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Abstract 
 

In the United States alone, over 100,000 heart valve replacement procedures are 
performed each year, with approximately 45% of patients below age 65. While current 
mechanical and bioprosthetic heart valves are viable options, they have several 
limitations. The most significant limitation is for pediatric patients, since neither of 
these valve types grow and remodel with the patient. Tissue engineering provides a 
methodology to create functional heart valves that can grow and remodel similar to 
native tissue once implanted.  Several tissue engineering approaches have been 
proposed using decellularized native scaffolds, synthetic biopolymers, and biological 
polymers seeded with cells.  Fibrin provides a scaffold to create tissue-engineered heart 
valves (TEHV) that are completely biological with an environment permissive for 
extracellular matrix (ECM) deposition. Previous research in our lab has demonstrated 
the feasibility of creating a fibrin-based TEHV with neonatal human dermal fibroblast 
(nHDF) that yields valve leaflets with structural and mechanical anisotropy similar to 
native leaflets.  However, the TEHV had sub-optimal tensile mechanical properties and 
was thus unable to withstand physiological forces.  The development of tissue can be 
accelerated by both chemical and mechanical stimulus. Previously, fibrin based TEHV 
were cultured with chemical stimulus in the form of growth factors supplemented in the 
culture medium resulting in improved ECM deposition by the cells; however, no 
mechanical stimulation was applied.  
 Prior research in both our lab and by other researchers has shown cyclic 
stretching with constant strain amplitude is a method to stimulate remodeling of 
biological scaffolds seeded with cells.  Initial experiments were conducted to evaluate 
the effect of cyclic stretching on fibrin-based tubular constructs seeded with porcine 
valve interstitial cells (PVIC) and nHDF.  Cyclic stretching with 10% constant strain 
amplitude applied for 3 weeks led to modest improvement in tensile properties of the 
tubular constructs.  We hypothesized that long-term cyclic stretching, as was used in 
this study, could induce cellular adaptation, minimizing the benefits of cyclic stretching.  
This hypothesis was tested in subsequent experiments using tubular constructs cultured 
with incremental strain amplitude cyclic stretching, with an average strain of 10% for 3 
weeks. Both PVIC and nHDF seeded constructs exhibited a 2-fold improvement in 
ultimate tensile strength (UTS) and collagen density over samples conditioned with 
constant strain amplitude strteching. To verify that this was the result of a cellular 
response, phosphorylation of extracellular signal-regulated kinase (ERK) was measured 
by western blot. At 5 weeks, the phosphorylated ERK was 255% higher in incremental 
cyclic strained samples compared to constant strain samples.  
 nHDF-seeded tubular constructs were also used to optimize the use of 
transforming growth factor beta (TGF-β). Studies showed that under cyclic stretching 
conditions, TGF-β has detrimental effects on total collagen deposition and collagen 
maturation. Western blot analysis showed a decrease in p-ERK signaling in TGF-β 
treated samples. However, TGF-β use demonstrated a benefit by increasing the elastin 
content of the tissue constructs. In subsequent experiments, a sequence of cyclic 
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stretching and TGF-β supplementation was used to optimize tensile mechanical 
properties and elastin content of the engineered tissue.  
 Based on the results with tubular constructs, a novel bioreactor was designed to 
apply controlled cyclic stretching to the fibrin-based TEHV. Briefly, the valve was 
mounted on two plastic end-pieces with elastic latex tube placed around TEHV. Using a 
reciprocating syringe pump, culture medium was cyclically pumped into the bioreactor. 
The root distension, which was determined by the stiffer latex was used as a control 
parameter, and in turn stretched the leaflets. A separate flowloop (connected to the 
bioreactor end-pieces) was used to control nutrient transport to the TEHV.  Using an 
incremental strain amplitude stretching regime, fibrin-based TEHV were conditioned in 
the bioreactor for 3 weeks.  Cyclically stretched valves (CS valve) had improved tensile 
properties and collagen deposition compared to statically-cultured valves. The 
mechanical stiffness (modulus) and anisotropy (measured as ratio of leaflet modulus in 
circumferential to radial directions) in the leaflets was comparable to native sheep 
pulmonary valve leaflets. Collagen organization/ maturation also improved in CS valves 
over statically-cultured valves as observed by picrosirius red staining of tissue cross-
sections. In addition, the CS valve root could withstand pressures of up to 150 mmHg 
and its compliance was comparable to that of the sheep pulmonary artery at 
physiological pressures.  
 To assess in vivo remodeling TEHV were implanted in the pulmonary artery of 
two sheep for 4.5 weeks with the pulmonary valve either left intact or rendered 
incompetent by leaflet excision. Echocardiography immediately after implantation 
showed functional coapting leaflets, with normal right heart function. It was also 
performed just prior to explantation, revealing functional leaflets although with 
moderate regurgitation in both cases and a partial detachment of one leaflet from the 
root in one case. The explanted leaflets had thickness and tensile properties comparable 
the implanted leaflets. There was endothelialization on the lumenal surface of the 
TEHV root. These preliminary results are unprecedented for a TEHV developed from a 
biological scaffold; however, many issues remain to be surmounted. 
 In further development of the TEHV with a fibrin scaffold, photo-cross linking 
of the fibrin gel was utilized as a method to stiffen the matrix, thereby inhibiting 
excessive cell-induced compaction.  Preliminary studies with tubular constructs 
demonstrated reduced compaction of cross-linked fibrin gel during cyclic stretching 
with no effect on nHDF proliferation or deposited collagen. In addition, a preliminary 
investigation using blood outgrowth endothelial cells (BOEC) has been conducted to 
assess their adhesion to the remodeled TEHV surface. Studies showed BOEC adhesion 
and proliferation on remodeled fibrin surface creating a confluent layer after 4 days of 
culture. Successful seeding of sheep BOEC on the TEHV surface prior to implantation 
would reduce the risk of clotting.   
 Overall, the studies presented in this dissertation advance the development of a 
completely biological tissue-engineered heart valve. These studies improve our 
understanding of the role of cyclic stretching in tissue remodeling and have furthered 
the science of mechnotransduction and tissue remodeling.  
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1.1: Introduction 

In the United States, every year approximately 106,000 inpatient valve surgeries 

on adults are performed with over 20,000 deaths due to valve disorder (1). In pediatric 

patient, several thousand patients require replacement/repair of the pulmonary valve (1, 

2). While currently used replacement valves are efficacious and function to both 

improve and prolong life, they are far from ideal and have some significant limitations. 

Current replacement valves significantly lack the true valvular function and require 

prolonged medical treatment. Hence a need exists for a fully functional biological valve 

that would prevent immune reactions and would have the ability to grow, repair and 

remodel in vivo. The need is even greater for pediatric patients who require a 

replacement valve that can accommodate to their growing size. The tissue engineering 

technology provides an excellent means to create heart valve replacement by seeding 

cells onto a scaffold, which degrades as tissue is developed by the cells. The following 

chapter provides the background on the anatomy and diseases of the heart valves, the 

current prosthesis and the tissue engineering technology for the heart valve.  

 

1.2: Heart Valve Diseases and Treatment 

1.2.1: Human Heart Valves 

1.2.1.1: Anatomy 

 The heart consist of four valves, two of which control flow between chambers of 

the heart and other two control the flow into main pulmonary artery and aorta. 

Approximately 60% of the replacement surgeries in adults are performed for diseased 
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aortic valve. The aortic valve is located at the outlet of the left ventricle (Fig 1). The 

aortic valve has the important role of guiding flow of blood from the heart to rest of the 

body, while preventing back flow. The aortic valve consists of three leaflets. The line of 

attachment of the leaflets to the aortic wall is the valve annulus (Fig 2). The free-side of 

the leaflets extends into the aortic lumen with all three leaflets overlapping each other. 

This overlap or coaptation closes the valve and prevents backflow, medically described 

as regurgitation.  

 

 

Figure 1-1: Cross-sectional view of human heart 
(copyright 2006, Cleveland Clinic) 

 

 The leaflets provide the mechanical function of the valve and regulate about 3.7 

billion cycles in a lifetime (3). The leaflets are composed of three layers namely 

Ventricularis, Spongiosa and Fibrosa. The ventricularis – the layer at the inflow surface 

– is composed of radially aligned elastin fibers. The middle layer, spongiosa consists of 
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loosely arranged collagen and an abundant amount of proteoglycans. The outer layer, 

fibrosa is comprised mainly of circumferentially aligned collagen fibers (4). The fibrosa 

is considered to be the main load bearing layer and prevents excessive stretch (5). 

Research has also shown that collagen layer help in smooth opening and closing of 

leaflet during valve cycle (6). Study by Vesely et al showed elastic modulus of 23MPa 

in the circumferential direction and 3.71MPa in the radial direction for fibrosa layer (7). 

Similarly, the researchers showed the ventricularis layer has crcumferential modulus of 

9.55MPa and 3.7MPa in the radial direction. Even though individual layers of leaflets 

show different mechanical characteristics due to the difference in composition, the 

overall mechanical response of the leaflet is a summation of the mechanics of the 

individual layers (8-10).  

 

 

Figure 1-2: Diagram of aortic leaflets with valve ring (annulus) 
(copyright 2006, Cleveland Clinic) 

 

 The pulmonary valve control flow between right ventricular and pulmonary 

artery which leads blood to lungs for oxygenation. Pulmonary valve has similar 

structure as the aortic valve, however has distinctive mechanical properties. In Ross 

procedure, the pulmonary valve is used as replacement for diseased aortic valve, hence 

shown that pulmonary valve is capable of withstanding aortic pressures and flow. The 
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comparison of tensile properties for human aortic and pulmonary valve by Stradin et al 

showed no significant difference (11). The diseases of the pulmonary valve are more 

common in pediatric patient who are born with right heart abnormalities and require 

replacement/repair of pulmonary valve leaflets.  

 The other two valves in heart are mitral valve and tricuspid valve, which 

separates the left and right atrium from ventricular, respectively. Mitral valve is prone 

to disease with age and most common mode is repair rather than replacement in the case 

of non-calcification disease.   

  

1.2.1.2: Mechanical properties 

 As discussed earlier, the overall mechanical response of the leaflet depends on 

the compositions of all layers. Lo and Vesely (12) measured a maximal extensibility of 

porcine aortic valve leaflets of 24% in the radial direction and 11% in the 

circumferential direction using biaxial testing. During the test, a natural biaxial loading 

environment can be mimicked. In the circumferential direction, the mechanical 

properties exhibit the properties of collagen bundles whereas in the radial direction 

elastin mesh is the predominant factor. Even though elastin is found in small quantity 

13% versus 50-60% collagen by dry weight, it is an important element of the leaflet (4, 

13, 14). Using uniaxial tensile testing of circumferential and radial leaflet strips with 

and without digestion of elastin has shown considerable difference in overall stiffness 

and stress-strain curves (15).  

 Study by Stradin et al comparing mechanical properties of the aortic valve 

leaflet versus the pulmonary valve leaflet showed smaller modulus in radial direction at 
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stress level of 1.0 MPa: 1.32 MPa vs. 1.98 MPa (11). The researcher also found 

modulus to be similar in circumferential direction with values of 16.05 MPa and 15.34 

MPa. The ultimate tensile strength (UTS) measured in the study showed similar values 

in both the circumferential and radial directions. In another study, Grant et al looked at 

the biaxial behavior of pulmonary valve versus aortic valve (14). In their study, the 

researchers found higher stretch values in the radial direction for pulmonary valve 

compared to aortic valve. However, in circumferential direction there was no significant 

difference between the two valves indicating compositional difference in only radial 

direction. In both studies, authors concluded that pulmonary valve have more elasticity 

in radial direction. Several other studies have been published with wide range of 

numbers for modulus and ultimate tensile strength for aortic valve (7, 11, 15, 16). The 

typical values for modulus in circumferential direction vary from 3MPa to 20 MPa. In 

radial direction the range is much smaller with variation from 1MPa to 3MPa.   

 Schoen et al summarized the biomechanics of the aortic valve as follows. Aortic 

cups open against the aortic wall during systole and close rapidly under minimal 

pressure change. When the valve is closed, the collagen bundles in fibrosa are fully 

unfolded, enabling a stress increase while preventing a prolapse of the leaflets. The 

elastin in ventricularis expands when the cups are closed to enlarge the coaptation area, 

but recoil to make smaller cups during systole (17).   

 

1.2.2: Disease of the Heart Valves 

 Though tissue engineering technology can be used to replace any diseased valve 

in the heart, the major advantage would be to use in patient where current prosthesis are 
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not viable. Congenital valvular disease is a prime example where tissue engineering 

technology is front runner for the next valve replacement graft. In US, about 36,000 

children are born with congenital disease of which about 22% have a pulmonary valve 

defect (1). Another common disease which often doesn’t require immediate intervention 

is a bicuspid aortic valve. Congenital aortic valve disease get problematic as patient 

grow to adulthood (18).  

 The defects in pulmonary valve are often associated with other congenital 

defects like tetralogy of fallot, pulmonary atresia, pulmonary stenosis, atrioventricular 

spetal defects, and VSD (2, 19). In most cases, surgical intervention is required with 

subsequent multiple surgeries throughout the growing period of patient’s life. In a 

recent publication of congenital heart disease in Belgium, 11% of the defects (921 in 1 

year of ~111,000 births in Belgium) were associated with pulmonary valve (20). For the 

patients with valve defect, 36% required interventional surgery. Trans-catheter 

approach was used in majority of the patients with advantage of avoiding open heart 

surgery at young age. Other patient with more complex defect had open heart surgery 

performed at the mean age of 1.7 years. The mortality rate was around 4% for 

congenital heart defect after a year of live-birth. The current trans-catheter approach 

described in above study is approved by European regulatory body; however, it still has 

not been approved by FDA for use in the United States.   

 According to most recent AHA statistics, more than 50% of aortic valve 

replacement surgeries are performed in patient of age 65 or younger. All current valve 

replacement options have limited life in the range of 10-20 years. Though in many 

cases, a second or even third surgery can be performed, all subsequent intervention 
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increases the risk to patients life and in many cases creates other complications. In 

Adults, the most common reason for valve failure is calcification of the leaflet, which 

leads to reduced functionality of the leaflets. Other defects can be due to pre-existing 

conditions, for example bileaflet aortic valve or congenital heart disease.   

 

1.2.3: Current prosthesis  

 For adult patients, three options exist for aortic valve replacement: mechanical, 

bioprosthetic and allograft. Mechanical heart valves are made entirely of artificial 

materials, which mainly consist of metals, rubber material and polymers. Mechanical 

valves display good structural durability however lacks substantially in mimicking 

valve anatomy and biological functions. Bioprosthetic valves composed of synthetic 

and biological material better mimic the structure of natural valve giving its recipient 

the advantage of low rates of thromboembolism. Allograft valves rely on the 

replacement of a valve from human organ donor including using pulmonary valve from 

the same patient as a homograft.  

Each type of prosthetics has significant limitation and hence treatment option 

depends on several factors like patient’s age, other diseases, life-style etc. Mechanical 

valves generally have durability of 10-15 yrs, however due to the design of these valves, 

high shear rate on blood cells causes thrombosis formation (21). Hence all mechanical 

heart valve recipients need to be chronically treated with an anticoagulant for long 

durations, which can have other health implications (22). Bioprosthetic and allograft 

valves do not require long-term anticoagulation. However, progressive tissue 
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deterioration and subsequent structural dysfunction due to both calcification and non-

calcific mechanisms, decrease their long term durability (23).  

 

1.3: Tissue Engineered Heart Valve 

Considering the short coming of the current design, there is a need for an 

innovative design to create a biologically active valve with the ability to grow, repair 

and remodel. Tissue engineering technology provides an approach to develop fully 

functional biological prosthetic valve. The approach generally involves seeding cells 

from a donor onto an appropriate scaffold, in the shape of heart. Subsequent 

stimulation, in the form of culture media (chemical stimuli) or via ‘conditioning’ of the 

tissue in a bioreactor (mechanical stimuli), promotes cells to remodel the scaffold into 

functional tissue, comparable to native heart valve tissue.  

 

1.3.1: Scaffold for heart valve 

For TEHV, scaffold can be characterized in three categories 1: synthetic 

biodegradable (24-27), 2: biopolymer (28-32) and 3: decellularized valve graft (33-36). 

TEHV made from all three type of scaffold have been successfully used in animal 

model. The synthetic and biological polymers have the advantage of creating any 

desired size scaffold from raw polymer compared to decell valve, which is of a fixed 

dimension.  

 Animal implant studies have been performed with synthetic scaffold made from 

polyglycolic acid and polyhydroxyalkanoate. The synthetic polymer can have 
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comparable or higher tensile properties to native tissue (24, 25). The scaffold stiffness 

gives the advantage of early implant, since scaffold can provide significant durability to 

the TEHV. However, this also allows for subsequent degradation and weakening of 

properties during in vivo. Other disadvantageous of synthetic polymer include when 

polymer degrade in vivo, it can have an inflammatory response and reactive by-product 

accumulations.  

The decellularized valve has the advantage of retaining gross anatomy of the 

valve and in some cases the extracellular matrix structure. By re-seeding the valve with 

autologous cells, a decell valve can be easily used for the implant. Knight et al. 

published results of decellularizing porcine aortic valve and reseeding with human 

mesenchymal progenitor cells. Results showed good penetration of cells with about 2% 

cell density compared to homograft (36). It is yet to be determined, to what extent 

detergents used for removing the cells damage the matrix and if seeded cells would 

have the ability to remodel the original matrix. The major concern with the synthetic 

and decell valve scaffold is inability to homogeneously disperse cells in the scaffold.  

Biopolymer provides the advantage of forming a homogeneously cell seeded 

gel. In the case of fibrin, a completely autologous valve can be made by using fibrin and 

cells from the same patients. Figure 3 illustrates how blood from the patient can be used 

to extract fibrin for the scaffold. Cells like dermal fibroblast can be extracted to embed 

in the fibrin gel and blood derived endothelial cells can be used to coat the luminal 

surface prior to the implant. Figure 3 shows the mechanism like mechanical and 

chemical growth stimulus in bioreactor to mature the valve grafts (this is discussed in 

more details in the following chapters). Since biopolymer gels are fairly weak, they 
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require significant in vitro development before desirable mechanical properties can be 

achieved. Collagen and hularonic acid have also been proposed as biopolymer for tissue 

engineering, however remodeling in these scaffold is yet to be proven. The fibrin 

scaffold is discussed in details below.      

 

Figure 1-3: Illustration of developing a TEHV from autologous cell and scaffolding polymer along 
with in vitro developmental steps.  
 

The cell types that have been studied in these scaffolds include bone-marrow 

derived stromal cells (37), human valve interstitial cells (24, 25, 38, 39), fibroblast cells 

(30) and endothelial cells (40). All of these combinations have shown some promise in 

vitro, with success in short term in vivo experiments (24, 25, 34).  
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1.3.2: Cell sources for tissue engineering 

Successful, cost-effective, and large-scale production of engineered tissue 

requires an adequate source of healthy cells which can be passage several times before 

seeding into a scaffold (41). Cell sources for tissue engineering fall into three 

categories: autologous cells (from the patient); allogeneic cells (from a human donor, 

but not immunologically identical); and xenogeneic cells (donor from different species). 

Each category can be further delineated in terms of stem cells (adult or embryonic) or 

differentiated cells. With respect to current research in tissue engineering, most work is 

done with cells derived from animal models.  

