Lee et al  [3] who showed similar 

ligament fibroblast cell densities on both oriented and random 700 nm fibers, but differs from Xu 

et al  [123] who reported greater densities of smooth muscle cells on oriented surfaces.   



Reprinted from Bashur CA, Dahlgren LA, Goldstein AS. Biomaterials. 27 (2006) 5681-5688, with permission from 
Elsevier Science (www.elsevier.com/locate/biomaterials). 

 37

 This study represents an initial effort to characterize fibroblast response to electrospun 

architecture, and indicates that fibroblast spreading is enhanced with both larger fibers and 

increased fiber orientation.  However, caveats with these results indicate the need for additional 

studies. First, although morphological studies suggest fibroblasts prefer larger or more oriented 

fibers, phenotypic analyses (e.g., deposition and organization of type I collagen) are required to 

evaluate the suitability of fiber mesh architectures for ligament tissue engineering.  Second, 

because the model cells used in this study are not suitable for clinical application, future studies 

will require the testing of primary cells derived from tissue explants, perhaps including 

progenitor cells (e.g., bone marrow stromal cells [48]).  Third, electrospinning of meshes thicker 

than 100 μm is time-consuming and difficult.  Consequently, methods must be developed to 

process thin electrospun sheets into considerably thicker scaffolds.  Fourth, although PLGA is a 

well-characterized, biocompatible, resorbable material used in many tissue engineering 

applications, its tendency to deform plastically under applied strains undermines its suitability 

for ligament tissue engineering.  Degradable elastomeric materials, such as poly(ester 

urethane)ureas  [88] and poly(ε-caprolactone-co-lactide)  [118, 183]may prove more applicable. 

 

2.5 Conclusions 

 This study demonstrated that meshes could be formed with fiber diameters of 0.14 to 3.6 

μm, and angular standard deviations – indicative of fiber orientation – of 32 to 60˚.  When 

cultured on these substrates NIH 3T3 fibroblasts grew equally well on all fiber topographies. 

However, projected cell area, aspect ratio, and the length of the long axis were diminished on 

submicron fibers. In contrast, these morphologic characteristics increased systematically with 

fiber orientation.  These studies suggest that electrospun fiber meshes may be suitable for 

development of an engineered ligament tissue. 
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Abstract 

Effective strategies to guide cell alignment and the deposition of an oriented extracellular 

matrix are critical for the development of anisotropic engineered tissues suitable for the repair of 

ligament defects.  Electrospinning is a promising means to create meshes that can align adherent 

cells, but the effect of fiber mesh architecture on differentiation has not been examined closely.  

Therefore, the goal of this study was to determine the effect of fiber diameter and the degree of 

fiber alignment on mesenchymal progenitor cell morphology, proliferation and ligament gene 

expression.  Specifically, a poly (ester urethane)urea elastomer was electrospun onto rigid 

supports under conditions designed to independently vary the mean fiber diameter (from 0.28 to 

2.3 µm) and the degree of fiber alignment.  Bone marrow stromal cells – seeded onto supported 

meshes – adhered to and proliferated on all surfaces.  Cells assumed a more spindle-shaped 

morphology with increasing fiber diameter and degree of fiber alignment, and oriented parallel to 

fibers on aligned meshes.  Expression of the ligament markers collagen 1α1, decorin, and 

tenomodulin appeared to be sensitive to fiber diameter and greatest on the smallest fibers.  

Concurrently, expression of the transcription factor scleraxis appeared to decrease with 

increasing fiber alignment.  These results suggest that the formation of a ligament-like tissue on 

electrospun scaffolds is enhanced when the scaffolds consist of aligned submicron fibers. 
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3.1 Introduction 

 Approximately 150,000 surgical procedures are performed annually in the United States 

to treat injured anterior cruciate ligament (ACL) tissue [7], and current materials for ACL 

replacement include autologous and allogeneic grafts.  Both options, however, have intrinsic 

limitations.  Autologous tissue – the preferred material for ACL replacement – exists in limited 

quantities, requires a secondary surgery to obtain donor tissue, and risks morbidity at the donor 

site [15].  Allogeneic tissue – typically from cadaveric sources  [16] – avoids donor site 

complications, but risks disease transmission and host inflammatory response [17].  Given these 

limitations, ligament tissue engineering holds promise as a method to create new materials for 

ACL reconstruction. 

 In its most generic form, ligament tissue engineering involves the combination of 

biomaterial, biologic, and pharmaceutic ingredients to form a composite material that is capable 

of integrating with the host bone and ligament tissues, stimulating normal tissue remodeling, and 

providing mechanical stability to the joint [1, 2].  Within this general paradigm, an approach for 

achieving an engineered ACL tissue involves in vitro culture of mesenchymal progenitor cells on 

a biomaterial scaffold under the appropriate conditions to stimulate cell differentiation toward 

the ligament phenotype.  Two complementary in vitro strategies to accomplish this are the use of 

growth factors (e.g., EGF, IGF-II, FGF-2, TGF-β1 [48, 184]) and mechanical stimulation [49].  

However both strategies require a biomaterial scaffold that is capable of deforming elastically 

under physiologically relevant strains, controlling the alignment of the adherent cells, and 

supporting cell differentiation into the ligament phenotype. 

 For tissue engineering applications the biomaterial must be both degradable and 

elastomeric, which limits the number of suitable candidate materials.  In particular, many 

degradable polyesters that are commonly employed in tissue engineering applications (e.g., 

poly(lactic acid), poly(glycolic acid), poly(ε-caprolactone) (PCL)) are not sufficiently elastic 

(yield strains < 10% [185]).  However, a number of segmented polyurethanes have been 

described in the literature that are biocompatible, elastomeric, and degradable [88, 96, 186-189].  

These materials are formed by end-capping low molecular weight polyesters (e.g., PCL) with a 

diisocyanate and then chain-extending them to produce a high molecular weight linear polymers 

with ester, urethane, and urea linkages (i.e., poly (ester urethane) ureas (PEUURs)).  Further, 
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some of these polymers can be processed into micron-scale fiber meshes by electrospinning [88, 

190]. 

 Electrospinning is an attractive method for producing fiber meshes with anisotropic 

properties suitable for musculoskeletal [191], cardiac [94, 122], and nerve regeneration  [120] 

applications.  In particular, the alignment of electrospun fibers produces topographic cues that 

orient adherent cells  [3, 82, 192] through the phenomenon of contact guidance [165].  However, 

analysis of cell morphology on electrospun meshes has indicated that projected cell area and 

aspect ratio are sensitive to the diameter and degree of fiber alignment of underlying mesh [82].  

Because cell shape and cell function are interdependent [193], the architecture of electrospun 

meshes may affect cell phenotype. 

 The primary goal of this study was to determine the effect of electrospun mesh 

architectures on mesenchymal progenitor cell differentiation into the ligament phenotype.  

Morphologically, ligament fibroblasts exhibit an elongated cell body – that is oriented parallel to 

collagen bundles in vivo – and a network of cytoplasmic extensions that mediate cell-cell and 

cell-ECM interactions.  Ligament fibroblasts express of variety of ECM proteins, including 

collagen types I and III, biglycan, decorin, elastin, and tenascin-C [16].  Although these proteins 

are common to many soft tissues, scleraxis and tenomodulin have been recently identified as 

selective markers of ligament fibroblasts.  Scleraxis is a transcription factor – expressed during 

the early stages of musculoskeletal development  [34] – that is necessary for development of 

mature tendon tissue [35], and may be considered an early marker of the ligament phenotype.  

Tenomodulin is a transmembrane glycoprotein  [36] that is induced by scleraxis [37], and is 

thought to aid in the organization of collagen into fibrils  [38] and the suppression of ligament 

tissue vascularization [39]. 

 In this study an elastomeric PEUUR was electrospun onto rigid substrates with mean 

fiber diameters of 0.28 to 2.3 μm and varying degrees of fiber alignment.  To determine how 

fiber diameter and the degree of fiber alignment affect development of the ligament phenotype, 

bone marrow stromal cells (BMSCs) were cultured under static conditions on the resultant 

meshes, and cell morphology, cell density, and expression of the ligament proteins collagen 1α1 

(Col1α1), decorin, tenomodulin, and scleraxis were measured. 
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3.2 Materials and Methods 

 

3.2.1 Polyurethane Synthesis 

 A linear segmented degradable PEUUR elastomer, consisting of alternating PCL soft 

segment and a urethane- and urea-containing hard segment, was synthesized using a standard 

two-step technique in a three-neck, round-bottom flask equipped with argon inlet and outlet, 

condenser, and stirrer [189].  In the first step, the flask was charged with anhydrous dimethyl 

sulfoxide (DMSO, < 50 ppm water; Acros Organics, Morris Plains, NJ) and 1,6-

diisocyanatohexane (HDI, Sigma-Aldrich, St. Louis, MO), immersed in a 75°C oil bath, purged 

with argon, and stirred with a Teflon blade stirrer turned by an electric motor.  Next, PCL diol 

(average molecular weight 1250 Da, PCL1250, Sigma, St Louis, MO) – that had been dried for 

24 h at 80°C under vacuum (10 mm Hg) and dissolved in DMSO – was charged into the reactor 

by means of an addition funnel.  The prepolymer content in the reactor was controlled at 14 wt%, 

and the relative masses of HDI and PCL1250 were selected to achieve a prepolymer NCO:OH 

equivalent ratio of 2.0:1.0.  Dibutyltin dilaurate (DBTDL, Sigma) was added to the flask at 1000 

ppm and the reaction was allowed to proceed for 3 h to produce a HDI.PCL1250.HDI 

prepolymer.  In the second step, a solution of 1,3-propanediol bis (4-aminobenzoate) (PDAB, 

Sigma-Aldrich) in DMSO was prepared at 50°C and added to the resultant prepolymer in the 

reaction vessel.  The NCO:OH equivalent ratio of the polyurethane was controlled at 1.03:1.0 

and the polymer concentration was 12 wt%.  DBTDL was added to a concentration of 1000 ppm.  

The reaction was allowed to proceed at 80°C for 20 h.  The final polymer was then precipitated 

in diethyl ether (Sigma) and dried in a vacuum oven for 24 h at 80°C under 10 mm Hg vacuum. 

 

3.2.2 Electrospinning 

 The PEUUR was electrospun onto rigid glass supports to form fused-fiber meshes with 

controlled fiber diameters and degrees of fiber alignment as described previously [82].  Briefly, 

18 mm glass coverslips (Fisher Scientific, Pittsburgh, PA) were sonicated in ethanol and allowed 

to air dry.  To facilitate adhesion of electrospun fibers a thin film of PEUUR was deposited onto 

coverslips.  For each coverslip, 0.30 mL of a 2.75 wt% solution of PEUUR in 50:50 

isopropanol:1,1,1,3,3,3-hexaflouro-2-propanol (HFIP, Sigma) was placed in the center, and the 

coverslip was spun at 2,500 rpm for 30 s using a Model 1-EC101D-R485 spincoater (Headway 
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Research, Garland, TX).  Coverslips were allowed to dry under vacuum for two days.  Two sets 

of electrospun meshes were prepared concurrently.  First, to study the effect of fiber diameter, 

unaligned fiber meshes were prepared by electrospinning PEUUR onto spincoated coverslips 

that were mounted onto a stationary target.  Electrospinning was performed on three different 

occasions and PEUUR concentrations of 7.5 to 8.0 wt%, 12.0 to13.5 wt%, and 20.0 wt% in HFIP 

were used to achieve three ranges of fiber diameters.  These concentrations were selected using a 

trial-and-error approach with the objective of producing meshes consisting of regularly shaped 

fibers with the smallest and largest possible diameters, and one intermediate fiber diameter.   

Second, to study the effect of fiber alignment, spincoated coverslips were mounted onto a 6 cm 

diameter drum that was rotated at linear velocities of 2.6 ± 0.29 and 4.6 ± 0.26 m/s.  For this 

study, only the intermediate PEUUR concentration (12.0 to 13.5 wt% PEUUR in HFIP) was 

used.  All electrospinning was performed under ambient conditions using a 22 gauge Teflon 

tipped needle, a 15 kV potential, a throw distance of 15 cm, and a syringe flow rate of 5 mL/h.  

Because HFIP is toxic, meshes were soaked in ethanol for 7 days followed by deionized water 

for 2 days to remove residual HFIP.  The meshes were then dried and stored in a desiccator – to 

minimize degradation – until use. 

 Prior to cell culture studies electrospun PEUUR meshes and spincoated PEUUR films 

(the control group) were placed into 12-well tissue culture plates (Fisher Scientific) and sterilized 

by overnight exposure to UV light.  To facilitate cell adhesion, substrates were incubated for 1 h 

with 2 mL of a 2 µg/mL solution of fibronectin (Fisher Scientific) in phosphate buffered saline 

(PBS, Fisher Scientific) at room temperature.  Substrates were kept wet in PBS until cell seeding. 

 

3.2.3 Scanning Electron Microscopy (SEM) Analysis 

 For SEM analysis of fiber diameter and alignment electrospun meshes were mounted 

onto studs and sputtercoated with a 20 nm layer of palladium (Model 208HR, Cressington 

Scientific Instruments, Cranberry, PA).  These surfaces were then imaged with a LEO 1550 Field 

Emission SEM (Carl Zeiss SMT, Thornwood, NY) operating at 5kV with a 16 mm working 

distance.  Resultant images were imported into ImagePro Plus software (ICube, Crofton, MD) 

and the orientation and diameter of individual fibers was measured manually using the 

interactive measurement tools.  (At least 100 fibers were analyzed per sample and care was taken 

to measure only fibers that had clearly defined edges.)  Mean angle of orientation relative to the 
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direction of rotation, μ, and average angular standard deviation, σ, were calculated from a 

wrapped normal distribution [82].  Briefly, μ and mean resultant length, ρ, were determined 

using the following equations. 
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Here θi is the angle of orientation for an individual fiber.  Finally, angular standard deviation was 

calculated from mean resultant length by the following equation. 

 

 
ρσ ln2

2
1

−=
 (3.3) 

 

 

3.2.4 Cell Culture and Cell Seeding 

 Cell studies were performed using rat bone marrow stromal cells (BMSC) isolated from 

male 125-150 g Sprague-Dawley rats (Harlan, Dublin, VA) in accordance with the Institutional 

Animal Care and Use Committee at Virginia Tech [96].  Dispersed whole marrow extracts were 

grown on 100 mm tissue culture polystyrene Petri dishes (Fisher Scientific) for 10 days in 

growth medium consisting of Minimal Essential Medium α modification (α-MEM, Invitrogen, 

Bethesda, MD) with 10% fetal bovine serum (FBS, Gemini, Calabasas, CA) and 1% 

antibiotic/antimycotic (Invitrogen).  Cells were then enzymatically lifted using trypsin/ 

ethylenediamine tetraacetic acid (EDTA) (Invitrogen), split 1:2 and seeded into fresh 100 mm 

Petri dishes.  (This process selectively increases the concentration of the proliferative, marrow-

adherent fraction, which includes a population of mesenchymal progenitor cells.  However, it 

does not select for specific antigen markers nor achieve a homogeneous cell population.) 
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 After four days of expansion, first passage cells were enzymatically lifted, and seeded 

onto PEUUR meshes and PEUUR films in 12 well plates.  Cells were added as a suspension of 

1.9×104 cells in 2 mL of growth medium to achieve a uniform distribution of cells across the 

well bottom of 5.0×103 cells/cm2.  After 24 h, medium was replaced with growth medium 

supplemented with 2 mM ascorbate-2-phosphate (Sigma).  Thereafter, medium was replaced 

twice weekly.  Samples were then collected and analyzed for cell morphology, cell density, and 

mRNA expression of ligament proteins decorin, Col1α1, tenomodulin, and scleraxis. 

 

3.2.5 Cell Morphology 

 After 3 days of culture on fibers, cell morphology was determined by imaging 

fluorescently labeled cells.  Briefly, medium was replaced with 2 mL fresh medium containing 

15 µL of 1 mg/mL calcein-AM (Molecular Probes, Eugene, OR) in DMSO and incubated for 30 

min at 37 °C in the dark.  Next, cell-seeded substrates were washed two times with 2 mL/well 

PBS, and 2 mL α-MEM without phenol red was added to each well.  Fluorescent images were 

obtained at 20× magnification with a wide blue filter using an Olympus IX50 microscope 

(Opelco, Sterling, VA) equipped with a cooled CCD camera (Hamamatsu C4742-98-12NRB).  

Phase contrast images of each field were also collected.  Sixteen pairs of images per substrate 

were then imported into ImagePro Plus software and length of the long axis, aspect ratio, 

projected area, and angle of orientation of each cell were measured from fluorescent images 

using ImagePro algorithms.  (These algorithms calculate long axis, aspect ratio, and angle of 

orientation by approximating the cell as an ellipse.)  On average, 100 cells were analyzed per 

substrate, although the smallest sample size was n = 18 cells.  Concurrently, the angle of fiber 

orientation was measured for at least 100 fibers per substrate from phase contrast images.  Mean 

values for projected cell area, aspect ratio, length of the long axis, and angle for both fibers and 

cells were calculated per substrate.  Angular standard deviations for both cell and fiber 

orientation were calculated for each substrate using Equations 1 - 3.  Statistical analyses were 

performed using the mean properties of each substrate. 

 

3.2.6 Cell Number 

 Cell number was calculated from fluorescence measurements of DNA as described in 

detail elsewhere [58].  Briefly, meshes were mechanically disrupted using cell scrapers and 
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collected in 10 mM EDTA (pH 12.3).  Samples were sonicated for 10 min on ice, neutralized 

with the addition of KH2PO4, and combined with a solution of Hoechst 33258 (Sigma) in 100 

mM NaCl and 10 mM Tris (pH 7.0, Sigma).  Fluorescence was measured with a DyNAQuant 

200 fluorimeter (Hoefer, San Francisco, CA)and cell number was calculated from measurements 

of fluorescence intensity using a set of DNA standards and a conversion factor of 10.4 pg 

DNA/cell [194].   

 

3.2.7 mRNA Expression 

 Expression of Col1α1, decorin, scleraxis and tenomodulin was determined quantitatively 

by real-time polymerase chain reaction (PCR).  Briefly, total RNA was isolated from the cells on 

days 7 and 14 using the RNeasy Mini Kit (Qiagen, Valencia, CA) according to the 

manufacturer’s instructions.  Lysates were first homogenized with QIAShredder columns 

(Qiagen) and then were subjected to on-column DNase digestion using DNase I (Qiagen).  RNA 

was quantified using Quant-It RiboGreen kit (Molecular Probes) and a fluorescent plate reader 

(SpectraMax M2, Molecular Devices, Sunnyvale, CA).  Equal masses of RNA – approximately 

0.5 μg – were reverse-transcribed to cDNA using SuperScript® First-Strand Synthesis kit 

(Invitrogen) with random hexamers as primers according to manufacturer’s protocol.  Real-time 

PCR was performed in the ABI 7300 Real Time PCR System (Applied Biosystems, Foster, CA) 

using 50 ng cDNA, Power Sybr®Green Master Mix (Applied Biosystems), and specific primers 

for Col1α1, decorin, scleraxis, tenomodulin and β-actin (the internal reference).  Primer 

sequences were designed in Primer Express® software (Applied Biosystems) using the NCBI 

database accession numbers as shown in (Table 3.1) and purchased from Integrated DNA 

Technologies (Coralville, IA).  Primers for the reference gene, β-actin, were developed as 

described previously [195].  Quantification of target gene expression, relative to spincoated 

substrates on day 7, was performed using the comparative threshold cycle (ΔΔCt) method [196].  

Relative gene expression was reported as 2–ΔΔCt.  Control reactions (e.g., amplification without 

cDNA template, amplification of isolated RNA) were performed to verify the fidelity of the 

amplification process. 
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Table 3.1: Primer sequences for real-time polymerase chain reaction amplification. 
Gene Forward primer sequences Reverse primer sequences Produc

t Size 
Col1α1 

NM_053304 
5’ GAGGGCGAGTGCTGTCCTT 3’ 5’ GGTCCCTCGACTCCTATGACTTC 3’ 74 bp 

Decorin 
NM_024129 

5’ CATCTCCGAGTGGTGCAGTGT 3’ 5’ GCAATGTTGTGTCAGGTGGAA 3’ 76 bp 

Scleraxis 
NM_001130508 

5’ TCTGCCTCAGCAACCAGAGAAAGT 3’ 5’ACTCTTCAGTGGCTTCCACCTTCA 3’ 130 bp 

Tenomodulin 
NM_022290 

5’ CCCACAAGTGAAGGTGGAGAA 3’ 5’AACAGTAACCTCTCTCATCCAGCAT 3’ 125 bp 

Beta Actin 
NM_031144 

5’ CGTGAAAAGATGACCCAGATCA 3’ 5’ CACAGCCTGGATGGCTACGT 3’ 72 bp 

 

3.2.8 Statistical Analysis  

 All studies were performed two or three times using separate batches of PEUUR meshes 

and BMSCs.  Results are presented as the mean ± standard deviation for n = 2 or 3 substrates for 

SEM analysis of fiber diameter and orientation, n = 6 or 9 coverslips per condition for cell 

morphology, n = 8 or 12 coverslips per condition for cell number.  Results are presented as the 

mean ± standard error of the mean, with n = 6, 9, or 12, for mRNA expression of Col1α1 and 

decorin, and with n = 4, 6, or 8, for scleraxis and tenomodulin.  Statistical significance was 

determined in SAS 9.1.3 (SAS Institute Inc. Cary NC) and mixed model analysis of variance 

(ANOVA) was used with post-hoc comparisons using the Tukey-Kramer method with a 

significance criterion of p ≤ 0.05. 

 

3.3 Results 

 

3.3.1 Electrospun Meshes 

 SEM images were analyzed to determine fiber diameter and degree of alignment for each 

electrospinning condition.  When electrospun onto a stationary target, PEUUR solution 

concentrations of 7.5-8.0, 12.0-13.5, and 20.0 wt%, resulted in mean fiber diameters of 0.28, 

0.82, and 2.3 μm, respectively (Table 3.2, Figure 3.1).  When electrospun from a 12.0-13.5 wt% 

solution onto a rotating drum, the angular standard deviation decreased from 49.5° to 27.8° and 

the mean fiber diameter decreased from 0.72 to 0.46 μm (Table 3.2, Figure 3.2) as the drum 

speed was increased from 0 to 4.6 m/s.  
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Fig. 3.1: SEM images of PEUUR fibers electrospun from different solution 
concentrations: a) 8 wt%, b) 12 wt%, and c) 20 wt%. 

 

     
Fig. 3.2: SEM images of PEUUR fibers electrospun from 12 wt% solutions onto a) a 
stationary target, or a rotating target at b) 2.4 m/s, and c) 4.4 m/s. Arrows corresponds to 
the average orientation of fibers. 

 

 

Table 3.2: Fiber diameter and angular standard deviation for meshes electrospun from 
PEUUR solutions of different concentrations and at different rotation rates.  Mean ± 
standard deviation for n = 3 replicates (except n = 2 for 2.6 m/s drum speed) with greater 
than 100 fibers per sample. 
 

Concentration 
(%) 

Rotational speed 
(m/s)  

Fiber angular 
deviation (°) 

Fiber Diameter 
(µm) 

7.8 ± 0.2 Stationary 61.9 ± 4.4 0.28 ± 0.07 

12 ± 0.9 Stationary 49.9 ± 3.7 0.82 ± 0.14 

20 ± 0.0 Stationary 60.3 ± 5.2 2.3 ± 0.15 

12 ± 0.9 Stationary 49.5 ± 3.2 0.72 ± 0.21 

11 ± 1.1 2.6 ± 0.3 33.7 ± 1.0 0.53 ± 0.15 

12 ± 0.9 4.6 ± 0.3 27.8 ± 2.5 0.46 ± 0.12 

ba 

ca b

c
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3.3.2 Cell Orientation and Morphology on Meshes 

 BMSCs were cultured on electrospun meshes for three days, and then fluorescent images 

were collected to characterize cell morphology.  Representative images of cells (green) on 

meshes (red) showed that cells were rounder and exhibited random orientations on unaligned 

fiber meshes (Figure 3.3a) compared to cells on more aligned fiber meshes (Figure 3.3b).  

Quantitative image analysis was performed to characterize the projected cell area, aspect ratio, 

and length of the long axis as a function of fiber diameter (Figure 3.4) and degree of fiber 

alignment (Figure 3.5).  Projected cell area was diminished on fibers relative to spincoated films 

(Figures 3.4a and 3.5a), and this difference was significant for the 0.28 and 2.3 μm fibers (p = 

0.008 and 0.046, respectively).  However, projected cell area did not appear to vary 

systematically with either fiber diameter (Figure 3.4a) or degree of fiber alignment (Figure 

3.5a).  In contrast, cell aspect ratio was increased on all fibers relative to spincoated films 

(Figure 3.4b and 3.5b), and differences were statistically significant for diameters of 0.82 and 

2.3 μm, (p = 0.003 and 0.006, respectively, Figure 3.4b) and all degrees of fiber alignment ( p= 

0.005, <0.001, and <0.001 for σ = 49.5°, 33.7°, and 27.8°, respectively, Figure 3.5b).  Further, 

cells on the more aligned fiber meshes (σ = 33.7° and 27.8°) had significantly greater aspect 

ratios than cells on the unaligned fiber meshes (p = 0.002 and <0.001, respectively, Figure 3.5b).  

Finally, the length of the long axis was unaffected by fiber diameter and angular standard 

deviation (Figure 3.4c and 3.5c, respectively). 

 

     
Fig. 3.3: BMSC morphology on fiber meshes electrospun onto a) a stationary target and 
b) a drum rotating at 4.4 m/s.  Images were constructed by merging phase contrast (red) 
and florescence (green) images of calcein-loaded cells attached to fibers.  

 

ba 
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Fig. 3.4. Effect of PEUUR fiber diameter on a) projected cell area, b) aspect ratio, and c) 
length of long axis.  Controls surfaces were spincoated PEUUR films.  An asterisk 
indicates statistical difference relative to control for n = 9 coverslips. 
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Fig. 3.5. Effect of PEUUR fiber orientation on a) projected cell area, b) aspect ratio, and 
c) length of long axis.  Control surfaces were spincoated PEUUR films.  An asterisk 
indicates statistical difference relative to control, and a pound symbol indicates statistical 
difference relative to the randomly oriented fibers for n = 9 coverslips (except n = 6 for 
the group σ = 33.7°). 
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 Fluorescent images (e.g., Figure 3.3) were analyzed quantitatively to compare the 

orientation of BMSCs to that of the underlying fibers.  Cells seeded onto spincoated surfaces and 

unaligned fiber meshes were unoriented, as indicated by angular standard deviations of σ = 50° 

and 38°, respectively (Table 3.3).  In contrast, cells cultured on aligned fiber meshes oriented 

parallel to the fibers.  Specifically, the mean angle of cell orientation differed from that of the 

fibers by 7° and the angular standard deviations for the cells were σ = 22° and 15° for linear 

velocities of 2.6 and 4.6 m/s, respectively (Table 3.3). 

 

Table 3.3: Cell alignment and orientation on aligned meshes.  Angular standard deviation 
of cells for n = 3 replicates (except n = 2 for 2.6 m/s drum speed) and mean angle of cell 
orientation relative to fibers on electrospun surfaces with different degrees of orientation 
for n = 9 coverslips (except n = 6 for 2.6 m/s rotational speed). 

 

Drum 
Speed 
(m/s) 

Fiber Angular 
Deviation 

(º) 

Cell Angular 
Deviation 

(º) 

Difference in 
Mean Angle 

(º) 

– No fibers 49.6 ± 17.8 – 
– 53.3 ± 7.4 38.7 ± 6.5 35 ± 27 

2.6 44.1 ± 7.4 22.4 ± 9.7 6.4 ± 6.9 
4.6 33.7 ± 5.2 15.1 ± 4.5 7.1 ± 6.5 

 

3.3.3 Cell Density on Meshes 

 Cell density was measured at days 3, 7, and 14 to characterize BMSC attachment and 

proliferation on the electrospun meshes.  On day 3 the cell densities on the 0.28 and 0.82 μm 

fiber meshes were similar to those on the spincoated films (Figure 3.6a).  In contrast cell density 

on the 2.3 μm fiber meshes was significantly lower than on the 0.28 and 0.82 μm fibers (p = 

0.035 and 0.001, respectively).  Between days 3 and 7 similar increases in cell density were 

noted on 0.28 and 0.82 μm fiber meshes and spincoated films, while no change in cell density 

was noted between 7 and 14 days.  Cell density on the 2.3 μm fiber meshes was significantly 

lower than on the 0.28 μm fiber meshes at day 7 (p = 0.035).  However, by day 14 cell density on 

the 2.3 μm fiber meshes was comparable to that on the other surfaces.  On meshes with similar 

fiber diameters (0.46 to 0.82 μm) but with different degrees of fiber alignment, cell densities 

were comparable to the spincoated films at all time points (Figure 3.6b). 
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Fig. 3.6. Cell density on PEUUR fibers as a function of culture duration: a) effect of fiber 
diameter, and b) effect of fiber orientation.  A pound symbol indicates a statistical 
difference relative to the largest diameter fibers on the same day for n = 12 substrates 
(except n = 8 for the group σ = 33.7°). 

 

3.3.4 Ligament Protein Expression 

 Real-time PCR was performed to determine the effect of fiber architecture on the 

expression of ligament proteins Col1α1, decorin, tenomodulin, and scleraxis.  At day 7 BMSCs 

cultured on 0.82 and 2.3 μm fiber meshes exhibited lower expressions of Col1α1, decorin, and 

tenomodulin relative to BMSCs cultured on 0.28 μm fiber meshes and spincoated films (Figure 

3.7).  In particular, Col1α1 expression by BMSCs on both 0.82 and 2.3 μm fibers was 

significantly lower than by BMSCs on spincoated films (p = 0.008 and 0.028, respectively) and 

the expression of decorin on 2.3 μm fibers was significantly lower than on both spincoated films 

and 0.28 μm fibers (p = 0.039 and 0.047, respectively).  When BMSCs were cultured on meshes 

with similar fiber diameters but with different degrees of fiber alignment, expression of Col1α1, 

decorin, and tenomodulin were lowest for BMSCs on the randomly oriented fibers (σ = 49.5°, 

Figure 3.8).  Although the differences were not statistically significant, these lower levels of 

mRNA expression for σ = 49.5° relative to spincoated surfaces are consistent with Figure 3.7, 

while the lower levels for σ = 49.5° relative to the more aligned fibers (σ = 33.7° and 27.8°) may 

be related to differences in both fiber alignment and fiber diameter.  Scleraxis expression at day 

7 was not significantly affected by either fiber diameter or degree of fiber alignment; however 

scleraxis expression increased with increasing fiber diameter (Figure 7) and decreasing degree of 

fiber alignment (Figure 3.8).  Finally, expression of these four genes was also measured on day 

14 (Figures 3.9-3.11).  Although no differences between groups were significant, expression of 

Col1α1 and tenomodulin were lower on all surfaces at day 14 relative to day 7, and tenomodulin 

expression was slightly higher on fiber meshes than on the spincoated films. 
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Fig. 3.7. Effect of fiber diameter on mRNA expression of Col1α1, decorin, tenomodulin, 
and scleraxis after 7 days of culture.  Data was normalized relative to cells on spincoated 
PEUUR films.  An asterisk indicates statistical difference relative to the spincoated 
control group and a pound symbol indicates significant difference relative to the smallest 
diameter fibers.  All studies were performed in triplicate for a total of n = 9 to n = 12 
samples per condition for Col1α1 and decorin.  A subset of these samples were analyzed 
for tenomodulin and scleraxis (n = 6 to n = 8). 
 
