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Design and nondestructive imaging of a bioengineered vascular graft endothelium 
 

Bryce Matthew Whited 
 

Abstract 
 

Cardiovascular disease is currently the leading cause of death in the U.S. that frequently 

requires bypass surgery using vascular grafts for treatment. Current limitations with fully 

synthetic grafts have led researchers to bioengineered alternatives that consist of a combination 

of vascular scaffolds and cells. A major challenge in creating a functional bioengineered vascular 

graft is development of a confluent endothelium on the lumen that is able to resist detachment 

under physiologic fluid flow. In addition, methodologies used to assess the growth and 

maturation of the endothelium in a noninvasive and dynamic manner are severely lacking. 

Therefore, the overall goal of this research is to advance the field of vascular tissue engineering 

by 1) creating methodologies to enhance EC adherence to a vascular graft and 2) development of 

a noninvasive and real-time imaging system capable of assessing the graft endothelium.  To 

achieve these objectives, three separate studies were performed. In the first study, electrospun 

scaffold fiber diameter and alignment were systematically varied to determine their effect on 

endothelial cell (EC) morphology and adherence under fluid flow. ECs on uniaxially aligned 

nanofibers displayed elongated and aligned morphologies leading to higher adherence to the 

scaffolds under physiologic levels of fluid flow as compared to those on randomly oriented 

scaffolds. In the second study, a fiber optic based (FOB) imaging system was developed to 

image fluorescent ECs through a thick electrospun scaffold.  Results demonstrated that the FOB 

imaging system was able to accurately visualize fluorescent ECs in a noninvasive manner 

through the thick and highly opaque scaffold. In the final study, the FOB imaging system was 

used to noninvasively quantify vascular graft endothelialization, EC detachment, and apoptosis 

through the vessel wall with greater imaging penetration depth than two-photon microscopy. 

Additionally, the FOB method was capable of continuously tracking EC migration and 

endothelialization of a bioengineered graft in a bioreactor. Overall, these results demonstrate that 

aligned scaffold topographies enhance EC adherence under fluid flow and the FOB imaging 

system is a promising tool to monitor endothelium development and response to fluid flow in a 

manner that has not previously been afforded using conventional imaging methods.   
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Chapter 1 - Introduction 

1.1 Overview 
!

Cardiovascular disease is currently the leading cause of death in the United States with 

atherosclerosis being one of the most severe forms of this disease. Vascular bypass surgery is a 

common treatment for atherosclerosis and accounts for nearly 500,000 bypass graft 

implantations in the United states each year [1]. Current options for bypass surgeries include the 

use of autologous and synthetic grafts, but these grafts have a high rate of thrombosis and failure 

when used for small diameter (< 6 mm diameter) bypass procedures. Consequently, the need for 

small diameter grafts to perform bypass procedures, such as for the coronary arteries, is ever 

increasing. The clinical need for vascular conduits that remain open (i.e. patent) in small 

diameter bypass surgeries has led researchers to create bioengineered equivalents typically 

consisting of scaffolds that support vascular cells. A critical design requirement for 

bioengineered vascular grafts is the formation of an uninterrupted monolayer of endothelial cells 

(ECs), i.e. endothelium, on the lumen of the graft to provide a barrier between circulating blood 

and the vessel wall to prevent thrombosis, regulate vessel homeostasis, and platelet adhesion, 

among others [2]. Graft failure due to inadequate EC coverage, function and integrity under 

physiological fluid flow is a common limitation with bioengineered vessels and has led 

researchers to incorporate scaffold designs to enhance EC attachment, growth and integrity under 

physiological fluid flow both in vitro (during preconditioning) and in vivo (after implantation). 

Additionally, methods to better assess EC growth, function and response to fluid flow with high 

spatial and temporal resolution are severely lacking. Therefore, the goals of this research project 

are to design scaffolds capable of enhancing endothelium adhesion under fluid flow and to 

develop a noninvasive imaging method to monitor the endothelium of a bioengineered vascular 

graft. Sections 1.2 – 1.8 below provide an overview of the clinical relevance, vascular tissue 

engineering, scaffold design, and endothelialization methods. Section 1.9 provides an outline of 

current imaging methods and the difficulty of monitoring a bioengineered vascular graft 

endothelium using these methods. Finally, in Section 1.10, the objective and the experimental 

plan of the research is outlined.  
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1.2 Clinical Significance 
!

Cardiovascular disease is currently the number one cause of death in the United States, 

accounting for approximately 25% of deaths in 2009 [1]. Atherosclerosis, or hardening of the 

arteries, is one of the most common forms of cardiovascular disease and causes narrowing of the 

vessel. Atherosclerosis occurs when cholesterol, fat and other substances build up in the vessel 

walls to form plaques, which can eventually restrict or completely block blood flow [3]. Current 

methods used to treat restricted or blocked arteries include angioplasty, vascular stenting or 

bypass grafting. Angioplasty is a technique in which arteries are mechanically widened using a 

balloon catheter. This treatment involves passing a collapsed balloon on the tip of a vascular 

guide wire to the site of narrowed artery and then inflating the balloon, usually with an injected 

liquid, thereby flattening the atherosclerotic lesion to improve blood flow. Often times, a 

vascular stent will be placed at the time of ballooning in order to ensure that the vessel remains 

patent. Vascular stents are typically composed of metal or absorbable polymer and some elute 

drugs, such as Avastin, to minimize lesion recurrence. However, vascular restenosis at the site of 

angioplasty and stenting is a common occurrence, with 25 – 50% of patient’s experiencing this 

phenomenon within 6 months that requires additional vascular intervention [4]. Another 

treatment option is bypass grafting, wherein an autologous, allogeneic, xenogeneic, or synthetic 

vessel is used to reroute blood flow around the affected and often occluded vessel. Autologous 

grafts are usually taken from the patient’s own saphenous vein or internal mammary artery. 

Although autografts are the gold standard for bypass grafting, they have a 35% failure rate and 5-

30% of patients have no suitable vein or artery available due to prior vascular disease or other 

complications [5]. Allografts, taken from a human cadaver or living donor, and xenografts, 

harvested from a non-human species, have also been used as vascular grafts, however, have 

limited use due to lack of supply and disease transmission [6]. Synthetic grafts are typically 

fabricated from expanded polytetrafluoroethylene (ePTFE) or Dacron and have had relatively 

high success rates for bypass of large arteries (> 6 mm diameter) [7, 8]. However, synthetic 

grafts smaller than 6 mm in diameter, such as those required for coronary and infrapopliteal 

bypass, are prone to clogging due to thrombosis [9]. With current limitations in autologous and 

synthetic bypass grafts, an ideal alternative is development of a bioengineered small diameter 

vascular graft that is non-thrombogenic and exhibits long-term patency after implantation. !
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1.3 Vascular tissue engineering 

 
Vascular tissue engineering, or bioengineering, has emerged as a promising strategy to 

treat patients suffering from vascular tissue loss or damage as a result of disease or trauma [10]. 

Bioengineering of vascular grafts typically involves the expansion of the patient’s own cells 

from a small biopsy, or circulating progenitor cells in the blood, followed by culturing of the 

cells in a 3D scaffold to form a functional replacement vessel (Figure 1.1). This approach is 

promising because it has several advantages of current treatment options, which include the use 

of vessels from autologous, allogeneic and xenogeneic sources. Autologous grafts are taken 

directly from a healthy site of the patient and transplanted into the wound/defect site. This 

method is very effective; however limitations include donor site morbidity, risk of infection from 

a secondary surgical site, and limited supply of tissue available for harvesting [6]. Allogeneic 

vascular grafts are harvested from a human cadaver or living donor and are transplanted into the 

patient needing the graft.  Limitations of this method include bacterial or viral infection from 

donor to patient and an overall lack of organ donors [6]. Xenogeneic vessels are harvested from a 

non-human species, and while there is greater supply of these organs/tissues compared to 

allogeneic sources, immune response and graft rejection is often a limiting factor for this 

treatment option [11]. Tissue engineering is therefore a potential alternative to the 

aforementioned approaches because, by using scaffolding materials wherein supply is virtually 

unlimited in combination with the patient’s own cells, this approach has the advantages of 

autografts without the problems associated with adequate supply, tissue rejection or infection 

that may arise from allogeneic or xenogeneic sources.  
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Figure 1.1 Depiction of a common tissue engineering approach to repair/replace 
diseased/damaged blood vessels. 1) Vascular cells are taken from the patient in need of treatment, 
2) cells are expanded in vitro, 3) cells are seeded into three-dimensional scaffolds, 4) the 
scaffolds are then incubated under physiologic conditions (i.e. fluid flow) to allow cells to 
proliferate, differentiate and produce extracellular matrices, and finally, 5) the cell-seeded 
vascular grafts are implanted into the patient to provide a functional replacement. 

1.4 Native arteries 
 

Bioengineered vascular grafts must be able to withstand physiological forces associated 

with blood flow and must remain patent while the scaffold undergoes cell-mediated remodeling 

in vivo. Therefore, bioengineered vascular grafts should be designed to mimic those of native 

arteries, both in terms of structure and function. While the overall components and structure of 

native arteries are hierarchical, very complex, and not feasible to replicate in every aspect, many 

functional aspects can be replicated from a bioengineering standpoint. Some important 
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considerations in designing a bioengineered vascular graft include mechanical properties (suture 

retention, burst pressure, modulus) and maintenance of an uninterrupted endothelium under 

physiological flow. 

Figure 1.2 shows the anatomical structure of an artery, which has three main layers. The 

strong outer layer, called the adventitia, consists of longitudinally arranged fibroblasts in a 

predominately collagen matrix. The media is the middle, and thickest layer, which consists 

primarily of smooth muscle cells (SMCs) that are concentrically arranged and, with autonomic 

control, regulate the diameter of the artery. The media also contains varying amounts of type I 

and type III collagen fibers, with lesser amounts of other proteins and proteoglycans secreted by 

the SMCs.  The inner layer, or intima, consists of an uninterrupted monolayer of ECs to form an 

endothelium and a small amount of sub-endothelial connective tissue called the basement 

membrane, which is composed primarily of collagen type IV and laminin. ECs play an important 

role in regulation of vascular tone, tissue homeostasis, and regulation of nutrient transport across 

the vessel wall [12]. In addition, the endothelium forms a selectively permeable, 

antithrombogenic barrier between the circulating blood and vessel wall [13]. Without a durable 

endothelium, vascular grafts are susceptible to failure after bypass surgery as a result of 

neointimal hyperplasia and thrombosis, typically caused by a lack of endothelial coverage on the 

graft [14-16]. Bioengineered vascular grafts must be able to withstand physiological forces of 

blood flow while allowing blood flow to propagate and therefore must exhibit mechanical 

properties similar to those of native vessels. Native human coronary arteries exhibit a young’s 

modulus of 1.8 MPa, ultimate tensile strength of 2.4 MPa, suture retention of 3.0 N, and burst 

pressure of 5000 mm Hg [17, 18]. Additionally, human arteries experience wall shear stresses on 

the lumen that range from 20 – 40 dyne/cm2 [19, 20] and therefore the ECs must be able to 

remain adherent to the lumen under these flow conditions.  
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Figure 1.2 Anatomy of an artery. (http://en.wikipedia.org/wiki/File:Endothelial_cell.jpg - 
Creative Commons - GNU Free Documentation License)  

 

The endothelium in native arteries is highly regulated by the constant exposure to 

hemodynamic shear stress caused by blood flow. It is well known that hemodynamic shear stress 

increases EC nitric oxide (NO) and prostacyclin production on a short time scale (minutes to 

hours), both of which hinder platelet activation, attenuate SMC proliferation, and inhibit 

neointimal formation [21]. Physiologic levels of shear stress (> 15 dyne/cm2) also decrease EC 

turnover by both decreasing proliferation rates and apoptosis. On longer time scales (days), shear 

stress transforms EC morphology from a polygonal, cobblestone like shape to an elongated 

morphology in the direction of fluid flow [21]. Associated with this change in morphology, ECs 

switch from an atherogenic phenotype, susceptible to atherosclerosis, to an atherprotective 

phenotype with increasing levels of vasodialators, paracrine growth factors, inflammatory 

mediators, and adhesion molecules. Also, ECs aligned with the direction of blood are less 

prominent to the surface of the lumen and give rise to lower spatial variations of shear stress and 

stress gradients at the EC surface, essentially streamlining the endothelium surface [19]. In 

addition, EC cytoskeletal structure, specifically F-actin, reorganizes from the banding pattern at 

the periphery of ECs under low shear stress to thick bundles of F-actin that traverse the cell in 

the direction of high shear stress [2, 22]. These morphological characteristics of ECs under 
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physiologic levels of shear stress directly increase the endothelium’s ability to resist deformation 

and detachment under shear stress [2, 19].  

The endothelium not only experiences hydrodynamic shear stress as a result of blood 

flow, but also experiences hoop stress (substrate stretching), and hydrostatic pressure (Figure 

1.3). While the majority of research has focused on how shear stress regulates the endothelium, 

there is an increasing body of research to support the idea that these other forces on the 

endothelium regulate phenotype, morphology and function as well. ECs and SMCs are subject to 

uniaxial stretch (hoop stress) as a result of pulsatile blood flow in the direction perpendicular to 

blood flow. It has been shown that ECs respond to uniaxial stretch alone, without shear stress or 

pressure, by aligning perpendicular to the direction of stretch, increase release of NO, and 

stimulate stretch activated Ca2+ ion channels [23]. Evaluation of pressure on ECs, in the absence 

of shear stress and stretch, has shown that ECs respond to pressure alone by increasing 

proliferation, cytoskeletal organization, synthesis of EC proteins, and Ca2+ transport [24-26]. 

 
Figure 1.3 Forces acting on an EC under pulsatile blood flow. 

1.5 Scaffolds for bioengineered vascular grafts 
!

A critical component for creating a functional bioengineered vascular graft, in addition to 

selecting the appropriate cell type and preconditioning methods, is the scaffold. Scaffolds in 

tissue engineering provide a temporary three-dimensional (3D) framework for new tissue growth 

to occur and play an important role in supporting and manipulating cell function. Isolated and 

expanded cells adhere to the scaffold surface, proliferate, differentiate into the appropriate 
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phenotype (if the cells are progenitor cells), and form extracellular matrices of the target tissue to 

replace the biodegradable scaffold. Ideally, vascular scaffolds should meet the following design 

criteria: (1) the scaffold should be biocompatible to avoid inflammation or toxicity once 

implanted, (2) the scaffold surface must permit cell adhesion, cell growth, and allow retention of 

differentiated cell function, (3) the scaffold should degrade and eventually be eliminated as tissue 

formation progresses, (4) the porosity and pore size must large enough to allow for sufficient 

diffusion and permit uniform spatial cell distribution to facilitate homogeneous tissue formation, 

and (5) must be mechanically strong enough to support blood flow [27].  

The earliest attempt at creating a bioengineered vascular graft was seeding ECs on the 

lumen of synthetic ePTFE or Dacron grafts. Synthetic grafts have not been successful as small-

diameter grafts because of their thrombogenic blood-contacting surface. Initial attempts at 

creating a non-thrombogenic surface on synthetic grafts were to seed the lumen of the grafts in 

vitro with ECs from peripheral veins or microvasculature to form a “natural” antithrombogenic 

surface. The majority of these attempts failed in vivo due to EC detachment from the surface 

under physiological flow or maintenance of EC phenotype after attachment [28, 29]. While 

significant progress has been made in addressing EC attachment to synthetic surfaces using 

surface modification, synthetic grafts still pose other barriers to a long-term grafting solution. 

These drawbacks include the inability for synthetic grafts to be remodeled in vivo and inability of 

the graft to regulate vessel diameter in response to stimuli (i.e. vasotone) similar to native vessels.  

A promising method to fabricate a small diameter bioengineered vascular graft may be 

through the use of cell-based ECM scaffolding. In a method developed by L’Heureux et al., 

bioengineered vascular grafts were assembled using a sheet-based method, where autologous 

fibroblasts were cultured in vitro under conditions necessary promote deposition of ECM to 

produce a cohesive sheet that could be detached from the culture flask [16]. The sheets were then 

wrapped around a mandrel and cultured further to promote fusion of the sheets to create a graft 

without using exogenous biomaterials. Prior to implantation into a primate model, grafts were 

seeded with ECs and preconditioned in vitro for 3 days. The cell-based scaffolding had similar 

mechanical properties to human arteries, remained patent for 8 months in vivo, and explants 

showed complete remodeling and tissue integration.  

Decellularized allogeneic and xenogeneic grafts have also been explored as potential 

candidates for bioengineered vascular grafting. This process involves using vessels from human 
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skin or vein in addition to porcine and bovine carotid arteries where the cellular components are 

removed produce an intact and structurally organized ECM scaffolding. Alternatively, tissues 

such as small intestinal submucosa (SIS) have been decellularized and used as small diameter 

vascular grafts. These tissues are mechanically robust, capable of withstanding arterial blood 

flow, and vascular cells readily attach and colonize the matrices to form cellularized constructs.  

In a study conducted by Badylak et al., a SIS graft was used in a canine carotid artery bypass 

where an EC monolayer was formed after 28 days of implantation and remained patent for 120 

days [30]. 

Fabrication of a bioengineered vascular graft using both synthetic and natural polymers 

has been a major area of research in the field. The advantages of this bottom-up approach to 

scaffolding includes unlimited supply of materials and customization of grafts according to 

patient need. Some progress has been made in fabricating vascular scaffolds from natural 

polymers such as collagen and elastin [31]. These polymers have excellent biocompatibility 

profiles and are biomimetic, however, usually lack the mechanical integrity necessary to support 

forces associated with physiologic blood flow. Biodegradable synthetic polymers, such as 

aliphatic polyesters, have gained wide acceptance for vascular tissue engineering applications 

because of their biocompatibility, mechanical properties, resorption characteristics and ease of 

processing [32]. Among the polyesters, poly (lactic acid) (PLA), poly (glycolic acid) (PGA) and 

polycaprolactone (PCL) (and their respective copolymers, i.e. poly (lactic-co-glycolic acid)) 

have been used extensively to form vascular scaffolds [32]. The degradation rates of these 

polymers are highly tunable and can range from several weeks to years by altering the chemical 

composition (i.e. lactide/glycolide ratios in the PLGA copolymer), molecular weight, 

crystallinity, etc. In addition to providing adequate structural and cell adhesive properties as 

vascular scaffolds, these synthetic polymers also have the capacity to be modified to deliver 

agents such as drugs, proteins and DNA. Hybrid blends of synthetic and natural polymeric 

materials can provide an optimal combination of mechanical and biomimetic properties.  In a 

study performed by Stitzel et al., a blend of type I collagen (45%), PLGA (40%) and elastin 

(15%) was used to fabricate a vascular graft via electrospinning [33]. The authors showed that 

addition of PLGA to the vascular graft greatly increased the ability to electrospin the graft as 

compared to electrospinning type I collagen and elastin alone. In addition, the burst pressure was 

determined to be 1425 mmHg, or nearly 12 times physiologic systolic pressure, and the vessel 
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diameter change under physiologic pressures was found to be similar to native vessels. Thus, by 

using a blend of natural and synthetic materials, the authors were able to form a scaffold 

possessing mechanical properties, tissue composition, and bioactivity similar to native vessels. 

1.6 Electrospinning of bioengineered vascular grafts 
 

 Electrospinning is a relatively simple and versatile method for producing non-woven 

fibrous vascular grafts. This fabrication technique has been used to produce scaffolds from a 

wide-range of polymeric materials (i.e. aliphatic polyesters, polyurethanes, collagen, silk, etc.) 

and for many different applications (i.e. bone, vascular, cartilage, tendon, ligament, muscle, etc.). 

Electrospinning of synthetic and natural polymers has become an effective method to fabricate 

vascular scaffolds because the resulting fibrous mesh mimics the natural extracellular matrix of 

native tissues [34]. A typical electrospinning setup consists of a capillary through which the 

polymer solution is forced, a pump to inject the polymer solution through the capillary, and a 

high voltage source to create an electric field to deposit the polymer solution onto a grounded 

target. Electrospun fibers have been produced with diameters ranging from approximately 100 

nm to 14 µm [34]. The fiber diameter of these scaffolds can be adjusted by modifying the 

electrospinning processing parameters, which include applied voltage, polymer flow rate, 

capillary-collector distance, and polymer concentration.  

One of the first examples of using electrospinning to fabricate vascular scaffolds was a 

study conducted by Boland et al. [35]. In this study, the authors electrospun collagen type I and 

elastin onto a grounded spinning mandrel to form vascular grafts measuring 2 mm and 4 mm in 

inner diameter. The natural polymers used in this study were chosen to mimic the composition of 

native vessels. The grafts were then seeded with SMCs in the outer wall of the graft and human 

umbilical vein ECs (HUVECs) on the lumen of the graft. Histological sectioning and staining 

revealed that SMC infiltrated the wall of the vessel while HUVECs formed an intact endothelium. 

While the results of this study showed that natural polymers could be electrospun into a tube 

configuration, and the resulting scaffold could support vascular cells, the construct was weak and 

delaminated after just a few days in culture. More recently, electrospinning blends of synthetic 

and natural polymers for use as vascular grafts has shown promise both in vitro and in vivo. Lee 

et al. demonstrated that vascular scaffolds comprised of a 1:1 blend of PCL and type I collagen 

derived from calf skin had mechanical properties equivalent to those of native arteries and 
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supported both SMC and EC growth and maintenance in a pulsatile bioreactor. In a separate 

study, the same PCL/collagen scaffold was successfully implanted and remained patent for 1 

month in a rabbit aortoiliac bypass model [36]. 

One advantage of electrospinning vascular grafts is the ability to modify scaffold 

properties by simply changing the electrospinning parameters. For example, an important design 

requirement for vascular grafts is the ability for various vascular cells (i.e. SMCs or fibroblasts) 

to penetrate the wall of the vessel to colonize and remodel the construct. One technique is to 

simply increase the fiber diameter of the electrospun scaffold to result in larger pore sizes. Ju et 

al. used this technique to successfully increase smooth muscle cell infiltration into the wall of an 

electrospun PCL/type I collagen vascular graft [37]. Their findings showed that scaffolds with 

average fiber diameters of 2.39 and 4.45 µm allowed cells to infiltrate to the full-thickness of the 

scaffold as compared to scaffolds with average fiber diameters of 1.00 and 0.27 µm, in which 

cells could not penetrate and remained on the cell-seeded side of the scaffold during the 4 week 

study. The mechanical properties of the scaffolds, however, decreased as a result of increasing 

fiber diameter.  

Although small pore size is considered a hindrance for the wall of vascular scaffolds, it 

can actually be an advantage where cell infiltration is unwanted, such as for the endothelium.  

Electrospun scaffolds with pore sizes less than the size of a cell (i.e. less than 10 µm) are 

particularly useful in these barrier applications. An example would be using a nanofiber scaffold 

to form a lumen for vascular graft applications. The electrospun nanofiber scaffold can provide a 

nano-textured surface area for endothelial cell attachment while preventing smooth muscle cells, 

which are typically seeded into the outer wall of the graft, from penetrating into the lumen of the 

vessel. Although the pore size is too small to allow cell infiltration, media exchange can still take 

place to allow nutrient transport, waste removal, and paracrine signaling between endothelial and 

smooth muscle cells. 

In addition to modifying scaffold pore size, vascular graft mechanical properties and 

morphology can be tuned by controlling fiber orientation. Electrospun fiber orientation can be 

controlled by electrospinning directly onto a rotating mandrel or by electrospinning between an 

insulating gap to produce aligned fibers. Increasing the rotational speed of the mandrel or 

introducing an insulating gap can increase the degree of fiber alignment. It has been shown that 

the resulting anisotropy of an aligned fiber scaffold can greatly increase its mechanical properties 
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in the direction of fiber alignment. This can certainly be advantageous for increasing the 

mechanical properties of a vascular graft. The mandrel onto which the graft is spun can be rotate 

such that the fibers align parallel to the direction of hoop stress caused by blood flow. Li et al. 

demonstrated that randomly oriented PCL electrospun scaffolds (33% fiber alignment) had a 

tensile modulus of 2.1 MPa, whereas aligned scaffolds (94% fiber alignment) had a tensile 

modulus of 11.6 MPa parallel to fiber alignment, in addition to a 33-fold increase in elastic 

modulus [38].  

Not only can the anisotropic nature of the scaffold enhance mechanical properties, but it 

can also affect cell adhesion, proliferation, morphology, alignment and migration by introducing 

an aligned surface topography [34, 39-44]. Cells spread and align on an oriented surface 

topography through a phenomenon called contact guidance [45]. In recent years, several studies 

have investigated the effect of oriented topographic features on cell spreading and alignment by 

using oriented electrospun scaffolds. In a study by Xu et al., aligned nanofibrous poly(L-lactate-

co-caprolactone) copolymer vascular scaffolds were fabricated and seeded with human smooth 

muscle cells [46]. They found that the cells attached and migrated along the axis of the aligned 

fibers with their cytoskeletal actin also parallel to the aligned fibers. SMC alignment within the 

wall of the vascular scaffold mimicked the configuration of SMCs in native vessels. !

1.7 Scaffold endothelialization techniques 
!

As mentioned previously, the native endothelium provides a nonthrombogenic barrier 

between the circulating blood and the vessel wall in addition to regulating many important 

functions. Therefore, an ideal bioengineered vascular graft should contain an uninterrupted, 

mature and healthy endothelium. Common methods to create an endothelialized vascular graft 

include seeding the graft with ECs prior to implantation (in vitro endothelialization) or 

optimizing graft properties to enhance self-endothelialization after implantation (in situ 

endothelialization). Both approaches, with their associated advantages and disadvantages, are 

discussed below.  

1.7.1 In vitro endothelialization 
!

In vitro endothelialization techniques involve harvesting autologous ECs from the patient, 

expansion of cells, and then seeding of ECs onto the lumen of the bioengineered graft. Many EC 
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sources have been explored for in vitro endothelialization of grafts including those from veins, 

microvasculature, and endothelial progenitor cells (EPCs). One of the first attempts at using 

venous ECs to form an endothelium on a vascular graft was by Herring et al. in 1984 [47]. In this 

study, ePTFE grafts were seeded with ECs from the saphenous vein and then implanted into 

human patients in the femoropopliteal position. The results showed that the patency of seeded 

grafts was significantly better than unseeded grafts after 30 months.  Drawbacks with using veins 

as a source for ECs include infection and pain at the secondary surgery site and lack of a suitable 

vein for harvesting ECs due to prior vascular disease.  

These drawbacks associated with venous ECs led researcher to explore other potential EC 

sources. In 1986, Jarrell et al. showed that harvesting and expansion of microvascular endothelial 

cells (MVECs) from fat tissue proved promising to form an endothelium on a synthetic vascular 

graft [48]. Baitella-Eberle et al. later showed that omental fat derived MVECs seeded on 

polyester vascular grafts were able to form an endothelium resembling those in native arteries 

[49]. Two advantages of MVECs to those derived from veins are that high amounts of MVECs 

can be obtained from liposuctioned fat tissue and the can be readily expanded in culture.  

More recently, EPCs have gained interest to be used in seeding of bioengineered vascular 

grafts. EPCs, such as those derived from bone marrow, are cells that circulate in the peripheral 

blood of adults and can differentiate into mature ECs. EPCs have been shown to participate in 

neovascularization of ischemic limbs, play a crucial role in reestablishing endothelial integrity in 

injured vessels, and also contribute to re-endothelialization of prosthetic grafts in animals [50]. 

Advantages of using EPCs include simple extraction via venipuncture and ease of expansion in 

vitro.  

1.7.2 In situ endothelialization 

In vitro endothelialization of bioengineered vascular grafts requires harvesting of 

autologous cells from the patient and typically necessitates long culturing periods. In situ 

endothelialization of grafts is an approach that could eliminate the need for cell harvesting and 

expansion. This approach involves implanting the graft without prior EC seeding with the goal of 

attaining a fully endothelialized lumen shortly after implantation. In situ endothelialization 

requires native ECs to attach and proliferate to populate the lumen surface. Possible mechanisms 

for in situ endothelialization include (1) transanastomotic migration, where ECs migrate from the 

native vessel to the graft to cover the surface, (2) transmural migration through the wall of the 
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vessel via capillary ingrowth, and (3) recruitment of EPCs in circulation to the lumen surface 

[51]. Below are a few examples of how bioengineered grafts have been designed or modified to 

enhance in situ endothelialization. These scaffold designs include incorporation of topographic 

cues on the lumen surface, larger pores in the vessel wall, and homing molecules within the 

graft.  

 In the case of fully synthetic grafts in humans, transanastomotic migration of ECs 

historically has not exceed more than 1 – 2 cm from the native vessel even after years of 

implantation [52]. This is a major limitation for synthetic grafts because bypass grafting typically 

requires more than just a few centimeters, as in the case of peripheral bypass, which necessitates 

40 – 60 cm lengths. However, recent work has shown that micropatterning of the graft lumen can 

facilitate EC migration with the goal of full anastomosis. Recent studies have shown that 

incorporating engineered topographical cues, such as grooves and waves, on the lumen surface 

can significantly enhance EC migration [53, 54]. These approaches are promising but 

micropatterning alone has not delivered a completely anastomosed endothelium in vivo. 

Therefore, it appears that a combinatorial approach, using transmural migration of ECs and 

recruitment of EPCs, may provide a promising solution. 

 Transmural migration of ECs requires capillary ingrowth of microvasculature into the 

bioengineered vascular graft wall in order to reach the lumen to deposit ECs on the lumen 

surface. Two main limitations to achieve transmural migration is the porosity of the vascular 

wall to permit cell infiltration and a driving force to elicit vasculature to penetrate the vessel wall 

[52]. Solutions to this problem include increasing the pore size of the vessel wall by means of 

many methods including the use of sacrificial fibers, particles, or processing techniques [43, 55] 

and inclusion of growth factor gradients, such as vascular endothelial growth factor (VEGF), in 

the vessel wall to enhance capillary ingrowth [56, 57]. 

 Recruitment of EPCs to the lumen surface of a graft has been shown to be a promising 

method to endothelialize the graft in situ. This method includes presentation of EPC homing 

molecules on the graft surface that recognize EPC specific markers to selectively capture the 

cells in circulation [58]. EPCs express several surface markers such as CD34, VEGF receptor 2 

(VEGFR-2) and CD133. Bioengineered vascular grafts coated with antibodies towards these 

markers, specifically CD34, have shown promise in capturing EPCs to form a fully confluent 

endothelium after 3 days in vivo [59].  
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1.8 Fluid flow preconditioning of vascular grafts in vitro 

Fluid flow preconditioning of cell-seeded vascular grafts in vitro has become a nearly 

ubiquitous practice in the field of vascular tissue engineering [14, 16, 23, 26, 50-52, 60-66]. This 

technique involves mounting the graft in a fluid flow bioreactor and pumping cell culture media 

through the lumen to mimic blood flow in vivo. An image of a typical fluid flow bioreactor is 

presented in Figure 1.4 below. In addition to providing a continuous nutrient renewal, gas 

exchange, and waste removal, preconditioning of vascular grafts exerts mechanical stimuli upon 

cells seeded within the graft. Specific to the endothelium, fluid flow preconditioning provides 

hydrodynamic shear stress, pressure, and substrate stretch caused by hoop stress. The effects of 

fluid flow preconditioning on the endothelium in vitro are very similar to those experienced in 

vivo as explained in section 1.4 above. For example, when exposed to physiologic levels of shear 

stress, ECs transform from a cuboidal morphology to an elongated morphology aligned with the 

direction of fluid flow as shown in Figure 1.5 [21].  One of the most beneficial effects of 

preconditioning an EC-seeded bioengineered vascular graft prior to implantation is the enhanced 

retention of ECs to the lumen surface after onset of fluid flow when compared to non-

preconditioned grafts. The main mechanism of enhanced EC retention under fluid flow is the 

reduction in shear stress at the cell surface as shown in Figure 1.6 [19]. In one of the first studies 

to utilize fluid flow preconditioning, Ott et al. exposed an EC-seeded polyester vascular graft to a 

6 day preconditioning protocol - 3 days at 2 dynes/cm2 hydrodynamic shear stress followed by 3 

days at 25 dynes/cm2 [67].  The authors demonstrated that EC retention on the lumen of the 

preconditioned graft retained nearly 40% more ECs than grafts cultured under static conditions 

when exposed to a pulsatile shear stress of 25 dynes/cm2 to mimic blood flow after implantation. 

In addition, whole blood clotting time in vitro was significantly increased for grafts that 

underwent fluid flow as compared to static controls. Inoguchi et al. similarly showed that 

preconditioning of an endothelialized electrospun PCL vascular graft significantly enhanced EC 

retention under flow [62]. Specifically, the authors showed that an incremental increase in shear 

stress from 3.2 dynes/cm2 to 19.8 dynes/cm2 over a 3 day period (after 3 days static seeding) 

maintained a fully confluent endothelium compared to grafts, which completely lost the 

endothelium at 19.8 dynes/cm2 when only cultured under static conditions. ECs under shear 

stress in the preconditioned group went from a cuboidal morphology to elongating with the 

direction of fluid flow. The authors also showed that F-actin reorganization occurred in the 
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preconditioned ECs in response to shear stress - from a banding pattern at the periphery of cells 

to thick bundles traversing the cells in the direction of fluid flow.  

 
Figure 1.4 Image of a fluid flow bioreactor used at the Wake Forest Institute for Regenerative 
Medicine to precondition bioengineered vascular grafts.   
!

 
Figure 1.5 Bovine aortic ECs elongate and align with flow under physiologic levels of 
hemodynamic shear stress in vitro, but retain a polygonal morphology under no or low shear 
stress. (Reprinted with permission from The American Medical Association from [21]) 
 

cently been suggested to be the result of
apoptosis, which remains unabated un-
til the shear normalization has been re-
stored.64 These in vivo experiments ob-
tained in various species using different
methods to alter hemodynamics help es-
tablish a framework to understand the
propensity for intimal hyperplasia and
atherosclerosis initiation in areas of low
shear stress and the protective effect of
elevated shear stress in sheltered re-
gions of the vasculature.

The correlations between hemody-
namic factors and intimal hyperplasia
in humans and animal models5,22,1,7,7

have led to intensive study of the in
vitro endothelial response to fluid shear
stress in the past decade.10,26-30,65

Short-term Effects of Shear Stress
on Endothelial Function
Hemodynamic shear stress resulting
from second-to-minute time-scale varia-
tion in flow increases secretion of pros-
tacyclin66 and nitric oxide,67,68 both of
which hinder platelet activation,69,70

attenuate smooth muscle prolifera-
tion,71 and inhibit neointima formation
following experimental balloon injury
in animals.72,73 Physiological shear stress
(.15dyne/cm2)decreases invitroendo-
thelial cell turnover by decreasing both
the basal rate of proliferation 74,75 and the
rate of apoptosis from growth factor
depletion, tumor necrosis factor a or
hydrogen peroxide exposure 74,76,77 via
activationofAkt,andattenuatedcaspase-
mediated killing.76

Control of Endothelial Gene
Expression and Phenotype
Switching by Shear Stress
Fluid shear stress transforms polygo-
nal, cobblestone-shaped endothelial cells
of random orientation into fusiform en-
dothelial cells aligned in the direction of
flow (FIGURE 3). Shear stress of physi-
ological and elevated magnitudes de-
creases endothelial turnover by decreas-
ing both proliferation78 and apoptosis,79,80

increasing the production of vasodila-
tors,81-87 paracrine growth inhibitors,88

fibronolytics,89-92 and antioxidants,93,94

and suppressing production of vasocon-
strictors,95,96 paracrine growth promot-

Figure 3. Transformation of Endothelial Cell Morphology by Fluid Shear Stress

Physiologic Arterial
Hemodynamic Shear Stress

(τs >15 dyne/cm2)

Low Arterial
Hemodynamic Shear Stress

(τs ~ + 0-4 dyne/cm2)

Bovine aortic endothelial cells exposed to physiologic shear stress (.15 dyne/cm2, left panel) for 24 hours
align in the direction of blood flow while those exposed to low shear stress (right panel) do not (phase con-
trast; original magnification 3125). See “Biological Response of the Endothelium to Shear Stress” section.

Table. Endothelial Response to Hemodynamic Shear Stress*

Hemodynamic Shear Stress

Physiologic Arterial
Magnitude

(tS.15 dyne/cm2)

Low Arterial
Magnitude

(tS~ ± 0-4 dyne/cm2)

Endothelial cell morphology Fusiform aligned Polygonal unaligned
Endothelial cell function

Vasoactive agents
Vasoconstrictors

ET-1102/ECE86 Low High
ACE60 Low High

Vasodilators
NO/NO syntase67-69,81-83 High Low
PGI2/PGI2 synthase66-84 High Low
CNP86 High Low
Adrenomedullin87 High Low

Antioxidant enzymes
COX-1, 285 High Low
Mn SOD85 High Low
Cu/Zn SOD93 High Low

Growth regulators
Growth factor

PDGF-B78,97 Low High
PDGF-A59 Low High

Growth inhibitor
TGF-b88 High Low

Inflammatory mediators
MCP-1101 Low High

Adhesion molecules
VCAM-1100,101,103 Low High

Thrombosis/fibrinolysis
tPA89,90 High Low
TM89 Low High

Endothelial proliferation78 Low High
Endothelial apoptosis79 Low High
*ET-1 indicates endothelin 1; ECE, endothelin-converting enzyme; ACE, angiotensin-converting enzyme; NO, nitric

oxide; PGI2, prostacyclin; CNP, C-type natriuretic peptide; COX, cyclooxygenase; Mn SOD, manganese-containing
superoxide dismutase; Cu/Zn SOD, copper/zinc-containing superoxide dismutase; PDGF-A, B, platelet-derived growth
factor A-chain, B-chain; TGF-b, transforming growth factor beta; MCP-1, monocyte chemotactic peptide 1; VCAM-1,
vascular cell adhesion molecule 1; tPA, tissue-type plasminogen activator; and TM, thrombomodulin.

HEMODYNAMIC SHEAR STRESS

2038 JAMA, December 1, 1999—Vol 282, No. 21 ©1999 American Medical Association. All rights reserved.
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Figure 1.6 Atomic force microscopy images of bovine aortic endothelial cells a) cultured under 
no flow, and b) after exposure to 12- dynes/cm2 shear stress in steady laminar flow. Flattened 
profiles of aligned ECs give rise to smaller spatial variations of shear stress and stress gradients 
at the EC surface. Arrow indicates direction of flow. Gray micrometer scale in b indicates height 
of cell surface referenced to lowest point (at junctions between cells). (Reprinted from Davies et 
al. 1995 – Reprint permission not required for this use [19]) 

1.9 Methods to evaluate vascular grafts in vitro  
!

A successful bioengineered vascular graft will exhibit properties (i.e. structural, 

organizational and morphological) of native vessels and maturation in vitro that can in part be 

identified by cellular organization and protein/gene expression by the seeded vascular cells.  To 

evaluate the development and maturation of bioengineered vascular grafts, and tissue scaffold in 

general, many assays and methodologies can be employed. These methodologies can be divided 

into those that are destructive and nondestructive to the scaffold and cells seeded within. !

1.9.1 Destructive methods 

Conventional assessment techniques include invasive methods, such as fixation, staining, 

sectioning, and chemical assays to analyze specific metrics such as cell number, cell viability, 

protein accumulation and gene expression. These assays are used to determine cell number, such 

as the PicoGreen assay [68], which measures the amount of double-stranded DNA in a given 

sample, or the widely used 3-(4,5-dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-(4-

sulfophenyl)-2H-tetrazolium (MTS) assay to measure cell metabolic activity [69]. Western 

blotting can be used to measure both intercellular or matrix-bound proteins, and real-time reverse 

transcription polymerase chain reaction (RT-PCR) can be used to measure gene expression. 

While these assays provide quantitative biological information, they cannot provide spatial 
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information within the scaffold, i.e. cell distribution or locale of protein accumulation. 