 Poh et al. has worked with human smooth muscle cells (SMCs) derived from the 

saphenous vein seeded on polyglycolic acid (PGA) mesh (42). The study showed that 

the cells from older donors (age 55-67yr) had poor vascular graft durability and 

structure compared to younger donors (47 yrs). The study further looked at the 

telomerase extension with gene therapy which showed promising results. In other 

studies by Solan et al., vascular SMCs from swine were used for strained testing of 

vascular grafts (43). Other studies with SMCs in engineered tissue have been conducted 

by Isenberg and Tranquillo (44), Cummings et al. (45) and Seliktar et al. (46).  

 Seliktar et al. compared the tissue properties of samples seeded with rat aortic 

SMC, human aortic SMC and human dermal fibroblast (HDF) (46). The researcher 

found more dominant effects of straining on rat SMC-based tissue compared to human 

cells. The mechanical properties were similar for both human cell types, while much 

higher for rat SMCs. The study concluded that species-dependent differences in tissue 

properties exist; however, there was no major difference within the species.  
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 Another major cell source for tissue engineering is fibroblast cells. Balestrini et 

al. (47) and Berry et al. (48) have published work with fibroblast cells where scaffold 

were mechanically conditioned. Balestini used fibrin based discs to apply biaxial strain 

on tissue and found significant increases in collagen production. Similarly, Berry et al 

also showed enhanced collagen production in the strained tissue.  

The studies published to date on cell sources have shown promising results with 

several cell types. In our lab, we have studies tissue constructs with rat SMC, neonatal 

HDF (NHDF) and porcine aortic valve cells (PAVC). In cyclic distension experiments 

(work presented in chapter 2) in the fibrin tubular constructs were performed with both 

NHDF and PAVC. All VE studies were performed with NHDF cells. Previously, 

published data from our lab with cyclic distension studies had used SMC in collagen 

constructs (44). Other optimization studies with cells types discussed above in our lab 

have been published by Long et al. (49), Neidart et al. (50), Ross et al. (51) and Grassel 

et al. (52). Long et al. compared the fibrin and collagen based constructs seeded with 

SMC and NHDF. They showed enhanced elastin production in fibrin constructs. 

Neidart et al. compared the effects of culture media supplements on tissue properties 

using NHDF in the fibrin gel. Ross et al. compared RNA expression for SMC seeded 

fibrin construct along with biochemical and tensile mechanical properties, while Grassel 

et al. studied the fibrin based constructs using SMC. Studies in our lab and by others 

have demonstrated several cell types as potential sources for tissue engineering of heart 

valve.  
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1.3.3: Fibrin as a scaffold  

 On the similar principle as discussed in section 1 regarding scaffolds, our 

current approach to tissue engineering a heart valve is via fibrin gel for creating a valve 

equivalent (VE). This approach is based upon previous research with both collagen and 

fibrin cell-embedded gels (49, 50, 52, 53). Gels with entrapped cells can be cast on 

mold of any geometry. With time, traction by cells on surrounding fibers causes 

compaction of the fibrillar network. The design of the mold can constrain gel 

compaction and hence lead to the alignment of fibers in a desired orientation. 

 Previous studies comparing collagen and fibrin gels have shown better 

remodeling of the ECM with the fibrin gel (49, 53). It has been shown that cells 

embedded in fibrin gel are more active in ECM synthesis. The advantages of natural 

ECM synthesis are many including the ability to remodel artificial tissue and provide 

mechanical strength to withhold large stresses as in the leaflets of a valve. Studies have 

also shown that fibrin based tissue equivalents (TE) (gel strips or hemispheres) have 

similar mechanical properties to collagen gels, however with the ability of cells to 

produce ECM in the fibrin gel, overtime these TEs can have enhanced mechanical 

properties (53). It has been shown that fibrin TEs can synthesize more elastin which is 

an important structural protein in the valve leaflets (49). Further, the studies with fibrin 

have shown that ECM production can also be enhanced with supplements like fetal 

bovine serum (FBS), transforming growth factor beta (TGF-β) (50), fibroblast growth 

factor (FGF) (54), vascular endothelial growth factor (VEGF) (55), insulin, and Vitamin 

C (50, 55).  



   15 

 

 Our laboratory is currently working with a bi-leaflet valve design. The fibrin 

based cell solution consisting of neonatal human dermal fibroblast has been primarily 

researched as the construct for a tissue engineered heart valve (Fig 3A). The fibrin 

solution mixed with cells is injected into a custom designed mold (Fig 3B).  

 

 

 

Figure 1-4: A: Fibrin based tissue engineered heart valve. B: VE mold made from Teflon, left 
image has the outer casing on it.  
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1.3.4: Mechanical requirements for tissue engineered valve equivalents 

 The human aortic valve opens and closes approximately 103,000 times each day 

and about 3.7 billion times in a lifetime (3). One of the primary reasons for failure of 

the current prosthetics is their inability to withstand such long fatigue life. Tissue 

engineering technology promises growth and remodeling of the implanted tissue. For 

this reason, tissue engineering heart valve equivalents assure longer life once implanted. 

However, a bigger issue for current tissue engineered valve equivalents made from 

biopolymer is their initial mechanical properties, which are sub-par compared to natural 

tissue. In vivo studies with PGA based valve in the pulmonary position have shown 

remodeling of the construct over the duration of implantation with tissue development 

comparable to the native valve tissue (24, 25, 56). However, PGA polymer mesh has 

much higher mechanical properties (maximal tensile strength 3.2 MPa) compared to the 

fibrin based valve equivalents (maximal tensile strength ~0.25 MPa). In previous 

studies,  although initial mechanical properties of the PGA were high, explanted tissue 

after 17 weeks showed ultimate tensile strength of 0.65 MPa (24). The researcher found 

no abnormalities in the valvular function using echocardiography. Hence, a more 

important question is: what are the minimum mechanical requirements for a tissue 

engineered valve? 

  During each cycle, valves experience tensile, bending and compressive stresses. 

In diastole phase, when leaflet are closed, the average trans-valvular pressure on aortic 

valve is around 80 mmHg, inducing primarily tensile stresses. During systole, when the 

valve is in an open state, all three stresses mentioned earlier are experienced by the 

leaflet tissue. The stress analysis of the aortic valves in vivo has been conducted by 
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Thubrikar et al. (5, 57-59) and Kalath et al. (60). Thubrikar et al. used a canine model 

to study in vivo stress-strain behavior using fluoroscopy (5, 59). The analysis was done 

with markers measuring displacement in the radial direction of the leaflets. The 

researchers calculated the mean modulus of elasticity during diastole to be 2.44 MPa 

(1.16 MPa in vitro under similar strains) and 0.05 MPa (0.075 MPa in vitro under 

similar strains) for systole. In the circumferential direction, studies by Thubrikar et al. 

have shown membrane stresses to be 2.4 MPa during diastole and 0.17 MPa during 

systole (59). In the same study, the researchers also looked at bending stresses and 

concluded that bending stresses are compressive on the aortic side during diastole and 

tensile on the ventricular side. This results in total stresses being variable throughout the 

thickness of the leaflets. In another study with bioprosthetic aortic valves, Thubrikar et 

al. calculated membrane stresses during diastole in the circumferential direction to be 

0.33 MPa and 0.17 MPa in the radial direction (58). In the same study, the researchers 

also studied bending and compressive stresses during systole. The tensile stress due to 

bending was found to be 0.36 MPa and compressive stress due to bending on 

ventricular side of the leaflet to be 0.09 MPa. The techniques used by Thubrikar et al. to 

measure displacement in the leaflets were not the most precise technique but, as claimed 

by authors, it was simplified and robust. Other in vivo studies in humans have been 

conducted by Kalath et al. using echocardiography and sphymomanometry (60). The 

researchers found average circumferential elastic modulus over the entire cardiac cycle 

to be 0.3 MPa in young patients and 0.47 MPa in old patients.  

 Using computer modeling with smoothed geometry for aortic valves, Cataloglu 

et al. calculated the stress field in a leaflet during diastole (61). The researchers 
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calculated stresses using 73 mmHg (1 g/mm2 force) trans-membrane pressure. In 

calculation of stresses, the researchers also took into account the variable thickness of 

the leaflet (0.25 mm to 1.33 mm). The reported maximum principle stresses were from 

0.33 to 0.56 MPa.  

 To date, no major study has been published with rigorous analysis of the stresses 

in leaflet during the cardiac cycle, especially during the transition period between end 

diastole and end systole. The limited current data indicates that any tissue engineered 

valve in an aortic position should be able to tolerate tensile stresses of at least 0.5 MPa. 

Another option for in vivo studies is to study valves in the pulmonary position as 

described earlier. In the pulmonary position, diastole pressure varies form 5-30 mmHg 

compared to 80-100 mmHg in the aortic position (14).   

   

1.3.5: Role of mechanical conditioning in tissue engineering 

 In cardiovascular tissue engineering, stimulation of tissue formation by 

mechanical conditioning has proven to be a useful tool in enhancing mechanical 

properties and allowing the tissue to grow, remodel and repair. Various bioreactor 

systems have been developed to apply mechanical stimulation to engineered tissue. 

Most bioreactors developed for tissue engineered heart valve mimic the opening and 

closing of the natural heart valve (62-64). Recently, a new focus has been given to 

strain-controlled conditioning of the engineered valves, with less emphasis on 

mimicking in vivo flow conditions (27). For development of the tissue engineered blood 

vessels and tissue strips, several bioreactors have been designed to control straining of 

the tissue. Some of the most relevant work to this project is discussed here. 
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 Studies with collagen-based cylindrical constructs by Berry et al. showed 

significantly higher mechanical properties of 10% strained gel constructs compared to 

static preloaded constructs (48). The researchers used collagen gels seeded with 

fibroblast cells. The constructs were preloaded at 2mN or 10mN and then subjected to 

10% cyclic strain at 1 Hz. The researchers found higher cell proliferation, collagen 

synthesis and stiffness in 10% stained tissue after 24hr in culture. Similarly, Seliktar et 

al. compared collagen gels seeded with human aortic smooth muscle cells (HASM), rat 

aortic smooth muscle cells (RASM) and human dermal fibroblast cells (HDF) (46). The 

researchers applied 10% strain to constructs for 4-8 days and compared mechanical 

properties. They found increased mechanical properties with all cell types when 

mechanically strained. The previous studies focused on very short periods of time 

(maximum of 8 days) during which even enhanced mechanical properties are 

suboptimal. Studies by Isenberg and Tranquillo focused on the long term effect of strain 

on the mechanical properties of collagen gels seeded with rat smooth muscle cells (44). 

Tissue constructs at conditions varying from 2.5% to 10% strain were cultured for up to 

11 weeks.  The results showed increased mechanical properties for 5% and 10% 

straining compared to static culture. The study further analyzed the effects of stretch 

and relaxation time during a cycle on the properties of tissue constructs.  

 Salon et al. studied biodegradable polyglycolic acid (PGA) mesh based vascular 

constructs for the effect of mechanical conditioning on tissue properties (43). The tissue 

constructs were developed by seeding vascular SMC onto the scaffold and mechanically 

conditioned on a silicon tube. The researchers conditioned vascular constructs at 1.5% 

strain at a frequency of 0 Hz, 1.5 Hz and 2.75 Hz representing static, human heart rate 
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and fetal heart rate frequencies. The results showed higher collagen contents in vessels 

grown at 1.5Hz and 2.75 Hz compared to static culture. More recently, researchers have 

focused on fibrin based tissue constructs. Cummings et al. applied 10% strain to 

collagen-fibrin mixed gel constructs with rat SMC (45). After 4 days of culture, 

researchers showed increased mechanical properties for strained tissue with similar cell 

counts and decreased gel compaction. Balestrini et al. studies biaxial straining of pure 

fibrin gel constructs (47). The researchers applied biaxial stretch to fibrin gel disks 

seeded with human dermal fibroblast cells. About 16% uniform strain was applied to 

fibrin disks stretched at 0.2 Hz for 8 days with the FlexCell® system. The researchers 

found 7 fold decreases in thickness of stretched samples (106 µm) compared to static 

samples (764 µm). The ultimate tensile stress was ten fold higher (119 kPa) in stretched 

samples compared to static samples (12 kPa). Collagen content was also found to be 

higher in stretched samples, leading to ten fold higher collagen density in stretched disc 

(1047 µg/cm3 in stretched samples compared to 132 µm/cm3 in static samples).   

In the field of heart valve tissue engineering, most work to date has been done 

with mechanical conditioning of bio-polymer based engineered tissue. Flow controlled 

bioreactors mimicking physiological opening and closing of valve leaflets have been 

designed by Dumont et al (62), Warnock et al (65), Hoerstrup et al (63) and Hildebrand 

et al (64). The bioreactor designed by Hoerstrup et al has been used for in vitro culture 

of PGA based trileaflet heart valves. The valve was manufactured with non-woven PGA 

mesh seeded with ovine myofibroblast cells and coated with endothelial cells. After 4 

days of static incubation, the valves were conditioned in the bioreactor for 14 days with 

progressive increases in flow (125 mL/min to 750 mL/min) and pressure (30 mmHg to 



   21 

 

55 mmHg). After conditioning, the valves were tested for 60 minutes at high pressure 

(>150 mmHg) and implanted in the pulmonary position of lambs. The researchers 

described collagen, DNA, GAG and elastin content as a percent of native valve tissue. 

The valves that were incubated in the bioreactor had 80% collagen (relative to native 

valves) at 28 days of incubation compared to ~10% in statically incubated valves. 

Similarly, DNA and GAG content were also higher in mechanically conditioned valves. 

The modulus was 1 MPa for engineered tissue versus 1.6 MPa for native tissue. The 

ultimate tensile strength was ~0.7 MPa for engineered tissue compared to ~0.8 MPa for 

native pulmonary valves. The researchers also conducted in vivo trials by replacing the 

pulmonary valves of lambs with tissue engineered valves (25). The implanted valves 

were harvested at different time points up to 20 weeks with no thrombosis formation.  

In recent publication researchers have independently studied the effect of cyclic 

tensile strain and cyclic flexure of PGA based heart valve tissue (27, 66). Mol et al 

designed a bioreactor system that induces cyclic pressure gradients on leaflets, giving 

strain values as high as 20% (27). The study found a 71% increase in collagen content 

after three weeks of strain compared to non-strained samples. However there was also 

112% increase in DNA content, suggesting a collagen increase due to cell proliferation. 

The mechanical properties of strained tissue was found to be 3 times higher for 

dynamically strained tissue (UTS 0.25 MPa, Modulus 0.78 MPa) compared to the non-

loaded case (UTS 0.07 MPa, Modulus 0.18 MPa) after three weeks. Engelmayr Jr et al 

conducted their study in bioreactor system designed to bend PGA tissue strips seeded 

with SMCs (66). In this study, the tissue strip was placed between four stainless steel 

stationary posts (two on each corner of the tissue strip) and two flexure pins in the 
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center connected to a linear actuator. The actuator was moved at a 1 Hz frequency to 

produce a bending angle of 62 degrees, representing physiological bending of heart 

leaflets. The study was motivated to independently evaluate the effects of flexure on 

tissue remodeling. The effective stiffness (defined as flexure rigidity/ moment of 

inertia) was 17.6% higher in flexed tissue strips compared to static strips. There was 

also a 62% increase in collagen with no change in DNA or GAG content, indicating 

increased collagen production by flexed SMCs.  

Comparing the studies done by Hoerstrup et al, Mol et al and Engelmayr Jr et 

al, the largest increase in collagen content was found in the study by Hoerstrup et al.  

Hoerstrup et al found a 1075% increase in collagen in mechanically conditioned 

constructs compared to those in static culture. The conditioned constructs also had a 

261% increase in DNA content, indicating a much higher collagen output on a per cell 

basis (~409%). Compared to this, Engelmayr Jr et al calculated about ~62% increase in 

collagen on per cell basis, while Mol et al showed no change (even possibly a decrease) 

in the collagen content on per cell basis in mechanically conditioned tissue.  

Based on the published data so far, very little is known about the effects of 

mechanical conditioning on fibrin based tissue. Early work in our lab and by others has 

shown the ability of fibrin constructs to produce mechanically enhanced tissue in 

response to mechanical stimulation. For tissue engineered valves to date, no collagen or 

fibrin based system has been published where mechanical conditioning, whether tensile, 

flexural or both have been studied. Hence, this research proposal focuses on a project 

that would evaluate strain controlled conditioning of fibrin based tissue engineered 

heart valve (TEHV).  
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1.3.6: Relevance of strain conditioning in engineered valve leaflets 

 Tissue engineering provides an excellent approach for creating heart valve 

replacements by seeding cells onto a scaffold which degrades as the ECM is deposited 

by cells. The developing tissue provides the predominant biomechanical function 

necessary in engineered tissue like valve leaflets. Despite the success of this approach, 

problems arise concerning the mechanical properties of engineered tissue. Increasing 

evidence suggest that mechanical conditioning as a valuable method to improve 

mechanical properties of engineered tissue prior to implant (67). Mechanical 

conditioning of engineered tissue involves the application of various mechanical stimuli 

inside a bioreactor, such as flow induced shear stress (25) and strain (27), being either 

dynamic or static in nature. 

For tissue engineered heart valves, the most commonly used bioreactor is a 

pulse duplicator system, which drives flow through the leaflets to mimic the opening 

and closing behavior of natural valves. Some of the newer versions of these bioreactors 

are capable of simulating physiological conditions like pressure and flow profiles and 

compliance of heart chambers (62, 68). However little research has been done with 

strain-controlled conditioning of tissue engineered heart valves even though a 

substantial amount of data has shown enhanced properties of strained engineered tissue. 

Most of the work on strain-controlled systems has been done with cylindrical samples 

(representing arterial graft). Work with minimum flow rate and cyclic strain on leaflets 

of tissue engineered valves has shown enhancement of properties like modulus and 

ultimate tensile strength (UTS) (27). However the researchers in the previous study 
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used polyglycolic acid mesh (PGA) as the scaffold, which is a very different system 

than the fibrin scaffold.  

 

1.3.7: Mechno-transduction in tissue engineering 

 Functional tissue engineered construct requires tensile mechanical properties to 

withstand physiological stress and strains. Since fibrin gel is incapable of tolerating 

physiological conditions, in vitro remodeling of the fibrin based construct is essential. 

Cells in fibrin gel can be manipulated to increase collagen and elastin deposition (two 

major ECM proteins), organization of ECM and cell proliferation by inducing chemical 

or mechanical stimulus. Growth factor like TGF-β can be added to culture medium in 

which fibrin based construct is incubated to induce these effects. The growth factor can 

diffuse through fibrin matrix and bind to cellular membrane receptors. Similarly, a 

mechanical stimulus like stretch can be applied to the entire fibrin tissue construct, and 

global stretch would lead to potential stretch in the fibers attach directly to cells and 

induce a stretch on the cell membrane.  

 Integrins are transmembrane protein that couple in intracellular and extracellular 

structural protein network for a cell. Several good reviews are available on structure of 

integrins (for a recent review on integrin biochemistry see (69)). From a mechanical 

stimulus, the stretch to ECM fiber could induce conformational changes in the integrin 

leading to intercellular protein cascade (70). In side the cells, the integrins connect to 

cell-matrix adhesion complex. A large array of proteins are thought to be part of the 

focal adhesions under various conditions, and still more molecules apparently interact 

with adhesion complex proteins to transducer signals or alter function of the cell/ECM 
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coupling, including notably focal adhesion kinase (FAK), the G-protein Rho, and 

MAPK signaling proteins like extracellular signal-regulated kinase (ERK) (70-72). 

ERK is one of the major signaling proteins discussed in chapter 2 and 3 and relevance 

to cyclic strain. The signaling proteins can activate key transcription factors (e.g. AP-1 

and NF-kB) and gene expression (71). The mechanical stimulus can also induce 

production and stabilization of growth factors like TGF-β (73).    