 
 

Col1α1 Decorin
0

1

2

3
 

R
el

at
iv

e 
Ex

pr
es

si
on

Tenomodulin Scleraxis

 

 Spincoated
 49.5°
 33.7°
 27.8° 

 
Fig. 3.8. Effect of fiber orientation on mRNA expression of Col1α1, decorin, 
tenomodulin, and scleraxis after 7 days of culture.  Data was normalized relative to cells 
on spincoated PEUUR films.  All studies were performed in triplicate (except σ = 33.7° 
which was performed in duplicate) for a total of n = 6 to n = 12 samples per condition for 
Col1α1 and decorin.  A subset of these samples were analyzed for tenomodulin and 
scleraxis (n = 4 to n = 8). 
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Fig. (supplemental) 3.9. Effect of fiber diameter on mRNA expression of a) collagen 
1α1, b) decorin, c) tenomodulin, and d) scleraxis after 7 and 14 days of culture.  Data was 
normalized relative to cells on spincoated PEUUR films at day 7.  An asterisk indicates 
statistical difference relative to the spincoated control group and a pound symbol 
indicates statistical difference relative to the smallest diameter fibers at the same time 
point.  All studies were performed in triplicate for a total of n = 9 to n = 12 samples per 
condition for collagen 1α1 and decorin.  A subset of these samples were analyzed for 
tenomodulin and scleraxis (n = 6 to n = 8). 
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Fig. (supplemental) 3.10. Effect of fiber orientation on mRNA expression of a) collagen 
1α1, b) decorin, c) tenomodulin, and d) scleraxis after 7 and 14 days of culture.  Data was 
normalized relative to cells on spincoated PEUUR films at day 7.  All studies were 
performed in triplicate (except σ = 33.7° which was performed in duplicate) for a total of 
n = 6 to n = 12 samples per condition for collagen 1α1 and decorin.  A subset of these 
samples were analyzed for tenomodulin and scleraxis (n = 4 to n = 8). 
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Fig. (supplemental) 3.11: Comparison of mRNA expression on spincoated PEUUR 
films for collagen 1α1, decorin, tenomodulin, and scleraxis after 7 days of culture.  Data 
is reported as 2-ΔΔCt with β-actin as the internal control.  All studies were performed in 
triplicate and error bars correspond to the standard error of the mean for n = 12 (collagen 
1α1, decorin) or n = 8 (tenomodulin, scleraxis) samples. 

 

3.4 Discussion 

 In this study BMSCs were cultured on electrospun PEUUR meshes to determine the 

effect of fiber diameter and alignment on cell morphology, proliferation, and ligament gene 

expression.  Meshes with mean fiber diameters of 0.28 to 2.3 µm were achieved by using 

PEUUR solution concentrations of 7.5 to 20 wt%, while differing degrees of fiber alignment – 

characterized angular standard deviation of 27.8° to 49.5° – were achieved by varying the 

velocity of the target from 0 to 4.6 m/s.  When BMSCs were cultured on resultant meshes, the 

projected cell areas were smaller than on spincoated PEUUR films; however cell aspect ratios 

were significantly greater on larger (0.82 and 2.3 μm diameter) unaligned fiber meshes and were 

further increased when the fibers were aligned (σ = 33.7 and 27.8°).  In addition, cells oriented 

parallel to fibers on aligned fiber meshes.  Cells proliferated on all surfaces, but expression of 

Col1α1, decorin, and tenomodulin were diminished at day 7 on the larger (0.82 and 2.3 μm 

diameter) unaligned fiber meshes relative to the smallest (0.28 μm diameter) unaligned fiber 

meshes and spincoated films. 

 The primary goal of this study was to determine the effects of electrospun mesh 

architecture on the expression of ligament genes, and a body of evidence is emerging to indicate 

that fiber diameter and alignment have pronounced effects on cell phenotype.  For example, 

recent work by Kumbar et al showed that the expression of Col1α1 is suppressed when human 

dermal fibroblasts are grown on larger fibers but that expression of collagen type III and elastin 
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are enhanced when cells are grown on fibers with intermediate diameters (0.35 to 1.1 μm) [197].  

The study presented here shows a decrease in the expression of Col1α1 with increasing fiber 

diameter (Figure 3.7), consistent with Kumbar et al, but it also demonstrates decreases in 

expression of decorin and tenomodulin, which have not been examined previously.  In particular, 

the expressions of these three proteins as a function of substrate properties are remarkably 

similar, suggesting a common mechanism of gene regulation.  In another study, Lee et al. 

examined the effect of fiber alignment and showed that collagen deposition is increased when 

ligament fibroblasts are grown on aligned fibers [3].  Although the study presented here does not 

demonstrate a change in Col1α1 (Figure 3.8, which is consistent with Baker et al [192]) it does 

show increases in expression of decorin and tenomodulin (both involved in collagen bundle 

formation) and a decrease in scleraxis (an early marker of the ligament phenotype) with 

increasing fiber alignment.  These data, while not statistically significant, suggest that fiber 

alignment promotes phenotypic maturation.  Importantly, a similar observation was reported by 

Chew et al. for Schwann cells on aligned fiber meshes [198]. 

 The ability to control electrospun mesh architecture has been described extensively and 

fiber diameters from as small as 0.03 μm to greater that 6 μm  [117] have been achieved by 

changing spinning conditions such as electric potential, throw distance, flow rate of the metering 

pump, diameter of the syringe tip, and solution concentration [108, 112, 113, 117, 138].  

Variation of the solution concentration is an effective means to control mean fiber diameter, but 

the range of achievable diameters is limited by bead formation  [82, 138] and electrospraying  

[117] at low concentrations and viscous resistance to flow at high concentrations [117].  Because 

the goal of this study was to evaluate the biological effects of fiber diameter and degree of 

alignment, PEUUR solutions of 7.5 to 20 wt% in HFIP were selected to ensure that meshes were 

comprised of regularly shaped fibers.  However, future examination of a broader range of fiber 

diameters may be both prudent and feasible.  In this study, the expression of Col1α1, decorin, 

and tenomodulin were maximal on the smallest (0.28 μm) diameter fiber meshes (Figure 7), 

suggesting further increases in expression of these ligament proteins can be achieved by 

decreasing the fiber diameter.  This may be testable as the addition of salts and the reduction of 

the throw potential have been reported to reduce bead formation at low solution concentrations.  

Concurrently, the limited penetration of cells into electrospun meshes that has been noted in the 

literature  [192] may be overcome by the use of larger fibers, which provide larger interfiber 
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spaces for cell migration..  Such larger fibers may be achieved by shortening of the throw 

distance [117]. 

 Methods to align electrospun fibers also have been described extensively in the literature, 

and include depositing fibers on a rotating drum [82, 119], rotating disc [88, 120], between two 

grounded targets [121], and by stretching the resultant mesh [122].  In this study, partial 

alignment – marked by angular standard deviations of 33.7° and 27.8°– was achieved using a 

rotating drum.  Better alignment of electrospun fibers has been reported previously [3, 120], but 

the partial alignment demonstrated in this study was sufficient to achieve aspect ratios in excess 

of 4 (Figure 3.5) and to induce alignment of adherent BMSCs (Table 3.3).  Further, the 

achievement of highly aligned electrospun fibers may not be beneficial for development of 

engineered ligament tissues because fiber packing density increases with fiber alignment, 

reducing interfiber pore size and the ability for cells to infiltrate [131]. 

 A caveat of these studies is that the measured cell properties may reflect the mechanical 

properties of the PEUUR meshes.  The rationale for electrospinning PEUUR meshes onto rigid 

glass supports was to isolate the effects of the mesh architecture.  However, mechanical testing 

of the PEUUR meshes indicates that the modulus is approximately 1 MPa [190].  This relatively 

low modulus may contribute to the diminished projected cell areas, as previous studies have 

shown that cell spreading decreases with increasing substratum compliance [199].  Indeed, 

fibroblastic cells on rigid microgrooved titanium substrates are well-spread [166], in contrast to 

the BMSCs on PEUUR meshes in this study (Figures 13-15).  In addition, when electrospun 

fibers are deposited on a rotating drum the resultant mesh can be as much as five times stiffer in 

the direction of fiber orientation than in the direction perpendicular [190].  This mechanical 

anisotropy may contribute to BMSC alignment as cells have been shown to align their actin 

cytoskeleton parallel the axis of greatest substratum stiffness  [191, 200]. 

 Previous work has shown that differentiation of progenitor cells and the achievement of a 

target phenotype is sensitive to the compliance of the underlying biomaterial [201].  Although an 

optimal modulus for stimulating BMSCs to differentiate into tendon/ligament fibroblasts has not 

been identified, the PEUUR used in this study has a Young’s modulus of 2.7 MPa [190], which 

is nearly two orders of magnitude lower than human adult ACL tissue (111-144 MPa [202, 

203]).  This suggests that new elastomers with higher Young’s moduli may need to be identified 

in order to fabricate clinically useful engineered ligaments.  However, processing conditions 
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remain important, as the modulus of PEUUR meshes is sensitive to both fiber diameter and the 

degree of fiber alignment [190]. 

 Finally, the results of this study suggest that electrospun fiber meshes consisting of 

smaller and more aligned fibers are attractive over larger unaligned fiber for ligament tissue 

engineering applications.  The smaller fibers achieve higher expression of ligament proteins 

Col1α1, decorin, and tenomodulin, and the more aligned fibers stimulate alignment and 

elongation of adherent cells.  However, differences in gene expression among the different 

electrospun meshes were modest, which suggests that additional stimuli (e.g. mechanical stretch  

[49] and growth factors [48, 184]) are required to achieve clinically effective engineered 

ligament tissues.  Therefore, future studies, will concern the effect of uniaxial mechanical strain, 

which has been shown to induce expression of several ECM proteins , including collagen types I 

and III, decorin, and tenascin-C [40, 154, 204]. 

 

3.5 Conclusions 

This study demonstrates that electrospun PEUUR meshes with fibers diameters of 0.28 to 

2.3 µm and angular standard deviation of 27.8 to 49.5º support attachment and spreading of 

BMSCs.  In addition, cell morphology was sensitive to fiber diameter and alignment, and 

adherent cells oriented parallel to fibers on aligned fiber meshes.  Expression of collagen 1α1, 

decorin, and tenomodulin was suppressed on the larger fibers.  Together, these results suggest 

that aligned electrospun meshes consisting of submicron fibers may be preferable for ligament 

tissue engineering. 
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4.1 Introduction 

A biomaterial for ligament tissue engineering must meet several requirements, including 

biocompatibility, degradability, mechanical strength, and fatigue resistance.  The biomaterial 

must also have the ability to be processed into a porous scaffold (e.g. electrospun fibrous 

scaffold) that will guide cell alignment and allow for cell infiltration.  Several synthetic polymers 

have been show to have the biocompatible necessary for tissue engineering applications (e.g. 

poly (lactic acid), poly (glycolic acid) (PGA), poly (ε-caprolactone) (PCL), and segmented 

polyurethanes and polyureas) [88-90].  The degradation rates of these polymers vary from 1 or 2 

months for PGA to 2 or 3 years for PCL [89, 92, 93], with the longer degradation time of PCL 

better matching the healing rate of ligament tissue.  In addition, the tensile properties (e.g. yield 

strength, percent elongation, and modulus) of these polymers vary and are important 

considerations for ligament tissue engineering applications.   

One limitation with many biocompatible polymers is that they will fatigue during the 

repetitive cyclic loading that is applied to a ligament graft both in a bioreactor and in vivo [94].  

A promising strategy to provide the fatigue resistance required during cyclic loading is to use a 

thermoplastic elastomer (e.g. poly (ester-urethane urea)s (PEUURs)) [88, 95].  PEUURs consist 

of a hard segment and a soft segment which are able to micro-phase separate and produce 

elastomeric properties through physical crosslinks [96, 97].  For PEUURs with a crystalline 

segment (e.g. PCL), the molecular weight of that segment can be adjusted to vary the 

crystallinity – and consequentially the moduli – of these materials while keeping the same 

chemistry in the individual segments [96].  However, the moduli of these elastomers are lower 

than that of human anterior cruciate ligament (ACL) (i.e. approximately 111 MPa) [10, 88].  For 
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example, a modulus of 60 MPa has been reported for a PEUUR film [88], and the modulus of the 

same material was decreased to 8 MPa when processed into a porous electrospun mesh [88].   

 In this study, two different PEUURs were characterized to determine which segmented 

copolymer would work best for ligament tissue engineering applications.  These polymers were 

synthesized with slowly degrading PCL as the soft segment.  The amount of the crystalline PCL 

soft segment was varied to produce two polymers with similar chemistries.  Afterward, the 

densities, thermal properties, and mechanical properties were measured.  Finally, the mechanical 

properties of the polymers processed into electrospun scaffolds with different diameters and 

alignments were measured to determine their effect on the mechanical strength of the scaffold.  

 

4.2 Materials and Methods 

 

4.2.1 PEUUR Synthesis 

 The synthesis of the PEUURs by Dr. Scott Guelcher is described in detail elsewhere 

(Section 3.2.1) [150].  Briefly, a linear segmented degradable PEUUR elastomer was synthesized 

using a standard two-step technique [189].  PCL diols with different molecular weights (Mn = 

1250 or 2000 Da) were end-capped with hexamethylene diisocyanate (HDI), and this pre-

polymer was chain extended with 1,3-propanediol bis (4-aminobenzoate) (PDAB) (Figure 4.1).  

First, the PCL and the HDI were reacted at a ratio of 1.0:2.0 to produce an HDI.PCL.HDI 

prepolymer.  Second, the prepolymer was reacted with PDAB at a ratio of 1:03:1:0 to produce 

PEUURs with alternating PCL soft segments and urethane and urea containing hard segments.  

The theoretical weight percent soft segment, predicted from the molecular weights of the hard 

and soft segments, for polymers synthesized with either Mn = 1250 or 2000 Da was 65% or 74%, 

respectively.  In this polymer, the PCL segments are important for the properties because of their 

ability to crystallize, and the percent crystallinity of the PEUURs is expected to increase with a 

larger PCL segment.   Therefore, the use of different molecular weights of PCL were expected to 

produce polymers with different mechanical properties but similar chemistries, densities, and 

overall molecular weights [96].    
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(a) Pre-polymer synthesis 

 

             +    

      

 
where R1 is the PCL segment. 

 

 

(b) Chain extending to produce PEUUR 

 

       

 
 

Fig. 4.1. Synthesis scheme for forming PEUUR elastomers for a) formation of the 
HDI.PCL.HDI prepolymer and b) formation of the PEUUR 

 

 

4.2.2 Measurement of Polymer Density 

 The density of the PEUUR polymers was measured with an Accu Pyc 1330 pycnometer 

(Norcross, GA).  A standard (AccuPyc, Norcross, GA) of known volume was added to the 1 cm3 

chamber to calibrate the equipment.  Next, samples (0.5 g or less) were weighed and added to the 
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chamber, and then the chamber was filled with helium to determine the volume of the samples.  

Finally, the polymer density was calculated from the measured mass and volume for n = 4 

samples.  

 

4.2.3 Polymer Processing 

Cast films of PEUURs with both 1250 Mn (PEUUR1250) and 2000 Mn (PEUUR2000) 

PCL segments were prepared for mechanical testing.  Briefly, PEUUR1250 and PEUUR2000 

were dissolved in dimethylformaldehyde (DMF) to produce 9 wt% solutions, and then heated in 

a 60ºC water bath overnight. The solution was cast in a Teflon dish, and allowed to dry under 25 

in Hg vacuum at 60ºC at for two days. A punch was used to create dogbones with a 10 mm 

gauge distance and a 2.5 mm width.  The thickness of individual samples was measured with 

digital calipers. 

PEUUR1250 was also electrospun onto aluminum foil with controlled fiber diameters 

and degrees of alignment as described elsewhere (Appendix C.2.3) [190]. To form random, 

isotropic meshes, aluminum foil was mounted onto a stationary target and electrospinning was 

performed with a 22 gauge Teflon tipped needle using a 15 kV potential, a throw distance of 15 

cm, and a syringe flow rate of 5 mL/h.  PEUUR concentrations of 7.5, 11.0 and 13.5 wt% in 

1,1,1,3,3,3-hexaflouro-2-propanol (HFIP) were made to produce meshes with different fiber 

diameters. To form meshes comprised of aligned fibers, aluminum foil was mounted on a 6.2 cm 

diameter wire mesh drum and a 13.5 wt% PEUUR1250 solution was electrospun under the 

conditions described above. The drum was rotated at rates of 600 and 1300 rpm (corresponding 

to linear velocities of 2.0 and 4.4 m/s, respectively) to produce meshes with different degrees of 

fiber alignment. After electrospinning, the meshes were carefully peeled off of the aluminum foil 

for imaging and mechanical testing.  

 

4.2.4 Scanning Electron Microscopy (SEM) 

The diameter and degree of alignment of electrospun fiber meshes were determined by 

analysis of SEM images as described previously (Section 3.2.3) [82].  Briefly, electrospun 

meshes were mounted, sputtercoated with a 10 nm layer of palladium (Model 208HR, 

Cressington Scientific Instruments, Cranberry Township, PA), and images were acquired using a 

LEO 1550 Field Emission SEM (Carl Zeiss SMT, Thornwood, NY) operating at 5 kV with a 16 
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mm working distance.  Resultant images were imported into ImagePro Plus software (ICube, 

Crofton, MD) for analysis of fiber diameter and alignment.  The degree of alignment was 

characterized by the angular standard deviation as described previously (Section 3.2.2) [82].  The 

diameter and alignment of at least 150 fibers were analyzed for each sample. 

 

4.2.5 Mechanical Testing 

The tensile moduli of the PEUUR1250 and PEUUR2000 were determined, as described 

elsewhere [190], using ASTM D412-98a with modifications.  Cast films were soaked in PBS 

overnight and then tested at 37ºC in PBS.  The samples were pulled at a rate of 10 mm/min to 

400% strain using a Tytron250 (MTS, Eden Prairie, MN).  After testing, the Young’s modulus, 

tensile strength, percent elongation, and yield strain were measured from the stress/strain curve 

with n = 3 samples. 

The tensile moduli of electrospun PEUUR meshes were determined using 15 × 10 mm 

strips that were incubated in PBS at room temperature for approximately 15 h prior to testing.  

Cyclic testing was performed under the same conditions that were used in stretch experiments 

(Section 5.2.6) (e.g. in PBS with a gauge distance of 10 mm, a frequency of 0.5 Hz, and a 

maximum strain of 20%).  The temperature was maintained at 37ºC using a heated water bath.  

Isotropic meshes were tested in only one direction, and samples of oriented meshes were tested 

either parallel or perpendicular to the direction of fiber alignment. A total of 220 cycles were 

performed, and the Young’s moduli were reported based on the last cycle using the initial linear 

region of the stress strain curve – typically between 10 and 20% strain.  Values for the thickness 

of the meshes were required for the calculation of stress, and they were calculated from the mesh 

mass, length, width, and density using an estimated porosity of 60%.  This porosity is assumed 

based on published mercury intrusion porosimetry measurements of electrospun meshes [118].  

The thicknesses for these samples were on the order of 0.1 mm.  Young’s moduli are presented 

as mean ± standard deviation for n = 3 meshes.  

 

4.2.6 Further Characterization 

 Differential scanning calorimetry (DSC) (TA Instruments Q100, New Castle, DE) was 

performed to determine the glass transition temperature, melting temperature, and crystallinity of 

the PEUUR1250 and PEUUR2000.  The samples were heated from 25ºC to 120ºC (10º/min), 
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cooled from 120ºC to -90ºC (5º/min), then reheated from 25ºC to 120ºC (10º/min), and heat 

flows were reported on a unit mass basis.  The glass transition temperatures were determined at 

the inflection point of the second heating curves, and percent crystallinities were determined 

from the integrated melting peaks using Origin software.  Percent crystallinity was only 

measured for the second heating curve because the baselines for the first heating curve could not 

be determined.  Percent crystallinities were calculated using a heat of fusion for PCL with 100% 

crystallinity of 136 J/g [205].   

  

4.3 Results and Discussion 

 

4.3.1 Bulk Properties 

 The densities of the two polymers were determined with the pycnometer and then used in 

calculations of mesh thickness.  The densities of the two polymers were similar, with a density of 

1.13 ± 0.022 g/cm3 for PEUUR1250  [190] and a density of 1.09 ± 0.011 g/cm3 for PEUUR2000.  

These densities are very similar to a published value for PCL from the literature (1.13 g/cm3)  

[206] as well as the densities for PDAB and HDI reported by the company (1.14 and 1.04 g/cm3, 

respectively) 

 Mechanical tests were performed on PEUUR1250 and PEUUR2000 films to characterize 

the Young’s moduli, tensile strengths at break, percent elongations, and yield strains of these 

elastomers (Figure 4.2).  The elastic moduli of the cast films in PBS at 37ºC for PEUUR1250 

was 4.1 ± 0.31 MPa  [190] and for PEUUR2000 was 18 ± 0.59 MPa.  Furthermore, the 

PEUUR2000 had a yield point of approximately 15% while the PEUUR1250 did not exhibit a 

yield point.  These materials exhibited percent elongations above 400% for PCL1250 and above 

800% for PCL2000.  These results suggest that the polymers are able to exhibit elastomeric 

behavior at strains greater than those exerted on natural ACL  [16] and those that are commonly 

used in stretch bioreactors in vitro  [3, 78, 119].  However, the moduli are two orders of 

magnitude lower than natural ligament tissue [10]. 
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Fig. 4.2. Stress strain curves of both a) the initial linear region and b) the entire curve for 
cast polymer dogbones tested in PBS at 10 mm/min and 37ºC (representative samples). 

 

 

 

 The thermal properties of the meshes were determined by DSC (Figure 4.3).  The second 

heating curve results were analyzed to determine a glass transition temperature (Tg) of -45ºC for 

the polymers and melting points (Tm) of 25ºC for PEUUR1250 and 39ºC for PEUUR2000; 

however, the polymers started melting earlier because of broad melting distributions.    

Compared to the second heating curve, the melting points were elevated to 50ºC or greater for 

the as-processed materials (i.e. the first heating curve).  Differences in melting points with 

thermal history has also been observed previously in other PEUURS [96].  Based on the second 

heating curve, the PEUUR2000 and the PEUUR1250 had percent crystallinities of 27.6% and 

17.8% respectively, indicating that the PEUUR2000 is a more crystalline material.  Percent 

crystallinity was not measured for the first heating curve because the baselines could not be 

determined.   
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Fig. 4.3. DSC results of the PEUURs showing a) heating curves (dashed line for initial 
heating and solid line for second heating) and b) the cooling curves. 

 

 DSC analysis was also performed on three different batches of PEUUR2000.  The 

melting temperatures for these tests were lower than the value of 39ºC determined above and 

they were found to vary from 32.7 to 36.2ºC.  Gel permeation chromatography (GPC) was also 

performed on these same batches of PEUUR2000, and the Mn was found to vary from 67,700 to 

89,900 Da.  This result indicates that some variation in polymer molecular weight is present 

between different batches of polymer, and this may result in variation in other properties of the 

polymer (e.g. glass transition temperature and tensile strength). 
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4.3.2 Properties of Electrospun Meshes 

The Young’s modulus of electrospun PEUUR1250 meshes with varying fiber diameters 

and alignments were determined by testing different samples parallel and perpendicular to the 

direction of alignment.  Briefly, electrospun meshes with fiber diameters from 0.27 to 0.90 µm 

and angular standard deviation of 54.6 to 29.9º were found to have elastic moduli in PBS at 37ºC 

ranging from 0.43 to 1.2 MPa.  The modulus increased with electrospinning conditions that 

produce increasing fiber alignment (when tested parallel to the direction of alignment) as well as 

increasing fiber diameter (Figure 4.4).  However, these trends may also occur because of 

differences in crystallinity, fiber-fiber contacts, or porosity between electrospinning conditions 

(discussed further in Appendix C.4) [190].  This result is in agreement with Courtney et al. who 

showed that the tensile modulus of PEUUR meshes in water at room temperature also increased 

with electrospinning conditions that produce higher degrees of fiber alignment [94].  In addition, 

Thomas et al. showed that while individual electrospun PCL fibers had lower Young’s moduli 

with increasing drum rotational speed, the modulus of the overall mesh increased because of 

increased fiber alignment [207].  These results assumed constant fiber density throughout the 

mesh when calculating the mesh thickness [190]. 
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Fig. 4.4. Mesh moduli for a) different fiber diameters (n = 3) and b) different degrees of 
alignment (n = 3) tested cyclically in PBS at 37ºC and 0.5 Hz. 
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The PEUUR1250 meshes exhibited hysteresis during cyclic mechanical testing when 

tested in PBS, consistent with viscoelastic behavior (Figure 4.5).  Furthermore, the point of 

maximum stress for each cycle in the electrospun PEUUR1250 meshes decreased during the 

initial ~100 cycles, possibly due to breaking of fiber-fiber contacts (Figure 4.6).  However, after 

approximately 100 cycles further decreases occurred more slowly, suggesting that the polymer 

may be elastomeric.  The profiles were similar for meshes with random and aligned fibers.   
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Fig. 4.5. Stress-strain curve showing hysteresis for a representative sample (0.89 µm 
diameter electrospun PEUUR1250 meshes with 29.9º angular standard deviation tested 
parallel to the direction of fiber alignment) in PBS at 37ºC and 0.5 Hz. 
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Fig. 4.6. Profile of maximum stress with the number of cycles for PEUUR1250 meshes 
for a) 0.47 µm diameter randomly oriented fibers and b) 0.61 µm diameter fibers tested 
parallel to the direction of alignment (33.4º angular standard deviation).  Cyclic testing 
was performed in PBS at 0.5 Hz, 20% maximum strain, and 37ºC.  Profiles are 
representative of other fiber diameters and alignments. 
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4.4 Conclusions 

The characterization of the PEUURs suggests that they are elastomeric materials which 

are capable of undergoing repetitive stretch in a bioreactor in vitro.  The maximum stress for 

PEUUR1250 at 20% maximum strain does decrease after the initial 100 cycles, but afterward no 

significant reductions occur.  In addition, the PEUUR2000 has a melting temperature greater 

than the temperature used for cell culture (37ºC) while the PEUUR1250 does not.  However, 

with their melting distributions, both polymers start melting before the cell culture temperature.  

Finally, the most highly aligned meshes have the highest modulus.  These results suggest that 

highly aligned electrospun PEUUR2000 meshes are more desirable for future ligament tissue 

engineering studies (Chapter 5).  However, the moduli are still less than 18 MPa and 

significantly lower than that of native human ligament (i.e. approximately 111 MPa) [10, 88], 

and would require in vitro pre-conditioning for use in a ligament tissue engineering construct.  

Cyclic mechanical stretch may be able to provide the pre-conditioning required for cells to 

deposit load-bearing collagen fibrils prior to implantation in vivo.  
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Abstract 

A tissue-engineered ligament produced using electrospun fibrous surfaces, mesenchymal 

stem cells, and mechanical stimulation is a promising graft for anterior cruciate ligament 

reconstruction.  The electrospun surfaces have been shown to guide cell orientation in static 

culture, and the mechanical stimulation has been shown to increase the synthesis of ligament-like 

extracellular matrix.  One article to our knowledge has been performed to test the affect of the 

topographic features presented by electrospun fibers on cell alignment and behavior in 

conjunction with mechanical stretch.  However, this article – along with other articles on model 

silicone surfaces – has focused on the expression of non-specific markers of the ligament 

phenotype including collagen types I and III.  Therefore, in this study electrospun fibers and 

smooth surfaces have been stretched to determine the effect of mechanical stimulation on cell 

orientation and the selective ligament markers scleraxis and tenomodulin.  This study shows that 

cells are able to attach and express ligament-like extracellular matrix components (i.e. collagen 

type I and decorin) as well as other markers of fibroblastic and myofibroblastic differentiation 

(i.e. scleraxis, tenomodulin, and α-smooth muscle actin) on both smooth poly (dimethyl-

siloxane) and electrospun surfaces with the application of uniaxial mechanical stretch.  On 

electrospun surfaces the cells were directed to orient parallel to the direction of fiber orientation 

through topographic cues, and they remained oriented with the application of stretch.  On 

silicone surfaces cells responded to stretch by orienting perpendicular the direction of stretch.  

Finally, while the expression of α-smooth muscle actin appeared to be elevated on electrospun 

surfaces, no significant effects of cyclic stretch on gene expression were observed after two days.  

Future work is to apply a longer duration of mechanical stimulation.                                .
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5.1 Introduction 

More than 150,000 reconstructive anterior cruciate ligament (ACL) surgeries are 

performed annually in the United States [7].  Autologous graft taken from a patient is currently 

the primary choice for ACL replacement, but drawbacks with this grafting material include 

limited donor tissue supply and donor site morbidity [15, 16].  A tissue-engineered ligament is a 

promising alternative to autograft for ACL reconstruction [1, 2, 7, 16].  With this strategy, cells 

are seeded onto a biomaterial scaffold that provides the area for cell attachment.  The scaffold 

also provides the initial mechanical properties of the graft before the extracellular matrix (ECM) 

deposited by the cells is able to organize and provide mechanical strength.  The cellular 

component is frequently mesenchymal stem cells (MSCs) because of their high proliferative 

activity and ability to differentiate into the ligament like fibroblastic phenotype [9, 54].  Further, 

the scaffolds are commonly produced through the electrospinning process because electrospun 

meshes are able to guide cell attachment through the contact guidance phenomenon, unlike 

meshes produced through other conventional techniques (e.g. extrusion) [82, 150].  Finally, the 

additional component of mechanical stimulation is commonly employed using a stretch 

bioreactor to increase the expression and deposition of ligament-like ECM by MSCs and 

ligament fibroblasts [3, 4, 78, 81].   

A ligament-like ECM would contain components of natural ligament organized to form 

oriented collagen fibrils that are strong in the direction of tension [16].  Components of natural 

ligament include proteins (e.g. collagen types I, III, and V, and elastin), proteoglycans (e.g. 

decorin), and glycoproteins (e.g. tenacin-C and fibronectin) [19, 22].  Importantly, while these 

components comprise the ECM of ligaments, they are not ligament specific and are common to 

many types of soft tissues [19, 21].  Therefore, other markers must also be examined.  Recently, 

scleraxis and tenomodulin have been identified as selective markers of ligament fibroblasts.  

Scleraxis is a transcription factor that is expressed during the early stages of musculoskeletal 

development  [34] and is necessary for development of mature tendon tissue [35].  Tenomodulin 

is a transmembrane glycoprotein  [36] that is induced by scleraxis [37], and is thought to aid in 

the organization of collagen into fibrils [38]. 

In static culture, cellular deposition of oriented collagen fibrils has been shown on 

aligned topographic features with sizes less than 10 µm [3, 84].  In these studies, the topographic 

features are able to guide cell orientation through the contact guidance phenomenon [115, 165-
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167, 208], and oriented cells have been shown to produce orientated ECM [84].  Both model 

micro-grooved poly(dimethyl-siloxane) (PDMS) surfaces  [115, 166, 168, 169] and porous 

electrospun meshes  [82] have topographic features small enough to guide cell attachment, 

morphology, and orientation.  Recent research has shown that different topographic features may 

effect the expression of ECM components [150], in agreement with the established link between 

changes in cell morphology and changes in mRNA expression [156].   