Immunofluorescence imaging is a powerful tool to visualize proteins within a cell or tissue and 

can be used in conjunction with histological sectioning for thick tissue samples. This 

methodology can both provide quantitative and spatial biological information. While these 

methods are effective at assessing such metrics, they are destructive to the sample and cell 

viability, making it impossible to monitor the development of the graft in a spatial and temporal 

manner. In addition, these techniques do not allow collection of data that occurs on a short time 

scale (i.e. minutes) for processes that are critical for understanding the tissue response to 

physiochemical stimuli. For example, it would be difficult to monitor EC migration on the lumen 

of the graft, endothelial nitric oxide synthase (eNOS) expression, or platelet accumulation in 

response to various stimuli such as fluid flow preconditioning since these changes occur on a 

very short time scale. Given these limitations in destructive techniques, researchers have begun 

to use nondestructive techniques, usually in the form of imaging methodologies, to assess both 

maturation and function of tissue engineered scaffolds in a spatial and temporal manner.  

1.9.2 Nondestructive imaging methods 

As mentioned previously, optical imaging techniques utilizing stains or 

immunofluorescence is very useful for detecting cells and proteins they express. However, these 

can compromise the viability of the cells and limit the measurement to one time point. Recently, 

these limitations have been overcome by genetically modifying cells to express fluorescent 

proteins, which can be imaged without damaging the sample or compromising cell viability. For 

example, Blum et al. modified a fibroblast cell line to constitutively express an enhanced green 

fluorescent protein (EGFP) reporter to noninvasively monitor cell proliferation and distribution 

within a tissue-engineered scaffold [70]. In a study by Kuhn et al., osteoblasts were modified 

with a Collagen Type 1 promoter with an EGFP reporter to monitor the level of osteoblastic 

differentiation in a nondestructive manner [71].  The following sections provide more detail of 

conventional optical imaging methodologies used for nondestructive assessment of tissue 

engineered scaffolds. 

1.9.3 Confocal Microscopy 

 Confocal microscopy is a widely used optical imaging technique in tissue engineering 

because of the high resolution obtained and also because of its ability to image through optically 
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thick samples [72]. The main advantage of confocal microscopy over wide-field microscopy is 

its ability to provide depth-resolved imaging. Standard wide-field fluorescence microscopy, 

shown in Figure 1.7A, uses a collimated beam of excitation light to illuminate the whole field of 

view, then the fluorescence signal is subsequently imaged onto a detector (either a camera or eye 

retina). While fluorescence emanating from the objective focal plane is optimally captured onto 

the detector, out-of-focus fluorescence from multiple focal planes within the sample is also 

detected, resulting in loss of resolution and image degradation. 

In a confocal microscope, a laser excitation source is focused onto the imaging focal 

plane within a specimen, as illustrated in Figure 1.7B. The fluorescence emission from the focal 

plane is then imaged onto a pinhole and detected by the sensor. The pinhole is used to eliminate 

fluorescence detection below or above the focal plane and therefore can dramatically increase the 

imaging resolution and image quality, as illustrated in Figure 1.7 C,D. The effective working 

distance of objectives typically used for confocal microscopy range from up to a few millimeters 

for low numerical aperture objectives to only a few hundred microns for high numerical aperture 

objectives [72]. This working distance can limit the imaging depth obtained in 3D samples, 

however, the scattering and absorption that light experiences as it travels throughout the 

specimen is usually the determining factor for the effective depth of imaging through a thick 

sample. Therefore, the depth at which images can be obtained through a thick sample at the 

desired resolution needed depends not only on the capabilities of the microscope (i.e. working 

distance), but also on the optical properties of the specimen.  
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Figure 1.7 A) A standard fluorescence microscope utilizes an optical path that provides uniform 
illumination of the sample. Fluorescence from the focal plane, as well as from out-of-focus 
planes, reaches the detector. B) A confocal microscope provides focused illumination of a point 
within a sample, which is then imaged through a pinhole in front of the detector. Most out-of-
focus light from other imaging planes does not reach the detector because of the pinhole. C) A 
typical fluorescence microscope image of a thick human bladder section, and D) the same 
section as imaged by a confocal microscope (both 60X). (Reprinted with permission from Mary 
Ann Liebert, Inc. [72]) 

 

1.9.4 Two-Photon Microscopy  
!

Two-photon microscopy has the capability to image through highly scattering tissues at 

depths up to hundreds of microns with sub-micron resolution [73] and has been used extensively 

to perform noninvasive imaging in tissue engineered constructs [72]. This imaging modality is 

based upon simultaneous absorption of two photons in a single event, as compared to absorption 

of one photon, which occurs in typical fluorescence microscopy. Since the energy of a photon is 

inversely proportional to its wavelength, the two absorbed photons must have a wavelength 
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about twice that required for one-photon excitation. For example, a fluorophore that normally 

fluoresces under ultraviolet light (i.e. 360 nm – Figure 1.8a) can also be excited by two photons 

of near-infrared light (i.e. 720 nm – Figure 1.8b) if both reach the fluorophore at roughly the 

same time.  

 
Figure 1.8 A simplified Jablonski fluorescence diagram showing a) 1, b) 2 and c) 3 photon 
excitation. Once the excited state has been reached, the fluorescence emission (i.e. 460 nm) is 
exactly the same for all three modalities of excitation.  (Creative commons attribution license – 
Reprinted from [74]).  
!

 

Figure 1.9 Diagram of fluorescence excitation volume in a 3D sample (yellow), where a) 
fluorescence (green) is generated throughout the excitation (blue) light path in confocal 
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microscopy, and b) fluorescence (green) is confined to a small volume with two-photon 
excitation in the excitation path (red). (Reprinted with permission from Mary Ann Liebert, Inc. 
[72]) 

Two-photon microscopy typically provides better imaging resolution and penetration 

through highly scattering biological materials, such as tissue scaffolds, when compared to 

confocal microscopy [72]. This is a direct result of the unique characteristics of two-photon 

excitation. First, the absorption of two photons simultaneously depends on the square of the 

excitation intensity. As the laser excitation source is focused, the spatial density of the excitation 

photons is increased, and the probability that two of them are absorbed simultaneously increases. 

Therefore, the laser focal point can be tuned to create a small spatial volume wherein the photons 

are crowded enough to generate a significant occurrence of two-photon excitation (Figure 1.9). 

This allows selective excitation within a thick sample and makes micron-level 3D image 

reconstruction possible. Secondly, using near-infrared light as an excitation source is 

advantageous since these wavelengths experience minimal adsorption and scattering in 

biological tissues – allowing deeper penetration into the sample. Drawbacks associated with two-

photon imaging include high laser intensities, which require pulsing to keep the average power 

delivered to the specimen low to avoid thermal damage, and limitations associated with short 

working distance objectives, similar to confocal microscopy.  

1.9.5 Optical Coherence Tomography 

Optical coherence tomography (OCT) is a powerful nondestructive imaging methodology 

that is based not on fluorescence but on the concept of optical ultrasound. Low-coherence light is 

shone onto the sample and the morphological structure of the material is determined by how 

much time it takes for the incident light to travel through the sample and back to the detector. 

The main advantage of OCT is that it can provide information about the sample at up to 2 – 3 

mm in depth at a lateral and axial resolution on the order of 10 – 15 µm [72]. Initial studies that 

explored the use of OCT to nondestructively assess tissue scaffolds in vitro have been promising. 

In a study conducted by Bonnema et al., the authors used OCT to visualize the endothelial lining 

of a synthetic vascular graft in response to a bare metal stent [75]. They showed that OCT was 

capable of noninvasively measuring the endothelial lining of the graft with response to the stent 

with good accuracy as compared to histological images. In another study, Chen et al. used OCT 

to measure the structure of macroporous hydrogel scaffolds over time [76]. Specifically, the 

authors demonstrated that OCT was a viable method to assess scaffold porosity, pore size and 



! 23 

pore interconnectivity over time. However, to visualize seeded cells, the authors had to use 

fluorescence microscopy to image cell distribution and viability within the scaffolds to co-

register with OCT. OCT has primarily been used to measure anatomical or morphological 

structures within tissue scaffolds, or to distinguish different layers of tissue, because individual 

cells are not optically scattering enough to detect using OCT. !

1.9.6 Bioluminescence imaging 

Bioluminescence is the enzymatic generation of visible light by a living organism. In 

recent years, bioluminescence has been utilized in the biomedical sciences to study such 

mechanisms as cancer metastasis, gene expression, and cell proliferation/trafficking in small 

rodent models in vivo through bioluminescent reporters [77].  More recently, bioluminescence 

imaging (BLI) has been used in tissue engineering to monitor cell attachment, proliferation and 

gene expression in tissue-engineered constructs both in vitro and in vivo [78]. The most popular 

bioluminescent reporter used for bioluminescence is firefly luciferase from the North America 

firefly Photinus pyralis. The enzyme catalyzes the substrate D-luciferin into oxoluciferin, 

leading to the emission of photons in the visible range (between 500 and 620 nm) [78]. This 

wavelength of light can pass through animal tissues/tissue scaffolds and can be captured with 

sensitive electron multiplying charged coupled device (EMCCD) cameras to provide 

nondestructive, real-time information from deep within a tissue.  

 One of the first uses of BLI in tissue engineering was by Blum et al. where a rat 

fibroblastic cell line was stably transduced to express a luciferase reporter under the control of a 

constitutive promoter [70]. Cells were seeded into both a hydrogel and on a titanium mesh, and 

the level of luminescence was measured with a CCD camera in vitro over the course of a week to 

quantify cell proliferation in the constructs. Additionally, cell-seeded titanium meshes were 

implanted subcutaneously into rats and luminescence was successfully measured during the 28-

day study. More recently, BLI has been used to monitor expression of genes associated with 

tissue-specific cell differentiation. Vilalta et al. stably transduced a rat bone marrow stromal cell 

line with a procollagen II (COL2A1) promoter driving a firefly luciferase gene reporter (PLuc) to 

noninvasively measure chondrogenic differentiation [79]. They showed that Pluc expression 

simultaneously increased with chondrogenic gene expression of COL2A1 and Sox9 both in vitro 

and in vivo.  
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1.9.7 Nondestructive imaging of vascular graft endothelialization 

A bioengineered vascular graft presents a unique geometry for imaging cells within the 

vascular scaffold using conventional imaging techniques – especially for imaging the graft 

endothelium. The tubular shape limits access to the lumen, and using conventional imaging 

systems, can be reached either externally (i.e. imaging through the vessel wall) or by insertion of 

the optics through the lumen using an endoscope. These imaging difficulties are magnified even 

further when the vascular scaffold is housed within a fluid flow bioreactor, as shown in Figure 

1.10a. Microscope-based imaging systems, such as confocal or two-photon as shown in Figure 

1.10b, have two main limitations in imaging the vascular endothelium: 1) imaging penetration 

depth through the thick and highly porous vessel wall which causes photon scattering, and 2) 

limited working distances of the optical objectives. As mentioned previously, conventional 

confocal or two-photon microscopes have a maximum imaging penetration depth of a few 

hundred microns (depending on medium scattering) and the working distances are between a few 

hundred microns to 1 mm [72]. This presents a problem, as vascular grafts are typically more 

than a few hundred microns thick and often very optically scattering. Endoscope-based imaging 

systems that incorporate confocal or two-photon optics are a promising alternative to image the 

endothelium of a vascular graft. These endomicroscopes, which can be as small as 1 mm in 

diameter, can be inserted through the lumen of the graft to visualize the endothelium, as shown 

in Figure 1.10c. Kim et al. demonstrated that their multi-photon capable endomicroscope was 

capable of imaging the gastrointestinal and respiratory tracts of mice in vivo with single-cell 

level resolution and a 250 µm x 250 µm field of view [80]. Endomicroscopes, however, are 

limited in continual monitoring of the vascular lumen because they would block flow within the 

fluid flow bioreactor. Therefore, a completely new imaging system is presented in this 

dissertation to solve this problem. Our approach is to develop an integrated system by 

embedding micro-imaging channels within the vascular scaffold to direct fiber-optic guided 

excitation light to the endothelium to excite fluorescent ECs as illustrated in Figure 1.10d. The 

fluorescence response is then captured using a sensitive photon collector from outside the 

bioreactor. This new fiber optic based (FOB) imaging system is a promising alternative to 

conventional systems to monitor the endothelium of a vascular graft in vitro.   
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Figure 1.10 Options for imaging a bioengineered vascular graft endothelium. A) Image of a 
pulsatile bioreactor used to precondition a bioengineered electrospun vascular scaffold. B) 
Schematic representation of imaging the endothelium of a bioengineered vascular scaffold in a 
pulsatile bioreactor using microscope-based imaging techniques such as confocal/multi-photon 
microscopy. Blue arrows represent excitation light and green arrows represent fluorescence 
emission. Microscope-based techniques have a limited capacity to image the endothelium of a 
vessel due to the highly scattering nature of the vascular scaffold wall and limited working 
distance of the objectives. C) Schematic representation of imaging the endothelium using endo-
microscopy techniques. To accomplish this, an endo-microscope must be inserted into the lumen 
of the vessel, which may cause abrasion on the lumen surface, introduce sterility concerns, and 
occlude fluid flow. D) Schematic representation of the FOB imaging system integrated into a 
pulsatile bioreactor. Excitation light is guided into the scaffold wall and fluorescence emission is 
collected from outside the bioreactor. Using this technique, it is possible to image the 
endothelium through the thick vessel wall in a dynamic manner without disturbing the vessel 
during preconditioning in a bioreactor.  
  

!
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1.10 Objective and Experimental Plan 

Tissue engineering of vascular grafts is a promising alternative to current vascular 

grafting options for cardiovascular disorders such as atherosclerosis. A promising approach to 

creating a viable bioengineered vascular graft involves fabrication of a resorbable scaffold and 

seeding the construct with vascular cells capable of withstanding the physiological forces of 

blood flow until graft remodeling is complete. Current limitations associated with bioengineered 

vascular grafts include the capacity to support a confluent and well-adhered endothelium under 

physiologic levels of shear stress and the lack of noninvasive imaging methods to assess graft 

endothelialization and response to fluid flow. Therefore, the objectives of this research were to 

develop scaffold topographies to enhance EC adherence to the scaffold surface under physiologic 

hydrodynamic shear stress and to develop an imaging technology capable of assessing graft 

endothelialization in a dynamic and noninvasive manner with the overall goal of enhancing a 

bioengineered vascular graft endothelium. The work completed to meet these objectives is 

outlined in the following chapters: 

1.10.1 Chapter 1: The influence of nanofiber scaffold topography on endothelial cell 

morphology, alignment, and adhesion in response to fluid flow  

Bioengineered vascular grafts require scaffold designs capable of supporting a confluent 

endothelium that resists EC detachment under physiologic levels of hydrodynamic shear stress. 

Therefore, this study examines the effects of electrospun Poly(ε-caprolactone) (PCL)/type I 

collagen nanofiber diameter and orientation on EC morphology, alignment, and structural protein 

organization with the goal of forming a confluent endothelium that resists detachment under 

fluid flow. To accomplish this, scaffold topography was tuned by adjusting electrospinning 

parameters to systematically vary fiber diameter and orientation. Cell morphology (cell area, 

aspect ratio, and length of long axis) and degree of alignment were quantified by performing 

image analysis of fluorescently stained cells and expression/organization of two principal 

structural proteins (VE- cadherin and F-actin) and a cell-substrate linker protein (vinculin) was 

observed by immunofluorescence imaging.  EC monolayers on nanofiber scaffolds were exposed 

to fluid shear in a parallel plate flow chamber and cell detachment was quantified to elucidate the 

effect of nanofiber diameter and orientation on EC adhesion to the scaffold.  
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1.10.2 Chapter 2: A Fiber-Optic-Based (FOB) Imaging System for Non-Destructive 

Assessment of Cell-Seeded Tissue-Engineered Scaffolds  

The main focus of this study was to develop a novel imaging method to evaluate 

bioengineered vascular grafts, where the assessment endothelialization on the lumen (inner 

surface) of bioengineered blood vessels is of significant interest. From an imaging standpoint, it 

is exceedingly difficult to monitor endothelialization on the lumen through a thick and optically 

opaque tubular vessel using conventional microscopy techniques. Furthermore, the 

preconditioning of such vessels in fluid flow bioreactors poses additional geometrical constraints 

on the objective’s working distance. Therefore, the key significance of this study is the design 

and validation of an entirely new imaging technique that is capable of performing non-

destructive imaging of endothelial cells (ECs) through a thick and optically opaque electrospun 

scaffold housed within a bioreactor. Our approach is based on embedding thin and flexible 

micro-imaging channels (MICs) directly into a fibrous scaffold. The validity of our method was 

demonstrated by imaging through an opaque scaffold model and visualizing GFP-labeled ECs 

located on the luminal surface. The accuracy of our method was quantified through direct 

comparison with conventional, direct-line-of-sight fluorescence microscopy. 

1.10.3 Chapter 3: Dynamic, nondestructive imaging of a bioengineered vascular graft 

endothelium  

The objective of this study was to use the FOB imaging system to assess the graft 

endothelium without disturbing the graft during incubation in a bioreactor. In this study, we 

evaluate the feasibility of the FOB imaging system to image and quantify endothelialization, EC 

detachment, and apoptosis in a dynamic and noninvasive manner. The electrospun fiber diameter 

of the graft lumen was systematically varied and the FOB imaging system was used to 

noninvasively quantify the affect of topography on graft endothelialization over a 7-day period. 

Additionally, the health of the endothelium was assessed by quantifying EC apoptosis on the 

lumen in response to varying levels of physiological insult. Finally, the imaging depth of the 

FOB imaging system was directly compared to that of two-photon fluorescence microscopy. The 

results of this study demonstrate the potential of the FOB imaging system to be utilized to 

nondestructively assess the maturation of a bioengineered vascular graft endothelium in real-time. 
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1.11 Material in Appendices 

The appendices contain studies that were conducted relating to tissue scaffold design and 

noninvasive scaffold imaging, but are not closely linked to the overall goal of this dissertation. 

Appendix A includes a study that assesses the effect of increasing osteoblast penetration into an 

electrospun scaffold by inclusion and removal of a sacrificial fiber component in addition to 

increasing osteoblastic differentiation by inclusion of a calcium phosphate coating. Appendix B 

is a study that characterized the optical properties of PDLLA scaffolds and FOB imaging 

penetration depth in vitro. Appendix C includes a study that measures the change in optical 

properties of a bioengineered blood vessel over time using OCT.  

 

!
!
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2. Chapter 2: The influence of nanofiber scaffold topography on endothelial cell 

morphology, alignment, and adhesion in response to fluid flow  

 

Bryce M. Whited a and M. Nichole Rylander a,b 

 
a School of Biomedical Engineering and Sciences, Virginia Tech – Wake Forest University, 

Blacksburg, VA 24061, USA 
b Department of Mechanical Engineering, Virginia Polytechnic Institute and State University, 

Blacksburg, VA 24061, USA 

2.1 Abstract 
!

Bioengineered vascular grafts provide a promising alternative to autografts for replacing 

diseased or damaged arteries, but necessitate scaffold designs capable of supporting a confluent 

endothelium that resists endothelial cell (EC) detachment under fluid flow. To this end, we 

investigated whether tuning nanofiber topography (i.e. fiber diameter and orientation) could 

impact EC morphology, alignment, and structural protein organization with the goal of forming a 

confluent and well-adhered endothelium, without the need for preconditioning under fluid flow. 

To test this, a composite polymer blend of Poly(ε-caprolactone) (PCL) and type I collagen was 

electrospun to form scaffolds with controlled fiber diameters ranging from approximately 100 

nm to 1200 nm and with varying degrees of fiber alignment. ECs were seeded onto scaffolds, 

and cell morphology and degree of alignment were quantified using image analysis of 

fluorescently stained cells. Our results show that ECs form confluent monolayers on nanofiber 

scaffolds, with cell alignment systematically increasing with a larger degree of fiber orientation. 

Additionally, cells on aligned nanofiber scaffolds display thick F-actin bundles parallel to the 

direction of fiber alignment and strong VE-cadherin expression at cell-cell junctions. Under fluid 

flow, ECs on highly aligned fiber scaffolds had greater resistance to detachment compared to 

cells cultured on randomly oriented and semi-aligned fiber scaffolds. These results indicate that 

scaffolds with aligned nanofiber topographies may be useful in forming a confluent endothelium 

with enhanced EC adhesion for vascular tissue engineering applications. 
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2.2 Introduction 
!
 Currently, there are more than one million vascular procedures performed each year in 

the US to treat various forms of cardiovascular disease such as coronary and peripheral artery 

disease [64].  Many of these procedures include bypass surgery, wherein autologous vessels are 

used to reroute blood flow around occluded or diseased arteries.  While autologous vessels are 

considered the gold standard for bypass grafts, this procedure can result in donor site morbidity 

or is often not feasible since many patients lack a suitable vein or artery for bypass grafting [81, 

82].  As a result, there has been significant interest in using bioengineered vascular grafts 

fabricated from both synthetic and natural sources as an alternative to autologous grafts.  

 A critical design requirement for small-diameter (<6 mm) bioengineered vascular grafts 

is the formation of a continuous monolayer of endothelial cells (ECs) on the lumen of the 

construct. This is typically accomplished by seeding autologous ECs, such as venous ECs [63, 

83] or endothelial progenitor cells [84, 85] on the lumen surface of the vascular graft prior to 

implantation. In native vessels, ECs play an important role in regulation of vascular tone, tissue 

homeostasis, and regulation of nutrient transport across the vessel wall [12]. In addition, the 

endothelium forms a selectively permeable, antithrombogenic barrier between the circulating 

blood and vessel wall [13]. Without a durable and adherent endothelium, vascular grafts are 

susceptible to failure after bypass surgery as a result of neointimal hyperplasia and thrombosis, 

typically caused by a lack of endothelial coverage on the graft [14-16]. Therefore, an ideal 

bioengineered vascular graft should possess a continuous monolayer of ECs that functions 

similar to the native endothelium while remaining adherent under physiological flow conditions.  

It is well known that the morphology and cytoskeleton arrangement of ECs in native 

arteries directly affects their ability to function and resist detachment under physiological fluid 

flow [86]. The endothelium in native vessels is composed of ECs that are aligned with the 

direction of blood flow in straight vessel segments. These morphological properties (i.e. shape 

and orientation) are directed by flow-mediated mechanotransduction, where mechanical forces 

are converted into cellular activity through cell-surface membrane protein mechanoreceptors and 

mechanosensitive ion channels, among others [19]. Under flow conditions, mechanotransduction 

induces cytoskeletal rearrangement, specifically F-actin, in ECs exposed to fluid flow [19, 86]. 

ECs located at sites of disturbed fluid flow in vivo, i.e. at vessel branches or atherosclerotic 

lesions, or under static conditions in vitro, display a polygonal morphology where F-actin is 
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organized at the periphery of the cells. Upon exposure to high shear stress, cells align with the 

direction of flow and F-actin rearranges to create thick bundles of stress fibers parallel to the 

direction of fluid flow. Furthermore, the reorientation and alignment of ECs, in addition to F-

actin organization, substantially increases the cells ability to resist deformation and detachment 

under shear stress [19, 22, 86]. Therefore, in this study, we hypothesized that if ECs can be 

directed to adopt an in vivo-like morphology, alignment, and F-actin organization in the direction 

of fluid flow, their resistance to detachment may increase as a result. 

An effective method that has been employed to achieve an endothelium with in vivo like 

morphology and alignment is in vitro fluid flow preconditioning prior to implantation in vivo 

[60]. This approach utilizes fluid flow bioreactors to expose the lumen of the graft to 

incremental increases in hydrodynamic shear stress to achieve an aligned and well-adhered 

endothelium.  While effective, this approach is time and resource intensive, typically requiring 

several days to weeks to achieve a conditioned endothelium which can accept physiologic levels 

of shear stress without detachment [20, 65]. Alternatively, a potentially promising method to 

form an endothelium with in vivo-like morphology and alignment may be through the use of a 

phenomenon called contact guidance, where substratum surface topography can direct cell 

spreading [87].  Several groups have shown that EC morphology, orientation, and cytoskeleton 

can be controlled on a variety of topographic features including nanoscale silicone and 

polyurethane grooves [54, 88, 89], micron-diameter methacrylic terpolymer fibers [90, 91], and 

nanoscale poly(dimethylsiloxane) waves [92]. Despite these studies, it remains unclear how ECs 

respond to topographical features such as fiber diameter and orientation, specifically for fiber 

diameters in the sub-micron range, in an effort to control cell morphology and alignment to 

increase cell adhesion strength under hydrodynamic shear stress. Therefore, the main objective 

of the current study is to examine the effects of electrospun Poly(ε-caprolactone) (PCL)/type I 

collagen nanofiber diameter and orientation on EC morphology, alignment, and structural protein 

organization with the goal of forming a confluent endothelium that resists detachment under 

fluid flow. To accomplish this, scaffold topography was tuned by adjusting electrospinning 

parameters to systematically vary fiber diameter and orientation, concurrently. Cell morphology 

(cell area, aspect ratio, and length of long axis) and degree of alignment were quantified by 

performing image analysis of fluorescently stained cells and expression/organization of two 

principal structural proteins (VE- cadherin and F-actin) and a cell-substrate linker protein 
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(vinculin) was observed by immunofluorescence imaging.  EC monolayers on nanofiber 

scaffolds were exposed to fluid shear in a parallel plate flow chamber and cell detachment was 

quantified to elucidate the effect of nanofiber diameter and orientation on EC adhesion to the 

scaffold. 

2.3 Materials and Methods 

2.3.1 Scaffold Fabrication 
!

 Scaffolds consisting of a polymer blend of type I collagen and PCL were electrospun 

similar to a method previously reported by Lee et al. [17]. Briefly, 1:1 (weight ratio) blends of 

type I collagen derived from calf skin (Elastin Products Co., Owensville, MO, USA) and PCL 

(Lactel Absorbable Polymers, Pelham, AL, USA) were prepared in 1,1,1,3,3,3-hexafluoro-2-

propanol (HFP, Sigma Aldrich, St. Louis, MO, USA).  PCL/collagen concentrations of 5%, 10%, 

and 15% (w/v) were used to fabricate scaffolds with varying fiber diameters. To form scaffolds 

with random fiber orientations, PCL/collagen solutions were electrospun onto a grounded 

stationary tissue culture polystyrene (TCPS) substrate. To fabricate scaffolds with varying fiber 

orientation, PCL/collagen solutions were electrospun onto TCPS substrates attached to a 

grounded rotating aluminum mandrel at 1500 and 3000 rpm (with corresponding linear velocities 

of 4.0 and 8.0 m/s, respectively).  Approximately 1 ml of each solution was used to fabricate 

PCL/collagen scaffolds with varying fiber diameters and orientations by varying electrospinning 

parameters (refer to Table 2.1).  The scaffolds were then placed in a vacuum desiccator overnight 

to remove all residual solvent. 

2.3.2 Scaffold Characterization  
!

 Scaffold morphology was investigated using field emission scanning electron microscopy 

(SEM) using a LEO 1550 field emission SEM (Carl Zeiss, Thornwood, NY, USA). SEM images 

were then analyzed using Image J software (U.S. National Institutes of Health, Bethesda, MD, 

USA) to determine fiber diameter and degree of fiber orientation. A total of 50 random fibers per 

image were manually measured to determine fiber diameter and angle of orientation (n = 5 

images/scaffold, n = 250 fibers total). The degree of fiber orientation was characterized by the 

angular standard deviation for a wrapped normal distribution using the method previously 
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described by Bashur et al. [39]. The wrapped normal distribution is given by the following 

equation: 

! ! = ! 1! 1 + 2 !!!
�

!!!
cos 2! ! − ! , 0 ≤ ! ≤ !!,!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!(2.1) 

where ρ is the mean resultant length, and µ is the mean angle for a set of n measured fiber angles, 

θi, as given by the following equations: 
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The angular standard deviation, σ, was then calculated from the mean resultant length: 

! = !12 −2 ln ! !.!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!(2.4) 

2.3.3 Cell Culture and Cell Seeding 
!

 Primary human umbilical vein endothelial cells (HUVEC) were purchased from 

American Type Culture Collection (Manassas, VA, USA) and were used to perform cell studies.  

All cells were used below passage 5 and cultured in Medium 200PRF supplemented with 2% 

fetal bovine serum, 1 µg/ml hydrocortisone, 10 ng/ml human epidermal growth factor, 3 ng/ml 

basic fibroblast growth factor, and 10 µg/ml heparin (Invitrogen, Carlsbad, CA, USA) in a 37oC, 

5% CO2 incubator. Before cell seeding, scaffolds were sterilized by immersion in 70% ethanol 

for 1 hr followed by 3 washes in sterile phosphate buffered saline (PBS). HUVECs were then 

seeded onto the scaffolds at a density of 1.5 x 104 cells/cm2. 

2.3.4 Cell Morphology and Alignment 
!

EC morphology and degree of alignment were assessed 3 days post-seeding by using 

image analysis of Calcein AM stained cells. This time point was chosen based on preliminary 

data showing cell confluence at 3 days for the seeding density used (data not shown). Briefly, 

scaffolds were incubated in medium containing Calcein AM (Molecular Probes, Eugene, OR, 

USA) at a final concentration of 5 µM for 30 min at 37oC. Scaffolds were washed twice with 

sterile PBS, culture medium was added to each well, and fluorescent cells were imaged using a 
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Leica DMI6000-B microscope (Leica, Wetzlar, Germany).  Images were then analyzed with 

Image J software (National Institutes of Health, Bethesda, MD) to determine cell morphological 

properties including 1) projected area, 2) aspect ratio, and 3) length of long axis. The degree of 

cell alignment was characterized by measuring the angle of cell orientation relative to the vertical 

axis of the image. Care was taken to ensure that cell-seeded samples were imaged with the 

direction of mandrel rotation parallel to the vertical axis of the image. A total of at least 10 

images (n ≥ 10) per scaffold condition were analyzed using this method. The degree of cell 

orientation was characterized by the angular standard deviation for a wrapped normal 

distribution as previously described. 

2.3.5 Immunofluorescence Staining 
!

 Expression and organization of F-actin, VE-cadherin, and vinculin were visualized by 

immunostaining ECs on scaffolds after 3 days post-seeding. Briefly, all samples were fixed in 

3.7% paraformaldehyde (EMD chemicals, Gibbstown, NJ, USA) for 15 min and washed with 

PBS 3 times for 5 min each. Next, cells were permeabilized by incubation in 0.1% Triton X-100 

(Sigma Aldrich) for 5 min, washed 3 times with PBS for 5 min each, then incubated in 1% 

bovine serum albumin (Santa Cruz Biotechnology, Inc., Santa Cruz, CA, USA) for 30 min to 

reduce non-specific background staining. For VE-cadherin staining, the samples were incubated 

for 1 hr in rabbit polyclonal anti-VE-cadherin primary antibody (1:200, Abcam, Cambridge, MA, 

USA). The samples were then washed with PBS and incubated for 1 hr in goat anti-rabbit 

secondary antibody (1:100, DyLight 488, Jackson Immunoresearch, West Grove, PA, USA). To 

stain for vinculin, samples were incubated for 1 hr in mouse monoclonal anti-vinculin primary 

antibody (1:100, Abcam), washed with PBS, and incubated for 1 hr in goat anti-mouse secondary 

antibody (DyLight 594, Jackson Immunoresaerch). For F-actin staining, samples were incubated 

in rhodamine phalloidin (Invitrogen) for 20 min. All samples were counter-stained using 

Vectashield with 4’,6-diamidino-2-phenylindole (DAPI, Vector Laboratories, Burlingame, CA, 

USA) to visualize cell nuclei and imaged using a Leica DMI6000-B microscope. Vinculin was 

quantified by using Image J to perform image analysis of area covered by fluorescent (red) pixels 

within each image. 

2.3.6 Cell Adhesion Assays 
!
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 ECs on nanofiber scaffolds were exposed to hydrodynamic shear stress to test cell 

adherence using a custom parallel plate flow chamber (PPFC) of similar design to that previously 

described [93]. After 3 days of static culture, EC-seeded scaffolds were mound in the PPFC and 

exposed to shear stresses of 20 and 40 dyne/cm2 for 1 hr according to the parallel plate 

approximation as previously described [93].  These shear stresses were chosen because they 

represent the average (20 dyne/cm2) and maximum (40 dyne/cm2) physiologic shear stress that 

ECs experience in vivo [94]. Samples were mounted in the PPFC such that the direction of fluid 

flow was parallel to the direction of electrospun fiber alignment (i.e. mandrel rotation). The 

PPFC was connected to a media reservoir and centrifugal pump (Ismatec BVP-Z, Cole-Parmer, 

Vernon Hills, IL, USA) to form a closed flow loop. Cell culture media was maintained at 37oC 

and under a 5% CO2. Prior to flow, cell nuclei were stained with Hoechst 33342 live cell stain 

(Invitrogen). The PPFC with EC-seeded scaffolds were then mounted on an imaging stage and 

imaged at 6 random locations on each scaffold at 0, 5, 10, 20, 30, 40, 50, 60 min after the onset 

of flow. Three separate flow experiments were conducted for each scaffold condition (n = 3) to 

yield a total of n = 18 images for each scaffold condition. Image J software was used to count 

cell nuclei in each image, and the strength of cell adhesion was represented by the percentage of 

cells remaining after the onset of flow relative to the initial images before flow (0 min). 

2.3.7 Statistical Analysis 
!

 All values are reported as the mean ± standard deviation. Statistical analysis was 

performed using one-way analysis of variance (ANOVA) with a significance criterion of p ≤ 

0.05. For assessment of scaffold fiber diameter and alignment, 50 random fibers from n = 5 

images per scaffold condition were used (250 fibers total). To determine cell morphology and 

alignment, a total of at least 10 images (n ≥ 10) per scaffold condition were analyzed. Cell 

studies were repeated to ensure reproducibility of trends. 

2.4 Results 

2.4.1 Scaffold Topography 

Electrospinning was used in this study to fabricate fibrous PCL/collagen scaffolds with 

variable fiber diameters and degrees of alignment. By tuning polymer solution concentration, 

mandrel rotation rate, and electrospinning parameters (Table 2.1), a 3 x 3 scaffold property 

matrix was formed. This 3 x 3 scaffold property matrix is displayed in Figure 1, where 
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representative SEM images demonstrate that both fiber diameter and fiber alignment were 

systematically controlled using the aforementioned fabrication parameters. Quantitative analysis 

of the SEM images showed that fiber diameters produced from the 5%, 10%, and 15% (w/v) 

polymer solutions were roughly 100 nm, 300 nm, and 1200 nm, respectively (Figure 2, Table 

2.2), and will be referred to hereafter as “100-nm”, “300-nm”, and “1200-nm”, respectively. 

Scaffold fiber alignment was controlled by electrospinning onto a stationary TCPS substrate or 

rotating the TCPS substrate on a mandrel at 1500 and 3000 rpm. Histograms of fiber orientation 

were plotted for each scaffold condition and show close agreement to the wrapped normal 

distribution (Supplemental Figure 1). These results indicate that the degree of fiber alignment 

systematically increased with greater mandrel rotation rates, while the angular standard deviation 

systematically decreased (Table 2.2). Scaffolds electrospun at static conditions, 1500 rpm and 

3000 rpm will be referred to hereafter as “random”, “semi-aligned”, and “fully-aligned”, 

respectively, to describe the degree of fiber orientation. Additionally, increasing the mandrel 

rotation rate, and thus increasing fiber alignment, did not have a statistically significant influence 

on scaffold fiber diameter (Figure 2.2).  

 

Table 2.1: PCL/collagen electrospinning parameters for scaffolds with varying fiber diameter 
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Figure 2.1: Representative SEM images of electrospun PCL/collagen scaffolds. A 3 x 3 scaffold 
property matrix was formed by systematically varying fiber diameter (100-nm, 300-nm, and 
1200-nm) and degree of fiber alignment (random, semi-aligned, and fully-aligned). 
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Figure 2.2: Fiber diameters for scaffolds electrospun from various polymer solution 
concentrations (5%, 10%, and 15% w/v) and fabrication parameters with varying degrees of fiber 
alignment.  An “*” indicates a statistical difference from the 5% (w/v) group, and a “#” indicates 
statistical difference from the 10% (w/v) group (p < 0.05) (n = 250 fibers for each group).  
 

 

Table 2.2: Electrospun fiber diameter, fiber angular standard deviation, and cell angular standard 
deviation for scaffolds fabricated with varying solution concentrations, electrospinning 
parameters, and mandrel rotation rates. 

2.4.2 Cell Morphology and Alignment 

To assess the effect of scaffold topography on cell morphology and alignment, ECs were 

seeded onto the scaffolds and visualized using a live-cell stain (Calcein AM). Three days post-

seeding, the cells were attached to the PCL/collagen scaffold and remained viable. Figure 2.3 

shows representative images of ECs attached to each scaffold group. The cells formed a 

confluent monolayer on the surface of the 100-nm and 300-nm scaffolds; however, cells on the 

1200-nm scaffolds appeared to have infiltrated into the constructs (white arrows, Figure 2.3) 

evidenced by fibers traversing over the fluorescent cells, which were located at an imaging focal 

plane within the scaffold. Furthermore, cells on 100-nm and 300-nm aligned scaffolds displayed 

an elongated morphology, whereas cells on random scaffolds exhibited a polygonal, 

cobblestone-like appearance. Quantitative analysis of the images indicated that projected cell 

area on the 1200-nm scaffolds was significantly diminished compared to the 100-nm and 300-nm 

scaffolds, whereas cell area was not significantly affected by degree of fiber alignment (Figure 

2.4a). Although fiber alignment did not have a statistically significant impact on projected cell 

area, it did have a dramatic effect on cell elongation, as measured by cell aspect ratio and length 

of long axis. Figures 4b,c show that cells on the 100-nm and 300-nm aligned scaffolds had 

significantly greater aspect ratios and long axis lengths as compared to those on 1200-nm and 

random scaffolds.  
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Figure 2.3 shows that fiber orientation had a strong impact on guiding cell alignment on 

100-nm and 300-nm scaffolds, whereas cells on 1200-nm scaffolds were unaffected. Normalized 

histograms of cell orientation on 100-nm and 300-nm scaffolds provided quantitative evidence 

that cell alignment increased with greater fiber alignment (Supplemental Figure 2.2). 

Furthermore, cell angular deviation systematically decreased with diminishing fiber angular 

standard deviation for these scaffold groups (Table 2.2). In contrast, the analysis demonstrated 

that fiber alignment did not impact cell orientation on the 1200-nm scaffolds.  

 
Figure 2.3: Representative images of Calcein AM stained ECs on electrospun scaffolds. Cells 
displayed a more cuboidal morphology on random nanofiber scaffolds as compared to scaffolds 
with defined fiber alignment, where cells were elongated and aligned with the direction of fiber 
orientation. Cells on 1200-nm scaffolds displayed a rounded morphology, no preferred 
orientation, and appear to have infiltrated into the scaffold (white arrows).  
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Figure 2.4: Quantitative analysis of a) cell area, b) aspect ratio, and c) length of long axis of 
Calcein AM stained ECs on electrospun scaffolds. Cell area was significantly greater on 100-nm 
and 300-nm scaffolds when compared to 1200-nm scaffolds. Cell aspect ratio and length of long 
axis were significantly increased on aligned 100-nm and 300-nm scaffolds as compared to 
random and 1200-nm scaffolds. An “*” indicates a statistical difference from the 1200-nm 
scaffold group, and a “#” indicates statistical difference from the random scaffold group (p < 
0.05) (n ≥ 10 images per group). 

2.4.3 Structural and cell-substrate protein expression and organization  

Immunofluorescence staining of cells on electrospun scaffolds was performed to 

determine the effect of scaffold topography on expression and organization of two principal 

structural proteins (F-actin and VE-cadherin) and a cell-substrate linker protein (vinculin). 