 Chemical stimulus like TGF-β can bind to TGF-β specific receptor on cell 

surface and induce phosphorylation of the intracellular signal proteins like SMAD, p38 

and Akt. phosphoSMAD can bind with its co-factor, migrate through nuclear pore 

complex and activate gene transcription by binding to DNA-cofactor (74). Specific gene 

expression is regulated by affinity of SMAD complex to DNA-binding cofactor. The 

proteins in TGF-β pathway can cross-talk with mitogen activated protein kinase 

pathway (74). This can lead to complex cell signaling pathways and responses. An 

illustration of the TGF-β pathway and cross-talk with MAPK is shown in Figure 5 

(taken from Massague (74)). A brief experimental study of TGF-β effect in presence of 

mechanical stretching is presented in chapter 3.  
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Figure 1-5: A basic SMAD pathway and cross-talk with mitogen activated protein kinase (MAPK) 
signaling proteins (Taken from Massague (74)). 
  

 Both mechanical and chemical stimulus can activate mechano/chemi-sensitive 

ion channels and trigger ions entry into cells (72). For example influx of Ca2+ can 

activate proteases such as calpain which is associated with FAs. Their putative targets 

include structural and regulatory components such as paxillin and Rho (71).     

 In brief, a summary of external signals that can influence ECM transcription 

genes and eventually regulate ECM environment are summarized in Figure 6 (taken 

from Wang et al (71)). 
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Figure 1-6: A conceptual illustration of several cellular mechanotransduction mechanisms (taken 
from Wang et al (71)) 
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2.1: Summary 
 
 Tissue engineering provides a means to create functional living tissue 

replacements. Here we examined the effects of 3 weeks of cyclic distention (CD) on 

fibrin-based tubular tissue constructs seeded with porcine valve interstitial cells. CD 

with circumferential strain amplitude ranging 2.5% to 20% was applied to evaluate the 

effects of CD on fibrin remodeling into tissue. We hypothesized that during long-term 

CD cells adapt to cyclic strain of constant strain amplitude (“constant CD”), 

diminishing tissue growth. We thus also subjected constructs to CD with strain 

amplitude that was incremented from 5-15% over the 3 weeks of CD (“incremental 

CD”).  For constant CD, improvement occurred in construct mechanical properties and 

composition, peaking at 15% strain: ultimate tensile strength and tensile modulus 

increased 47% and 45% over statically incubated controls (to 1.1 and 4.7 MPa, 

respectively); collagen density increased 29% compared to controls (to 27 mg/ml).  

Incremental CD further improved outcomes. Ultimate tensile strength increased 98% 

and modulus increased 62% compared to the largest values with constant CD, and 

collagen density increased 34%. Only in the case of incremental CD was the ratio of 

collagen content to cell number greater (70%) than controls, consistent with increased 

collagen deposition per cell.  Studies with human dermal fibroblasts showed similar 

improvements, generalizing the findings, and revealed a 255% increase in extracellular 

signal-regulated kinase signaling for incremental CD vs. constant CD. These results 

suggest cell adaptation may limit conventional strategies of stretching with constant 

strain amplitude and that new approaches might optimize bioreactor operation. 
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2.2: Introduction 
 

The vast majority of approaches to cardiovascular tissue engineering involve 

seeding matrix-producing cells, typically smooth muscle cells, fibroblasts, and/or 

myofibroblasts, onto a synthetic polymer or entrapping the cells within a forming 

biopolymer gel cast in a mold. In either case, there is typically an in vitro culture stage 

with the goal of having the cells transform the starting polymer into tissue that confers 

the required properties of the tissue-engineered construct.  Essential criteria for a 

successful construct in many applications include requisite mechanical properties such 

as sufficient tensile and/or burst strength, physiological modulus/compliance, and 

elastic recoil.  This endeavor has been coined “functional tissue engineering” (1).  

Achieving these properties has motivated several strategies and bioreactor concepts, 

including the use of chemical stimulation (e.g. growth factor supplementation to the 

construct incubation medium) and mechanical stimulation (e.g. stretching, compressing, 

or bending the construct).  Mechanical stimulation has become a primary strategy for 

inducing tissue growth in vitro (2).   

In vascular tissue engineering, cyclic distension (CD) of constructs via pulsatile 

flow of medium through the lumen (3-5) or inflation of an elastic tube placed through 

the lumen (6-9) are the primary bioreactor configurations. In particular, mechanical 

properties of tissue constructs have been shown to improve when stretching constructs 

prepared by seeding cells on synthetic polymers (10, 11) and entrapping cells in 

collagen (7, 9). A recent review of related research is available (12).     

In heart valve tissue engineering, cyclic distension/stretching of constructs has 

been accomplished by pulsatile flow of medium through the valve (13, 14) or pulsatile 
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back-pressure on the valve (15). The cell types primarily investigated in these studies 

have been dermal and adventitial fibroblasts and valve interstitial cells (VIC), which are 

predominantly a myofibroblast phenotype (16). As with vessel constructs, mechanical 

properties of valve constructs have been shown to improve with cyclic stretching and 

correlate with ECM deposition and cell proliferation (15, 17). 

We use fibrin gel as the scaffold for fabrication of bioartificial arteries and heart 

valves because it is conducive to collagen deposition under static culture conditions 

(18).  However, we have not yet assessed the outcome of using fibrin in a bioreactor 

designed to impart mechanical stretching. In this study we assessed the outcome of CD 

during culture of tubular fibrin constructs with entrapped tissue cells, which has 

relevance to the design and operation of bioreactors to cyclically stretch fibrin-based 

valve constructs (19), as well as fibrin-based artery constructs (20). We have previously 

shown that fibroblasts and VICs remodel fibrin disk-shaped constructs adherent to 

tissue culture plastic (21). Although a static tension develops in these constructs, which 

is likely an important stimulatory signal (22), it is not a cyclic tension as occurs during 

cyclic stretching.  

The vast majority of studies that have examined the effects of CD on tubular 

constructs have restricted their conditions to CD with constant parameters, specifically 

strain amplitude, stretch time, and relaxation time (the last two being equivalent to 

frequency and duty cycle).  However, it is well known that cells adapt their behavior to 

constant environmental stimuli; that is, cells initially respond but return to a baseline 

level following sustained stimulation (23-25).  A well known and relevant example of 

adaptation exhibited by mammalian cells is the response of osteoblasts to mechanical 
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loading (25-27).  Schriefer et al. studied this in rat ulnar bone (26) and found 

significantly higher bone mineral content with an applied cyclic loading, but with the 

mineralization diminishing over time.  Kim et al. observed significant trabecular bone 

formation occurring in response to loading within the first week, with significantly less 

during weeks 2-4 of loading (27).  

To understand how bone tissue responds to changing environment, Tang et al. 

examined the effects of step-wise increasing strain amplitude on cyclic stretch of 

osteoblasts cultured on a distensible substratum (28). In that study, the higher strain 

amplitude steps were correlated with diminishing collagen production by the cells; 

hence, no overall significant benefit of using step-wise incremental strain amplitude 

during cyclic stretching was found. (The incubation times used in that study were at 

most 24 hr compared to the weeks needed to achieve significant tissue growth in vitro. 

Also, the applied strain levels used were physiologically relevant for osteoblasts but an 

order of magnitude below those typically used in cardiovascular tissue engineering, and 

the cells were not entrapped in a 3D polymeric scaffold.) 

Thus, in this study, we also examined the effect of periodically step-wise 

incrementing the CD strain amplitude in addition to using constant strain amplitude, the 

latter being the conventional approach, to assess whether adaptation may play a role in 

the success of using long-term CD to achieve tissue growth. Samples were 

characterized in terms of mechanical properties, collagen content, cellularity, and 

histology in order to elucidate the basis for any improvement in mechanical properties 

due to CD.  Selected samples were also assayed for activation of the extracellular 

signal-regulated kinase (ERK) signaling pathway, which has been correlated to collagen 
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expression during mechanical stretching of fibroblasts on a distensible membrane (29), 

in order to establish a mechanistic basis for any adaptation.    

 

 

 

2.3: Results 
 

Tubular constructs were cultured for 3 weeks on a distensible latex mandrel in 

the CD bioreactor, during which time no downward movement was observed. Upon 

harvest, all constructs slid off the mandrel, indicating there was insignificant adhesion 

to the latex mandrel and that construct elasticity maintained it in contact with the latex 

mandrel during CD.  Unless indicated, all results were derived from constructs prepared 

with porcine VIC (PVIC).  For brevity, constant strain amplitude CD and step-wise 

incremental strain amplitude CD experiments are referred to as simply “CD” and 

“ICD”, respectively, and paired statically-incubated controls are referred to as 

“controls”. 

 

2.3.1: CD and ICD results in different construct dimensions but not different 
volumes 
 
 As seen in Supporting Information, the final length and thickness inversely 

varied with some conditions; however, all constructs were less than 1% of their initial 

volume, with no difference between the final volumes of the CD and ICD constructs 

and their controls.  
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2.3.2: CD improves construct mechanical properties 
 
 Fig. 1 shows there was no improvement in mechanical properties for 2.5% and 

5% CD, but improvement in ultimate tensile strength (UTS) and tensile modulus (E) 

were observed for 10% and 15% CD.  At 10%, the UTS increased 29% compared to 

controls and E increased 59% compared to controls.  At 15% CD, UTS increased 47% 

compared to controls, and E increased 45% compared to controls.  Absolute values of 

UTS and E are presented in Table 1. Further studies were conducted at 20% CD; 

however, the majority of the constructs either tore during the first week of CD or 

permanently deformed (slid down the mandrel) indicating a strain amplitude between 

15% and 20% causes damage to the growing tissue in this system.  

 Fig. 2a shows there was no increase in collagen concentration at 2.5%, 5%, or 

10% CD.  At 15%, the collagen concentration increased 29% compared to controls. 

There was no difference in the cell concentration at 2.5%, 5%, or 10% (Fig 2b); 

however, at 15% it increased by 47% compared to controls.  For the collagen 

concentration normalized by the cell concentration, a measure of the collagen deposited 

in the ECM per cell, there was no difference between CD constructs and controls (Fig 

2c). Absolute values of cell and collagen concentrations and their ratios are presented in 

Table 2. 

 

2.3.3: Incremental CD further improves construct mechanical properties and 
correlates with increased net collagen deposition per cell 
 
 Constructs were subjected to ICD from 5% to 15% in 2 (ICD-2) and 4 (ICD-4) 

equal time steps over 3 weeks (Fig. 1). For ICD-2, UTS increased by 84% and E 
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increased by 85% compared to controls.  ICD-4 further improved the mechanical 

properties, with UTS increased by 191% and E increased by 158% compared to 

controls.  Comparing to the highest UTS and E achieved with CD, the UTS was 98% 

higher with ICD-4 in comparison to 15% CD, and E was 61% higher with ICD-4 in 

comparison to 10% CD. 

 Collagen concentration increased 55% for ICD-2 and 73% for ICD-4 compared 

to controls as shown in Fig 2a. The collagen concentration was 34% higher with ICD-4 

in comparison to 15% CD, which had the highest value among all CD groups.  There 

was no difference in cell concentration for ICD-2 or ICD-4 compared to controls.  

However, the collagen concentration normalized by the cell concentration was greater 

than controls for both ICD-2 by 37% and ICD-4 by 70%.  

2.3.4: Incremental CD yields similar results for HDF-populated constructs 
 
 Similar to PVIC constructs, constructs prepared from neonatal human dermal 

fibroblasts (HDF) showed improved mechanical properties and collagen concentration 

with both CD and ICD compared to controls. With 10% CD, UTS increased 85% 

compared to controls (903±126 kPa vs. 489±50 kPa) and E increased 127% compared 

to controls (3160±416 kPa vs.1392±138 kPa). With ICD-4, UTS increased 61% (to 

1453±102 kPa) and E increased 36% (to 4306±189 kPa) compared to 10% CD.  In 

comparison to controls, UTS increased 197% and E increased 209%. The collagen 

concentration increased 84% (to 24±3 mg/cm3) with 10% CD and 178% (to 36±1 

mg/cm3) with ICD-4 compared to controls. 

2.3.5: CD-mediated improvement in tissue growth requires 2-3 weeks of CD 
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 In order to elucidate whether a critical period for tissue development existed, 

HDF constructs were characterized just prior to CD at week 2 and then weekly for the 3 

week CD period.  The time course data for HDF constructs shown in Fig. 3 reveals the 

increases in UTS (Fig. 3a) and collagen content (Fig. 3b) due to 10% CD and ICD-4 

occurred largely during the third week of CD.  For the ICD-4 case, the UTS increased 

52% during week 2 and 197% during week 3.  

2.3.6: CD results in collagen maturation in constructs  
 
 Using Picrosirius red staining, we examined collagen maturation in histological 

cross-sections of constructs. As shown in Fig. 4, there was stronger staining in CD and 

ICD constructs (k,l,s-u) compared to controls (j,r), suggesting that CD and ICD induces 

collagen maturation, which contributed to the improved mechanical properties.  It can 

be further observed that staining was brighter in ICD constructs (l,t,u) compared to CD 

constructs (k,s). Based on the Trichrome-stained sections, the cells appear more 

strongly aligned in the circumferential direction in CD and ICD constructs (e,f,n-p) 

compared to controls (d,m), indicating that CD and ICD induced stronger cell alignment 

as well as stronger collagen alignment. 

2.3.7: Incremental CD results in elevated ERK 1/2 signaling 
 
 To investigate the mechanism for improved tissue growth with ICD and develop 

evidence to test the adaptation hypothesis, we measured the activation of ERK (Fig. 5).  

In the case of ICD-4, this measurement corresponded to 4 days following the final 

increment in strain amplitude.  While total ERK was similar for 10% CD, ICD-4, and 
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controls, the fraction of ERK that was phosphorylated ERK (pERK) following 3 weeks 

of CD was 255% greater for ICD vs. CD. 

 

2.4: Discussion 
 

This study showed that CD can be used to improve the mechanical properties of 

cell-seeded fibrin-based tubular constructs. The study also revealed an apparent 

adaptation of the cells to long-term CD. With incremental CD, the UTS increased 

almost 300% compared to static culture, as compared to a modest 50% increase for 

constant CD. pERK also was elevated for ICD relative to CD, consistent with ICD 

overcoming a tendency of cells to adapt to CD.  Histological analysis showed maximal 

alignment and maturation of collagen in the case of ICD.  

 Several studies have investigated the effect of CD on tissue-engineered tubular 

constructs (5, 9, 11). However, most studies have been limited to a single distension 

condition or short durations. In short durations, cell induced gel compaction alone, 

causing a structural remodeling of the gel, can have a significant influence on the 

mechanical properties of collagen and fibrin gels before any significant compositional 

remodeling occurs. Furthermore, in the case of fibrin, rapid fibrinolysis can occur over 

short durations, if not controlled as done in this study using the inhibitor aminocaproic 

acid with PVIC constructs; the “compaction” may thus reflect fibril degradation as well 

as consolidation. To isolate the effects of CD on construct properties without the 

influence of extensive fibrin compaction, we incubated fibrin-based tubular constructs 

for 2 weeks on their mandrels in static culture before mounting them in the CD 

bioreactor. This allowed almost all of the volume reduction (exceeding 95%) to occur 
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prior to the CD initiated at week 2, in comparison to that occurring over the 3-week CD 

period (an additional 4%, to 99% total). In the 5% CD constructs, more axial shortening 

occurred than in controls, but there was no improvement in mechanical properties, 

indicating that any effect of CD on length or thickness occurring in these experiments 

had no correlation with construct mechanical properties; moreover, these variations in 

length and thickness were offsetting in that there were no differences in volume 

reduction between CD constructs and controls. 

 Several studies using both cells on membranes and cells in 3-D scaffolds have 

shown increased cell-produced ECM when cells are subjected to cyclic stretching. In 

vivo, VIC are subject to large strain values during each cardiac valve cycle; Lo et al. 

reported a maximum stretch of 24% in the radial direction and 11% in the 

circumferential direction (30). In vitro, using PVIC cultured on a flexible membrane, 

Ku et al. have shown improved incorporation of [3H]-proline (indicative of higher 

collagen production) when subjected to 10%, 14% and 20% CD (31). In the current 

study, using PVIC in fibrin-based tubular constructs subjected to CD, we found no 

improvement in either mechanical properties or collagen concentration at low strain 

amplitudes (2.5% and 5%). This suggests that there is a strain threshold below which 

cells have no apparent response to CD. Similar effects were observed by Ku et al. (31) 

with an apparent strain threshold of 7%. We observed increases in UTS and E of 

constructs at 10% and 15% CD, with no differences between values at 10% and 15% 

CD.  

In contrast, the collagen concentration was found to be greater than controls 

only at 15% CD, indicating that there is some difference in the cell response to 10% vs. 
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15% CD.  This suggested that CD might also improve tensile mechanical properties by 

improving the functional quality of ECM.  Picrosirius red stains for mature collagen 

fibers, which have been defined as thicker (32), more aligned (33) and more cross-

linked (34). We found that CD and ICD constructs stained brighter, indicating more 

collagen maturation, compared to controls (Fig. 4), which likely contributed to their 

improved mechanical properties.  Balguid et al. correlated the modulus of tissue-

engineered valve leaflets and native pig valve leaflets with collagen cross-linking (34), 

showing via Picrosirius red staining that constructs with higher modulus had stronger 

staining. Similarly in our case, the maturation observed in CD and ICD constructs by 

Picrosirius red staining also correlates with higher UTS and E than controls (Fig. 1).  

The Trichrome-stained sections also revealed that CD and ICD constructs exhibited 

stronger cell alignment in the circumferential direction compared to static controls. 

Qualitatively, the cell alignment correlates with maturation of the cell-produced 

collagen, also exhibiting strong circumferential alignment, as implied by the Picrosirius 

red stain. This is consistent with the cells exhibiting a contact guidance response to the 

aligned cell-produced collagen fibers, a phenomenon characterized in statically 

incubated constructs (35), but not in CD constructs. 

 We hypothesized that long-term CD may induce an adaptation response of the 

cells. Such an adaptive response to CD has been reported with osteoblasts (25, 26). 

However, analogous studies have not been reported in cardiovascular tissue 

engineering. To test this hypothesis, we conducted experiments with a time-averaged 

CD strain amplitude of 10% by incrementing it from 5% to 15% in 2 or 4 equal time 

steps during 3 weeks of CD (Fig. 1 inset).  UTS and E improved greatly with ICD-4 
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beyond what was achieved with CD (98% and 61% higher), attaining the values of 2.30 

MPa and 11.4 MPa, respectively. These values compare favorably to those of native 

cardiovascular tissues (30).  UTS and E also differed among the 15% CD, ICD-2 and 

ICD-4 groups. These results are consistent with an adaptive behavior at CD that was 

partially overcome with ICD-2 and further overcome with the more frequent stimulus 

perturbation of ICD-4. It can be concluded that the adaptation time for the cell response 

leading to improvement in mechanical properties is smaller than 3-4 days, which was 

the duration of each strain amplitude in ICD-4.   

A trend similar to the effect of CD on mechanical properties was found for 

collagen concentration. Moreover, the collagen concentration normalized by the cell 

concentration increased only in the case of ICD, consistent with ICD acting to mitigate 

a reduction in the rate of collagen deposited per cell due resulting from adaptation to 

constant CD.  

 Experiments with HDF constructs showed results similar to PVIC constructs: 

ICD-4 again showed improvement in mechanical properties and collagen concentration 

beyond what was achieved with CD. These results demonstrate that the apparent 

adaptation response to CD is not restricted to a particular tissue cell type. A time course 

study with HDF constructs also revealed that while the UTS and collagen content of 

controls progressively increased over 3 weeks, they dramatically increased during week 

3 for the ICD constructs. 