The application of mechanical stimulation has been shown to increase the expression and 

deposition of markers of ligament-like ECM by MSCs and ligament fibroblasts [3, 4, 49].  For 

example, the deposition of both total collagen and collagen type I – the primary component of 

ligament ECM – have been shown to be increased with stretch [3, 4].  The expression of α-

smooth muscle actin, a marker of contractile fibroblasts, has also been shown to be induced in 

fibroblastic cells in response to stretch [78].  In addition, tenacin-C and elastin expression have 

also been shown to be induced with stretch [49, 80].  The expression of the more specific marker 

scleraxis (scx) was found to be induced with mechanical stretch in a collagen gel [81], but has 

not been measured on electrospun fibers in response to stretch.   

Ligament fibroblasts and MSCs cultured on different types of scaffolds – including 

smooth and micro-grooved PDMS surfaces [84], collagen hydrogels [49], and large diameter 

fibers  [50] – have been shown to respond to mechanical stretch.  However, the effects of the 

different scaffold chemistries, topographies, and mechanical properties on cell behavior in 

combination with the application of stretch still need to be elucidated.  Differences in these 

scaffold properties have been shown to affect both cell orientation and differentiation in static 

culture [18, 82, 86, 151], and they may also affect cell orientation and differentiation in response 

to stretch.  The effect of topography on cyclically stretched cells has been studied on model 

PDMS surfaces with and without micro-grooves.  On smooth PDMS surfaces, cells have been 

shown to reorient perpendicular to the direction of stretch [75].  Consequently,  this cell 

realignment will result in the deposition of aligned ECM that is weak in the direction of stretch 

[84].  The addition of micro-grooves aligned in the direction of stretch has been shown to keep 

the cells oriented parallel to the stretch direction [78, 84].   

Electrospun scaffolds present topographic cues similar to the micro-grooved surfaces, 

however when strain is applied, the topographic features of electrospun meshes will not deform 

in the same manner as a solid microgrooved surfaces.  Differences in the deformation of the 
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surfaces should result in different mechanical stimuli being placed on the cells.  In the only study 

on the effect of mechanical stretch on electrospun fibers, Lee et al. found that ACL fibroblasts 

remained oriented on the fibers when mechanical stretch was applied, and that the amount of 

total collagen that was deposited on the substrate increased when stretch was applied to aligned 

electrospun meshes [3].  They found that ACL fibroblasts will respond positively to uniaxial 

mechanical stretch, but total collagen deposition cannot be used to determine the specific 

phenotype of the cells.  MSCs can differentiate into several types of supporting tissue, so for 

MSCs the expression and synthesis of more specific markers of ligament-like fibroblast 

differentiation are important to ensure that a functional ligament-like graft is being produced.   

In this study, bone marrow stromal cells (BMSCs) were seeded onto oriented scaffolds 

and cyclic stretch was applied to the cell-seeded mesh to determine if MSCs differentiate into 

oriented ligament-like fibroblasts on electrospun fibers with the application of mechanical 

stretch.  Electrospinning of an elastomeric poly (ester-urethane urea) (PEUUR) onto a rotating 

target was performed to create an oriented fiber mesh to guide cell alignment and suppress cell 

reorientation in response to stretch.  The expression of α-smooth muscle actin, markers of 

ligament-like ECM (i.e. collagen type I and decorin), and more specific markers of ligament 

differentiation (i.e. scleraxis and tenomodulin) were measured.   

 

5.2 Materials and Methods 

 

5.2.1 Materials 

 All materials were purchased from Fischer Scientific (Pittsburgh, PA), all chemicals were 

purchased from Sigma-Aldrich (St. Louis, MO), and all biological supplies were purchased from 

Invitrogen (Gaithersburg, MD) unless otherwise noted.  A linear segmented PEUUR – consisting 

of 2000 Mw poly (ε-caprolactone) (PCL) end-capped with 1,6-diisocyanatohexane and chain 

extended with 1,3-propanediol bis (4-aminobenzoate) – was synthesized.  The segmented 

degradable PEUUR elastomer was synthesized using a standard two-step technique as previously 

described [150].  The PCL is the degradation tie of the PEUUR, so the polymer is expected to 

degrade between 2 to 3 years similar to pure PCL [93]. 

 

 



Bashur CA, Dahlgren LA, Guelcher SA, and Goldstein AS, for submission to Tissue Engineering Part A. 

 73

5.2.1 Electrospinning 

 The PEUUR was electrospun to form fused-fiber meshes with controlled fiber diameters 

and degrees of fiber orientation as described previously [82].  Briefly, a 6 cm diameter drum was 

wrapped with aluminum foil and rotated at a linear velocity of 7.9 m/s to induce orientation in 

the electrospun fibers.  Electrospinning was performed under ambient conditions using a 22 

gauge steel needle, a 15 kV potential, a throw distance of 15 cm, and a syringe flow rate of 3 

mL/h.  Electrospinning was performed on three different occasions using 10 wt% solutions of 

PEUUR in 1,1,1,3,3,3- hexafluoro-2-propanol (HFIP).  These concentrations were used because 

they have been shown to produce average fiber diameters of approximately 0.5 microns with a 

similar polymer, PEUUR1250, and within the range know to induce contact guidance [142].  

Following electrospinning, meshes were peeled off of the aluminum foil and soaked in ethanol 

for 5 days followed by deionized water for 2 days to remove residual HFIP.  The meshes were 

then air dried and stored in a desiccator until use. 

  

5.2.2 Scanning Electron Microscopy (SEM) Analysis 

 For SEM analysis of fiber diameter and orientation, the electrospun surfaces were 

mounted onto studs and sputtercoated with a 20 nm layer of palladium (Model 208HR, 

Cressington Scientific Instruments, Cranberry, PA).  These surfaces were then imaged with a 

LEO 1550 Field Emission SEM (Carl Zeiss SMT, Thornwood, NY) operating at 5kV with a 16 

mm working distance.  Resultant images were imported into ImagePro Plus software (ICube, 

Crofton, MD) and the orientation and diameter were determined for at least 100 fibers per 

sample.  The surfaces were measured manually for all fibers in the SEM image with clearly 

defined edges.  Fiber orientation was characterized by average angular standard deviation, with 

the mean angle of orientation – relative to the direction of rotation – and average angular 

standard deviations (ASDs) calculated from a wrapped normal distribution [82].   

 

5.2.3 Stretch Bioreactor Design 

Prototype mechanical stretch bioreactors were designed to perform mechanical 

stimulation of electrospun meshes and smooth PDMS controls.  The bioreactors include a poly 

(carbonate) chamber that is gas sterilized with ethylene oxide and a removable sample holder 

that is sterilized separately by γ-irradiation and then loaded into the chamber (Figure 5.1).  The 
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space inside the holder is 11.3 × 4.00 cm and can hold up 6 samples that can be loaded 

individually prior to sterilization.  Further, ports allow for both the sterile exchange of gases 

between the air and the inside of the box as well as the changing of medium.  The moveable arm 

is sealed with a neoprene bellow and driven by a Tytron250 (MTS, Eden Prairie, MN).   

 

     
Figure 5.1: a) Diagram and b) an image of the stretch bioreactor 

 

5.2.4 Bioreactor Assembly and Sterilization 

For cell culture studies four chambers and holders were assembled and sterilized.  Prior 

to sterilization, electrospun PEUUR meshes and medical grade smooth PDMS films were cut 

into strips (1 × 5 cm) and mounted in the sample holders with the fibers oriented parallel to the 

direction of stretch.  Mesh samples were pre-stretched approximately 33% (1 cm) when loaded 

into the holder and PDMS samples were pre-stretched 17% (0.5 cm) to ensure that the surfaces 

were in tension.  The 33% pre-stretch for the meshes was chosen because it provided a similar 

degree of alignment to the as-electrospun meshes (i.e. prior to subsequent processing).  The 

holders were inserted in the chambers and then the bioreactors were placed under ultraviolet 

(UV) light for 30 min for further sterilization.  To facilitate cell adhesion 2 µg/mL fibronectin 

(Fisher) in phosphate buffered saline (PBS, Fisher) was added to surfaces at room temperature 

and allowed to adsorb for 2 hours.  Substrates were kept wet in PBS until cell seeding. 

 

5.2.5 Cell Culture and Cell Seeding 

 Cell studies were performed using rat bone marrow stromal cells (BMSC) isolated from 

male 125-150 g Sprague-Dawley rats (Harlan, Dublin VA) in accordance with the Institutional 

(b) 

(a) 
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Animal Care and Use Committee at Virginia Tech [96].  Dispersed whole marrow extracts were 

grown on 100 mm tissue culture poly(styrene) Petri dishes (Fisher) until confluence 

(approximately 10 days) in growth medium consisting of Minimal Essential Medium α 

modification (α-MEM, Invitrogen, Bethesda, MD) with 10% fetal bovine serum (FBS Gemini, 

Calabasas, CA) and 1% antibiotic/antimycotic.  Cells were then enzymatically lifted using 

trypsin/EDTA, split 1:2, and seeded into fresh 100 mm Petri dishes for cell morphology studies.  

For mRNA expression studies, the cells were lifted and frozen in growth media with 10% 

dimethylsulfoxide (DMSO) at 1:2, and then replated when ready for use.  (This process 

selectively increases the concentration of the proliferative, plastic-adherent fraction, which 

includes a population of mesenchymal progenitor cells.  However, it does not select for specific 

antigen markers nor achieve a homogeneous cell population.)  When the cells were close to 

confluence, they were passaged again and allowed to grow for 3 or 4 days. 

 Second passage cells were enzymatically lifted, and then seeded onto electrospun meshes 

and PDMS strips inside of the bioreactor chamber at a density of approximately 5.0×104 

cells/sample (1.2×104 cells/cm2) using approximately 0.5 mL of growth medium.  The samples 

were incubated at 37ºC and 5% carbon dioxide for 2 h prior to filling the entire chamber with 

175 mL of media and then incubating again.  To determine cell morphology, the mesh area was 

filled with the cell suspension, so the extra 2 h incubation step was not required.  Thereafter, half 

of the medium was replaced after 3 days, and samples were stretched after 3 and 4 days.   

 

5.2.6 Mechanical Stretch 

Cyclic stretch studies were performed on two bioreactors on days 3 and 4 (for 1 h daily).  

Cyclic stretch was performed uniaxially at 0.5 Hz frequency with 8% strain (in addition to the 

33% static strain already applied).  These conditions are within the range that has been shown to 

elicit a cell response in previous stretch studies for mature ligament fibroblasts and MSCs [4, 75, 

145, 154, 155].  The ambient temperature was 25ºC, but media remained warm throughout 

stretch.  Two control bioreactors with 33% static stretch were also removed from the incubator 

during this time.  After stretch on day 4, the bioreactors were stored in the incubator for 

approximately 0.5 hours and then media was drained from the bioreactors.  Cells were analyzed 

to determine cell morphology and mRNA expression of ECM proteins Col1α1, decorin, 

tenomodulin, scleraxis, and α-smooth muscle actin. 
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5.2.7 Cell Morphology 

 After mechanical stretch, cell morphology and orientation was determined by imaging 

fixed and fluorescently labeled cells.  Briefly, 1 mL of 3.7% methanol free formaldehyde 

(Polysciences, Inc., Warrington, PA) in PBS was added to the top of the samples and incubated 

for approximately 15 min at room temperature.  The surfaces were washed one time in PBS, and 

then placed in 0.1% Triton×100 in DI water for approximately 1 h.  The surfaces were washed 

three times with PBS.  Next, the samples were cut out of the holder and stained with 1 mL of 15 

µL/mL rhodamine-phalloidin (Molecular Probes, Eugene, OR) on a slide for approximately 1 h 

to stain filamentous-actin.  Finally, the extra liquid was removed and the samples were mounted 

using soft mount with 4',6-diamidino-2-phenylindole (DAPI) to stain the nuclei (Vector 

Laboratories, Inc., Burlingame, CA). 

Fluorescence images were obtained at 20× magnification with a near UV filter for the 

nuclei and a wide green filter for the filamentous-actin using an Olympus IX50 microscope 

(Opelco, Sterling, VA) equipped with a cooled CCD camera (Hamamatsu C4742-98-12NRB).  

Images were focused in phase contrast or in fluorescence with the near UV filter prior to taking 

images.  At least ten pairs of images per substrate were then imported into ImagePro Plus 

software and an ellipse was fitted to the cells.  Cells were only outlined if a nucleus was also 

visible.  Length of the long axis, aspect ratio, projected area, and angle of orientation were 

measured from fluorescence images for greater than 65 cells per substrate.  Mean values for 

projected cell area, aspect ratio, length of the long axis, and angle for both fibers and cells were 

calculated per substrate.  In addition, the degree of cell alignment – characterized by angular 

standard deviation – was calculated for each substrate.  Statistical analyses were performed using 

the mean properties of each substrate. 

 

5.2.8 mRNA Expression 

 Expression of Col1α1, decorin, tenomodulin, scleraxis, and α-smooth muscle actin was 

determined quantitatively by real-time polymerase chain reaction (PCR).  Total RNA was 

isolated from the cells on day 4 after stretch using the RNeasy Mini Kit (Qiagen, Valencia, CA) 

according to the manufacturer’s instructions.  Briefly, lysates were first homogenized with 

QIAShredder columns (Qiagen) and then were subjected to on-column DNase digestion using 

DNase I (Qiagen).  RNA was quantified using the Quant-It RiboGreen kit (Molecular Probes) 
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and a fluorescent plate reader (SpectraMax M2, Molecular Devices, Sunnyvale, CA).  Equal 

masses of RNA (50 or100 ng) were reverse-transcribed to cDNA using SuperScript® First-Strand 

Synthesis kit with random hexamers as primers according to manufacturer’s protocol.  Real-time 

PCR was performed in the ABI 7300 Real Time PCR System (Applied Biosystems, Foster, CA) 

using 50 ng cDNA, Power Sybr®Green Master Mix (Applied Biosystems), and specific rat 

primers for Col1α1, decorin, α-smooth muscle actin, scleraxis, tenomodulin, and β-actin (the 

internal reference).  Col1α1, decorin, scleraxis, and tenomodulin primer sequences were 

designed as previously described (Table 5.1) [150].  α-smooth muscle actin primer sequences 

were designed in Primer Express® software (Applied Biosystems) using the NCBI database 

accession number, and primers for the reference gene, β-actin were developed as described 

previously [195].  Quantification of target gene expression, relative to smooth PDMS substrates 

on day 7, was performed using the comparative threshold cycle (ΔΔCt) method [196].  Relative 

gene expression was reported as 2–ΔΔCt, and statistical analysis was performed on the ΔCt values.  

Control samples (i.e., total RNA, no template) were used to verify the fidelity of the 

amplification process. 

 

Table 5.1: Primers for PCR 

Gene Forward primer sequences Reverse primer sequences Product 
Size 

Collagen 1α1 
NM_053304 

5’ GAGGGCGAGTGCTGTCCTT 3’ 5’ GGTCCCTCGACTCCTATGACTTC 3’ 74 bp 

Decorin 
NM_024129 

5’ CATCTCCGAGTGGTGCAGTGT 3’ 5’ GCAATGTTGTGTCAGGTGGAA 3’ 76 bp 

Scleraxis 
NM_001130508 

5’ TCTGCCTCAGCAACCAGAGAAAGT 3’ 5’ACTCTTCAGTGGCTTCCACCTTCA 3’ 130 bp 

Tenomodulin 
NM_022290 

5’ CCCACAAGTGAAGGTGGAGAA 3’ 5’AACAGTAACCTCTCTCATCCAGCAT 3’ 125 bp 

α-smooth muscle 
actin a2 

NM_007392 
5’ CAGGATGCAGAAGGAGATCACA 3’ 5’ CCGCCGATCCAGACAGAA 3’ 56 bp 

β-actin 
NM_031144 

5’ CGTGAAAAGATGACCCAGATCA 3’ 5’ CACAGCCTGGATGGCTACGT 3’ 72 bp 

 

5.2.9 Statistical Analysis  

 Results are presented as the mean ± standard deviation for n > 60 fibers/substrate for 

SEM analysis of fiber diameter and orientation, n = 3 coverslips per condition for cell 

morphology, and n = 6 for gene expression.  Two replicates were performed for mRNA 
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expression to prove reproducibility with different batches of cells.  Statistical significance was 

determined in SAS 9.1.3 (SAS Institute Inc. Cary NC) and mixed-model analysis of variance 

(ANOVA) was used with post-hoc comparisons using the Tukey method with a significance 

criterion of p≤0.05. 

 

5.3 Results 

 

5.3.1 Electrospun Meshes 

 SEM images were analyzed to determine fiber diameter and degree of alignment for the 

stretch studies.  Highly oriented meshes (angular standard deviation of 16.5º) for mRNA 

measurements were electrospun with an average fiber diameter of 0.89 ± 0.31 µm before they 

were peeled off the aluminum (Figure 5.2a).  The meshes contracted after peeling off the 

aluminum and soaking in ethanol, so in this study they were statically stretched in the bioreactor 

sample holder to 33% of their current length for SEM analysis (Figure 5.2b).  The contraction of 

the PEUUR meshes suggests that initial stresses from the electrospinning process remain in the 

fibers.  While 33% static stretch produced fibers with similar degree of alignment (ASD of 21.5º) 

to the as-electrospun material, the individual fibers exhibited significant bending (Figure 5.2b).  

SEM analysis also indicated that the average fiber diameter (0.94 ± 0.28 µm) after this additional 

processing was similar to the as-electrospun material.   
 

 

              
Figure 5.2: Representative images of oriented meshes electrospun both a) as-electrospun 
on aluminum and b) further processed and statically stretched 25%. 

(a) (b)
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5.3.2 Cell Orientation and Morphology on Meshes 

 BMSCs were allowed to attach, spread, and proliferate on statically stretched electrospun 

meshes and PDMS controls for 4 days.  In addition, cyclically stretched samples were stretched 

an additional 8% (at 0.5 Hz for 1 h a day) on days 3 and 4.  BMSCs seeded on both smooth 

PDMS films and electrospun fibers attached to all static surfaces and remained attached 

following cyclic stretch (Figure 5.3).  On PDMS films, BMSCs were randomly oriented in the 

absence of stretch (ASD = 61º); however, BMSCs partially oriented perpendicular to the 

direction of stretch (orientation 86.3º from the stretch direction and ASD = 41º) (Table 5.2).  On 

electrospun meshes, BMSCs aligned with the fibers independent of stretch (orientation < 3º from 

the stretch direction and ASD < 16 º).  These results demonstrate that the cells exhibit good 

alignment on electrospun surfaces, but poor alignment on the smooth surfaces. 

  

 

   

   
Figure 5.3: Representative images of BMSCs after 4 days on silicone surfaces with and 
without stretch (a and b respectively) and on electrospun meshes with and without stretch 
(c and d respectively).  Overlay images were constructed by merging the actin-
cytoskeleton (red) and the nuclei (green) images of fixed cells.  For meshes, some 
electrospun fibers also appear as faint green in the background.   
     

(b)

(d)

(a) 

(c) 
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Table 5.2. Cell alignment on meshes and PDMS control surfaces.  Angular standard 
deviation of cells for and cell orientation relative to the direction of fibers or stretch for n 
= 3 samples.   
 

Condition Cell Angular 
Deviation 

(º) 

Difference in 
Mean Angle 

(º) 

PDMS Static 61.0 – 
Stretch 41.0 86.3 

Mesh Static 12.7 2.2 
Stretch 15.3 0.1 

 

Cell morphology was affected by both mechanical stretch and the type of surface (Figure 

5.4).  The projected cell area was lower (p < 0.03) and the aspect ratio higher (p < 0.002) on the 

fibrous surfaces, consistent with the cells assuming a spindle shaped morphology.  With the 

application of stretch, the BMSCs projected cell area and long axis decreased (p = 0.01 and 0.03 

respectively for smooth control surfaces), while the aspect ratio was not affected.  The projected 

cell area decreased with the application of stretch by 30% on the PDMS surfaces compared to 

only 21% on the meshes.   
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Figure 5.4: Effect of mechanical stretch and type of surface on BMSC a) projected cell 
area, b) aspect ratio, and c) length of long axis.  Statistical significance is denoted by an 
asterisk from PDMS static, a pound sign from PDMS stretch, and @ from mesh static for 
n= 3 samples. 
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5.3.3 ECM Expression 

 Real-time PCR was performed to determine the effect of fiber architecture on the 

expression of ECM proteins Col1α1, decorin, tenomodulin, scleraxis, and α-smooth muscle 

actin.  The results indicate that α-smooth muscle actin expression appeared to be induced on 

meshes compared to PDMS surfaces, although this difference is not statistically significant.  

However, the other genes do not have significantly different expression with different surfaces 

and with or without stretch (Figure 5.5).   
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Figure 5.5: PCR results normalized by the β-actin housekeeping gene for the different 
surfaces with and without stretch for n = 6 substrates. 

 

5.4 Discussion 

In this study, electrospun PEUUR meshes were produced with an average fiber diameter 

of 0.94 ± 0.28 µm and an alignment (characterized by ASD) of 21.5º.  BMSCs were seeded on 

these electrospun meshes and smooth PDMS control surfaces to determine the effect of 

electrospun meshes on the cell orientation, morphology, and mRNA expression with the 

application of cyclic stretch.  On cyclically stretched and statically stretched electrospun meshes, 

BMSCs aligned with the fibers – average orientations <3º from the direction of fiber orientation 

and average angular standard deviations (ASDs) <16º.  On PDMS films, BMSCs were randomly 

oriented in the absence of stretch (ASD of 61.0º), but after the application of stretch, BMSCs 

partially oriented perpendicular to that direction – orientation 86.3º from the stretch direction and 

ASD of 41.0º.  Further, BMSCs projected cell area and long axis decreased on both the 

electrospun and smooth control surfaces with the application of stretch.  The projected cell area 
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was lower and the aspect ratio higher on the fibrous surfaces.  In addition, the expression of α-

SMA appeared to be induced on electrospun meshes compared to PDMS surfaces.  Finally, the 

application of stretch did not have a significant effect on mRNA expression in this study.   

Common electrospinning techniques were used in this study to produce highly oriented 

meshes with diameters within the range known to induce contact guidance [82, 150].  However, 

these meshes contracted and lost alignment when they were peeled off the aluminum mandrel.  

This contraction was not observed in other studies with oriented poly (lactic-co-glycolic acid) 

scaffolds (Appendix B).  This suggests that the elastomeric PEUUR meshes are able to exhibit 

significant elastic deformation in response to the mechanical forces produced by the rotating 

mandrel, and the meshes are able to retain part of forces without undergoing stress relaxation.  

To reestablish the aligned fiber topography of the meshes, they were stretched to 133% of their 

contracted length.  The resultant orientation of these stretched surfaces was similar to the 

orientation of the as-spun materials (21.5º compared to 16.5º).   

In this study, the electrospun meshes were able to guide cell alignment without the 

application of cyclic stretch, consistent with previous results [82, 150].  In addition, the 

electrospun meshes were able to orient cells parallel to the direction of fiber alignment 

independent of cyclic mechanical stretch – in agreement with results by Lee et al. using human 

ligament fibroblasts [3].  The presence of oriented topographic cues allowed the cells to remain 

aligned with the fibers – similar to previous work on model micro-grooved surfaces [84].  

However on smooth PDMS surfaces, the cells aligned perpendicular to the direction of stretch 

(Figure 5.3, Table 5.2) consistent with previous work [75, 209].  However, greater cell 

reorientation on smooth surfaces has been observed previously [155], suggesting that in this 

study less mechanical stimulus was translated to the cells.  The tendency for cells to reorient 

perpendicular to the direction of stretch on smooth surfaces is thought to be an avoidance 

reaction by the cells to the stretching of their cytoskeleton and focal adhesion contacts [75].  

Cells have been shown to lose some of their focal adhesion contacts with the application of 

mechanical stretch – and round up if too much strain is applied [75].  The results from this study 

suggest that the phenomenon of contact guidance has a greater role of in the reestablishment of 

cell contacts on electrospun meshes than the tendency for cells to resist the deformation of their 

cytoskeleton.   
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In addition to BMSC orientation, electrospun fibers also affected the morphology of the 

cells both with and without stretch.  The projected cell area was lower and the aspect ratio higher 

on the fibrous surfaces, consistent with previous research where electrospun fibers were not 

stretched but instead supported on coverslips [150].  This result suggests that on meshes BMSCs 

assume a smaller and more spindle shaped morphology – the characteristic shape of ligament-

like fibroblastic cells [176, 210].  However, on smooth surfaces BMSCs are more spread and 

exhibit a more rounded morphology – consistent with the shape of progenitor cells [21].  Further, 

the primary effect of stretch was that the BMSCs projected cell area and long axis decreased.  

This result indicates that the BMSCs are more rounded after stretch, and suggests that cells may 

not have time to fully reestablish focal adhesion contacts between the cessation of cyclic stretch 

and the analysis of cell morphology.   

The mRNA expression of markers of the ligament-like phenotype (e.g. collagen type I, 

decorin, scleraxis, and tenomodulin) and the expression of α-smooth muscle actin – which has 

been shown to be induced by stress in fibroblastic cells  [25, 68, 78] – were not significantly 

affected by mechanical stretch in this study.  The only effect of the surface on BMSCs appeared 

to be a non-significant increase in α-smooth muscle actin expression on electrospun meshes 

compared to PDMS surfaces.  The mRNA expression and cell morphology results may indicate 

that the cells on the electrospun fibers have differentiated more than cells on the smooth surfaces.  

However, the application of mechanical stretch did not appear to have a significant affect on 

mRNA expression, contrary to most studies [4, 49, 76, 77].  The lack of significant induction of 

mRNA expression – and limited cell orientation on smooth surfaces – after the application of 

cyclic stretch suggests that either the cells were not provided with the same level of cyclic 

mechanical stimulation as in previous studies or the level of static pre-stretch in the surfaces may 

have induced more expression than the subsequent cyclic mechanical stimulation [155]   

Supporting the hypothesis that not enough stimulus was provided is the fact most studies 

have performed stretch for longer times from 12 h to 21 days [49, 153], although induction of 

collagen type I mRNA expression and orientation responses on smooth surfaces have been 

observed on PDMS surfaces after 1 h of stretch [145, 155].  ACL fibroblasts have been found to 

deposit collagen on electrospun fibers after 24 h of stretch [3].  Therefore, in future work stretch 

will be performed for longer than 24 h to determine if stretching cells on electrospun meshes will 
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significantly induce the cellular expression of the selective ligament-like markers and if this 

response is different than that on smooth PDMS surfaces.  

 

5.5 Conclusions 

This study shows that cells are able to attach to both smooth PDMS and electrospun 

surfaces and express the ligament-like ECM components (collagen type I and decorin) as well as 

other markers of fibroblastic and myofibroblastic differentiation (scleraxis, tenomodulin, and α-

SMA).  When cyclic mechanical stretch was applied, the cells remained oriented parallel to the 

direction of fiber orientation.  In contrast, cells exhibited a limited reorientation in response to 

stretch on PDMS surfaces.  Finally, no significant effects of stretch were observed on 

electrospun meshes, suggesting that the stimulus needs to be applied for a longer total time (e.g. 

for a longer time each day or for more days) to induce the production of ECM by mesenchymal 

progenitor cells.   
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6.1 Introduction 

Electrospun scaffolds are attractive for the construction of oriented soft tissue (e.g. 

tendon, ligament, and muscle) because of their ability to guide cell alignment.  However, while 

electrospun scaffolds have high porosities of 56 to 93% [118, 127-129], they allow limited cell 

infiltration because of low effective pore diameters – typically smaller than 10 µm  [130, 191]).  

This is especially a concern for the thicker, more three dimensional scaffolds that are required for 

clinical applications.  One strategy that has been used to increase cell infiltration is to co-

electrospin a sacrificial polymer that can be dissolved out of the resultant mesh, and 

consequentially create larger pores.  In a study by Baker et al. [131], a coelectrospun scaffold of 

poly (ε-caprolactone) (PCL) and poly (ethylene oxide) (PEO) increased the effective pore 

diameter of a mesh when the sacrificial PEO component was dissolved in aqueous medium.  

They found that PEO composition of 50% or greater were required for significant cell 

infiltration.  This high percentage of water solubilized PEO resulted in significantly reduced 

mechanical properties.  In addition, limited integration of the co-electrospun components has 
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been achieved because the positive charges applied to both of them during the electrospinning 

process repel each other [124, 131].       

Another possible strategy to increase cell infiltration involves incorporating a sacrificial 

component that does not dissolve instantaneously but instead is degraded enzymatically by cells 

as they infiltrate into the scaffold.  The natural polymer gelatin is able to degrade enzymatically 

[99], and it may be used as the sacrificial component if it is crosslinked to reduce its solubility in 

water [100].  The other component (e.g. poly (ester-urethane urea) (PEUUR)) should degrade 

slowly through hydrolysis  [93] and provide structural integrity for the scaffold until the cells 

deposit organized, load-bearing collagen fibrils.  An additional step of embedding the co-

electrospun meshes in a degradable hydrogel may prevent the pores from collapsing and aid in 

increasing cell infiltration.  The hydrogel may also be able to hold electrospun meshes together if 

they are processed into three-dimensional structures required for clinical applications.      

 In this study, three steps were performed with the goal of developing methods to produce 

more clinically relevant electrospun constructs (i.e. more three-dimensional and with improved 

cell infiltration).  In the first step co-electrospun scaffolds were prepared with a PEUUR and 

gelatin with the aim of producing larger pores and increasing cell infiltration.  The polarity of the 

electrical charge applied to the individual components was varied to determine what 

configuration achieves the best integration.  In the second step meshes and cells were embedded 

in a hydrogel to determine the feasibility of using this process to produce more three dimensional 

constructs.  In the third step three dimensional constructs were prepared and the cell viability in 

these constructs was determined. 

 

6.2 Materials and Methods 

 

6.2.1 Materials 

 All lab supplies were purchased from Fisher Scientific (Pittsburgh, PA), and all 

biological supplies were purchased from Invitrogen (Gaithersburg, MD) unless otherwise noted.  

The 75/25 mol ratio poly (lactic-co-glycolic acid) (PLGA) (inherent viscosity 0.55–0.75 dL/g) 

was purchased from Lactel Biodegradable Polymers (Birmingham, AL), and a poly-ester-

urethane-urea (PEUUR) was synthesized with amounts of hard and soft segments as described 

elsewhere (Section 4.2.1) and as discussed in a previous report [190].  Briefly, a PCL diol (Mn = 
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2000 Da) was end-capped with hexamethylene diisocyanate (HDI), and this pre-polymer was 

chain extended with 1,3-propanediol bis (4-aminobenzoate) (PDAB).  Poly (ethylene glycol) – 

oligo (lactide) – diacrylate (PEG-LA-DA) was also synthesized.  The PEG-LA-DA hydrogel 

material was synthesized by a ring opening polymerization of D,L-lactide monomers (Sigma-

Aldrich, St. Louis, MO) using the hydroxyl ends of a 6 kDa Mw poly (ethylene glycol) (PEG) 

pre-polymer (Sigma-Aldrich, St. Louis, MO) as the initiator to produce hydrolytically degradable 

sections of the molecule that are approximately 2 lactide unit long.  This was then reacted with 

acryloyl chloride (Sigma-Aldrich, St. Louis, MO) to form the diacrylate ends (Figure 6.1).  The 

double bonds at the ends are able to undergo free-radical polymerization.  