Staining for F-actin showed that cells on 100-nm and 300-nm random scaffolds had randomly 

oriented actin filaments that appeared to line the periphery of the cells (Figure 2.5). In contrast, 

cells on 100-nm and 300-nm fully-aligned scaffolds exhibited thick actin filaments traversing the 

full length of the cell parallel to fiber alignment. Cells on the 1200-nm scaffolds also stained 

positive for F-actin, however, the actin appeared to be weakly expressed. All 100-nm and 300-

nm scaffolds showed strong staining for VE-cadherin at cell-to-cell contact regions, whereas this 
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protein was not expressed in cells on 1200-nm scaffolds (Figure 2.6). To determine the effect of 

scaffold topography on cell-scaffold interactions, ECs were stained for vinculin, an important 

protein complex for cell adhesion. Figure 2.7 shows that cells on semi-aligned and fully-aligned 

scaffolds displayed higher levels of vinculin as compared to those on random scaffolds. The total 

area occupied by vinculin in the images was quantified using image analysis and results are 

shown in Figure 2.8 (n = 3 scaffolds per condition). Cells on semi-aligned and fully-aligned 

scaffolds exhibited 2-3 times the amount of vinculin expression of those cells on random 

scaffolds; however, no statistically significant difference in amount of vinculin was observed 

between cells on semi-aligned versus fully-aligned scaffolds.  

 
Figure 2.5: Representative fluorescent images of cytoskeletal F-actin organization for ECs on 
scaffolds with varying fiber diameters and orientations.  F-actin (red) was organized at the 
periphery of cells on random 100-nm and 300-nm scaffolds, but was located throughout the cells 
in thick bundles parallel to nanofiber orientation on 100-nm and 300-nm fully-aligned scaffolds.   
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Figure 2.6: Representative fluorescent images of VE-cadherin (green), showing that the cell-cell 
adhesion protein was strongly expressed at the periphery of cells where cell-cell contact occurred 
on 100-nm and 300-nm scaffolds. VE-cadherin was not, however, expressed in cells on 1200-nm 
scaffolds.  
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Figure 2.7: Staining for vinculin revealed that cells on aligned scaffolds displayed a 
considerably higher level of vinculin than cells on random scaffolds.  
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Figure 2.8: The total area covered by vinculin in each image was quantified using image 
analysis. The results show that cells on aligned scaffolds expressed 2-3 times the amount of 
vinculin than cells on random scaffolds. A “#” indicates a statistical difference from the random 
scaffold group (p < 0.05) (n = 9 images per group). 

2.4.4 EC Adhesion Under Fluid Flow 

!
Confluent monolayers of ECs on both 100-nm and 300-nm scaffolds were exposed to 

continuous hydrodynamic shear stresses of 20 and 40 dyne/cm2 using a PPFC to test the 

adhesion strength of ECs on different scaffold topographies. Cells on 1200-nm scaffolds were 

not exposed to flow since confluent monolayers had not formed and therefore were not 

considered as viable for use as a vascular graft lumen. Cell adhesion was dynamically measured 

by counting cell nuclei on the scaffolds for a duration of 60 min under flow. Figure 2.9a shows 

the percentage of cells attached to the 100-nm and 300-nm scaffolds at a shear stress of 20 

dyne/cm2 as a function of time. The rate of cellular detachment was the greatest for cells on the 

random scaffolds as compared to those on the aligned scaffolds. When cells were exposed to 40 

dyne/cm2 (Figure 2.9b), the rate of cellular detachment increased for cells on all scaffolds as 

compared to those exposed to 20 dyne/cm2 (Figure 2.9a), however the trends remained the same 

between scaffold groups. Figures 9a and 9b show that cell detachment from all scaffolds at both 

shear stresses normalize after about 40 min. Figure 2.9c shows the percentage of cells attached 

on all scaffolds after 60 min flow at both shear stresses. These results demonstrate that ECs 

exposed to 20 dyne/cm2 on fully-aligned scaffolds display roughly 95% cell adherence, whereas 

only ~80% and ~60% of cells remained adherent on semi-aligned and random scaffolds, 

respectively. At a shear stress of 40 dyne/cm2, roughly 62% of cells remained adherent on fully-

aligned scaffolds, whereas 46% and 27% of cells were adherent to semi-aligned and random 

scaffolds, respectively. The results also demonstrate that scaffold fiber diameter did not have a 

statistically significant impact on cell attachment after 60 min of fluid flow.  
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Figure 2.9: Percentage of cells that remained adherent to the 100-nm and 300-nm scaffolds 
during 60 min of a) 20 dyne/cm2 and b) 40 dyne/cm2 continuous hydrodynamic shear stress. c) 
Percentage of cells adherent to the scaffolds after 60 min of continuous hydrodynamic shear 
stress. Values marked with the same letter are not significantly different (p < 0.05) 

2.5 Discussion 
!

Due to the prevalence of vascular disorders, such as coronary and peripheral artery 

disease, there exists a great need for viable conduits for bypass grafting that overcome the 

drawbacks associated with the use of autologous grafts. Vascular tissue engineering has provided 

a promising approach for creation of such grafts, commonly in the form of tubular scaffolds 

composed of natural or synthetic materials wherein viable vascular cells are seeded to allow 

construct remodeling once implanted in vivo [16, 17, 37, 63, 95]. A critical factor for the success 

of these bioengineered vessels is the formation of a well-functioning endothelium on the lumen 

portion of the construct that provides the graft with a non-thrombogenic layer between 

circulating blood and the arterial wall. The endothelium should be well adhered to the surface of 

the construct and exhibit native EC morphology, specifically, ECs aligned with the direction of 

blood flow to permit high shear stress resistance and minimal flow disturbance [2, 22, 62, 96]. 

We hypothesized, therefore, that if ECs can be directed to adopt morphology, alignment, and F-

actin organization similar to those in vivo using scaffold topographical cues, then resistance to 

deformation and detachment under shear stress may be enhanced as a result. Therefore, the main 

objective of this study was to examine the effect of scaffold design parameters, such as fiber 

diameter and orientation, on EC morphology, alignment, and adherence to the surface under fluid 

flow. The overarching goal was to investigate the potential of these nanofiber substrates to direct 

ECs to form a confluent endothelium with morphological and structural protein properties 

similar to ECs in vivo in an effort to increase adherence to the scaffold surface. 

To test this hypothesis, PCL/type I collagen scaffold topography was varied by tuning 

electrospinning parameters and mandrel rotation rates to systematically produce a 3 x 3 scaffold 

property matrix consisting of 3 different fiber diameters (roughly 100 nm, 300 nm, and 1200 nm) 

each with varying degrees of fiber alignment. PCL/collagen was specifically chosen for this 

study because of its promising characteristics as a vascular graft that include excellent 

mechanical properties [17], capacity to facilitate EC attachment/growth [37], and patency when 

implanted in vivo [36]. Quantitative analysis of SEM images show that the degree of fiber 

alignment systematically increased with greater mandrel rotation rate (Figure 2.3), while the 
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angular standard deviation systematically decreased (Table 2.2), indicating a more aligned 

structure. Scaffold topography had a large impact on EC morphology as visualized by 

fluorescence microscopy of Calcein AM stained cells. Cells had a well-spread morphology and 

were able to form confluent monolayers on 100-nm and 300-nm scaffolds, whereas cells on 

1200-nm scaffolds were rounded and appeared to have infiltrated into the scaffold (Figure 2.4). 

In addition, ECs on 100-nm and 300-nm scaffolds expressed VE-cadherin in a continuous and 

linear manner at the periphery of cells where cell-cell contacts occurred, regardless of fiber 

orientation, indicating a confluent endothelium (Figure 2.8). Quantitative analysis of the 

fluorescent images indicated that cell area and length of long axis were significantly greater for 

cells on 100-nm and 300-nm scaffolds as compared to 1200-nm scaffolds (Figures 5b and c). 

These findings are consistent with a study by Ju et al., in which ECs displayed a well-spread 

morphology only on 270 nm diameter PCL/collagen fibers when compared to cells on micron 

diameter fibers [37]. One possible explanation is that an increase in pore size, which is known to 

substantially increase with larger electrospun fiber diameter [37, 55], may lead to a lack of sites 

available for focal adhesions to form on the underlying substrate and thus prevent adequate cell 

spreading. Nonetheless, nanofiber meshes fabricated in this study (i.e. 100-nm and 300-nm) 

allowed EC spreading and formation of an uninterrupted endothelial layer, as evidenced by VE-

cadherin expression at cell-cell junctions, after 3 days post-seeding.  

 Our results show that fiber orientation had a significant impact on directing the degree of 

EC alignment and elongation – consistent with the phenomenon of contact guidance. Similar 

studies have shown that various cell types, such as fibroblasts [39], neural stem cells [97], tendon 

progenitor cells [98], and smooth muscle cells [41], respond to aligned fiber matrices in a similar 

manner by elongating and aligning parallel to fiber orientation. For this study, a systematic 

increase in EC alignment coincided with a greater degree of nanofiber alignment (Figure 2.6), 

while the angular standard deviation for both cells and fibers systematically decreased (Table 

2.2). Additionally, ECs were elongated in the direction of fiber orientation for 100-nm and 300-

nm aligned scaffolds quantified by a significant increase in cell aspect ratio and long axis 

(Figures 5b and c). Concurrent with variations in cell alignment and elongation, ECs displayed 

drastically different cytoskeletal arrangements in response to scaffold topography.  ECs on 100-

nm and 300-nm random scaffolds exhibit a banding pattern of F-actin at the periphery of the 

cells, whereas cells on fully-aligned 100-nm and 300-nm scaffolds display F-actin bundles that 
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traverse the entire length of the cell parallel to fiber orientation (Figure 2.7). These results are 

strikingly similar to those in a study by Inoguchi et al [62], where HUVECs were seeded on the 

lumen portion of an electrospun vascular graft and exposed to gradually graded shear stress over 

a 3 day period. In that study, HUVECs exposed to incremental shear stress aligned with the 

direction of flow and expressed thick bundles of F-actin parallel to shear stress, whereas cells 

under static conditions retained a cuboidal morphology and expressed banding patterns of F-actin 

at their periphery. When exposed to fluid flow, ECs displaying a cuboidal morphology detached 

in response to shear stress less than 3.2 dyne/cm2, whereas cells that had gradually undergone a 

regimen of gradual increase in shear stress over a 3 day period displayed an aligned morphology 

and remained adherent under a shear stress of 19.2 dyne/cm2 [62]. This is one example of how 

EC adherence to a scaffold can be improved in vitro by using dynamic culturing conditions such 

as exposing EC-seeded vascular grafts to physiological fluid flow through bioreactor 

preconditioning [60, 99]. Previous work has shown that preconditioning grafts before 

implantation increases EC retention, functionality, and graft patency once implanted in vivo as 

compared to non-conditioned grafts [61, 66]. As a result of shear stress preconditioning, ECs 

adopt an elongated morphology, align with the direction of fluid flow, and display cytoskeletal 

(F-actin) and adherens junction protein (vascular endothelial (VE) cadherin) organization similar 

to the native endothelium [62, 66]. These morphological and structural protein properties directly 

contribute to an endothelium with minimal flow disturbance and high adherence to the graft [2, 

22, 62, 96] – both of which are required for a successful vascular graft.  While shear-stress 

preconditioning is an effective method to increase the attachment and shear resistance of seeded 

ECs, this process is resource intensive and time consuming, often taking several days or weeks 

for the ECs to reorganize sufficiently to resist detachment under physiological shear stresses (20 

– 40 dynes/cm2) [20, 65]. 

In contrast, the method used in this study to influence endothelial cell morphology did not 

require the use of fluid flow preconditioning to increase EC adherence to the scaffolds under 

physiological shear stress. We found that topographical guidance of ECs into an elongated 

morphology and organized cytoskeleton in the direction of fluid flow was an effective means to 

increase EC resistance to detachment under fluid flow. Specifically, we demonstrated that ECs 

cultured on fully-aligned scaffolds had roughly 35% more cells adherent to the scaffold as 

compared to ECs on random scaffolds after 60 min of flow at both shear stresses of 20 and 40 
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dyne/cm2. In addition, ECs cultured on aligned scaffolds had a much lower rate of detachment 

compared to those cultured on random scaffolds (Figure 2.9b, c). With the increase in cell 

elongation, our results demonstrated that ECs also expressed higher levels of vinculin – an 

adaptor protein that is recruited from the cytoplasm to regulate focal adhesion complexes in 

anchorage dependent cells [100]. Quantification of vinculin expression showed that ECs on 

semi-aligned and fully-aligned scaffolds had roughly 2-3 times the amount of vinculin as 

compared to ECs on random scaffolds. An interesting finding of this work is that even though 

ECs cultured on semi-aligned and fully-aligned scaffolds displayed statistically insignificant 

differences in morphologies (Figure 2.4) and vinculin expression (Figure 2.8), ECs on fully-

aligned scaffolds had roughly 15% more cells attached after 60 min of flow at both shear stresses 

when compared to ECs on semi-aligned scaffolds. We propose that the difference in EC 

attachment between the semi-aligned and fully-aligned scaffolds arose from differences in cell 

alignment and F-actin organization with the direction of flow. In a study conducted by Barbee et 

al [101], ECs cultured under flow conditions showed that cells had a significant decrease in 

height profile and were streamlined with the direction of flow as compared to those cultured 

under static conditions. The authors showed that cell alignment and elongation in the direction of 

flow decreased the shear stress and gradients of shear stress at the cell surface. We believe that a 

similar phenomenon occurred with cells on the fully-aligned scaffolds in the present study, 

where topography-induced elongation and alignment in the direction of fluid flow diminished 

shear stress at the cell surface, thereby decreasing detachment as compared ECs on random and 

semi-aligned scaffolds. Therefore, our findings indicate that not only can EC elongation, 

alignment, and F-actin organization be directed by tuning nanofiber orientation through contact 

guidance, but also the resulting changes in F-actin organization and increased adherence to the 

scaffold surface are similar to those of ECs exposed to hydrodynamic shear stress without the 

use of dynamic culturing conditions using fluid flow systems. 

2.6 Conclusion 
!

 In this study, we varied the fiber diameter and orientation of electrospun fibers in an 

effort to elucidate the impact of scaffold topography on EC morphology, alignment, structural 

protein expression/organization and adherence under fluid flow. We found that ECs on nanofiber 

scaffolds formed confluent monolayers and alignment of cells was found to systematically 
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increase as a function of increased fiber orientation, leading to a fully aligned endothelium on the 

most aligned scaffolds. Concurrent with cell alignment, ECs exhibited thick bundles of oriented 

F-actin parallel to the direction of fiber alignment, mimicking F-actin organization of native ECs 

in straight artery segments that are exposed to high shear stress. ECs on fully-aligned scaffolds 

displayed higher levels of adherence to the scaffolds under physiological shear stress as 

compared to those on random and semi-aligned scaffolds. These findings indicate that EC 

morphology and alignment can be directed through tuning nanofiber topography and could be 

used to form an uninterrupted, fully aligned and shear resistant endothelium for vascular tissue 

engineering applications. 
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Supplemental Figure 2.1: Normalized histograms of fiber angle for scaffolds electrospun with 
varying fiber diameters and fiber orientations (grey bars) (n = 250 fibers for each group). Degree 
of fiber alignment systematically increased with an increase in mandrel rotation rate. Curves 
represent the wrapped normal distribution (Equation 2.1).  

 
Supplemental Figure 2.2: Normalized histograms of cell angle for ECs seeded on scaffolds 
with varying fiber diameters and fiber orientations (grey bars) (n ≥ 10 images per group). Cell 
alignment systematically increased with fiber alignment on 100-nm and 300-nm scaffolds. 
Curves represent the wrapped normal distribution (Equation 2.1). 
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Methods Article

A Fiber-Optic-Based Imaging System for Nondestructive
Assessment of Cell-Seeded Tissue-Engineered Scaffolds

Matthias C. Hofmann, M.S.,1,* Bryce M. Whited, M.S.,2,* Tracy Criswell, Ph.D.,3

Marissa Nichole Rylander, Ph.D.,2,4 Christopher G. Rylander, Ph.D.,2,4 Shay Soker, Ph.D.,3

Ge Wang, Ph.D.,2 and Yong Xu, Ph.D.1

A major limitation in tissue engineering is the lack of nondestructive methods that assess the development of
tissue scaffolds undergoing preconditioning in bioreactors. Due to significant optical scattering in most scaf-
folding materials, current microscope-based imaging methods cannot ‘‘see’’ through thick and optically opaque
tissue constructs. To address this deficiency, we developed a fiber-optic-based imaging method that is capable of
nondestructive imaging of fluorescently labeled cells through a thick and optically opaque scaffold, contained in
a bioreactor. This imaging modality is based on the local excitation of fluorescent cells, the acquisition of
fluorescence through the scaffold, and fluorescence mapping based on the position of the excitation light. To
evaluate the capability and accuracy of the imaging system, human endothelial cells (ECs), stably expressing
green fluorescent protein (GFP), were imaged through a fibrous scaffold. Without sacrificing the scaffolds, we
nondestructively visualized the distribution of GFP-labeled cells through a *500 mm thick scaffold with cell-
level resolution and distinct localization. These results were similar to control images obtained using an optical
microscope with direct line-of-sight access. Through a detailed quantitative analysis, we demonstrated that this
method achieved a resolution on the order of 20–30 mm, with 10% or less deviation from standard optical
microscopy. Furthermore, we demonstrated that the penetration depth of the imaging method exceeded that of
confocal laser scanning microscopy by more than a factor of 2. Our imaging method also possesses a working
distance (up to 8 cm) much longer than that of a standard confocal microscopy system, which can significantly
facilitate bioreactor integration. This method will enable the nondestructive monitoring of ECs seeded on the
lumen of a tissue-engineered vascular graft during preconditioning in vitro, as well as for other tissue-engineered
constructs in the future.

Introduction

Tissue engineering aims at developing functional tissues
and organs that replace or restore those damaged by

disease and trauma.1–4 In recent years, a bottom-up ap-
proach to tissue design has become increasingly popular,
where custom-fabricated scaffolds are combined with ap-
propriate cells and bioactive molecules to emulate the
structure and function of the target tissue.5,6 The in vivo
success or failure of such engineered tissues depends on the
critical in vitro preconditioning phase during which seeded
cells can proliferate, differentiate toward a specific pheno-
type, and deposit native extracellular matrices. Specialized
bioreactors are often utilized during preconditioning to
provide the necessary mechanical and biochemical stimuli to

cell-seeded constructs that enhance tissue development (i.e.,
cellularity, cell differentiation, protein expression, and orga-
nization, etc.) before implantation.7–9

Optimizing the preconditioning phase is often a chal-
lenging and time-consuming process during which a cell-
seeded construct should be periodically assessed with regard
to the progress of tissue development. Conventional scaffold
assessment methods typically require removal of the sample
from the bioreactor followed by fixation, histological section-
ing, and staining at a given time point. This method, however,
destroys the sample and can only provide ‘‘snapshots’’ of tissue
development at a limited number of time points.10,11 This in-
efficiency severely limits our understanding of the biological
processes associated with tissue growth during the in vitro
preconditioning phase and is resource and time intensive.
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Due to the aforementioned limitations, researchers have
begun developing alternative nondestructive methods for
assessing tissue development. For example, methods based
on confocal or nonlinear microscopy have been employed
to nondestructively monitor cells in their microenviron-
ment.12–17 Of particular relevance are two recently reported
microscope-based methods that can monitor tissue devel-
opment during preconditioning in bioreactors.18,19 Despite
these advances, current microscope-based methods for non-
destructive tissue assessment remain constrained by two
major drawbacks: a limited imaging depth and a short
working distance.

The main focus of this study is to develop a fiber-optic-
based (FOB) imaging method that can significantly extend
the depth of cell-level resolution imaging as well as greatly
improve the working distance of the imaging system. In
particular, we focus on developing a novel imaging method
that evaluates bioengineered vascular grafts, where the as-
sessment endothelialization on the lumen (inner surface) of
synthetic bioengineered blood vessels is of significant inter-
est.20 From an imaging standpoint, it is exceedingly difficult
to monitor endothelialization on the lumen through a thick
and optically opaque tubular vessel using conventional mi-
croscopy techniques. Furthermore, the preconditioning of
such vessels in pulsatile-flow bioreactors poses additional
geometrical constraints on the objective’s working distance.
Therefore, the key significance of this study is the design and
validation of an entirely new imaging technique that is ca-
pable of performing nondestructive imaging of endothelial
cells (ECs) through a thick and optically opaque electrospun
scaffold housed within a bioreactor.

Our approach is based on embedding thin and flexible
microimaging channels (MICs) directly into a fibrous scaf-
fold. The validity of our method was demonstrated by im-
aging through an opaque scaffold model and visualizing
green fluorescent protein (GFP)-labeled ECs located on the
luminal surface. The accuracy of our method was quantified
through a direct comparison with conventional, direct-line-
of-sight fluorescence microscopy. To further illustrate the
advantage of this method, we compared its performance
with a confocal laser scanning microscope (CLSM) and
demonstrated that the imaging depth of this method ex-
ceeded that of the CLSM by at least a factor of 2. To dem-
onstrate future potential of our imaging method, we
nondestructively tracked the migration and cytokinesis of
ECs through the opaque scaffold by capturing several con-
secutive images at 30-min time intervals. Another practical
yet important advantage of this imaging method is the dra-
matically increased working distance (up to 8 cm), which
significantly facilitated the integration of our imaging plat-
form with a parallel-plate bioreactor for nondestructive cell
tracking. Given the advantages offered by a significantly
enhanced imaging depth and working distance, this imaging
method may find numerous in vitro or in vivo applications in
other tissue-engineered constructs that contain epithelial
tissues.

Materials and Methods

Design principle

The basic principle of our imaging system is illustrated in
Figure 1. Through each MIC, a fiber micromirror is inserted

to locally deliver pump light for fluorescence excitation
across a region of interest (ROI) on the lumen. By collecting
the cell-emitted fluorescent signals from the scaffold’s exte-
rior and mapping them to the scanning position, the distri-
bution of ECs on the scaffold lumen can be reconstructed
through signal processing. The system shown in Figure 1A is
sufficient for the purpose of vascular studies. However, in
order to quantify the resolution of our imaging system, the
imaging results need to be compared with a current gold
standard such as conventional, direct line-of-sight, fluores-
cence microscopy.

To facilitate a direct comparison with conventional fluo-
rescence microscopy, the imaging study was carried out
using the planar scaffold model shown in Figure 1B. After
‘‘unwrapping’’ the tubular scaffold in Figure 1A, all GFP-
labeled ECs are located on one side of the model scaffold—
the luminal surface. As a result, their distributions can be
directly imaged using standard, direct-line-of-sight, fluores-
cence microscopy to obtain control images. The opposite of
the luminal surface is referred to as the exterior surface. As
indicated in Figure 1, both before and after ‘‘unwrapping,’’
the imaging system required to perform FOB imaging
remains on the side of the exterior surface. The results ob-
tained through FOB imaging are referred to as fluorescence-
mapped images, or simply, mapped images. By comparing
the difference between the control and the mapped images,
both the resolution and the accuracy of the imaging method

FIG. 1. Experimental design. (A) A thin and flexible micro-
imaging channel (MIC) is embedded into the scaffold wall,
allowing controlled local delivery of fluorescence excitation
light. By scanning the excitation light across the lumen of the
vessel and capturing the cell-emitted fluorescence responses
from the exterior surface, the original cell distribution of the
luminal surface can be reconstructed via signal processing.
All imaging hardware for fiber-optic-based (FOB) imaging is
denoted ‘‘imaging system’’ in the figure and is located out-
side the exterior surface. (B) For a quantitative comparison
with the control images, a planar scaffold was fabricated to
allow direct-line-of-sight access to the luminal surface using
a conventional optical microscope (control image camera).
Both before and after unwrapping, the imaging system for
FOB imaging remains the same. The control image camera
captured images of cell distribution using conventional,
direct-line-of-sight, fluorescence microscopy. Such images
were denoted as control images and used to validate our FOB
imaging method. The model scaffold in (B) can be regarded as
the result of ‘‘unwrapping’’ the tubular scaffold in (A). Color
images available online at www.liebertonline.com/tec

2 HOFMANN ET AL.

Bryce Whited
54



could be quantitatively determined. We emphasize that the
main purpose of the system design in Figure 1B is to ensure
that after validation using the planar scaffold model, the FOB
imaging method can be directly applied to the investigation
of tubular scaffolds.

Scaffold fabrication

The scaffolds used in this study were fabricated by elec-
trospinning bioabsorbable poly(D,L-lactide) (PDLLA).21

Briefly, a 22% w/v PDLLA (Mw = 80,000 g/mol) (Sur Modics
Pharmaceuticals) solution was prepared in a 3:1 ratio of
tetrahydrofuran:dimethylformamide (Fisher Scientific) under
gentle stirring for 4 h. Next, a 5-mL syringe with a 18G blunt-
tip needle was filled with the solution and delivered at a flow
rate of 5 mL/h. A 16-kV voltage difference provided by a DC
power supply (Gamma High Voltage Research) was applied
between the needle tip and a 2¢¢ diameter aluminum mandrel
rotating at 60 rpm. The distance between the needle and the
mandrel was set at 15 cm. Electrospun scaffold mats with an
approximate thickness of 300 mm were fabricated and placed
in a desiccator overnight to remove the residual solvent. An
SEM image of the scaffold is shown in Figure 2A.

MIC integration

A transparent MIC for excitation light delivery was em-
bedded into a PDLLA scaffold via heat sintering.22 The MIC is
a flexible silica glass capillary (Polymicro Technologies) with
an inner and outer diameter of 150 and 245mm, respectively.
The scaffold composite was fabricated by placing the MIC
between two 3 · 2 cm rectangular sections that were cut from
the electrospun PDLLA mats, as illustrated in Figure 2B. Next,
the scaffold sections with the MIC were placed between two
glass slides and compressed with a 32 g weight in an oven at
54!C for 15 min. This technique effectively sintered the scaf-
fold sections together to produce a one-piece planar scaffold
with an MIC securely embedded, as shown in Figure 2C.

For this study, a total of 3 MIC-embedded planar scaffolds
were fabricated with an average thickness of 513 – 21 mm.
These scaffolds were used to conduct the imaging study il-
lustrated in Figure 1B. The top surface of the scaffold rep-
resents the luminal surface of a blood vessel. As previously
discussed, the planar configuration allowed a direct-line-of-
sight access to the luminal surface for quantitative image
comparison and validation.

Cell culture and scaffold seeding

A human microvascular EC line was used for this exper-
iment (hTIME; American Type Culture Collection), and cells
were cultured in endothelial growth medium-2 (Lonza
Biomedical). The cells were genetically modified by a lenti-
virus vector to stably express eGFP. The EC-GFP cells were
sorted by fluorescence-activated cell sorting (FACS Aria; BD
Biosciences) for the highest *5% GFP expressing cells. ECs
were grown in a 95% relative humidity atmosphere of 5%
CO2 at 37!C, and culture media were changed every 3 days.

Before cell seeding, the scaffolds were sterilized using 70%
ethanol for 30 min, followed by three sterile phosphate-
buffered saline (PBS) washes for 10 min each. A 300mL ali-
quot of media containing 100mg/mL fibronectin (Sigma
Aldrich) was then added to the scaffold for 30 min to en-

hance cell adhesion. ECs were trypsinized, and cell viability
was determined using trypan blue staining (Vi-cell; Beckman
Coulter). Cells were then re-suspended in 100mL of media
and seeded onto the luminal surface of the scaffold at a
density of 1 · 104 viable cells/cm2. The scaffolds were placed
in the incubator for 2 h to allow cell attachment and were
then washed gently with PBS to remove any unattached
cells. The scaffolds were then placed in the bioreactor with
cell culture media for imaging experiments.

Excitation light delivery

The delivery of fluorescence excitation light was achieved
by inserting an optical fiber with a micromirror tip into the
MIC. The fiber micromirror was fabricated by angle polish-
ing a standard single mode optical fiber (SMF430; Nufern,
Inc.). The polishing angle was selected to be 45! so that the
incidence angle of the excitation light exceeded the critical
angle for total internal reflection at the polished air-silica

FIG. 2. Vascular scaffold model fabrication and bioreactor
design. (A) poly(D,L-lactide) (PDLLA) was electrospun into
a 300-mm-thick scaffold mat. (B) A MIC was embedded into
PDLLA by heat sintering two 3 · 2 cm rectangular scaffold
mats together. (C) Through heat sintering, a planar scaffold
was fabricated with a luminal surface simulating blood
vessel lumen and an exterior surface where diffused photons
are collected to form fluorescence-mapped images using the
FOB imaging method. (D) Microscope image of a fiber mi-
cromirror inserted into a MIC. The blue arrow indicates the
direction of the excitation light. Through movement of
the fiber, the excitation light was selectively delivered into
the scaffold. (E) A photograph of the custom bioreactor de-
signed to house the scaffold while simultaneously enabling
external access to the MIC. Color images available online at
www.liebertonline.com/tec
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interface. This created an optical fiber mirror through which
excitation light could be launched at a 90! angle relative to
the fiber (Fig. 2D). By inserting the fiber mirror within the
MIC, a highly localized beam of excitation light can be
generated on the luminal surface of the scaffold.

Spectral measurements and signal-to-noise ratio

To investigate the signal-to-noise ratio (SNR) of cell fluo-
rescence versus the background noise produced by scaffold
autofluorescence, the spectral response of the cells and the
scaffold were measured from 450 to 750 nm using a spec-
trometer (S2000; Ocean Optics). To quantify the background
autofluorescence noise, the excitation spot was aimed toward
a location on the scaffold that was void of cells. Conversely,
the excitation spot was aimed directly at a cell to collect GFP
fluorescence from the cells. The response signal was then
collected through the scaffold by an EM-CCD camera
(iXon + ; Andor), and the excitation light was filtered out
with a long-pass filter with a cutoff at 490 nm (BLP01-488R;
Semrock). By using a long-pass filter, the spectral band with
the largest SNR could be determined.

Confocal laser scanning microscopy

Three PDLLA scaffolds of varying thicknesses (100, 230,
and 460 mm) were fabricated using the same electrospinning
and sintering technique as previously described. GFP-labeled
ECs were seeded onto one side (luminal surface) of the
scaffolds at a density of 1 · 104 viable cells/cm2, incubated
for 2 h to allow cell attachment, and then placed into a cul-
ture dish with a 170 mm glass coverslip bottom on which the
scaffold rested. The CLSM (Zeiss LSM510 META; Carl Zeiss,
Inc.) equipped with a 10 · Plan-Apochromat 0.45 NA objec-
tive (Carl Zeiss, Inc.) was then used to obtain a direct-line-of-
sight image of cells on each scaffold and, subsequently, used
in an attempt at ‘‘looking’’ through each scaffold to resolve
the cells on the luminal surface.

Statistical analysis of mapping results

To quantify the accuracy and reliability of the imaging
method, both the mean absolute error (MAE) and the root
mean squared error (RMSE) were calculated between 25
pairs of fluorescence-mapped images and their correspond-
ing control images for all three scaffold samples. Both the
MAE and RMSE estimation method are widely accepted for
comparing two sets of data obtained by intrinsically different
methods.23 The MAE is defined as follows:

MAEi¼
1

N
+
N

n¼ 1

jPi, n"Ci, nj (1)

The RMSE is defined as,
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ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
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In these equations, i is the trial number that ranges from 1
to 25, n is a specific pixel in each image, Ci,n are the control
images, Pi,n are the fluorescence-mapped images, and N is
the total number of pixels in the control as well as mapped
images. Before error estimation, each Ci,n/Pi,n image pair was

normalized to values between 0 and 100 such that MAE and
RMSE represented percent error. It is critical that the fluo-
rescence-mapped image and the control image pairs overlap
precisely to allow accurate error estimation. Therefore, a
custom MATLAB image registration script was written to
calculate the best spatial fit between Ci and Pi before error
estimation.24

Results

Bioreactor

A custom bioreactor was designed to house the scaffold
while simultaneously enabling FOB imaging via the MIC.
The bioreactor was based on a parallel-plate flow chamber as
previously reported in Ref.25 The major difference was the use
of a biocompatible silicone adhesive (Dow Corning, Midland,
MI) to seal the portion of MIC that extended beyond the
scaffold between a series of polydimethylsiloxane (PDMS)
(Specialty Manufacturing, Inc., Saginaw, MI) gaskets and glass
slides. The cavity created by the PDMS gaskets formed a sterile
growth chamber, while the glass slides provided viewing ac-
cess to both the luminal and exterior surface of the scaffold.
A photograph of the bioreactor is shown in Figure 2E.

Procedure for fiber scanning
and fluorescence mapping

The imaging procedure is summarized in Figure 3A–C.
First, a ROI is designated on the luminal surface, and then,
the ROI is divided into a two-dimensional (2D) grid of im-
aging pixels (Fig. 3A). By adjusting the position and the
angle of the fiber micromirror inside the MIC, a localized
beam of excitation light can be delivered toward any given
imaging pixel on the luminal surface, as indicated in Figure
3B. The light spot formed on the luminal surface is referred
to as the excitation spot. The position and the angle of the
fiber micromirror is carefully chosen such that the center of
the excitation spot always coincides with its corresponding
imaging pixel on the luminal surface. By repeating this
process for each imaging pixel, a one-to-one correspondence
is established between a specific set of fiber micromirror lo-
cations and the 2D grid of imaging pixels.

After linking the 2D imaging pixels with the fiber micro-
mirror locations, the principle of the FOB imaging method
can be explained as follows. If a GFP-labeled EC overlaps
with the chosen imaging pixel, then the portion of the lu-
minal surface illuminated by the excitation spot can generate
significant green fluorescence. A part of the green fluores-
cence then travels through the scaffold to the exterior surface,
and its intensity is measured using a sensitive detector. On
the other hand, if the particular imaging pixel is void of GFP-
labeled ECs, then the resultant fluorescence intensity cap-
tured by the detector would be noticeably weaker. Conse-
quently, the fluorescence intensity measured by the detector
provides a quantitative indication of the ‘‘amount’’ of GFP-
labeled ECs within the specific imaging pixel on the luminal
surface.

With this capability, the fiber micromirror can be moved
such that the center of the excitation spot is sequentially
scanned across all imaging pixels within the ROI, as indi-
cated in Figure 3A. At each illuminated imaging pixel, the
detector is used to record the amount of green fluorescence
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transmitted through the exterior surface of the scaffold. Fi-
nally, the measured values are assigned to each imaging
pixel to generate the pseudo-color map, as shown in Figure
3C. This image is referred to as a fluorescence-mapped im-
age. In Figure 3C, the pixels associated with low GFP in-
tensity are plotted black, whereas the pixels with high GFP
intensity are plotted green. As shown later in the Results
section, such fluorescence-mapped images provide an accu-
rate depiction of EC distributions on the luminal surface.

To implement the fiber scanning and fluorescence map-
ping procedure, we built a custom imaging system, as shown
in Figure 3D. A heated platform was designed to firmly
support the bioreactor containing the cell-seeded scaffold in
place and to maintain a constant 37!C environment inside.
Fluorescence excitation light was provided by a 473 nm
continuous wave solid-state laser (BLM-100; Extreme Lasers,
Inc.) operated at 0.5 mW and coupled into the optical fiber
with the micromirror tip. The micromirror’s position inside
the MIC was controlled using a fiber chuck that was clamped
to a motorized translation stage (UTM100PP.1; Newport)
and a 0.01!-precision motorized rotation stage (UR-
M100APP; Newport). Both motorized stages were controlled
by a program developed in LabView (National Instruments).
The fluorescence excitation light traveling through the scaf-
fold to the exterior surface was measured using a high-
sensitivity EM-CCD camera (iXon + ; Andor) with a 2 · long
working distance objective attached (M-Plan; Mitutoyo). The
distance from the objective to the bioreactor was 8 cm.
Bandpass filters (525/45 BrightLine; Semrock, Rochester,

NY) were used to block the excitation light while letting GFP
fluorescence emission light pass to the EM-CCD camera. The
500–545 nm band pass region was selected after selecting the
spectral region with the highest SNR.

Control image capture

To evaluate the accuracy of the fluorescence-mapped im-
ages, a CCD camera (XCD-X710; Sony) with a GFP band-
pass filter in front was mounted above the bioreactor to
capture control images. In Figure 3B, this CCD camera is
represented by the ‘‘control image camera.’’ An external
473 nm light source (not shown in Fig. 3B) was used to il-
luminate the entire luminal surface and provided excitation
light for the control images. The control images were ob-
tained using conventional, direct-line-of-sight fluorescence
microscopy, and can, therefore, be used as the gold standard
for image comparison and analysis. By quantitatively com-
paring the fluorescence-mapped images to the control im-
ages, the quality and reliability of the imaging system was
calculated using a custom image comparison script written
in MATLAB (MathWorks). It should be emphasized that
such control images were only available using the ‘‘un-
wrapped’’ planar scaffold instead of the original tubular
scaffold.

Imaging results and image analysis

The goal of this research is to develop a method that im-
ages ‘‘through’’ an optically thick and opaque scaffold. For

FIG. 3. Image mapping procedure and scanning system. (A) Illustration of a 2D pixel grid on the luminal surface of the
scaffold containing a green fluorescent protein (GFP)-labeled EC (represented by the green oval) and the excitation spot
(represented by the blue circle). (B) A schematic drawing illustrating the principle of the FOB imaging method. Through fiber
micromirror delivery via an MIC, a micron-scale excitation spot is generated on the luminal surface. Within any given
excitation spot, a different amount of green fluorescence is generated, depending on whether a GFP-labeled EC overlaps with
the local excitation spot. An EM-CCD camera is used as a sensitive detector that captures the portion of fluorescence light
which is transmitted through the scaffold to the exterior surface. The amount of fluorescence detected by the EM-CCD camera
is then assigned to the corresponding imaging pixel. After sequentially scanning the excitation spot over all imaging pixels
within the region of interest (ROI) followed by assigning fluorescence intensity measured by EM-CCD camera to each
imaging pixel, a fluorescence-mapped image is obtained that depicts the distribution of GFP-labeled ECs on the luminal
surface. Note that all imaging instruments required for this process are located on the side of the exterior surface. (C) An
illustration of a fluorescence-mapped image that corresponds to the configuration shown in (A). (D) A photograph of the
imaging system showing the bioreactor on the heated platform. The micromirror position inside the MIC is controlled by the
scanning stages in the figure. Color images available online at www.liebertonline.com/tec
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all fiber-scanned images, a 300 · 300 mm ROI was selected on
the scaffold’s luminal surface, where the ECs were seeded.
Afterward, fiber scanning and fluorescence mapping was
performed to image the GFP-labeled ECs, as previously de-
scribed. After each fluorescence mapping, we used direct-
line-of-sight access to take a control image of the same ROI to
quantify the experimental error. Both the mapped and the
control images were plotted in a false-color black-green,
where the brightness of the green color represents the in-
tensity of GFP fluorescence (Fig. 4). When comparing the
mapped images with the control images, we observe that the
spatial distribution of the GFP-labeled ECs are in good
agreement between the corresponding image sets. Further-
more, from the mapped images, it is evident that individual
cells could be resolved through the *500mm thick scaffolds.

To quantify the overall accuracy of the imaging method,
the MAE and RMSE were calculated for 25 pairs of fluores-
cence-mapped and control images. The MAE and RMSE re-
sults for each scaffold were plotted as histograms in Figure 5,
showing overall error deviation for both image comparison
methods. The mean – SD of the MAE and RMSE between the
three scaffolds was found to be 5.83% – 0.88% and
10.26% – 1.14%, respectively.

Comparison with confocal microscopy

The penetration depth of the FOB imaging method through
the PDLLA scaffold was compared with that of confocal laser
scanning microscopy, which is widely used in tissue engi-
neering to image through biologically thick tissues and scaf-
folds.15 We used the experimental configuration shown in
Figure 6A and B to quantify the quality of the optical image
when we attempt to image ‘‘through’’ the scaffold.

First, the CLSM was used to obtain a direct-line-of-sight
image of cells in each scaffold sample (Fig. 6A). Next, the
scaffolds were reversed, and the CLSM was used in an at-
tempt to image the cells ‘‘looking’’ through the scaffold (Fig.