Consistent with the hypothesis that ICD mitigates adaptation to the stimulus 

presented by CD, a 255% increase in pERK was observed in ICD-4 vs. 10% CD 

constructs after 3 weeks of CD.  Papakrivopoulou et al. have shown that pERK 
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elevation correlated with collagen expression in cardiac fibroblasts adhered to 

distensible membranes when subjected to CD (29); this is consistent with our results 

showing elevated pERK and increased collagen deposition per cell for HDF constructs 

subjected to ICD-4. While our results are consistent with adaptation to CD, which is 

mitigated with ICD, it is recognized that there are other possible explanations for these 

results besides invoking adaptation. For example, if the collagen produced by the cells 

becomes increasingly less susceptible to degradation when stretched (36), the collagen 

concentration in the ICD constructs should be greater than the 10% CD constructs, as is 

the case. Even if the beneficial effect of constant CD and incremental CD is directly 

connected to cell metabolism via ERK signaling, it is still unknown whether the 

mechanism is due to cyclic mechanical strain of the cells or altered transport of 

biomolecules through the tissue during its transient compression (37). Regardless of the 

mechanism, the application of CD generally and incremental CD specifically can be 

used to improve mechanical and biochemical properties and structural organization of 

tissue-engineered tubular constructs, which has direct relevance to the fabrication of 

vascular and heart valve constructs using bioreactors that apply controlled stretching.  

 

2.5: Materials and Methods 
 
2.5.1: Cell culture 
 

Porcine valve interstitial cells (PVIC) were isolated from porcine aortic valve 

leaflets (generously donated by experimental surgical services (ESS) at the University 

of Minnesota) by a 30 min enzymatic digestion with 1 mg/mL collagenase and 0.5 

mg/mL elastase. PVIC were cultured in DMEM/F12 culture medium (Gibco) 
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supplemented with 10% fetal bovine serum (FBS, Hyclone), 100 U/ml penicillin, and 

100 µg/ml streptomycin. Cells were incubated at 37ºC in 100% humidity and 5% CO2. 

Cells were passaged at 80-90% confluency and harvested for use from passage 5-8. 

Neonatal human dermal fibroblasts (HDFs, Clonetics) were maintained in 

DMEM/F12 supplemented with 10% FBS,100 U/ml penicillin, 100 µg/ml streptomycin, 

and 2.5 µg/ml amphotericin-β. Cells were passaged at 100% confluency and harvested 

for use from passage 7-9. 

 
2.5.2: Tubular construct preparation and culture 
 

A cell-seeded fibrin gel was molded by mixing cells suspended in DMEM into a 

solution of bovine fibrinogen (Sigma) in 20mM HEPES-buffered saline.  A mixture of 

bovine thrombin (Sigma) and calcium chloride in DMEM was then added to the 

suspension.  All components were at room temperature.  For PVIC constructs, final 

concentrations were 3.3 mg/ml fibrinogen, 0.2 U/ml thrombin, 1.8 mM Ca++, and 

500,000 cells/ml. For HDF constructs, final concentrations were 6.6 mg/ml fibrinogen, 

0.4 U/ml thrombin, 3.6mM Ca++, and 500,000 cells/ml. Suspensions were mixed well 

by trituration and injected into tubular molds comprised of a Teflon mandrel centered in 

a polypropylene casing. 

The molds were then placed vertically in an incubator for 30 min. After gelation, 

the casing was removed and the constructs were placed horizontally in culture medium. 

PVIC constructs were cultured in 50:50 DMEM/F12 supplemented with 10% FBS, 100 

U/ml penicillin, 100 µg/ml streptomycin, 1 ng/ml TGF-β, 2 µg/ml insulin, 50 µg/ml 

ascorbic acid and 2 mg/ml ε-aminocaproic acid. HDF constructs were cultured in 

DMEM supplemented with 10% FBS, 100 U/ml penicillin, 100  µg/ml streptomycin, 2 
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µg/ml insulin, 50 µg/ml ascorbic acid and 2.5 µg/ml amphotericin-β. Initially, the 

constructs had an internal diameter of 8 mm, a thickness of 3.8 mm, and a length of 

12.5 mm. Constructs were cultured for 2 weeks after which they were transferred to the 

CD bioreactor. This allowed for cell-mediated fibrin compaction and initial ECM 

deposition so that the constructs could withstand transfer to the bioreactor.    

 

2.5.3: CD Bioreactor 
 
 Constructs were transferred onto a distensible mandrel in a custom built 

bioreactor described previously (7). In brief, the distensible mandrel was a thin latex 

tube (Kent Elastomer). One end of the tube was closed with a polycarbonate stopper 

using epoxy sealant, while the other end was connected to an in-house air line regulated 

by a pressure regulator. The frequency and duty of the air cycle were controlled by a 

solenoid valve connected downstream of the pressure regulator. Digital images were 

taken of the latex tube at different inlet air pressures and a pressure-diameter correlation 

was recorded, which was used to set the maximum strain for each experiment. For all 

studies, a frequency of 0.5 Hz with 12.5% duty cycle was used, corresponding to a 0.25 

sec stretch time in a 2 sec cycle period. For CD experiments, a strain amplitude of 2.5%, 

5%, 10%, 15% or 20% was applied to constructs for 3 weeks. For ICD experiments, the 

strain amplitude was incremented from 5% to 15% in 2 and 4 equal time steps over the 

3 week (Fig. 1). 70% of the medium in the CD bioreactor was changed 3 times per 

week. 
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After harvest, each construct was divided into 3 equal length sections for tensile testing 

followed by biochemical analysis, DNA quantification, and histology or protein 

extraction.  

 
2.5.4: Uniaxial Tensile Testing 
 

One-third strip of a construct was tested for uniaxial properties in the 

circumferential direction.  The thickness was measured using a 50 g-force probe 

attached to a displacement transducer.  Tissue strips were then placed in compressive 

grips, attached to the actuator arm and load cell of a Microbionix (MTS Systems) and 

straightened with a load of 0.005 N.  This position was used as the reference length of 

the strip.  Following 6 cycles of 0-10% strain at 2 mm/min, constructs were stretched to 

failure. True strain was calculated based on the change in length of the tissue over time. 

The stress was calculated as force divided by the initial cross sectional area.  Young’s 

modulus (E) was determined by linear regression of the stress-strain curve.  

 
2.5.5: Histology 
 

Constructs for histology were fixed in 4% paraformaldehyde, infiltrated with a 

solution of 30% sucrose and 5% DMSO, frozen in OCT (Tissue-Tek), and sectioned 

into 9 µm cross-sections. Sections were stained with Lillie’s Trichrome and Picrosirius 

red. Images were taken at 10x using a color CD camera. For Picrosirius red, images 

were taken with the samples placed between crossed plane polarizers. 

 

2.5.6: Collagen and Cell quantification 
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Collagen content was quantified by the hydroxyproline assay (19). Sample 

volume was calculated using the measured length, width, and thickness of the strips.  

Collagen concentrations were calculated as the amount per unit volume in each sample 

assuming 7.7 mg collagen per mg hydroxyproline. 

DNA content was quantified with a modified Hoechst assay (19). Cell numbers 

were obtained from DNA contents assuming 7.6 pg of DNA per cell .  Cell 

concentrations were calculated as the number of cells per unit volume using the 

dimensions of the strip. 

 

2.5.7: Protein Extraction 
 

For each condition, tissue was pooled from two constructs and rinsed with 

phosphate buffered saline (PBS). The tissue was then disrupted by sonication in ice-

cold lysis buffer (25 mM Tris pH 7.4, 225 mM NaCl, 25 mM NaF, 5% glycerol, 0.5% 

NP-40, 0.025% sodium deoxycholate, 1 mM EDTA, 2 mM NaVO4, 1 µg/ml aprotinin, 

pepstatin, and leupeptin). The soluble lysate was isolated by centrifugation and the 

protein concentration was determined by BCA assay (Pierce).  

 

2.5.8: Western Blot 
 

For each sample, 20 µg of total protein was boiled in reducing sample buffer and 

separated by SDS-PAGE. Protein was transferred to nitrocellulose (Whatman) using 

wet transfer buffer (10% methanol, 2.2 g/L CAPS, pH 11). The blot was incubated in 

blocking solution (5% dry milk, 0.1% Tween-20 in PBS) for one hour and then 

incubated with primary rabbit polyclonal phospho-ERK antibody (p-Thr202/p-Tyr204, 
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Calbiochem, 1:2500) overnight at 4°C. The blot was then probed with HRP-conjugated 

secondary anti-rabbit IgG (Amersham) at a dilution of 1:10000 and developed using 

enhanced chemiluminescence. The blot was then stripped of antibodies using Restore 

Plus (Pierce) and re-probed using rabbit polyclonal ERK1/2 antibody (Calbiochem, 

1:2500). The pERK to total ERK ratio was determined by densitometry of scanned 

autoradiograms. 

 
2.5.9: Statistics 
 
 For each group of constructs, a subset was randomly chosen as the paired static 

controls, which were mounted in the bioreactor but not subjected to CD (n = 5-8). The 

remaining constructs were subjected to CD as described (n = 5-8).  The mean of the 

measurements obtained from the static controls were used to normalize the paired CD 

constructs so that results could be compared from different experiments, where 

variability in the control values occurred. The controls value of 1 ± stdev in Figs. 1 and 

2 represents the mean of all normalized control values from all experiments. Statistical 

difference between groups was determined using one-way ANOVA using SPSS 

software for Windows. Levene’s test was used for homogeneity of population variances 

amongst groups. If the test was significant (p <0.05), post hoc analysis was done using 

Games-Howell procedure, which does not assume equal variance between groups. 

Otherwise the Schieffe method was used. In all cases where the error bars (plus or 

minus standard deviation) are non-overlapping, the differences are significant; hence, 

for clarity, no symbols are used. In cases where error bars are overlapping and the 

difference is statistically significant, paired symbols are used to indicate the difference. 
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Any reference to a difference in the Results and Discussion implies statistical 

significance at the level p < 0.05.    

 

 

 

 



   52 

 

2.6: References 
 
1. Butler, D. L., Goldstein, S. A., Guilak, F. (2000) Functional tissue engineering: 

the role of biomechanics. J Biomech Eng 122, 570-575. 
2. Freed, L. E., et al. (2006) Advanced tools for tissue engineering: scaffolds, 

bioreactors, and signaling. Tissue Eng 12, 3285-3305. 
3. Jeong, S. I., et al. (2005) Mechano-active tissue engineering of vascular smooth 

muscle using pulsatile perfusion bioreactors and elastic PLCL scaffolds. 
Biomaterials 26, 1405-1411. 

4. Solan, A., Mitchell, S., Moses, M., Niklason, L. (2003) Effect of pulse rate on 
collagen deposition in the tissue-engineered blood vessel. Tissue Eng 9, 579-
586. 

5. Hahn, M. S., et al. (2007) Physiologic pulsatile flow bioreactor conditioning of 
poly(ethylene glycol)-based tissue engineered vascular grafts. Ann Biomed Eng 
35, 190-200. 

6. Seliktar, D., Nerem, R. M., Galis, Z. S. (2003) Mechanical strain-stimulated 
remodeling of tissue-engineered blood vessel constructs. Tissue Eng 9, 657-666. 

7. Isenberg, B. C., Tranquillo, R. T. (2003) Long-term cyclic distention enhances 
the mechanical properties of collagen-based media-equivalents. Ann Biomed 
Eng 31, 937-949. 

8. Cummings, C. L., Gawlitta, D., Nerem, R. M., Stegemann, J. P. (2004) 
Properties of engineered vascular constructs made from collagen, fibrin, and 
collagen-fibrin mixtures. Biomaterials 25, 3699-3706. 

9. Seliktar, D., Black, R. A., Vito, R. P., Nerem, R. M. (2000) Dynamic 
mechanical conditioning of collagen-gel blood vessel constructs induces 
remodeling in vitro. Ann Biomed Eng 28, 351-362. 

10. Niklason, L. E., et al. (1999) Functional arteries grown in vitro. Science 284, 
489-493. 

11. Kim, B. S., Nikolovski, J., Bonadio, J., Mooney, D. J. (1999) Cyclic mechanical 
strain regulates the development of engineered smooth muscle tissue. Nat 
Biotechnol 17, 979-983. 

12. Isenberg, B. C., Williams, C., Tranquillo, R. T. (2006) Small-diameter artificial 
arteries engineered in vitro. Circ Res 98, 25-35. 

13. Hoerstrup, S. P., et al. (2000) New pulsatile bioreactor for in vitro formation of 
tissue engineered heart valves. Tissue Eng 6, 75-79. 

14. Hildebrand, D. K., Wu, Z. J., Mayer, J. E., Jr., Sacks, M. S. (2004) Design and 
hydrodynamic evaluation of a novel pulsatile bioreactor for biologically active 
heart valves. Ann Biomed Eng 32, 1039-1049. 

15. Mol, A., et al. (2005) Tissue engineering of human heart valve leaflets: a novel 
bioreactor for a strain-based conditioning approach. Ann Biomed Eng 33, 1778-
1788. 

16. Chester, A. H., Taylor, P. M. (2007) Molecular and functional characteristics of 
heart-valve interstitial cells. Philos Trans R Soc Lond B Biol Sci 362, 1437-
1443. 



   53 

 

17. Hoerstrup, S. P., et al. (2000) Functional living trileaflet heart valves grown in 
vitro. Circulation 102, III44-49. 

18. Grassl, E. D., Oegema, T. R., Tranquillo, R. T. (2002) Fibrin as an alternative 
biopolymer to type-I collagen for the fabrication of a media equivalent. J 
Biomed Mater Res 60, 607-612. 

19. Robinson, P. S., et al. (2007) Functional Tissue-Engineered Valves from Cell-
Remodeled Fibrin with Commissural Alignment of Cell-Produced Collagen. 
Tissue Eng. 

20. Isenberg, B. C., Williams, C., Tranquillo, R. T. (2006) Endothelialization and 
Flow Conditioning of Fibrin-Based Media-Equivalents. Ann Biomed Eng. 

21. Williams, C., Johnson, S. L., Robinson, P. S., Tranquillo, R. T. (2006) Cell 
sourcing and culture conditions for fibrin-based valve constructs. Tissue Eng 12, 
1489-1502. 

22. Grinnell, F., Ho, C. H. (2002) Transforming growth factor beta stimulates 
fibroblast-collagen matrix contraction by different mechanisms in mechanically 
loaded and unloaded matrices. Exp Cell Res 273, 248-255. 

23. Turner, C. H., Robling, A. G., Duncan, R. L., Burr, D. B. (2002) Do bone cells 
behave like a neuronal network? Calcified tissue international 70, 435-442. 

24. Li, Y. S., Haga, J. H., Chien, S. (2005) Molecular basis of the effects of shear 
stress on vascular endothelial cells. J Biomech 38, 1949-1971. 

25. Turner, C. H. (1998) Three rules for bone adaptation to mechanical stimuli. 
Bone 23, 399-407. 

26. Schriefer, J. L., et al. (2005) Cellular accommodation and the response of bone 
to mechanical loading. J Biomech 38, 1838-1845. 

27. Kim, C. H., et al. (2003) Trabecular bone response to mechanical and 
parathyroid hormone stimulation: the role of mechanical microenvironment. J 
Bone Miner Res 18, 2116-2125. 

28. Tang, L. L., Wang, Y. L., Pan, J., Cai, S. X. (2004) The effect of step-wise 
increased stretching on rat calvarial osteoblast collagen production. J Biomech 
37, 157-161. 

29. Papakrivopoulou, J., Lindahl, G. E., Bishop, J. E., Laurent, G. J. (2004) 
Differential roles of extracellular signal-regulated kinase 1/2 and p38MAPK in 
mechanical load-induced procollagen alpha1(I) gene expression in cardiac 
fibroblasts. Cardiovasc Res 61, 736-744. 

30. Lo, D., Vesely, I. (1995) Biaxial strain analysis of the porcine aortic valve. Ann 
Thorac Surg 60, S374-378. 

31. Ku, C. H., et al. (2006) Collagen synthesis by mesenchymal stem cells and 
aortic valve interstitial cells in response to mechanical stretch. Cardiovasc Res 
71, 548-556. 

32. Dayan, D., et al. (1989) Are the polarization colors of picrosirius red-stained 
collagen determined only by the diameter of the fibers? Histochemistry 93, 27-
29. 

33. Junqueira, L. C., Montes, G. S., Sanchez, E. M. (1982) The influence of tissue 
section thickness on the study of collagen by the Picrosirius-polarization 
method. Histochemistry 74, 153-156. 



   54 

 

34. Balguid, A., et al. (2007) The role of collagen cross-links in biomechanical 
behavior of human aortic heart valve leaflets--relevance for tissue engineering. 
Tissue Eng 13, 1501-1511. 

35. Grassl, E. D., Oegema, T. R., Tranquillo, R. T. (2003) A fibrin-based arterial 
media equivalent. J Biomed Mater Res A 66, 550-561. 

36. Ruberti, J. W., Hallab, N. J. (2005) Strain-controlled enzymatic cleavage of 
collagen in loaded matrix. Biochem Biophys Res Commun 336, 483-489. 

37. Chahine, N. O., et al. (2007) Effect of Dynamic Loading on the Transport of 
Solutes into Agarose Hydrogels. Biophysical Journal inpress. 

 
 
 
  



   55 

 

  
 
 
 
 
 
 
 
 
 
 
 

Figures 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

 
 
Figure 2-1: Tensile Mechanical Properties of Constructs Following CD. (a) Normalized UTS and 
(b) Normalized modulus (E). Values are normalized to paired static controls. In all cases where 
error bars are not overlapping, the means are significantly different (p<0.05); for groups with 
overlapping error bars, a significant difference (p<0.05) between means is shown with paired 
symbols. Inset shows schematic of CD and ICD regimens: CD, shown for 10% strain amplitude, 
ICD with 2 steps (ICD-2), the amplitude changed from 5%  10%  15%, and ICD with 4 steps 
(ICD-4), the amplitude changed from 5%  7.5%  10%  12.5%  15%. 



   56 

 

 

 

 
 
Figure 2-2: Composition of PVIC Constructs Following CD. (a) Normalized collagen concentration, 
(b) Normalized cell concentration, and (c) Normalized collagen concentration/cell concentration. 
See Fig. 1 regarding statistical significance. 



   57 

 

 
 
Figure 2-3: Time course of HDF Constructs During CD. (a) UTS and, (b) Collagen concentration. 
See Fig. 1 regarding statistical significance. 
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Figure 2-4: Histology of Constructs Following CD. Lillie’s Trichrome-stained sections of static 
control samples (a-d,m) for corresponding CD samples (e,f,n-p). Picrosirius red-stained sections for 
static control samples (g-j,r) for corresponding CD samples (k,l,s-u). For comparison, stained 
sections of porcine carotid artery, Trichrome (q) and Picrosirius red (v) are also shown. All images 
were acquired at the same magnification with 100 µm scale bar shown in (a) and (m). 
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Figure 2-5: Western Blot for ERK 1/2 Activation Following CD. 
(a) 20 µg protein was analyzed by Western Blot for levels of total (tERK) and threonine 
202/tyrosine204 phosphorylated (pERK) ERK 1/2. Protein was isolated from control, 
10% CD, and ICD-4 constructs following 3 weeks CD. Bands appear at 42/44 kD. (b) 
Band intensity was determined by densitometry and expressed as the ratio of pERK and 
tERK, normalized to the control value. Ranges for two blots are shown. 
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Table 2.1: UTS and Modulus (E) of fibrin constructs subjected to CD paired static 

controls. (*) indicate significant difference (p<0.05) between CD and paired static 

controls. 