 
 
Fig.6.1. Chemical structure of the PEG-LA-DA hydrogel prior to photo-crosslinking.   

 

6.2.2 Electrospinning One Component 

PLGA, PEUUR, and gelatin type B (~225 Bloom) (Sigma-Aldrich, St. Louis, MO) were 

electrospun to form fused-fiber meshes with controlled fiber diameters and degrees of fiber 

orientation as described previously (Section 5.2.1) [82].  Briefly, a 6 cm diameter drum was 

wrapped with aluminum foil and rotated at linear velocities less than 1 m/s (i.e. < 250 rpm) to 

produce a scaffold with consistent properties along the circumference of the drum but to avoid 

inducing orientation in the electrospun fibers.  Electrospinning was also performed on glass 

coverslips to aid in imaging of the resulting samples.  Electrospinning was performed under 

ambient conditions using a 22 gauge steel needle, a 15 kV potential, a throw distance of 15 cm, 

and a syringe flow rate of 3 mL/h.  Positive charges were always applied to the polymer if only 

one component was electrospun.  Electrospinning was performed with solutions of the three 

different polymers (9 wt% for (1) PEUUR and (2) PLGA and 10w/v for (3) gelatin) dissolved in 
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1,1,1,3,3,3- hexafluoro-2-propanol (HFIP).  Following electrospinning, meshes were peeled off 

of the aluminum foil, allowed to air dry, and then stored in a desiccator until use. 

 

6.2.3 Co-electrospinning 

Simultaneous electrospinning (i.e. co-electrospinning) was performed by dispensing 

components from two separate syringes placed on opposite sides of a rotating drum (Figure 6.2).  

Here, the components were on opposite sides of the drum to reduce the interaction of the charges 

from the two individual components (i.e. reduce the effect of charge repulsion or attraction).  The 

drum was rotated at less than 1 m/s to integrate the components without inducing fiber 

alignment.  The two component polymer systems were PLGA/PLGA, gelatin/PLGA, or 

gelatin/PEUUR dissolved in HFIP as described in Section 6.2.2.  To distinguish between the two 

components, the fluorescent dyes DiO or DiI (Molecular Probes – Invitrogen, Eugene, OR) were 

added to the solutions.  Next, the solutions were electrospun onto the drum using the previously 

described electrospinning conditions (Section 6.2.2).  However, for co-electrospinning the 

polarity of the electrical charge applied to individual components was switched between positive 

15 kV and negative 15 kV through a switch on the power supplies.  In this study, two different 

configurations were used where either both components were positively charged or the 

individual components were charged with opposite polarities.    

 

 
 
Fig.6.2. Diagram of the co-electrospinning system with two syringes on opposite sides of 
a rotating drum 
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6.2.4 Characterization of Mesh Morphology 

The morphology, diameter, and orientation of co-electrospun meshes were determined by 

quantitative analysis of scanning electron microscopy (SEM) images.  For SEM analysis, 

electrospun surfaces were mounted onto studs and sputtercoated with a 20 nm layer of palladium 

(Model 208HR, Cressington Scientific Instruments, Cranberry, PA).  These surfaces were then 

imaged with a LEO 1550 Field Emission SEM (Carl Zeiss SMT, Thornwood, NY) operating at 

5kV with a 16 mm working distance.  Resultant images were imported into ImagePro Plus 

software (ICube, Crofton, MD) and the alignment and diameter were determined for at least 100 

fibers per sample.  The individual fibers in the SEM images with clearly defined edges were 

measured manually.  Fiber alignment was characterized by angular standard deviation, with the 

mean angle of orientation and average angular standard deviation calculated from a wrapped 

normal distribution [82]. 

Fluorescent microscopy was used to distinguish the degree of integration of fibers from 

the two components for both meshes electrospun onto coverslips and meshes peeled off 

aluminum foil.  Fluorescence images were obtained at 20× magnification with a wide green filter 

(excitation 535 nm/ mirror 565 nm/ emission 590 nm) to identify fibers loaded with DiI, and 

with a wide blue filter (excitation 455 nm/ mirror 500 nm/ emission 515 nm) to identify fibers 

loaded with DiO using an Olympus IX50 microscope (Opelco, Sterling, VA) equipped with a 

cooled CCD camera (Hamamatsu C4742-98-12NRB).  Images were taken along the length of the 

drum to determine if a gradient was present.     

The extent of integration of the components and the presence of a gradient was quantified 

through the use of the fluorescent images.  Pixel intensities of the wide green image and the wide 

blue image at the same location along the length of the drum were measured in ImagePro, and 

then the ratio of the two were calculated.  This ratio was used to characterize the extent of 

integration of the two components. 

 

6.2.5 Crosslinking Gelatin 

Co-electrospun meshes containing gelatin were crosslinked with glutaraldehyde (50% in 

water) (Sigma-Aldrich, St. Louis, MO) to decrease the solubility of the gelatin fibers in aqueous 

media.  Briefly, 3 mL of glutaraldehyde was diluted with 3 mL of ethanol.  The meshes were 

then elevated above the glutaraldehyde solution container inside a desicator to allow the 
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glutaraldehyde vapors to crosslink the gelatin, as described elsewhere [100].  The meshes were 

removed after 24 h and then stored in a desicator until use.  Single component electrospun 

gelatin meshes were also vapor crosslinked with the same procedure.  The structure of the fibers 

was characterized by SEM before and after crosslinking to ensure that the fibers did not fully 

dissolve.  The percent mass loss after ~24 h in deionized water for the gelatin-containing meshes 

was measured for both crosslinked and non-crosslinked samples to quantitatively assess the 

stability of gelatin in aqueous solution.  

 

6.2.6 Production of PEG-LA-DA Hydrogels 

PEG-LA-DA hydrogels were produced using a procedure described in detail elsewhere 

[211].  Briefly, 20 and 25 vol% hydrogels were prepared by adding a sufficient mass of PEG-

LA-DA to PBS, vortexing, and allowing it to dissolve for 30 min.  Next, a volume of 10 µL of 

the photoinitiator (2,2-dimethoxy-2-phenyacetophenone in 1-vinyl-2-pyrrolidinone) (Sigma, St. 

Louis, MO) in N-vinyl-2-pyrrolidone (NVP) (Sigma, St. Louis, MO) was added for each 1 mL of 

solution and vortexed.  Finally, the solution was poured into a dish and then exposed to a 365 nm 

UV light (UVP B-100ap, Upland, CA) for 5 min to crosslink and form a gel. 

To incorporate cells, the hydrogel solution in PBS was sterilized overnight by short-

wavelength UV light, and then the initiator was added to the solution.  Next, one plate of NIH 

3T3 fibroblasts maintained in a 37 °C and 5% CO2 incubator were enzymatically lifted using 

trypsin/ ethylenediamine tetraacetic acid (EDTA) (Invitrogen) and added to the hydrogel and 

initiator solution.  This was then quickly poured into a Petri dish and crosslinked for 5 min as 

described previously.  Afterward, Dulbecco's Modified Eagle's Medium (DMEM) with 10% fetal 

bovine serum (FBS Gemini, Calabasas, CA) and 1% antibiotic/antimycotic was added to the 

Petri dish and the constructs were cultured at 37 °C and 5% CO2 for 3 days.  To confirm the 

presence of live cells throughout the gel at 3 days, calcein-AM (20µL/mL of media) and DAPI 

(2µL/mL of media) were added to the hydrogel.  Fluorescent images of the cells were taken with 

a wide green and wide blue filter.  

Meshes were also embedded in the hydrogel, the hydrogel was crosslinked as previously 

described, and then cross-sections of the resulting construct were produced.  Initially, the 

hydrogel and initiator solution was poured on an electrospun mesh in a Petri dish.  The sample 
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was then crosslinked as previously described.  Afterward, slices of the sample were made using a 

razor blade and the sections were visualized under phase contrast at 20× magnification.    

 

6.3 Results and Discussion 

 

6.3.1 Co-electrospinning 

Simultaneous electrospinning of two different components – one loaded with the 

fluorescent dye DiI and the other with DiO – was performed for three different polymer systems: 

PEUUR/gelatin, PLGA/gelatin, and PLGA/PLGA (Figure 6.3).  The PLGA/gelatin and 

PEUUR/gelatin systems (Figure 6.3b and Figure 6.3c) were designed to try to increase cell 

infiltration.  However, the gelatin component was more difficult to electrospin reproducibly 

because the polymer dries on the tip of the needle for the 8 to 10 w/v% concentration range used 

in this study.  The system of 10 wt% PLGA/ 9 wt% PLGA (Figure 6.3a) was easier to 

electrospin and therefore was used to determine the effect of different co-electrospinning 

parameters on the resultant mesh.  For all polymer systems, co-electrospinning with the syringes 

on opposite sides of the rotating drum allowed the components to better integrate, likely due to 

reduce repulsion of the two positively charge components.   

 

 

                
Fig. 6.3. Superimposed fluorescent images of a coelectrospun a) 9 wt% PLGA/ 9 wt% 
PLGA peeled mesh, b) 9 wt% PLGA/ 10 w/v% gelatin fibers on a coverslip, and c) 9 
wt% PEUUR/ 10 w/v% gelatin fibers on a coverslip.  For images (b and c) the gelatin is 
stained green and the other polymer is stained blue. 
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 One parameter that has an effect on the co-electrospinning results is the polarity of the 

electrical charge applied to the two components.  For PLGA/gelatin studies, applying a positive 

charge to both polymers created a gradient (Figure 6.4).  The fibers were mixed in a small area 

at the center (Figure 6.4a) but on either side they were primarily composed of fibers from the 

individual components (Figure 6.4b).  The gradient was produced because the charges remain in 

the fibers after deposition on the target and can repel other fibers of the like charge [121].  A 

gradient may be useful for the production of a composite ACL graft that promotes fibrocartilage 

differentiation on the ends.  However, for many applications the creation of a highly uniform 

scaffold such as the one shown in Figure 6.3c is desired.  

 

         
Fig. 6.4. Superimposed fluorescent images of a coelectrospun PLGA/gelatin fiber mesh 
imaged along the length of the rotating drum from a) to c).  For these images, the gelatin 
is green and the PLGA is blue. 

 

 

A highly uniform scaffold was produced using the PLGA/PLGA system by applying a 

positive charge to one component and a negatively charge the other.  The uniformity of mixing 

of the components along the length of the drum was quantified using fluorescent images of the 

meshes (Figure 6.5).  The ratio of the pixel intensities of the wide green and wide blue images 

were consistent along the majority of the length of the drum (>20 cm), with the exception of 

approximately 5 cm on the edge where the ratio transitioned to higher intensity for the wide 

green filter.  These quantified results indicate that Figure 6.3c is representative of the mixing of 

the fibers throughout most of the drum except for region at the edge the composition transition to 

primarily gelatin fibers.   

b a 
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Fig. 6.5. Average pixel intensity ratios for fluorescent images of a well integrated 
PLGA/PLGA composite mesh. 
 
 
 

6.3.2 Crosslinking Gelatin Fibers 

 Glutaraldehyde crosslinking was performed for electrospun meshes containing gelatin to 

prevent the gelatin fibers from completely dissolving after 1 h.  Initially, single component 

electrospun gelatin meshes were prepared, and their solubility in aqueous media was found to 

decrease with crosslinking (Figure 6.6).  However, the meshes did appear to partially dissolve 

after the crosslinking process.  In addition, the meshes developed a yellow color after this 

process that made fluorescent imaging difficult.  This yellowish color can be attributed to the 

formation of aldimine linkages (R-CH=N-R’) between the amine groups of gelatin and 

glutaraldehyde [212]. 

 

  
Fig. 6.6. SEM images of electrospun gelatin a) before and b) after crosslinking. 

a b 
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The crosslinking of co-electrospun meshes was performed using 50% gluaraldehyde to 

decrease the amount of water present during crosslinking and consequentially decrease changes 

to the structure of the fibers.  In co-electrospun meshes, the fiber structure of the gelatin fibers 

was similar both with and without crosslinking (Figure 6.7).  Figure 6.7b contains more of the 

smaller diameter gelatin fibers because a gradient was present in these meshes.  In addition, the 

percent mass loss for gelatin/PEUUR co-electrospun samples in aqueous solution was 0% for 

crosslinked meshes but 34% for non-crosslinked samples.  These results indicate that 

coelectrospun meshes containing gelatin can retain their fiber structure in aqueous solutions for 

tissue engineering application.  Importantly, future work must still be performed to determine if 

the crosslinked-scaffolds are biocompatible and if there is a maximum percent crosslinking 

before adverse cellular responses from toxicity are observed. 

 

 

             
Fig. 6.7. SEM images of electrospun PEUUR/gelatin meshes a) before and b) after 
crosslinking.  The crosslinked samples were soaked in DI water. 

 

 

6.3.3 Embedding in a Hydrogel 

 Cells have been shown to have limited infiltration into single component PEUUR 

electrospun meshes (Figure 6.8).  In addition, while Figure 6.8 shows that some meshes remain 

mostly intact after sectioning in paraffin, many meshes started to fall apart after sectioning.  

Therefore, in this study meshes were embedded in PEG-LA-DA hydrogels in the hope of holding 

the meshes together during any subsequent processing, including sectioning (Figure 6.9).  NIH 

3T3 cells seeded in the hydrogel were distributed throughout the gel and remained viable after 3 

a b
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days of culture (Figure 6.10).  However, these cells appeared to be rounded and were not spread 

in the hydrogel.  For this reason, in the future cells could be seeded on the meshes prior to 

embedding instead of being suspended in the hydrogel.   

 
 
Fig. 6.8. Histological paraffin section of randomly oriented electrospun PEUUR fibers 
stained with hematoxylin (blue) for cell nuclei and VectaStain ABC kit for collagen type 
I (brown). 

 

              
 
Fig. 6.9. Sections of a crosslinked PEG hydrogel a) without and b) with an embedded 
electrospun mesh 
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Fig. 6.10. NIH 3T3 cells in a crosslinked PEG hydrogel stained with a) DAPI and b) 
calcein-AM after 3 days in culture. 

 

 

6.3.3 Processing Three-dimensional  Samples  

The PEG-LA-DA hydrogel can also aid in the production of three-dimension constructs 

for tissue engineering applications.  For example, an electrospun PEUUR mesh was seeded with 

cells, rolled into a hollow cylindrical shape, and then embedded in the hydrogel (Figure 6.11).  

Composites were mechanically robust, did not unroll, and could be easily cut into segments.  In 

addition, cells were viable on the mesh after the embedding process (Figure 6.11b).  This 

technique could also be used to produce a cord-like ligament construct.  

 

 
 

Fig. 6.11. Image of a) PEUUR1250 mesh embedded in hydrogel and b) cell inside an 
embedded hydrogel with brightfield and fluorescent images.  The solid arrow indicates 
cells and the hollow arrow indicates the PLGA mesh. 
 

Cells 
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6.4 Conclusions 

The results of this study show that co-electrospinning can be used to produce scaffolds 

for ligament tissue engineering investigations.  A sacrificial component gelatin was incorporated 

into the co-electrospun meshes with the goal of increasing cell infiltration into the scaffold.  Its 

dissolution in water was prevented by crosslinking with glutaraldehyde.  In addition, single 

component meshes were seeded with cells, processed, and embedded in a PEG hydrogel to show 

the feasibility of producing three dimensional constructs.  Co-electrospun meshes with different 

degrees of integration (i.e. well integrated or as a gradient) of the individual components were 

produced by applying different polarities.  While a well integrated mesh was desired in this 

study, in future studies a gradient structure may be useful for the production of a composite ACL 

graft that promotes fibrocartilage differentiation on the ends.  Several areas must be developed 

before this composite graft can be produced.  Three of these areas include systematically 

controlling the gradient of co-electrospun meshes, processing the meshes into three-dimensional 

cord structures, and determining the biocompatibility and mechanical properties of these cords. 
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Chapter 7:  Conclusions and Future Work 
 

7.1 Conclusions 

The overall goal of this research project was to develop methods to produce a tissue 

engineered ligament construct with MSCs that differentiate into ligament-like fibroblasts and 

have the ability to deposit organized fibril-forming ECM.  Towards this goal, three 

complimentary tasks were performed: (1) the determination of scaffold topographies that induce 

cell orientation and expression of the ligament phenotype, (2) the examination of mechanical 

stretch to stimulate the expression of ECM mRNA in oriented cells, and (3) the development of 

an approach to produce three-dimensional constructs with improved cell infiltration.  

The first task was to determine scaffold topographies that induce cells to orient and 

differentiate into the ligament-like phenotype in static culture.  The effect of topographic features 

of electrospun scaffolds (i.e. fiber diameter and alignment) on cell behavior was determined in 

two separate studies.  The first study was performed with PLGA scaffolds and NIH 3T3 

fibroblasts, and the second study was performed with the clinically relevant system of PEUUR 

scaffolds and BMSCs.  In both studies, the surfaces were supported on coverslips to isolate the 

effect of topography.  The results demonstrated that electrospun scaffolds with fiber diameters 

from 0.14 to 3.6 μm and angular standard deviations (ASDs) of 27.8 to 60˚ could be formed.  

These substrates were able to guide cell attachment and support cell growth.  Importantly, the 

topographic cues presented by aligned electrospun scaffolds were able to align the cells in the 

direction of fiber alignment and induce a more spindle shaped morphology.  In addition, the 

degree of cell orientation and cell elongation increased with increasing fiber alignment.  

Examination of the expression of the ECM components collagen type I and decorin on the 

different electrospun surfaces showed that topography affects cell phenotype.  Specifically, 

expression of the ECM components was elevated on smaller diameter 0.28 µm PEUUR fibers.  

These findings suggest that smaller and more oriented fiber scaffolds enhance BMSC 

differentiation into a ligament-like phenotype and may be preferred for the manufacture of 

engineered ligament tissues.  

The second task was to determine the effect of dynamic mechanical stimulation of 

oriented electrospun scaffolds on ligament-like differentiation of MSCs.  Oriented PEUUR 

scaffolds (average diameter of 0.65 µm or 0.89 µm and ASDs < 22º) were suspended in a 
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prototype mechanical stretch bioreactor, pre-stretched to ensure that both the static and cyclically 

stretched scaffolds were in tension, and then seeded with BMSCs.  This study showed that cells 

are able to express ligament-like ECM components (e.g. collagen type I and decorin) as well as 

other markers of fibroblastic and myofibroblastic differentiation (e.g. scleraxis, tenomodulin, and 

α-SMA).  On fibrous surfaces, the cells aligned parallel to the direction of fiber alignment in 

static culture and remained aligned with the application of cyclic stretch.  However, no 

significant effects of stretch on BMSC mRNA expression were observed, and cells seeded on 

smooth silicone surfaces only exhibited a limited reorientation in response to stretch.  These 

results demonstrate the feasibility of conditioning BMSCs on fibers under intermittent cyclic 

stretch, but they suggest that more stimulation (e.g. longer durations of stretch) may be needed to 

stimulate ECM deposition.   

The third task was to produce three-dimensional constructs with improved cell infiltration 

that are necessary for a clinical application.  Two complimentary studies were performed for this 

task: (1) simultaneous electrospinning of two components to create larger pores and (2) 

processing the scaffolds into more three-dimensional constructs and holding them together with a 

photo-crosslinkable hydrogel.  In the first study a sacrificial component gelatin was incorporated 

into co-electrospun scaffolds with the goal of increasing cell infiltration into the scaffold.  Co-

electrospun scaffolds with a high degree of integration of the individual components were 

produced by applying different polarities (i.e. positive to one component and negative to the 

other).  With these scaffolds, dissolution of gelatin in water was prevented by crosslinking with 

glutaraldehyde.  In the second task single component scaffolds were seeded with cells, processed 

into a tubular structure, and embedded in a degradable PEG-LA-DA hydrogel to demonstrate the 

feasibility of producing three dimensional constructs.  These results show that electrospun 

scaffolds can be processed into three-dimensional constructs for clinical applications and co-

electrospinning can be used to produce scaffolds with the potential for greater cell infiltration.  

However, additional research is required to determine specific co-electrospinning conditions that 

can produce scaffolds with improved cell infiltration and to develop a strategy to process the 

scaffolds into three dimensional ligament-like structures.  

Through the tasks performed in this research project, three important results were 

achieved: (1) desirable scaffold characteristics for the production of a tissue engineered ligament 

have been determined, (2) aligned electrospun scaffolds have been shown to guide cell alignment 



 

 100

in a cyclic stretch bioreactor, and (3) the feasibility of producing more clinically relevant three 

dimensional constructs with improved cell infiltration has been established.   

 

7.2 Future Work 

While the results of this research project are promising, they also demonstrate important 

areas where further research is required.  Three of these areas include: (1) enhancing the 

expression of ligament-like ECM with cyclic stretch, (2) increasing cell infiltration with co-

electrospinning, and (3) processing the scaffolds into three-dimensional cord structures. 

 

7.2.1 Enhance Expression of ECM with Cyclic Stretch 

This area of future work is to determine cyclic stretch conditions that increase the 

expression and deposition of organized fibril-forming ECM.  While BMSC expression of 

collagen types I and III, tenasin-C, elastin, fibronectin, and scleraxis have been found to be 

elevated with the application of cyclic stretch  [49, 80, 81], the results presented in Chapter 5 

suggest that the expression of ligament-like ECM components is not always elevated in response 

to cyclic stretch.  Therefore, determining appropriate stretch parameters for cell-seeded 

electrospun scaffolds is important to the preparation a future tissue engineered ligament.  These 

parameters (e.g. magnitude of strain) should have different effects on cells seeded on various 

electrospun scaffolds or other types of surfaces, partially because similar magnitudes of strain 

will not translate to the same effective strain felt by the cells  [3, 78].  However, the application 

of cyclic stretch has induced BMSCs and ligament fibroblasts – seeded on a range of surfaces 

(e.g. collagen gels, large diameter extruded fibers, and microgrooved surfaces) – to express ECM 

components in response to cyclic stretch  [4, 49, 80, 81], suggesting that other stretch conditions 

(e.g. duration of cyclic stretch) may also contribute to differences in mRNA expression.  

Durations from 1 h to 21 days have been shown to induce the expression of ligament-like ECM  

[49, 145, 153].  However, the cellular response and mechanical properties have been shown to 

increase with increasing durations (e.g. numbers of hours of stimulus per day and the number of 

consecutive days of mechanical stimulation)  [49, 213], and longer durations may be required to 

induce a significant cellular response compared to non-stretched controls  [49].     

Future work can be performed to determine if a longer duration of cyclic stretch is 

required to induce the expression and deposition of ligament-like tissue, and if the induction is 
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different for cells seeded on different scaffolds.  One strategy to accomplish this involves 

seeding BMSCs on aligned electrospun PEUUR scaffolds, mechanically stimulating the 

constructs, and then determining if ligament-like ECM is produced.  The experiment can be 

performed with different types of stretch (i.e. static and cyclic), and smooth silicone control 

surfaces can also be included to determine how different the level of stimuli necessary is for 

clinically relevant electrospun surfaces.  All cyclically stretched samples can be stretched after 3 

days of culture at the same conditions as in Chapter 5 (i.e. 8% strain and 0.5 Hz), but for a longer 

duration per day and over more consecutive days (e.g., 2 h/day for 7 days).  Afterward, mRNA 

expression of ligament-like markers (e.g. collagen type I, decorin, tenomodulin, and scleraxis) 

and the deposition of collagen type I can be determined.  Day 3 samples – prior to performing 

cyclic stretch – can also be included as a control.  

This future work is expected to show that longer durations of cyclic stretch (e.g. 2 h/day 

for 7 days) will induce higher levels of expression and deposition of ligament-like ECM 

compared to controls.  This result is expected because, although 1 h of stretch  has been shown to 

induce expression of ECM components  [145], longer durations from 12 h to 21 days have more 

commonly been used  [49, 153].  In addition, the induction of ECM expression by cells on 

collagen gels with the application of cyclic stretch has been shown to increase with increasing 

duration  [49].  Further complicating ligament tissue engineering is that the same applied 

macroscopic strain magnitude that is applied to the biomaterial scaffold may be transmitted to 

the attached cells differently, and depend on the modulus and architecture of the scaffold.  

Consequently, the cellular expression on model silicone control surfaces and clinically relevant 

fibrous scaffolds in response to stretch are expected to vary  [3, 75].  Therefore, an important 

next step would be to determine what percentage of the applied overall strain is transmitted to 

cells and how this varies with the surface properties. 

 

7.2.2 Increase Cell Infiltration with Co-electrospinning 

This area of future work is to apply the technique of co-electrospinning developed in 

Chapter 6 to improve cell infiltration into electrospun scaffolds.  Recently, the co-electrospinning 

technique has been used to produce composite scaffolds  [124, 131, 135, 136], and a co-

electrospun scaffold of PCL and PEO was able to increase cell infiltration through the creation of 

larger pores  [131].  The PEO was the sacrificial component, and its role was to dissolve away 



 

 102

and reveal larger and more open pores.  However, PEO compositions of 50% or greater were 

required to achieve infiltration of a few cells into the center of the scaffold, and with these large 

amounts of PEO, the scaffolds started to visually deform after the PEO dissolved.  In chapter 6, a 

different sacrificial component (i.e. gelatin) – one that can be crosslinked to avoid rapid 

dissolution – was co-electrospun with PLGA.  The underlying rationale is that the gelatin fibers 

may be enzymatically degraded by cells as they infiltrate inside.  This may prevent the scaffolds 

– and consequentially the pores – from collapsing prior to cell infiltration.  To use this strategy, 

scaffolds with controlled ratios of each component must be co-electrospun, and consistent 

integration of the fibers from each component must be produced throughout the sample.  Chapter 

6 has shown that producing well integrated co-electrospun scaffolds is feasible, and other studies 

have demonstrated that varying the ratio of the two components can be achieved by changing the 

number of syringes for each individual component  [136].  Connecting syringes in parallel 

effectively multiplies the applied voltage, so another way to change the component ratio may be 

to apply different voltages to the individual components.   

Future work can be performed to determine how the ratio of the gelatin – the sacrificial 

component – and PLGA affects cell infiltration.  Constructs consisting of BMSCs seeded on co-

electrospun scaffolds with different ratios of gelatin and PLGA can be produced, and the degree 

of cell infiltration into the scaffolds can be determined.  Well integrated scaffolds can be 

produced by charging two components with opposite polarities, while varying the voltage 

potentials (e.g. +20kV / -10kV, +10kV / -10kV, and +10kV / -20kV) should produce different 

ratios of gelatin/PLGA.  These ratios can be determined by incorporating fluorescent dyes into 

the fibers and then analyzing images of the scaffolds.  These scaffolds would then be crosslinked 

with glutaraldehyde and seeded with BMSCs.  After the cells have been allowed to migrate 

during 3 and 7 days of culture, the nuclei can be stained with DAPI, cross-sections of the 

samples can then prepared with a cryotome, and then the sections can be imaged.   

This future work is expected to show that scaffolds with higher ratios of gelatin to PLGA 

allow greater cell infiltration.  This result has been achieved previously with co-electrospun 

scaffolds containing a 50% or greater of a water soluble PEO component  [131].  However, with 

enzymatically degradable gelatin, cell infiltration is expected to occur at lower ratio of gelatin to 

PLGA because the fibers are prevented from contracting prior to cell infiltration.  A reduction in 

the percentage of sacrificial fibers should lead to better maintenance of the shape and tensile 
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strength of the ligament tissue engineering construct.  Therefore, a logical next step would be to 

determine the tensile properties of constructs with different ratios of gelatin to PLGA. 

 

7.2.3 Three-dimensional Processing and the Effect of Embedding in a Hydrogel 

This area of future research is to process electrospun scaffolds into three-dimensional 

ligament-like cord structures that are required for ACL replacement and assess their performance 

in vitro.  Electrospun scaffolds have been processed into other cylindrical constructs in previous 

work  [114, 126]; however, methods to process the scaffolds into a clinically relevant ligament-

like construct still need to be developed.  Requirements for a ligament construct include the 

following: (1) electrospinning scaffolds with aligned fibers to direct cell alignment, (2) 

processing the scaffold into a stable cord structure with fiber alignment along the length of the 

construct, (3) distributing ECM-depositing cells throughout the construct, and (4) producing a 

construct with the appropriate dimensions for a human ACL graft (i.e. approximately 7 mm in 

diameter and 32 mm long  [16, 214]).  The first requirement has already been addressed in 

Chapters 3 and 4, where the feasibility of producing aligned fatigue resistant, electrospun fibers 

with a rotating drum is described.  In addition, one method to improve the distribution of cells 

with the use of co-electrospinning has been discussed (Section 7.2.2); however, the distribution 

of cells may also be improved by seeding the cells on the sheet of electrospun fibers prior to 

processing.  To our knowledge this processing of an electrospun scaffold into a stable cord 

structure has not been published and is one specific area of future work.   

One strategy for forming a cord-shaped constructs is to seed an aligned electrospun 

scaffold with BMSCs, process the construct into a three dimensional cord-like structure with 

dimensions similar to current autologous ligament grafts (i.e. 7 mm in diameter and 32 mm 

long), and embed the construct in an enzymatically degradable PEG hydrogel to prevent it from 

unraveling.  However, the presence of the hydrogel may reduce the transport of nutrients in the 

medium to the cells and change the mechanics of the construct  [215].  Therefore, cell viability 

throughout the cross-section of the construct and the mechanical properties (e.g. tensile modulus 

and stress relaxation) should be determined for constructs with different solution concentrations 

of the PEG hydrogel (e.g. no hydrogel, 20 vol%, and 30 vol%).  After 0, 7, and 14 days of 

culture, the cell viability throughout the cross-section can be determined by staining dead cells 
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with ethidium bromide and the nuclei of all cells with DAPI, preparing cross-sections with a 

cryotome, and then imaging the sections.   

This future work is expected to show that cord-like constructs can be produced with 

techniques similar to those used in Chapter 6: cells seeded prior to processing the electrospun 

sheet will be distributed throughout the cross-section of the construct, and the hydrogel will 

prevent the construct from unraveling.  Cell viability is expected to be reduced in the inside of 

the construct even without embedding in a hydrogel, and further reduced with the hydrogel due 

to the slow rate of diffusion of oxygen and nutrients  [215].  However, the concurrent application 

of cyclic stretch could drive flow of fluid in and out of the hydrogel.  In addition, the transport of 

fluid is expected to provide a reversible route of relieving stresses in the construct  [216], and 

examination of differences in the mechanics of the constructs (e.g. tensile modulus and stress 

relaxation) with and without the presence of the hydrogel is a logical next step. 