6B). To obtain the sharpest possible image of cells on the
luminal surface when imaging through the scaffold, a z-stack
was performed at 5-mm increments until the luminal surface
reached the imaging focal plane. This measurement is anal-
ogous to placing the confocal microscope outside a blood
vessel (i.e., exterior surface) and trying to image through the
scaffold to capture EC distributions on the luminal surface.

GFP-ECs can easily be imaged if placed in the direct line of
sight to the CLSM objective (Fig. 6C); however, the resolu-
tion of confocal images is greatly diminished when ‘‘seen’’
through the 100mm-thick PDLLA scaffold (Fig. 6D). Fur-
thermore, confocal microscopy failed to visualize individual
cells through the thicker 230 and 460mm PDLLA scaffolds
(Fig. 6E and F, respectively). In contrast, the FOB imaging
method was able to detect and accurately identify individual
EC distribution through the *500 mm-thick PDLLA scaffold
(Fig. 6H). The corresponding direct-line-of-sight image in
Figure 6G confirmed the accuracy of the fluorescence-map-
ped image in Figure 6H.

Mapping resolution

Based on the mapping procedure and image processing
theory, the resolution of this imaging method is directly
determined by the size of the excitation spot. For quantitative
analysis, the size of the excitation spot is defined as the full-
width-half-maximum (FWHM) of the excitation light inten-
sity profile on the luminal surface. Mathematically, the
scanning process is equivalent to performing a discrete
convolution of the features inside the ROI with the excitation
spot profile.26 Hence, the mapped image can be regarded as
the convolution between a given control image and a kernel
defined by the corresponding excitation spot profiles.

To measure the size of the excitation spot, the filters on the
control image camera were removed, and images of the lu-
minal surface were captured while varying the fiber launching
angle y from - 45! to 45! in five-degree increments. This was

FIG. 4. Fluorescence mapping results and comparison. (A.1–3) Control images obtained through direct line-of-sight image
acquisition. (B.1–3) An ROI measuring 300 · 300mm above the MIC was selected on each scaffold, and a fluorescence-mapped
image was obtained using the fiber-scanning algorithm. The fluorescence signals were captured on the exterior surface of the
scaffold to demonstrate the capability of mapping cells through *500 mm-thick PDLLA scaffolds. A total of 75 image pairs
(25 pairs per scaffold) were obtained and evaluated for this experiment. Color images available online at www.liebertonline
.com/tec
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repeated at five random locations on a scaffold in the absence
of cells. The FWHM was then extracted from each successive
image and plotted as a function of launching angle y (Fig. 7).
The angle y= 0! denotes the case where the excitation light
was launched directly toward the luminal surface and pro-
duced an FWHM of 16.5 – 0.5mm. At – 45!, the FWHM
roughly doubled to 31.6 – 3.7mm. Since the spatial profile of
the excitation spot directly determines the resolution of the
imaging method, the imaging system can achieve an effective
resolution in the order of 16.5 to 31.6mm. The plot in Figure 7
indicates that the resolution of the imaging system was
highest at 0! and decreased with fiber micromirror rotation.

Spectral emission response and SNR

First, the optical spectrum of the fluorescent signals gen-
erated by the ECs, and the autofluorescence (noise) produced
by the scaffold was measured (Fig. 8A). To ensure that the

measured fluorescence can be accurately attributed to either
GFP-labeled ECs or scaffold autofluorescence, the control
camera was used to identify the fluorescent source on the
luminal surface. Figure 8B shows the exterior surface image
captured by the EM-CCD camera when (1) an EC was illu-
minated by the excitation spot on the luminal surface, and (2)
the excitation spot did not encounter a GFP-labeled cell. The
two images are clearly distinct in both spatial distribution as
well as fluorescence intensity, which further corroborates the
difference in spectral responses identified in Figure 8A.

Dynamic assessment of cell growth and distribution

After sealing the scaffolds in a bioreactor, the cells were
provided with the appropriate environment for cell migration
and growth. To illustrate the dynamic capability of the FOB
imaging method, the same ROI was scanned on the cell-
seeded scaffold at an interval of 30 min over 1.5 h, producing a

FIG. 5. Statistical validation of the fluorescence-mapping method. Mean absolute error (MAE) and root mean squared error
(RMSE) histograms for comparison between pairs of fluorescence-mapped and control images for each scaffold. The
mean – SD of the MAE and RMSE between the three scaffolds was 5.83% – 0.88% and 10.26% – 1.14%, respectively.

FIG. 6. Imaging depth comparison of confocal laser scanning microscope (CLSM). (A) Diagram of direct-line-of-sight CLSM
image that visualizes ‘‘actual’’ GFP EC distribution. (B) The sample is then reversed to image the luminal surface through the
electrospun PDLLA scaffold with the CLSM. Three scaffolds with a thickness d = 100, 230, and 460mm were used. (C) Direct-
line-of-sight CLSM image of GFP ECs on the luminal surface. (D) ECs on the luminal surface when imaged through the
thickness of a 100mm-thick scaffold. Individual ECs could not be identified when imaging through (E) 230mm and (F) 460 mm-
thick scaffolds. The FOB method could, however, detect ECs on the luminal surface through a *500mm-thick scaffold (H).
Comparison with a direct-line-of-sight image (G) confirms the accuracy of the fluorescence-mapped image. Color images
available online at www.liebertonline.com/tec
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collection of time-lapsed, fluorescence-mapped images. By
comparing successive images, we were able to track the rela-
tive cell movement in the ROI. Figure 9 shows four mapped
images 30 min apart. These results demonstrate the ability to
continuously and nondestructively track single cells in their
scaffold microenvironment. Observing a different ROI (Fig.
9E–G) at a 30 min interval, we were able to detect a single,
localized fluorescent feature (red arrow) progressively sepa-
rating into two spatially distinct fluorescent ‘‘spots’’ (double-
headed red arrow). This behavior strongly suggests that the
cell indicated by the red arrow had undergone cytokinesis.

Discussion

A major challenge in tissue engineering is the inability to
accurately and nondestructively monitor and evaluate the
progress of a bioengineered tissue in vitro. To address this need,
we presented here a new FOB imaging method and quantita-
tively evaluated its performance through a comparison with
standard optical microscopy. In particular, we demonstrated
that the FOB imaging method could ‘‘see’’ through a 500mm-

thick scaffold with a single-cell-level resolution. After a quan-
titative image comparison, we confirmed that the fluorescence-
mapped images obtained using the FOB method matched very
well with the control images obtained using standard fluores-
cence microscopy. Furthermore, we have shown that the im-
aging depth of the FOB method exceeded that of confocal laser
scanning microscopy by at least a factor of 2. We further discuss
the performance of the imaging system in the following con-
texts: the need for nondestructive imaging in tissue engineer-
ing, the comparison of the FOB imaging method with other
optical microscopy techniques, and the implications of this
study for tissue-engineering research.

The need for nondestructive imaging
in tissue engineering

It is critical for tissue engineers to assess the neo-tissue’s
maturation progress in response to external stimuli such as
mechanical stimulation, specific growth factors, and overall
culturing conditions. These parameters have a major effect on
tissue maturation, viability, and function after in vivo im-
plantation. Similarly, tuning scaffold properties such as po-
rosity, topography, mechanical properties, and chemistry can
have a significant impact on cell attachment, viability, differ-
entiation potential, and ECM production.27–29 Therefore, the
evaluation of cell-seeded tissue-engineered constructs in re-
sponse to these conditions and scaffold properties in vitro can
provide valuable information on the suitability of scaffold
design and predict the overall regenerative capacity of the
construct in vivo. Evaluating the specific parameters of en-
gineered tissue maturation is equally important for the opti-
mization of tissue-engineering techniques.

Current methodologies that are used to evaluate tissue de-
velopment in vitro employ either destructive or nondestructive
techniques. However, there are significant limitations with
both approaches. Destructive techniques such as fixation,
staining, and/or histological sectioning can provide valuable
information on cellular interactions within the scaffold, albeit at
a limited number of time points. Perhaps more importantly,
destructive methods do not permit real-time monitoring of cells
under physiological conditions within their intact microenvi-
ronment. As an example, it would be impossible to apply
standard histological methods to continuously monitor cell
proliferation and differentiation within an intact scaffold
housed in a bioreactor. Nondestructive techniques, such as
microscopy-based optical methods, can be used to image

FIG. 7. Image mapping resolution. Full-width-half-maxi-
mum (FWHM) of the excitation spot on the luminal surface
for micromirror launching angles y= - 45! to + 45! (mean –
SD of n = 5 trials). This plot indicates that the resolution of the
system is best when the excitation light is launched directly
toward the luminal surface (y = 0) and deteriorates by *1/2
when the fiber micromirror is rotated to y = – 45!.

FIG. 8. Signal-to-noise ratio (SNR)
characterization. (A) Comparison of the
spectral emission response signal of the
ECs and background noise caused by
scaffold autofluorescence from 450 to
750 nm. Comparison of the cell response
to the background noise gives the SNR.
(B) Representative EM-CCD camera
images taken from the exterior surface
when (1) the excitation spot is on a cell or
(2) placed in an area void of cells (scaffold
autofluorescence). Color images available
online at www.liebertonline.com/tec
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individual cells by labeling them with fluorescent markers,
including fluorescent proteins, fluorescent dyes, or quantum
dots.14 However, optical waves in the visible or near-infrared
spectrum experience significant scattering and absorption in
most tissues and scaffolding materials. Consequently, most
optical imaging systems have a limited penetration depth and
cannot fully capture the underlying biological processes that
occur deep within the tissue scaffold.15

Comparison with other optical imaging modalities

Current optical imaging modalities that are used to assess
tissue-engineered constructs include confocal and nonlinear
microscopy.12–17 These techniques have become ubiquitous
in the field due to their ability to nondestructively image cells
and their surrounding matrices through biologically thick
tissues. While these techniques are typically applied to cells
or scaffolds under standard culturing conditions, several
research groups are currently using these methods to per-
form nondestructive in situ imaging of scaffolds undergoing
preconditioning in bioreactors. Kluge et al. recently intro-
duced a bioreactor system capable of applying mechanical
stretch to a porous silk fibroin sponge while allowing access
to nondestructively image GFP-tagged fibroblasts with a
penetration depth of approximately 162 mm in the scaffold
using confocal microscopy and collagen deposition at a
penetration depth of approximately 200 mm using nonlinear
microscopy.18 In a similar manner, Niklason et al. used a

nonlinear optical microscope that assesses collagen deposi-
tion at penetration depths of approximately 135mm within
smooth muscle cell-seeded poly (glycolic acid) vessel scaf-
folds housed within a specialized pulsatile bioreactor un-
dergoing preconditioning.19 These studies demonstrate that
while various advanced microscopy methods can be used for
nondestructive scaffold assessment, such imaging modalities
cannot maintain single-cell-level resolution beyond the limit
of 100-200mm in turbid biological tissues and scaffolds.
Fundamentally, this constraint is due to the fact that en-
gineered tissue scaffolds typically require very high poros-
ities (i.e., electrospun scaffolds27,30–32) for cell migration and
overall colonization of the scaffold. As a result, scaffolds tend
to induce very strong optical scattering and are consequently
highly opaque. With a limited imaging depth, the methods
reported in Refs. 18 and 19 may not be suitable for the
evaluation of a clinically relevant vascular graft, where the
graft should possess sufficient thickness to maintain struc-
tural integrity in the presence of pulsatile blood flow.

The FOB imaging method presented in the current study
demonstrates the potential of using fiber-guided light to lo-
cally excite fluorescent cells to produce mapped images in
highly scattering scaffolds. Our study using GFP-tagged ECs
on electrospun PDLLA scaffolds showed that the penetration
depth and the imaging resolution of the FOB method com-
pared favorably with confocal microscopy. More specifically,
the confocal microscopy results in Figure 6B displayed a
greatly diminished resolution at a scaffold thickness of
100mm. Furthermore, at imaging depths of 230 and 460mm,
the confocal microscope was unable to identify fluorescent
cells through the scaffold and failed to generate the spatial
distribution of GFP-labeled ECs on scaffold lumen (Fig. 6C,
D). Therefore, in terms of imaging depth, the FOB imaging
method is superior to confocal laser scanning microscopy,
which is one of the state-of-the-art imaging methods for
tissue-engineering research.

Current optical imaging methodologies are limited not
only by penetration depth, but also by the short working
distances of their optical objectives, which typically range
from hundreds of microns to a few millimeters. Such short
working distances require a specialized bioreactor design in
order to place a tissue scaffold close enough to the objective
to perform imaging.18,19 The FOB imaging method has a very
large working distance that can reach up to 8 cm. This dis-
tance can be easily extended using commercially available
long distance objectives, as the method is based on collecting
diffused fluorescence light emitted from the scaffold. This
practical advantage can be particularly useful for pre-
conditioning studies that require a larger distance between
the objective and the tissue scaffold. In contrast, advanced
imaging methods such as confocal and nonlinear microscopy
critically depend on using high numerical aperture objectives
with very short working distances. For example, the 10 ·
objective we used for confocal imaging in this study has a
short working distance of 2 mm and could not be used to
image the PDLLA scaffold sealed within the parallel plate
bioreactor. Consequently, the results of imaging studies in
Figure 6 had to be carried out in a Petri dish with a 170 mm
glass slide. Only in this configuration could the sample be
placed close enough to the objective for imaging.

The data presented here show that currently, the imaging
method can monitor fluorescent-labeled cells only in a 2D

FIG. 9. Dynamic imaging. (A–D) Four fluorescence-mapped
images were taken in the same ROI at a 30 min interval to
demonstrate the dynamic imaging capability. The dashed lines
in (A–D) serve as a visual aid that tracks the relative movement
of cells between successive images. Images in (E–G), which are
taken at a 30 min time interval in another ROI, suggest that we
can use our imaging method to monitor cell cytokinesis. In
particular, (E–G) suggest that the cell indicated by the red ar-
row in (E) had undergone cytokinesis and became two separate
cells, as indicated by the double-headed arrow in (G). Color
images available online at www.liebertonline.com/tec

NONDESTRUCTIVE ASSESSMENT OF CELL-SEEDED TISSUE-ENGINEERED SCAFFOLDS 9

Bryce Whited


Bryce Whited
61



configuration. This technique is appropriate for endothelium
and epithelium monolayers, seen in a large number of tissues
and organs, and critical for their proper functions. Conse-
quently, our method is uniquely suited for the study of
hollow cavity organs and structures such as blood vessels,
intestine, urogenital tract, and so on. However, this limita-
tion is not a fundamental constraint and can potentially be
circumvented by using more sophisticated signal processing
and tomographical reconstruction techniques. For example,
we have developed several fluorescence tomography tech-
niques that are capable of reconstructing three-dimensional
(3D) distributions of fluorophores in various scaffolds and
animal models. Such methods can potentially be combined
with signal processing reported in Ref. 33 to achieve 3D to-
mographical reconstruction. For tissues and scaffolds that
possess significant heterogeneity, we may account for com-
plex scaffold geometry and nonuniform optical parameters
by using the tomographical technique discussed in Ref. 34.

Study results and implications

With an ‘‘unwrapped’’ configuration in Figure 1B, the
planar scaffold enabled us to directly compare the FOB im-
aging method with standard fluorescence microscopy. In
order to validate the imaging method, we performed a sta-
tistical comparison between the fluorescence-mapped images
and control images using the *500 mm thick PDLLA scaf-
folds. In particular, the MAE and RMSE were calculated
using 75 pairs of fluorescence-mapped images and their
corresponding control images (25 pairs per scaffold). The
MAE indicates that the mapped images are within 6% error
compared with the control images, and the RMSE shows that
deviations are roughly around 10%. It should be noted that
the RMSE comparison method is more sensitive to statistical
outliers than the MAE and, thus, the preferred indicator of
mapping accuracy.23 Overall, both methods show that the
error is consistent between scaffold groups and that the
standard error within scaffold groups is small, thereby val-
idating that the fluorescence-mapped images are a reliable
estimation of the actual cell distribution.

Characterization of the excitation spot on the scaffold sur-
face allowed an estimation of the spatial resolution of the FOB
imaging method. Once excitation light was delivered into the
scaffold through the MIC, it experienced optical scattering as
it traveled to the surface. Since the MIC-to-surface distance
varied with regard to the launching angle, the FWHM of the
excitation spot at the scaffold surface varied accordingly. As a
result, the system resolution decreased as the launching angle
increased. According to the results in Figure 7, the FOB im-
aging method has a spatial resolution in the range of 20–
30mm. Furthermore, the results in Figure 4 showed that the
imaging system can spatially resolve single GFP-labeled ECs
on the scaffold’s surface, which is consistent with 20–30mm
imaging resolution. Although the increasing FWHM presents
a limitation along the field of view that is perpendicular to the
MIC, the range is at least 300mm according to Figure 4. If a
higher resolution is desired in a larger field of view, then we
can always incorporate more MICs within the scaffold. Fur-
thermore, we also note that the field of view along the MIC
direction is essentially unlimited.

Similar to other imaging methods, the results of the fiber-
based imaging method are only accurate if the cell fluorescence

signal is stronger than the scaffold autofluorescence noise. Gi-
ven the spectral response in Figure 8A, the SNR of the imaging
system is found by dividing the signal curve (1) by the noise
curve (2), which is equal to or greater than 2 at the peak GFP
emission (510–530 nm). As observed in Figure 4, an SNR of 2 is
sufficient to separate the signal from the noise to obtain cell-
level resolution images. In future, we can further improve the
SNR by ensuring the fluorescently labeled ECs have a minimal
spectral overlap with scaffold autofluorescence.

We emphasize that the imaging method is dynamic and
nondestructive, which means that we can scan the same ROI
multiple times over any desired time period. In fact, in Fig-
ure 9, we have demonstrated that we can continuously
monitor the movement of single GFP-labeled ECs through
the *500-mm-thick scaffold. The substantial increase in im-
aging penetration depth and flexibility in the placement of
camera and objective lens enables us to address the pressing
need for the nondestructive, dynamic imaging of engineered
tissue constructs in geometrically constrained configurations.
The example we used in the current study was intended to
visualize fluorescent ECs through a relatively thick and op-
tically opaque scaffold contained in a bioreactor. However,
due to the constraint imposed by the enclosed tubular ge-
ometry of a blood vessel, and the design of fluid flow bio-
reactors, it is exceedingly difficult to monitor the cells in a
nondestructive and dynamic manner with conventional mi-
croscope-based methods.10 A major motivation of the current
work was to design an imaging method that can circumvent
these geometrical constraints. Given the advantages offered
by a significantly enhanced imaging depth and working
distance, this imaging method is perfectly suited to evaluate
the endothelialization of tissue-engineered vascular grafts
(i.e., EC proliferation, coverage, and response to flow) and
may find numerous in vitro or in vivo applications in other
tissue-engineered constructs that contain epithelial tissues.

Conclusion

In this study, we developed a novel imaging method that
is capable of nondestructive and dynamic imaging of fluo-
rescent cells through an optically opaque scaffold housed
within a bioreactor. The FOB imaging modality is based on
the targeted excitation of individual cells, capturing the
emitted fluorescence through the scaffold and producing a
mapped image based on the position of the excitation light.
A comparison of the fluorescence-mapped images to the
control images confirmed that the system can accurately
provide a cellular distribution through the optically opaque
scaffold. Furthermore, the method demonstrated an imaging
penetration depth of greater than 500 mm through the elec-
trospun PDLLA scaffold, which significantly exceeded what
can be achieved using confocal microscopy. We envision that
this imaging modality will advance our understanding of the
complex process of neo-tissue development and remodeling
in vitro in a nondestructive manner. Building on the dynamic
imaging capabilities, we intend to further develop this
technology to assess bioengineered vascular grafts in vitro
and potentially for in vivo tissue engineering studies.
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4.1 Abstract 
!

Bioengineering of vascular grafts holds great potential to address the shortcomings 

associated with autologous and conventional synthetic vascular grafts used for small diameter 

grafting procedures. Lumen endothelialization of bioengineered vascular grafts is essential to 

provide an antithrombogenic graft surface to ensure long-term patency after implantation. 

Conventional methods used to assess endothelialization typically involve periodic harvesting of 

the graft for histological sectioning and staining of the lumen. Endpoint testing methods such as 

these are effective but do not provide real-time information of endothelial cells in their intact 

microenvironment, rather only a single time point measurement of endothelium development.  

Therefore, nondestructive methods are needed to provide dynamic information of graft 

endothelialization and endothelium maturation. To address this need, we have developed a 

nondestructive fiber optic based (FOB) imaging method that is capable of dynamic assessment of 

graft endothelialization without disturbing the graft housed in a bioreactor. In this study we 

demonstrate the capability of the FOB imaging method to quantify graft endothelialization, EC 
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detachment, and apoptosis in a nondestructive manner. This imaging method can be further 

adapted to monitor endothelium maturation and response to fluid flow preconditioning in vitro. 

4.2 Introduction 
!

Cardiovascular disease is currently the leading cause of death in the U.S., accounting for 

nearly 600,000 deaths in 2008 [1]. Atherosclerosis, i.e. fatty plaque buildup causing narrowing 

of the artery and restricting blood flow, is one of the most common and severe forms of 

cardiovascular disease. A common surgical intervention to treat atherosclerosis is bypass surgery, 

wherein blood flow is re-directed around the atherosclerotic plaque to improve blood supply to 

ischemic areas. The most widely used and reliable conduits for bypass surgery are autologous 

vessels, such as the saphenous vein and internal mammary artery [102]. Autologous vessels, 

however, still have a 35% failure rate and 5-30% of patients have no suitable vein or artery 

available due to vascular disease or other complications [5]. Fully synthetic grafts made from 

Dacron and expanded polytetrafluoroethylene have been successfully used for over 50 years for 

large diameter (> 5 mm) bypass conduits, however, these grafts are susceptible to intimal 

hyperplasia and surface thrombogenicity when used for small diameter bypass (< 5 mm) [52]. 

Therefore, small diameter vascular graft alternatives are greatly needed to address the 

shortcomings associated with autologous and fully synthetic grafts.  

Tissue engineering of small diameter vascular grafts holds great potential to address the 

shortage of bypass grafts. This approach often involves the combination of natural and/or 

synthetic scaffolds and autologous vascular cells to create a functional conduit that is remodeled 

after implantation [103-106]. Bioengineered vascular grafts must be able to withstand 

physiological forces associated with blood flow, possess good suture retention, and maintain 

structural integrity during neotissue formation [36]. Additionally, the bioengineered graft must 

possess a lumen surface that inhibits thrombus formation, unwanted inflammatory responses, 

and limits proliferation of smooth muscle cells that may cause neointimal hyperplasia. In native 

vessels, endothelial cells (ECs) lining the lumen of blood vessels provide a nonthrombogenic 

barrier between circulating blood and the blood vessel wall, and play a key role in regulating 

dynamic mechanisms that protect blood vessels from the aforementioned detriments [107]. 

Previous studies have shown that incorporation of an EC monolayer on the graft lumen prevents 

thrombogenic events and contributes to long-term patency and function [108-111]. It is therefore 
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broadly accepted that bioengineered vascular grafts must possess a confluent, healthy, and 

mature endothelium on the lumen surface of the graft to maintain graft patency and function [50].  

A promising approach to obtain a bioengineered vascular graft with a functional 

endothelium is to seed the lumen with autologous ECs in vitro, harvested from a variety of 

sources such as veins [109], arteries [112], and circulating endothelial progenitor cells [113], 

prior to implantation. Successful graft endothelialization in vitro relies heavily on the ECs being 

able to attach, proliferate, and form a confluent endothelium on the graft lumen surface. Factors 

that affect graft endothelialization include the inherent material properties of the graft including 

biomaterial surface topography, chemistry, elasticity, and the ability to adsorb proteins [114]. 

Significant work has been done to modify the graft surface via physiochemical modification and 

biofunctionalization to promote complete endothelialization and strong adherence of ECs to 

grafts [115]. The ability of ECs to strongly adhere to the surface of the graft surface is important 

because the hydrodynamic shear stress that they will experience by blood flow in vivo increases 

the chance of detachment and subsequent thrombus formation and vessel occlusion [50].  

Several groups have shown that preconditioning the graft with a gradual increase in shear stress 

via fluid flow in vitro enhances overall EC retention under physiological flow [65, 116, 117]. 

Flow preconditioning of grafts in a well-controlled environment, such as fluid flow bioreactors, 

allows ECs to gradually adapt to the shear stress through reorganization of their cytoskeleton, 

presence of focal adhesions, and cell alignment with the direction of fluid flow to increase EC 

adhesion strength [62, 67, 118].  

Experimental approaches to promote a confluent, adherent, and shear resistant 

endothelium in bioengineered vascular grafts, such as biomaterial surface modification and flow 

preconditioning, must be rigorously tested in vitro prior to implantation in vivo. Critical 

parameters that need to be measured to assess graft endothelialization include EC attachment, 

proliferation, and coverage of the lumen surface.  Additionally, ensuring that ECs remain 

adherent to the lumen surface (resisting detachment) and determining their response to 

physiological fluid flow is of great importance to creating successful in vitro flow 

preconditioning methods and protocols. Current approaches used to assess these parameters 

include techniques such as histological sectioning and staining, which, aside from being time and 

labor intensive, destroys the graft and only provides a single time point measurement. However, 

endothelialization and EC response to flow mediated shear stress are dynamic processes and 
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would be best understood if continuous observation of the lumen within an intact vessel were 

possible. Therefore, the ability to noninvasively image the growth, health, and integrity of a 

vascular graft endothelium during preconditioning in real-time is greatly needed and will aid in 

identification and optimization of scaffold properties and preconditioning protocols to enhance 

EC function and ultimately graft success once implanted.   

The necessity to monitor vascular graft endothelialization and maturation in real time 

during preconditioning has led our group to develop a fiber optic based (FOB) imaging system to 

accomplish this task [119, 120]. The imaging system is designed to noninvasively assess the 

graft endothelium without disturbing the graft during preconditioning in a bioreactor. In this 

study, we evaluate the feasibility of the FOB imaging system to image and quantify 

endothelialization and EC detachment from an electrospun vascular graft in a dynamic and 

noninvasive manner. The graft scaffold topography was systematically varied by modifying 

electrospinning parameters and the FOB imaging system was used to noninvasively quantify the 

affect of topography on graft endothelialization over a 7-day period. Additionally, the health of 

the endothelium was assessed by quantifying EC apoptosis on the lumen in response to varying 

levels of insult. Finally, the imaging depth of the FOB imaging system was directly compared to 

that of two-photon fluorescence microscopy. The results of this study demonstrate the potential 

of the FOB imaging system to be utilized to nondestructively assess the maturation of a 

bioengineered vascular graft endothelium in real-time and possible extension for use in other 

bioengineered tissues. 

4.3 Materials and Methods 

4.3.1 Vascular scaffold fabrication and micro-imaging channel (MIC) integration 
!

Vascular scaffolds were fabricated by using a layer-by-layer electrospinning approach to 

integrate micro-imaging channels (MICs) directly into the wall of the scaffold. The MICs are 

silica glass capillaries with inner diameter of 150 µm and outer diameter of 245 µm (Polymicro 

Technologies, Phoenix, AZ) that facilitate insertion of fiber optics into the scaffold wall. To 

fabricate the scaffolds, solutions of poly (D,L-lactide) (PDLLA) (SurModics Pharmaceuticals, 

Birmingham, AL) with 5%, 10%, and 20% w/v concentrations were prepared in 1,1,1,3,3,3-

hexafluoro-2-propanol (HFP, Sigma Aldrich, St. Louis, MO). Next, 150 µL of PDLLA was 

electrospun onto a rotating grounded mandrel (4.75 mm diameter) to form the scaffold lumen 
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layer, as illustrated in Figure 4.1A. The 3 different concentrations of PDLLA were electrospun 

separately for the lumen layers, with varied electrospinning parameters (Table 4.1), to produce 3 

different scaffolds with varying scaffold fiber diameter and surface topography. Two MICs were 

then placed on opposite sides of the mandrel, as illustrated in Figure 4.1B. Next, 850 µL 20% 

w/v PDLLA was electrospun over the MICs to produce a composite vascular scaffold with MICs 

tightly embedded within the scaffold wall (Figure 4.1C). Figure 4.1D shows an entire vascular 

graft with 2 MICs firmly embedded into the vessel, and Figure 4.1E shows the MIC integrated 

within and extending from the vessel wall. A total of 13 vascular scaffolds exhibiting an average 

wall thickness of 510 ± 55 µm were fabricated for this study. Vascular scaffold thicknesses were 

measured using a digital micrometer (Mitutoyo Corporation, Japan) before scaffold seeding.   

Both full-vessel scaffolds (Figure 4.1D) and half-vessel scaffolds (Figure 4.1F) were 

fabricated and used for imaging in this experiment. Some vascular grafts were sectioned in half 

lengthwise (i.e. half-vessel scaffolds) before cell seeding to provide direct direct-line-of-sight 

viewing to the lumen portion of the graft for “control image” acquisition (Figure 4.1F). By 

taking direct-line-of-sight control images of the lumen with a conventional fluorescence 

microscope setup, we were able to validate the accuracy of the FOB imaging system by 

comparing the FOB images to their corresponding control image. It should be emphasized that 

these control images would otherwise be impossible to obtain unless the vessel were cut in half 

to allow direct-line-of-sight viewing of the lumen with the microscope.  The half-vessel scaffolds 

were used to verify the accuracy of the FOB imaging system in quantifying EC coverage, cell 

detachment, and apoptosis (Section 4.5, 4.6 and 4.7; respectively). To acquire a control image, 

the lumen of a half-vessel scaffold was imaged with a CCD camera (XCD-X710, Sony, Japan) 

coupled with a 10x objective to obtain a corresponding direct-line-of-sight fluorescent image of 

the cells on the scaffold surface.  After FOB imaging validation, we progressed to imaging full-

vessel grafts to test the feasibility of nondestructively imaging and quantifying the effect of 

varied lumen topography on vascular graft endothelialization over time (Section 4.8 below). 
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Figure 4.1. Vascular scaffold fabrication, MIC integration, and FOB imaging method. A-C) 
Illustration of the layer-by-layer electrospinning fabrication technique used to embed MICs 
within the wall of the vascular scaffold to facilitate imaging. D,E) Images of a vascular scaffold 
with MICs embedded within the wall. F) Image of a vascular scaffold sectioned lengthwise to 
validate endothelium imaging (half-vessel scaffold). G) Image of the fiber optic micro-mirror 
inserted within an MIC. Light is directed at a 90o angle relative to the fiber optic to allow 
excitation of ECs on the lumen of the vascular graft. H) Photograph of the vascular scaffold 
during an imaging experiment with the fiber-guided excitation light on. I) Schematic of the fiber 
optic imaging method used to create FOB images through the scaffold wall. Excitation laser light 
was guided to the fiber optic micro-mirror to excite GFP-ECs on the lumen of the vascular 
scaffold. The excitation spot created by the laser light was incrementally rastered on the lumen 
surface and GFP fluorescence was measured through the scaffold wall using an EMCCD 
detector. Linking the excitation spot to the GFP fluorescence values enabled fluorescence 
mapping to create a fiber optic-based (FOB) image. A corresponding control image was obtained 
by a direct-line-of-sight control camera to validate the imaging method on half-vessel scaffolds. 
!
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Table 4.1 Electrospinning parameters for scaffold fabrication 

4.3.2 Scaffold morphology 

Scanning electron microscopy (SEM) was used to characterize electrospun scaffold 

morphology using a LEO 1550 field emission SEM (Carl Zeiss, Thornwood, NY). SEM images 

were analyzed with Image J software (U.S. National Institutes of Health, Bethesda, MD) to 

quantify scaffold fiber diameter. A total of 60 random fibers were selected from each image and 

measured to determine mean fiber diameter for each scaffold (n = 3 images/scaffold, n = 180 

fibers total). 

4.3.3 Cell culture and scaffold seeding 

A human dermal microvascular endothelial cell line (American Type Culture Collection, 

Manassas, VA) was infected with a lentivirus expressing green fluorescent protein (GFP) to 

stably express GFP, as previously described [119]. GFP-ECs were maintained in an incubator at 

37oC, 5% CO2 and cultured in EGM-2 media (Lonza Biomedical, Walkersville, MD).  Before 

cell seeding, the scaffolds were immersed in 70% ethanol for 5 min for sterilization and then 

washed 3 times for 5 min in sterile PBS to remove residual ethanol. GFP-ECs were then seeded 

onto the scaffolds at a density of 1.5 x 104 cells/cm2, allowed to attach for 1 hr in the incubator, 

and rinsed once with PBS to remove unattached cells. Before imaging, the sample was placed in 

a custom bioreactor and filled with EGM-2 prior to imaging experiments. The bioreactor formed 

a hermetically sealed chamber for scaffold incubation while allowing fiber optic access through 

the MICs. 

4.3.4 Excitation light delivery and FOB image acquisition 

Nondestructive imaging of the vascular lumen was carried out using the FOB imaging 

system, which enabled continuous image acquisition through the scaffold wall during construct 

maturation in the bioreactor. A detailed description of the system and scanning/fluorescence 

mapping method can be found elsewhere [119, 120]. Briefly, after the scaffold was seeded and 

the bioreactor assembled, the construct was placed on a heated imaging stage to maintain a 37oC 

environment (Figure 4.1H). Fluorescence excitation light was delivered to the scaffold lumen by 
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inserting a 45o angle polished single-mode optical fiber (SMF430, Nufern Inc., East Granby, CT) 

into the MIC (Figure 4.1G). The angled fiber formed an optical micro-mirror by which excitation 

light could be launched at a 90o angle relative to the fiber longitudinal axis to illuminate GFP-

ECs on the lumen of the vascular scaffold. A continuous wave solid-state laser with a 

wavelength of 473 nm (BLM-100, Extreme Lasers Inc., Seabrook, TX) was operated at 0.5 mW 

and coupled into the optical fiber with the micro-mirror tip to excite the cells on the vessel lumen. 

To obtain an image of GFP-ECs seeded on the lumen surface, a fiber scanning and 

fluorescence mapping procedure was performed, as illustrated in Figure 4.1I. Briefly, the laser 

light introduced into the scaffold wall formed a localized beam of excitation light on the lumen 

surface, which will be referred to as the “excitation spot”. The excitation spot was then 

sequentially raster-scanned on the luminal surface by controlling the position and angle of the 

fiber micro-mirror within the MIC using two motion stages: a motorized translation stage 

(UTM100PP.1, Newport, Irvine, CA) and rotation stage (URM100APP, Newport). When the 

excitation spot reached a GFP-EC, the GFP was excited and subsequently emitted green 

fluorescence light, part of which traveled through the scaffold wall. The intensity of the 

fluorescence light leaving the scaffold was measured using an EM-CCD detector (iXon+, Andor, 

Belfast, Ireland) with a 2x long working distance objective attached (M-Plan, Mitutoyo). 

Bandpass filters (525/45 BrightLine, Semrock, Rochester, NY) were used to block excitation 

light while allowing GFP fluorescence to reach the EM-CCD detector. By coupling the 

fluorescence intensity to the excitation spot location, it was possible to create a fluorescence 

intensity map representing EC distribution on the lumen surface via signal processing using a 

custom MATLAB script (Mathworks, Cambridge, MA). This fluorescence intensity map will 

hereafter be referred to as the fiber optic based image, or FOB image. Custom LabView 

(National Instruments, Austin, TX) programs were written and utilized to control the motion 

stages and cameras for image acquisition.!

4.3.5 Nondestructive quantification of EC lumen coverage 

The half-vessel scaffold was used to provide initial verification of the capability of the 

integrated FOB system to nondestructively image GFP-EC coverage of the vascular scaffold 

lumen during maturation in the bioreactor. Using the half-vessel configuration, we could 

simultaneously acquire a direct-line-of-sight “control” image of the lumen using conventional 

fluorescence microscopy (i.e. control camera) for comparison. After cell seeding, a 1 mm x 250 
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µm area of the vascular lumen was scanned with the 473 nm laser excitation spot and GFP 

fluorescence intensities were recorded at each excitation spot location. The excitation spot was 

translated at 5 µm intervals and rotationally scanned at a step size of 1.33o to cover the 

aforementioned area. Three separate 1 mm x 250 µm areas of the lumen were imaged daily using 

this method to follow the progression of endothelialization of the surface until confluency was 

achieved. For each FOB image obtained, a corresponding direct-line-of-sight control image was 

acquired with the control camera, to provide n = 3 FOB/control image pairs of the lumen at each 

time point, to assess the accuracy of the FOB imaging method. Both control and FOB images 

were then evaluated for area of EC coverage using Image J software. Images were imported into 

ImageJ, thresholded to the same value, a binary image was created, and then the area of cell 

coverage on the scaffold surface (fluorescence coverage) was measured. 

4.3.6 Nondestructive quantification of EC detachment 

EC detachment from the lumen of vascular grafts was imaged and quantified after the 

scaffolds reached confluency. Half-vessel scaffolds were used for this study to expose the lumen 

to the control camera. At day 4 after seeding, the media in the bioreactor was replaced with a 1 

µM trypsin EDTA solution in phosphate buffered saline (PBS) to induce EC detachment. A 250 

µm x 250 µm area of each scaffold lumen was then continuously imaged using the FOB imaging 

system at 20 minute intervals for 1 hour (n = 3 scaffolds total). Control images were also 

obtained for comparison to the FOB images. Control and FOB images were then analyzed, as 

explained previously, to nondestructively measure area of cell coverage through the scaffold wall 

over time.!

4.3.7 Nondestructive quantification of EC apoptosis 

The FOB imaging method was used to nondestructively detect EC apoptosis on the 

vascular scaffold lumen. To induce varying degrees of EC apoptosis, concentrations of 1 and 5 

µM camptothecin (MP Biomedicals, Solon, OH) were prepared in EBM-2 media and applied to 

confluent monolayers of GFP-ECs on the vessel lumen 4 days post-seeding. Separate scaffolds 

were incubated in the camptothecin solutions for 4 hr at 37oC followed by 2 rinses with PBS.  

Next, an Alexa Fluor® 647 annexin V conjugate (Invitrogen, Carlsbad, CA) solution was 

prepared in 1X annexin-binding buffer (Invitrogen, Carlsbad, CA) to a final concentration of 5% 

v/v. Annexin V specifically binds apoptotic cells only, with no binding associated with non-
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apoptotic cells. The scaffolds treated with camptothecin, and a non-camptothecin treated control 

scaffold, were then incubated in the annexin V solution for 15 minutes, after which the vessel 

lumens were imaged.  

A 500 µm x 250 µm area of the vascular lumen was scanned with the 473 nm laser to 

obtain a FOB image of GFP-EC distribution on the scaffold lumen. Next, to detect GFP-ECs that 

bound the far-red fluorescent annexin V conjugate, a 633 nm laser (05-LHR-121, CVI Melles 

Griot, Albuquerque, NM) was used to excite the apoptotic cells. A 647 nm longpass filter 

(Semrock, Rochester, NY) was used to block excitation light while allowing red fluorescence to 

reach the EM-CCD detector. The area previously imaged for GFP-ECs was then scanned with 

the 633 nm laser to obtain a FOB image of annexin V bound to apoptotic cells.!

4.3.8 Nondestructive quantification of graft endothelialization in response to scaffold fiber 

diameter 

GFP-EC proliferation and coverage on full-vessel graft lumens was quantified in 

response to varying luminal electrospun fiber diameter. Full-vessel scaffolds with 3 different 

luminal electrospun fiber diameters (0.36 µm, 1.00 µm, and 3.32 µm) were fabricated by varying 

electrospinning parameters as outlined in Table 4.1. After cell seeding, three different 500 µm x 

250 µm areas of each scaffold were imaged daily and GFP-EC coverage was quantified for each 

scaffold group (n = 3 total per group) for 7 days. After imaging on day 7, the scaffolds were 

sectioned lengthwise and stained for F-actin and nuclei to compare to the FOB images at day 7.  