 
 

            UTS ± stdev 
(kPa) 

       Modulus ± stdev 
(kPa) 

2.5% CD 1188 ± 637   5610 ± 2364 
2.5% Controls 1064 ± 272   5280 ± 884 
5% CD   758 ± 68   4478 ± 896 
5% Controls   673 ± 103   3638 ± 541 
10% CD   923 ± 113*   5267 ± 972* 
10% Controls   714 ± 66   3302 ± 417 
15% CD 1112 ± 126*   4706 ± 416* 
15% Controls   758 ± 228   3235 ± 894 
ICD-2  2500 ± 261* 12733 ± 1698* 
ICD-2 Controls 1359 ± 190   6865 ± 906 
ICD-4 2295 ± 467* 11407 ± 2867* 
ICD-4 Controls   789 ± 408   4428 ± 2339 
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 Collagen ± stdev 
(mg/ml) 

Cell ± stdev 
(million cells/ml) 

Collagen/Cell ± stdev
(ng/cell) 

2.5% CD 22.2 ± 8.7 220 ± 65 0.11 ± 0.05 
2.5% Controls 25.6 ± 1.8 243 ± 30 0.11 ± 0.02 
5% CD 15.6 ± 3.0 131 ± 28 0.12 ± 0.01 
5% Controls 16.4 ± 4.8 109 ± 21 0.15 ± 0.03 
10% CD 18.2 ± 5.9 133 ± 21 0.14 ± 0.06 
10% Controls 16.4 ± 4.8 102 ± 21 0.15 ± 0.03 
15% CD 27.4 ± 5.0* 308 ± 66* 0.09 ± 0.02 
15% Controls 21.3 ± 2.6 210 ± 77 0.11 ± 0.02 
ICD-2  46.6 ± 5.9* 290 ± 21 0.16 ± 0.01* 
ICD-2 Controls 30.1 ± 2.3 260 ± 47 0.12 ± 0.02 
ICD-4 41.3 ± 5.3* 204 ± 70 0.21 ± 0.05* 
ICD-4 Controls 23.9 ± 5.3 211 ± 39 0.12 ± 0.02 
 

Table 2.2: Collagen concentration, cell concentration and collagen per cell in fibrin 

constructs subjected to CD with paired static controls. (*) indicate significant difference 

(p<0.05) between CD and paired static controls. 
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Chapter 3: TGF-β leads to diminished collagen production via decreased pERK 
during long-term cyclic stretching of engineered connective tissue 
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3.1: Summary 
 
Completely biological tissue-engineered vascular and valve grafts would be ideal tissue 

replacements. Prior to implant, these grafts must have compliance comparable to native 

tissue for appropriate function as well as sufficient strength to withstand physiological 

forces. Growth factors like TGF-β and cyclic stretching have been used to enhance 

extracellular matrix (ECM) production by cells in engineered tissue. In this study, the 

effects of TGF-β were evaluated during long-term culture of fibrin-based tubular 

constructs (TC) seeded with neo-human dermal fibroblast (nHDF) under cyclic 

stretching. TC were evaluated at 2, 5 and 7 weeks for tensile mechanical properties and 

ECM deposition. At 2 weeks, +TGF-β samples had 101% higher collagen concentration 

but no difference in UTS/modulus compared to –TGF-β samples. At weeks 5 and 7, –

TGF-β samples had higher UTS/modulus and collagen concentration, but lower elastin 

concentration compared to +TGF-β samples. The collagen was better organized in –

TGF-β samples as seen with picrosirius red stain. Western blot analysis at week 5 

showed increased phosphorylation of ERK in –TGF-β samples, which correlated with 

higher collagen deposition. We further hypothesized a role for down stream protein 

signals of TGF-β activation. The TGF-β effects were evaluated by western blot for 

αSMA and SMAD2/3 expression, which were 16-fold and 10-fold higher in +TGF-β 

samples. One advantage of TGF-β treatment was a 4-fold higher elastin deposition in 

TC at 7 weeks.  Further cyclic stretching experiments were conducted with constructs 

cultured for 5 weeks without TGF-β to obtain improved tensile properties followed by 

TGF-β supplementation for two weeks to enhance elastin content. This study shows that 
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the short-term benefits of TGF-β in nHDF-seeded engineered tissue do not translate 

with long-term cyclic stretching. However, an optimized approach can be used to 

engineer tissue with desirable tensile and elastic properties.  
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3.2: Introduction 
 
 Cardiovascular disease is the leading cause of death in Western countries with 

over 450,000 coronary bypass and 95,000 valvular replacement surgeries performed 

annually in the United States alone (1). Tissue-engineered vascular and valvular grafts 

have been proposed as a promising solution for replacement surgery (2, 3). Under 

physiological cyclic loading, both tensile and elastic properties are important for in vivo 

success of engineered tissue constructs. Mechanical conditioning (primarily stretching) 

has been studied both for vascular and valvular graft as a mean to improve tensile 

properties of engineered tissue prior to implantation (4). Growth factors like TGF-β 

have also been shown to improve collagen (5-7) and elastin (8-10) deposition, which are 

major components that provide tensile and elastic properties, respectively.  

 To date, most studies on the effects of TGF-β, whether with native or 

engineered tissue or a 2D culture of cells, have been limited to short duration (several 

days up to 3 weeks). These studies are meaningful to understand the short-term 

response of cells to growth factors. However, tissue engineering requires long-term 

culture (often greater than 5 weeks) with additional mechanical stimulus like cyclic 

stretching to develop the desired tissue mechanical and organizational properties. To 

date, no studies have investigated the translation of the short-term effects of TGF-β into 

long-term tissue development.   

TGF-β treatment of fibroblasts generally leads to transformation of the cells into 

alpha-smooth muscle actin (αSMA)-expressing myofibroblasts, with enhanced collagen 

production. In both native and engineered tissue, higher αSMA expression and collagen 

synthesis have been reported after 2-3 weeks (5, 11). For a tissue-engineered construct, 
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the organization of the deposited collagen is equally important in order to attain the 

desired tensile properties. Several studies have looked at the effects of transformation of 

fibroblasts to myofibroblasts on collagen cross-linking and organization (12, 13) 

In our previous study, we showed that incremental strain amplitude cyclic 

stretching (ICS) of fibrin-based engineered tissue with neonatal human dermal 

fibroblast (nHDF) led to significantly higher UTS and modulus compared to traditional 

constant strain amplitude cyclic stretching (14). We also demonstrated that higher 

collagen deposition in the ICS samples correlated with enhanced phosphorylation of 

ERK1/2. Regulation of other signaling proteins like SMAD-2 (15, 16), Akt (17, 18) and 

p38 (18, 19) have also been shown to be important for collagen and elastin expression 

by fibroblasts. Hence, in this study we also investigated the activation of ERK1/2 and 

SMAD-2 to understand their role in the remodeling of fibroblast-seeded fibrin gel.  

Understanding the long-term effects of mechanical or chemical conditioning are 

important for advancements in tissue engineering. In our previous study, we proposed 

that cells can adapt to mechanical stimuli when applied over a long culture period. We 

showed that step-wise increase in the strain magnitude during cyclic stretching over 

long-term culture apparently overcame adaptation and led to increased tensile properties 

and collagen deposition (14). A similar concept has been published by Rubbens et al, 

demonstrating that intermittent cyclic stretch led to better engineered tissue than 

constant cyclic stretch (20).  

This study was conducted to understand the long-term effects of TGF-β during 

cyclic stretching of tubular constructs seeded with nHDF in fibrin gel. We examined the 

effects of TGF-β on collagen and elastin deposition and cell proliferation after 2 weeks 
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of static culture. The constructs were then mounted in a cyclic distension bioreactor and 

conditioned for 3-5 weeks. Studies were conducted both in the presence and absence of 

TGF-β for the entire duration. In addition, subsequent studies were conducted to 

optimize the duration of stretching and TGF-β supplementation to fabricate a tissue 

with elastin as well as physiological UTS and modulus.  

 

3.3: Results 

Experiments were conducted with tubular constructs (TC) as described 

previously (14). After casting, TC were statically incubated for 2 weeks to allow for gel 

compaction and remodeling that facilitate bioreactor loading. All experiments were 

conducted under ICS conditioning. Here onwards, TC cultured in medium 

supplemented with TGF-β are referred to as +TGF-β and TC cultured in the absence of 

TGF-β are referred to as –TGF-β. All difference mentioned in the results and discussion 

are based on a significance level of p<0.05.  

 

3.3.1: TGF-β supplemented samples possessed inferior mechanical properties 

TC were evaluated after 2 weeks of static culture, when they were mounted in 

the bioreactor, and after 3 and 5 weeks of ICS (corresponding to 5 and 7 week of total 

culture time). As shown in Fig. 1a&b, at 2 weeks, there was no difference in tensile 

properties of TC with or without TGF-β, even though +TGF-β  samples have 101% 

higher collagen concentration (Fig. 1c). By week 5, both UTS and modulus were 

significantly higher for -TGF-β samples and by week 7, the UTS and modulus were 
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192% and 107% higher for -TGF-β samples. In addition, the UTS (1382±298 kPa) and 

modulus (2508±595 kPa) were comparable to sheep pulmonary valve leaflet properties, 

also measured in the circumferential (aligned collagen) direction (UTS = 1472±445 

kPa, modulus = 3221±711 kPa).  

 

3.3.2: Improvement in mechanical properties of -TGF-β samples correlated with 

increased collagen deposition and organization. 

 Collagen was visualized in TC by trichrome staining and qualitatively assessed 

for organization using picrosirius red staining. Figure 2 shows trichrome and picrosirius 

staining under polarized light of samples at 2, 5 and 7 weeks. Both at weeks 5 and 7, the 

picrosirius red stain is brighter for –TGF-β compared to +TGF-β samples. In trichrome 

staining, green color indicates collagen which is visible in all TC cross-sections at 5 and 

7 weeks.  

Collagen was quantified by hydroxyproline assay (Fig. 1c). At 2 weeks, +TGF-β 

samples had 101% higher collagen concentration (2.85±0.2 mg/ml). However, at 5 and 

7 weeks, –TGF-β samples had a 49% and 74% higher collagen concentration, 

respectively (18.7±2.4 mg/ml and 32.6±6.8 mg/ml). In comparison, the native leaflet 

tissue had a collagen concentration of 37.8±8.4 mg/ml, which was not different from –

TGF-β samples at 7 weeks.  

 Cellularity of TC was quantified by DNA assay. Figure 1e shows the cell 

density, which showed no difference between treatment groups at both weeks 5 and 7. 



   69 

 

Hence, at 7 weeks, there was a greater collagen deposited per cell (by 66%) in -TGF-β 

samples compared to +TGF-β samples (Fig. 1f).   

 

3.3.3: TGF-β increased elastin deposition by the nHDF 

 As shown in fig. 1d, after 5 and 7 weeks, elastin content was 45% (0.07±0.01 

mg/ml) and 366% (0.18±0.04 mg/ml) higher in +TGF-β samples respectively, 

compared to –TGF-β samples.  

 

3.3.4: TGF-β increased αSMA expression and phosphorylation of SMAD-2 

 Figure 3a shows a western blot for αSMA expression in TC at week 5. All 

+TGF-β samples showed a 16-fold higher αSMA expression when compared to -TGF-β 

samples. Upon harvest, +TGF-β samples coiled, a behavior not seen in -TGF-β samples 

(Fig. 3b).  

 Western blotting revealed a 10-fold higher expression of pSMAD-2 in +TGF-β 

samples at week 5 compared to –TGF-β samples (Fig. 4a). The results show that the 

TGF-β dose administered to the TC had induced both phenotypic (αSMA-expressing 

cells) and signaling changes (increased pSMAD-2 expression).  

  

3.3.5: TGF-β  decreased phosphorylation of ERK1/2 

 Samples from week 5 were further tested for phosphorylation of ERK1/2. The 

pERK1/2 signal was 70% higher in the -TGF-β samples compared to +TGF-β samples 
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(Fig. 4b). These findings are consistent with previously published studies that showed 

that a higher collagen production by fibroblast correlates with higher pERK1/2 signal in 

fibroblast (14, 21).    

  

3.3.6: Sequential cyclic stretching and TGF-β supplementation leads to both 

improved mechanical properties and increased elastin deposition 

 The aforementioned results demonstrated strong evidence that TGF-β 

supplementation is detrimental to long-term growth and remodeling of engineered tissue 

during cyclic stretching, leading to inferior tensile properties. However, experiments 

also showed that TGF-β is beneficial for elastin deposition, which is an important ECM 

component of native tissue. Hence, subsequent experiments were conducted to combine 

superior tensile properties of TC with enhanced elastin deposition by adding TGF-β at a 

late time-point, specifically at week 5. The subset with this treatment is denoted as the 

∗TGF-β group.   

 Figure 5 shows enhanced elastin deposition in the 7 week samples that were 

treated with TGF-β only for the last 2 weeks of culture. Compared to -TGF-β samples 

at 7 weeks, the ∗TGF-β samples had 4-fold higher elastin, which corresponds to an 

elastin concentration (0.19±0.1 µg/ml) 10% of native tissue (1.8±0.4 µg/ml). Elastic 

fibers were observed in the ∗TGF-β samples using Verhoeff and elastin immuno-

staining (Fig. 6). Tensile testing, biochemical analysis, trichrome and picrosirius red 

staining showed no decrease in tensile properties and collagen concentration by 

changing conditions from -TGF-β to +TGF-β for the last 2 weeks of culture.   
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3.4: Discussion 

 Functional cardiovascular tissue-engineered constructs require both mechanical 

strength to withstand physiological forces and elasticity for functional performance. The 

purpose of this study was to evaluate the effects of TGF-β in long-term culture of 

fibrin-based tubular constructs seeded with neonatal human dermal fibroblasts, under 

incremental cyclic stretching (ICS) conditions. The results showed that addition of 

TGF-β initially promoted collagen deposition, as seen after 2 weeks of static culture. 

However, for longer culture times, which are required to attain the desired tensile 

properties of cardiovascular engineered tissue, the omission of TGF-β was more 

favorable for better tensile properties, collagen deposition and maturation. After 7 

weeks of culture with ICS, tensile mechanical properties and collagen content were 

comparable to that of native pulmonary leaflet tissue (used as native control in this 

study for relevance to tissue engineered heart valve, (22)). The higher collagen content 

in –TGF-β samples correlated with a higher expression of pERK1/2. One major benefit 

of using TGF-β was the enhanced elastin production by cells. Hence, subsequent 

experiments were conducted where tissue samples were incubated without TGF-β for 5 

weeks followed by the addition of TGF-β to induce elastin production for the last 2 

weeks of cyclic stretching. The sequential approach produced tissue with substantial 

elastin (10% of native tissue) as well as comparable tensile mechanical properties.  

 The most relevant study for comparison was conducted by Grouf et al, also 

seeding nHDF in fibrin gel formed as hemispherical constructs adherent to underlaying 
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tissue culture plastic (5). They found that after 3 weeks of static culture with TGF-β 

there was a 33% increase in collagen content compared to –TGF-β treated samples. The 

results by Grouf et al at 3 weeks are similar to our findings (Fig. 1c), as +TGF-β 

samples had 101% higher collagen after 2 weeks. However, in our experiments using 

cyclic stretching to promote tissue growth, after 5-7 weeks, the –TGF-β samples 

developed better mechanical properties (Fig 1a,b), more deposited collagen (Fig. 1c) 

and more mature collagen (Fig. 2). Our findings are consistent with previously 

published short-term studies and provide new insight into long-term culture using cyclic 

stretching. To further explore the long-term culture effects of TGF-β, we examined the 

phenotypic transformation of fibroblasts to myofibroblasts, which potentially influences 

cell-matrix interactions and there by effect maturation of deposited collagen; and the 

activation of the intercellular signaling proteins ERK1/2 and SMAD-2, which regulate 

important pathways involved in the production and organization of major ECM proteins 

like collagen and elastin.   

 An important difference between +TGF-β and –TGF-β samples was the 

maturation of collagen as indicated by picrosirius red staining. In Fig. 2, picrosirius 

strain showed brighter staining in –TGF-β samples at both weeks 5 and 7. Others have 

shown that alginate gel seeded with nHDF and treated with TGF-β had lower 

crosslinking of collagen compared to –TGF-β samples (13). Though crosslinking was 

not directly measured in this study, the results of picrosirius red staining indicate similar 

crosslinking differences. Balguid et al have shown a strong correlation between 

intensity of picrosirius red stain and crosslinking in collagen matrix (23).  
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TC at week 5, corresponding to 3 weeks of ICS, were analyzed for αSMA, 

pSMAD-2, and pERK1/2 signal using the western blotting technique. +TGF-β samples 

had 16-fold higher expression of αSMA. The collagen maturation difference as seen 

with picrosirius red staining could potentially be related to fibroblasts transformation to 

myofibroblasts in the presence of TGF-β. Myofibroblasts, which have a stiffer cyto-

skeleton, may prevent further crosslinking of collagen to maintain tensional 

homeostasis between the cell and the surrounding matrix. The cell-matrix stiffness has 

been studied by Karamichos et al, who varied the matrix stiffness of collagen gel and 

measured the traction force of nHDF (24). They found reduced traction force with 

increased gel stiffness. Translating their results to our study, cells in +TGF-β samples, 

having higher αSMA expression and exhibiting tissue retraction at week 5 (Fig. 4), 

should exit in a less stiff matrix (less mature collagen and lower modulus), while cells 

in –TGF-β samples should be in homeostasis with a more stiff matrix (more mature 

collagen and higher modulus).  

 One of the downstream signaling proteins of TGF-β treatment is SMAD-2 (15, 

16). Western blot analysis showed a large increase in phosphorylation of SMAD-2 in 

TGF-β samples (Fig. 5a). Phosphorylation of ERK1/2 in contrast, was increased in –

TGF-β TC (Fig 5b). In a study by Papakrivopoulou et al, it was shown that pERK1/2 

signal when subjecting cardiac fibroblast to cyclic stretching was obligatory for 

increased collagen expression (21). Though activation of SMAD-2 has not been shown 

to have a direct inhibition effect on ERK1/2 phosphorylation, there are other 

downstream proteins in the TGF-β activation pathway that can inhibit phosphorylation 

of ERK1/2, such as p38 (19). In addition, the study by Papakrivopoulou et al showed 
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that activated p38 inhibited phosphorylation of ERK1/2. Further evidence of p38 

activation can be deduced from higher elastin expression in +TGF-β samples. A study 

demonstrated that activation of p38 leads to a stabilization of elastin mRNA (25). 

Though evidence presented in this study suggests that downstream signaling proteins in 

the TGF-β pathway can explain the observed differences in tissue development,  further 

studies are required to fully understand cellular signals and there role in tissue 

development.  

 Functional tissue-engineered constructs require mechanical stiffness, strength, 

and elasticity. This study showed that while TGF-β can lead to enhanced elastin 

production, it is detrimental to the development of engineered tissue when using long-

term cyclic stretching. However, this study also demonstrated that use of TGF-b 

following extended cyclic stretching in the absence can yield both physiological UTS 

and modulus and substantial elastin content. A similar sequential approach to use of 

mechanical and chemical stimuli has been studied for bone cells by Lima et al (26). 

This study demonstrates a rationalized approach to maximize the benefits of mechanical 

(cyclic stretching) and chemical (TGF-β) stimuli that can be applied to engineered 

connective tissue and potentially improved by optimized regimens for both.  