 

7.2.4 Conclusions 

The focus of this research project was to develop a ligament tissue engineering strategy 

that combines BMSCs, electrospun scaffolds, and cyclic stretch bioreactors.  Through this 

project, ligament-like cell behavior on different scaffold topographies and with mechanical 

stretch was determined and techniques (e.g. co-electrospinning) were developed that may be 

used to produce three-dimensional structures with improved cell infiltration.  Important areas of 

future work include determining stretch conditions that induce the production of a ligament-like 

tissue, developing methods to increase cell infiltration into electrospun scaffolds, and producing 

a ligament-like three-dimensional construct.  Successful completion of these next steps is 

envisioned to result in a ligament-like tissue that will be suitable for in vivo testing.  
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Abstract 

Electrospun fibers have been fabricated for wide use as artificial tissue engineering 

scaffolds. In particular, fibers smaller than a cell body have been extensively employed to mimic 

natural extracellular matrix (ECM) and to explore specific responses by various cell types. We 

investigated the effects of various poly(lactic acid-co-glycolic acid) (PLGA) fiber features on 

embryonic hippocampal neurons in the early developmental stages in terms of initial axon 

formation (i.e., polarization) and axon orientation. We produced PLGA fibers that have average 

diameters ranging from 0.44 μm to 2.2 μm and different degrees of fiber alignment (16-58º in 

angular standard deviation). After 22 h in culture, embryonic hippocampal neurons grown on 

PLGA fibers exhibited more axon formation with a 30-50% increase over those on spin-coated 

smooth PLGA films. This improvement was independent of fiber diameter and alignment; 

however, slightly more polarization was observed on the smaller fibers and the more aligned 

fibers. In addition, average axon length of the polarized embryonic hippocampal neurons was not 

significantly different among the PLGA fibers when compared to cells grown on spin-coated 

PLGA films. These findings suggest that fibers of subcellular diameters stimulate initial axon 

establishment and guide the direction of axonal extension; however these fibers do not appear to 

affect overall axon length. This information will be valuable in understanding the roles of 

subcellular features on neuron development and for the design of biomaterials for neural tissue 

interfacing.  
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A.1 Introduction 

Electrospun fibers have been widely studied for a number of tissue engineering 

applications because of their attractive features such as high surface area, interconnecting pores, 

and good mechanical support.1,2 In particular, electrospinning techniques have allowed the 

production of fibers smaller than a cell body and even down to several nanometers, and are thus 

capable of mimicking architectural and topographic features of the extracellular matrix (ECM).1  

These small fibers not only provide high surface area, but also present a means to control cellular 

behaviors, such as adhesion and proliferation. In addition to fiber diameter, fiber alignment has 

been found to regulate cellular behaviors including contact guidance and differentiation.3,4 

Electrospinning can be used to create fibers bearing various features and chemical compositions 

using numerous materials, such as synthetic polymers   [e.g., PLGA, polycaprolactone (PCL)] 

and natural polymers (e.g., collagen, hyaluronic acid).5–8 For cell culture, a number of studies 

have demonstrated that electrospun fibers are able to support and regulate cell growth and 

differentiation in vivo and in vitro.1,2 For example, nanofibrous poly (L-lactic acid) (PLLA) 

scaffolds supported adhesion and proliferation of human vein endothelial cells,9 and PCL 

nanofibers induced chondrogenesis of adult bone marrow-derived mesenchymal stem cells.10  

For neural tissue applications, Ramakrishna and coworkers demonstrated that electrospun 

PLLA nanofibers supported neuron growth and differentiation in vivo and in vitro.4,11 

Subsequent studies have also shown that electrospun fibers are suitable and even beneficial for 

neuron cultures, where growth and differentiation on electrospun fibers were observed for dorsal 

root ganglion (DRG) neurons, Schwann cells, and cortical neurons.12,13 Hence, fibers of various 

diameters and degrees of alignment create topographical features that influence neuronal 

behavior. However, little has been explored with respect to the effects of various fibers of micron 

scales on neural differentiation (i.e., axon formation) and an axonal alignment (i.e., contact 

guidance) at early developmental stages, of which an understanding will be beneficial for 

neuroscientists and bioengineers studying nerve tissue repair and regeneration.   

To investigate the initial formation of an axon in response to various fiber features, we 

have used embryonic hippocampal neurons, which have been widely used because of their 

spontaneous establishment of a highly polarized morphology with a single axon and multiple 

dendrites.14 Also, hippocampal neurons have been reported to show specific responses to 

topographical features, such as pores and microgrooves.15,16 Hippocampal differentiation in vitro 
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involves five developmental stages.17 First, an adherent neuron forms a motile lamellipodium 

(stage 1). Then, the neuron differentiates by forming multiple neurites (stage 2), followed by 

establishment of a single axon among the immature neuritis (neuron polarization, stage 3) after 

24–48 h in culture.  This is followed by maturation with further extension of the axon and 

formation of multiple dendrites (stages 4 and 5). At this stage, the mature hippocampal neurons 

form synaptic contacts and communicate with other neurons, establishing neural networks. In 

tissue culture, neuron polarization occurs spontaneously, although the rate of polarization is 

affected by the cellular environment, including various biochemical molecules such as 

neurotrophins and calcium ions.14,18–20  

Importantly, neuron polarization can also be modulated in tissue culture by 

nonbiochemical signals including mechanical and topographical properties of the biomaterial 

substrate.16,21 In a recent study, we showed that poly(dimethyl siloxane) (PDMS) microchannels 

of both 1 and 2 µm width promoted polarization of embryonic hippocampal neurons compared 

with smooth PDMS substrates.16  However, although the extent of polarization was similar for 1-

µm and 2-µm patterns, axons preferentially crossed the 1-µm ridges, whereas they were aligned 

along the direction of 2-µm ridges. On the basis of this previous study, we hypothesize that 

topographies created by electrospun fibers of micron sizes may play a similar role to the 

micropatterned substrates in supporting axon initiation and alignment of embryonic hippocampal 

neurons.  

To determine the effects of fiber features in initial neuronal differentiation, PLGA 

meshes were electrospun with various fiber diameters (0.44, 1.5, and 2.2 µm) and alignments 

(16, 28, and 53º) (Table A.1). Rat embryonic hippocampal neurons were cultured for 22 h on 

these fibers and on spin-coated PLGA films, and analyzed using immunostaining of axonal 

protein (tau-1) to monitor axonal growth (i.e., polarization and extension) and alignment.  
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Table A.1. PLGA fibers synthesized and tested for embryonic hippocampal neuron culture 
 

Samples 

Synthesis Conditions Analysis 

Concentration 
(wt % PLGA) 

Drum Speed 
(m/s) 

No. Fibers 
Analyzed 

(n) 

Average 
Diameter ± 
STD* (µm) 

Angular 
Standard 

Deviation (°) 

Fiber 
Orientation 

RD_7 7 0 210 0.44 ± 0.18 57.84 Random 
RD_10.5 10.5 0 167 1.51 ± 0.56 52.93 Random 
IN_10.5 10.5 4.9 233 1.25 ± 0.52 27.67 Intermediate
HI_10.5 10.5 10 189 0.97 ± 0.32 15.89 High 
RD_13 13 0 115 2.22 ± 0.55 50.07 Random 

STD*=standard deviation 

 

A.2 Materials and Methods 

 

A.2.1 Electrospinning 

A 75/25 poly(D,L lactic-co-glycolic acid) (PLGA) (inherent viscosity 0.55–0.75 dL/g) 

was purchased from Lactel Biodegradable Polymers (Birmingham, AL) and electrospun onto 18-

mm circular glass coverslips (Sigma, St. Louis, MO) to form fused-fiber meshes with controlled 

fiber diameters and degrees of fiber alignment as described previously.22 Briefly, glass 

coverslips were sonicated in ethanol and allowed to air dry. Next, a 0.30 mL volume of a 3.5 

wt% solution of PLGA in dichloromethane (Sigma) was deposited with a Model 1-EC101D-

R485 spincoater (Headway Research, Garland, TX) onto the glass to form a smooth spin-coated 

polymer film. The spincoater was operated at a rotational speed of 2500 rpm for 30 s, and the 

samples were allowed to air dry. For fiber scaffolds, the spin-coated coverslips were then 

mounted onto a stationary stand and PLGA was electrospun under ambient conditions to form 

fiber meshes with random fiber orientation.  Fiber diameter was controlled by using PLGA 

concentration in hexafluoro-2-propanol (HFIP) (Sigma) of 7.0, 10.5, and 13.0 wt%. 

Electrospinning was performed with a syringe equipped with a 22-gauge Teflon-tipped needle 

using a 15 kV potential, a throw distance of 15 cm, and a syringe flow rate of 5 mL/h. To form 

oriented meshes, the spin-coated coverslips were mounted onto a 7.6 cm diameter drum rotated 

at linear velocities of 4.9 and 10.0 m/s and PLGA was electrospun. After electrospinning, PLGA 

coverslips were air dried for 2 days to remove residual HFIP. Representative scanning electron 

microscopy (SEM) images of PLGA fibers on coverslips are displayed in Figure A.1.  
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Fig. A.1. Scanning electron micrographs of PLGA fibers electrospun using different 
concentrations and rotation speeds of a collector: Random fibers of (A) RD_7, (B) 
RD_10.5, and (C) RD_13 were electrospun using 7%, 10.5%, and 13% polymer solution 
at a stationary mode, respectively. Aligned fibers were produced from 10.5% 
concentration on a rotating collector: (B) 0 m/s (random fibers, RD_10.5), (D) 4.9 m/s 
(intermediately oriented fibers, INT_10.5), and (E) 10 m/s (highly oriented fibers, 
HI_10.5). (F) Normalized histograms of fiber angles for the fibers (B, D, and E). At least 
100 individual fibers were analyzed from a representative sample for each substrate. 

 

A.2.2 Hippocampal Cell Culture  

For cell culture experiments, electrospun meshes and spin-coated films were transferred 

to a 12-well cell culture plate (BD, Franklin Lakes, NJ), and sterilized by exposure to UV for 2 h. 

The samples were incubated in 0.2 mg/mL poly-D-lysine (Sigma) overnight, and washed twice 

with sterile double deionized (ddI) water. The substrates were dried in a laminar flow bench, and 

stored at 4ºC until use. Rat embryonic hippocampal neurons (E-18) were isolated from 

commercial rat hippocampal tissue (BrainBits, Springfield, IL) according to the manufacture’s 

protocol. In brief, a hippocampus was incubated in 4 mg/mL papain (Worthington, Lakewood, 

NJ) solution in Hibernate E medium (BrainBits) at 30ºC for 20 min. A fire-polished Pasteur 

pipette was used to triturate the hippocampal tissue, followed by centrifugation (200g, 1 min). 
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The cell pellet was suspended in 1 mL of warm culture medium, containing Neurobasal medium 

(Invitrogen, Gaithersburg, MD), 2% B-27 supplement (Invitrogen), 0.5 mM L-glutamine (Fisher, 

Pittsburgh, PA), 0.025 mM glutamic acid (Sigma), and 1% antibiotic-antimycotic solution 

(Sigma). Totally, 2 × 104 cells/cm2 were inoculated onto different samples of PLGA fibers and 

spin-coated coverslips. The cells were incubated at 37ºC in a humid, 5% CO2 incubator for 22 h. 

For each substrate, data were collected from at least five experiments performed on separate 

days.  

 

A.2.3 SEM  

SEM was used to analyze electrospun PLGA fibers and hippocampal neurons on the 

substrates for cellular morphologies and interaction with fibers. For the characterization of the 

fibers, high-resolution images of electrospun meshes were acquired using a LEO1550 Field 

Emission SEM (Carl Zeiss SMT, Thornwood, NY). Briefly, samples were mounted onto studs 

and sputtercoated with 20 nm of palladium using a Cressington Scientific Instruments Model 

208HR (Cranberry Township, PA).  

For cell images, the fixed hippocampal neurons were dehydrated by successive treatment 

with increasing ethanol concentrations in water (30% for 45 min; 50% for 30 min, 70%, 85%, 

90%, 95%, and absolute ethanol (Pharmco, Brookfield, CT) for 10 min each). Water was 

completely removed by adding hexamethyl disilazane (HMDS) (Sigma) and drying in air. The 

dried samples were coated with a 10 nm thick layer of platinum/palladium using a sputter coater 

(Cressington 208HR). SEM images were acquired with a Zeiss SUPRA 40 VP Scanning 

Electron Microscope. Fiber characterization The diameter and degree of orientation of the 

electrospun fibers were measured from already defined SEM images using ImagePro Plus 

software (ICube, Crofton, MD) as previously described.22 At least 100 individual fibers were 

measured from a representative sample for each substrate. The degree of fiber alignment was 

characterized by a wrapped normal distribution and expressed as angular standard deviation 

(ASD), in which a smaller value of ASD indicates a greater alignment of the individual fibers. 

Histograms of individual fibers were plotted (relative to the mean) by adjusting for a period of 

290º to 90º. Immunofluorescence Embryonic hippocampal neurons cultured on the PLGA 

substrates were fixed with 4% paraformaldhyde (Sigma) and 4% sucrose (Sigma) in phosphate 

buffered saline (PBS, pH 7.2) for 20 min at room temperature. Fixed samples were 
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permeabilized with 0.1% Triton X-100 (Fluka, St. Louis, MO) and 3% goat serum (Sigma) in 

PBS buffer for 20 min, washed twice with PBS, and treated with blocking solution of 3% goat 

serum in PBS for 1 h at 37ºC. Tau-1, a microtubule protein expressed in axons, was labeled as an 

axonal marker.23 Mouse tau-1 antibody (Chemicon, Temecula, CA) was diluted to 1:200 in 

blocking solution, and added to the samples. After overnight incubation at 4ºC, the samples were 

washed with PBS two times, and treated with a secondary antibody solution of Alexa 488-

labeled goat anti-rat IgG (Invitrogen) (1:200 dilution in blocking solution) at 4ºC for 5 h, 

followed by two PBS washes (5 min, each) and storage at 4ºC until analysis.  

Fluorescence images of cells and axons were acquired using a fluorescence microscope 

(IX-70, Olympus, Center Valley, PA). Ten to 20 images were randomly captured per sample 

using a color CCD camera (Optronics MagnaFire, Goleta, CA). The cell images were analyzed 

using Image J (NIH) software. Axon length was measured as a linear distance between the cell 

junction and the tip of an axon. When axons were branched from a single neuron, the longest 

axon was measured. Also, a neuron was considered to be polarized only when the axon was two 

times longer than the cell body.16,17 The fraction of polarized neurons on each substrate was 

calculated from the total cell number and reported. Axon alignment was also analyzed in an 

analogous manner as that for fiber alignment. The orientation of each axon (the straight line from 

the axon-soma junction to the end of the axon) was measured relative to the vertical direction of 

the sample and then ASD was calculated from the resultant angles.  

 

A.2.4 Statistics 

The percentage of polarized neurons and average axon lengths were calculated from 

analysis of at least 100 neurons per substrate. Experiments were repeated on different days and 

the data were reported as the mean 6 standard deviation for n = 5 independent substrates. 

Statistical significance was calculated using a Student’s t-test with Origin software (MicroCal, 

Northampton, MA) and the criterion for statistical significance was p < 0.05. Also, axonal 

alignment was determined using at least 100 axons from a representative sample for each 

substrate.  
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A.3 Results 

 

A.3.1 Fabrication of Electrospun PLGA Fibers 

We fabricated various PLGA fibers having diameters smaller than a neuron cell body 

(~15 µm) by controlling polymer concentrations of PLGA (Table A.1). We obtained PLGA 

fibers of 2.22 ± 0.55, 1.51 ± 0.56, and 0.44 ± 0.18 µm in diameter by simply employing different 

PLGA concentrations (13% (w/ w), 10.5%, and 7%, respectively) (Figure A.1). High 

concentration of the PLGA solution increases the number of chain entanglements. This leads to 

increased solution viscosity and larger average diameter of the PLGA fibers when the solution is 

electrospun.1 Production of differently aligned fibers was achieved by varying the rotation speed 

of a collector drum (Figure A.1). PLGA was electrospun using 10.5% (w/w) polymer solution at 

different rotation speeds of 0 m/s, 4.9 m/s, and 10 m/s, to produce randomly aligned fibers 

(RD_10.5), intermediately aligned fibers (INT_10.5), and highly aligned fibers (HI_10.5), 

respectively (Table I). A smaller ASD indicates a narrower distribution of fiber orientations, and 

thus more alignment of the fibers; whereas a higher value is closer to random orientation. At a 

higher rotating speed, fibers exhibited a smaller diameter (0.97 6 0.32 µm) compared with those 

spun at lower speed or on a stationary stage (1.25 ± 0.52 µm in INT_10.5 and 1.51 ± 0.56 µm in 

RD_10.5) even with the same polymer concentration (10.5%). This trend may be attributed to 

the stretching of fibers by the rotating collector drum, and has been reported by other 

groups.4,12,22  

 

A.3.2 Effects of Fiber Sizes  

Rat embryonic hippocampal neurons were cultured on PLGA fibers having different fiber 

sizes and spin-coated substrates as controls. After 22 h, axon formation and length were analyzed 

on each substrate. Because tau-1 is widely used as an axonal marker, immunostaining for tau 

proteins allowed investigation of the axonal development process of embryonic hippocampal 

neurons. Figure A.2 shows representative tau-1 immunostaining images of hippocampal neurons 

grown on the spin-coated PLGA substrate and PLGA nanofibers (RD_7) after 22 h in culture.  
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Fig. A.2. Immunostaining of hippocampal neurons on (A) a spin-coated PLGA films and 
(B) PLGA nanofibers (RD_7). After 22 h in culture, the cells were fixed using para-
formaldehyde, and stained for tau-1 (axonal marker). Scale bars are 50 µm.   [Color 
figure can be viewed in the online issue, which is available at www.interscience.wiley.  
com.]  
 

More axon establishment was observed on PLGA fibers than on spin-coated controls. 

Figure A.3(A) shows that 35–40% of hippocampal neurons polarized on the fibers, which is 

significantly different from controls (27%) (p < 0.05). We observed a trend that the smallest 

PLGA fibers (RD_7) promoted greater polarization of hippocampal cells compared with larger 

fibers (RD_10.5 and RD_13); however, the differences were not statistically significant. Fiber 

diameters did not affect the overall average axon length of polarized neurons (Fig. A.3(B)).  

  
Fig. A.3. Effects of fiber diameter on neuron polarization and average axon lengths of 
polarized hippocampal neurons cultured for 22 h. (A) Polarization of rat embryonic 
hippocampal neurons on spin-coated substrates (controls) and different PLGA fibers 
(0.44, 1.51, and 2.22 µm for diameters of RD_7, RD_10.5, and RD_13, respectively).  
Polarization of hippocampal neurons was significantly higher on all PLGA fibers than on 
smooth spin-coated PLGA substrates; however, no significant difference in neuron 
polarization was observed among PLGA fibers. (B) Fiber diameters and fibrous 
topographies did not significantly affect axonal length among the samples. Each bar 
represents the average 6 the standard deviation from six experiments (n = 6), and an 
asterisk denotes a statistically significant difference relative to cells on spin-coated 
substrates (p < 0.05). 



Reprinted from Lee, JY, Bashur CA, Gomez, N, Goldstein AS, and Schmidt, CE. Journal of Biomedical Materials 
Research Part A, in press, with permission of John Wiley & Sons, Inc. 

 

 127

A.3.3 Effects of Fiber Orientation 

We investigated the effects of fiber orientation on embryonic hippocampal neurons using 

differently oriented PLGA fibers (RD_10.5, INT_10.5, and HI_10.5) and spin-coated controls. 

As shown in Figure A.4(A), after 22 h in culture, hippocampal neurons cultured on the fibers 

established significantly more axons (34–40%) than neurons on spin-coated controls (p < 0.05). 

No significant difference was observed within the fiber samples, indicating that fiber orientation 

had negligible effects on axonal establishment within these size ranges. However, an overall 

trend of larger numbers of cells polarized on the more oriented fibers was observed. In addition, 

similar to the results described in section Effects of fiber sizes, overall axon length was not 

different among the cells cultured on the oriented fibers and controls (Figure A.4(B)). Fiber 

orientation itself does not appear to considerably influence axonal formation and elongation of 

embryonic hippocampal neurons. Immunofluorescence images of hippocampal neurons in 

Figure A.5 show axonal alignment in the major direction of fibers. Neurons extended their axons 

along fibers, which resulted in a narrower axonal angle distribution (Figure A.6). Axons mostly 

were found to grow along the fiber strands and often crossed over to other fibers but kept 

following the new strands near fiber junctions, which are indicated by arrows in Figure A.5. 

Therefore, the ability to guide axons in a certain direction appears to be proportional to the 

degree of fiber orientation. As seen in Figure A.6, the polarized neurons on the spin-coated 

substrates and random PLGA fibers (RD_10.5) extended their axons in random directions, 

resulting in a broad distribution of axon angles, whereas narrower ASDs were observed on the 

more aligned  fibers (INT_10.5 and HI_10.5). ASDs of the hippocampal axons cultured were 

27.5º, 33.9º, 71.0º, and 70.4º on HI_10.5, INT_10.5, RD_10.5, and spin-coated controls, 

respectively. These axon distributions were slightly broader than the fiber orientations (Table 

A.1), but close to them, which suggests that micron scale fibers were able to guide the 

orientation of the axons. 
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Fig. A.4. Effects of fiber alignment on neuronal polarization and elongation of 
hippocampal neurons. (A) Polarization on controls and on differently oriented PLGA 
fibers (RD_10.5, INT_10.5, and HI_10.5). The fibers of different alignments increased 
neuron polarization compared with the controls. However, the increase in polarization 
was independent of the degree of fiber alignment, resulting in similar polarization of 
hippocampal neurons cultured on PLGA fibers. (B) Average axon lengths of 
hippocampal neurons cultured on differently oriented PLGA fibers and controls. Results 
suggest that orientations of micron-scaled fibers did not influence initial axon 
establishment and axon elongation, whereas fibrous meshes enhanced axon establishment 
of neurons compared with the smooth controls. Each bar represents the average 6 the 
standard deviation of the means from five experiments (n = 5), and an asterisk denotes a 
statistically significant difference relative to cells on spin-coated substrates (p < 0.05). 
 

 

 

  
 
Fig. A.5. Hippocampal neurons cultured on (A) random fibers (RD_10.5) and (B) aligned 
fibers (HI_10.5). Images were constructed by merging phase contrast (red) and 
immunofluorescence (green) images. Axons on the fibers were observed to grow mostly 
along the fibers and often to change directions from one fiber to a closely adjacent fiber 
(arrows indicate changes near fiber junctions). Scale bars are 50 µm.   [Color figure can 
be viewed in the online issue, which is available at www.interscience.wiley.com.]  
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Fig. A.6. Normalized histograms of axon angles on various substrates: (A) the spin-
coated films (controls), (B) randomly aligned fibers (RD_10.5), (C) intermediately 
aligned fibers (INT_10.5), and (D) highly aligned fibers (HI_10.5). At least 100 axons 
were analyzed from a representative sample for each substrate. Mean values of axon 
angle on each substrate were adjusted to 0º. 

 

 

A.4 Discussion and Conclusion 

Micron and submicron scale features can be employed for in vitro and in vivo cell culture 

to mimic the natural cellular surroundings of the ECM for various biomedical applications 

including nerve tissue regeneration.1,2 We are interested in the roles of topographical features of 

fiber meshes on neuron polarization for the purpose of improved understanding and thus 

improved design of biomaterials for neural applications. Therefore, in this article, we examined 

the effects of electrospun fiber diameter and alignment on initial axon establishment of 

embryonic hippocampal neurons.  

We previously studied the polarization of embryonic hippocampal neurons on well-

defined microgrooves and found that topographical patterns smaller than a soma have the unique 

ability to induce axon initiation over other biological cues; however, these microgrooved features 

had little effect on overall axon length.16,24 Hippocampal neurons cultured on PDMS 

microchannels (1–2 µm distance between ridges, 1–2 µm width, 0.3–0.6 µm depth) polarized 

approximately two times faster than neurons on smooth PDMS samples.16 Also, previous studies 

with other patterned materials have shown similar effects, suggesting that micron-scaled 

topography is a dominating factor. Specifically, increased neuronal polarization was observed on 
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polypyrrole microchannels compared with nonpatterned polypyrrole substrates.24 These previous 

studies emphasized the importance of micron-scaled topography in axon formation of 

hippocampal neurons. Our results in this study were consistent with these previous findings. The 

PLGA fibers, ranging from 0.4 µm to 2.2 µm, promoted neuron polarization, but did not have an 

effect on overall axon elongation after 22 h in culture. In addition, the degree of fiber alignment 

did not significantly influence neuron polarization. These findings suggest that fibrous features 

of the tested PLGA samples mainly influence the early developmental stage (axon formation). 

Overall, the increases in the polarization of the cells on fibrous PLGA substrates (30–50% 

increase over smooth controls) were not as dramatic as the increases observed on PDMS 

microgrooves (~100% increase over smooth controls). These differences might result from the 

irregular patterns of electrospun fibers leading to larger variance in local topographies, compared 

with precise lithographic microchannels.  

Regarding topographical roles in regulating neuronal behaviors, little is known; however, 

surface topographical features (i.e., porous, grooved, and fibrous structures) interact differently 

with cells compared with smooth surfaces, influencing adhesion, migration, and 

differentiation.25–27 Neurons appear to sense subtle nanofeatures on surfaces. For example, 

PDMS replicas of living Schwann cells and the nanometer- scale features of these cells induced 

the adhesion and orientation of DRG neurons.26 Similarly, human mesenchymal stem cells 

cultured on nanopatterned PDMS substrata were shown to exhibit selective differentiation into 

the neuronal lineage compared with the same cells cultured on micro-patterned and smooth 

substrata.27 In the present studies, we postulate that subcellular-scale fibrous features may 

provide cells under development (stage 2) with topography and different stresses in a similar way 

to micropatterns. The scanning electron micro-graphs (Figure A.7) illustrate that hippocampal 

neurons grew mostly on the fibers and interacted with two or more PLGA strands on top of the 

meshes, suggesting that fibrous topographies of subcellular scales can exert an influence on 

neurons and neurites/axons. The effects of material topography on cells are not clearly 

understood. However, one theory is that topographical features in the form of elevation changes 

facilitate reorganization of focal adhesion complexes (FAC), which mediate cytoskeletal tension, 

activation of signal transduction, and varied gene expression and phenotypic responses.28–30  

Presumably, this proposed mechanism may explain the improved polarization of cultured 

hippocampal neurons on PLGA fibers compared with smooth surfaces in the present studies.  
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Fig. A.7. SEM images of hippocampal neurons cultured on various PLGA meshes: (A) 
RD_7, (B) RD_10.5, (C) HI_10.5, and (D) RD_13. Scale bars are 2 µm. 

 

Axon alignment has been widely studied on various grooves and ridges of different 

substrates.16,31,32 Axons and neurites dynamically sense local topographies, allowing the cells to 

adjust their morphologies and orientation. Other research has shown that hippocampal neurons 

extend their axons preferentially along wider and deeper ridges while crossing over narrower and 

shallower patterns, indicating that both parameters are effective for guiding axon growth along 

the grooves.16,31,32 Interestingly, we found that most axons of hippocampal neurons cultured on 

PLGA fibers were aligned along the fibers regardless of the sizes and orientations of the fibers 

tested. Our analysis of axon orientation indicated that fiber orientation directly promoted axonal 

alignment (Figure A.5). We found that axons on the random fibers (RD_10.5) often changed to 

another fiber strand near the crossover points of fibers, which supports the idea that the axons of 

hippocampal neurons can pass over very small gaps at the fiber junctions.  

We fabricated the differently oriented fibers to study the effects of the degree of fiber 

alignment. The range of fiber sizes was 0.97–1.51 µm. This size is well within the range of 0.44 

µm and 2.2 µm over which fiber diameter had little effect on neuron polarization and axon 

length (Figure A.3). Thus, the degree of fiber alignment, and not fiber diameter, appears to be 

the key factor influencing axon formation and elongation among these differently oriented fibers. 

We observed increased axon establishment on more aligned fibers; however, it was not 

significant. Overall axon length was insensitive to fiber orientation (Figure A.4). Other 

researchers have also performed studies to assess the effect of fiber alignment on neurite length 

and guidance. Aligned PLLA nanofibers caused elongated shapes of cell bodies, and facilitated 
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neurite elongation of immortalized NSCs with an increase of 25% compared with randomly 

oriented nanofibers.4 Corey et al. cultured DRG explants on differently aligned PLLA nanofibers 

(524 ± 305 nm in diameter) and found that the aligned PLLA fibers induced neurite alignment 

and elongation after 3 days in culture.12 They assumed that the smaller angle between two 

adjacent fibers in a highly aligned mesh of nanofibers enabled the growth cone to make a 

decision to select one fiber to follow, resulting in a longer neurite. However, this trend was not 

observed in our current studies. The different effects of aligned fibers on neuronal behaviors 

observed by us and other groups may result from inherent differences between embryonic 

hippocampal neurons and immortalized NSCs and DRG neurons. Also, the short culture time (22 

h) used in our studies may not be sufficient to analyze axon elongation after polarization. 

Although we have not tested other ranges of fiber sizes, oriented fibers of larger or smaller 

diameters may result in different responses of hippocampal neurons. Also, the degree of fiber 

alignment may play a synergistic role in neuronal differentiation in combination with other 

factors, such as ECM proteins and neurotrophins.  

For future studies, long-term culture of hippocampal neurons on various electrospun 

fibers may be useful to explore axon extension and synaptic formation among neurons. Also, 

tailoring electrospun fibers with bioactive molecules, such as neurotrophins and cell adhesive 

molecules (i.e., laminin, fibronectin) would be intriguing to understand the combined effects on 

neurons and to develop better scaffolds for biomedical applications including nerve tissue 

regeneration scaffolds.  

This work may aid an understanding of the topographical effects on neurons during early 

development stages. In addition, this study on specific interactions between neurons and fibrous 

meshes will allow us to better design the surface of biomaterials for neural applications, such as 

nerve tissue engineering scaffolds and neural prostheses.  

 

The authors thank Maeve Cooney for proof reading the manuscript. 
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Appendix B: Electroconductive Nanofibers for Neural Tissue Applications: 
Polypyrrole-Coated Electrospun PLGA Nanofibers  
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Abstract 

Electrospinning is a promising approach to create nanofiber structures that are capable of 

supporting adhesion and guiding extension of neurons for nerve regeneration.  Concurrently, 

electrical stimulation of neurons in the absence of topographical features also has been shown to 

guide axonal extension.  Therefore, the goal of this study was to form electrically conductive 

nanofiber structures and to examine the combined effect of nanofiber structures and electrical 

stimulation. Differently oriented conductive meshes (i.e., random and aligned fibers) were 

produced by growing polypyrrole (PPy) on random and aligned electrospun poly(lactic-co-

glycolic acid) (PLGA) nanofibers. Scanning electron micrographs showed that PLGA nanofibers 

were uniformly deposited with nano-thick PPy (85 ± 41 nm). X-ray photon spectroscopy 

confirmed the deposition of PPy on the PLGA fibers. Biocompatibility and suitability of the 

conductive nanofibers as neuronal tissue scaffolds were studied by culturing rat 

pheochromocytoma 12 (PC12) cells and rat embryonic hippocampal cells on the PPy-PLGA and 

the non-coated PLGA template fibers. The PPy-PLGA fibers supported the growth and 

differentiation of PC12 cells and hippocampal neurons comparable to PLGA controls. Aligned 

fibers of PPy-PLGA were observed to guide neurites and axons along the fibers. Electrical 

stimulation studies showed that PC12 cells grown on PPy-PLGA scaffolds and stimulated with a 

potential of 10 mV/cm exhibited 40-50% longer neurites compared to unstimulated cells on the 

same scaffolds (PPy-PLGA). In addition, the cells stimulated on aligned PPy-PLGA fibers 

resulted in longer neurites than the cells stimulated on random PPy-PLGA fibers, suggesting a 

synergistic effect of electrical stimulation and topographical guidance. In summary, we 

successfully fabricated biocompatible electroconducting nanofibers and demonstrated their use 

with electrical stimulation for potential neural tissue applications._________________________
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B.1 Introduction 

Electroconducting polymers (i.e., polypyrrole (PPy), polythiophene (PT), polyaniline 

(PANI), poly(3,4-ethylenedioxythiophene) (PEDOT)) exhibit excellent electrical and optical 

properties and have been explored in the past few decades for a number of applications including 

microelectronics, polymer batteries, and actuators1,2. In particular, because of its ease of 

synthesis, biocompatibility, and good conductivity, PPy has been the most extensively studied 

for biological and medical applications, such as biosensors and tissue engineering scaffolds3. 