To accomplish this, the following steps were performed with PBS washes in between: samples 

were fixed in 3.7% paraformaldehyde (EMD chemicals, Gibbstown, NJ) for 20 min, 

permeabilized with 0.1% Triton X-100 (Sigma Aldrich) for 5 min, incubated in 1% bovine serum 

albumin (Santa Cruz Biotechnology, Inc., Santa Cruz, CA) for 30 min, incubated for 20 min in 

rhodamine phalloidin (Invitrogen) to stain for F-actin, and nuclei were counter stained with 

DAPI (Invitrogen). Cells were imaged using a conventional fluorescence microscope (Leica 

DMI6000-B, Wetzlar, Germany).!

4.3.9 Two-photon microscopy 

The imaging depth of the FOB imaging system was directly compared to that of two-

photon microscopy. Three electrospun PDLLA full-vessel scaffolds of varying thicknesses (95, 

230, and 520 µm) were fabricated as described in section 2.1. The grafts were then sectioned 



    

! 74 

lengthwise to allow direct access to image the lumen. GFP-ECs were then seeded onto the lumen 

of the vascular grafts at a density of 1.5 x 104 cells/cm2. Cell seeded grafts were then allowed to 

incubate for 1 day before imaging. To image, sectioned grafts were placed into a culture dish 

with a 170 µm coverslip on which the scaffold rested. A two-photon microscope (Zeiss LSM 510, 

Carl Zeiss Inc., Germany) equipped with a 20 x Plan-Apochromat objective (20x/0.8 N.A., Zeiss 

M27, Carl Zeiss Inc.) operating at 960 nm was then used to obtain images of GFP-ECs on the 

lumen surface by imaging through the electrospun vessel wall to resolve the GFP-ECs on the 

lumen surface.  Additionally, images were obtained by placing the objective in direct-line-of-

sight to the lumen surface to serve as control images. 

4.3.10 Statistical analysis 

All values are expressed as mean ± one standard deviation. Statistical analysis was 

performed using one-way analysis of variance (ANOVA) and significance was considered at p < 

0.05. !

4.4 Results and Discussion 

4.4.1 Nondestructive quantification of EC lumen coverage 

Obtaining a confluent endothelium on the lumen of a vascular graft before implantation is 

vital to the success of the implant because thrombus formation is extremely sensitive to exposed 

surfaces [108]. Therefore, measurement of graft endothelialization is an important metric to 

determine the functionality and antithrombogenicity of the graft prior to implantation. The first 

set of experiments aimed to assess the feasibility of the FOB imaging method to noninvasively 

monitor endothelialization of the lumen surface of the vascular graft during incubation in a 

bioreactor. A half-vessel scaffold was seeded with GFP-ECs, placed in a bioreactor, and imaged 

over a 4-day period. Using the half-vessel configuration, we could simultaneously acquire a 

direct-line-of-sight control image of the lumen using conventional fluorescence microscopy (i.e. 

control camera). Figure 4.2A shows representative FOB and corresponding control images of the 

graft lumen for the duration of the study. The GFP-ECs have proliferated to cover the surface of 

the graft, and in 4 days have formed a nearly confluent endothelium with very few denuded 

regions. The FOB images closely resemble the control images in terms of overall cell 

distribution.  To quantify the degree of lumen confluency, each image was analyzed for area of 

cell coverage (Figure 4.2B). The area of cell coverage for corresponding FOB and control 
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images are not statistically different at each time point (p < 0.05), demonstrating that the FOB 

imaging method provides an accurate assessment of endothelial coverage. Furthermore, the 

resolution of the FOB imaging method is sufficient to detect statistically different levels of 

endothelial coverage over time, even when the graft lumen becomes nearly confluent from day 3 

to 4 (increase from ~75% to ~95% coverage). 

 
Figure 4.2. Quantification of GFP-EC proliferation and lumen coverage. A) A vascular 
scaffold sectioned lengthwise was seeded with GFP-ECs and 3 separate 1 mm x 250 µm areas of 
the graft were imaged daily until the lumen reached confluency at Day 4 (representative images 
shown). B) Images were analyzed to quantify the amount of cell coverage on the vascular lumen 
(n = 3 images/time point). The results show that there is good agreement between amount of cell 
coverage for the FOB images, obtained through scaffold wall, and direct-line-of-sight control 
images at each time point. Data are presented as mean ± one standard deviation and values 
marked with the same letter are not significantly different (p < 0.05). 
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4.4.2 Nondestructive quantification of EC detachment 

In this study, we tested if the FOB imaging method could successfully image and 

quantify EC detachment from the vessel lumen. Figure 4.3A shows a 250 µm x 250 µm section 

of the vascular graft that was continuously imaged at 20 minute intervals after the onset of cell 

detachment. At 0 min, the lumen surface is nearly confluent, and after trypsin addition, the ECs 

gradually detach from the surface.  Similar to Figure 4.2A, there is close agreement between the 

FOB and control images, demonstrating that the FOB images accurately represent cell 

distribution on the lumen surface.  These results were quantified by analyzing the images for area 

of cell coverage (Figure 4.3B) and show that the amounts of cell coverage between the 

corresponding FOB and control images are not statistically different at each time point (p < 0.05). 

The high temporal resolution of the FOB imaging system allowed for dynamic assessment of EC 

detachment over time. Endothelial cell retention on the lumen of a bioengineered vascular graft 

is a key requirement to maintain long-term patency of the graft. EC detachment from the lumen 

surface of a vascular graft in vivo can potentially cause thrombus formation, leading to graft 

obstruction or embolism [107]. In vitro, EC detachment from the graft can be caused by a 

deficiency in adequate cell/biomaterial adherence, high shear stress, or as a result of shear 

induced apoptosis [19, 121]. The ability to noninvasively monitor EC detachment in vitro, 

especially for grafts undergoing fluid flow preconditioning, can provide real-time feedback on 

the integrity, confluency, and adhesiveness of the endothelium. 
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Figure 4.3. Quantification of GFP-EC detachment and apoptosis. A) Representative images 
of a near confluent endothelium that was subjected to a dilute concentration (1 µM) of trypsin 
EDTA to induce cell detachment from the lumen. An area of 250 µm x 250 µm was continuously 
scanned to image GFP-EC detachment from the lumen over time. B) Extent of GFP-EC 
detachment from the lumen was quantified by analyzing the area of cell coverage from the 
fluorescent images (n = 3 images/time point). The FOB and corresponding control images had 
equivalent amounts of cell coverage at each time point. C) A near confluent endothelium was 
exposed to varying concentrations of camptothecin to induce GFP-EC apoptosis. A red 
fluorescent annexin-V conjugate was then added to visualize the extent of EC apoptosis on the 
vascular scaffold lumen. Three different 500 µm x 250 µm areas were imaged to detect both GFP 
and red fluorescent annexin-V (apoptotic cells) on each scaffold for each condition. Results 
showed that varying levels of GFP-EC apoptosis could be noninvasively imaged and B) the 
fraction of apoptotic cells could be quantified through the scaffold wall using the FOB imaging 
method (n = 3 images/condition). Data are presented as mean ± one standard deviation and 
values marked with the same letter are not significantly different (p < 0.05). 
 

In addition to monitoring EC detachment, we are interested in determining the effect of 

fluid flow on vascular endothelialization and EC morphology. Traditional methods used to study 

the effect of fluid flow on ECs include the use of parallel plate flow chambers wherein cell 

culture media is perfused between two parallel substrates upon which the cells are cultured. 

These chambers deliver mechanical shear stress to the cultured cells by facilitating uniform 

laminar flow to develop across the cultured surface [122]. While useful for studying the effects 
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of shear stress alone, these systems do not allow for combinatorial mechanical stimulation (i.e 

shear stress, hoop stress, and hydrodynamic pressure) that is known to occur in native arterial 

vessels. There is increasing data to support the hypothesis that not only does shear stress 

modulate endothelial development and function, but also hoop stress that is caused by vessel 

stretch and hydrostatic pressure caused by pulsating blood flow [123, 124]. By incorporating the 

FOB imaging system in an intact vessel undergoing pulsatile flow in vitro to mimic vascular 

flow in vivo, we believe that the endothelium could be studied under a more physiological 

loading scenario where the lumen is subjected to all three modes of mechanical stimulation.!

4.4.3 Nondestructive quantification of EC apoptosis 

Apoptosis, or programmed cell death, is a naturally occurring cell-death pathway that 

occurs in ECs and plays an important part in vascular tissue homeostasis. In this study, we 

induced various levels of EC apoptosis by exposing a near confluent endothelium to different 

concentrations of camptothecin, a well-known apoptosis-inducing agent [125]. To detect 

apoptotic cells, red fluorescent annexin-V conjugate was added, and the graft lumen was imaged 

for both GFP and far-red fluorescent annexin-V. Figure 4.3C (left column) shows that each graft 

had a near-confluent endothelium for each condition as evidenced by near complete GFP 

coverage. The control sample that was not exposed to camptothecin (0 µM) showed very little 

EC apoptosis, whereas the grafts exposed to 1 and 5 µM solutions experienced a dose dependent 

increase in cell apoptosis. Three sections of each vascular graft were imaged for both GFP and 

annexin-V and the resulting images were analyzed to quantify the fraction of apoptotic cells on 

the vessel lumen (Figure 4.3D). While EC apoptosis is a naturally occurring event in native 

vessels, premature or extensive apoptosis in engineered vascular grafts can be an indication of 

non-optimal culture or preconditioning methods [126, 127]. Recently, it has been shown that 

endothelial cell apoptosis, and subsequent cell death, can occur by biomaterial-induced toxicity 

[128, 129]. This phenomenon is caused by an inflammatory reaction due to the lack of, or 

inappropriate, contact of ECs with the biomaterial surface. Therefore, the ability to 

noninvasively detect apoptosis in engineered tissues during preconditioning is an important 

measure of tissue homeostasis and overall tissue health in response to preconditioning and 

cell/biomaterial interactions.  

While we demonstrate here the capability to noninvasively assess EC apoptosis on the 

lumen of a vascular graft, the ability to image two distinct fluorophores could have multiple 
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applications in monitoring the maturation of a bioengineered vascular graft. In this study, we 

show that it is possible to image two fluorophores using the FOB imaging system, namely co-

localized GFP and far-red annexin-V conjugate. With this two-color imaging capability, it could 

be possible to detect two different color fluorescent proteins in the same cell simultaneously. For 

example, a cell could be co-transfected first with a constitutive fluorescent protein, such as GFP, 

for continuous visualization, and second with a red fluorescent protein (RFP) under control of a 

promoter for endothelial nitric oxide synthase (eNOS) – an enzyme that plays a critical role in 

nitric oxide production in response to shear stress. With this example, it would be possible to 

noninvasively monitor and quantify the effect of fluid flow preconditioning not only on 

endothelialization and endothelium integrity, but also on specific EC functions that are important 

for normal vascular function under fluid flow.!

4.4.4 Nondestructive quantification of graft endothelialization in response to scaffold fiber 

diameter 

After validating the FOB imaging method using a half-vessel construct, we next tested 

the capacity of the FOB imaging system to measure the effect of varying surface topographies on 

lumen endothelialization of a full-vessel construct. Scaffold topography and architecture has 

been shown to affect EC proliferation, morphology, and formation of focal adhesions on the 

biomaterials surface [130, 131]. We therefore sought to determine if electrospun fiber diameter, 

and the resulting change in scaffold topography, would affect EC proliferation and the formation 

of an intact endothelium on the lumen surface. In these experiments, 3 different full-vessel 

scaffolds with varying lumen fiber diameter were fabricated to vary the lumen topography. 

Figure 4.4A shows SEM images of scaffolds for each fabrication condition (Table 4.1), which 

produced scaffolds with mean fiber diameters of 0.36 ± 0.07 µm, 1.00 ± 0.31 µm, and 3.32 ± 

0.63 µm. ECs were seeded onto the grafts and imaged at daily intervals for a 7-day period. For 

each fiber diameter, 3 scaffolds were fabricated and imaged at 3 different locations on each graft 

to produce n = 9 images for each condition per time point. Figures 4B, C, and D show 

representative images of each vascular graft condition at days 0, 3, and 7; respectively. EC lumen 

coverage appeared to be similar for each condition immediately after cell seeding on Day 0. 

After 3 days of incubation in the bioreactor, the graft lumen with the smallest fiber diameter 

(0.36 µm) appeared to have a greater extent of cell coverage than the other conditions, and at 

Day 7 these grafts had a near-confluent endothelium with very few void regions. Conversely, the 
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grafts with the largest fiber diameter (3.32 µm) had minimal cell coverage even after 7 days of 

incubation. These images were analyzed to quantify the extent of cell proliferation and coverage 

on the surface of the vascular grafts in response to varying the surface topography. Each vascular 

graft lumen was noninvasively imaged daily with the FOB imaging system to provide a 

continuous trend of graft endothelialization over time (Figure 4.4F). The data shows that while 

coverage of the graft lumen increases over time for each condition, the graft with a 0.36 µm fiber 

diameter has the greatest proliferation rate and nearly encompasses (~95%) the entire luminal 

surface by day 7. In comparison, the grafts with 1 µm and 3.32 µm fiber diameters show that the 

lumens achieve only approximately ~70% and ~30% coverage at day 7; respectively. These 

results are consistent with those of Ju et al. [37], who showed that human aortic endothelial cells 

could only form a confluent monolayer on PCL/collagen type 1 scaffolds with fiber diameters 

smaller than 1 µm in diameter. In the current study, grafts at day 7 were sectioned lengthwise and 

stained for F-actin and DAPI to compare to the FOB images at day 7. Figure 4.4D shows that the 

FOB images appear to be very similar to the stained images obtained with direct-line-of-sight 

fluorescence microscopy (Figure 4.4E).  This data demonstrates that the FOB imaging system is 

sufficiently sensitive to accurately determine the rate of graft endothelialization and degree of 

EC confluency in response to varied scaffold properties during graft incubation in a bioreactor.  
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Figure 4.4. Effect of lumen topography on graft endothelialization. Full-vessel grafts with 
varied electrospun fiber diameters were fabricated to study the effect of lumen fiber diameter and 
varying topography on EC proliferation and endothelialization. A) Mean fiber diameters of 3.32 
µm, 1.00 µm and 0.36 µm were electrospun by varying electrospinning parameters as shown in 
Table 4.1. After cell seeding, three separate 500 µm x 250 µm areas of each vascular graft were 
imaged daily to assess luminal coverage and EC growth over time. Representative FOB images 
of GFP-EC coverage are shown for each scaffold fiber diameter at B) Day 0, C) Day 3, and D) 
Day 7. E) After FOB imaging on Day 7, scaffolds were removed from the bioreactor, sectioned 
in half, stained for F-actin (red) and cell nuclei (blue), and imaged using a conventional 
florescence microscope to provide a comparison to the FOB images at Day 7. F) A total of n = 3 
scaffolds for each fiber diameter were imaged, and n = 3 areas (500 µm x 250 µm) for each 
scaffold, yielding a total of n = 9 images for each scaffold group every day. The FOB imaging 
method provided a noninvasive, accurate measurement of vascular graft lumen endothelialization 
over time. Data are presented as mean ± one standard deviation. 
 

An important aspect is that the FOB imaging method has the capacity to assess EC 

distribution through a relatively thick wall of the vessel, and can therefore collect data on the 

lumen of the vessel without removal from the bioreactor or destruction of the sample. To collect 

the same information of lumen coverage as shown in Figure 2B in a tubular vascular graft using 

conventional fluorescence microscopy, 4 different scaffolds (one at each time point) would need 

to be seeded, incubated, and histologically sectioned to obtain identical information as we 

acquired with a single vessel using the FOB imaging system. Similarly, the data obtained in 

Figure 4.4F would require a total of 72 scaffolds (n = 9 different scaffolds at each time point) 

using conventional microscopy as compared to repeatedly imaging the same 9 scaffolds at each 

time point using the FOB imaging system. Conventional fluorescence microscopic techniques 

would require different samples at each time point since the vessel would have to be 

histologically sectioned to image the lumen, thus destroying the scaffold. Direct-line-of-sight 

imaging such as this is necessary since the wall of the vascular graft is far too thick and optically 

scattering to obtain an image of the endothelium through the vessel wall using microscopic 

techniques such as confocal laser scanning microscopy [119]. 

4.4.5 Two photon microscopy and comparison to conventional imaging methods 

Two-photon microscopy, or multi-photon microscopy, is a powerful imaging technique 

used to image deep within biological tissues or scaffolds with high resolution [72]. Currently, 

there is no other diffraction-limited optical imaging system that can reach the imaging 

penetration depth of multi-photon microscopy at a given resolution [132]. We therefore 

compared the imaging penetration depth of the FOB imaging system to that of two-photon 
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microscopy. To accomplish this, 3 different PDLLA vascular scaffolds with varying wall 

thickness (95, 230, and 520 µm) were fabricated using the electrospinning approach as described 

earlier.  The scaffolds were sectioned lengthwise, seeded on one side of the scaffold with GFP-

ECs, and then imaged using a two-photon microscope. The scaffolds were placed in a cell 

culture dish with glass coverslip bottom to allow imaging access within the working distance of 

the objective. First, the scaffold lumens were imaged in direct-line-of-sight to the lumen to 

ensure that ECs were on the lumen surface (Figure 4.5A,B). Next, the scaffolds were positioned 

such that the exterior surface of the scaffold wall faced the optical objective to mimic a situation 

in which a two-photon microscope would be used to image through the vascular scaffold wall to 

view GFP-ECs on the lumen (Figure 4.5C). Figure 4.5D shows an image obtained through a 95 

µm thick PDLLA electrospun scaffold to view the GFP-ECs on the lumen surface. In this image, 

the resolution of the cells is diminished as compared to the direct-line-of-sight view in Figure 

4.5B. This reduction in imaging resolution is likely due to the highly scattering nature of the 

electrospun material. Figure 4.5E shows that the cells could not be resolved when imaging 

through the 230 µm or 520 µm electrospun PDLLA scaffolds (520 µm scaffold image not 

shown) using two-photon microscopy.  The FOB imaging system, however, was capable of 

imaging through the ~500 µm thick PDLLA scaffold with sufficient resolution to accurately 

identify the distribution of GFP-ECs (Figures 5F,G).  
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Figure 4.5. Imaging penetration depth: comparison of FOB imaging method to Two-photon 
microscopy. A) EC-seeded half-vessel scaffolds were imaged with a two-photon microscope in 
direct-line-of-sight to the lumen. B) Representative image of GFP-ECs in direct-line-of-sight to 
the vessel lumen. C) The two-photon microscope was then used to image GFP-ECs on the lumen 
through the wall of vascular scaffolds of varying thicknesses (t = 95, 230 and 520 µm). Images 
of GFP-ECs on the vessel lumen through a D) 95 µm and E) 230 µm thick scaffold. Although 
cells were visible through the 95 µm thick scaffold, GFP-ECs could not be resolved through the 
230 and 520 µm thick scaffolds. The FOB imaging method, however, was capable of resolving 
individual GFP-ECs through a ~510 µm thick scaffold wall (G) and the overall cell distribution 
of the same region of interest matched very closely to the direct-line-of-sight fluorescence image 
(F). 

This experiment illustrates the difficulty of performing nondestructive imaging of a 

bioengineered vascular graft endothelium while housed in a bioreactor using conventional 

microscopy techniques. Confocal or two-photon microscopy are options to image the 

endothelium, however, due to the photon-scattering nature of the highly porous scaffold, it is 

exceedingly difficult to image through the thick vessel wall. In the present study, we 

demonstrated that two-photon microscopy only had an effective imaging depth of approximately 

95 µm through the highly opaque electrospun PDLLA scaffold. Electrospun vascular grafts used 
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for bypass grafting typically range from 300 µm to 1 mm in thickness to sustain the 

physiological forces associated with blood pressure [17, 36, 37]. It is therefore impossible to use 

conventional microscope imaging techniques to penetrate through the wall of these vessels to 

noninvasively image the endothelium.  

A potential alternative to using conventional microscope-based systems to image the 

endothelium are endomicroscope-based probes. In this approach, the endomicroscope could be 

inserted into the lumen of the vessel through the bioreactor flow chamber. Several groups have 

recently used endomicroscopes on the order of 1 mm in diameter to image cells and tissues both 

in vitro and in vivo.  One notable example is a rotational side-view endomicroscope developed 

by Kim et al that is capable of imaging the gastrointestinal and respiratory tracts of mice in vivo 

with single-cell level resolution and a 250 µm x 250 µm field of view [80]. This imaging 

technique could potentially be used to assess the endothelium of a bioengineered vascular graft 

in vitro, however issues with sterility may limit its use due to repeated insertion into the 

bioreactor at evaluation intervals. Moreover, insertion of the endomicroscope into the lumen will 

likely disrupt the flow profile during fluid flow preconditioning. Therefore, this imaging method 

may not be suitable for dynamic assessment of a preconditioning vessel housed within a fluid 

flow bioreactor.  

The FOB imaging system, alternatively, uses a micro-imaging channel embedded in the 

wall of the scaffold through which the excitation fiber optic is inserted and GFP-EC fluorescence 

is captured from outside the bioreactor using an EM-CCD detector. This allows for 

nondestructive, dynamic imaging of the endothelium of the vascular graft with no impact on the 

vascular scaffold or biological system in the bioreactor. Additionally, the FOB imaging method 

is capable of continuous scanning and subsequent image acquisition. This provides real-time data 

that could not otherwise be obtained using conventional, static fluorescence imaging using 

conventional microscopes. In Figures 2 and 4, the vascular grafts were imaged at daily intervals 

to assess graft endothelialization; however, it is possible to provide continuous scanning and 

image acquisition with the FOB imaging system. To demonstrate this capability, a 500 µm x 250 

µm section of a full-vessel scaffold was sequentially imaged at 2 hr intervals for a 3-day period. 

Supplemental Figure 4.1 shows the GFP-ECs on the scaffold lumen and corresponding plot of 

GFP-EC coverage over time. In this video, GFP-ECs are actively migrating along the surface of 

the lumen and each image was analyzed to provide a real-time assessment of EC coverage, 
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which in this case increases with incubation time. It should be noted that the FOB imaging 

system is fully automated and does not require any manual adjustments during semi-continuous 

imaging. This capability of the FOB imaging system could be used as a “hands-off” approach to 

study EC proliferation rates and endothelialization with greater temporal resolution than could be 

obtained using conventional fluorescence microscopy. Additionally, the FOB imaging system 

could potentially be used to monitor EC migration along the vascular graft lumen in response to 

various stimuli, such as varied fluid flow regimes – an impossible task using conventional 

fluorescence microscopy and a difficult task for endomicroscopy techniques. 

 
Supplemental Figure 4.1. Dynamic imaging of graft endothelialization. A full-vessel scaffold 
was seeded with GFP-ECs and a 500 µm x 250 µm section of the lumen was sequentially imaged 
at 2 hr intervals for a 3-day period. The figure shows the scaffold lumen at A) 2 hr, B) 10 hr, C) 
20 hr, D) 30 hr, E) 40 hr, F) 50 hr, G) 60 hr, H) 70 hr, and I) 80 hr after seeding and J) 
corresponding plot of GFP-EC coverage over time. In this Figure, GFP-ECs are actively 
migrating along the surface of the lumen and each image can be analyzed to provide a real-time 
assessment of EC coverage. 
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4.5 Conclusion 

In this study, we demonstrated the capability of the FOB imaging system to provide 

nondestructive, real-time data regarding endothelialization of a bioengineered vascular graft. The 

dynamic capabilities of this method allowed visualization and quantification of endothelial cell 

proliferation, coverage, detachment, and apoptosis. Additionally, we showed that the FOB 

imaging method is sufficiently sensitive to detect varied endothelialization rates in response to 

varied biomaterial topographies. Finally, we demonstrated that the FOB imaging system had a 

much greater imaging depth than that of two-photon microscopy. This method has clear 

advantages over endpoint testing to assess bioengineered vascular graft endothelium maturation 

and has the potential to be used to assess other endothelialized bioengineered tissues as well.!
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5. Conclusions and Future Work 

5.1 Conclusions  

The objectives of this research were to develop scaffolds to enhance EC adherence to the 

surface under physiologic hydrodynamic shear stress and to develop an imaging methodology 

capable of assessing graft endothelialization in a dynamic and noninvasive manner with the 

overall goal of enhancing a bioengineered vascular graft endothelium. To meet these objectives, 

three studies were performed: 1) creation and evaluation of scaffold topographies that enhance 

EC adhesion under physiologic levels of shear stress, 2) development and validation of a 

noninvasive fiber optic based imaging system capable of resolving fluorescent ECs through a 

thick and opaque scaffold, and 3) incorporation of the FOB imaging system into vascular 

scaffolds to measure endothelialization in response to scaffold topography, EC detachment and 

EC apoptosis in a dynamic and nondestructive manner.  

In the first study, ECs were seeded onto scaffolds with varying fiber diameter and 

orientation to determine their effect on EC shape, alignment, cytoskeleton organization and focal 

adhesions with the goal of increasing EC adhesion to the scaffold in response to shear stress. The 

results demonstrated that ECs became more elongated and aligned with the direction of 

nanofiber orientation. A confluent endothelium was formed on 100 nm and 300 nm scaffolds, 

whereas cells on 1200 nm scaffold did not form a confluent endothelium. Under physiologic 

levels of hydrodynamic shear stress, ECs on aligned nanofiber scaffolds displayed increased 

adherence to the scaffold as compared to those cells on randomly oriented nanofibers. These 

results suggest that aligned nanofiber scaffold topographies are capable of producing an aligned 

endothelium that is capable of resisting shear stress to create a more adherent endothelium for 

bioengineered vascular grafts applications. 

In the second study, a FOB imaging system was developed and validated to image 

fluorescent ECs through thick and optically opaque electrospun scaffolds. To test the system, a 

planar vascular scaffold model was fabricated by sintering electrospun PDLLA scaffold sheets 

with a micro-imaging channel embedded within.  Fluorescent ECs constitutively expressing GFP 

were then seeded on the scaffolds and the FOB imaging system was used to map cells on the 

scaffold surface. Results demonstrated that the FOB imaging system was able to accurately 



 

! 89 

image fluorescent ECs in a noninvasive manner with spatial resolutions ranging from 

approximately 15 – 30  µm at a SNR of approximately 2. Comparison between FOB images and 

control direct-line-of-sight images revealed that the FOB imaging system could produce images 

with 10% or less deviation from standard optical microscopy. Furthermore, the FOB imaging 

system was able to produce continuous images to visualize EC migration and cytokinesis in real-

time.  

In the third study, the FOB imaging system was used to quantify vascular scaffold 

endothelialization, EC detachment and apoptosis in a noninvasive manner. To perform this study, 

micro-imaging channels were incorporated into tubular scaffolds by utilizing a layer-by-layer 

electrospinning approach. GFP-ECs were then seeded onto the vascular lumen and imaged to 

provide an assessment of graft endothelialization over a 4-day period. Results showed that EC 

coverage as assessed by FOB and direct-line-of-sight images were not statistically different, thus 

demonstrating that the method can provide an accurate measure of EC coverage even as grafts 

near confluency. Furthermore, the FOB imaging system was capable of accurately detecting EC 

detachment and apoptosis through the vessel wall. Additionally, it was demonstrated that the 

FOB imaging method is sufficiently sensitive to detect varied endothelialization rates in response 

to varied scaffold topographies. Finally, it was shown that the FOB imaging system had a much 

greater imaging depth than that of two-photon microscopy and is a promising tool to provide 

online monitoring of a vascular graft endothelium.  

By performing these studies, three significant results were achieved: 1) EC adhesion to 

scaffold surfaces under shear stress was enhanced by modifying the surface topography, 2) a 

fiber optic based imaging system was developed to noninvasively image cells through thick 

scaffolds, and 3) the fiber optic based imaging system was used to accurately measure vascular 

graft endothelialization with better spatial and temporal resolution than current optical imaging 

systems available.  

5.2 Future Work 

! While the findings and progress made in this research are promising advances in 

developing and monitoring vascular graft maturation in vitro, they also highlight several areas 

where further research is needed. These areas include 1) incorporation of aligned nanofibers on 

the lumen of a bioengineered vascular graft, 2) integration of the FOB imaging system into a 

fluid flow bioreactor to allow imaging during fluid flow preconditioning and 3) use of the FOB 
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imaging system to monitor cellularization and formation of an ECM in the vessel wall in 

response to preconditioning. !

5.2.1 Incorporation of an aligned nanofiber lumen in a bioengineered vascular graft 

In the study performed in chapter 2, PCL/collagen scaffolds were electrospun onto plastic 

substrates. This was sufficient for testing the effects of electrospun scaffold topography on EC 

morphology and alignment, however, this aligned topography needs to be incorporated into a 

tubular structure to fabricate a viable vascular graft.  The axially aligned nanofibers on the vessel 

lumen would be incorporated to enhance EC alignment and adhesion to the graft under flow. To 

accomplish this task, the rotating mandrel upon which the vascular grafts are electrospun need to 

be modified to incorporate an insulating gap between the negatively charged mandrel holders as 

shown in Figure 5.1. This method is adapted from Zhu et al. that fabricate axially aligned fibers 

on the lumen and randomly oriented fibers in the wall of the tubular construct to produce an 

electrospun nerve conduit [133]. The insulating gap significantly alters the electric field between 

the positively charged polymer dispenser tip and the grounded collector. Uniaxial alignment of 

fibers is achieved through oppositely charged attraction between the positively charged fiber and 

negatively charged conductive mandrel. The fiber is subsequently aligned and stretched across 

the insulating gap due to the electrostatic attraction [134]. Once the aligned nanofiber lumen has 

been established, the mandrels can be pushed together to form a negative continuous charge 

across the graft length to produce randomly oriented fibers for the vessel wall. This 

electrospinning fabrication process will result in axially aligned nanofibers on the vessel lumen 

to enhance EC alignment and adhesion in the direction of fluid flow and randomly oriented 

nanofibers for the vessel wall to support blood flow.  

The results in Chapter 2 demonstrated that ECs on aligned nanofibers significantly 

increased EC adhesion strength to the scaffold under physiological levels of shear stress in vitro. 

To determine if the scaffold design provides improved EC adhesion and improved patency in 

vivo, the vascular grafts with aligned and random nanofiber lumens should be implanted into an 

animal model. Future work with the vascular grafts containing axially aligned nanofiber lumens 

can be implanted in a rabbit aortoiliac bypass model and compared to vascular grafts lumens 

with randomly aligned nanofibers. This can be accomplished by isolating progenitor ECs from 

rabbits using a CD133 affinity-based blood pheresis purification system as previously described 

[17], seeding the grafts, then implanting the grafts as previously described [36]. Noninvasive 
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measurements of graft patency could be obtained by using Doppler ultrasound and contrast 

computed tomography angiography. To assess EC adhesion to the graft and EC morphology over 

time, explants could be extracted at days 1, 14 and 28 after implantation and imaged using 

scanning electron microscopy. The future work is expected to show that vascular grafts with 

axially aligned nanofiber lumens will retain a larger portion of seeded ECs and therefore remain 

patent after implantation as compared to randomly aligned nanofiber lumens, which should have 

lower EC retention.  

 
Figure 5.1 A negatively charged mandrel with insulating gaps will alter the electric field 
between the positively charged polymer jet and negatively charged mandrel to produce axially 
aligned nanofibers for the vascular graft lumen. Once the aligned lumen has been established, the 
mandrel will be pushed together to remove the insulating gap to produce randomly oriented 
nanofibers for the vessel wall (adapted from zhu et al. [133]). 

5.2.2 Integration of FOB imaging into a fluid flow bioreactor  

Experiments conducted with the FOB imaging system in chapters 2 and 3 were carried 

out under static conditions and grafts were not exposed to fluid flow. A current goal is to design 

and test a fluid flow bioreactor that is compatible with integration of the FOB imaging system. 

We have begun designing and testing such a bioreactor with the following specifications: 1) the 
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fluid flow bioreactor must be modified to accommodate the MIC without leakage under fluid 

flow, 2) the MIC must not break during bioreactor construction or during imaging, 3) the fiber 

optic within the MIC must be free to translate and rotate freely during preconditioning, and 4) 

the fluid flow bioreactor must be compatible with OCT imaging method. A schematic of the 

fluid flow bioreactor is shown in Figure 5.2a. Bioreactor components include 1) quartz glass 

chamber, 2) silicone skirt stopper, 3) stainless steel dispensing needle, 4) 90o elbow fitting, and 

5) PTFE slip bearings. Central to the design of the bioreactor is the quartz chamber that allows 

OCT imaging from the exterior of the bioreactor with minimal signal attenuation. The silicone 

skirt stoppers allow chamber sealing while permitting MIC extension from the vascular graft. 

The 90o elbow allows flow to be directed away from the MIC to permit fiber optic insertion into 

the MIC and the PTFE slip bearings allow the bioreactor to be rotated freely while mounted on 

the bioreactor stand. Rotation of the vessel is necessary to allow OCT imaging from the exterior 

as demonstrated in Appendix C. Construction of the bioreactor is shown in Figure 5.2b. First, the 

vessel with MICs embedded is mounted onto the stainless steel dispensing needles using dow 

corning medical grade silicone adhesive. Next, the vessel is slid through the quartz chamber and 

the proximal end is secured with a silicone stopper. Once the vessel is seated securely in the 

chamber, a 90o elbow fitting is placed on the proximal end of the dispensing needle. Silicone 

adhesive is then placed around the MIC to ensure that leakage does not occur. To ensure that the 

MIC does not break during bioreactor construction or imaging, only a small section of the 

polymer coating on the MIC is selectively removed such that the “imaging window” lies within 

the vessel for a length necessary for imaging region of interest (ROI) within the scaffold (i.e. 1 

cm). This keeps the MIC mechanically flexible to reduce the chance of breakage during 

bioreactor construction and handling during imaging experiments. Another consideration in the 

design of the bioreactor is the mechanical instability of the fiberoptic used to deliver excitation 

light. The fiberoptic is made of silica and is very thin (145 mm diameter), resulting in torsional 

instability when long sections of the fiber are rotated. This can result in the fiber lagging during 

imaging experiments, which causes aberrations in the resulting images. To alleviate this problem, 

the bioreactor was designed such that the fiberoptic only needs to be inserted a total length of 

approximately 5 cm to reach the imaging ROI within the vessel. 
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Figure 5.2 Design and fabrication of an imaging-compatible fluid flow bioreactor.  A) 
Schematic of the fluid flow bioreactor, B) construction of the bioreactor, C) Image of the 
constructed fluid flow bioreactor, D) bioreactor connected to the media reservoir and centrifugal 
pump, E) FOB image of GFP-ECs on the lumen after seeding, and F) OCT cross-section image 
of the vessel wall.  

An image of the fully constructed bioreactor with vessel housed within is shown in 

Figure 5.2c. Two – 22 gauge needles (white arrows) were inserted into one of the silicone 

stoppers to allow access to the exterior portion of the vessel. The bioreactor was then filled with 

PBS and connected to a centrifugal pump as shown in Figure 5.2d. Flow rates of up to 1000 

ml/min were achieved without bioreactor leakage. To test the imaging compatibility of the fluid 

flow bioreactor, the 500 µm thick PDLLA vessel was seeded with GFP-ECs at a density of 2 x 

104 cells/cm2 and imaged using the FOB method. As shown in Figure 5.2e, a 2 cm length of the 

vessel was successfully imaged using the FOB imaging method.  Additionally, it was possible to 

perform OCT imaging to obtain a cross-sectional image of the vessel wall as shown in Figure 

5.2f. This bioreactor design allows noninvasive fluorescence imaging of the endothelium using 
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the FOB method and imaging of morphological changes in the vessel wall using OCT. 

Incorporation of these imaging capabilities in a fluid flow bioreactor will provide a better 

understanding of cell dynamics and tissue remodeling in response to various fluid flow 

preconditioning protocols with better temporal and spatial resolution than conventional in vitro 

assessment techniques.  

5.2.3 FOB imaging system to measure scaffold wall maturation  

The research conducted in this project demonstrates that the FOB imaging method is a 

powerful tool to monitor and assess the endothelium of a vascular graft. The in vivo success of a 

bioengineered vascular graft, however, not only relies on a functioning endothelium, but also on 

a functioning vessel wall that mimics a native artery in terms of cell composition and structure. 

The current paradigm in tissue engineering of vascular grafts not only include endothelialization 

of the lumen, but also seeding of the vascular wall with fibroblasts or SMCs to colonize and 

remodel the wall with cell-mediated ECM deposition [20, 36, 37, 135]. Since this component is 

necessary for a functioning vascular graft, it would be beneficial to image 1) the process of 

vascular wall cell proliferation and 2) ECM formation during preconditioning using the FOB 

imaging system. Additionally, being able to monitor the interplay between EC and 

SMC/fibroblasts (i.e. paracrine signaling) in real-time during preconditioning would aid in better 

understanding tissue maturation and response to preconditioning. Therefore, the following proof 

of concept work is proposed to utilize and validate the FOB imaging method in assessing 

SMC/fibroblast colonization and ECM deposition in the wall of a bioengineered vascular graft. 

The experimental plan proposed to complete this goal is outlined below.  
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Figure 5.3 Schematic representation of imaging both the endothelium and maturation of the 
vessel wall using the FOB imaging system.  
!

A schematic representation of the proposed experimental setup for the study is shown in 

Figure 5.4. Scaffolds comprised of PDLLA or PCL would be fabricated with MIC embedded 

according to the method established in Chapter 3. ECs constitutively expressing GFP are seeded 

on the graft lumen and imaged using the FOB method, as previously demonstrated in Chapter 3. 

An excitation source of 473 nm can be used to excite the GFP-ECs on the lumen surface and a 

525/45 bandpass filter would be used to allow green fluorescence to pass through to the EMCCD. 

SMCs or fibroblasts expressing a red fluorescent protein, such as mKate, can be seeded on the 

exterior of the scaffold wall. Cells expressing mKate fluorescent protein are shown in Figure 5.4. 

The fiber optic micro-mirror would then be rotated 180o relative to the lumen surface to excite 

mKate cells using 532 nm excitation and a 600 nm longpass emission collection filter according 

to excitation/emission characteristics of mKate (excitation/emission max 585/635 nm [136]). The 

fiber can then be translated along the vessel length to measure the total fluorescence emission 

from the mKate cells over time. It is expected that as cells proliferate and colonize the scaffold, 

the fluorescence emission would likewise increase as a result. Cells would be seeded, and the 

FOB imaging system would be used to capture total fluorescence at days 1, 3, 7, 14 and 21. The 

FOB imaging results would then be compared to histological sectioning and dapi stained sections. 

While this will not provide a measure of penetration depth of cells into the vessel wall, it can 

provide a relative measure of cell number. Additionally, deposition of cell-mediated ECM 
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production in the vessel wall can be measured in a similar manner. One of the main ECM 

components that SMCs and fibroblasts produce is collagen type I [137, 138]. Collagen type I 

possesses a high autofluorescence when excited at the UV or blue wavelengths [139]. A 

fluorescence image of collagen type I derived from calf skin as obtained by fluorescence 

microscopy can be seen in Figure 5.4 (excitation: 488 ± 20 nm Emission: 510 ± 20 nm). To 

measure cell-mediated collagen deposition in the vessel wall, 473 nm fiber optic excitation can 

be translated through the vessel wall and total fluorescence emission can be measured over time 

using the same filters for GFP.   

 
Figure 5.4 Fluorescence images of GFP-ECs, mKate-ECs and Collagen Type 1. 

 
To demonstrate the feasibility of using the FOB imaging method to measure collagen 

content in the vessel wall, a preliminary experiment was conducted with electrospun PCL vessels 

containing varying concentrations of type I collagen. PCL/collagen scaffolds ranging from 0.7 – 

50 % w/w type I collagen were electrospun from 15% w/v PCL/collagen mixtures in HFIP. To 

fabricate scaffolds, polymer solutions were delivered at 5 ml/hr with a 18 g stainless steel needle 

with 10 cm throw distance onto a 5 mm aluminum mandrel. First, 100 µl solution was 

electrospun to establish the lumen, the MIC was placed on top, then an additional 900 µl solution 

was electrospun to form the vessel wall. The thickness of each vessel was measured with a 

micrometer and the average thickness was 432 ± 42 µm. The vessels were then mounted in a 

parallel plate chamber, filled with EBM-2 cell culture media, and the vessel wall was imaged. 