  

 

3.5: Materials and Methods 

3.5.1: Cell culture 

Neonatal human dermal fibroblasts (nHDFs, Clonetics) were maintained in 

DMEM/F12 culture medium (Gibco) supplemented with 10% FBS,100 U/ml penicillin, 
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100 µg/ml streptomycin, and 2.5 µg/ml amphotericin-β. Cells were passaged at 100% 

confluency and harvested for use from passage 7-9. 

 

3.5.2: Tubular construct (TC) preparation and culture 

A cell-seeded fibrin gel was molded by mixing cells suspended in DMEM into a 

solution of bovine fibrinogen (Sigma) in 20mM HEPES-buffered saline.  A mixture of 

bovine thrombin (Sigma) and calcium chloride in DMEM was then added to the 

fibrinogen/cell mixture.  The final concentrations of the suspension were 6.6 mg/ml 

fibrinogen, 0.4 U/ml thrombin, 3.6mM Ca2+, and 500,000 cells/ml. Suspensions were 

well-mixed by pipette action and injected into a tubular molds. The details of the 

experiment have been previously described (14). Constructs were cultured in DMEM 

media supplemented with 10% FBS, 100 U/ml penicillin, 100  µg/ml streptomycin, 2 

µg/ml insulin, 50 µg/ml ascorbic acid, 2.5 µg/ml ε-amphotericine-β, and 1 ng/ml TGF-β 

(for TGF-β samples only). Constructs were cultured for two weeks, after which they 

were transferred to the CD bioreactor. This two-week culture period allowed for cell-

mediated fibrin compaction and initial ECM deposition so that the constructs could 

withstand the transfer to the bioreactor.    

 

 

 

3.5.3: CD Bioreactor 

 Constructs were transferred onto a distensible mandrel in a custom built 

bioreactor described previously in detail (27). Briefly, a distensible mandrel was 
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constructed using a thin-walled latex tube (Kent Elastomer, Kent, OH). One end of the 

latex tube was closed with a polycarbonate stopper using epoxy sealant, while the other 

end was connected to an in-house air line, which was controlled by a pressure regulator. 

The frequency and duty of the air cycle were controlled by a solenoid valve connected 

downstream of the pressure regulator. For all studies, a frequency of 0.5 Hz with 12.5% 

duty cycle was used, corresponding to 0.25 sec stretch time in a 2 second cycle period. 

CD experiments were conducted with strain amplitude increased in 4 equal steps from 

5% to 15% over 5 weeks. The medium in the CD bioreactor was changed 3 times per 

week with only 70% of the medium replaced.  

 For the ∗TGF-β treated group, after 3 weeks of cyclic stretching at week 5, the 

media conditions was altered to include TGF-β and remove ascorbic acid. 

 After harvest, each construct was divided into four equal-length sections, one for 

uniaxial tensile testing followed by biochemical analysis, and the others for western 

blotting, DNA quantification, and histology.  

 

3.5.4: Uniaxial Tensile Testing 

One fourth strip of a construct was tested for uniaxial properties in the 

circumferential direction.  The thickness of each strip was measured using a 50 g-force 

probe attached to a displacement transducer.  Tissue strips were placed in compressive 

grips, attached to the actuator arm and load cell of a Microbionix material testing 

system (MTS system, Eden Prairie, MN) and straightened with a load of 0.005 N.  This 

position was used as the reference length of the strip.  Following 6 cycles of 0-10% 

strain at 2 mm/min, constructs were stretched to failure. True strain was calculated 
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based on the change in length of the tissue over time. The stress was calculated as force 

divided by the initial cross sectional area.  Young’s modulus (E) was determined by 

linear regression of the stress-strain curve.  

 

3.5.5: Histology 

Constructs for histology were fixed in 4% paraformaldehyde, infiltrated with a 

solution of 30% sucrose and 5% DMSO, frozen in OCT (Tissue-Tek), and sectioned 

into 9 µm cross-sections. Sections were stained with Lillie’s trichrome, Verhoeff’s stain 

and picrosirius red. Images were taken using a color CCD camera. For Picrosirius red 

staining, images were taken with the samples placed between crossed plane polarizers. 

Elastin immuno-staining was performed by blocking tissue section slides with 

5% donkey serum, followed by elastin antibody (Elastin Inc) at 1:200 dilution and 

secondary cye2 antibody (Jackson Immuno Inc) at 1:200 dilution. The images were 

taken on a florescent microscope in rodamine channel. For all staining, sheep 

pulmonary valve leaflet was used as a positive control.  

 

3.5.6: Collagen and Cell quantification 

Collagen content was quantified with the hydroxyproline assay (22). Sample 

volume was calculated using the measured length, width, and thickness of the strips (as 

described above in uniaxial testing).  Collagen concentrations were calculated as the 

amount per unit volume in each sample. 

DNA content was quantified with a modified Hoechst assay (22). Cell numbers 

were obtained from DNA contents assuming 7.6 pg of DNA per cell. Cell 
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concentrations were calculated as the number of cells per unit volume using the 

dimensions of the strip. 

 

3.5.7: Western Blotting Analysis 

Samples were flash frozen in liquid nitrogen at harvest. The proteins were 

extracted as previously described (14). For each sample, 40 µg of total protein was 

boiled in a reducing sample buffer and separated by SDS-PAGE. The proteins were 

transferred to nitrocellulose (Whatman) using a wet transfer buffer (10% methanol, 2.2 

g/L CAPS, pH 11). The blot was incubated in blocking solution (5% dry milk, 0.1% 

Tween-20 in PBS) for one hour and then incubated with respective primary antibody 

overnight at 4ºC (mouse monoclonal phospho-ERK antibody p-Thr202/p-Tyr204, Cell 

Signaling, 1:1000, rabbit monoclonal phosphor-SMAD2 antibody p-Ser465/467, Cell 

Signaling, 1:1000). The blot was then probed with HRP-conjugated secondary anti-IgG 

(Amersham) at a dilution of 1:10000 and developed using enhanced 

chemiluminescence. The blot was then stripped of antibodies using Restore Plus 

(Pierce) and re-probed using a primary antibody for the respective proteins (rabbit 

polyclonal ERK antibody, Cell Signaling, 1:1000, rabbit polyclonal SMAD2/3 

antibody, Cell Signaling, 1:1000). The phosphorylated protein to total protein ratio was 

determined by densitometry of scanned auto-radiograms. 

 

3.5.8: Statistics 
 
 For all experiments, n= 6-8 for each treatment and time point was used. The 

statistical difference between groups was determined using one-way ANOVA with 
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Tukey post hoc test in GraphPad Prism® software for Windows. In all cases where the 

error bars (plus or minus standard deviation) are non-overlapping, the differences are 

found to be significant; hence, for clarity, no symbols are used. In cases where error 

bars are overlapping and the difference is statistically significant, paired symbols are 

used to indicate the difference. Any reference to a difference in the Results and 

Discussion implies statistical significance at the level p < 0.05.    
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3.7: Figures  
 

 
Figure 3-1: Time course of fibrin-based TC with and without TGF-β  supplementation during 
incremental cyclic stretching a: UTS, b: Modulus, c: Collagen concentration, d: Elastin 
concentration, e: Cell concentration and f: Collagen/Cell concentrations after 2, 5 & 7 weeks of 
incubation. In all cases where error bars are not overlapping, the means are different (p<0.05); for 
groups with overlapping error bars, difference (p<0.05) between means is shown with paired 
symbols.  
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Figure 3-2: Trichrome and picrosirius red staining of TC after 2, 5 and 7 weeks. In trichrome 
stained section, collagen stains green and fibrin (and other proteins) stain red. In picrosirius red 
stained sections, brighter intensity of red color indicate more mature collagen. All images were 
taken at same magnification with 200µm scale bar (black line) shown in 2 weeks trichrome images. 
The lumen of TC is on the left side of all sections.  
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Figure 3-3: a: Western blot of αSMA expression by nHDF in TC constructs at week 5. β-actin 
bands indicate the same protein loading in all lanes, implying TGF-β induced expression of αSMA. 
b: TC in PBS at week 5 after removal from latex tube of the cyclic stretch bioreactor shows curling 
of TGF-β samples. 



   85 

 

 
Figure 3-4: a: Western blotting for ERK 1/2 and SMAD activation of nHDF in TC (n=3) with and 
without TGF-β supplementation at 5 weeks. 
a: Western blot for SMAD and phosphorylated SMAD (pSMAD).b: Western Blot for 
levels of  total (tERK) and threonine 202/tyrosine204 phosphorylated ERK 1/2 (pERK). 
Band intensity was determined by densitometry and expressed as the ratio of 
phosphorylated protein band to total protein band and then normalized o the +TGF-
β value. TGF-b is shown to increase fraction of SMAD that is phosphroylated but 
decrease the fraction of ERK that is phosphroylated .Statistical significance at p<0.05 is 
shown by paired symbols.  
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Figure 3-5: Elastin concentration comparison of –TGF-β samples at weeks 5 and 7 with the ∗TGF-β 
treated group and native tissue control. Statistical significance at p<0.05 is shown by paired 
symbols.  
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Figure 3-6: Trichrome, picrosirius red, Verhoeff, and elastin immunostaining for –TGF-β samples 
and ∗TGF-β samples at week 7 with native tissue control. Inset of Verhoeff stain shows magnified 
image of elastin fiber strands in native control and ∗TGF-β treated TC. All images were taken at 
same magnification with 200µm scale bar (black line) shown in native trichrome images. The lumen 
of TC and ventricular side of native leaflet is on the left side of all sections.  
 
.  
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Chapter 4: A Novel Bioreactor for Tissue Engineered Heart Valves Based on 
Controlled Cyclic Stretching 
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4.1: Summary 
 
A tissue-engineered heart valve (TEHV) represents the ultimate valve replacement, 

especially for juvenile patients given its growth potential. To date, most TEHV 

bioreactors have been developed based on pulsed flow of culture medium through the 

valve lumen to induce strain in the leaflets. Using a strategy for controlled cyclic 

stretching of tubular constructs reported previously, we developed a controlled cyclic 

stretch bioreactor for TEHVs that leads to improved tensile and compositional 

properties. The TEHV is mounted inside a latex tube, which is then cyclically 

pressurized with culture medium. The root and leaflets stretch commensurately with the 

latex, the stretching being dictated by the stiffer latex and thus controllable. Medium is 

also perfused through the lumen at a slow rate in a flow loop to provide nutrient 

delivery. Fibrin-based TEHVs prepared with human dermal fibroblasts were subjected 

to three weeks of cyclic stretching with incrementally increasing strain amplitude.  The 

TEHV possessed the tensile stiffness and stiffness anisotropy of leaflets from sheep 

pulmonary valves and could withstand cyclic pulmonary pressures with similar 

distension as for a sheep pulmonary artery. 
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4.2: Introduction 
 

Tissue engineering provides a means to create living heart valve replacements 

with the ability to remodel and grow, which is an ideal solution for pediatric patients. 

Tissue-engineered heart valves (TEHV) may also benefit adult patients with life 

expectancies exceeding the typical lifetime of bioprosthetic valves or those unable to 

tolerate the anticoagulant therapy required for mechanical valves. There have been 

many advances in the field of TEHV [1-3], including bioreactors used to provide 

mechanical stimulation for tissue growth and associated nutrient supply [4-7].  Most 

bioreactors designed for TEHV generate pulsatile flow of cell culture medium through 

the lumen in order to provide mechanical conditioning and nutrient supply [4-6]. These 

pulse-flow bioreactors generate complex and often ill-defined mechanical conditioning, 

including shear, tensile and compressive strains, that vary with time and position. Since 

scaffold remodeling and tissue growth correlate with strain amplitude [8-11], TEHV 

development cannot be readily controlled using these pulse-flow systems.  

A more controlled mechanical conditioning, specifically the use of controlled 

cyclic stretching, has been well studied for tissue engineered vascular grafts and shown 

to yield significant improvement in tensile properties and ECM production [9, 10, 12-

15]. Implementation of controlled cyclic stretching via cyclic distension is facilitated by 

simpler tubular geometry.  Mol et al used a stretching approach by applying cyclic 

back-pressure on coaptating TEHV leaflets [16].  Since pressure-induced stretching is 

regulated by tissue stiffness, which continually changes during culture due to tissue 

growth and scaffold degradation, this approach does not allow for conditioning with 

controlled strain amplitude unless the pressure is continuously varied [17].  
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 Our laboratory’s approach to TEHV fabrication is based on the entrapment of 

dermal fibroblasts into fibrin gel within a mold, which, following static incubation in 

the mold, yields the gross geometry and alignment patterns of the native aortic valve 

[18]. The dermal fibroblast is used because it is a readily available source and generates 

extensive remodeling of fibrin into a collagenous tissue with tensile mechanical 

properties approaching those of native tissue [18]. Dermal fibroblasts have also been 

successfully used for a vascular graft in clinical studies [19]. The fibrin-based TEHVs 

(hereafter termed “valve-equivalents”, or VEs) are cast such that the tubular root and 

leaflets are a single entity. By using molds with two or three channels cut into the 

central mandrel, bi- and tri-leaflet VEs have been fabricated. The current study is 

focused on bi-leaflet VEs for comparison to previous results [18]. 

 In contrast to synthetic biodegradable polymers whose initial strength and 

stiffness values are greater than heart valve tissue, those of biological scaffolds like 

collagen or fibrin are orders of magnitude smaller. Realizing tissue growth to achieve 

physiological values of leaflet tensile and bending stiffness (along with tensile strength 

exceeding normal leaflet stresses) prior to implantation is crucial for their success, 

previous research in our laboratory with fibrin-based  tubular constructs prepared with 

porcine aortic valve interstitial cells has shown that cyclic stretching with an 

incremental strain amplitude over three weeks can lead to at minimum an 84% greater 

ultimate tensile strength compared to statically-incubated controls, which correlates 

with increased collagen deposition and maturation [10].  Hence in the current study, a 

controlled stretch TEHV bioreactor was designed that can apply prescribed cyclic 

stretching to the VE root and leaflets during the entire incubation (even as the tissue 
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mechanical properties change), while independently controlling the nutrient delivery. 

The motivation to keep nutrient delivery independent of cyclic stretching was to allow 

flexibility of changing stretching parameters (frequency and magnitude) without 

influencing the nutrient supply. The VEs were conditioned with incremental strain 

amplitude cyclic stretching in the bioreactor for three weeks and then assessed for 

structure, composition, and mechanical property differences relative to VEs cultured 

statically for the duration.  Values were compared to native tissue obtained from sheep 

pulmonary valve and artery since it is a common large animal implant model. 

 

4.4: Results 
 

4.4.1: Controlled cyclic stretching leads to improved TEHV leaflet properties and 
anisotropy in stiffness comparable to native leaflet. 
 

Incremental strain amplitude cyclic stretching was applied to VEs over a 3-week 

period using the bioreactor (Fig. 1) following a 2-week static incubation on the VE 

mold. The initial circumferential strain amplitude of the root was set at 5%, yielding an 

average strain amplitude in the leaflets of 5% in the circumferential direction and 3% in 

the radial direction. Fig. 2 shows the measured average leaflet strain in the 

circumferential (commissure-to-commissure) and radial directions.  

After cyclic stretching, the VE was harvested by sliding it out of the latex tube, 

with no apparent cohesion.  Tensile mechanical properties were measured in both the 

circumferential and radial directions. Figure 3 shows the ultimate tensile strength 

(UTS), modulus (E), thickness, maximum tension, and membrane stiffness of leaflets 

from static control VEs, ICS VEs, and sheep pulmonary valves.  There were no 



   93 

 

differences of the leaflet circumferential E or UTS values between VE castings for 

neither the static control nor the ICS VE groups based on two-way ANOVA, so results 

for pooled values from multiple castings are reported hereafter,  In the circumferential 

direction, UTS and E were 97% (to 951±258 kPa) and 77% (to 2529±409 kPa) greater, 

respectively, for VE leaflets subjected to ICS compared to static control leaflets.  

Compared to sheep pulmonary valve leaflets, UTS of the ICS leaflets was 50% lower; 

however, E was not statistically different. There was no difference in the radial tensile 

properties of static, ICS, and native leaflets.  There was no difference in the leaflet 

thickness between VEs incubated statically for 2 or 5 weeks, ICS VEs, and to sheep 

pulmonary valves, all being in the range of 300-350 µm (Fig. 3c).  Maximum tension 

and membrane stiffness, defined as the UTS and E values multiplied by the average 

thickness of the leaflets, thus showed similar improvement as found for UTS and E 

when comparing the ICS to the static leaflets (Fig. 3).  Also, there was no statistical 

difference in membrane stiffness between ICS leaflets and native leaflets. The index of 

anisotropy, defined as the ratio of circumferential to radial modulus, for static, ICS, and 

native leaflets was 2.0±0.2, 2.8±0.4 and 2.4±0.3, respectively, showing an improvement 

in anisotropy due to ICS, which yields a comparable anisotropy of leaflet stiffness to 

native leaflets.  

 

4.4.2: Cyclic stretching improves ECM organization and collagen maturation of 
TEHV leaflet and root  
 
 Figure 4 shows a comparison of alignment maps and cross-sections stained with 

trichrome and picrosirius red stains for static, ICS, and native leaflets. The alignment 
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maps indicate that VE leaflets, for both static and ICS VEs, have primarily 

circumferential alignment, which correlates with the mechanical anisotropy noted 

above, consistent with native leaflets.  

 Based on the trichrome staining, which shows collagen in green, fibrin (for VEs) 

and other non-collagenous proteins in red, and cell nuclei in blue-black, it can be seen 

in VE leaflets that most of the fibrin degraded by 5 weeks of culture and there is a 

distribution of collagen across the entire thickness of the leaflet.  The ICS VE also 

shows a homogeneous cellularity, which indicates there was no limitation to nutrient 

transport in the bioreactor.  

 Picrosirus red staining imaged under cross-polarizers shows a bright red stain 

indicative of mature collagen fibers [21]. Native leaflets had the highest intensity 

followed by ICS leaflets. The braided red fibers, which could indicate organized 

collagen fibers [22], are seen in the native leaflets and the ICS leaflets, but not in the 

static leaflets.  

 The collagen density in ICS leaflets (26±2 mg/ml was 86% greater than static 

leaflets (14±2 mg/ml) but 37% less than native leaflets (41±4 mg/ml). The cell density 

was not statistically different between static (160±60 x106 cells/ml), ICS (137±20 x106 

cells/ml), and native (155±12 x106 cells/ml) leaflets. 

 

4.4.3: VE root tensile properties improve with cyclic stretching and VE withstands 
cyclic pulmonary pressures 
 
 Figure 5a shows UTS and E of root tissue in the circumferential direction for 

static VE, ICS VE, and the pulmonary artery (PA). UTS and E of ICS root were 112% 
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and 62% greater, respectively, compared to static root and were 92% and 392% greater, 

respectively, than PA.  Considering that the VE root is about 0.4 mm thick compared to 

3 mm thick for the PA, the maximum tension and membrane stiffness of the PA were 

much higher than ICS VE (Fig. 5b). Trichrome staining showed cellularity and collagen 

deposition throughout the thickness of the VE root (Fig. 6). Picrosirius red staining 

indicated more mature collagen in ICS root as compared to the static root.   

Upon harvest of ICS VEs from the bioreactor, the latex sleeve was removed and 

the VE was cyclically pressurized to 40 mmHg at 0.5 Hz for 180 cycles.  The root was 

then incrementally pressurized until rupture (at 150 mmHg or greater). A section of PA 

was mounted on the bioreactor and similarly tested.  The data for pressure vs. lumen 

diameter were compared to the PA, as shown in Fig. 5c. The data show comparable 

distension for ICS VE and PA at lower (but physiological) pressures, with the PA being 

stiffer at higher strains. 