This electroconducting polymer has been recognized as a promising scaffold material to 

electrically stimulate neurons and nerve tissues for therapeutic purposes such as nerve tissue 

engineering scaffolds and neural prostheses3,4. Schmidt et al. first electrically stimulated PC12 

cells through PPy films and observed the promotion of neurite outgrowth from the cells, 

demonstrating the potential use of electroconducting polymers for nerve tissue engineering 

scaffolds5. Subsequent studies have focused on improving the electroconducting polymer 

scaffolds by incorporating various cues, such as neurotrophins6, cell adhesive molecules7,8, and 

topographical features9, emphasizing the importance of multiple cues for improved modulation 

of neuronal responses10. For example, Gomez et al. electrochemically synthesized PPy 

microchannels to fabricate electroconductive, topographical substrates for neural interfacing and 

found that PPy microchannels facilitated axon establishment of rat embryonic hippocampal 

neurons9. However, these studies involve relatively planar substrates which are ideal model 

surfaces for characterizing cell responses to electric fields, but lack the three-dimensional 

architecture necessary for organization of a functional nerve tissue.  

Electroconducting nanofibers may be a means to translate model studies on well-defined 

topographical features into scaffold materials for nerve regeneration.  Nanofibers present unique 

topographical surfaces of which features (i.e., fiber diameter and orientation) affect cellular 

behaviors of many cells11,12,13. For example, Yang et al. found that immortalized neural stem 

cells cultured on aligned poly(L-lactic acid) nanofibers extended longer neurites than cells on 

random nanofibers and aligned microfibers of the same composition12. Several attempts to 

synthesize conducting nanofibers for tissue engineering applications have been described in the 

literature. Lelkes and colleagues electrospun polyaniline-gelatin blends to produce 

electroconducting nanofibers, which displayed good conductivities ranging from 0.01 to 0.02 

S/cm. These fibers supported the growth and proliferation of cardiac rat myoblasts14. Also, 
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carbon nanofiber composites of polycarbonate urethane were produced for neural and orthopedic 

interfaces15. Depending on compositions of the blends, mechanical, and electrical properties as 

well as cell adhesion were varied.  As an alternative, electroconducting polymers, mostly PPy, 

have been deposited on fiber templates, which can be achieved by in situ chemical oxidation of 

PPy in a polymerizing solution or by oxidation of monomers deposited on the substrates in vapor 

phase followed by oxidant treatment. This PPy deposition method enables the simple production 

of conducting fibers using template fibers16,17. For example, Zhang and colleagues deposited PPy 

on woven fabrics of poly(ethylene terepthalate) (> 20 µm in diameter, 102-105 ohm/square) for in 

vitro biocompatibility studies for the application of vascular prostheses18,19. However, there have 

been fewer studies on nano-scaled fibers for tissue engineering scaffolds. More importantly, 

application of electrical potential of nerve cells using electroconducting micro-/nano- fibers has 

not been explored yet.  

In this article, we produced polypyrrole-coated electrospun PLGA nanofibers (PPy-

PLGA), as electroconducting nanofibers, for neural tissue applications. Because these 

components, PPy and PLGA, are biocompatible in vivo as well as in vitro20,21,22, the PPy-PLGA 

product was expected to be appropriate for ultimate use as implantation materials. To retain the 

fibers under submicron size and to take advantage of submicron scaled features, we deposited 

nano-thick PPy onto PLGA nanofibers. Also, oriented fibers were electrospun as template 

meshes for the PPy-coating to study contact guidance (i.e., neurite/axon alignment). For in vitro 

neuronal culture, we cultured two different types of neurons – PC12 cells and rat embryonic 

hippocampal neurons. We also performed electrical stimulation of PC12 cells on these 

biocompatible electroconductive nanofibers according to previous protocols6,23 to demonstrate 

their potential uses as nerve tissue engineering scaffolds for the regeneration of injured 

peripheral and central nerves.  

 

B.2 Materials and Methods 

 

B.2.1 Materials 

All chemicals, cell culture supplements, and disposable tissue culture supplies were 

purchased from Sigma (St Louis, MO), Hyclone (Logan, UT),  and BD (Brookfield, NJ), 

respectively, unless otherwise noted.  
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B.2.2 Electrospinning 

The 75/25 poly(lactic-co-glycolic acid) (PLGA) (inherent viscosity 0.55–0.75 dL/g, 

Lactel Biodegradable Polymers, Birmingham, AL) was used for electrospinning as described 

previously13. In brief, PLGA was dissolved in hexafluoro-2-propanol (HFIP). Aluminum foil was 

wrapped around the 7.6 cm drum. The polymer solution (7.0 or 6.5 wt% PLGA) was electrospun 

with a syringe equipped with a 22 gauge steel needle using a 15 kV potential, a throw distance of 

15 cm, and a syringe flow rate of 3 mL/h. Random fibers (RF) were electrospun from 7.0 wt% 

polymer solution on a stationary collector, and aligned fibers (AF) were obtained from 6.5 wt% 

polymer solution on a rotating drum at a linear velocity of 6.4 m/s to achieve similar diameters 

with different fiber orientations because fibers generally exhibit a smaller diameter on a rotating 

collector13. After electrospinning, PLGA meshes were air dried for 2 days to remove residual 

HFIP.  Meshes were cut into 15 × 15 mm squares, and then carefully removed from the 

aluminum foil. 

 

B.2.3 Polypyrrole Coating 

Differently oriented PPy-PLGA meshes, PPy-RF and PPy-AF, were synthesized by 

coating PPy on random and aligned PLGA (RF and AF, respectively). To do this, pyrrole was 

purified by passing it through a column of activated basic alumina before use. A PLGA mesh (15 

× 15 mm) was put into 2 mL aqueous solution of 14.4 mM pyrrole and 14.4 mM sodium para-

toluene sulfonate (pTS) (Aldrich) in a 15 mL polypropylene tube, followed by ultrasonication for 

30 s to allow the meshes to be saturated with pyrrole solution. The mesh was incubated at 4ºC for 

1 h. Then, 2 mL ferric chloride solution (38 mM) was added to the tube and incubated with 

shaking at 4ºC for 24 h for the polymerization and deposition of PPy on the PLGA meshes. The 

polymerization of PPy from pyrrole involves the incorporation of chlorine and pTS, of which 

elements can be detected using XPS. Black PPy-coated mesh was sonicated for 1 min, washed 

with copious amounts of deionized water, and then transferred onto a clean glass slide. PPy-

PLGA was dried in a vacuum oven at room temperature for 2 days.  
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B.2.4 Fiber Characterization 

 

B.2.4.1 Scanning Electron Microscopy (SEM) 

SEM was used to characterize fiber diameter and orientation of electrospun PLGA 

meshes and PPy-PLGA meshes. SEM images of electrospun PLGA fibers and PPy-PLGA fibers 

were acquired with a Zeiss SUPRA 40 VP Scanning Electron Microscope (Carl Zeiss SMT, 

Thornwood, NY). Non-coated PLGA samples were sputter-coated with 5 nm of palladium using 

a Cressington Scientific Instruments Model 208HR (Cranberry, Township, NY) prior to taking 

SEM images. PPy-PLGA fibers were imaged using SEM without metal coating. The SEM 

images were analyzed using ImagePro Plus software (ICube, Crofton, MD) or ImageJ (NIH) for 

fiber diameter and macroscale fiber orientation as previously described13. PPy shell thickness 

was calculated from the differences of fiber diameters between non-coated fibers and PPy-PLGA 

fibers. The degree of fiber alignment was characterized by the wrapped normal distribution and 

reported as angular standard deviation (ASD), in which a smaller value of ASD represents a 

greater alignment of the individual fibers.  

 

B.2.4.2 Surface Resistance 

Surface resistance of PPy-PLGA meshes was measured as previously described24. Two 

silver wires separated by 1 cm were placed onto the sample. Resistance (R) was measured 

between the two silver electrodes using a digital multimeter (DM-8A, Sperry Instrument, 

Milwaukee, WI). Surface resistance (Rs) was calculated as follows: 

 

 Rs = R × W / D (B.1) 

 

where W is the sample width and D is the distance between the two silver electrodes. 

 

 

B.2.4.3 X-ray Photon Spectroscopy (XPS) 

XPS was used to characterize the surface compositions of PPy-coated PLGA fibers. 

High-resolution spectra of elements were obtained using a Kratos AXIS Ultra XPS system 

(Chestnut Ridge, NY). A monochromatic Al Kα1 source was employed. Typical operating 
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conditions were 1×10-9 Torr chamber pressure, and 15 kV and 150 W for the Al X-ray source. 

High-resolution elemental scans were collected with a pass energy of 20 eV at takeoff angles of 

90 degrees between the sample and analyzer. Calibration of the binding energy was performed 

by setting C-C/C-H components in C1s peak at 284.6 eV. Peak deconvolution was performed 

using XPSPEAK software (The Chinese University of Hong Kong). 

 

B.2.5 Cell Culture  

 

B.2.5.1 Sample Preparation 

For cell culture experiments, PPy-PLGA meshes were tested for their ability to support 

cell growth. Each mesh was placed on a thin poly(dimethylsiloxane) (PDMS, Sylgard® 184, 

Dow Corning, Midland, MI) film on a glass slide. Two silver wires (round 30 gauge, MELTIK) 

were then placed on both sides of the mesh, followed by covering them with a thin PDMS well 

(1 cm × 1 cm × 1 mm inner well dimension) to serve as a sealant and to prevent the wires from 

direct contact with medium. A Plexiglas well (1 cm × 1 cm × 1 cm inner well dimension) was 

placed on top of the assembled system (Figure B.1). For the aligned fibers, two electrodes were 

placed perpendicular to the major direction of the fibers. The assembly was tightly clipped and 

sterilized by exposure to UV for 1 h. The samples were incubated overnight in a sterile solution 

of rat tail type I collagen (0.1 mg/mL) for PC12 cells and poly-D-lysine (0.1 mg/mL) for 

hippocampal cells, respectively. The substrates were washed twice with sterile de-ionized water 

and incubated in sterile phosphate-buffered saline (PBS) solution for 2 days to remove unreacted 

compounds. 
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Fig. B.1. Schematics of assembly of a PPy-PLGA mesh for in vitro cell culture study and 
electrical stimulation. For biocompatibility tests, silver wires were not included in the 
assemblies.  

 

B.2.5.2 PC12 Cell Culture and Immunostaining 

PC12 cells were maintained at 37ºC in a humid, 5% CO2 incubator in F-12K culture 

medium (Sigma) containing 15% heat-inactivated horse serum (Hyclone), 2.5% fetal bovine 

serum (Hyclone), and 1% Penicillin-Streptomycin solution (Sigma). Cells were passaged weekly 

using a 0.25% trypsin-EDTA solution (Sigma). Cells were primed by culturing them in medium 

containing 50 ng/mL nerve growth factor (NGF) three days prior to an experiment. The primed 

PC12 cells were inoculated at a density of 2×104 cells per well and cultured for 2 days. Four 

substrates for each condition were tested (n=4). 

We studied electrical stimulation to demonstrate that conducting nanofibers (PPy-PLGA) 

may be beneficial as neuronal tissue engineering scaffolds. We performed electrical stimulation 

of PC12 cells on random and aligned PPy-PLGA meshes and followed the experimental 

conditions as previously reported6,23. PC12 cells were inoculated (2×104 cells per well) in the 

wells attached to the PPy-PLGA meshes. After 24 h in culture, a constant electrical potential of 

100 mV/cm or 10 mV/cm (a Pine Instrument AFRDE5 bipotentostat) was applied to two 

electrodes for 2 h in the incubator. Cells were analyzed 24 h after electrical stimulation. Four 

substrates for each condition were employed (n=4). 
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After culture, the PC12 cells were fixed using 4% paraformaldhyde and 4% sucrose in 

phosphate-buffered saline (PBS) buffer for 15 min. The cells were permeablized in 0.1% Triton 

X-100 (Fluka) and 2% bovine serum albumin (Sigma) in PBS for 15 min, followed by blocking 

with 2% BSA in PBS for 30 min at room temperature. PC12 cells were stained with Alexa Fluor 

488-labeled phalloidin (Invitrogen) for 30 min for actin filaments and with 4’,6-diamidino-2-

phenylindole dilactate (DAPI, Invitrogen) nuclear stain, washed with PBS buffer twice, and 

stored at 4ºC until analysis. 

 

B.2.5.3 Hippocampal Neuron Culture and Immunostaining 

Commercial rat hippocampus (E-18) was purchased from BrainBits (Springfield, IL) and 

used to isolate embryonic hippocampal neurons (E-18) according to the manufacturer’s protocol. 

In brief, hippocampal tissue was treated in papain (Warthington, Likewood, NJ) solution (4 

mg/mL in Hibernate E medium (BrainBits)) and triturated using a fire-polished Pasteur pipette. 

Cells were collected by centrifugation (200 g, 1 min) and suspended in Neurobasal medium, 

supplemented with 2% B-27 supplement (Invitrogen), 0.5 mM L-glutamine (Fisher), 0.025 mM 

glutamic acid (Sigma), and 1% Penicillin-Streptomycin solution (Sigma). The cells were 

inoculated into each well (2×104 cells per well) and cultured in medium at 37ºC in a humid, 5% 

CO2 incubator for 24 h. Four substrates per each condition were employed (n=3).  

Embryonic hippocampal neurons cultured on the meshes were incubated with the fixing 

solution (4% paraformaldhyde and 4% sucrose in PBS) for 20 min at room temperature. The 

cells were permeabilized with 0.1% Triton X-100 and 3% goat serum (Sigma) in PBS for 20 

min, and washed twice with PBS, followed by treatment with blocking solution (3% goat serum 

in PBS buffer) for 1 h at 37ºC. Mouse tau-1 antibody (Chemicon, Temecular, CA) (1:200 in 

blocking solution) was added to the sample, incubated at 4ºC overnight, and washed with PBS 

twice (10 min each). The cells were stained with Alexa Fluor 488-labeled goat anti-rat IgG 

(Invitrogen) (1:200 dilution in blocking solution) at 4ºC for 5 h, washed with PBS twice (10 min, 

each), and stored at 4ºC until analysis. 

 

B.2.6 Immnuofluorescence and Image Analysis 

Fluorescence images of PC12 cells and hippocampal neurons were acquired using a 

fluorescence microscope (IX-70, Olympus, Center Valley, PA) equipped with a color CCD 
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camera (Optronics MagnaFire, Goleta, CA). The fluorescence images were processed and 

analyzed using Adobe Photoshop and Image J (NIH) software.  

The numbers of cells on the sample meshes were determined by counting nuclei stained 

with DAPI dye from the randomly acquired fluorescence images. Axon/neurite length was 

measured as a linear distance between the cell junction and the tip of an axon/neurite. For PC12 

cells, neurite outgrowth was evaluated and reported in terms of median length because neurite 

lengths were not normally distributed5,6. More than 300 neurites were measured to obtain the 

median length for each condition. For hippocampal neurons, axonal establishment and length 

were investigated as embryonic hippocampal neurons differentiate by forming single axons 

among immature neurites and elongating the axons in vitro culture. Axon formation (neuron 

polarization) was defined and counted only when neurite processes were twice as long as the 

length of the cell body according to previous literature9,25. The averages and standard errors of 

the means are calculated for the percentages of polarized hippocampal neurons and average axon 

lengths. More than 100 neurons were analyzed per substrate.  

 

B.2.7 Assessment of Cellular Morphology 

SEM was employed to study cellular morphologies on the fibers. The fixed cells were 

dehydrated using increasing ethanol/water concentrations (30% for 45 min; 50% for 30 min, 

70%, 85%, 90%, 95%, and absolute ethanol for 10 min each). Samples were dehydrated with 

hexamethyl disilazane (HMDS) (Sigma) and dried in air overnight. Platinum/palladium was 

coated on the sample with 10 nm in thickness using a sputter coater. SEM images were obtained 

with Zeiss SUPRA 40 VP Scanning Electron Microscope. 

 

B.2.8 Statistics 

Averages and standard deviations were calculated and reported from at least four samples 

per each condition. The statistical significance between two groups was determined using a 

Student’s t-test (p<0.05) for the numbers of the cells, polarized hippocampal neurons, and axon 

lengths of hippocampal neurons.  On the other hand, for the evaluation of PC12 neurite 

extension, median lengths were calculated and reported for each condition because the measured 

neurite lengths were not normally distributed. Statistical differences between medians were 

calculated with a Mann-Whitney U test26 (p<0.05).   
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B.3 Results and Discussion 

 

B.3.1 Electrospinning PLGA Nanofibers 

Template PLGA nanofibers for PPy-coating were used in this study because of PLGA’s 

well-investigated biocompatibility, biodegradability, and suitability for various biomedical 

applications11,20.  The PLGA nanofiber meshes were obtained by electrospinning PLGA (75/25) 

solution as previously described13. Highly aligned nanofibers (AF) and random nanofibers (RF) 

were collected from PLGA polymer solution on a rotating and stationary collector, respectively. 

The SEM images of the electrospun fibers indicate that both meshes (AF and RF) have uniform 

fibrous features on the surface and that AF exhibits highly aligned fibers (Figure B.2). The fiber 

diameters, which were determined by analyzing the SEM images, were 0.25 ± 0.11 μm for AF 

and 0.36 ± 0.13 μm for RF. For degree of fiber orientation, the AF had a value of angular 

standard deviation (ASD) of 32.9º, whereas the RF had a larger ASD (54.7 º). High ASD reflects 

randomly oriented fibers. These nanofibers, with nanometer scale dimensions, provide highly 

porous, nanofibrous topographies capable of modulating cellular responses in various cells11,27.  

   

 
Fig. B.2. Scanning electron micrographs of electrospun PLGA nanofibers, (a) and (b), 
and their PPy-coated fibers, (c) and (d).  (a) Randomly-oriented nanofibers (RF), (b) 
aligned nanofibers (AF), (c) PPy-coated randomly oriented fibers (PPy-RF), and (b) PPy-
coated aligned fibers (PPy-AF).  
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B.3.2 Synthesis of PPy-Coated PLGA Nanofibers 

To produce electroconducting nanofibers, PPy deposition was performed on the 

electrospun PLGA nanofibers (RF and AF) in a polymerizing solution containing pyrrole, pTS, 

and FeCl3 as a monomer, a dopant, and an oxidizing reagent, respectively. As pyrrole was 

polymerized, polymeric products (PPy) aggregated in solution or deposited on the fiber surfaces, 

depending on reaction conditions, forming conducting shells. Polymerization condition strongly 

influenced coating properties of the PPy-PLGA fibers, such as uniformity, conductivity, and 

morphologies of the PPy shells, which is consistent with other literature16,28. For example, 

incomplete coverage of PPy, which resulted in non-conducting meshes, was observed at low 

concentrations of the reactants and/or a short reaction time. On the other hand, high 

concentrations of the reactants resulted in PPy aggregates in solution and non-uniform deposition 

of PPy covering on the fibers (data not shown). Figure B.3 demonstrate that the PPy-PLGA 

products, synthesized under the optimized condition, consist of PLGA fiber cores and PPy shells. 

PPy-coated AF meshes (PPy-AF) retained the aligned fiber structures, which were similar to 

their non-coated template meshes (AF) (Figure B.2). The SEM images of the PPy-PLGA were 

acquired without treatment of the samples with metal coating, inferring qualitatively good 

electrical conductance of the fibers. Some PPy aggregates were often observed on the fiber 

surfaces, but they were loosely bound and could be removed by successive washes. The PPy-

PLGA fibers had fiber diameters of 520 ± 150 nm for PPy-RF and 430 ± 180 nm for PPy-AF, 

with 85 ± 41 nm shell thickness. Nanometer-scale thick PPy deposition was accomplished on the 

template nanofibers, of which features were retained (i.e., fiber orientations).  
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Fig. B.3. PPy-coated PLGA meshes. (a) photographs of uncoated PLGA meshes (white, 
left) and PPy-PLGA meshes (black, right). (b) SEM micrograph of single strands of PPy-
PLGA fibers. (c) SEM image of section of the PPy-PLGA meshes. 

 

B.3.3 Characterization of PPy-coated PLGA Nanofibers 

To characterize electroconducting properties of the PPy-PLGA meshes, surface resistance 

(Rs) was measured. Random PPy-PLGA had an Rs=1.7 ± 0.6×104 Ohm/square. This value was 

insensitive to the direction of measurement, which was reasonable because the PPy-RF fibers 

were randomly oriented and had multiple contacts among coated fibers. On the other hand, Rs 

values of aligned PPy-PLGA varied with direction of the fibers: Rs=7.4 ± 3.2×103 Ohm/square 

along the fiber direction and Rs=9.0 ± 6.0×104 Ohm/square perpendicular to the major fiber 

direction. These results suggest that current is conducted primarily along the fiber axis.  

To characterize the surfaces of the fibers, XPS analysis was performed. Table B.1 

summarizes the elemental compositions of the sample surfaces. For the PPy-PLGA, nitrogen, 

chlorine, and sulfur atoms were detected, whereas they were absent in the uncoated PLGA 

samples. Doping level of the PPy components was calculated from the atomic ratio of Cl and S 

to N from the high resolution XPS spectra.  The doping level of PPy-PLGA was 0.27 and close 

to that for oxidized PPy (about 0.3), as previously investigated3. pTS and Cl ions accounted for 

80%  and 20%, respectively, in total molar amounts of dopant. High-resolution spectra of the 

PPy-PLGA were decomposed according to previous reports29,30. The C1s spectrum of PPy-PLGA 

(Figure B.4) reveals substantial changes in the spectrum after PPy-coating, which can be 

attributed to new signals at 285.8 eV (C-N), 287.2 eV (C=N), and 288.9 eV (C=N+). Peaks, 
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related to the PLGA cores, are diminished, indicating PPy-coating shields the surface of PLGA. 

In addition, Figure B.4b shows changes in the high resolution spectra of N1s after PPy-coating 

with new signals at 397.8 eV (=N-), 399.8 eV (-NH-), 401.2 eV (C-N+), and 402.2 eV (C=N+). 

No significant peak was observed in the N1s spectrum of the PLGA sample, as expected. These 

XPS spectra obtained from the PPy-PLGA are consistent with those from pristine PPy in other 

literature24,29,30, demonstrating surface deposition of PPy on the PLGA fibers.  

 

 
Fig. B.4. High resolution (a) C1s and (b) N1s XPS spectra of PLGA and PPy-PLGA. The 
C1s spectrum of PPy-PLGA shows typical signals of PPy at 284.6 eV (C-Hx/C-C), 285.8 
eV (C-N), 287.2 eV (C=N), 288.9 eV (C=N+), and 290.1 eV (π-π*). In tense peaks at 
287.1 eV and 288.7 eV in the PLGA spectrum diminished after PPy-coating. (b) New 
peaks were detected in the N1s spectrum after the PPy-coating at 397.8 eV, 399.8 eV, 
401.2 eV, and 402.2 eV, which were assigned to  =N-, -NH-, C-N+, and C=N+, 
respectively.  

 

Table B.1. Elemental compositions and doping levels of PLGA and PPy-coated PLGA 
(PPy-RF) using XPS analysis. 

Sample 
Elements (atomic %) 

Doping levela) 
C N Cl S 

PLGA 99.7 0.2 0 0 - 

PPy-PLGAb)  84.9 12.0 1.0 2.2 0.27 

a) doping level = (Cl+S)/N 

b) PPy-RF used. 
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B.3.4 Cell Culture Experiments 

In an effort to study properties of the PPy-PLGA scaffolds for neuronal applications, we 

cultured PC12 cells and embryonic hippocampal neurons on the scaffold materials. PC12 cells 

are the most widely studied cell type for neuritogensis in responses to various extracellular cues 

such as neurotrophins and electrical stimulation5,6. This cell line has been used as an 

experimental model of the sympathetic nervous system31. On the other hand, the embryonic 

hippocampal neuron is of CNS origin and plays an important role in learning-and-memory and 

processing of spatial information in the brain32. Embryonic hippocampal neurons have been 

widely used for initial axon establishment in neuronal development33.  It has been also noted that 

the cellular responses of these neurons are influenced by external electrical fields34 and 

topographical surfaces of substrates (i.e., pores, grooves)9,35.  Therefore, we cultured PC12 cells 

and hippocampal cells on the PPy-PLGA meshes for in vitro cell culture to demonstrate the 

utility of these meshes bearing nanofibrous topographical features and electrical activities for 

nerve tissue engineering applications. Non-coated PLGA fibers, displaying similar fiber features 

(fiber diameters and orientations) to the PPy-PLGA fibers, were also used as controls for 

comparison.  

The PC12 cells were cultured on both PPy-PLGA (PPy-RF and PPy-AF) and uncoated 

PLGA (RF and AF) in an NGF-containing medium for 2 days. Cell numbers, counted from the 

numbers of DAPI-stained nuclei from random fluorescence images, were 148 ± 15 (RF), 111 ± 

39 (PPy-RF), 112 ± 27 (AF), and 128 ± 18 per image (PPy-AF). These differences were not 

statistically different, indicating that the PPy-coating does not affect the adhesion or viability of 

the PC12 cells. Fluorescence images of PC12 cells stained for actin filament (Figure B.4) show 

that the cells formed neurites on all substrates. Analysis of neurite outgrowth was performed 

from at least 300 neurites. The results indicated that median lengths of the neurites on the meshes 

were 12.3 µm (RF, n=507), 12.8 µm (PPy-RF, n=424), 16.0 µm (AF, n=391), and 15.3 µm (PPy-

AF, n=523), where n denotes the numbers of analyzed neurites. Longer neurites were formed on 

the aligned fibers (AF and PPy-AF) than on the random fibers (RF and PPy-RF), p<0.01. The 

median lengths were similar between the PPy-PLGA fibers and their template PLGA fibers 

having similar fiber dimensions: p=0.32 between RF and PPy-RF; p=0.31 between AF and PPy-

AF. These results suggest that fiber features played important roles in neurite outgrowth 

regardless of the PPy-deposition. Other types of neurons have shown similar cellular responses 
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to fiber orientation, including dorsal root ganglia explants36 and neural stem cells12, which 

formed longer neurites/axons on aligned nanofibers and extended their neurites along the fiber 

strands. Most neurites were aligned along the major direction of the meshes (AF and PPy-AF) 

(Figure B.5). SEM images show that PC12 cells on PPy-PLGA (both PPy-RF and PPy-AF) 

formed intimate contact with multiple fibers (Figure B.6). Cells on the aligned fibers were also 

found to form more elliptical morphologies elongated in the major fiber direction.  

 

 
Fig. B.5. Immunostaining of PC12 cells cultured on (a) RF, (b) AF, (c) PPy-RF, and (d) 
PPy-AF. PC12 cells were cultured for 2 days with an exogenous NGF in the medium and 
stained with phalloidin-Alexa 488 for F-actin. Arrows indicate major directions of the 
aligned fibers of (b) and (d) in the images. Scale bars are 50 µm. 

 

 
Fig. B.6. SEM images of PC12 cells cultured on (a) PPy-RF and (b) PPy-AF for 2 days. 
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Likewise, embryonic hippocampal neurons were also cultured on the fiber samples and 

immuno-stained for analysis (Figure B.7). No significant difference was found between PLGA 

fibers and PPy-coated fibers in terms of the number of the cells and the fraction of cells with 

established axons (i.e., polarized neurons). After 24 h in culture, 27.8 ± 3.2%, 28.9 ± 9.7%, 30.1 

± 4.3%, and 28.8 ± 8.8% of the hippocampal neurons established axons on RF, PPy-RF, AF, and 

PPy-AF, respectively. Average axon lengths were similar with a range of 60-65 µm for all the 

samples.  These results suggest that nano-thick PPy-coating on PLGA nanofibers did not affect 

initial differentiation (i.e., axon establishment) and resulted in similar results among the 

substrates. Fiber orientation did not influence axon establishment nor axon elongation of the 

hippocampal neurons. This finding is consistent with our previous studies with various PLGA 

fibers (400 nm – 2.4 µm in diameter and different degrees of fiber orientation) for axon 

formation and elongation of embryonic hippocampal neurons37, where we found that axon 

establishment and average length were not significantly different among the fibers, although 

more axons were found on the cells cultured on the fibers compared to smooth PLGA substrates. 

Contact guidance of hippocampal axons was also observed on the aligned fibers (AF and PPy-

AF) similarly to the PC12 cells. Most axons were found to grow along the major direction of the 

aligned fibers (Figure B.7). Consequently, the growth and differentiation of hippocampal 

neurons (i.e., neuron polarization and axon elongation) were supported by the PPy-PLGA fibers 

as well as the non-coated PLGA fiber controls. As results, the PPy-PLGA fibers supported the 

attachment and differentiation of PC12 cells and embryonic hippocampal cells in comparison 

with the uncoated PLGA fibers, which may be attributed to biocompatibility of the individual 

components (PPy and PLGA)20,21,22. 
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Fig. B.7. Fluorescence images of hippocampal neurons cultured on (a) RF, (b) AF, (c) 
PPy-RF, and (d) PPy-AF. Immunostaning for tau-1 (axonal marker) was employed to 
stain hippocampal cells and axons after 1 day in culture. Arrows indicate major directions 
of the aligned fibers of (b) and (d) in the images. Scale bars are 50 µm. 
 

Electrical stimulation of neurons on electroconducting scaffolds, as our ultimate goal, 

was studied in the present article. We attempted to demonstrate the use of PPy-PLGA meshes as 

the potential nerve tissue engineering scaffolds delivering electrical cues through nanofibers. To 

do this, we examined PPy-PLGA meshes assess the effect of stimulation compared to non-

stimulation. We electrically stimulated PC12 cells on PPy-RF and PPy-AF fibers at the potentials 

of 10 mV/cm and 100 mV/cm according to previously described protocols6,23. Statistically 

significant longer neurites were observed on the stimulated cells compared to unstimulated 

controls (p<0.01). PC12 cells stimulated at the potential of 10 mV/cm significantly extended 

longer neurites than cells with 100 mV/cm (Figure B.8). On random PPy-PLGA fibers, median 

lengths of neurites were 12.7, 18.9, and 15.6 µm for unstimulated cells, stimulated cells at 10 

mV/cm, and at 100 mV/cm, respectively. In addition, electrical stimulation of the cells on 

aligned PPy-PLGA fibers exhibited similar trends with neurite lengths of 14.9 (unstimulated), 

21.1 (10 mV/cm), and 17.0 µm (100 mV/cm). Electrical stimulation using aligned fibers resulted 

in further promotion of neurite outgrowth compared to random fibers, which indicates that fiber 

alignment and electrical stimulation appeared to be synergistic for neurite extension of PC12 

cells. The results indicate that level of electrical potential has an impact on degree of stimulation 
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and that lower potential may be more favorable for promoting neurite outgrowth of PC12 cells. 