The fiber optic micro mirror with 473 nm excitation light was translated for a 1 cm length on all 

vessels and the resulting fluorescence emission was summed. The results, shown in Figure 5.5, 

demonstrate that the fluorescence response from the collagen type I in the vessels was 

measurable and the florescence response due to collagen concentration was nearly linear.  



 

! 97 

 
Figure 5.5 Total fluorescence measured by the FOB imaging system as a result of varied 
concentration of collagen type I in PCL vessels 

 

The results obtained from utilizing the FOB imaging method to measure cell number and 

collagen deposition in the vessel wall can be validated with histological section and staining at 

certain time points. To demonstrate, a PCL vessel was fabricated and the exterior vessel wall was 

seeded with CH310T1/2 mouse fibroblasts to show proliferation and cell-mediated ECM 

collagen production in the electrospun scaffolds. Cells were seeded onto the electrospun PCL 

vessel wall at day 0 and a section was taken from the cultured vessel at days 1, 14 and 28 to 

perform histology and staining for cell nuclei and collagen production. Scaffold biopsies were 

cryosectioned to 12 µm and stained using analine blue to detect collagen and dapi to detect cell 

nuclei. The results in Figure 5.6 demonstrate that fibroblasts proliferate and migrate through the 

scaffold wall, towards the lumen (left side of images), over time and produce a collagen matrix. 

The preliminary results above demonstrate that the FOB imaging system could potentially be 

used to measure cell proliferation and collagen type I deposition in the scaffold wall.  
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Figure 5.6 Histological sections of PCL vessels seeded with CH310T1/2 cells over time reveal 
that A) cell-mediated collagen deposition (blue) increases over time in conjunction with B) cell 
colonization of the vessel wall towards the lumen of the vessel.  
!
5.2.4 Conclusions 

The goal of this dissertation research was to advance the field of vascular tissue 

engineering by 1) creating methodologies to enhance EC adherence to a vascular graft and 2) 

development of a noninvasive and real-time imaging system capable of assessing the graft 

endothelium.  To achieve these objectives, scaffold topographies were varied to enhance EC 

adhesion to the scaffold under fluid flow, and a FOB imaging system was developed to image 

endothelialization of a vascular graft in a noninvasive and real-time manner. Important areas of 

future research include incorporation of aligned nanofiber topographies in vascular grafts to 

enhance EC retention and patency in vivo, developing a fluid flow bioreactor with optics 

integrated to measure the effects of flow preconditioning in real-time, and use of the FOB 

imaging system to noninvasively measure cell proliferation and ECM deposition in the vessel 

wall. Completion of the proposed future work is envisioned to result in enhanced modalities to 
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assess maturation of bioengineered vascular grafts in vitro and creation of suitable grafts for in 

vivo implantation and testing. 
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a b s t r a c t

Electrospun polymer/apatite composite scaffolds are promising candidates as functional bone substitutes
because of their ability to allow pre-osteoblast attachment, proliferation, and differentiation. However
these structures usually lack an adequate pore size to permit sufficient cell migration and colonization of
the scaffold. To overcome this limitation, we developed an apatite-coated electrospun PLLA scaffold with
varying pore size and porosity by utilizing a three-step water-soluble PEO fiber inclusion, dissolution,
and mineralization process. The temporal and spatial dynamics of cell migration into the scaffolds were
quantified to determine the effects of enhanced pore size and porosity on cell infiltration. MC3T3-E1 pre-
osteoblast migration into the scaffolds was found to be a function of both initial PEO content and time.
Scaffolds with greater initial PEO content (50% and 75% PEO) had drastically accelerated cell infiltration in
addition to enhanced cell distribution throughout the scaffold when compared to scaffolds with lower
PEO content (0% and 25% PEO). Furthermore, scaffolds with an apatite substrate significantly upregulated
MC3T3-E1 alkaline phosphatase activity, osteocalcin content, and cell-mediated mineralization as
compared to PLLA alone. These findings suggest that such a scaffold enhances pre-osteoblast infiltration,
colonization, and maturation in vitro and may lead to overall improved bone formation when implanted
in vivo.

! 2010 Elsevier Ltd. All rights reserved.

1. Introduction

The clinical need for viable bone substitutes to heal skeletal
defects has been steadily increasing, while key obstacles associated
with successful bone grafting remain unsolved [1]. Current
methods for bone replacement include the use of both autologous
and allogenic grafts, however these options possess significant
drawbacks including donor site morbidity, insufficient supply, and
disease transmission, which limit their clinical utility. Tissue engi-
neering of bone grafts, on the other hand, offers a new paradigm for
treatment of skeletal defects and therefore has the potential to
alleviate the demand arising from the shortage of adequate auto-
grafts and allografts. The combinatorial use of bone scaffolds and
progenitor cells from multiple sources has permitted engineering
of viable bone substitutes [1e5]. Bone scaffolds have played
a central role in providing the framework for development of tissue
engineered constructs. Ideally, a bone scaffold should be

biocompatible, osteoconductive, and resorb over time as tissue
remodeling progresses [6,7]. Bone scaffolds also require an inter-
connecting microarchitecture exhibiting sufficient pore sizes to
promote osteoprogenitor and endothelial cell infiltration, coloni-
zation, and development of bone extracellular matrix (ECM) and
vascular beds [8,9]. It has been shown that optimal pore sizes for
bone tissue engineered scaffolds range between 100 and 300 mm to
allow sufficient cell infiltration and tissue ingrowth [9]. Therefore,
cell migration into the bone scaffold is a key component for survival
of the implanted bone construct and healing of the bone defect.

Significant advancements have transpired in engineering three-
dimensional bone tissue scaffolds composed of both synthetic and
natural polymers via a wide array of fabrication techniques such as
solvent casting, phase inversion and rapid prototyping to name a few
[10]. Electrospun polymers and polymer composites, in particular,
have been extensively investigated for use as bone tissue scaffolds
because of their similarity to the extracellular matrix (ECM), large
surface area to volume ratio, and their ability to guide cells to attach
and proliferate over the surface of the scaffold [11]. It has also been
shown that nano-fiber scaffolds can direct osteoblastic differentia-
tion and mineralization of osteoprogenitor cells more effectively
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than a solidwall scaffold [12]. Recently, there has beenmuch interest
in tailoring electrospun scaffold architecture, functionalizing the
scaffold surface, and encapsulating bioactive agents in the fibers in
an effort to further enhance the osteoconductivity and osteoinduc-
tivity of the scaffold [13]. One such approach involves incorporating
calcium phosphate (CaP) bioceramics (i.e. hydroxyapatite and
b-tricalcium phosphate) within synthetic polymeric electrospun
matrices by mineralization of these components on the surface to
create composite scaffolds [14e17]. Several in vitro studies have
shown that CaP minerals, when incorporated with electrospun
scaffolds, dramatically improve cell attachment, allow osteoblastic
differentiation, and bone ECM synthesis [16e21]. Thus, electrospun
polymeric/CaP composites are promising candidates for use as bone
tissue scaffolds.

While these scaffolds show promise for use as bone tissue
engineered constructs, several limitations remain e such as poor
cell infiltration and tissue ingrowth. Although electrospun scaffolds
exhibit an architecture with a very high percentage porosity, their
pore sizes are usually only a few times larger than the fiber diam-
eter [22] e typically ranging from nanometers to tens of microns.
Sufficient cell infiltration into electrospun scaffolds is therefore
limited as the pores sizes are well below the target range of
100e300 mm. Therefore small pore sizes and dense fiber packing
have been identified as factors that limit cell migration and colo-
nization of electrospun scaffolds thereby limiting their potential for
three-dimensional applications [23,24], Furthermore, it has also
been shown that small pore sizes inhibit vascular ingrowth when
implanted in vivo, thus creating hypoxic regions and limiting
nutrient and waste transfer [9,25]. Thus, the dense meshwork of
micro and nano-fibrous features that make electrospun scaffolds
attractive for cell attachment and ECM formation can severely limit
cell infiltration and tissue ingrowth.

To overcome the limitation of poor cell infiltration in electro-
spun scaffolds, many methods have been proposed and employed
with varying results. In a study by Stankus et al., cells were
uniformly dispersed throughout an electrospun scaffold by simul-
taneously electrospraying cells onto the scaffold as it was being
formed, however sterility and cell survival were concerns [26,27].
In a study by Pham et al., fiber diameter was increased to enlarge
pore size while flow perfusion was used to further enhance cell
infiltration [28]. It was observed that increasing fiber diameter only
had a modest effect on cell infiltration e leading to maximum cell
infiltration of 200 mm in the approximately 1 mm thick scaffolds
under static culture conditions as compared to complete infiltration
under flow perfusion. Methods such as cryogenic electrospinning
and salt leaching have also been used to successfully improve cell
infiltration, but at the expense of macroscopic delamination and
compromised structural integrity [29,30]. Alternatively, fast-dis-
solving fiber fractions have been co-electrospun with slow-
degrading structural polymers to create micropores after aqueous
submersion [31e33].

Our goal in the present study was to engineer an electrospun
Poly(L-Lactic Acid) (PLLA) scaffold with enhanced pre-osteoblast
infiltration and differentiation for bone tissue engineering appli-
cations. We employed a three-step water-soluble Poly(ethylene
oxide) (PEO) fiber inclusion, dissolution, andmineralization process
to effectively increase scaffold pore size and porosity while coating
the surface with a biomemetic apatite substrate. We hypothesized
that cell migration into the scaffold would be enhanced due to
increased pore size and porosity of the scaffold. We also hypothe-
sized that inclusion of the biomemtic apatite substrate would
increase pre-osteoblast differentiation as compared to PLLA alone.
The temporal and spatial dynamics of cell migration into the scaf-
folds were quantified in addition to investigating pre-osteoblast
proliferation, differentiation, and maturation in the bone scaffolds.

2. Materials and methods

2.1. Materials

Poly(L-lactide) (Mw w 152,000) and Poly(ethylene oxide) (Mw w 200,000)
were both purchased from Sigma Aldrich, St. Louis, MO. Dichloromethane, N,N-
dimethylformamide, Absolute Ethanol, Paraformaldehyde, Sodium Chloride,
Potassium Chloride, Calcium Chloride Dihydrate, Magnesium Chloride Heptahy-
drate, Sodium Phosphate Monobasic Monohydrate, and Sodium Bicarbonate e all
reagent grade e were purchased from Fisher Scientific, Fair Lawn, NJ.

2.2. Composite scaffold fabrication

Dual polymer composite scaffolds were fabricated by co-electrospinning PLLA
and PEO from opposite sides of a rotating grounded aluminum mandrel, similar to
the method previously reported by Baker et al. [8]. A 12% w/v solution of PLLA (Mw
e 80,000) was prepared in a 3:1 mixture of dichloromethane and N,N-dime-
thylformamide by gentle rocking at room temperature for 16 h. PEO was solubilized
in ethanol and deionized (DI) water at a ratio of 9:1 by gentle rocking for 16 h at
room temperature to form a 10% w/v solution. The two polymers were electrospun
simultaneously using a custom dual-electrospinning setup. To fabricate composite
scaffolds, 5 ml of each solution was placed in 5 ml syringes with 18G blunt-tip
needles attached. Similarly, pure PLLA scaffolds were electrospun by using the single
PLLA solution at one end of the apparatus. A high voltage power supply (Gamma
High Voltage Research, Ormond Beach, FL) was used to apply a þ16 kV potential
difference between the charged needle tips and the 200 diameter grounded
aluminum mandrel, which was rotated by an attached AC motor (Dayton Electric,
Niles, IL) to achieve an approximate linear velocity of 5 m/s. The flow rate of each
solution was held constant at 5 ml/h via 2 syringe pumps (New Era Pump Systems,
Inc., Farmingdale, NY). The PLLA and PEO fibers were collected on the grounded
mandrel at a needle-mandrel distance of 20 and 17 cm, respectively. Ten milliliters
of each solution was electrospun to achieve the composite eletrospun mat. The
electrospun mats were then placed in a vacuum desiccator overnight to remove
residual solvent.

Two different types of scaffolds were fabricated using this electrospinning
technique: pure PLLA scaffolds and PLLA/PEO composite scaffolds. The PLLA/PEO
composite scaffolds were formed by electrospinning both solutions with needles
offset at a distance of 8 cm along the mandrel length. This electrospinning setup
produced a PLLA scaffold with a PEO component gradient along the mandrel length,
which ranged from pure PLLA at one end to pure PEO at the opposite end.

2.3. PEO fiber removal

The electrospunmats were then sectioned into 30 mm" 10mm strips along the
mandrel rotation direction, weighed, and submersed in 70% ethanol for 3 h and in DI
water for 1 h to remove the soluble PEO fibers. PLLA scaffolds were then dried in
a vacuum desiccator overnight to remove residual water and re-weighed to deter-
mine mass loss. Since the mass of the pure PLLA scaffolds did not change after
submersion, percent mass loss was taken as an indicator of PEO content in the
composite scaffolds. Scaffold samples for scanning electron microscopy (SEM),
mechanical testing, and cell studies were indexed to mandrel position and excised
from the same electrospun mats. Samples for mechanical testing (30 mm " 10 mm)
were excised in the mandrel rotation direction and samples for SEM and cell studies
were punched out with a 12 mm diameter circular die. For this study, scaffolds with
0%, 25%, 50%, and 75% PEO content were chosen for mechanical testing and cell
infiltration. Scaffolds with 50% PEO content were used for cell proliferation and
differentiation studies.

2.4. Scaffold surface mineralization

Scaffolds to be mineralized for later testing were not dried in the vacuum
desiccator, but were immediately surface mineralized after PEO removal by
submersion in 10" simulated body fluid (SBF) as previously reported by Mavis et al.
[8]. The 10" SBF, which has ion concentrations that are ten times higher than those
in human plasma, was prepared by sequentially dissolving the following ingredients
in 900 ml ultrapure DI water that was being stirred at room temperature: NaCl
(1000 mM), KCl (5 mM), CaCl2$2H20 (25 mM), MgCl2$6H20 (5 mM) and NaH2PO4$H20
(3.62 mM). Care was taken to ensure that each ingredient was fully dissolved before
the next was added. Upon dissolution of the fifth reagent, DI water was added to
bring the final solution volume up to 1000ml. Before coating the scaffolds, 0.084 g of
NaHCO3 (10 mM equivalent) was added during stirring. After complete dissolution,
the electrospun scaffolds were submersed in the 10" SBF solution for 6 h and then
rinsed with copious amounts of DI water to remove the salt residues.

2.5. Scaffold characterization

Scaffold morphology before and after PEO removal and surface mineralization
was investigated by field emission SEM (Leo Zeiss 1550, Carl Zeiss, Thornwood, NY).
To aid in surface conductivity, the scaffolds were sputter coatedwith GoldePaladium

B.M. Whited et al. / Biomaterials 32 (2011) 2294e2304 2295

Bryce Whited
102



to a thickness of 12 nm. The calcium tophosphate ratio of themineralized surfacewas
evaluated with an energy-dispersive X-ray spectroscopy (EDXS) system attached to
the SEM. The SEM images at 2000! were analyzed with Image J (U.S. National
Institutes of Health, Bethesda, MD) to determine the fiber and pore diameter of the
mineralized PLLA scaffolds. Briefly, a total of 20 fibers were randomly selected from
each SEM image and measured to calculate the average and standard deviation of
fiber diameters (n ¼ 5 images/scaffold; n ¼ 3 scaffolds/condition). To determine
scaffold pore diameter, the contrast and brightness of each SEM image was adjusted
to the same level and thresholding was performed at a set value. The thresholded
image was then qualitatively compared to the original image to validate that
thresholding yielded similar contrast. If the thresholded image did not match the
original image, thresholding was repeated until a better match between the original
and thresholded image was obtained. Each pore was labeled and measured after
calibrating with a known scale. Pore diameter was determined by taking the average
of the major and minor axes as output by the program (n ¼ 5 images/scaffold; n ¼ 3
scaffolds/condition). The porosity of the scaffolds after PEO fiber removal and surface
mineralization were evaluated as previously reported by Chong et al. [8]. The
dimensions of the electrospun scaffolds (n ¼ 5 scaffolds/condition) were carefully
measured with a digital micrometer (Mitutoyo, Japan) and their apparent densities
and porosities were determined using the following equations:

Scaffold apparent density
!
g=cm3

"
¼ Mass of scaffoldðgÞ=Scaffold volume

!
cm3

"

Scaffold porosityð%Þ ¼
!
1%

h
Scaffold apparent density

!
g=cm3

".

Bulk density of PLLA
!
g=cm3

"i"
!100%

2.6. Mechanical testing of scaffolds

Tensile properties of the PLLA and surface mineralized PLLA scaffolds were
determined using an Instron 5869 (Instron, Norwood, MA) with a 10 N load cell.
Prior to testing, the thickness and width of the samples were carefully measured in
three locations along the sample length using a digital micrometer (Mitutoyo,
Japan). Samples were tested under uniaxial tension until failure at a crosshead speed
of 1 mm min%1. Tensile modulus was calculated over a 4% strain range from the
linear portion of the stress-strain curve and maximum tensile strength was deter-
mined from the maximum load achieved by the sample normalized to its original
cross-sectional area. Five samples per group were tested.

2.7. MC3T3-E1 cell culture and cell seeding

MC3T3-E1 subclone 4 pre-osteoblasts were purchased from American Type
Culture Collection (Manassas, VA) and were used to perform the cell proliferation,
differentiation, and infiltration studies. All cells used were within passage 21 and
were cultured in a-MEM supplemented with 10% FBS and 1% antibiotic/antimycotic
(Cellgro, Herndon, VA). Cells were grown in a 95% relative humidity atmosphere of
5% CO2 at 37 &C and culture media was changed every 3 days. Osteogenic media
consisted of a-MEM with10 mM b-glycerol phosphate and 50 mg/ml L-ascorbic acid
(Sigma, St. Louis, MO).

Before cells were seeded onto the scaffolds, the scaffolds (approximately
12 mm diameter) were placed in 48-well plates and sterilized with 700 ml of 70%
ethanol for 1 h. The scaffolds were then washed three times for 5 min each with
sterile PBS to remove the residual ethanol. Cells were trypsinized upon subcon-
fluence and viable cells were determined using trypan blue stain (Vi-cell, Beckman
Coulter, Brea, CA). Cells were then re-suspended in 250 ml osteogenic media and
seeded onto the scaffolds or in a 48-well plate (TCPS control). 2 ! 105 and 3 ! 104

cells were seeded onto the scaffolds for the cell infiltration and proliferation/
differentiation studies, respectively. Media was changed every 3 days and samples
were removed after 3, 7, 14, and 21 days, rinsed with sterile PBS, and stored in
1.5 mL of sterile filtered Millipore water at %20 &C to evaluate cell proliferation/
differentiation. For the cell infiltration study, scaffolds were removed at days 1, 10,
and 21, rinsed with sterile PBS, fixed in 4% phosphate-buffered paraformaldehyde,
and embedded in optimal cutting temperature compound (Tissue Tek, Sakura
Finetek USA, Inc., Torrance, CA). For the cell proliferation/differentiation studies,
four scaffolds or control samples with cells were cultured for each condition (PLLA,
mineralized PLLA, and TCPS control) and three were cultured for the infiltration
studies (mineralized PLLA only).

2.8. Assessment of cell infiltration

After fixing the mineralized scaffolds in paraformaldehyde and embedding in
OCT, 8 mm thick histological cross-sections were cut with a Microm HM 550
(Microm, Waldorf, Germany) and stained with DAPI (Vector Laboratories, Burlin-
game, CA) to visualize cell nuclei. A Leica MI6000-B microscope (Leica, Wetzlar,
Germany) with 10! objective was used to obtain both polarized bright field and

fluorescent images of the scaffolds. The brightness, gain, and exposure were held
constant for all images. The polarized bright field images were used to demarcate
the edges of the electrospun scaffold and to determine the thickness of the scaffolds.
For each image, three measurements of scaffold thickness were obtained across the
cross-section to determine scaffold thickness. The scaffold edge as found by
the polarized bright field image was then applied to the fluorescent image to define
the boundaries of the scaffold edges. A custom LabView program (LabView 8.6,
National Instruments, Austin, TX) developed by our groupwas then used to quantify
cells in each fluorescent image and linear distance from the edge of the scaffold on
which the cells were seeded. Briefly, the program located the user-defined edges of
the scaffold and rotated the image so that the imagewas vertically aligned. Next, two
thresholds were applied to the fluorescence image. The first was a pixel threshold
range, such that pixels having the correct color value (blue pixel values between 90
and 255 and a pixel value of zero for each of the other colors) were set to one, and
pixels residing outside the range were set to zero, creating a binary image. These
clusters of pixels set to one were measured by area. Groups of pixels less than 50
pixels in area were set to zero, eliminating small pixels which were likely to be the
result of noise present in the imaging. The result of these techniques was a binary
image, such that only groups of pixels that meet the color and size requirements are
output as cells. Then, the program determined the distance between the two edges
of the scaffold and exported the location of the cell relative to the two edges. These
distances, originally in pixels, were linearly scaled to microns. Three scaffolds for
each mineralized PLLA/PEO condition at each time point were sectioned, imaged,
and processed. At least 3 images were obtained from each cross-section and 2 cross-
sections from each scaffold e yielding approximately 18 images analyzed for each
PLLA/PEO condition at each time point.

2.9. Cell number

The PicoGreen assay kit (Molecular Probes Inc., Eugene, OR) was used to
measure the double stranded DNA (dsDNA) content in each scaffold or control
sample. Briefly, each sample underwent 3 freeze-thaw cycles, sonication for
20 min, and vortication for 15 s as previously described [34]. Samples were diluted
10! with sterile, distilled DNase-free water to obtain sample concentrations
within the detection range of the assay. Bacteriophage lambda dsDNA standards
were diluted to concentrations of 0e1000 ng/ml in sterile, distilled DNase-free
water and 100 mL of standard or sample were added to individual wells of a 96-
well plate. The PicoGreen reagent and Trisethylenediaminetetraacetic acid buffer
were prepared per the manufacturers instructions and 100 mL was added to each
well. The 96-well plate was then incubated in the dark at room temperature for
10 min, whereafter the fluorescence was measured on a SpectraMax M2 plate
reader (Molecular Devices, Sunnyvale, CA) using an excitation wavelength of
480 nm and an emission wavelength of 520 nm. The number of cells in each
scaffold was determined by correlating the amount of DNA with a known amount
of MC3T3-E1 cells (8.95 pg DNA/cell e data not shown). Analysis of each sample
was performed in triplicate.

2.10. Alkaline phosphatase activity

Alkaline Phosphatase (ALP) Activity e an early indicator of osteoblastic differ-
entiation e was determined by using the ALP substrate kit by Bio-Rad (Bio-Rad
Laboratories, Hercules, CA). Samples used to determine ALP activity were obtained
from the same cell lysate solution used for DNA quantification. Samples were diluted
20! with sterile filtered Millipore water to achieve concentrations within the
detection range of the assay. Standards were prepared by diluting 10 mM p-nitro-
phenol (Sigma) stock solution in DI water to final concentrations of 0e250 mM and
100 mL of standard or sample was added to individual wells in a 96-well plate.
Finally, 20 mg p-nitrophenylphosphate (Sigma Aldrich, St. Louis, MO) was
completely dissolved in 20 ml diethanolamine buffer and 100 mL of the resulting
solution was added to each well. The 96-well plate was then incubated at 37 &C for
30 min, whereafter the reaction was halted by adding 100 mL of 0.4 M NaOH. The
absorbance was then measured at 405 nm on the plate reader. Analysis of each
sample was performed in triplicate and activity is expressed per cell as determined
by the DNA assay.

2.11. Osteocalcin content

Osteocalcin (OCN), a non-collagenous protein produced by mature osteoblasts
during late stage osteodifferentiation, was measured in the media using an ELISA kit
from Biomedical Technologies, Inc. (Stoughton, MA). Media samples were taken over
the culture period and stored at %20 &C until analysis could be performed. Samples
were diluted 100!with sterile filteredMilliporewater to residewithin the detection
range of the assay. Mouse OCN standards were diluted in sterile filtered Millipore
water to final concentrations of 0e50 ng/ml and 25 mL of standard or sample was
added to the 96-well plate. The assay was performed per the manufacturer’s
instructions and the absorbance at 450 nm was measured on the plate reader.
Osteocalcin content is expressed as a ratio of OCN/cell (ng/cell). Analysis of each
sample was performed in triplicate.
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2.12. Calcium content

In the late stages of osteoblastic differentiation, osteoblasts produce a mineral-
ized matrix which consists of extracellular proteins and CaP minerals [8]. To
determine the amount of mineralized matrix produced by the cells in this study,
a colorimetric endpoint assay from Genzyme Diagnostics (Genzyme Diagnostics
P.E.I. Inc., PE Canada) was used to quantify the calcium content in each scaffold or
control sample. To account for additional calcium on the mineralized PLLA scaffolds,
calcium levels of mineralized scaffolds without cells (control scaffolds) were assayed
at each time point and subtracted from the background on PLLA mineralized scaf-
folds with cells. To dissolve the calcium into solution, a volume of 1 N acetic acid
equal to the volume remaining in each sample tubewas added and the samples were
placed on a shaker table at 80 rpm for 48 h. Standards of calciumwere prepared from
a 250 mM calcium stock solution in concentrations ranging from 0 to 250 mM and
20 mL of standard or sample was added to individual wells of a 96-well plate. The
Arsenazo III calcium assay reagent was then added to each well at a volume of
300 mL, incubated at room temperature for 10 min, and absorbance at 650 nm was
measured on the plate reader. Analysis of each sample was performed in triplicate
and calcium content is expressed as a ratio of calcium/cell.

2.13. Statistical analysis

All values are expressed as mean ! standard deviation. Statistical analysis was
performed using one-way analysis of variance (ANOVA) and significance was
considered at p " 0.05. For assessment of tensile properties, five samples per group
were analyzed. Four samples per group were evaluated in the cell proliferation/
differentiation studies and three samples per group for the cell infiltration studies.

3. Results

3.1. Scaffold fabrication and characterization

Both composite PLLA/PEO scaffolds and pure PLLA scaffoldswere
fabricated using the dual-electrospinning setup. Electrospinning
only PLLA produced pure PLLA scaffolds and co-electrospinning
PLLAwith PEOproduced composite scaffoldswith 0e100% PEOfiber
content along the mandrel length. The fraction of PEO in the
composite scaffoldwas determined bymass loss after dissolving the
PEO fibers in an aqueous environment (Fig. 1) (n ¼ 3 samples per
mandrel location). Representative SEM images of pure PLLA scaf-
folds (Fig. 2A) and scaffolds containing a 3:1 ratio of PEO:PLLA
(Fig. 2C) show the randomly oriented fibrous morphology before
submersion and mineralization. Fig. 2B, D, and E show the apatite
coating on the fiber surface after the PEO fibers were removed and
mineralized. It is apparent that the scaffold containing 75% PEO has
increased pore size and appears less dense after removal of the PEO
fiber content (Fig. 2D vs. C). The semi-quantitative EDXS analysis
showed that the biological apatite deposited on the scaffolds con-
sisted of a Ca/P ratio of about 1.4e indicating an amorphous calcium
phosphate [17].

The SEM images were analyzed to determine average fiber and
pore diameter. Because porosity and pore size are important
features of a scaffold that influence the behavior of seeded cells, the
scaffolds were characterized with respect to these properties. We
selected four different scaffolds with varying PEO content to use in
the experiment (0%, 25%, 50%, and 75% PEO). While fiber diameter
remained relatively constant for all scaffold types (Table 1),
increasing the PEO content in the scaffolds significantly increased
the porosity (Fig. 3A) and pore diameter of the scaffolds (Fig. 3B).
Average pore diameters of 27 mm and 89 mm were achieved for
scaffolds with 50% and 75% PEO, respectively, as compared to less
than 10 mm for scaffolds with lower PEO content (Table 1). As
shown in Table 1, average scaffold thickness, as determined by
analyzing histological sections, varied slightly with PEO content.

3.2. Mechanical testing

Uniaxial tensile testing was conducted to determine the effects
of mineralization and PEO fiber removal on scaffold elastic modulus
and ultimate tensile strength (UTS). The data showed that miner-
alization of the PLLA scaffolds resulted in a decreased elastic
modulus for the 0% PEO scaffolds, while significantly increasing the
modulus of the 50% PEO scaffolds (p < 0.05) (Fig. 4). A significant
increase in ultimate tensile strength was also seen for the 0% PEO
mineralized PLLA scaffold as compared to PLLA alone (p < 0.05). As
expected, an increase in initial PEO content led to overall decreased
mechanical properties in both the pure PLLA and mineralized PLLA
scaffolds. As initial PEO content increased, the elastic modulus of
the mineralized PLLA scaffolds significantly decreased for each
group (p < 0.05), whereas the ultimate tensile strength of the
mineralized PLLA scaffolds was only affected at higher initial PEO
contents (50% and 75%). The same trend of decreased mechanical
properties with increased PEO content was observed for the pure
PLLA scaffolds.

3.3. Cell infiltration into mineralized PLLA scaffolds

To assess MC3T3-E1 pre-osteoblast migration into the miner-
alized PLLA scaffolds as a function of initial PEO content, cells were
seeded onto scaffolds, collected at days 1, 10, and 21, and then fixed
in paraformaldehyde for later evaluation. Histological cross-
sections of the scaffolds were then obtained by sectioning. The cell
nuclei were stained with DAPI and the cross-sections were imaged
for cell position within the scaffold. A custom LabView program
then analyzed each fluorescent image for both the number and
position of cells within the scaffold relative to the scaffold edge as
defined by the polarized bright field image shown in Fig. 5. This
method was useful in evaluating the impact of initial PEO content
and the effect of increased porosity and pore size on the temporal
and spatial dynamics of cell migration into the composite scaffolds.

The fluorescent images showed that cell migration into the
scaffolds improved with increasing initial PEO content (Fig. 6). For
example, at day 1, cells were present only at the periphery of the
scaffoldswith 0%, 25%, and50%PEO,whereas scaffoldswith 75%PEO
exhibited cell infiltration into the centermost regions of the scaffold.
Also, it is evident that cell migration increased for each scaffold
group over timewith cell infiltrationmore pronounced for scaffolds
with greater porosity and pore diameters (50% and 75% PEO).

To further study the dynamics of cell migration into the scaffolds
with varying initial PEO content, data obtained from the image
analysis was used to quantify the cellular distribution in each
scaffold (Fig. 7) and average cell infiltration depth into the scaffolds
over time (Fig. 8). Cellular distribution was assessed by measuring
themigration distance of each cell from the edge of the scaffold that
was seeded, counting the number of cells that were within the

Fig. 1. Offsetting syringes resulted in a graded fiber sheet ranging from 0 to 100 mass %
PLLA along the mandrel length as determined by PEO mass loss (n ¼ 3 scaffolds per
mandrel location).
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ranges of 0e200 mm, 200e400 mm, 400e600 and >600 mm, and
normalizing the number of cells in each range to the total number
of cells within each scaffold to obtain a percentage of total cells in
each range (Fig. 7). The results of this analysis show that cell
distribution throughout the scaffolds widen as time progresses. The
fraction of cells in the outermost region of the scaffolds (0e200 mm)
was significantly lower for each group at day 21 compared to day 1
after seeding, demonstrating cell migration towards the center of
the scaffolds (p < 0.05). Likewise, the fraction of cells in the
innermost regions (200e600 mm) of the scaffolds significantly
increased as time progressed (p < 0.05). This trend is observed for
all scaffold groups with varying initial PEO contents. Similarly,

increasing the initial PEO content significantly accelerated cell
infiltration into the scaffolds. At day 1, nearly 99% of cells in the 0%
and 25% PEO scaffolds remained in the outermost region of the
scaffold (0e200 mm), whereas only w91% and w69% of cells were
observed in the same region of the 50% and 75% PEO scaffolds,
respectively (Fig. 7A). The remainder of the cells infiltrated to more
central regions of the scaffold (200e600 mm). By day 21, nearly 46%
of cells in the 50% and 75% PEO scaffolds had migrated further than
200 mm into the scaffolds as compared to only w21% and w13% of
cells in the 0% and 25% PEO scaffolds, respectively (Fig. 7C). The
average cell infiltration distance into the scaffolds was also found to
increasewith both time and initial PEO content. Fig. 8 shows cells in
the 50% and 75% PEO scaffolds possessed average infiltration
depths of 240 and 320 mm, respectively. These infiltration depths
were significantly greater than those achieved in the 0% and 25%
PEO scaffolds, which were 120 mm and 140 mm, respectively
(p < 0.05).

3.4. Cell number

Cell number for the scaffolds with 50% initial PEO content and
TCPS control samples was quantified at days 3, 7, 14, and 21 to

Fig. 2. Representative SEM images of (A) a pure PLLA scaffold (0% PEO), (B) pure mineralized PLLA scaffold (0% PEO), (C) 3:1 blend of PEO:PLLA before PEO fiber removal (75% PEO),
(D) 3:1 blend of PEO:PLLA after PEO fiber removal and mineralization, (E) close-up SEM image of apatite surface on a PLLA fiber, and (F) EDXS confirms that the biomemetic apatite
contains calcium and phosphorous at a Ca/P ratio of approximately 1.4. Inset bars represent 20 mm in images A, B, C, D and 2 mm in image E.

Table 1
Fiber diameter, pore diameter, porosity and scaffold thickness for mineralized PLLA
scaffolds with varying initial PEO content.

% PEO. Fiber diameter
(mm)

Pore diameter
(mm).

Porosity (%) Scaffold thickness
(mm).

0% 2.70 ! 0.55 7.87 ! 3.47 82.05 ! 0.29 822 ! 48
25% 2.71 ! 0.41 9.86 ! 5.39 85.08 ! 0.18 874 ! 73
50% 2.47 ! 0.67 27.73 ! 10.39 86.29 ! 0.35 684 ! 64
75% 2.62 ! 0.55 89.29 ! 24.32 87.50 ! 0.53 676 ! 108
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assess cell proliferation during the early (0e7 days), mid (7e14
days), and late (>14 days) stages of MC3T3-E1 development [35].
Fig. 9 shows the general trend for all experimental groups in which
there was an increase in cell number for the duration of the
experiment. The TCPS control samples exhibited a significant
increase in cell number from day 0 (initial seeding density of
3 ! 104 cells/well), whereas the scaffold samples showed minimal
change in proliferation (p < 0.05). There was significantly higher
cell number for the TCPS control when compared to both scaffolds
at all time points except at day 21 for the PLLA scaffold (p < 0.05).
There was, however, no statistically significant difference in cell
number between the pure PLLA and mineralized PLLA scaffolds at
all time points (p < 0.05).

3.5. ALP activity

ALP activity, an early marker of osteoblast phenotype, is upre-
gulated at the onset of osteoblastic differentiation and subsides
after differentiation progresses [35]. In this experiment, ALP
activity was assayed to determine MC3T3-E1 progression towards
the osteoblast phenotype for cells on scaffold constructs or TCPS
controls (Fig. 10). Maximal ALP activity for scaffold constructs was
expressed at day 3 with a corresponding approximate 4-fold
increase compared to TCPS control levels (p < 0.05). Maximal ALP
expression for the TCPS control, however, occurred at day 7. The
ALP activity for the scaffold constructs was significantly higher than
the TCPS control at all time points, except for the mineralized PLLA
group at day 7 (p < 0.05).

3.6. Osteocalcin content

Fig. 11 shows the amount of OCN protein detected in cell culture
media for each treatment group as measured by ELISA. Data is
expressed as the ratio of OCN/cell (pg/cell). For this experiment,
OCN secretion in cell culture media was measured between days
0e3, 3e7, 10e14, and 17e21. As seen in Fig. 11, there was a marked
increase in OCN secretion from all treatment groups during days
10e14 and 17e21. Most notably the cells in the mineralized PLLA
scaffolds produced more than twice as much OCN as TCPS control
samples for days 10e14 and 17e21 (significant at p < 0.05). The
cells in the mineralized PLLA samples also produced roughly 1.4
times more OCN than the cells in the pure PLLA samples for these
same time periods (p < 0.05).

3.7. Calcium content

The calcium content in each cell/scaffold construct or TCPS
control sample was measured to determine the amount of miner-
alization present in the extracellular matrix. This was accomplished
by dissolving the calcium within the extracellular matrix in 0.5 N
acetic acid and measuring the concentration of calcium ions in the
resulting solution. To account for extra calcium in the mineralized
PLLA samples, calcium levels of mineralized scaffolds without cells
(control scaffolds) were assayed at each time point and subtracted
from the background (n ¼ 4). Fig. 12 shows that cell-mediated
mineralization increased for each treatment groupwith time. There
was significantly more calcium on both scaffold groups than for the
TCPS control at days 3 and 7 (p < 0.05). At days 14 and 21, accreted

Fig. 3. (A) Porosity and (B) pore diameter of mineralized PLLA scaffolds with varying initial PEO content. An “*” indicates a significant difference (p < 0.05) between groups (n ¼ 5).

Fig. 4. (A) Elastic modulus and (B) ultimate tensile strength for pure PLLA and mineralized PLLA scaffolds with varying PEO content (% mass loss) after PEO fiber removal. A “*”

indicates a significant difference (p < 0.05) between groups (n ¼ 5).
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calcium on the mineralized PLLA scaffolds was significantly higher
than the TCPS control and PLLA samples with roughly 3 and 4 times
the amount of calcium as compared to these groups at days 14 and
21, respectively (p < 0.05).

4. Discussion

In orthopedic medicine there exists an increasing need for bone
grafts with regenerative capabilities to treat bone defects arising
from disease and trauma, especially with an ageing population [36].
Tissue engineering offers a promising solution for development of
synthetic and/or natural scaffolds uponwhich osteoprogenitor cells
can be seeded and cultured under optimal conditions and ulti-
mately implanted to promote osteogenesis in vivo. This well-known
approach has potential to provide suitable alternatives to allografts
and autografts because of their unlimited supply and lack of
immune response. Recently, CaP composite electrospun scaffolds
have shown promise as functional bone tissue replacements
because of their ability to allow osteoblast precursor cells to attach,
proliferate, and differentiate towards the osteoblast phenotype
[13]. However dense fiber packing and small pore size of these

fibrous structures can severely limit cell migration and colonization
of the scaffold in vitro and inhibit tissue ingrowth and vasculari-
zation of the scaffold in vivo [23e25]. Therefore, the ability for cells
to migrate through and colonize the bone scaffold is a critical
feature for successful bone regeneration at the site of implantation.

To address this issue, we fabricated a scaffold with the intent of
creating larger pores and increasing porosity by co-electrospinning
a slow-degrading structural polymer (PLLA) with a water-soluble
polymer (PEO) and subsequently removing the PEO by submersion
in an aqueous environment. Similar fabrication techniques using
PEO as a leaching polymer have previously been demonstrated
with segmented polyurethane [32] and poly(3-caprolactone) (PCL)
[33]. The PLLA scaffolds were then mineralized by soaking in a 10!
SBF solution, thereby coating the surface with a biological apatite
similar to amorphous calcium phosphate (Ca/P ratio of approxi-
mately 1.4). We hypothesized that cell infiltration into the elec-
trospun scaffold could be enhanced by increasing the pore size and
porosity, while inclusion of the biomemtic apatite substrate would
increase the osteogenic capacity of the construct as compared to
PLLA alone. Our fabrication technique produced surface mineral-
ized electrospun PLLA scaffolds with varying pore sizes and

Fig. 5. Polarized bright field images of the DAPI-stained cell-seeded scaffold cross-sections (left) were used to demarcate the scaffold edges and measure scaffold thickness. The
corresponding fluorescent image (center) was used to evaluate cell infiltration depth into the mineralized PLLA scaffolds. The image to the right is a combined bright field polarized
and fluorescent image overlay. Scale bar ¼ 400 mm.