4.5: Discussion 
 
 In this study, a unique bioreactor design was developed for the mechanical 

conditioning of TEHVs.  Previously, our laboratory showed significant improvements 

in tensile and compositional properties of fibrin-based tubular constructs conditioned 

with controlled incremental cyclic distension, with incremental strain amplitude being 

superior to constant strain amplitude [10].Taking advantage of our VE design 

comprised of a tubular root to which leaflets are contiguously attached, a bioreactor was 

developed that allows for controlled stretching, without compromising the leaflets 

within the lumen. This required mounting the VE inside a latex tube and pressurizing it 

with culture medium. The control results from the use of a latex housing stiffer than the 
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growing tissue, which allows for constant strain regardless of the changes in the tissue 

mechanical properties. The VE subjected to ICS had improved tensile and 

compositional properties, both in the leaflets and root section, compared to static 

controls, and also had the ability to withstand pulmonary pressures.  

 Circumferential strain in the root was calculated by measuring the distension of 

then latex housing with a laser micrometer. Since the TEHV was axially constrained by 

attachment of both ends of the root to bioreactor mounting end-pieces, there was also an 

axial component to cyclic strain; however, in the current study, circumferential root 

strain was used as the controlled variable. In the leaflets, an average strain in the belly 

region was calculated from image analysis of displacement of ink marks on the leaflet 

surfaces. The applied circumferential strain in the root resulted in essentially the same 

induced circumferential strain in the leaflets, because the leaflets are attached to the 

root. However, the radial strain in the leaflet for a given root distension was lower than 

the circumferential strain, because of the leaflet free edge being unconstrained. This led 

to non-equibiaxial strain in the leaflet, with only the circumferential strain being 

controlled. However, this non-equibiaxial strain evidently maintained the anisotropy 

developed during the 2-week static incubation phase prior to the bioreactor conditioning 

based on the circumferential alignment (Fig. 4) and anisotropic stiffness (Fig. 3) of 

leaflets following conditioning. These particular properties have been shown to be 

important for proper physiological function [23, 24]. For the current study, a direct 

measurement approach was utilized to calculate average circumferential and radial 

strains in the leaflet belly during controlled cyclic stretching of TEHV in the bioreactor 

based on the displacement of four ink marks. It was assumed that no axial movement of 
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the leaflet occurs during cyclic stretch, hence allowing for single head-on camera 

imaging.  In future studies, a full 2D strain field could be calculated by using more 

markers on the leaflet surface to allow for local strain measurements [25, 26] or by 

analyzing an anisotropic mechanical model [27]. Figure 2 shows the maximum strain 

amplitude calculated in the circumferential and radial directions in a VE leaflet.  

ICS VEs showed improved tensile mechanical properties in the circumferential 

direction in both the leaflets and root. Compared to static controls, UTS and E were 

97% and 77% greater, respectively (Fig. 3), for ICS leaflets. Compared to sheep 

pulmonary valve leaflets, the UTS of ICS VE leaflets was 50% less, but there was no 

difference in E. Figure 3 also shows maximum tension and membrane stiffness for the 

three groups, which show similar trends, due to a very similar thickness of the VE and 

native leaflets. The improvements in mechanical properties with ICS conditioning 

correlated with increases in collagen density (Fig. 4).  The collagen density in the ICS 

leaflets was 86% greater than the static value and 37% lower than the native leaflet 

value. These improvements seen in tensile properties and collagen density with the 2-

step ICS are comparable to previously reported improvements with a fibrin-based 

tubular constructs seeded with porcine valve interstitial cells [10], which used 2- and 4-

step ICS. In contrast to these improvements for ICS VE, when Mol et al [16] compared 

static-strained to dynamic-strained leaflets in their diastolic pulse duplicator bioreactor, 

they found no significant improvement in tensile properties after 3 weeks of culture.  

If the VE is used as an interpositional graft, it is essential that it possess the 

critical mechanical properties in the root of the VE as well as in the leaflets. In 

comparing the ICS VE root properties to those of a sheep pulmonary artery (PA), the 
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UTS and E of the VE root were 92% and 392% greater, respectively. However, since 

the PA is approximately an order of magnitude thicker (3 mm versus 400 µm for VE 

root), it can withstand higher pressures as compared to the VE root. A short-term 

durability test was performed by cyclic stretching an ICS VE with internal pressure of 

40 mmHg for 180 cycles at 0.5 Hz, followed by ramping the pressure to VE failure. The 

pressure-diameter curve for the ICS VE was similar to the PA at lower (still 

physiological) pressures; the ICS VE was more compliant at higher pressures and failed 

quicker (Fig 5).  These results demonstrate the ability of the ICS VE to withstand 

pulmonary pressure with similar root distension as the sheep PA if implanted 

interpositionally in the PA.  

  Static controls were left on the Teflon mold with gentle shaking to allow for 

well-mixed culture medium. The total culture medium volume per VE was similar for 

both static control jars and the bioreactor nutrient loop. Thus, the reported differences 

should not be merely due to differences in nutrient availability. In support of this, there 

was no difference in cell concentrations of static control vs. ICS VEs.  Another control 

which could have been used is the VE mounted in the bioreactor and perfused with 

medium, but without cyclic stretching. However, this would require maintaining the 

lumenal pressure needed to counteract lumen narrowing due to cell traction forces 

acting in the root and was not pursued.  

Further studies will involve a sheep pulmonary valve implant model, which has 

been used previously to assess the remodeling of TEHVs [28, 29].  This model is 

relevant for human applications as our measured E of 3.2 ± 0.8 MPa for the sheep 

pulmonary valve leaflet is comparable to reported human values (5.89 ± 3.05 MPa [30]; 
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16.05 ± 2.02 MPa [31]) as is our measured UTS value of 2.0 ± 0.2 MPa (3.5 - 7MPa  

[30]; 2.78±1.05 MPa [31]).  Due to its open lumen design and separate perfusion loop, 

the bioreactor can also be used for endothelialization post-conditioning; we have shown 

that endothelial cells adhere strongly to the ECM resulting from fibroblast-mediated 

fibrin remodeling [32]. Further optimization of the medium composition and ICS 

conditions could lead to improvement in VE properties so that the VE is also suitable as 

an aortic valve (AV) replacement; specifically, an increased leaflet tensile modulus 

comparable to AV leaflets and an increased UTS so as to exceed normal stresses in the 

AV leaflets, as previously detailed [18]. 

To date, several TEHV models have been presented in the literature . Using 

fibrin-based VEs prepared with human dermal fibroblasts, we have demonstrated the 

ability to create a TEHV with circumferential fiber alignment in the leaflet manifested 

as anisotropic stiffness comparable to native leaflets, a property that has not been 

achieved with TEHVs based on synthetic biodegradable polymers. Though several 

bioreactors have been proposed to mechanically condition TEHVs, they do not allow 

for controlled strain to be applied without complicated feedback regulation, which has 

not been proposed.  Using a strategy for controlled cyclic stretching of tubular 

constructs that we presented previously, we developed a controlled cyclic stretch 

bioreactor for TEHVs that leads to improved tensile and compositional properties.   The 

leaflets of ICS VEs fabricated for this study possessed the tensile stiffness of native 

leaflets and the ICS VEs can withstand cyclic pulmonary pressures with similar 

distension to that of the native ovine pulmonary artery.  
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4.3: Materials and Methods 
Cell culture 

Neonatal human dermal fibroblasts (Clonetics) were maintained in DMEM/F12 

culture medium (Gibco) supplemented with 10% FBS,100 U/ml penicillin, 100 µg/ml 

streptomycin, and 2.5 µg/ml amphotericin-β. Cells were passaged at 100% confluency 

and harvested for use at passage 9. 

 

VE preparation and culture 

A fibroblast-seeded fibrin gel was formed by adding thrombin (Sigma) and 

calcium chloride to a mixture of cells in fibrionogen (Sigma) solution in 20mM 

HEPES-buffered saline. All components were at room temperature.  The final 

concentrations of the suspension were 6.6mg/ml fibrinogen, 1.1 U/ml thrombin, 5.0 mM 

Ca++, and 500,000 cells/ml. Suspensions were well mixed by pipette action and injected 

into bi-leaflet VE molds as described previously [18].  

After injection of the suspension, the VE molds were placed vertically in an 

incubator for 30 minutes. After gelation, the outer housing was removed, and the VEs 

were placed horizontally in culture medium, comprising DMEM supplemented with 

10% FBS, 100 U/ml penicillin, 100  µg/ml streptomycin, 2 µg/ml insulin, 50 µg/ml 

ascorbic acid.  Medium (250 mL) was changed 3 times per week and 1 ng/ml TGF-

β1 (RD Systems)  was included for the first two to three feedings after casting to 

promote cell-mediated fibrin compaction. VEs were cultured for 2 weeks on the mold 

with gentle rocking, after which they were transferred to the cyclic stretch bioreactor. 

The 2 week static culture allowed for sufficient stiffening and strengthening of the VE 

to withstand handling during mounting in the bioreactor.    
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Controlled Cyclic Stretch Bioreactor  

 The bioreactor consists of a distensible latex tube, in which the TEHV is 

mounted, and two flow circuits for controlled stretching and nutrient supply. Figure 1 

shows the schematic of the bioreactor system and the image of a VE inside the 

bioreactor. VEs (n=8) were taken off the Teflon mold after 2 weeks of static culture and 

mounted in the bioreactor, whereas static control samples (n=8) were cultured on the 

Teflon molds in culture medium with gentle rocking. The maximum strain and 

frequency of cyclic load was controlled by a custom-designed reciprocating syringe 

pump, which injected/withdrew culture medium from both ends of the latex tube at the 

same rate.  The strain amplitude was increased incrementally during cyclic stretching 

(ICS) by adjusting the stroke volume in two equal steps from 5% to 15% over 3 weeks 

(i.e. set at 5%, 10%, and 15% during weeks 1, 2, and 3, respectively). For all studies, a 

frequency of 0.5 Hz with sinusoidal wave form was used.  The nutrient supply to the 

VE was delivered by a perfusion loop, which circulated the culture medium through the 

latex tube, and therefore the VE lumen, at a low flow-rate (10-15ml/min) using a 

MasterFlex peristaltic pump. The use of a separate loop for nutrient supply allowed for 

independent change of stretching parameters (frequency and amplitude) without 

affecting the nutrient transport. The reservoir culture medium in the perfusion loop (250 

mL) was changed three times per week.  

The circumferential stretch amplitude in the root of the VE was calculated using 

diameter measurements from laser micrometer and was used as control input parameter. 

The corresponding average strain in the leaflet was calculated by image analysis of ink 
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marks on the leaflet surface as they displaced due to the stretching. On a subset of VEs 

(n=3), four ink dots were placed in the central belly region on each leaflet at 

approximately equal separation distance and the VE was mounted in the tube. The ink 

dots were placed such that they formed a square with sides parallel to the 

circumferential and radial direction of the leaflet (Fig. 1c). The flow circuits were 

connected to the syringe pump. The laser micrometer and end-on digital camera were 

mounted such that simultaneous root distension and leaflet images were acquired. For 

each VE, the lumen diameter required to achieve a root circumferential strain of 5%, 

7.5%, 10%, 12.5% and 15% were calculated based on the initial lumen diameter as 

measured by the laser micrometer. The syringe pump was ramped until the laser 

micrometer measured the calculated distension for each assigned strain value, paused at 

maximum distension, and a digital image from the end piece view window was taken 

(Fig. 1c). Hence for each VE, 6 sets of images were acquired (including un-pressurized, 

or 0%). The imaging sequence was repeated several times for each VE. 

Based on VE mold geometry, the leaflets are at an angle of 42o with respect to 

the upper root. With the assumption that the leaflet angle does not change during 

stretching, a head-on image of the angled surface with the ink marks can be used to 

measure the 2D strain by virtue of geometrical properties of “similar triangles”. For 

each assigned root strain, pixel distances parallel to the circumferential direction from 

the edge of one ink marker to the other were measured to record the circumferential 

displacement denoted as ‘C’. Similarly, the radial displacement was recorded as ‘R’. 

The true strain (ε) was calculated both directions by defining Cmin and Rmin as the 

displacement at 0% root strain using: 
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The average strains with standard deviations of all measurements are plotted as a 

function of root circumferential strain in Figure 2.  

   

Cyclic Loading of TEHV root at pulmonary pressures 

 After cyclic stretching, the latex tube was removed and the VE was cyclically 

distended (n=2) to pulmonary pressures of 40 mmHg for 1 hour at 0.5 Hz and then 

pressurized to failure by injecting culture medium at 60 ml/min. During pressurization, 

both luminal pressure (via an inline pressure transducer (Omega)) and VE diameter (via 

video recording) were measured. The video was used to measure the VE root diameter 

and from which the true strain was calculated.  

 

Uniaxial Tensile Testing 

VEs were dissected to obtain tissue strips for evaluation of tensile properties. 

For leaflets, strips were obtained in both the circumferential and radial directions.  For 

the root, one circumferential strip was obtained from both the upper (aortic side) and 

lower (ventricular side) root sections. The thickness of each strip was measured using a 

50 g-force probe attached to a displacement transducer.  Tissue strips were placed in 

compressive grips, attached to the actuator arms and load cell of a Microbionix material 

testing system (MTS system, Eden Prairie, MN), and straightened with a load of 0.005 

N.  This position was used as the reference length of each strip.  Following 6 cycles of 

0-10% strain at 2 mm/min, tissue strips were stretched to failure. True strain was 

calculated based on the change in the length of the tissue over time. The engineering 
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stress was calculated as the force divided by the initial cross-sectional area.  Young’s 

modulus (E) was determined by regression of the linear region of stress-strain curve. 

The ultimate tensile strength (UTS) was measured as the peak stress (at tissue failure). 

Maximum tension and membrane stiffness were calculated by multiplying UTS and E 

with thickness of the tissue strip. 

 

Polarimetry and Histology 

Fiber alignment in the dissected leaflets was measured using polarized light 

imaging[20].  Samples from the leaflet belly region and root were fixed in 4% 

paraformaldehyde, infiltrated with a solution of 30% sucrose and 5% DMSO, frozen in 

OCT (Tissue-Tek), and sectioned into 9 µm cross-sections. Sections were stained with 

Lillie’s trichrome and picrosirius red [10].  Images were taken at 10x magnification 

using a color CCD camera. For picrosirius red, images were taken with the samples 

placed between crossed plane polarizers. 

 

Collagen and Cell quantification 

The collagen content was quantified with the hydroxyproline assay assuming 

7.46 µg of collagen per 1 µg of hydroxyproline [18]. The sample volume was calculated 

using the measured length, width, and thickness of the strips (as described above in 

uniaxial testing).  Collagen concentrations were calculated as the amount per unit 

volume in each sample. 

DNA content was quantified with a modified Hoechst assay [18]. Cell numbers 

were obtained from DNA contents assuming 7.6 pg of DNA per cell [18]. Cell 
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concentrations were calculated as the number of cells per unit volume using the 

dimensions of the strip. 

 

Statistics 

 For each group of VEs casted, a subset was randomly chosen as the paired static 

controls. The mechanical testing data were statistically compared between static control 

VEs, ICS VEs, and pulmonary valves from Dorset sheep of age 6 months. Statistical 

differences between groups were determined using one-way ANOVA in GraphPad 

Prism software for Windows. The Tuckey post hoc analysis was conducted to evaluate 

significant differences. Statistical differences between groups pooled from multiple 

castings were assessed using two-way ANOVA with Bonferroni post hoc analysis.  A 

difference between groups is indicated by paired symbols. Any reference to a difference 

in the Results and Discussion implies statistical significance at the level p < 0.05.  
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4.7: Figures 
 

 
  
 
 
 
 
 
 
 
 
 
 
 

 
Figure 4-1: (a) Schematic of controlled cyclic stretching TEHV bioreactor, showing the 
reciprocating syringe pump for cyclic pressurization and stretching of the VE mounted within the 
latex tube, (b) Image of the bioreactor with the latex housing slit to reveal the VE mounted within 
and its tie-down to both endpieces, and (c) End-on view of the VE through the glass window of the 
bioreactor during a stretching cycle, showing the leaflets coapting when the lumen is not 
pressurized, and separated when the lumen is pressurized and the root and leaflets are stretched. 
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Figure 4-2: Average strain amplitude in circumferential and radial directions in the VE leaflets 
during cyclic stretching. 
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Figure 4-3: Tensile mechanical properties of ICS VE leaflets. (a) Ultimate tensile stress (UTS), (b) 
Modulus (E), (c) Thickness, (d) Maximum tension, and (e) Membrane stiffness, showing 
comparison of static control VE, ICS VE, and sheep pulmonary valve leaflets. Differences between 
groups (p < 0.05) are indicated by paired symbols (n=8). 
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Figure 4-4: Structural comparison of VE and native valve leaflets: (from left to right) polarized 
light image of a whole leaflet, picrosirius red stain of a cross-section under polarized light, and 
trichrome stain of a cross-section.  The orientations of the yellow segments in the polarized light 
images correspond to the local average fiber direction, and their lengths are proportional to the 
local average retardation, a measure of the fiber alignment strength.  The pixel gray level is 
mapped from isotropic (black) to maximally aligned (white). A 200 µm scale bar is shown in 
trichrome image of a control VE, with all images acquired at the same magnification.    
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Figure 4-5: Comparison of tensile mechanical properties in the circumferential direction of static 
and ICS VE root with native pulmonary artery. (a) UTS and modulus, (b) maximum tension and 
membrane stiffness, and (c) pressure-strain curve of ICS VE vs. sheep pulmonary artery (PA).  
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Figure 4-6: Trichrome and picrosirius red staining comparison of VE root with sheep pulmonary 
artery on cross-section in the circumferential direction. A 200 µm scale bar is shown in trichrome 
of the control VE, with all images acquired at the same magnification.   
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Chapter 5: In vivo Assessment of a Completely Biological Tissue Engineered Heart 
Valve 
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5.1: Summary 
A tissue engineered heart valve (TEHV) is the ultimate valve replacement 

option for the pediatric patients.  It has the advantage of being able to grow and remodel 

with the patient. Biological scaffolds like collagen or fibrin provide the ability to 

achieve alignment of fibers in the TEHV comparable to that of native leaflets and to 

create tissue with physiological tensile properties derived solely from cell produced 

ECM. Using a novel controlled cyclic stretch bioreactor, we have developed a TEHV 

with tensile stiffness and mechanical anisotropy comparable to that of sheep pulmonary 

valve leaflets. Fibrin-based TEHV were conditioned in vitro in the bioreactor for 3 

weeks before implantation in to the pulmonary artery of the sheep. Echocardiogram of 

the TEHV immediately post-implantation showed a functional valve with normal flow 

and pressure profile. TEHV were explanted at 4.5 weeks and 8 weeks. At 4.5 weeks, the 

valve was functional with moderate regurgitation and turbulence. Explanted leaflets 

showed no change in the tensile properties or thickness, and had increased collagen and 

elastin concentration. The cell density was comparable between the pre-implanted and 

explanted TEHV. The lumen of the TEHV root showed evidence of endothelium 

formation. The tensile properties of the remodeled root were comparable to the native 

pulmonary artery, with collagen fibers aligned circumferentially. The inner wall of the 

explanted TEHV root showed vasculature formation, with lumens comparable in size to 

those found in the native pulmonary artery wall. The in vivo study is unprecedented for 

a TEHV developed with a biological scaffold. 
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5.2: Introduction 

 The ultimate evaluation of a tissue engineered heart valve (TEHV) is 

implantation in to an animal model. To date only the Mayer group has successfully 

implanted a TEHV, made with a synthetic biodegradable scaffold [1, 2]. The in vivo 

assessment with the PGA scaffold has shown remodeling with collagen and cell content 

reaching native leaflet values. However, during in vivo remodeling, the leaflets tensile 

properties decreased with time as the stiff PGA scaffold degraded [1]. The PGA 

scaffold at implant had stiffness several fold higher than the native leaflet, and at 

explant it was reduced to lower than the native leaflets.  