Li et al. found a similar trend with PC12 cells at various electrical currents, in which PC12 cells 

formed the more neurites below 10 µA; promotion of neurite formation diminished as currents 

increased above 10 µA38.   The exact effects of electrical stimulation are not fully understood; 

however, some mechanisms are postulated as follows: redistribution of membrane proteins 

responding to electrical field/current39, decrease in membrane potentials more likely to cause 

membrane depolarization of neurons40, and preferential deposition of biomolecules such as 

fibronectin on electrodes23. These biocompatible, electroconducting nanofibrous scaffolds are 

suitable for electrically stimulating neurons and potentially enhancing nerve tissue regeneration. 

 

 
Fig. B.8. Electrical stimulation of PC12 cells through PPy-PLGA (PPy-RF and PPy-AF) 
fibers at 0 mV/cm and 10 mV/cm. Representative fluorescence images of electrically 
stimulated cells: (a) PPy-RF at 0 mV/cm (unstimulated); (b) PPy-RF at 10 mV/cm; (c) 
PPy-AF at 0 mV/cm; (d) PPy-AF at 10 mV/cm. Scale bars are 50 µm. (e) Median neurite 
lengths of unstimulated PC12 cells and electrically-stimulated PC12 cells (10 mV/cm) on 
random (PPy-RF) and aligned (PPy-AF) PPy-PLGA fibers. 
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B.4 Conclusion 

Electrically conductive biomaterial scaffolds hold great promise in biomedical 

applications including neural tissue interfacing. We fabricated electroconducting nanoscaffolds 

using a simple method involving nano-thick deposition of PPy on biocompatible electrospun 

PLGA fibers. The PPy-PLGA displayed electrical activity and the nanofibrous features. The 

nano-scaled sizes and fiber orientation of the template fibers were retained with PPy coating so 

that the conducting nanofibers provide general advantages of conventional electrospun 

nanofibers, such as high surface area to volume ratio, interconnecting pores, and nanofibrous 

topographies. The PPy-deposited fibers were characterized using various techniques including 

XPS and surface conductance measurement. In vitro cell culture using PC12 cells and embryonic 

hippocampal neurons demonstrated that compatible cellular interactions on the fabricated PPy-

PLGA meshes are appropriate for neuronal applications and present topographies for modulating 

cellular interactions comparable to the PLGA control nanofibers. Finally, electrical stimulation 

of PC12 cells on the conducting nanofiber scaffolds improved neurite outgrowth compared to 

non-stimulated cells; the lower electrical potential of 10 mV/cm encouraged more neurite 

outgrowth than the higher potential of 100 mV/cm. Additionally, further promotion in neurite 

outgrowth was observed with electrical stimulation on aligned conducting nanofibers. This work 

will aid to design neuronal tissue interfaces integrated with topographical and electrical cues for 

use in nerve tissue scaffolds and for neural interfacing.  
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Abstract 

 The mechanical properties of biomaterial scaffolds are crucial for their efficacy in tissue 

engineering and regenerative medicine. At the microscopic scale, the scaffold must be 

sufficiently rigid to support cell adhesion, spreading, and normal extracellular matrix deposition. 

Concurrently, at the macroscopic scale the scaffold must have mechanical properties that closely 

match those of the target tissue. The achievement of both goals may be possible by careful 

control of the scaffold architecture. Recently, electrospinning has emerged as an attractive means 

to form fused fibre scaffolds for tissue engineering.  The diameter and relative orientation of 

fibres affect cell behaviour, but their impact on the tensile properties of the scaffolds has not 

been rigorously characterized. To examine the structure property relationship, electrospun 

meshes were made from a polyurethane elastomer with different fibre diameters and orientations 

and mechanically tested to determine the dependence of the elastic modulus on the mesh 

architecture. Concurrently, a multiscale modelling strategy developed for type I collagen 

networks was employed to predict the mechanical behaviour of the polyurethane meshes. 

Experimentally, the measured elastic modulus of the meshes varied from 0.56 to 3.0 MPa 

depending on fibre diameter and the degree of fibre alignment. Model predictions for tensile 

loading parallel to fibre orientation agreed well with experimental measurements for a wide 

range of conditions when a fitted fibre modulus of 18 MPa was used. Although the model 

predictions were less accurate in transverse loading of anisotropic samples, these results indicate 

that computational modelling can assist in design of electrospun artificial tissue scaffolds. 
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C.1 Introduction 

The goal of tissue engineering is to develop bioactive materials that, when implanted into 

tissue deficits, will integrate with the adjacent tissue, stimulate vascular infiltration and initiate 

normal tissue remodelling. Current strategies to achieve such clinically effective materials have 

frequently involved incorporating biological and pharmaceutical components into porous 

biomaterial scaffolds. Here, the selection of the biomaterial is based on biocompatibility, ease of 

processing into the desired three dimensional architecture and matching of the resultant 

mechanical properties with that of the target tissue.1 Polymers that have been widely tested 

include natural polymers, such as collagen, agarose, silk and fibrin2-6 and synthetic polymers, 

such as poly(glycolic acid) (PGA), poly(lactic acid) (PLA), poly(ε-caprolactone) (PCL) and their 

copolymers 7-10, and polyurethanes.11-12 Concurrently, design of the scaffold architecture remains 

a challenging task. To be effective, the scaffold must be capable of regulating morphology and 

function of adherent cells, without compromising tissue specific mechanical properties. In the 

case of anisotropic structural tissues (e.g. blood vessels, ligaments and heart valve leaflets) 

achievement of suitable mechanical properties remains a critical challenge.   

Recently, electrospinning has emerged as a promising method for fabricating fibrous 

scaffolds for tissue engineering applications such as blood vessel,12 anterior cruciate ligament 

(ACL) 13 and cardiac tissue.14-18  Electrospinning involves the use of a high-voltage power supply 

to eject a polymer fibre from solution and deposit it onto a grounded target. Fibre diameter can 

be varied from 100 nm to more than 5 μm by controlling the electrospinning conditions, and 

orientation of the resultant network can be imparted by depositing this fibre onto a moving 

target.19 Importantly, the micro-scale architecture affects both the morphology of adherent cells, 

13 and the bulk mechanical properties of the scaffold.20-21 Therefore, the architecture must be 

engineered to guide cell behaviour while remaining suitable for soft tissue engineering 

applications. 22-23   

The utility of electrospun fused fibre meshes, however, is limited by the absence of a 

theoretical framework with which to predict how the bulk mechanical properties depend on the 

properties of the individual fibres. Such a framework is inherently multiscale, with the scaffold 

dimension being on the centimeter length scale, while the underlying fibrillar architecture on the 

micrometer scale. The strong dependence of native tissue response on fibre orientation, diameter, 

and reorientation in response to strain24 suggests that consideration of both length scales is 
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necessary, and thus, continuum constitutive models often cannot predict the tissue response 

under every loading condition. 25 The scale separation makes multiscale, structure based 

mathematical models an attractive option to describe the mechanical behaviour of engineered 

tissues.   

In this study, fused fibre meshes were electrospun from a degradable 

poly(esteruretheaneurea) (PEUUR) elastomer, and fibre diameter and orientation were 

systematically varied. Mechanical testing was performed to determine experimentally the 

dependence of the elastic modulus on the mesh architecture, while a multiscale, structural model 

previously developed for modelling reconstituted type I collagen gels 26-27 was employed to 

predict the elastic properties of the polyurethane meshes. Finally, the model was extended to 

predict the mechanical properties of an electrospun tubular mesh that might serve as a scaffold 

for an engineered blood vessel.   

 

C.2 Methods 

 

C.2.1 Materials 

All chemicals including the 1,6-diisocyanatohexane (HDI), poly(ε-caprolactone) diol 

(average molecular weight 1250 Daltons, PCL1250), 1,3-propanediol bis(4-aminobenzoate 

(PDAB), diethyl ether, dibutyltin dilaurate (DBTDL), 1,1,1,3,3,3-hexaflouro-2-propanol (HFIP), 

dimethyl formamide (DMF), and phosphate-buffered saline (PBS) were obtained from Sigma-

Aldrich (St. Louis, MO) unless otherwise specified. Anhydrous (<50 ppm water) dimethyl 

sulfoxide (DMSO) was obtained from Acros Organics (Morris Plains, NJ). All chemical reagents 

were used as received except for PCL1250, which was dried for 24 h at 80ºC under vacuum (10 

mm Hg). 

 

C.2.2 Polyurethane Synthesis 

A segmented degradable PEUUR elastomer was synthesized using standard techniques in 

a three-neck, round-bottom flask equipped with argon inlet and outlet, condenser and stirrer. 28 

Anhydrous DMSO was charged to a round-bottom flask fitted with a condenser. HDI was added 

to the flask, which was then immersed in an oil bath at 75ºC, purged with argon, and stirred with 

a Teflon blade stirrer turned by an electric motor. A solution of dried PCL1250 was charged into 
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the reactor by means of an addition funnel.  The NCO:OH equivalent ratio of the prepolymer 

was 2.0:1.0.  The prepolymer content in the reactor was controlled at 14 wt%. DBTDL was 

added to the flask at 1000 ppm and the reaction was allowed to proceed for 3 h. A solution of 

chain extender in DMSO was prepared at 50ºC and added to the resultant HDI.PCL1250.HDI 

prepolymer in the reaction vessel. The NCO:OH equivalent ratio of the polyurethane was 

controlled at 1.03:1.0 and the polymer concentration was 12 wt%. DBTDL was added to a 

concentration of 1000 ppm. The reaction was allowed to proceed at 80ºC for 20 h. The polymer 

was then precipitated in diethyl ether and dried in a vacuum oven for 24 h at 80ºC under 10 

mmHg vacuum. The density of the resultant polymer was determined to be 1.13 g/cm3 using a 

pycnometer (AccuPyc 1330, Micromeritics, Norcross, GA).  

 

C.2.3 Electrospinning 

PEUUR was electrospun onto aluminum foil with controlled fibre diameters and degrees 

of orientation. To form isotropic meshes, aluminum foil was mounted on a stationary target and 

electrospun from a syringe equipped with a 22 gauge Teflon tipped needle using a 15 kV 

potential, a throw distance of 15 cm, and a syringe flow rate of 5 mL/h. PEUUR concentrations 

of 11.0 and 13.5 wt% in HFIP were used to produce meshes with different fibre diameters. To 

form meshes comprised of partially orientated fibres, aluminum foil was mounted on a 6.2 cm 

diameter wire mesh drum and a 13.5 wt% PEUUR solution was electrospun under the conditions 

described above. The drum was rotated at rates of 600 and 1300 rpm (corresponding to linear 

velocities of 2.0 and 4.4 m/s, respectively) to produce meshes with different degrees of fibre 

orientation. After electrospinning, the meshes were carefully pealed off of the aluminum foil for 

imaging and mechanical testing.  

 

C.2.4 Scanning Electron Microscopy (SEM) 

Fibre diameter and degree of orientation of fibre meshes were determined by analysis of 

SEM images. Briefly, electrospun meshes were mounted onto studs and sputtercoated with a 10 

nm layer of palladium (Model 208HR, Cressington Scientific Instruments, Cranberry Township, 

PA). Images were acquired using a LEO 1550 Field Emission SEM (Carl Zeiss SMT, 

Thornwood, NY) operating at 5 kV with a 16 mm working distance. Resultant images were 

imported into ImagePro Plus software (ICube, Crofton, MD) for analysis of fibre diameter and 
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orientation. The degree of alignment was characterized by the angular standard deviation as 

described previously.13 Low angular standard deviations denote more strongly aligned meshes. 

The diameter and orientation of at least 150 fibres were analysed for each sample. 

 

C.2.5 Mechanical Testing 

The tensile modulus of the bulk PEUUR was determined from cast dogbones using 

ASTM D412-98a with modifications.  Briefly, a 9 wt% solution of the PEUUR in DMF was 

prepared, and then heated in a 60ºC water bath overnight. The solution was cast in Teflon dish, 

and allowed to dry in a vacuum oven for two days. A punch was used to create dogbones with a 

10 mm gauge distance and 2.7 mm gauge width. Thicknesses, measured using digital calipers, 

were 0.2–0.4 mm. The samples were soaked in PBS overnight and tested at 37ºC in PBS. The 

samples were pulled monotonically at a rate of 10 mm/min to 400% strain using a Tytron250 

(MTS, Eden Prairie, MN). Modulus was measured from the linear range of the stress/strain 

curve. Results are presented as mean ± standard deviation for n = 3 samples.   

The tensile moduli of electrospun PEUUR meshes were determined using 15 × 10 mm 

strips that had been soaked in PBS overnight before testing. The thickness of the meshes was on 

the order of 0.1 mm and therefore could not be accurately measured with calipers. Instead 

thickness was estimated from measurements of mesh mass, length, width and density (1.13 

g/cm3) using an assumed porosity of 60% (based on published mercury intrusion porosimetry 

measurements14). Cyclic testing was performed with a gauge distance of 10 mm, a frequency of 

0.5 Hz, and a maximum strain of 18%. The temperature was maintained at 37ºC using a heated 

bath. Isotropic meshes were tested in one direction, and oriented meshes were tested both parallel 

and perpendicular to the direction of fibre alignment. A total of 220 cycles were performed, and 

the modulus was reported based on the last cycle. Modulus was calculated from the linear region 

of the stress strain curve (typically between 10 and 18% strain) using a cross-sectional area based 

on an assumed 60% mesh porosity. Results are presented as mean ± standard deviation for n = 3 

meshes.  
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C.2.6 Formulation of the Model 

To accommodate the scale separation between the functional and structural scales of 

artificial tissues, a multiscale methodology was employed that incorporates the tissue 

microstructure directly. The scale-bridging method used in this study was the volume-averaging 

theory.29-30  A detailed description of the model can be found elsewhere 26, 31; a summary is given 

here.   

The model is developed in two scales: the microscopic scale, which provides a statistical 

representation of the microstructure and is called representative volume element (RVE); and the 

macroscopic scale, which represents the whole tissue. The RVE consists of a three-dimensional 

fibrillar network that is intended to replicate the fibre diameter, density and orientation of an 

electrospun mesh (Figure C.1). In the network, wherever two fibres intersect, they are connected 

by a crosslink that allows free rotation of the fibres and the mechanical response of the fibres is 

governed by a constitutive equation. The macroscopic scale is modelled with the finite element 

(FE) method. Separate RVEs are constructed around the Gauss points of the FE solution, and the 

macroscopic deformation field determines the deformation of the RVE boundary through the FE 

basis functions. The deformation of the RVE compels the fibres to deform, and the solution of 

the force balance among the fibres determines the local forces developed on the RVE. From the 

local RVE forces and using volume-averaging theory, the averaged Cauchy stress tensor is 

calculated for use at the macroscale (see Eq. (C.4)). The averaged Cauchy stress tensor is 

calculated at each Gauss point of the FE domain and then the macroscopic stress balance is 

solved. The mathematical formulation is nonlinear and requires iteration of the solution 

algorithm until convergence. The model accounts for the orientation of the network, the 

interaction among the fibres, and the realignment of the fibres during deformation. These 

phenomena play a key role in the mechanical response of the material and vary considerably 

from tissue to tissue. 
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Fig. C.1. SEM images and model representations of electrospun meshes. (a) Unorientated 
mesh formed from an 11 wt% solution onto a stationary target. Angular standard 
deviation is 67.5º and scale bar is 1 μm. (b) Orientated mesh formed from a 13.5 wt% 
solution onto a target rotating at 2.0 m/s. Angular standard deviation is 41.2º and scale 
bar is 10 μm.  

 

The RVEs were generated through a stochastic process 32. Nucleation sites (seeds) were 

generated randomly inside a cubic space and gave birth to two segments that grew in opposite 

directions along a randomly chosen vector. The segments grew progressively by a unit length 

until they collided with the RVE boundary or with another segment. In the former case, a 

boundary crosslink was generated, and in the later case, collision between two segments was 

defined when their distance was less than a prescribed fibre diameter, and an interior crosslink 

was generated at the point of collision. In both cases the crosslinked segment stopped growing. A 

fibre was defined as the line between two crosslinks associated with the same segment. Selecting 

the directional vectors from an anisotropic distribution allowed generation of networks with 

preferred alignments (Figure C.1(b)).   

 

 

 

a 

b 
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C.2.7 Governing Equations 

The formulation described above requires a fibre constitutive equation for the 

microscopic scale, the equation that provides the averaged Cauchy stress, given by volume-

averaging theory, and the stress balance for the macroscopic scale. Most polymers are 

incompressible and neo-Hookean 33, at least at moderate strains, and thus the polymer fibre 

constitutive equation used in this study is:  

 

2 1
f ff G A λ

λ
⎛ ⎞= −⎜ ⎟
⎝ ⎠                        (C.1) 

 

where f  is the force on the fibre, Gf  is the fibre shear modulus, Af is the cross-sectional area of 

the fibre, and λ is the fibre stretch ratio. For an incompressible material the elastic modulus, Ef , 

is three times as much as the shear modulus. To account for the decrease in the fibre cross-

section in response to stretching, Af  was computed as Af=Ao/λ, where Ao is the cross-sectional 

area of the unstretched fibre. 

The volume-averaged Cauchy stress tensor, S, was obtained from the microscopic stress 

tensor, s 34: 

 

1S s dVij ijV V
≡ ∫

                         (C.2) 

 

where V is the RVE volume and index notation is used throughout. Taking into account 

that ,ij kj ik kj i ks s s xδ= = , where δik is the Kronecker delta and x is the directional vector, the 

divergence theorem implies that 

 

1
ij i j

V
S x t dS

V ∂
= ∫

                       (C.3) 

 

where t is the traction exerted on the boundaries, V∂ , of the RVE. For a network of discrete 

fibres the integral of the traction is given by the forces on the boundary cross-links  35: 
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1
ij i j

boundary
crosslinks

S x f
V

= ∑

           (C.4) 

 

A detailed derivation of the macroscopic stress balance is given in Chandran and 

Barocas31. We assume microscopic equilibrium, , 0ij is = , and use Leibnitz’s theorem, to express 

divergence of the macroscopic stress tensor as: 

 

1 ( ) ,,S s S u n dSk i kij ijij i V V
= −∫

∂                      (C.5) 

 

where u is the displacement of the RVE boundary and n is the normal unit vector. The right hand 

side of Eq. C.5 is due to coupling between the non-uniform stress and the non-uniform 

deformation of the RVE boundary. 

 

C.2.8 Comparison of the Model to Experimental Measurements 

In order to compare model predictions of the elastic modulus to those measured 

experimentally for PEUUR meshes four model parameters had to be specified: fibre elastic 

modulus Ef , crosssectional area Ao, the fibre volume fraction, θ, and the network orientation. 

Fibre cross-sectional area and the network orientation were calculated from experimental 

measurements of fibre diameter and the angular standard deviation. The fibre volume fraction 

was set to 0.4 – to match the assumed volume fraction of the electrospun meshes – and the 

elastic modulus, Ef , was determined by fitting the model to the experimental stress–strain 

response for meshes electrospun from an 11.0 wt% solution. RVEs were generated, and their 

angular standard deviations were checked to match the experimental values. The simulations 

were repeated for four networks for each case studied, and the average value of the elastic 

modulus was taken. Uniaxial extension simulations were performed for rectangular slabs up to 

18% strain to permit comparison with experimental samples. 

 

 



Reprinted from Stylianopoulos T, Bashur CA, Goldstein AS, Guelcher SA, Barocas VH. Journal of the Mechanical 
Behavior of Biomedical Materials.1:326-35. 2008, with permission from Elsevier Science 

 166

C.2.9 Extension to Engineered Blood Vessels 

The computational approach was employed to simulate inflation tests of an engineered 

blood vessel. The purpose was to demonstrate the utility of this computational framework for the 

design of a scaffold suitable for tissue engineering, and studies were undertaken to predict the 

effect of (1) fibre orientation and (2) mesh thickness on the mechanical response of the 

engineered vessel.  Polymeric scaffolds have been used to construct small-diameter vascular 

grafts12, 36, and their mechanical properties have been compared to these of normal arteries. 11, 37 

As a measure for the vessel stiffness, the stiffness parameter, β, proposed by Hayashi et al. 38 has 

been used according to the following equation: 

 

ln( / ) ( / 1)s sP P D Dβ= −                        (C.6) 

 

where P is the pressure, D is the diameter of the vessel, and Ps (=100 mmHg) and Ds are 

standard pressure and diameter, respectively. The stiffness parameter is calculated in the 

physiological pressures region (60–140 mmHg); a higher β value indicates a stiffer vessel.   

Here, illustrative simulations of inflation tests were performed for vessel dimensions 

similar to those reported by Matsuda et al.12. The simulated vessel had length 4 cm, thickness 

250 μm, and inner diameter 3.0 mm. The model parameters were a fibre volume fraction, θ, of 

0.4, a fibre diameter of 0.9 μm, and the elastic modulus, Ef , of 18 MPa. The vessel was inflated 

to 150 mmHg luminal pressure in 10 mmHg increments, and the expansion of the lumen was 

predicted. To study the effect of fibre orientation on the mechanical response of the vessel, three 

different fibre orientations were used: isotropic, axial and circumferential. The isotropic network 

was circumferentially aligned with an angular standard deviation of 64º, while orientated 

networks were either axially and circumferentially aligned with an angular standard deviation of 

40º. The model predictions were compared to the response of a typical human intracranial artery. 

38 The thickness of the simulated vessel was then varied to find the vessel thickness that 

exhibited the same mechanical behaviour as the human artery. The stiffness parameter, β, was 

also calculated and compared to published data for native and engineered arteries. 
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C.3 Results 
 

C.3.1 Comparison of the Model to Experimental Measurements 

Three cast dogbones of the PEUUR were tested to 400% uniaxial strain and the elastic 

ensile modulus was determined from the slope of the linear part of the stress–strain curves. The 

average value of the elastic modulus was 2.7 MPa.  

The experimental results are summarized in Tables C.1 and C.2. Table C.1 shows the 

elastic modulus for isotropic meshes prepared from concentrations of 11.0 and 13.5 wt% in 

HFIP. The data suggest that the elastic modulus of the scaffolds is sensitive to the polymer 

solution concentration. Table C.2 shows the experimental measurements for 13.5 wt% 

concentration with 0, 2.0, and 4.4 m/s drum velocities. The moduli parallel (║) and 

perpendicular (┴) to fibre alignment are also presented. Here, the modulus parallel to the fibre 

alignment increased systematically with decreasing angular standard deviation while the 

modulus perpendicular to the fibre alignment decreased with increasing alignment. 
 

Table C.1. Measured fiber diameter, angular standard deviation and elastic modulus for 
PEUUR meshes electrospun from 11 and 13.5 wt% solutions onto a stationary target. 
Mean and standard deviations for fiber diameter and angle were calculated from n≥150 
individual fibers.  Mean and standard deviation for modulus were calculated for the 220th 
cycle for n=3 meshes. 
 

Concentration in 
HFIP (wt%) 

Fiber diameter 
(μm) 

Angular 
standard 
deviation (o) 

Modulus (MPa) 

11.0 0.53 ± 0.26 67.5 0.63 ± 0.27 

13.5 0.90 ± 0.49 54.6 0.89 ± 0.44 

 

Table C.2. Measured fiber diameter, angular standard deviation and elastic modulus for 
PEUUR meshes electrospun from 13.5 wt% solution at different rotation rates. Modulus 
was determined both parallel (||) and perpendicular (⊥) to the direction of rotation. Mean 
and standard deviations for fiber diameter and angle were calculated from n≥150 
individual fibers.  Mean and standard deviation for modulus were calculated for the 220th 
cycle for n=3 meshes. 
 

Speed (m/s) Fiber diameter 
(μm) 

Angular standard 
deviation (o) 

Modulus (MPa) 

Stationary 0.90 ± 0.49 54.6 0.89 ± 0.44 
2.0   || 0.63 ± 0.30 41.2 1.41 ± 0.81 
2.0  ⊥ 0.63 ± 0.30 41.2 0.57 ± 0.17 
4.4  ||   0.57 ± 0.29 29.9 3.04 ± 1.87 
4.4  ⊥ 0.57 ± 0.29 29.9 0.56 ± 0.16 
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The computational model was fit to the stress–strain curve for a PEUUR mesh 

electrospun from an 11.0 wt% solution (Figure C.2). The resultant best fit for the fibre Young’s 

modulus, Ef , was found to be 18 MPa (Figure C.2), which is more than six times greater than 

the measured modulus for the solution-cast polymer. The computed moduli are presented in 

Figures C.3 and C.4. At the same figures the experimental moduli, as given in Tables C.1 and 

C.2, are plotted in order to illustrate the comparison between theory and experiment. The 

predicted moduli for isotropic meshes were 0.64 MPa for a fibre diameter of 0.53 μm and 0.90 

MPa for a fibre diameter of 0.9 μm. The predicted moduli for 41.2º angular standard deviation 

(2.0 m/s drum velocity) were 1.14 MPa (||) and 0.37 MPa (┴) and for 29.9º angular standard 

deviation (4.4 m/s drum velocity) were 2.60 MPa (||) and 0.33 MPa (┴). Here, the computed 

moduli of the meshes is lower than that of an individual fibre, Ef , because of volume fraction 

and network effects. From the comparison of the predicted and experimental moduli we conclude 

that the model predictions of the modulus were not significantly different from the experimental 

data for the isotropic meshes and the modulus parallel to the fibre direction for the orientated 

meshes (p > 0.77 in all cases). However, the model significantly underpredicted the tensile 

moduli perpendicular to the direction of stretching for the orientated meshes (p < 0.01). 
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Fig. C.2. Experimental (squares) and computed (curve) stress–strain curve for PEUUR 
mesh electrospun from 11 wt% solution in HFIP. 
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Fig. C.3 Experimental (black bar) and computed (white bar) moduli for PEUUR meshes 
electrospun from 11 (diameter 0.53 μm) and 13.5 wt% (diameter 0.90 μm) solutions at 
stationary drum. The standard deviations are also depicted. 
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Fig. C.4. Experimental (black bar) and computed (white bar) moduli for PEUUR meshes 
electrospun from 13.5 wt% solution at rotation rates of 2.0 m/s (41.2º) and 4.4 m/s (29.9º) 
parallel (Fig. 9(a)) and perpendicular (Fig. 9(b)) to fibre alignment. The standard 
deviations are also depicted. 
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C.3.2 Extension to Engineered Blood Vessels 

The predicted pressure–diameter response of the vessel for the three different orientations 

is shown in Figure C.5. In the same figure, the pressure–diameter response of a typical human 

intracranial artery is also shown 38. The shadowed area in the plot indicates the physiological 

pressure range. The model predicts that an axially orientated vessel is the most compliant, and 

the vessel stiffens with increasing circumferential orientation. The model predicts that PEUUR 

vessels would not follow the low-pressure response of normal arteries, which are very compliant 

because of the uncrimping and reorganization of the collagen fibres 39. At physiological 

pressures, however, the collagen fibres are under tension and the artery is stiffer than that 

predicted for a PEUUR vessel.  Next, the wall thickness of the circumferentially orientated 

vessel was increased to 1000 μm to match the stiffness of the human intracranial artery (Figure 

C.6). The stiffness parameter (β), as calculated from the predicted pressure diameter curves of 

Figure C.6 using Eq. (C.6), was 15.8 for 1000 μm wall thickness, as compared to 9.1 predicted 

for 250 μm thickness PEUUR vessel and 21.2 for a normal intracranial artery. For comparison, 

the thickness of the human intracranial artery is 100 μm 38, which is thinner than either PEUUR 

vessel models.  
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Fig. C.5. Initial and inflated at 150 mmHg luminal pressure configuration of the blood 
vessel (left). Pressure vs. inner diameter response of the vessel for random (squares), 
axially orientated (circles), and circumferentially orientated (triangles) meshes, and for a 
human intracranial artery 38 (solid). 
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Fig. C.6. Pressure vs. inner diameter response for circumferentially orientated 
meshes for 250 μm (triangles) and 1000 μm (crosses) wall thickness, and for an 
intracranial artery 38 (solid). 
 

 

C.4 Discussion 

The tensile properties of electrospun polyurethanes were measured as a function of fibre 

diameter and orientation, and compared to those predicted using a mathematical model for 

fibrous networks. The experimental results revealed that the tensile properties of fibrous meshes 

are sensitive to the microstructural architecture. Aligned samples showed mechanical anisotropy 

consistent with their structural anisotropy. In particular, the moderately aligned samples (2.0 m/s 

drum velocity) exhibited a ratio of 2.5 between parallel and perpendicular modulus, while the 

more highly aligned samples (4.4 m/s drum velocity) exhibited a ratio of 5.4. Computational 

model predictions of the tensile properties were in good agreement with the experimental 

measurements for isotropic meshes and for anisotropic meshes in the direction parallel to fibre 

orientation. However, the model underpredicted the experimentally determined modulus for 

anisotropic meshes in the direction perpendicular to fibre orientation.  

Simulated inflation tests of tubular meshes were performed to illustrate the utility of our 

computational approach to the design of engineered blood vessels. Here, our objective was to 

apply the model to predict the structure of the PEUUR scaffold (vessel thickness and network 
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orientation) that would match the strength of normal tissue. The studies showed that a 

circumferentially-orientated network is stiffer than the other two network orientations tested, as 

was expected. In addition, the model predicted that a circumferentially-orientated PEUUR 

network would need to be 1000 μm thick to match the pressure–diameter response of a typical 

human intracranial artery. However, the model predicts that such a mesh would not possess the 

toe-in mechanical response intrinsic to blood vessels.  

The stiffness parameter β of the simulated PEUUR vessels ranged from 9.1 to 15.8 

depending on the wall thickness. Table C.3 presents the β values predicted by the model along 

with experimental measurements for vessels made from polyurethane and for native arteries. The 

model predictions are within the range of β values reported in experimental studies for 

polyurethanes. Furthermore, comparison between the stiffness of native and simulated arteries 

suggests that polyurethane grafts can be designed with the mechanical properties of soft arteries. 

To achieve the properties of relatively stiff arteries, such as the intracranial artery considered in 

this study, the model suggests that the mesh thickness be increased and fibre orientation altered. 

However, additional options that could be tested readily using this model include increasing the 

fibre modulus – to simulate stiffer biomaterials (e.g. PLCL 40 or PTFE 37) – and decreasing mesh 

porosity.  

 

Table 12. β-values predicted by the model and measured for different materials. 

vessel type polyurethane 
(model) polyurethane11,12 carotid11 femoral11  intracranial38 

β 9.1-15.8 8.4-29.5 5.25 19.84 21.2 

 

The agreement of model predictions with experimentally determined mesh properties 

provides insights into the mechanics of electrospun networks under uniaxial strain, while 

discrepancies reveal limitations of the model framework. In particular, two discrepancies were 

identified. First, although a PEUUR modulus 2.7 MPa was measured for cast films, a fibre 

modulus, Ef , of 18 MPa was required in order to match the model prediction to the experimental 

data in Figure C.2. Second, although the model was able to accurately predict moduli parallel to 

fibre alignment, it underestimated moduli perpendicular to fibre alignment. Both of these 
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discrepancies may have resulted from assumptions that were built into the computational model 

as well as differences between the RVEs and real electrospun meshes structures.  