Fig. 6. Representative fluorescent images of mineralized PLLA cell-seeded scaffolds with 0e75% initial PEO content at days 1, 10, and 21 showing increased cell infiltration with both
increased time and initial PEO content. Scale bar ¼ 400 mm.
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porosities, which were observed to be a function of initial PEO fiber
content. We have demonstrated that scaffold pore size and porosity
can be significantly enlarged by PEO inclusion and removal (Fig. 3).
Our goal was to create a scaffold with pore sizes above the 100 mm
threshold which has been suggested to allow cell infiltration and
tissue ingrowth into bone scaffolds [9]. In this study, a maximal
average pore diameter of 89.3 mm and porosity of 87.5% were
obtained for mineralized PLLA scaffolds with 75% initial PEO
content. This average pore diameter and porosity is considerably
larger than the mineralized PLLA scaffolds without PEO (7.87 mm
and 82.1%) and the pore size is close to the target 100e300 mm
range. The fabricated pore size is also significantly greater than
previously characterized electrospun PLLA [37] and PCL [38] scaf-
folds which exhibited average pore diameters of 21.5 mm and
19.5 mm, respectively.

The mechanical properties of the constructs in this study were
also affected by the amount of PEO utilized. The elastic modulus
and ultimate tensile strength of themineralized PLLA scaffolds with
75% initial PEO were decreased approximately 6 fold and 5 fold,
respectively, when compared to scaffolds without PEO. These
findings are similar to those of Baker et al. [33], who showed that
the elastic modulus of their PCL scaffolds decreased nearly 60% for
scaffolds with 70% PEO as compared to those without PEO. We
postulate that this is largely due to increased porosity and pore size,
and decreased inter-fiber bonding.With an elastic modulus ranging
from 0.8 to 5.3 MPa in tension, our highly porous mineralized PLLA
scaffold, similar to most electrospun scaffolds, indicate that they

may not be suitable for load bearing applications such as for
replacement of cortical bone (50e151 MPa modulus in tension)
[39]. Rather, these scaffolds may be suitable for filling bony voids or
gaps that are not intrinsic to the stability of the bony structure.

To elucidate the spatial and temporal effects of increasing the
scaffold pore size via increased PEO content in the present study,
MC3T3-E1 pre-osteoblasts were seeded onto scaffolds with 0%,
25%, 50%, and 75% initial PEO content and cell nuclear position was
quantified in scaffold cross-sections at days 1,10, and 21. In a similar
study conducted by Baker et al., PCL was co-electrospun with
increasing percentages of PEO (5e80%), dissolved and then seeded
with mesenchymal stem cells to quantify cell infiltration at 21 days
of culture. Although information was gained in Baker’s study about
cell penetration into the scaffolds at the 3 week time point, the
effects of increased PEO content on the temporal dynamics of cell
infiltration were not presented. In a study conducted by Ju et al.
[40], electrospinning parameters were varied to create electrospun
PCLecollagen scaffolds with increased fiber diameters and result-
ing increased pore area. After seedingwith smoothmuscle cells, the
authors assessed cell infiltration into the scaffolds for varying fiber
diameters at days 1, 3, 7, 14 and 28, albeit qualitatively. Therefore,
the present study is the first to our knowledge that has quantified
both the spatial and temporal aspects of cell infiltration into elec-
trospun scaffolds. Our results show that cell migration was greatly
enhanced at all time points for scaffolds with 50% and 75% initial
PEO content as compared to scaffolds with lower PEO fractions
(Fig. 6). At day 21, nearly 11% and 12% of cells in the 50% and 75%

Fig. 7. Cell infiltration into mineralized PLLA scaffolds as a function of PEO content at (A) 1, (B) 10, and (C) 21 days after cell seeding. Cell number and cell migration distance from
the edge of the scaffold are displayed as % total cells that are in measured regions through the thickness of the scaffold. A “*” indicates a significant difference (p < 0.05) between
groups.

Fig. 8. Average cell infiltration depth into the mineralized PLLA scaffolds at 1, 10, and
21 days after cell seeding. Cell infiltration was found to increase as a function of both
time and PEO content. A “*” indicates a significant difference (p < 0.05) between
groups.

Fig. 9. Amount of cells per scaffold construct or TCPS control sample at days 3, 7, 14
and 21 after cell seeding as determined by the PicoGreen assay kit (n ¼ 4). 3 " 104 cells
were seeded onto the scaffolds or TCPS control wells at day 0. A “*” indicates
a significant difference (p < 0.05) from the TCPS control.
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PEO scaffold groups, respectively, were found to have infiltrated
greater than 400 mm into the scaffold thickness, as compared to
only approximately 2% of cells for the 0% and 25% PEO scaffolds.
Furthermore, by day 21, 7% of cells in the 75% PEO scaffolds
migratedmore than 600 mme essentially to the opposite side of the
scaffold (Fig. 7C). We postulate that enhanced cell migration in the
50% and 75% PEO scaffolds is largely due to the increased pore size
and porosity between groups, as exhibited in Fig. 3. It was also
observed that cell infiltration into the scaffolds was time depen-
dent, with infiltration increasing over the duration of the experi-
ment. The time points used in this study were chosen to evaluate
the effect of initial PEO content and resultant changes in pore size
and porosity, on the early (day 1) and late (days 10 and 21) stages of
cell migration into the scaffolds. It was presumed that cell migra-
tion into the scaffold one day after seeding was primarily due to
unhindered cell penetration, as cell migration due to proliferation
and cell motility would be unlikely at such early stages in cell
culture [41,42]. At day 1, nearly 31% of cells had migrated further
than 200 mm into the 75% PEO scaffold, as compared to onlyw1% in
the 0% and 25% PEO scaffolds e demonstrating the effect of large
pore size on immediate cell infiltration. These findings indicate that
cell migration into electrospun mineralized PLLA scaffolds and
overall cell distribution can be enhanced by increasing the pore size

and porosity via incorporation and removal of a fast-dissolving
fiber component.

In addition to providing a three-dimensional microarchitecture
that allows adequate cell attachment and infiltration, a suitable
bone scaffold must also support cell proliferation and direct oste-
oblastic differentiation. To evaluate our scaffold with respect to
these parameters, MC3T3-E1 pre-osteoblast proliferation, ALP
activity, osteocalcin protein expression, and ECM mineralization
were assessed in vitro for 21 days on apatite-coated PLLA and non-
coated PLLA scaffolds, in addition to TCPS as a control. The primary
stage of osteoblast development is proliferation of undifferentiated
cells [35]. In this study, DNA quantification revealed that cell
numbers on the TCPS control were greater than both scaffolds at all
time points, however, cell proliferation for all groups was observed
throughout the experiment. Previous studies have shown that
electrospun scaffolds can hinder osteoblast proliferation as
compared to cells cultured on TCPS [16,21]. This is thought to be
mediated by fiber microtopography, which can decrease cytoskel-
eton spreading, lead to a cuboidal cellular morphology, and result
in decreased proliferation [11,24,43]. Moreover, proliferation and
differentiation behaviors of osteoblasts are competing properties,
e.g. the rate of cell proliferation decreases as differentiation initi-
ates [44]. Our results indicate that ALP activity, an early biochemical
marker of osteoblast phenotype, was approximately four times
greater on scaffold/cell constructs than TCPS controls at day 3
(p < 0.05). Therefore, cells in scaffold constructs appear to have
begun differentiating shortly after cell seeding, whereas differen-
tiation of cells on TCPS was delayed. Taken together, low cell
numbers on scaffold/cell constructs as compared to the TCPS
control at early time points can be explained at least in part by the
initiation of cell differentiation as evidenced by statistically
significant upregulation of ALP activity.

Both ALP activity and active cell replication are early stage
markers of osteoblast differentiation [35], and our data suggest that
there was a positive effect on osteodifferentiation for cells cultured
in scaffolds as evidencedbyupregulatedALPactivity.However, since
these markers are non-specific to osteoblast differentiation, other
late stage indicators should be evaluated to confirm the actual cell
phenotype. Therefore, OCN protein expression and ECM minerali-
zationweremeasured. Osteocalcin, also known as bone Gla protein,
is the most abundant non-collagenous protein found in bone and is

Fig. 10. Intracellular ALP activity of scaffold/cell constructs or TCPS control samples
over time (n ¼ 4). Results are normalized per cell as determined by the DNA assay. A
“*” indicates a significant difference (p < 0.05) from the TCPS control; a “#” indicates
a significant difference (p < 0.05) from the mineralized PLLA scaffold.

Fig. 11. Secreted OCN protein from scaffold/cell constructs or TCPS control samples
(n ¼ 4). Results are normalized per cell as determined by the DNA assay. A “*” indicates
a significant difference (p < 0.05) from the TCPS control; a “#” indicates a significant
difference (p < 0.05) from the pure PLLA scaffold.

Fig. 12. Total calcium content for each cell/scaffold construct and TCPS control sample
(n ¼ 4). Calcium levels of mineralized scaffolds without cells (control scaffolds) were
assayed at each time point and subtracted from the background (n ¼ 4). Results are
normalized per cell as determined by the DNA assay. A “*” indicates a significant
difference (p < 0.05) from the TCPS control; a “#” indicates a significant difference
(p < 0.05) from the pure PLLA scaffold.
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expressed by terminally differentiated osteoblasts during ECM
mineralization [45]. OCN secretion for mineralized PLLA scaffolds
was approximately 1.4 times greater than the PLLA scaffolds during
days 10e14 and 17e21 (p < 0.05), suggesting possible apatite
mediated osteoblastic maturation. This finding is consistent with
a study conducted by Chou et al. where OCN expression for MC3T3-
E1 cells cultured on an apatite-coated poly(lactic-co-glycolic acid)
(PLGA) scaffold was 2-fold greater compared to cells cultured on
PLGA scaffolds at 4 weeks in culture [46]. OCN is an abundant
calcium binding protein commonly found in bone and is thought to
play an integral role in ECM mineralization by its ability to bind to
both calcium and hydroxyapatite [45,47]. In this experiment, cell-
mediated ECM mineralization for the mineralized PLLA group was
roughly 3 and 4 times the amount of calcium as compared to TCPS
control and PLLA groups at days 14 and 21, respectively, correlating
with significantly higher OCN expression at identical time points
(significant at p < 0.05). These results indicate that the apatite
surface had a significant effect on directing the MC3T3-E1 cells
towards the osteoblast phenotype, thus demonstrating the osteo-
genic stimulating capacity of the mineralized PLLA scaffold. These
findings are consistent with other studies in which polymer/CaP
composite scaffolds increased bone ECM formation and minerali-
zation of pre-osteoblasts when compared to scaffolds without
a biomemtic apatite component [12e18,20,21].

5. Conclusions

In this study, we developed an electrospun bone tissue scaffold
with a mineralized surface and enhanced pore size and porosity.
This was accomplished by using a novel 3-step water-soluble fiber
inclusion, removal and mineralization fabrication technique. The
resulting scaffold supported MC3T3-E1 proliferation and osteo-
genic differentiation while accelerating cell infiltration into the
scaffold and enhancing overall cell distribution. These findings
indicate that such a scaffold may facilitate enhanced osteoproge-
nitor maturation and colonization in vitro that may translate to
improved bone formation when implanted in vivo.
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Figures with essential color discrimination. Figs. 1, 2, 5 and 6 of
this article may be difficult to interpret in black and white. The full
color images can be found in the online version at doi:10.1016/j.
biomaterials.2010.12.003.
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Abstract A scanning-fiber-based method developed for imaging bioengineered tissue constructs such as synthetic
carotid arteries is reported. Our approach is based on directly embedding one or more hollow-core silica fibers
within the tissue scaffold to function as micro-imaging channels (MIC). The imaging process is carried out by trans-
lating and rotating an angle-polished fiber micro-mirror within the MIC to scan excitation light across the tissue
scaffold. The locally emitted fluorescent signals are captured using an electron multiplying CCD camera and then
mapped into fluorophore distributions according to fiber micro-mirror positions. Using an optical phantom com-
posed of fluorescent microspheres, tissue scaffolds, and porcine skin, we demonstrated single-cell-level imaging
resolution (20 to 30 μm) at an imaging depth that exceeds the photon transport mean free path by one order of
magnitude. This result suggests that the imaging depth is no longer constrained by photon scattering, but rather by
the requirement that the fluorophore signal overcomes the background “noise” generated by processes such as
scaffold autofluorescence. Finally, we demonstrated the compatibility of our imaging method with tissue engineer-
ing by visualizing endothelial cells labeled with green fluorescent protein through a ∼500 μm thick and highly
scattering electrospun scaffold. © 2012 Society of Photo-Optical Instrumentation Engineers (SPIE). [DOI: 10.1117/1.JBO.17.6.066010]

Keywords: molecular imaging; fiber optics; deep tissue imaging; tissue engineering; fluorescence imaging; endothelial cells; blood vessel;
image processing.
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1 Introduction
The field of tissue engineering has emerged as an important area
of biomedical research, where its goal is to create functional tis-
sues and organs in the laboratory in order to replace or restore
those damaged by disease and trauma.1–4 Typically, studies in
tissue engineering are carried out in separate steps that involve
fabricating a biocompatible scaffold capable of supporting cell
growth (i.e., an artificial extracellular matrix), seeding living
cells onto the scaffold, culturing the cell-seeded scaffold in a
bioreactor, and then surgically implanting the preconditioned
construct into a living animal to replace the damaged tissue
or organ.5–7

Successful maturation of bioengineered tissues is a highly
complex and dynamic process that involves extensive interac-
tions among multiple cell types and their surrounding extracel-
lular environment. Given its biological complexity, the process
of tissue regeneration must be frequently monitored and evalu-
ated in order to optimize tissue construct design and to improve
the clinical outcome.8 However, it is very difficult to achieve
single-cell-level-resolution imaging at a depth beyond one
photon transport mean free path (TMFP).9,10 As a result, the cur-
rent “gold standard” for evaluating tissue constructs remains his-
tological analysis, which requires sacrificing separate specimens
at different time points by dissecting them into thin slices and

then examining the slices under an optical microscope. These
destructive methods are time consuming, labor intensive, and
cannot reveal cell behaviors and interactions in their natural
microenvironments. Consequently, the inability to perform
deep-tissue imaging at single cell resolution has become a
major barrier in tissue engineering research.

Accomplishing high-resolution deep-tissue imaging is a dif-
ficult challenge that goes far beyond tissue engineering. In fact,
a major problem in biophotonics is the conflict between imaging
depth and imaging resolution. Fundamentally, the difficulty in
simultaneously achieving a high imaging resolution and a large
imaging depth can be traced to this observation: Most biological
tissues are turbid media and therefore strongly scatter light.
Even for recently developed modalities such as photoacoustic
imaging, the spatial resolution is approximately >50 μm at
the imaging depth of three photon TMFP.11,12 On the other
extreme, there are various tomographical techniques such as
fluorescence molecular tomography, where one can achieve a
large imaging depth (∼2 mm) by sacrificing imaging resolution
to the level of >500 μm.9

The inability to non-destructively monitor tissue develop-
ment, which often requires deep-tissue, single-cell-level resolu-
tion imaging, poses a significant hindrance for tissue
engineering research. A specific example is the bioengineering
of synthetic vascular grafts.13,14 In this case, successful clinical
outcome depends critically on the coordinated endothelial cell
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(EC) coverage on the lumen (inner surface) of the blood vessel
graft.15 However, since the thickness of the blood vessel scaffold
must significantly exceed one photon TMFP in order to with-
stand normal blood pressure, it is difficult to apply existing
imaging methods to “see” through the optically opaque scaffold
and monitor EC behaviors on the scaffold lumen.

This manuscript reports a novel imaging method that can
overcome the aforementioned challenge. Our approach is
based on embedding flexible micro-imaging channels (MICs)
directly into a vascular scaffold. Each MIC serves as a guiding
channel through which we can insert a fiber micro-mirror and
locally scan excitation light across a region of interest (ROI) on
the scaffold lumen. After collecting fluorescent signals gener-
ated during fiber scanning, we can map the values of these sig-
nals onto a digital grid and reconstruct the spatial distributions
of the fluorescently labeled ECs. A major advantage of our
method is that the link between imaging resolution and imaging
depth is “decoupled,” making it possible to greatly increase
imaging depth without significantly sacrificing imaging resolu-
tion. Using a tissue scaffold phantom, we demonstrated that our
imaging system could deliver 20 to 30 μm imaging resolution at
an imaging depth of approximately three photon TMFPs.
Furthermore, the resolution of our imaging system remained
essentially the same even if the total imaging depth was
increased by an additional eight photon TMFPs. Given the
results of this phantom study, our imaging method has the poten-
tial to find a wide range of tissue engineering applications that
involve epithelial tissues.

2 Materials and Methods

2.1 Phantom Design and Fabrication

2.1.1 Experimental design

In Fig. 1(a), we show a pulsatile flow bioreactor developed for
the preconditioning of a synthesized vascular graft.16 As shown
in the figure, the vascular graft is enclosed in a sealed bioreactor
and cannot be easily imaged using traditional optical imaging
methods. Ultimately, we intend to use the scanning-fiber-
based imaging method to assess lumen endothelialization,
where a MIC is directly embedded into the scaffold wall as
shown in Fig. 1(b). However, before applying this novel
imaging method for any in vitro or in vivo studies, we need
to first validate system performance through optical phantom
studies.

As illustrated in Fig. 1(c), fluorescent labeled ECs exist
only on the innermost layer (i.e., lumen) of the tubular scaf-
fold. Consequently, it is difficult to apply direct-line-of-sight
optical microscopy to visualize luminal fluorophore distribu-
tions through the optically opaque scaffold. Yet in order to
validate our imaging method, we need to compare the results
obtained through fiber scanning with a common standard such
as direct-line-of-sight microscopy. To resolve this quandary,
we created an equivalent phantom by “flattening” the tubular
vessel and converting it to a planar structure, as illustrated in
Fig. 1(d). Because ECs cover only the innermost surface of a
blood vessel, they will exist only on one side of the “flat”
vessel surface, which is referred to as the “luminal” surface.
Note that the objective lens and all other instruments required
for scanning-fiber-based imaging should be placed outside of
the animal body as indicated by the “detector” in Fig. 1(c) and
1(d). Hence we denote the surface opposite of the luminal sur-
face as the “exterior” surface. With these considerations, the

optical phantom used in this study is composed of a planar
tissue scaffold with an embedded MIC, a piece of porcine
skin, and multiple fluorophores placed on the luminal surface.
With the configuration depicted in Fig. 1(d), we can easily
obtain the direct-line-of-sight images as control images that
accurately depict the distributions of fluorophores on scaffold
lumen. Physical properties of the phantom such as scaffold
porosity and optical coefficients were kept equivalent to the
vessel scaffolds used for carotid artery engineering.17

The presence of the 3-mm thick porcine skin serves two pur-
poses. First, it mimics in vivo conditions,18 where the presence
of additional obstructive biological tissues, such as the skin of
an animal, must be included in order to account for additional
photon scattering and autofluorescence. Additionally, the por-
cine skin also enables us to evaluate the performance of our
imaging system as we significantly increase imaging depth.

We used two types of fluorophores in our studies. To evaluate
the resolution and depth dependence of the imaging system,
we used 28-μm-diameter green fluorescent microspheres
(FP-30052-5, Spherotech Inc., Lake Forest, IL) to simulate
green fluorescent protein (GFP)-labeled ECs. For a preliminary
live cell study, we used GFP-labeled ECs seeded on the luminal
surface of a flat 500 μm thick scaffold.

Fig. 1 (a) A pulsatile flow bioreactor for in vitro incubation of bioengi-
neered carotid artery scaffolds developed by one of the authors.
Bioreactors often require a hermetically enclosed chamber that is
incompatible with standard optical imaging methods. (b) A vascular
scaffold embedded with a micro-imaging channel (MIC) for non-
destructive, scanning-fiber-based imaging. (c) and (d) Depict design
of a planar optical phantom that imitates a tubular carotid artery scaffold
graft for future in vitro (no neck skin) or in vivo (with neck skin) studies.
As shown in (c), an MIC is directly embedded within the wall of
the scaffold. Through the MIC, we can deliver highly localized excita-
tion light to a region of interest on scaffold lumen and generate a fluor-
escent signal. Part of the fluorescent signal is captured by an external
detector for image reconstruction. (d) An optical phantom model was
designed to mimic the experimental configuration in (c). The phantom
is designed such that we can verify our fluorescence mapping results
using the direct-line-of-sight images obtained by a control camera.
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2.1.2 Scaffold fabrication

Electrospinning was used to fabricate a scaffold to construct the
phantom.19 Briefly, bioabsorbable poly-(D, L-lactide) (PDLLA)
(Mw ¼ 80; 000 g∕mol, SurModics Pharmaceuticals, Birming-
ham, AL) was suspended in a 22% w∕v solution with a 3∶1
ratio of tetrahydrofuran:dimethylformamide (Fisher Scientific,
Fair Lawn, NJ) under gentle stirring for 4 h. Next, the polymer
solution was delivered at a flow rate of 5 ml∕hr through an 18 G
blunt-tip needle attached to the end of a syringe. A 13 kV charge
was then applied between the needle tip and a 2-in. diameter
aluminum mandrel using a direct current power supply (Gamma
High Voltage Research, Ormond Beach, FL). The mandrel was
placed 10 cm away from the needle tip and set to rotate at a
constant 60 rpm. The high voltage difference between the needle
tip and the spinning mandrel drew the charged polymer solution
towards the mandrel. The rapid evaporation of the solvent then
generated thin strands of PDLLA polymer fibers (∼1 μm in
diameter), which formed a finely woven scaffold sheet on the
spinning mandrel as shown up close by the SEM image in
Fig. 2(a). Once the scaffold sheet reached its desired thickness,
it was removed from the mandrel and placed in a desiccator for
10 h to remove any residual solvent.

2.1.3 MIC integration

A sintering process was adapted20 to selectively incorporate the
MICs into the PDLLA scaffold. The MICs are made of a cus-
tom-sized, optically transparent and flexible, fused-silica hollow
fiber (Polymicro Technologies, Phoenix, AZ) with an inner and
outer diameter of 145 and 240 μm, respectively. Our MIC inte-
gration process is as follows. First, a PDLLA sheet was electro-
spun to 300 μm thickness and then cut into 3 cm × 2 cm
rectangular mats. Next, we placed MICs on top of a PDLLA
mat and covered it with a second mat, effectively sandwiching
the MICs between the two scaffold mats. The scaffold mats were
then compressed between glass slides with a 28 g weight in an
oven at 54°C for 20 min followed by a 10 min cool down period.
Through the heated compression, the PDLLA mats fused
together without losing the original woven structure, while
securely embedding the MICs inside as shown in Fig. 2(a).
After sintering, the total thickness of the sample was

500" 9 μm and the distance from the luminal surface to the
center of the MIC was ∼200 μm.

2.2 Excitation Light Delivery

Delivery of pump light for fluorescence excitation was achieved
by inserting an angle-polished fiber micro-mirror into the trans-
parent MIC as shown in the image in Fig. 2(b). The mirror was
fabricated by polishing the tip of a standard single mode fiber
(SMF430, Nufern Inc., East Granby, CT) at a 45 deg angle with
a 0.1-μm grit diamond lapping film (Pace Technologies, Tucson,
AR). Excitation light was coupled into the optical fiber and per-
pendicularly redirected by the 45 deg air-silica interface via total
internal reflection as shown in Fig. 2(c). After inserting the
micro-mirror into the MIC, the propagation direction of the exci-
tation light was controlled through the translational and angular
position of the inserted fiber micro-mirror.

2.3 Incorporation of Fluorescent Sources

The phantom studies required placing fluorescent sources on the
scaffold lumen at fixed locations. We used 28 μm diameter
microspheres coated with a green fluorescent dye (FP-30052-
5, Spherotech Inc., Lake Forest, IL) to mimic GFP-labeled
ECs. First, the microspheres were suspended in deionized
water at a 1∶10 volume ratio. Next, we pipetted 1 ml of the solu-
tion onto the lumen of the phantom, which lead to a random
dispersion of the microspheres. To securely attach the micro-
sphere to the scaffold surface, a thin ∼10 μm layer of additional
PDLLAwas electrospun on top of the microspheres. The added
layer was thin enough to be optically transparent, yet sufficiently
strong to eliminate any change in microsphere pattern during
extended handling of the phantom.

2.4 Measuring the Scaffold Optical Properties

To quantify the optical characteristics of the electrospun PDLLA
scaffold, a spectrophotometer (Cary 5000, Agilent Technolo-
gies, Santa Clara, CA) coupled with an integrating sphere (Lab-
sphere, North Sutton, NH) was used to measure the reflectance
and transmittance values from 450 to 750 nm. The optical
measurements were repeated on three scaffold mats having
the same thickness as the phantom ("25 μm std.dev.). Prior

Fig. 2 (a) A thinly woven PDLLA scaffold mat was electrospun and then cut into 3 cm × 2 cm rectangular mats. The optically turbid scaffold archi-
tecture is shown in the scanning electron microscope image. The PDLLA phantom was fabricated by placing micro-imaging channels (MICs) between
two scaffold mats and heat sintering them together. (b) A microscope image of a fiber micro-mirror inserted into a MIC. (c) The 90 deg reflection of the
excitation light at the polished fiber tip is used for local delivery and scanning of excitation light within the region of interest.

Journal of Biomedical Optics 066010-3 June 2012 • Vol. 17(6)

Hofmann et al.: Scanning-fiber-based imaging method for tissue engineering

Downloaded from SPIE Digital Library on 07 Jun 2012 to 198.82.22.45. Terms of Use:  http://spiedl.org/terms

Bryce Whited


Bryce Whited
116



to the measurements, the scaffolds were immersed and saturated
in Endothelial Growth Medium-2 (Lonza Biomedical, Walkers-
ville, MD), the same cell media used for EC culturing and phan-
tom imaging. From the reflectance and transmittance values, the
absorption coefficient μa, and scattering coefficient μs, were cal-
culated using the inverse adding-doubling algorithm developed
by Prahl.21 For the calculations, we used commonly accepted
values for the refractive index (n ¼ 1.38) and anisotropy number
(g ¼ 0.9) of the scaffold.9,22 We calculated the MFP distance
of the PDLLA by using

MFP ¼ 1

μs
; (1)

which models the average distance covered by a photon until a
scattering event occurs. A photon undergoing several scattering
events can be approximated by the TMFP based on the aniso-
tropy number g (which relates to the degree of forward scatter-
ing) and is defined as

TMFP ¼ MFP ×
1

ð1 − gÞ : (2)

2.5 Imaging System

The scanning-fiber-based imaging method requires local excita-
tion of the fluorophores using the fiber mirror and the detection
of fluorescent signals generated at each mirror location. A sche-
matic and a photograph of the imaging platform that can accom-
modate this design is shown in Fig. 3(a) and 3(b), respectively.
A 473-nm laser light was coupled into an optical fiber and deliv-
ered to the sample’s ROI by the fiber micro-mirror within the
MIC. The laser was operated at a continuous 1 mW, with a
fiber injection efficiency of ∼15%. The movement of the
fiber micro-mirror was controlled by a custom-built two-axis

motorized scanning system consisting of a 0.1-μm-resolution
translation stage (UTM100PP.1HL, Newport, Irvine, CA) and
a 20 deg ∕ sec rotation stage (URM80PE, Newport). A fiber
clamp was mounted to the scanner that held the fiber in
place. The distance from the fiber micro-mirror to the clamp
was 15 cm. This system enabled the control of both the angular
and the translational forward/backward movement of the fiber
micro-mirror using a custom Labview program (National Instru-
ments, Austin TX). The fluorescent responses generated by the
fluorophores were collected by a 2× long-working distance lens
(M Plan Apo 2, Mitutoyo) and captured by the electron multi-
plying CCD camera (EM-CCD) (iXon, Andor Inc., Belfast).
The distance between the lens and the phantom was 10 cm.
For fluorescence mapping, the camera was set to a full-binning
mode where the EM-CCD chip’s pixels were internally summed
together to provide the total fluorescence intensity. In principle,
we can replace the camera with a single detector such as a photo-
multiplier tube. However, a camera is required to quantify fluo-
rescence distributions on the scaffold exterior surface that will
be shown later. A bandpass filter (525∕45 BrightLine, Semrock,
Rochester, NY) was used to remove the excitation light from
fluorescence signals.

2.6 Fiber-Scanning and Fluorescence-Mapping
Procedure

The key feature of the scanning-fiber-based method is the loca-
lized fluorophore excitation. More specifically, after using the
fiber mirror to deliver excitation light into the scaffold, we
can assume all fluorescent signals are generated within this
highly localized light spot on the luminal surface. This local
light spot is referred to as an “excitation spot” and its location
on the lumen is controlled by the fiber mirror position within the
MIC. The illustration in Fig. 3(c) shows the excitation spot as it
appears on the lumen.

Fig. 3 (a) Schematic and (b) photograph of the scanning-fiber-based imaging system. (c) Diagram of the imaging procedure. Using the fiber mirror, we
can locally deliver excitation light to a point within the region of interest (ROI) (excitation spot). The excitation spot is moved within the ROI by rotating
and translating the fiber mirror. By scanning the excitation spot according to a pixel grid, we can map the intensity responses into a digital grid to obtain
fluorophore distribution.
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The scanning system possesses two degrees of freedom: one
is the forward/backward translation x and the other is angular
rotation θ of the fiber inside the MIC. As the excitation spot
is scanned across the lumen, a fluorescence response is gener-
ated if the spot overlaps with a fluorophore. A portion of the
fluorescent signal travels through the optically opaque phantom
and is captured by the detector. Since all fluorescent signals are
produced within the spatially-localized excitation spot, we can
“reconstruct” the fluorophore distribution by using the intensity
of the fluorescence signal captured by the detector. This recon-
struction process is referred to as “fluorescence mapping”, and is
described in detail below.

First, we selected a ROI on the lumen and divided it into a
pixel grid of 5 × 5 μm2 imaging pixels (IP) as illustrated in
Fig. 3(c). Every IP in the grid can be selectively illuminated
by the excitation spot by establishing a one-to-one correspon-
dence between the center of the spot (e.g., R axis and T axis)
and the corresponding fiber mirror position (x, θ). In Fig. 3(c),
we define the R axis as parallel to the MIC and the T axis as
perpendicular to the MIC. Note that the coordinate R is a
function of the fiber rotation angle θ and T is directly
given by the linear translation x of the fiber mirror. Further-
more, θ ¼ 0 denotes the case where the excitation light is
launched directly towards the lumen.

To begin an experiment, the excitation spot was first posi-
tioned to IP ¼ 1. The resulting fluorescence signal response
value was collected by the detector and assigned to IP ¼ 1.
This process was repeated for each IP in the pixel grid by dis-
cretely scanning the excitation spot across the luminal surface.
By plotting the response intensities of each IP in the pixel grid as
a 2-D intensity array, we obtained a mapped image of the fluor-
ophore distribution on the luminal surface.

To intuitively understand the validity of this imaging
method, let us consider an ideal case that satisfies the follow-
ing assumptions: (1) the excitation spot is contained entirely
within any given IP, (2) the excitation light intensity remains
constant across the lumen surface for all fiber mirror locations,
and (3) the scaffold does not generate any background fluor-
escence (i.e., autofluorescence) as “noise.” In this ideal case,
the fluorescent response assigned to each IP should be directly
proportional to the brightness of the fluorophores within the
corresponding IP. As a result, the image obtained through
fluorescence mapping should accurately reflect the spatial dis-
tributions of fluorophores over the lumen.

This intuitive analysis also identifies three factors that may
limit the performance of the fluorescence mapping method
including: (1) the excitation spot may exceed the size of an
IP; (2) the excitation light intensity may not remain constant
over the luminal surface; and (3) the scaffold may generate
autofluorescence that overwhelms the fluorescent signals pro-
duced by the fluorophores. The impacts of these three factors
will be discussed in Sec. 3.

2.7 Excitation Spot Characterization

The intensity profile of the excitation spot was characterized
using a control camera (XCD-X710, Sony, Japan) as depicted
in Fig. 2(b). The camera lens was focused on the luminal surface
of the phantom and pictures were taken of the excitation spot.
After inserting the fiber mirror into the MIC, the excitation light
was launched towards the lumen, producing a different spot
profile at a given launching angle θ, and then captured by the
camera as an image. The results are described in Sec. 3.1.

2.8 Spectrum Measurement

The spectra of fluorescent signals as well as “noises” generated
by scaffold or porcine skin autofluorescence were measured by
replacing the EM-CCD camera with a spectrometer (USB2000,
OceanOptics, Dunedin, FL). The imaging system remains the
same otherwise.

2.9 Cell Culture Protocol

A human microvascular endothelium cell line (American Type
Culture Collection (ATCC), Manassas, VA) labeled with
enhanced GFP was used to demonstrate that our imaging
method is suitable for in vitro and in vivo tissue engineering.
All cells were cultured in Endothelial Growth Medium-2
(EGM-2) (Lonza Biomedical, Walkersville, MD). Before cell
seeding, the scaffold with embedded MICs was sterilized
using 70% ethanol for 30 min, followed by three sterile phos-
phate buffered saline (PBS) washes for 10 min each. The ECs
were then suspended in 100 μL of media and seeded onto the
scaffold at a density of 1 × 104 cells∕cm2. The scaffold was then
placed in the incubator for two hours to allow cell attachment
and then was gently washed with PBS to remove any unat-
tached cells.

3 Results

3.1 Excitation Spot Characterization

The spatial resolution of our imaging method is largely deter-
mined by the size of the excitation spot on the lumen. Therefore,
it is important to quantify the properties of the excitation spot as
a function of the fiber mirror launching angle θ. The configura-
tion described in Sec. 2.8 was used to obtain the results shown in
Fig. 4(a)–4(c). The angle θ, defined in Fig. 3(c), was swept from
θ equals to −50 deg to þ50 deg in 1 deg increments on five
different locations on the T axis. The characteristic data of
the excitation spot presented in Fig. 4 shows both the average
as well as the standard deviation of the five distinct T axis
locations.

Figure 4(a) shows the full-width-half-maximum (FWHM) of
the excitation spot size as a function of the launching angle θ.
Several intensity profiles of the excitation spot on the luminal
surface are also shown in the figure as insets. It is clear that the
FWHM increased as the launching angle deviated from
θ ¼ 0 deg. This phenomenon can be explained by the fact
that at the angle of θ ¼ 0 deg, excitation photons encountered
the least number of scattering events as they traveled through the
scaffold to the lumen. As the angle jθj increased, excitation
photons traveled a longer distance to the lumen, thereby experi-
encing more scattering within the scaffold. As a result, the
FWHM of the excitation spot increased as a function of the
launching angle θ. For the results in Fig. 4(a), the excitation
spot FWHM was at 21# 0.8 μm at θ ¼ 0 deg and increased
by roughly 2.5 times to 50# 8.2 μm at θ ¼ #50 deg.

In Fig. 4(b), we show that the total intensity of the excitation
spot decreased as jθj increased. The intensity value was calcu-
lated by summing all CCD camera pixel counts within the exci-
tation spot [i.e., inset in Fig. 4(a)]. A possible explanation for
this behavior is that at a larger launching angle jθj, the excitation
photons traveled a longer distance, therefore experiencing more
absorption before reaching scaffold lumen. Since the fluores-
cence response has a linear dependence on excitation light
intensity, the fluorescence signals captured during fluorescence
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mapping must be renormalized as follows: At each jθj value, the
magnitude of the fluorescent signal was boosted according to
the curve in Fig. 4(b) so that the “renormalized” excitation
intensity remains constant for all pixels.

Figure 4(c) shows that along the R axis, the center position of
the excitation spot depends almost linearly on the fiber mirror
launching angle θ. Using a linear fit, we can relate the position
of the excitation spot along the R axis versus the launching
angle as RðθÞ ¼ 3.33 × θ. This result indicates that for this
phantom, the excitation spot can scan across a distance of
400 μm (200 μm on either side of θ ¼ 0) on the lumen
along the R axis, with a FWHM ranging from 21 to 50 μm.
The scanning range along the T axis is unlimited.

3.2 Phantom Optical Properties

The optical properties of electrospun PDLLA and porcine skin
(dermis and epidermis) were measured between 450 to 700 nm
to determine their absorption and scattering coefficients μa and
μs, respectively. Such values quantitatively indicate how
strongly the medium absorbs and scatters light. In Fig. 5(a)
we see that optical scattering is significantly stronger than opti-
cal absorption by more than two orders of magnitude. This result
suggests that the resolution of optical imaging is primarily
limited by optical scattering in highly turbid biological media.

Using Eq. (1) from Sec. 2.5, we can calculate the MFP of
both the PDLLA and the porcine skin. The same anisotropy fac-
tor (g ¼ 0.9) for the μa and μs calculation was used to calculate
the MFP, which translates to TMFP ¼ 10 ×MFP.21 Figure 5(b)
shows that at the peak fluorophore emission wavelength (510
to 530 nm), the MFP is roughly 16 μm for PDLLA and
37 μm for porcine skin. Based on these values, the TMFP is
160 μm for PDLLA and 370 μm for porcine skin. We note
that even for advanced modalities such as confocal and two-
photon microscopes, the imaging depth is roughly limited to
1 to 2 photon TMFP,9,23,24 which, in the case of our PDLLA
scaffold and porcine skin phantom, is significantly less than
their corresponding thickness: ∼0.5 mm for PDLLA scaffold
and ∼3 mm for porcine skin.

3.3 Phantom Imaging Results

In testing the accuracy of our imaging method, we first captured
a control image of the fluorescent microsphere distribution on
the phantom lumen surface. As described in Sec. 2.1, the control
image was obtained using a standard optical microscope setup to

Fig. 4 Excitation spot characterization. The plot lines are in 1 deg incre-
ments and the error is shown at every 4th point to prevent overcrowd-
ing. Error bars represent—one std. dev. centered at the mean of the five
trials. (a) The full-width-half-maximum of the excitation spot intensity
profile on scaffold lumen is shown with respect to launching angle
θ. The insets depict the actual excitation spot profile with jθj equal
to 0, 20, and 40 deg, respectively. (b) The intensity of the profile
(summed pixels) shows a diminishing excitation spot strength at increas-
ing angles jθj. (c) The excitation spot profile center position on the R axis
is shown to behave nearly linearly with respect to jθj. From the results,
we find that RðθÞ ¼ 3.33 × θ based on a linear fit (red).

Fig. 5 (a) The scattering coefficient (μs) of PDLLA is found to be roughly
double that of porcine skin over the 450 to 700 nm range. The results
also show that scattering events (μs) dominate over absorption events
(μa) by more than two orders of magnitude. (b) The mean free path
for PDLLA and for porcine skin.
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provide an unobstructed, direct-line-of-sight, view of the
luminal surface as illustrated in Fig. 6(a.1).

Prior to imaging, the sample was soaked with EGM-2. Next,
the phantom was securely fastened on a glass slide. The slide
with the phantom was then placed on the imaging platform
and the fiber mirror was inserted into the MIC. Fiber scanning
was carried out in the ROI that coincides with the control image
shown in Fig. 6(a.2). After following the mapping procedure
described in Sec. 2.7, we obtained the mapped image shown
in Fig. 6(b.2). This configuration mimicked an in vitro environ-
ment of a bioengineered blood vessel with visual access to the
outside surface of the vessel. When comparing the control image
with the mapped image, we observe that the center position of
each microsphere is in good agreement. Since the FWHM of the
excitation spot is at times larger than the microsphere diameter,
individual microspheres are blurred together.

Next, a 3-mm thick piece of porcine skin with an intact der-
mis and epidermis layer was placed under the phantom, thus
further obstructing the lumen from the detector. This configura-
tion is shown in the diagram of Fig. 6(c.1), which mimics an
in vivo environment for a carotid artery imaging experiment.
After the scanning algorithm was performed in the identical
ROI, the fluorescence mapped image in Fig. 6(c.2) was pro-
duced. When comparing the fluorescence mapped image using
the 0.5 mm PDLLA configuration versus the 0.5 mm PDLLA
þ3 mm skin configuration, we observe that there is no signifi-
cant degradation in image resolution. Therefore, the results in
Fig. 6 directly demonstrate that the scanning-fiber-based method
can decouple the link between imaging depth and image resolu-
tion. Fundamentally, this decoupling is due to the fact that our
imaging system is not limited by the thickness of the turbid
media between the lumen and the detector, but rather depends

on the signal-to-noise (SNR) of fluorescent signals. For a
detailed analysis of SNR, refer to Sec. 3.5.