Two intrinsic assumptions of this model – which was originally developed for collagen 

fibres (typically 50–200 nm in diameter) – are that bending forces are negligible and that fibres 

can rotate freely at crosslinks. These assumptions result in a model that considers only tensile 

strain, and therefore should generate predictions of mesh modulus that are independent of fibre 

diameter. Interestingly, the computational model predicts an increase in modulus with increasing 

fiber diameter (Figure C.3), but this increase likely reflects a decrease in the angular standard 

deviation (Table C.1). Because beam mechanics predicts that bending force scales as fibre 

thickness cubed, incorporation of fibre bending into our model should cause the mesh modulus 

to increase with increasing fibre diameter. Evidence of this trend has been observed previously 20, 

21 although contrary data have also been reported. 41 A more detailed analysis of the mechanics of 

fibre networks, where fibre bending was incorporated, can be found in Wang et al.42 and Wang 

and Sastry43. In those studies, Euler-Bernoulli beam theory was used for fibre length/diameter 

aspect ratios greater than five, while for lower aspect ratios Timoshenko beam theory was 

employed to account for deformation due to transverse shear. According to Head et al.44 bending 

dominates in networks that possess a low fibre density or that consist of relatively short fibres. In 

contrast, networks with high fibre density or long fibre length are dominated by fibre stretching. 

Incorporation of bending into our model is expected to increase the stiffness of the scaffolds, and 

would likely result in a lower value for the fitted parameter Ef . In addition, because fibre 

bending is more pronounced when the meshes are stretched perpendicular to their direction of 

alignment, incorporation of bending into our model might increase predictions of modulus 

perpendicular to fibre alignment.  

The properties of fibre crosslinks (e.g. geometry, restriction to fibre motion) also can 

affect the modulus of the mesh. 45 showed that the geometry of a crosslink and the angle that is 

formed between two connected fibres affect the network forces under loading. In addition, fixed 

crosslinks provide additional rigidity to fibre networks when fibre bending is not negligible. 44,46 

In our model we permitted free rotation at crosslinks. This likely diminished the predicted 

modulus of our meshes, especially in the case of strain applied perpendicularly to fibre 

orientation, where reorientation of the fibres is expected to be significant.  
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Finally, the model predictions can be affected by the equation used to describe the 

response of the fibre Eq. (C.1). In this study we treated the PEUUR fibres as a neo-Hookean 

material based on our experience on modelling polymer networks. Alternatively, 

phenomenological exponential expressions have be used  26,32 that predict an almost zero force in 

compression to account for buckling of the fibres. The incorporation of fibre buckling into our 

model is not expected to affect significantly the tensile mechanical properties of the scaffolds, 

particularly for the properties parallel to the direction of strain as buckling is expected to occur 

primarily in the transverse direction.  

In addition to limitations with the model assumptions, differences between model and 

experimental data may also have stemmed from our inability to determine accurately the 

properties of our electrospun mesh, including crosslink density, spatial homogeneity of mesh 

architecture and mesh porosity. From SEM images (Figure C.1) the diameter and orientation of 

individual fibres can be readily determined and used to generate RVEs. However, crosslinks 

between adjoining fibres cannot be unambiguously identified, and consequently their densities 

could not be incorporated into the design of RVEs. In addition, the RVEs were generated based 

on SEM images of the topmost fibres in a mesh.  Microarchitecture (e.g. fibre diameter, 

orientation, angular standard deviation) was assumed to be uniform throughout the mesh 

thickness, but spatial homogeneity of mesh architecture was not verified. Finally, the fibre 

volume fractions of the PEUUR meshes were not determined. Instead, volume fraction was 

assumed to be 40% for all samples, based on the mercury intrusion porosimetry data of Kwon et 

al. 14   

Another limitation of this study is the small n value in the test data (n = 3). A larger 

sample size might have resulted in more accurate measurements for the mechanical properties of 

the meshes and would allow us to determine better the model accuracy.   

The inclusion of a fitted parameter, Ef , in the model allowed us to compensate for 

limitations in the model assumptions as well as differences between the RVEs and real fibre 

meshes. In particular the high fitted value, Ef = 18 MPa, relative to the PEUUR modulus, E = 2.7 

MPa, suggests that fibre bending and rigidity at fibre crosslinks may not be negligible. In 

addition, this discrepancy suggests that the volume fraction and crosslink density of the RVEs 

are underestimates of the true mesh properties. We must note, though, that the differences 

between the bulk modulus and Ef may have stemmed from differences in the processing 
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conditions used to produce solution cast films and electrospun meshes. Mechanical processing 

techniques, such as fibre spinning and film drawing are known to produce anisotropy in 

mechanical properties, 47 and electrospinning – in particular – has been shown to cause strain-

induced hardening.48  

To conclude, the mechanisms that govern the macromechanical behaviour of tissues and 

tissue constructs is not yet well understood. In our work, we permitted nonaffine fibre 

deformations, based on research on network mechanics,49 and the position of the fibres was 

determined by the solution of a force balance. Here, the accuracy of the model predictions 

depends largely on the micromechanics of the fibre network (e.g. fibre stretching, bending, 

buckling, crosslink bending). This approach differs from affine deformation models50-52 in which 

fibres do not interact with each other but are treated as a collection of independent units 

embedded in the tissue matrix. In affine models, the fibres rotate and stretch homogeneously 

with the macroscopic deformation and the model predictions depend only on the fibre 

mechanical properties. Although nonaffine models are computationally more intensive, they 

should be more accurate because they account for microscopic network effects. Their accuracy, 

nevertheless, depends on the extent to which they capture the micromechanics of the network.  
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Appendix D: Computer Macros 
 

D.1 ImagePro Macro to Take Fluorescent Images 

 
' Default Script 
Option Explicit 
 
'To systematically colect fluorescent images  
'Modified from "CollectImages" by Michelle Kreke 
'Last modified March, 25 2009 by Chris Bashur 
 
Sub CollectImages_Chris 
 Dim Iname As String*255, XX As String*2, str1 As String*255 
 Dim Axis(4) As String, Phase(4) As String, cont As String, i As Integer 
 Dim j As Integer, k As Integer, pic As Integer 
 Dim num_filters As Integer, intens(4) As Integer, direction As Integer,dend As Integer 
 Dim XPos As Single, YPos As Single, ZPos As Single  
  
 ret = IpStageShow(1) 
 ' The program has its own routine, click physical limits of the stage 
 cont = "yes" 
 Do While cont = "yes" 
  'set file names 
  ret = IpStGetName("Select Name and Destination","C:\RESULTS","*.TIF", Iname) 
  Iname = Trim$(Replace(Iname, Chr$(0)," ")) 
   
  Axis(1)="R" 
  Axis(2)="L" 
  Axis(3)="L1_" 
  Axis(4)="R1_" 
   
  'Set the origin for the stage 
  ret = IpMacroStop("Move stage to middle of mesh", MS_MODAL 
  ipStgVal = STG_CURRENT 
  ret = IpStageControl(SETORIGIN, ipStgVal) 
   
  'Define settings for the coverslip 
  ipLVal = 150 
  ret = IpAcqControl(49, 0, ipLVal) 
  ret=IpStGetInt("Enter the amount of pictures at each position",num_filters,2,1,4) 
  For i=1 To num_filters Step 1 
   ret=IpStGetInt("Enter the exposure time in ms",intens(i),15,5,10000) 
  Next i  
   
  'Set the type of picture file extensions every time 
  pic = 5 
   
  Phase(1)="_dapi_" 
  Phase(2)="_WG_" 
  Phase(3)="_WG_" 
   
  'determine picture taking directions 
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  direction = 1  '=2 if images in all directions, =1 if just one direction (for slides) 
   
  If direction = 1 Then dend = 2 
  If direction = 2 Then dend = 4 
   
  For i=1 To dend Step 1  
   XPos = 0 
   YPos = 0   
   ZPos = 0.0 
   ret = IpStageXY(XPos,YPos) 
   ret = IpStageZ(ZPos) 
   For j=1 To pic Step 1 
     
    If direction = 2 Then  
     If i=1 Then XPos = j*12/pic   'old YPos 7.5 
     If i=2 Then XPos = -j*12/pic   'old YPos -7.5 
     If i=3 Then XPos = -j*12/pic   'old XPos 7.5 
     If i=4 Then XPos = j*12/pic   'old Xpos -7.5 
    End If 
     
    If direction = 1 Then 
     If i=1 Then XPos = j*12/pic 'And Axis(1)="L"   'XPos as 20 
     If i=2 Then XPos = -j*12/pic 'And Axis(2)="R"  
     'If i=1 Then YPos = j*3/pic 'And Axis(1)="U"  'XPos as 20 
     'If i=2 Then YPos = -j*3/pic 'And Axis(2)="D"  
    End If 
     
    ret = IpStageXY(XPos,YPos) 
    ret = IpAcqShow(ACQ_LIVE, 1) 
    ret = IpMacroStop("Click when image is focused", MS_MODAL) 
    ret = IpAcqShow(ACQ_LIVE, 0) 
    For k=1 To num_filters Step 1 
     ipLVal = intens(k) 
     ret = IpAcqControl(49, 1, ipLVal) 
     XX=CStr(j) 
     If Len(Trim$(XX))=1 Then XX="0"+Trim$(XX) 
     str1=Trim$(Iname)+Phase(k)+Axis(i)+XX+".tif" 
     Debug.Print str1 
     ret = IpAcqSnap(ACQ_CURRENT) 
     ret = IpWsConvertImage(IMC_GRAY, CONV_SCALE , 0, 0, 0, 0) 
     IpDocClose 
     ret = IpWsSaveAs(str1, "tif") 
     If k<>num_filters Then IpMacroWait(45) 
    Next k 
   Next j 
  Next i 
 ret = IpMacroStop("Are there more wells?", MS_MODAL + MS_YESNO) 
 If ret = 0 Then cont = "no" 
 Loop 
End Sub 
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D.2 ImagePro Macro to Overlay Fluorescent Images 
 
Sub OverlayImages 
 Dim str1(4) As String* 255, XX As String*2 
 Dim Iname(3) As String*255, root(3) As String*255, num_filters As Integer, colorID(3) As Integer 
 Dim j As Integer, i As Integer, ImID(3) As Integer, numobj As Integer 
 Dim AxisStart As Single, AxisStop As Single, IndexStart As Single, IndexStop As Single 
 Dim stats(10) As Single, Inten(10) As Single, diff(2) As Single, index(2) As Single 
 Dim k As Integer, m As Integer, Columns As Integer 
  
 Dim Axis(4) As String 
 Axis(1)="R"   'U 
 Axis(2)="L"  'R 
 Axis(3)="L2_"  'D 
 Axis(4)="R2_"  'L 
 IpOutputShow(1) 
 IpOutputClear() 
 ret = IpLutShow(1) 
  

'Get File Names 
 ret = IpTemplateMode(1) 
 ret=IpStGetInt("Enter the amount of pictures at each position",num_filters,3,1,3) 
  
 For j=1 To num_filters Step 1  
  ret = IpStGetName("Select Phase Image Set (red,green,blue","C:\RESULTS","*.TIF", Iname(j)) 
  root(j)=Replace(Iname(j),Chr$(0)," ") 
  IpOutput(root(j)+Chr$(13)+Chr$(10)) 
  i=Len(Trim$(root(j))) 
  root(j)=Left$(Trim$(root(j)), (i-7)) 'i-7 
 Next j 
  

'allows for appropriate scale bar to be added 
 ret = IpSCalSelect("Ocra 10x bin 2")            'adjust if different calibration  
 ret = IpSCalShow(1) 
 ret = IpWsCreate(400, 400, 72, IMC_RGB) 
  
 Begin Dialog UserDialog 294,203 ' %GRID:10,10,1,0 
  OKButton 38,162,90,19 
  CancelButton 164,162,90,20 
  Text 54,6,163,18,"Click when scale bar set" 
  TextBox 164,35,90,20,.TextBox1 
  Text 32,40,90,14,"Start Axis",.Text1 
 End Dialog 
 Dim dlg11 As UserDialog  'sets the default number of pictures in each direction 
 dlg11.TextBox1 = "1" 
 If Dialog(dlg11)=0 Then End 
  
 ret = IpDocClose() 
  
 ret = IpTemplateMode(0) 

'Select Range of Images 
 Begin Dialog UserDialog 294,203 ' %GRID:10,10,1,0 
  OKButton 38,162,90,19 
  CancelButton 164,162,90,20 
  Text 54,6,163,18,"Select Range of Images" 
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  TextBox 164,35,90,20,.TextBox1 
  TextBox 164,65,90,20,.TextBox2 
  TextBox 164,95,90,20,.TextBox3 
  TextBox 164,125,90,20,.TextBox4 
  Text 32,40,90,14,"Start Axis",.Text1 
  Text 32,70,90,14,"Stop Axis",.Text2 
  Text 32,100,90,14,"Start Position",.Text3 
  Text 32,130,90,14,"Stop Position",.Text4 
 End Dialog 
 Dim dlg1 As UserDialog  'sets the default number of pictures in each direction 
 dlg1.TextBox1 = "1" 
 dlg1.TextBox2 = "4" 
 dlg1.TextBox3 = "1" 
 dlg1.TextBox4 = "5" 
 If Dialog(dlg1)=0 Then End 
 AxisStart = CSng(dlg1.TextBox1) 
 AxisStop = CSng(dlg1.TextBox2) 
 IndexStart = CSng(dlg1.TextBox3) 
 IndexStop = CSng(dlg1.TextBox4) 
 
  

'Collect and combine images 
 For i=AxisStart To AxisStop Step 1 
  For j=IndexStart To IndexStop Step 1 
   IpOutput("Axis "+CStr(i)+", Index "+CStr$(j)) 
   XX=CStr(j) 
   If Len(Trim$(XX))=1 Then XX="0"+Trim$(XX) 
   For k=1 To num_filters Step 1  
    str1(k) = Trim$(root(k))+Axis(i)+XX+".tif" 
    ImID(k) = IpWsLoad(str1(k), "TIF") 
   Next k 
    
    
   For k=1 To 3 Step 1 
    colorID(k)=-1 
   Next k 
   For k=1 To num_filters Step 1 
    colorID(k)=((j-1+(i-1)*IndexStop)*(num_filters+2)+(k-1)) 
   Next k 
    
   ret = IpCmChannelMerge3(0, colorID(1),colorID(2) ,colorID(3) , CM_RGB, 1)    
    'colorID(1)->red colorID(3)->blue 
   ret = IpWsConvertImage(IMC_RGB, CONV_SCALE, 0, 0, 0, 0) 
   ret = IpSCalSelect("Ocra 10x bin 2") 
   ret = IpWsPaste(16, 468)        
   'add scale bar 
   str1(4) = Trim$(root(1))+"overlay"+Axis(i)+XX+".tif" 
   ret = IpWsSaveAs(str1(4), "tif") 
   ret = IpDocMinimize() 
   ret = IpAppSelectDoc(0) 
   ret = IpDocClose() 
   ret = IpAppSelectDoc(1) 
   ret = IpDocClose() 
   ret = IpAppSelectDoc(2) 
   ret = IpDocClose() 
   If num_filters = 3 Then 
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    ret = IpAppSelectDoc(3) 
    ret = IpDocClose() 
   End If 
    
    

'Determine Next Image 
 Begin Dialog UserDialog 390,180 ' %GRID:10,7,1,1 
  GroupBox 20,14,140,112,"Select Image Pair",.GroupBox1 
  OKButton 50,140,90,21 
  PushButton 240,140,90,21,"QUIT",.PushButton1 
  TextBox 250,42,90,21,.TextBox1 
  TextBox 250,77,90,21,.TextBox2 
  Text 200,49,40,14,"axis",.Text1 
  Text 200,77,40,14,"index",.Text2 
  Text 220,14,110,14,"Other Image Pair",.Text3 
  OptionGroup .Group1 
   OptionButton 50,42,70,14,"Next",.OptionButton1 
   OptionButton 50,70,90,14,"Previous",.OptionButton2 
   OptionButton 50,98,90,14,"Other",.OptionButton3 
 End Dialog 
  
 Dim dlg2 As UserDialog 
 dlg2.TextBox1="1" 
 dlg2.TextBox2="2" 
  
 If Dialog(dlg2)=1 Then 
  i=AxisStop 
  j=IndexStop 
 ElseIf dlg2.Group1=1 Then 
  j=j-2 
  If j=-1 Then 
   j=IndexStop-1 
   i=i-1 
   If i=0 Then  
    i=1 
    j=0 
   End If 
  End If 
 ElseIf dlg2.Group1=2 Then 
  i=CSng(dlg2.TextBox1) 
  j=CSng(dlg2.TextBox2)-1 
 End If  
   If j=IndexStop Then  
    Columns=7*(i)+1 
    ret = IpDde(DDE_SET, "col", Str$(Columns)) 
    ret = IpDde(DDE_SET, "row", "3") 
   End If 
  Next j 
 Next i  
  
End Sub 
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D.3 ImagePro Macro to Analyze Fluorescent Images 

 
Sub AnalyzeCellMorphology 
 Dim str1 As String* 255, str2 As String*255, XX As String*2 
 Dim Iname1 As String*255, Iname2 As String*255, root1 As String*255, root2 As String*255 
 Dim j As Integer, i As Integer, ImID1 As Integer, ImID2 As Integer,  

Dim ImID3 As Integer, ImID4 As Integer, numobj As Integer 
 Dim AxisStart As Single, AxisStop As Single, IndexStart As Single, IndexStop As Single 
 Dim stats(10) As Single, Inten(10) As Single, diff(2) As Single, index(2) As Single 
 Dim k As Integer, m As Integer, Columns As Integer, check As Integer 
  
 Dim Axis(4) As String 
 Axis(1)="R" 
 Axis(2)="L" 
 Axis(3)="L1_" 
 Axis(4)="R1_" 
 IpOutputShow(1) 
 IpOutputClear() 
 

'Get File Names 
 ret = IpTemplateMode(1) 
 ret = IpStGetName("Select Phase Image Set","C:\RESULTS","*.TIF", Iname1) 
 root1=Replace(Iname1,Chr$(0)," ") 
 IpOutput(root1+Chr$(13)+Chr$(10)) 
 ret = IpStGetName("Select Fluorescent Image Set","C:\RESULTS","*.TIF", Iname2) 
 root2=Replace(Iname2,Chr$(0)," ") 
 IpOutput(root2+Chr$(13)+Chr$(10)) 
 ret = IpTemplateMode(0) 
 i=Len(Trim$(root1)) 
 root1=Left$(Trim$(root1), (i-7)) 'i-7 
 i=Len(Trim$(root2)) 
 root2=Left$(Trim$(root2), (i-7)) 'i-7 
 
'Select Range of Images 
 Begin Dialog UserDialog 294,203 ' %GRID:10,10,1,0 
  OKButton 38,162,90,19 
  CancelButton 164,162,90,20 
  Text 54,6,163,18,"Select Range of Images" 
  TextBox 164,35,90,20,.TextBox1 
  TextBox 164,65,90,20,.TextBox2 
  TextBox 164,95,90,20,.TextBox3 
  TextBox 164,125,90,20,.TextBox4 
  Text 32,40,90,14,"Start Axis",.Text1 
  Text 32,70,90,14,"Stop Axis",.Text2 
  Text 32,100,90,14,"Start Position",.Text3 
  Text 32,130,90,14,"Stop Position",.Text4 
 End Dialog 
 Dim dlg1 As UserDialog  'sets the default number of pictures in each direction 
 dlg1.TextBox1 = "1" 
 dlg1.TextBox2 = "4" 
 dlg1.TextBox3 = "1" 
 dlg1.TextBox4 = "5" 
 If Dialog(dlg1)=0 Then End 
 AxisStart = CSng(dlg1.TextBox1) 
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 AxisStop = CSng(dlg1.TextBox2) 
 IndexStart = CSng(dlg1.TextBox3) 
 IndexStop = CSng(dlg1.TextBox4) 
 
 IpSCalShow(1)  
 ret = IpDde(DDE_SET, "row", "3") 
     ret = IpDde(DDE_SET, "col", "1") 
     ret = IpDde(DDE_SET, "append", "1") 
 

'Collect and Process Images and export to excel 
 For i=AxisStart To AxisStop Step 1 
  For j=IndexStart To IndexStop Step 1 
   IpOutput("Axis "+CStr(i)+", Index "+CStr$(j)) 
   XX=CStr(j) 
   If Len(Trim$(XX))=1 Then XX="0"+Trim$(XX) 
   str1 = Trim$(root1)+Axis(i)+XX+".tif" 
   ImID1 = IpWsLoad(str1, "TIF") 
   ret = IpSCalSelect("Ocra 10x bin 2")        'sets calibration (change before running macro) 
   str2 = Trim$(root2)+Axis(i)+XX+".tif" 
   ImID2 = IpWsLoad(str2, "TIF") 
    
   ret = IpSCalSelect("Ocra 10x bin 2")   'sets calibration (change before running macro) 
   ret = IpLutShow(1) 
    
   'set required contrast and brightness by the number of images 
   ipICal(0) = 1200 
   ipICal(1) = 4095 
   ret = IpBlbMultiRanges(ipICal(0), 1) 
   ret = IpBlbCount() 
    
    
   ret = IpBlbEnableMeas(BLBM_DENSITY, 1) 
   ret = IpBlbEnableMeas(BLBM_DENSDEV, 1) 
   ret = IpBlbMultiRanges(ipICal(0), 1) 
   ret = IpSegShow(0) 
    
   ipICal(0) = 0 
   ipICal(1) = 4095 
   ret = IpBlbMultiRanges(ipICal(0), 1) 
    
   index(1) = 50 
   index(2) = 50 
   'ret = IpLutSetAttr(LUT_GAMMA, 300) 
   'ret = IpLutApply() 
   ret = IpLutSetAttr(LUT_BRIGHTNESS, index(1)) 
   ret = IpLutSetAttr(LUT_CONTRAST, index(1)) 
   ret = IpLutApply() 
   m=0 
   diff(1)=50    '50 
   diff(2)=50    '50 
   check=0 
    
   'make loop to adjust images 
   Do While (Abs(diff(2)) + Abs(diff(1)) > 30) 
    m=m+1 
    k=0 
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    diff(2)=50 
    diff(1)=50 
    check=0 
    Do While Abs(diff(2)) > 5 'Or check=1) 
     k=k+1 
     ret = IpBlbCount() 
     ret = IpBlbUpdate(0) 
     ret = ipblbget(GETRANGESTATS, 1, BLBM_DENSDEV, stats(5))  
     ret = ipblbget(GETRANGESTATS, 1, BLBM_DENSITY, Inten(5)) 
  
     diff(1) = 1600 - Inten(10) '1600 
     diff(2) = 450 - stats(10) '450 
     ret = IpWsUndo(0) 
     index(2) = index(2)+diff(2)/130 
     ret = IpLutSetAttr(LUT_CONTRAST, index(2)) 
     ret = IpLutSetAttr(LUT_BRIGHTNESS, index(1)) 
     ret = IpLutApply() 
     If k>5 Then diff(2)=1  
    Loop 
    k=0 
    check=0 
    Do While Abs(diff(1)) > 15 'Or check=1 
     k=k+1 
     ret = IpBlbCount() 
     ret = IpBlbUpdate(0) 
     ret = ipblbget(GETRANGESTATS, 1, BLBM_DENSDEV, stats(5)) 
     ret = ipblbget(GETRANGESTATS, 1, BLBM_DENSITY, Inten(5))  
     diff(1) = 1600 - Inten(10) 
     diff(2) = 450 - stats(10) '450 
     ret = IpWsUndo(0) 
     index(1) = index(1)+diff(1)/250 
     ret = IpLutSetAttr(LUT_BRIGHTNESS, index(1)) 
     ret = IpLutSetAttr(LUT_CONTRAST, index(2)) 
     ret = IpLutApply() 
     If k>5 Then diff(1)=1 
    Loop 
     If k>5 Then diff(1)=50  
     Debug.Print " Pixel deviation"; stats(10) 
     Debug.Print " Pixel density"; Inten(10) 
     Debug.Print " number of loops"; m 
    If m>3 Then   '10 
     diff(2)=1 
     diff(1)=1 
    End If 
    If diff(2)=450 Then  
     diff(1)=1 
     diff(2)=1 
    End If  
   Loop 
    
   'ret = IpWsDuplicate() 
   ret = IpSCalSelect("Ocra 10x bin 2")   'sets calibration (change before running macro)  
   ret = IpDocMove(249, 135) 
   ret = IpBlbShow(1) 
   ret = IpBlbEnableMeas(BLBM_ASPECT, 1) 
   ret = IpBlbEnableMeas(BLBM_DIRECTION, 1) 
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   ret = IpBlbEnableMeas(BLBM_MAJORAX, 1) 
   ret = IpBlbEnableMeas(BLBM_DENSITY, 1) 
   ret = IpBlbEnableMeas(BLBM_DENSDEV, 1) 
   ret = IpBlbSetFilterRange(BLBM_AREA, 250, 500000) 
       
   'ret = IpFltSobel  

'image processing cell count (apply sobel filter no iphstequalize, cutoff 300 to 4095), fill holes (1) 
   'ret = IpLutSetAttr(LUT_BRIGHTNESS, 73) 
   ipICal(0) = 1700 
   ipICal(1) = 4095 
   ret = IpBlbMultiRanges(ipICal(0), 1) 
   ret = IpSegShow(0) 
   ret = IpBlbSetAttr(BLOB_FILLHOLES, 1) 
   ret = IpBlbSetAttr(BLOB_SMOOTHING,3) 
   ret = IpBlbCount() 
   ret = IpBlbSplitObjects(3) 
   'stats(10)=0 
   'ret = ipblbget(GETRANGESTATS, 1, 0, stats(5)) 
   'Debug.Print " Cell Area"; stats(10) 
   ret = IpBlbUpdate(0)       
               stats(10)=0 
             
               ret = IpBlbUpdate(4) 
   ret = IpDde(DDE_SET, "target", "C:\Microsoft Office\Office\EXCEL.EXE") 
   If j=1 Then ret = IpBlbSaveData("",  S_HEADER)   'not working properly 
   ret = IpDde(DDE_SET, "append", "1") 
          

'Determine Next Image 
 Begin Dialog UserDialog 390,180 ' %GRID:10,7,1,1 
  GroupBox 20,14,140,112,"Select Image Pair",.GroupBox1 
  OKButton 50,140,90,21 
  PushButton 240,140,90,21,"QUIT",.PushButton1 
  TextBox 250,42,90,21,.TextBox1 
  TextBox 250,77,90,21,.TextBox2 
  Text 200,49,40,14,"axis",.Text1 
  Text 200,77,40,14,"index",.Text2 
  Text 220,14,110,14,"Other Image Pair",.Text3 
  OptionGroup .Group1 
   OptionButton 50,42,70,14,"Next",.OptionButton1 
   OptionButton 50,70,90,14,"Previous",.OptionButton2 
   OptionButton 50,98,90,14,"Other",.OptionButton3 
 End Dialog 
  
 Dim dlg2 As UserDialog 
 dlg2.TextBox1="1" 
 dlg2.TextBox2="2" 
  
 If Dialog(dlg2)=1 Then 
  i=AxisStop 
  j=IndexStop 
 ElseIf dlg2.Group1=1 Then 
  j=j-2 
  If j=-1 Then 
   j=IndexStop-1 
   i=i-1 
   If i=0 Then  
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    i=1 
    j=0 
   End If 
  End If 
 ElseIf dlg2.Group1=2 Then 
  i=CSng(dlg2.TextBox1) 
  j=CSng(dlg2.TextBox2)-1 
 End If  
   ret = IpBlbUpdate(4) 
   ret = IpBlbUpdate(0) 
   ret = IpBlbSaveData("",  S_Y_AXIS+S_DDE) 
   If j=IndexStop Then  
    Columns=7*(i)+1 
    ret = IpDde(DDE_SET, "col", Str$(Columns)) 
    ret = IpDde(DDE_SET, "row", "3") 
   End If 
   IpAppCloseAll 
  Next j 
 Next i  
End Sub 
 

D.4 ImagePro Macro to Calculate Porosity 

 
Sub Porosity 
 
 Dim j As Integer, i As Integer, numobj As Integer 
 Dim stats(10) As Single, Inten(10) As Single, diff(2) As Single, index(2) As Single 
 Dim k As Integer, m As Integer, check As Integer 
  

'set required contrast and brightness by the number of images 
   ipICal(0) = 1200 
   ipICal(1) = 4095 
   ret = IpBlbMultiRanges(ipICal(0), 1) 
   ret = IpBlbCount() 
    
    
   ret = IpBlbEnableMeas(BLBM_DENSITY, 1) 
   ret = IpBlbEnableMeas(BLBM_DENSDEV, 1) 
   ret = IpBlbMultiRanges(ipICal(0), 1) 
   ret = IpSegShow(0) 
    
   ipICal(0) = 0 
   ipICal(1) = 4095 
   ret = IpBlbMultiRanges(ipICal(0), 1) 
    
   index(1) = 50 
   index(2) = 50 
   'ret = IpLutSetAttr(LUT_GAMMA, 300) 
   'ret = IpLutApply() 
   ret = IpLutSetAttr(LUT_BRIGHTNESS, index(1)) 
   ret = IpLutSetAttr(LUT_CONTRAST, index(1)) 
   ret = IpLutApply() 
   m=0 



 

 190

   diff(1)=50 
   diff(2)=50 
   check=0 
    
   'make loop to adjust images 
   Do While (Abs(diff(2)) + Abs(diff(1)) > 30) 
    m=m+1 
    k=0 
    diff(2)=50 
    diff(1)=50 
    check=0 
    Do While Abs(diff(2)) > 2 'Or check=1) 
     k=k+1 
     ret = IpBlbCount() 
     ret = IpBlbUpdate(0) 
     ret = ipblbget(GETRANGESTATS, 1, BLBM_DENSDEV, stats(5))  
     ret = ipblbget(GETRANGESTATS, 1, BLBM_DENSITY, Inten(5)) 
  
     diff(1) = 135 - Inten(10) ' 
     diff(2) = 55 - stats(10) ' 
     ret = IpWsUndo(0) 
     index(2) = index(2)+diff(2)/125 
     ret = IpLutSetAttr(LUT_CONTRAST, index(2)) 
     ret = IpLutSetAttr(LUT_BRIGHTNESS, index(1)) 
     ret = IpLutApply() 
     If k>5 Then diff(2)=1  
    Loop 
    k=0 
    check=0 
    Do While Abs(diff(1)) > 2 'Or check=1 
     k=k+1 
     ret = IpBlbCount() 
     ret = IpBlbUpdate(0) 
     ret = ipblbget(GETRANGESTATS, 1, BLBM_DENSDEV, stats(5)) 
     ret = ipblbget(GETRANGESTATS, 1, BLBM_DENSITY, Inten(5))  
     diff(1) = 135 - Inten(10) 
     diff(2) = 55 - stats(10) ' 
     ret = IpWsUndo(0) 
     index(1) = index(1)+diff(1)/150 
     ret = IpLutSetAttr(LUT_BRIGHTNESS, index(1)) 
     ret = IpLutSetAttr(LUT_CONTRAST, index(2)) 
     ret = IpLutApply() 
     If k>5 Then diff(1)=1 
    Loop 
     If k>5 Then diff(1)=50  
     Debug.Print " Pixel deviation"; stats(10) 
     Debug.Print " Pixel density"; Inten(10) 
     Debug.Print " number of loops"; m 
    If m>15 Then  
     diff(2)=1 
     diff(1)=1 
    End If 
    If diff(2)=450 Then  
     diff(1)=1 
     diff(2)=1 
    End If  
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   Loop 
  
End Sub 