To compare how a standard fluorescence microscope per-
forms in terms of resolution, we use the EM-CCD camera to
capture fluorescence images on the bottom surface of the phan-
tom, where the entire ROI on scaffold lumen was illuminated
using an external excitation source. The images in Fig. 6(b.3)
and Fig. 6(c.3) show the fluorescence response after traveling
through 0.5 mm PDLLA and 0.5 mm PDLLA þ3 mm skin,
respectively. Both images show that it is impossible to deduce
the original microsphere distribution, and that adding additional
turbid medium (porcine skin) causes a significant spread in the
spatial distributions of fluorescent signals.

3.4 Imaging Resolution Analysis

We note that the result of fluorescence mapping can be modeled
as a convolution of the control image with a point spread func-
tion (PSF), where the PSF describes the image “blurring” due to
the finite size of the excitation spot. Mathematically, the spatial
dimension of the PSF should correspond to the overall image
resolution of our system.

Therefore, to quantify the overall image resolution of the
fluorescence mapped image in Fig. 6, we carried out the follow-
ing mathematical analysis. First, we convolved the control
image with a variable-size Gaussian PSF. We note that the exci-
tation spot profile can be closely approximated by a Gaussian
PSF. By sweeping the FWHM of the Gaussian PSF from 0 to
50 μm, we obtained various theoretically predicted fluorescence
mapped images with an image resolution varying from 0 to
50 μm. Then, the mean square error (MSE) was calculated
between the theoretically predicted fluorescence mapped images

Fig. 6 Results of fluorescence mapping. (a.1) A schematic showing how we obtain a direct-line-of-sight control image of the scaffold lumen. (a.2) An
example of a control image. (b.1) Configuration for fluorescence mapping through the 0.5 mm thick PDLLA scaffold. (b.2) Mapping result through
0.5 mm PDLLA. (b.3) The spatial distribution of fluorescence signals on the bottom surface of the phantom, as captured by the EM-CCD camera. The
fluorescent signals were generated by the same region of interest in (b.2) under illumination by the external excitation light. (c.1) Configuration for
fluorescence mapping through the same 0.5 mm thick PDLLA scaffold and a piece of 3 mm thick porcine skin. (c.2) Results of fluorescence mapping
through 0.5 mm PDLLA þ3 mm skin. (c.3) Fluorescence image on the bottom surface of the porcine skin as captured by the EM-CCD camera.
We notice further “blurring” of the fluorescent signal in (c.3), yet the result of fluorescence mapping in (c.2) remain the same as the result in
(b.2), which was obtained using only PDLLA scaffold.
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versus the actual mapped images [i.e., the results shown in
Fig. 6(b.2) or Fig. 6(c.2)]. The percentage of MSE versus the
FWHM of the Gaussian PSF is plotted in Fig. 7, which
shows that the smallest MSE occurs at around a 24 μm
FWHM for both with or without additional porcine skin.
This matches very well with the experimental results shown
at in Fig. 4(a) from jθj∼0 to 30 μm. The inserts in Fig. 7
show the experimental mapped images (through 0.5 mm
PDLLA or 0.5 mm PDLA þ3 mm skin) as well as the theore-
tically predicted image using a 24 μm FWHM Gaussian PSF.
With the result in Fig. 7, we conclude that the resolution of
our imaging system can reach the level of 20 to 30 μm with
an imaging depth corresponding to 0.5 mm PDLLA scaffold
plus 3 mm porcine skin.

3.5 Signal Versus Noise

Figure 8 shows the spectral components of the fluorescent
signals and noises generated by the microspheres and the
two phantoms, respectively. These results were obtained by
replacing the EM-CCD camera with a spectrometer. Specifi-
cally, the microsphere signal was measured by positioning
the excitation spot to the center of a single standing microsphere
and capturing the fluorescence emission spectrum. Then, we
applied the same procedure to characterize noises generated
by the optical phantoms. To ensure that only “noise” was
captured by the spectrometer, we positioned the excitation
spot on a luminal surface location that was void of any micro-
spheres. (We used the control camera to ensure no fluorescent
microspheres exist within the excitation spot.) The results are
shown in Fig. 8, where we normalized the intensity of all emis-
sion spectra such that the peaks of the spectral noise were set to
be one.

We define the SNR of the imaging system as the ratio
between the microsphere signal and the background noise.
For the 0.5 mm PDLLA experiment, the SNR is around 4 in
the 510 to 540 nm range. After adding the 3-mm thick skin,
the SNR dropped to two. Although a SNR of two is relatively
small, it is sufficient to separate the signal from the noise to
obtain the fluorescence mapped image in Fig. 6(c.2). However,
if we place a thicker tissue between the phantom and the detector
such that the SNR approaches unity, it would be very difficult
to separate the microsphere signals from background “noises”
generated by the scaffold as well as the surrounding tissue.

The results in Fig. 8 suggest that the main limitation on fluo-
rescence mapping lies in making sure the intensity of fluores-
cence signals is greater than the background noise. In other
words, the spatial profile of the fluorescent signal captured
on the exterior surface of the scaffold or porcine skin plays
no role in fluorescence mapping—only the total strength of
the fluorescent signal does. More specifically, after adding
the porcine skin, the fluorescence light was distributed within
a much wider spatial region [Fig. 6(c.3)] compared to the
case without any porcine skin [Fig. 6(b.3)]. Yet the images
obtained through fluorescence mapping did not show any sig-
nificant difference. Consider the following two observations:
(1) for most biological tissues, optical scattering significantly
exceeds optical absorption as shown in Fig. 5, and (2) the

Fig. 8 Spectral responses of microsphere signals as well as autofluorescence noises. The microsphere signal was obtained by centering the excitation
spot on a single microsphere placed on the phantom lumen. The autofluorescence noise was obtained by moving the excitation spot to a location on
the lumen that was free of microspheres. The signal-to-noise (SNR) is calculated as the microsphere signal divided by the autofluorescence. (a) The SNR
through 0.5 mm PDLLA is around four between 510 to 545 nm. (b) The SNR through 0.5 mm PDLLA þ3 mm porcine skin is around two between 510
to 545 nm.

Fig. 7 The resolution of the scanning-fiber-based-method is modeled
by convolving the control image with a variable Gaussian point spread
function creating a theoretical mapped image. By finding the least
mean square error of the difference between the theoretical and experi-
mental results, we find the approximate resolution of the system.
The result suggests that the imaging resolution is between 20 to 30 μm
at an imaging depth corresponding to 0.5 mm PDLLA plus 3 mm
porcine skin.
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primary impact of photon scattering is the blurring of the fluo-
rescent signal without significantly changing its total strength.
With these considerations, it is clear that the resolution is no
longer limited by the scattering of the fluorescent signal. As
a result, the imaging resolution of the scanning-fiber-based
method is largely “decoupled” from the total imaging depth.

3.6 Endothelial Cell Imaging

Figure 9(a) shows the direct-line-of-sight control image of the
GFP-labeled ECs on PDLLA scaffold lumen. The same ROI
was then used for fiber scanning followed by fluorescence map-
ping. Following the process described in Secs. 2.7 and 3.5, we
obtained the fluorescence mapped image shown in Fig. 9(b).
Comparing the mapped image to the control image, it is
clear that the spatial distribution of ECs obtained through fluor-
escence mapping is in good agreement with the control image.
This result confirms that the scanning-fiber-based method can
image through a 0.5-mm thick tissue scaffold and reveal the
spatial distribution of ECs with single-cell-level resolution.
Figure 9(c) shows that the SNR of a single GFP-labeled EC
is around two for the 0.5 mm thick PDLLA phantom, which
also confirms the reliability of our fluorescence mapping results.

4 Discussion
Due to significant photon scattering in turbid biological tissues,
a major challenge in biophotonics is the conflict between
imaging depth and imaging resolution. Even in the case of
photoacoustic imaging, the resolution remains closely linked
with imaging depth, where one can realize a spatial resolution
of>50 μmwithin a depth of three photon TMFP.11,12 In contrast
with other imaging modalities, the method developed here can
largely “decouple” the link between imaging depth and imaging
resolution. The resolution of our imaging method is essentially
determined by the distance between the MIC and the ROI and
not by the entire thickness of the scaffold/tissue as demonstrated
in Fig. 6. In principle, if system noise is sufficiently small com-
pared with the signal strength generated by the fluorophore, we
can maintain single-cell-level imaging resolution at a depth that
exceeds the photon TFMP by at least one order of magnitude. In
fact, using fluorescent microspheres as sources, we have shown
that our imaging method is capable of achieving 20 to 30 μm
imaging resolution at an imaging depth exceeding 10 photon
TMFPs (0.5 mm thick PDLLA scaffold plus three mm thick
porcine skin).

The proper functioning of the imaging method presented
here requires that the system signal should be stronger than
the noise. This requirement makes intuitive sense: if the fluo-
rescence response of the detector does not change regardless
of whether the excitation spot coincides with the fluorophore
or not, then it would be very difficult to apply the fluorescence
mapping procedure to reconstruct the fluorophore distribution.
Given this observation, it is worthwhile to consider several
potential sources for system noise. First, we note that the spatial
distribution of an excitation spot extends beyond its FWHM.
Thus, during noise measurements, even though we moved
the excitation spot away from any of the microspheres on the
luminal surface, a small portion of the excitation light might
overlap with microspheres and contribute towards the noise
spectra in Fig. 8. However, noise generated by this effect should
not depend significantly on the total thickness of the phantom
and therefore cannot explain the reduction in system SNR after
adding the porcine skin. Next, we note that during the fiber scan-
ning process, the excitation light was directed towards the lumi-
nal surface which generates scaffold autofluorescence along the
propagation path. However, the autofluorescence generated by
such forward propagating excitation light would only depend on
the distance between the MIC and the ROI on the luminal sur-
face, which again is independent of the total phantom thickness.
Therefore, to account for the SNR reduction observed between
Fig. 8(a) and 8(b), we have to consider the fact that a small por-
tion of the excitation light back-reflects from the luminal surface
and propagates towards the exterior surface as illustrated in
Fig. 10. After adding the 3-mm thick porcine skin, such back
propagating excitation light would induce additional autofluo-
rescence from the porcine skin, which would reduce the overall
system SNR. In fact, many effects may induce such back-
propagating light. Several examples are the Fresnel reflection
at the air/MIC interface, photon scattering at the interface of
the MIC and the PDLLA scaffold, and light back-scattering
within the turbid PDLLA scaffold, i.e., similar to what occurs
in optical coherence tomography. As discussed in Sec. 3.4, the
resolution of our imaging system is closely linked to the FWHM
of the excitation spot on the luminal surface. The size of the
excitation spot is in turn determined by the scaffold optical prop-
erty as well as the distance between the MIC and the luminal
surface, both of which are largely independent of the total phan-
tom thickness. Therefore, as long as the FWHM of the excitation
light remains the same and the system SNR is sufficiently large
(∼2 or higher), the resolution of the fluorescence mapped

Fig. 9 (a) Control image showing the actual endothelial cell (EC) distribution on scaffold lumen. (b) A fluorescence mapped image of EC distribution
that corresponds to the image in (a). Comparison between the control image and the fluorescence mapped image indicates that our method can “see”
through a 0.5 mm thick PDLLA scaffold with single-cell-level resolution. (c) signal-to-noise measurement for a single green fluorescent protein (GFP)-
labeled EC on scaffold lumen. The SNR is around two for a 0.5 mm thick PDLLA phantom.
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images should not depend critically on the overall thickness of
the optical phantom, as can be seen from Fig. 6.

We note that the scanning-fiber-based method is well suited
for tissue engineering applications. For example, the process of
scaffold fabrication—a necessary step in tissue engineering—
can be easily modified for embedding MICs. With proper
design, we can essentially place an MIC anywhere within the
tissue scaffold. Therefore, once an ROI is selected (e.g.,
lumen in the case of vessel engineering), we can place the
MIC in close proximity to the ROI to achieve single-cell-
level resolution. Secondly, since fluorescence mapping only
requires total fluorescence intensity, we do not require a high
numerical aperture objective lens. As a result, our imaging sys-
tem can provide more than 10 cm in working distance, which is
more than sufficient for the geometrical constraints imposed by
most bioreactors currently in use. We point out that this practical
constraint is actually very stringent in tissue engineering prac-
tices. For example, most of the commercial two-photon micro-
scopes require focusing excitation light within a sub-μm spot,
which can only be achieved by using high numerical aperture
objectives.23 Such a high numerical aperture, however, generally
leads to a much shorter working distance, which makes it cum-
bersome to integrate a functional bioreactor with a commercial
two-photon or confocal microscope. A few recent examples of
these types of work can be found.25,26 We point out that the sys-
tems described in both references are very complex. Such com-
plexity is mainly due to the conflict between the large
geometrical dimension of a functional bioreactor and the extre-
mely short working distance of a confocal or a two-photon
microscope.

In the future, we plan to utilize the imaging method devel-
oped here for other tissue engineering studies. We are currently
combining the imaging instruments with a pulsatile fluid flow
bioreactor for blood vessel bioengineering studies. For such in
vitro applications, the capability of performing non-destructive
and single-cell-level imaging has a significant advantage: since
we no longer need to remove the vessel from the bioreactor and
subject it to frequent dissection and histological analyses, we
can dynamically monitor how ECs proliferate, migrate, and
respond to external stimuli such as fluid shear stress and pulsa-
tion. Given the high optical scattering within the scaffold and the
geometrical constraints of the bioreactor, such a study has yet to
be carried out in tissue engineering.14 As a result, some of the
most critical questions in tissue engineering, such as cell-cell
interaction, cell-scaffold interaction, and the mechanism of
neovascularization, remain not well understood. The main
limitation of our method is the underlying assumption that

fluorescent-labeled cells are distributed over a 2-D surface.
However, for studies involving ECs, this assumption is indeed
valid and should not pose any problems. With appropriate mod-
ifications, we can potentially apply the method developed here
to monitor the preconditioning of other hollow cavity tissues
such as bladder, trachea, or colon, where epithelial cells play
an important role in the biologically complex process of tissue
regeneration.

The experimental results in this paper (Figs. 6–9) suggests
that as long as the fluorescent signal is significantly stronger
than scaffold autofluorescence, the resolution of our imaging
system does not depend critically on system SNR and does
not degrade significantly as the imaging depth increases. For
example, fluorescence mapped images in Fig. 6 have almost
identical image resolution despite the fact that their SNRs are
quite different. Our result and analysis indicate that in order
to achieve maximal imaging depth, which is very important
for future in vivo studies, we should select a fluorophore
whose emission spectrum has minimal overlap with scaffold
or tissue autofluorescence. Given the spectral data in
Fig. 9(b), it is clear that using a biomarker such as near-infrared
quantum dots (QDs) with emission peak above 650 nm would
be ideal. Such QDs can be excited by the blue laser (473 nm)
used in this work. Due to the very weak autofluorescence noise
at the excitation wavelength of 473 nm, we should be able to
further improve imaging depth to be greater than three mm
while maintaining 20 to 30 μm image resolution. The fluoro-
phores we used in this study unfortunately have significant spec-
tral overlap with scaffold autofluorescence. Consequently, it is
very difficult to precisely determine how much of the system
noise is generated by the fluorophores and how much is caused
by scaffold autofluorescence. Using the QD-labeled ECs may
also enable us to more accurately quantify the behaviors of sys-
tem SNRs under different tissue/scaffold thicknesses.

5 Conclusion
We have developed a scanning-fiber-based imaging method that
can perform deep-tissue imaging with single-cell-level resolu-
tion. Our method is based on directly embedding one or
more hollow core fibers within a tissue scaffold as MICs. By
inserting fiber micro-mirrors into the MICs, we can locally deli-
ver excitation light towards a specific ROI and excite the fluor-
ophores contained within. After collecting fluorescent signals
and mapping them onto a digital grid based on fiber micro-
mirror location, we can reconstruct the spatial distribution of
the fluorophores within the ROI. Using an optical phantom com-
posed of fluorescent microspheres, a 500-μm thick tissue scaf-
fold, and a 3-mm thick porcine skin, we have demonstrated the
decoupling between imaging depth and imaging resolution.
Specifically, we have shown that the resolution of our fluores-
cence mapping results does not degrade even after we introduce
the additional 3-mm thick porcine skin to the total imaging
depth. As a result, we have achieved 20 to 30 μm resolution
at an imaging depth of more than 10 photon TMFPs. Finally,
we have shown that we can spatially resolve single GFP-labeled
ECs through a 500 μm thick scaffold with a photon TMFP
of 170 μm.
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!
C.1 Abstract 
!
Background and Objective:  

Regenerative medicine involves the bioengineering of a functional tissue or organ by 

seeding living cells in a biodegradable scaffold cultured in a bioreactor. A major barrier to 

creating functional tissues, however, has been the inability to monitor the dynamic and complex 

process of scaffold maturation in real-time, making control and optimization extremely difficult. 

Current methods to assess maturation of bioengineered constructs, such as histology or organ 

bath physiology, are sample-destructive.  Optical Coherence Tomography (OCT) has recently 

emerged as a key modality for structural assessment of native blood vessels, as well as 

engineered vessel mimics. The objective of this study is to monitor and assess in real time the 

development of bioengineered blood vessels using both free space as well as catheter-based OCT 

imaging in a novel quartz based bioreactor. Development of the blood vessel was characterized 

by changes in thickness and scattering coefficient over a 30-day period. 

Materials and Methods:  
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We constructed a novel blood vessel bioreactor utilizing a rotating quartz cuvette 

permitting free-space OCT imaging of the vessel’s outer surface. A vascular endoscopic OCT 

catheter was used for imaging the lumen of the vessels. The quartz cuvette permits free-space 

OCT imaging of the blood vessel over 360 degrees. Bioengineered blood vessels were fabricated 

using biodegradable polymers (15% PCL/collagen, ~200 micron thick) and seeded with CH3 

10t1/2 mesenchymal cells. A swept-source OCT imaging system comprised of a 20 kHz tunable 

laser (Santec HSL2000) with 1300 nm central wavelength and 110nm FWHM bandwidth was 

used to assess the vessels. OCT images were obtained at day 1, 4, 7, 14, 21 and 30. Free-space 

OCT images were co-registered with endoscopic OCT images to determine the vessel wall 

thickness. DAPI-stained histological sections of vessels were imaged at the same time points to 

visualize cellular infiltration and wall thickness measurements. Non-linear curve fitting of free-

space OCT data to the extended Huygen-Fresnel model was performed to determine optical 

scattering properties.   

Results:  

The vessel wall thickness increased from 435±15 µm to 610±27 µm and the scattering 

coefficient increased from 3.73±0.32cm-1 to 5.74±0.06cm-1 over 30 days. Histological studies 

showed cell migration from the scaffold surface toward the lumen and cell proliferation over the 

same time course. 

Conclusions:  

This study suggests that combination of free-space and catheter based OCT for blood vessel 

imaging provides accurate structural information of the developing blood vessel. In this study we 

determined that free-space OCT images could be co-registered with catheter-based OCT images 

to monitor structural features such as wall thickness or delamination of the developing tissue-

engineered blood vessel within a bioreactor. Structural as well as optical properties obtained 

from OCT imaging correlate with histological sections of the blood vessel and could potentially 

be used as markers to non-invasively assess regeneration of the vessel. This novel method of 

OCT imaging and analysis could potentially be utilized to study development and tissue structure 

of bioengineered tissue in real time non-invasively.  

C.2 Introduction  
!
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Cardiovascular disease is a leading cause of morbidity and mortality worldwide, 

according to the World Health Organization [140]. Atherosclerosis, one of the most severe forms 

of vascular disease, involves the narrowing of the vessel lumen due to plaque buildup. In its 

advanced stages, atherosclerosis of the coronary artery may cause myocardial infarction. This 

vascular condition is commonly treated with a coronary artery bypass graft, in which a healthy 

native blood vessel from the patient’s own body (saphenous vein or brachial artery) is used to 

create a bypass around the atherosclerotic region. However, harvesting healthy blood vessels is 

less than desirable and in some cases not possible due to concomitant disease or previous use 

[141]. Additionally, graft vessels with smaller diameter (typically <5mm) are also subject to high 

blood flow and therefore pose the risk of failure through thrombosis or intimal hyperplasia.  

  The field of vascular tissue engineering has emerged as a key technology for bypass 

grafting and replacement of damaged or diseased blood vessels. Bioengineering of vascular 

grafts involves fabrication of biocompatible and biodegradable vessels from synthetic or natural 

materials and subsequent seeding with vascular cells [142]. However, despite the great potential 

to “manufacture” histocompatible blood vessels, and other tissue/organs, regenerative medicine 

faces some key challenges such as monitoring the dynamic and complex biological process of 

tissue regeneration in real-time, which makes control and optimization extremely difficult. 

Histology, the gold standard used for assessment of tissue structure and composition, is a static 

technique that only provides a “snapshot” of the specimen at a single time point and requires that 

the specimen be sacrificed. This inefficiency severely limits our understanding of the biological 

processes associated with tissue growth during the in vitro pre-conditioning phase.  

  Optical Coherence Tomography (OCT) enables imaging of cross sectional structures in 

biological tissues by measuring the echo time delay of backreflected light. This imaging 

modality has recently been utilized in imaging native physiological and pathological blood 

vessels [143, 144] as well as in imaging of bioengineered blood vessel mimics [145] because of 

the high resolution it offers. However these studies implement a catheter-based system for 

imaging the vessel lumen and due to limited penetration are unable to assess the full thickness of 

the vessels. Therefore, a more advanced imaging method is needed to provide full-thickness 

images of blood vessels. 

  In this study, we developed a novel bioreactor that provides an imaging window for 

exterior imaging of the tissue-engineered blood vessels (TEBV) using free-space OCT imaging 
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as well as capability for endoscopic imaging. Co-registration of the exterior OCT images with 

catheter-based OCT imaging provides full thickness imaging of the vessel within the bioreactor 

over 30 days.  OCT images were analyzed to provide the optical scattering coefficient over the 

same time period. Histological sections of identically cultured TEBV specimens were analyzed 

for wall thickness and cell migration/proliferation to compare to OCT images of maturing 

vessels, which were acquired noninvasively. !

C.3 Materials and Methods 
!

Electrospun vascular scaffolds made from a composite of poly (�-caprolactone) (PCL) 

and type I collagen have been shown to be suitable for developing TEBVs for implantation in 

animal model [17, 36]. We developed TEBVs using PCL/Collagen-based scaffolds seeded with 

multipotent stem cells. The scaffolds were placed in a novel quartz-based bioreactor that 

provides a clear imaging window for free-space OCT imaging of the developing TEBVs. We 

used our custom-built swept-source OCT system described previously [146], for imaging of 

tissue-engineered blood vessels within the bioreactor. We also developed LabVIEW® and 

MATLAB®-based algorithms for image acquisition and post-processing for image remapping 

and 3D rendering. The vessel exteriors were imaged using free-space OCT while the catheter-

based OCT provided luminal images. 3D models were created after obtaining multiple slices and 

were co-registered using specific landmarks created on the vessel holders in the bioreactors. The 

vessels were imaged and their geometrical and optical properties were measured at various time 

points.   

C.3.1 Tissue-Engineered Blood Vessels 
!

Bioengineered blood vessel scaffolds were fabricated from PCL/Collagen. Vascular 

scaffolds made of this material have mechanical properties similar to those of native blood 

vessels [95] and have been shown to be suitable for developing TEBVs for implantation in 

animal model [17, 36]. Scaffolds were fabricated from a blended solution, composed of PCL and 

collagen with a weight ratio of 1:1 in 1,1,1,3,3,3-hexafluoro-2-propanol (HFP) with a 

concentration of 15 % w/v. Electrospinning was conducted using a typical setup, including a 

high voltage power supply (Spellman High Voltage, Hauppauge, NY), a syringe pump 

(Medfusion 2001, Medex, Inc., Carlsbad, CA) and a rotating mandrel (Custom Design & 
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Fabrication, Richmond, VA - 4.8 mm diameter and 12.5 mm length) with a rotating rate of 

approximately 1000 rpm. The flow rate of solution, the applied voltage, and the distance between 

needle tip and mandrel were set to 10.0mL/h, 25kV, and 30cm respectively. Electrospun 

scaffolds were cross-linked by placing them over a 2.5% glutaraldehyde (GA) solution for 6 h at 

room temperature. Afterwards, the cross-linked scaffolds were rinsed with DI-water to remove 

the residue GA, and dried through lyophilization.    

The scaffolds (length = 8cm, OD=5mm, wall thickness = 200-300 mm) were first 

mounted over a thin fluorinated ethylene propylene (FEP) tube (OD=3mm) and both ends were 

then glued to the outer surface of the tube using medical-grade silicone adhesive (Figure 1). This 

sample configuration ensured that the scaffolds remained patent during imaging experiments and 

guaranteed that the cells were seeded only on the outer surface of the scaffold. This structure was 

sterilized using 70% ethanol and washed with sterile PBS. The scaffold was then seeded with 

CH3 10t1/2 pluripotent mesenchymal cells (American Type Culture Collection – ATCC) at a 

cellular density of 500,000 cells per ml. A small segment (~1 cm) of silicone tube was used to 

create a bridge between the dispensing needle and the FEP tube, as demonstrated in the 

schematic (Figure C.1). Additionally, a non-cellularized (control) scaffold was kept immersed in 

media for the duration of the study and was imaged along with the cellularized TEBV.  

 

 

C.3.2 Bioreactor Design 
!

The development of a multi-imaging modality to study the growth of a bioengineered 

blood vessel requires a bioreactor suitable for OCT imaging of the vessel, in addition to 

providing a biologically active and sterile environment for seeded cells. 

 
Figure C.1.  Schematic of the PCL-Collagen scaffold mounted within the bioreactor. 
The FEP tube provides mechanical support for the scaffold and ensures its patency.  
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a. b. 

Figure C.2.  (a) Schematic of the rotating blood vessel bioreactor for free-space OCT 
imaging.  (b) Bioreactor is rotated at high angular resolution using a stepper motor. 

 

OCT imaging of a blood vessel in free-space requires an imaging window on the 

bioreactor. Due to its high absorption in the IR range, normal glass such as borosilicate can 

attenuate the OCT signal. Quartz offers a better alternative owing to its low absorption 

coefficient within the same spectral range. A bioreactor using quartz cuvette was created to 

house the vessel and to facilitate OCT imaging. Figure C.2a represents a schematic of the quartz 

bioreactor, which provides a sterile environment for the bioengineered blood vessel and 

functions as an imaging window for free-space OCT scanning. The cylindrical quartz cuvette 

allows for vessel scanning over 360°. Large bore stainless steel needles were used to 

mechanically support the blood vessel inside the bioreactor such that the vessel will be held in 

the center of the cuvette, and to provide growth media to the cells. Sterilizable rubber stoppers 

were used to seal both the ends of the cuvette. The bioreactor was mounted in two bearings and 

rotated at the desired speed and angular steps using a high-precision stepper motor (T21NRLH-

LDN-NS-00, National Instruments), as shown in Figure C.2b. 

C.3.3 Swept-Source OCT 
!

A high-speed custom-built SS-OCT system was used, which is comprised of a swept 

laser source (HSL-2000, Santec Corp., Hackensack, NJ) that provides ~110nm wavelength scan 

range around 1300 nm central wavelength at a scan rate of 20 kHz.  This system offers an axial 

(in-depth) resolution of ~13 �m in air. OCT catheter (Volcano Corporation) was used for 

catheter-based OCT of the TEBV through its lumen.  

C.3.4 OCT Image Acquisition 
!



 

! 131 

The TEBVs within the bioreactor were imaged using free-space OCT as well as catheter-

based OCT.  The tissue-engineered blood vessels were imaged prior to cell-seeding and then on 

days 1, 4, 7, 14, 21 and 30. The bioreactor is rotated using a stepper motor (T21NRLH-LDN-NS-

00, National Instruments), with respect to a laterally moving point source in free-space OCT. 

The catheter as well as fiber-optic rotary joint (FORJ, MJP-131-28-FA, Princetel, Inc. Hamilton 

NJ 08619) rotates inside the lumen of the TEBV, which is translated laterally using linear 

translation stage (Newport UTM100CC.1, Newport Corp.) for catheter-based imaging. Segments 

of the TEBV were scanned in spiral pattern and the data was further processed and transformed 

into polar coordinates to produce a series of 2D cross-sectional OCT images. The image 

acquisition and processing codes were written in LabVIEW®. For catheter-based OCT imaging, 

a reference image was acquired at each time point to record the baseline, which was then 

removed from each catheter-based OCT image of the TEBVs using background subtraction.  

C.3.5 Resolution 
!

Collimated OCT beam was focused on the specimen using a 35 mm plano-convex lens 

(AC254-035-C-ML, Thorlabs). Beam spot size was calculated to be 25 µm. Typically, 160,000 

A-scans were acquired helically per vessel segment of 1000 µm. Each B-scan, comprising 4000 

A-scans represented one 2D cross-section of the vessel, offered an angular resolution of 0.09° or 

~400µm on the surface of the vessel. 40 slices were acquired over 1000µm length offering 25µm 

lateral resolution matching the beam spot size.  Axial resolution is dependent on the laser source 

center wavelength and bandwidth and was calculated to be 13µm in air.  

C.3.6 Scaffold Thickness 
!

Large-bore needles and polymer tubes that hold the two ends of the TEBV were visible in 

the exterior and interior OCT imaging and thus served as landmarks for image registration. 3D 

models created using multiple 2D slices from exterior and interior OCT were overlapped to 

create a full-thickness 3D model of the TEBV. Five 2D slices of this model were randomly 

chosen and within each slice, the wall thickness was assessed at ten sites along the circumference 

of the section, as shown in Figure C.3. Average wall thickness was determined by first 

calculating the average thickness for each of the five sections.  
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Figure C.3: Schematic representation of TEBV wall thickness measurement protocol. 
 

C.3.7 Scattering Coefficient 
!

Thrane et al [147] developed a model that analyzes the heterodyne OCT signal as a 

function of depth. This model accounts for multiple scattering effects based on the extended 

Huygen-Fresnel principle (EHF) [148], and thus the depth profile of OCT is a function of 

scattering coefficient (µs) and g of the specimen. Five 2D slices of the TEBV were chosen 

randomly and all 4000 A-scans were averaged within each slice to obtain an average A-scan 

profile. A MATLAB®-based non-linear curve-fitting algorithm was used to fit this profile data 

to the model in order to extract µs for each slice.  

Histology:  

A small segment of the developing bioengineered blood vessel cultured separately was 

sectioned for histological evaluation on D1, 4, 7, 14, 21 and 30. After embedding the scaffolds in 

the optimal cutting temperature compound (O.C.T. compound, Tissue-Tek), 13 �m thick 

histological cross sections were cut with a Microm HM 550 (Microm, Waldorf, Germany) and 

stained with DAPI (Vector Laboratories, Burlingame, CA) to visualize cell nuclei [149]. A Leica 

MI6000-B microscope (Leica, Wetzlar, Germany) with 10X objective was used to obtain both 

polarized bright field and fluorescent images of the scaffolds. The brightness, gain, and exposure 

were held constant for all images. Histological images were also used to perform thickness 

measurements for comparing with OCT-based thickness results. 

  



 

! 133 

C.4 Results 
!
C.4.1 OCT Imaging 
!

The TEBVs were imaged prior to their cellularization, and then on day 1, 4, 7, 14, 21 and 

30. Structures supporting the scaffolds, such as the dispensing needles and polymer tubes were 

visible in the OCT images and were used for co-registration of OCT images obtained from 

 
!
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Figure C.4: Representative cross-sectional co-registered OCT images of the TEBV at different 
time-points, using co-registered free-space and catheter-based images.   Scale bars = 1 mm 
 

free-space and catheter-based OCT. Figure C.4 shows co-registered cross-sectional images of the 

blood vessels during scaffold maturation from day 1 through 30. As seen in the image Day 7, 

some scaffolds experienced delamination of the lumen layer.  

C.4.2 Scaffold Thickness 
!

Using the co-registered free-space and catheter-based OCT images of the TEBVs, the 

wall thickness of each vessel was measured at each time point in the study. While the average 

thickness of the developing TEBVs appears to increase from day 1 (430±15µm) to day 30 

(610±30µm), as shown in Figure C.5a, it remained relatively constant over the length of a given 

vessel at each time point (data not shown). The thickness of the non-cellularized scaffold 

(control scaffold) immersed in media for 30 days, however, did not show a significant change in 

thickness (Figure C.5b). 

 
(a) 

(b)!

Fig C.5: Average wall thickness of the TEBV at different time points. (a) Mean wall 
thickness of individual cellularized TEBVs (n=10) increase over time, whereas (b) mean 
wall thickness (n=3) of non-cellularzed/control scaffolds remain constant over time.          
* =p<0.05 when compared wth D1. 

C.4.3 Scaffold Scattering Coefficient 
!

The scattering coefficient of the maturing TEBVs was calculated by non-linear curve 

fitting of the free-space-based OCT data to the EHF model.  The µs for all three TEBVs 
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increased over time (µs=3.733±0.318 cm-1 on day 1 to µs=5.737±0.061 cm-1 on day 30), as 

shown in Figure C.6. Change in µs between day 21 and day 30 appears to be insignificant. 

However, in all the TEBVs, the scattering coefficient at any time point remained consistent 

throughout the length of the vessel (data not shown). 

 
Figure C.6: Average scattering coefficient of the TEBVs increases over time, suggesting 
that the TEBVs become more scattering (n=3) in the first three weeks of culture after 
cell-seeding. *=p<0.01 when compared with D1. 

C.4.4 Cell migration 
!

Cellular infiltration was assessed by imaging DAPI-stained histological sections of the 

cellularized control TEBV. These images show gradual migration of the cells toward the lumen 

of the TEBV over time. While the cells were small in number on day 4 and populated only the 

outer section of the scaffold thickness, later time point evaluations suggest that the cells have 

migrated throughout the thickness of the scaffold and appear to have proliferated.  
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Figure C.7 (a) DAPI stained histology images of the tissue-engineered blood vessels. Faded 
background shows the scaffold structure while the red dots indicate the location of cell nuclei. 
(Scale bar = 250 µm). (b) Plot shows average wall thickness of the control TEBV using the 
DAPI-stained histology images. *=p<0.01 when compared with D4. 
 

Wall thickness values of the control TEBV, measured using the DAPI-stained images, 

show a similar trend of thickness increase as observed in the three TEBVs using OCT. 

C.5 Discussion 
 

Endovascular OCT has found wide clinical applications including high-resolution 

imaging of vascular pathology as well as systemic response to interventional procedures such as 

stenting [143]. However, endovascular or free-space OCT cannot independently yield full-

thickness images of developing TEBVs because of highly scattering nature of the scaffolding 

material [145, 150]. Our results, nonetheless, show that dual imaging of bioengineered blood 

vessels using both luminal (catheter based) and exterior (free space) approach can provide full 

thickness imaging of the blood vessel.  

This study shows, for the first time, a real time and non-destructive evaluation of 

bioengineered blood vessel development using OCT. Central to the design of our bioreactor was 

the quartz tube that results in minimal signal attenuation, thereby providing a clear window for 

monitoring and imaging the bioengineered construct from the outside. The large-bore stainless 

steel needles and valves permit access to the interior of the vessel for luminal imaging using an 

b.       
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OCT catheter. As demonstrated in this study, the quartz bioreactor can be effectively used for 

both luminal as well as exterior imaging of the blood vessel.  

Quantitative data extracted in this study include scaffold wall thickness and scaffold 

scattering coefficient during scaffold incubation in the bioreactor over a 30-day period. We 

observed that the thickness of the TEBVs increased steadily from (430±15µm) on day 1 to 

(590±10µm) on day 21. Histological sections of the control TEBV at same time points indicated 

that the seeded cells proliferated and migrated towards the lumen of the vessel, to occupy the full 

thickness of the scaffold by day 21. The change in scaffold thickness may be due to cell 

proliferation and/or cell-mediated scaffold remodeling. Ju et al [37] recently showed that when 

the pore size of PCL-Collagen-based electrospun scaffolds is large enough, the cells could 

proliferate and infiltrate to the scaffold interior. They observed that when the bilayered scaffolds 

are seeded with SMCs, the cell migration and proliferation results an overall increase in scaffold 

thickness over a 28-day period. Proliferation and infiltration of the CH3 10t1/2 cells in our 

TEBVs over 30 days may have exhibited similar phenomenon where the cells, while spreading 

throughout the scaffolds, remodeled the scaffold to increase scaffold thickness. Thickness 

calculated from the histological sections obtained at same time points as those calculated for 

other TEBVs using OCT imaging demonstrated the same trend in thickness increase; however 

smaller in magnitude. The discrepancy between thicknesses measured by OCT and histology 

may have arisen due to scaffold dehydration during scaffold embedding and freezing to obtain 

sections.  

Signals obtained from free-space-based OCT imaging of the TEBVs were used to extract 

scattering coefficients of the specimens. Similar to the thickness trend, the µs increased steadily 

over 21 days. Lack of significant change in µs of non-cellularized scaffold suggests that the 

cellularization and scaffold remodeling may be responsible for the changing µs. Proliferation of 

cells and their density may impact the optical properties of the TEBV. Previously, Levitz et al 

[151] showed that the scattering coefficient of the developing collagen gels increased with 

increase in cell density. However, minimal change in µs between days 21 and 30 in our study 

appears in contrast with their results. Presence of PCL in the scaffold and synthesis of collagen 

by the CH3 10t1/2 cells may be the contributing factors to such incremental change. Additionally, 

as we observed using histology, the cells had colonized the entire thickness of the scaffold by 

day 21, which may have reduced cell proliferation.  
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Although OCT offers high-resolution images of the blood vessel structure, it fails to 

provide information about the cell-cell and cell-scaffold interactions. Monitoring these 

interactions is also crucial to control the process of tissue-engineering of such vessels.  Ability to 

visualize these dynamic processes may enable us to control more precisely blood vessel 

development. The use of bioluminescent and fluorescent proteins as reporters, in particular, has 

enabled powerful and flexible strategies to monitor gene expression, protein interactions, and 

cellular behavior in real-time. Hofmann et al [152] demonstrated the use of Fluorescence 

molecular tomography (FMT) to monitor cell migration within the scaffold. OCT can be 

integrated with FMT for simultaneous structural and functional imaging of the development of 

tissue-engineered blood vessels. Further experiments will be performed to study the utility of 

OCT in simultaneous imaging with fluorescence.  

In summary, we developed a novel bioreactor for OCT imaging of bioengineered blood 

vessels and demonstrated its utility in monitoring the development of the vessels and quantifying 

their geometrical and optical properties. Vessel parameters such as the wall thickness as well as 

the scattering coefficient increased in a time dependent manner suggesting that these parameters 

could be used as effective markers to study blood vessel development using OCT. This technique 

is extremely valuable for tissue regeneration since it not only offers the ability to non-

destructively assess structural development of the growing tissue-engineered constructs but also 

provides opportunity for process optimization. Non-destructive imaging of developing vessels 

will make it possible to eliminate structurally defective vessels such as ones with polymer 

delamination or layer separation as these vessels may cause mechanical failure upon 

implantation.  

OCT imaging of a TEBV in the novel bioreactor suggest that this method can be 

effectively used to monitor structural features of the blood vessel within a bioreactor non-

destructively. This novel setup of OCT imaging could potentially be utilized to study 

physiological development and tissue structure of bioengineered blood vessels in real time.  

Additionally, this bioreactor can be used for OCT imaging and real-time evaluation of various 

other luminal constructs, such as tracheas, which are being tissue-engineered [153] with minimal 

modifications. 
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