A fibrin gel has stiffness and strength much less than PGA and hence requires 

extensive in vitro tissue development before it attains the tensile properties needed to 

withstand physiological stresses. The novel cyclic stretch bioreactor system presented in 

Chapter 4 was utilized in this study to improve the tensile properties of fibrin based 

TEHV (valve equivalent or VE) prior to implant. After 3 weeks of incubation in the 

bioreactor, the VE leaflets had similar stiffness and mechanical anisotropy as the sheep 

pulmonary valve leaflet. The sheep pulmonary artery has been used previously for 

TEHV implants and provides an appropriate model for assessing the in vivo remodeling 

of the VE. 

 

5.3: Material and Methods 

 

5.3.1: Cell culture 
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Neonatal human dermal fibroblasts (Clonetics) were maintained in DMEM/F12 

culture medium (Gibco) supplemented with 10% FBS, 100 U/ml penicillin, 100 µg/ml 

streptomycin, and 2.5 µg/ml amphotericin-β. Cells were passaged at 100% confluency 

and harvested for use at passage 9. 

 

5.3.2: VE preparation and culture 

A fibroblast-seeded fibrin gel was formed by adding thrombin (Sigma) and 

calcium chloride to a mixture of cells in fibrionogen (Sigma) solution in 20mM 

HEPES-buffered saline. All components were at room temperature.  The final 

concentrations of the suspension were 6.6mg/ml fibrinogen, 1.1 U/ml thrombin, 5.0 mM 

Ca++, and 500,000 cells/ml. Suspensions were well mixed by pipette action and injected 

into bi-leaflet VE molds as described previously [3].  

After injection of the suspension, the VE molds were placed vertically in an 

incubator for 30 minutes. After gelation, the outer housing was removed, and the VEs 

were placed horizontally in culture medium, comprising DMEM supplemented with 

10% FBS, 100 U/ml penicillin, 100  µg/ml streptomycin, 2 µg/ml insulin, 50 µg/ml 

ascorbic acid. Medium was changed 3 times per week and 1 ng/ml TGF-β1 (R&D 

Systems)  was included for the first two to three feedings after casting to promote cell-

mediated fibrin compaction. VEs were cultured for 2 weeks on the mold with gentle 

rocking, after which they were transferred to the cyclic stretch bioreactor. The 2 week 

static culture allowed for sufficient stiffening and strengthening of the VE to withstand 

handling during mounting in the bioreactor.    

 



   117 

 

5.3.3: Controlled Cyclic Stretch Bioreactor  

 The bioreactor is described in details in Chapter 4. In brief, the bioreactor 

consists of a distensible latex tube, in which the TEHV is mounted, and two flow 

circuits for controlled stretching and nutrient supply. The maximum strain and 

frequency of cyclic load was controlled by a custom-designed reciprocating syringe 

pump, which injected/withdrew culture medium from both ends of the latex tube at the 

same rate. The nutrient supply to the VE was delivered by a perfusion loop, which 

circulated the culture medium through the latex tube, and therefore the VE lumen, at a 

low flow-rate (10-15ml/min) using a MasterFlex peristaltic pump. The use of a separate 

loop for nutrient supply allowed for independent change of stretching parameters 

(frequency and amplitude) without affecting the nutrient transport. The reservoir culture 

medium in the perfusion loop was changed three times per week.  

For all studies, a frequency of 0.5 Hz with sinusoidal wave form was used. The 

circumferential stretch amplitude in the root of the VE was calculated using diameter 

measurements from laser micrometer and was used as control input parameter. For all 

studies, a two-step ICD was applied with steps going from 5% to 15%.  

To maintain coapting leaflets, Blebbistatin at 10mM was used after 3 weeks of 

culture for 2-4 days prior to implant in sheep.  

 

5.3.4: Animal Implant Studies 

 After 5 weeks of in vitro culture, VE were implanted inter-positionally in the 

pulmonary artery of a 6 month old Dorset sheep. All protocols were approved by the 

Institutional Animal Care and Use Committee (IACUC). The surgeries were performed 

by the University of Minnesota Experimental Surgical Services (ESS). To facilitate 
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surgical handling of the VE for implantation a thin non-woven synthetic fabric sleeve 

(Poly-Lactic acid/Poly-ester) was placed around the VE root. Sheep were placed on by-

pass under general anesthesia and the heart was exposed by a left lateral thoracotomy 

with dissection through the fourth intercostals space. Sheep were given 400 IU/kg 

heparin during surgery. The inter-thoracic echocardiogram was performed post-implant 

(within 1 hr) after animals were off by-pass. Post-implantation, animals were given 

immunosuppressants and continued on heparin. Daily, animals were given Cyclosporine 

(10mg/kg), Azathioprine (2mg/kg), Methylprednisolone (0.5mg/kg), and Heparin. At 

4.5 week, inter-thoracic echocardiogram was performed prior to sacrificing the animal. 

Additionally for NAVT 8, intercardiac echocardiogram (ICE) was performed which 

showed end-diastolic pressure gradient indicative of leaflet function.      

 

5.3.5: Uniaxial Tensile Testing 

Both in vitro and in vivo explanted VEs were dissected to obtain tissue strips for 

evaluation of the tensile properties. For leaflets, strips were obtained in both the 

circumferential and radial directions. The thickness of each strip was measured using a 

50 g-force probe attached to a displacement transducer.  Tissue strips were tested in 

Microbionix material testing system (MTS system, Eden Prairie, MN) to failure. The 

stress was calculated as the force divided by the initial cross-sectional area.  Young’s 

modulus (E) was determined by regression of the linear region of stress-strain curve. 

The ultimate tensile strength (UTS) was measured as the peak stress (at tissue failure). 

Maximum tension and membrane stiffness were calculated by multiplying UTS and E 

with thickness of the tissue strip. For root tissue, circumferential strip were measured in 

similar method. 
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5.3.5: Histology 

VE samples from leaflet region and root in circumferential direction were fixed 

in 4% paraformaldehyde, infiltrated with a solution of 30% sucrose and 5% DMSO, 

frozen in OCT (Tissue-Tek), and sectioned into 9 µm cross-sections. Sections were 

stained with Lillie’s trichrome and picrosirius red stain. Images were taken at 10x 

magnification using a color CCD camera. For Picrosirius red stain, images were taken 

with the samples placed between crossed plane polarizers. 

 

5.3.6: Collagen and Cell quantification 

The collagen content was quantified with the hydroxyproline assay assuming 

7.46 mg of collagen per 1 mg of hydroxyproline [3]. The sample volume was calculated 

using the measured length, width, and thickness of the strips (as described above in 

uniaxial testing).  Collagen concentrations were calculated as the amount per unit 

volume in each sample. 

DNA content was quantified with a modified Hoechst assay [3]. Cell numbers 

were obtained from DNA contents assuming 7.6 pg of DNA per cell [3]. Cell 

concentrations were calculated as the number of cells per unit volume using the 

dimensions of the strip. 

 

5.3.7: Statistics 

 The mechanical and biochemical data were statistically compared between in 

vitro VE, in vivo VE and native sheep pulmonary valves. Statistical differences between 

groups were determined using one-way ANOVA in GraphPad Prism software for 
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Windows. The Tuckey post- hoc analysis was conducted to evaluate significant 

differences. The difference between groups is shown by paired symbols. Any reference 

to a difference in the Results and Discussion implies statistical significance at the level 

p < 0.05.    

 

5.4: Results 

 To date, 10 implant experiments has been performed (acronym ‘NAVT’ 

followed by a number). The three successful ones (NAVT 7, 9 & 10) are reported here. 

In all failed attempts, the animal did not survive longer than 6 hours and the failure 

mode was either a complication of the implant procedure or mechanical failure of the 

VE. NAVT 8 survived for 4.5 weeks, however it was the only implant of a tri-leaflet 

VE and the VE leaflets were not functional in post-implant echo (the leaflets had 

become adherent to the root). A brief summary of all the implant attempts is given in 

Table 1.  

 

5.4.1: Leaflet functionality post implant and after 4.5 weeks in vivo  

 Echocardiography conducted on animals (NAVT 7, 9, & 10) post-implant 

showed coapting valve leaflets with normal physiological flow and pressure profile. 

Figure 1 shows still image of a VE (NAVT 9) fully opened and closed post-implant 

from both side and end-on views. There was mild regurgitation through the VE during 

diastole in the two animals where one leaflet of the pulmonary valve (PV) was 

removed.  Due to the location of the implanted VE (obstructed by lungs), 
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echocardiograms could not be performed between implant and explant. Two VE were 

explanted at 4.5 weeks (NAVT 7 and 9). Both VE had functional leaflets, but NAVT 9 

had one leaflet half-way torn from the root. Figure 2 shows still image from the echo of 

NAVT 7. Doppler flow profile showed mild to moderate regurgitation and turbulence. 

The echocardiogram of NAVT 10 at 8 weeks showed no functional leaflets, which was 

confirmed upon explant.   

5.4.2: Explanted VE leaflets had unaltered tensile mechanical properties 

 The explanted VE leaflets and root from the NAVT-7 implant are shown in 

Figure 3. Both leaflets were intact and had a thickness comparable to the native leaflet 

and the VE at implant (Fig. 3a). The VE root at anastomosis had smooth surface with no 

indication of reactive or inflammatory tissue (Fig. 3b). A stress-strain curve for the 

explanted VE leaflet is shown in Figure 4 along with that for a native pulmonary valve 

leaflet. Figure 5 shows the UTS and modulus of implanted VE, explanted VE and native 

pulmonary valve leaflets. There was no significant difference in modulus of VEs and 

pulmonary valve. The UTS was increased for the explanted VE (1115±99 kPa) 

compared to the implanted VE (822±65 kPa).  

 

5.4.3: Explanted VE leaflets had increased collagen and elastin concentrations 

 Biochemical analysis showed increased collagen and elastin concentrations in 

the explanted VE leaflets compared to implant valves. Collagen concentration after in 

vivo increased by 28% to 24±2 mg/ml compared to implanted VE leaflets (19±2 

mg/ml). The elastin concentration increased by 73% compared to implanted VE leaflets. 
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There was no difference in cell concentration of the explanted leaflets compared to 

implanted leaflets. Trichrome and picrosirius red staining showed collagen bands across 

the thickness of the explanted VE (Fig. 6).  

   

5.4.4: VE root tissue was compliant and remodeled with evidence of endothelium 

formation  

 The explanted VE root was 2-3 mm thick at explant, which included the original 

engineered tissue of 300-400µm thick with additional reactive tissue grown around the 

root and supporting polymeric sleeve. The lumen surface showed remodeled collagen 

with some endothelial cell coverage (Fig. 7). However, the endothelial lining was not 

fully developed in all regions, especially near the leaflets. Within the root tissue, a 

micro vasculature was present as observed by vWF staining (Fig. 8). The micro-vessel 

lumen was comparable in diameter to those in the native pulmonary artery wall. 

Trichrome and picrosirius red stain showed collagen organized with circumferential 

alignment (Fig. 8c). The circumferential modulus of the explanted VE root was 222±20 

kPa, which was comparable to the sheep pulmonary artery (337±123 kPa). Similarly, 

the membrane stiffness was comparable between the explanted VE root (863±13 N/m) 

and the pulmonary artery (1111±405 N/m).  

 

5.5: Discussion 

 A fibrin-based tissue engineered heart valve provides the means to create a fully 

biological heart valve replacement. Cells seeded in fibrin gel have been shown to 
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deposit more collagen and elastin compared to other biopolymers, such as collagen [4, 

5], and with cyclic stretching, the tensile and biochemical properties of the growing 

tissue construct improved [6]. Based on our previous studies with a cyclic distension 

bioreactor, we have shown improved tensile properties and collagen density in nHDF-

seeded fibrin tubular constructs. Hence, a novel bioreactor was design for the VE to 

impart controlled cyclic stretching of the root and leaflets. The VE were cultured 

statically for 2 weeks followed by bioreactor conditioning for 3 weeks with incremental 

strain amplitude cyclic stretching. Following 3 weeks of cyclic stretching, the VE were 

implanted in the pulmonary artery of 6 month old Dorset sheep.  

 As cell traction force can compact the fibrin gel, to accommodate for 

compaction without losing coaptation of the leaflets, the VE mold was designed to 

allow for casting of leaflets with extended length [3]. During the 3 weeks of culture in 

the bioreactor, leaflets compaction occurred to the limit for coaptation; hence, 

Blebbistatin, a myosin inhibitor, was used to reduce compaction of the leaflets. 

Blebistatin has been shown to reduce compaction of collagen and fibrin gel seeded with 

dermal fibroblasts [7, 8].    

 To facilitate suturing of the VE to the native PA, Dacron cuffs were embedded 

on both ends of the root during casting of the VE [3]. Also to accommodate for surgical 

handling, a non-woven polymer sleeve was placed over the VE root. This is meant to be 

a “temporary fix” until an implant method that doesn’t cause significant tissue 

stretching or greater root tensile strength is achieved.  

 Three long-term implants were performed, one with the native PV leaflets intact 

and two with the PV made incompetent by surgically removing one of the pulmonary 
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leaflets. Post implant, echocardiography was performed on all animals. All implanted 

VE had coapting leaflets with mild regurgitation but no turbulence. There was some 

variability in flow profile and acceleration of blood among the animals but in all cases, 

the right-side of the heart had normal function immediately after implantation with flow 

and pressures within the physiological range. Figure 1 shows a post-implant echo still 

images of the leaflets from side and end-on views. To our knowledge, only the fibrin-

based VE used in this study has the physiological compliance needed for the leaflet 

deformation that confer valve function with normal flow and pressure waveform.  

 All animals were asymptomatic at sacrificed. Two sheeps, one with intact native 

leaflets (NAVT 7) and one without intact native leaflets (NAVT 9) were explanted at 

4.5 weeks. The third animal was sacrificed at 8 weeks (NAVT 10). Figure 3 shows the 

gross anatomy of the lumen surface and the leaflets of NAVT 7 after 4.5 weeks. The 

leaflets had comparable thickness to the VE at implantation and native pulmonary 

leaflets. The root was integrated with the pulmonary artery and the gross surface texture 

of the VE root was comparable to the lumen of the artery. There was angiogenic 

response on the lumen surface near leaflets at 4.5 weeks, however at 8 weeks the entire 

lumen surface had gross texture comparable to native PA. Echocardiography showed 

minor turbulence in the region near the leaflets, which could have potentially led to 

clotting or an inflammatory response. One potential way to mitigate this would be by 

pre-endothelialization of the leaflets and root lumen.  

The leaflets and root section were comparable in gross anatomy between the two 

explants at 4.5 week. However, in the case of the NAVT 9, one of the VE leaflets was 

torn away from the root half-way. Prior to explants, inter-thoracic echocardiography 
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was performed on all animals. In all cases, moderate regurgitation and turbulence was 

observed in the vicinity of the implants. Figure 2 shows functional leaflets at 4.5 weeks 

for NAVT 7, as observed in echo and regurgitation evident from the doppler flow 

profile.  

 Tensile properties of the explanted VE leaflets and root were measured. Figure 4 

shows the stress-stain curve of an explanted VE leaflet (NAVT 7) with native sheep 

pulmonary valve leaflet in the circumferential direction (commissure-to-commissure 

direction). The explanted VE failed at a lower break force compared to the native tissue, 

which is shown in Figure 5b by the UTS comparison, since the thickness of the 

explanted VE leaflets was also comparable to the native pulmonary leaflets (Fig. 5a).. 

However, the stress-strain curve was comparable between the native and explanted VE 

leaflets. This is indicated by the comparable modulus of the leaflets (Fig. 5c).  

 Biochemical analysis showed increased collagen and elastin concentrations in 

the explanted VE tissue compared to the VE at implantation. The modest increase in the 

collagen did not have any effect on the tensile properties. However, it is noteworthy that 

no massive inflammatory response or tissue degeneration was seen, which would have 

led to a major changes in the tensile properties. The cell concentration was comparable 

between the implanted and explanted VE leaflets, though it is unknown what percentage 

of the original nHDF were still present and if any host cells had infiltrated. The cells 

were still homogeneously distributed across the thickness of the leaflets as shown in 

Figure 7. Trichrome and picrosirius red staining (Fig. 7) also showed collagen bands 

interspersed across the thickness of the leaflets from both VE explanted at 4.5 weeks.   
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 There was outgrowth of reactive tissue on root with thickness of 3mm. This 

could be associated with reaction to PLA that was used as a support or an inflammatory 

response to the VE root tissue. Even though there was significant thickening of the root, 

the UTS and modulus of the VE root at explant were comparable to the native 

pulmonary artery values. Trichrome stains showed collagen bands organized with 

circumferential alignment in the root wall and formation of a micro-vasculature (Fig 8, 

Fig 9a). The micro-vessel lumens were of comparable size to one found in the 

pulmonary artery wall, as identified by vWF staining (Fig. 9). The lumenal surface of 

the VE showed formation of an endothelial lining by vWF staining (Fig. 8b). The 

endothelium was not observed in all regions and was dominant near the proximal and 

distal ends of the VE root. This could potentially be due to endothelial cells migrating 

from the adjacent pulmonary artery. However, due to the short implant duration or 

turbulence near the leaflets the endothelial coverage was not present on or around the 

leaflets.       

 The functional leaflets with comparable thickness and mechanical properties 

represents major progress in the development of a fibrin based TEHV. Considering that 

the tensile properties and cellularity of the implanted VE are comparable to native 

pulmonary valves, major remodeling should not be expected in 4.5 weeks in vivo.  

 This study is unprecedented in terms of a successful in vivo assessment of a 

completely biological heart valve (replacement fabricated from a bio-polymeric scaffold 

and cells). This study demonstrates our ability to create a functional VE that can 

withstand physiological conditions for an extended period of time without significant 

change in biochemical or tensile properties. The implanted and explanted VE leaflets 
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both had tensile properties comparable to native pulmonary valve leaflets, which has 

not been accomplished with synthetic polymer scaffolds. The study will also lead to a 

better understanding of in vivo remodeling of the engineered construct and further 

advance the development of the VE for human use.  
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5.7: Figures 
 

 
Figure 1: Post implant echocardiogram images of NAVT 9 showing leaflets in open 
(a&c) and close (b&d) positions from side (a&b) and end-on view (c&d). i. Doppler 
flow profile 
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Figure 2: Echocardiogram images at 4.5 week of NAVT 7. a. valve leaflets in opened 
and closed position, b. Doppler flow profile 
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Figure 3: Gross images of explanted VE (NAVT 7), a. Surface view showing intact 
leaflet (LF), b. Surface view of proximal end of VE root and suture line with native 
pulmonary artery. 
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Figure 4: Stress-strain profile comparison of explanted VE leaflet with native 
pulmonary valve leaflet. 



   132 

 

 
Figure 5: Tensile mechanical properties of explanted VE (Implant) in comparison to 
properties of paired VE at implantation (CSVE) and native pulmonary leaflet. a. 
thickness, b. UTS and c. modulus.   



   133 

 

 
Figure 6: Biochemical analysis of explanted VE with in vitro VE. a. Collagen 
concentration, b. Elastin concentration and c. cell concentration 
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Figure 7: Trichrome and Picrosirius red stained cross-section of paired implanted VE 
(a&d), explanted VE at 4.5 weeks from sheep with intact native leaflets (NAVT 7 b&e) 
and sheep without native leaflets intact (NAVT 9 c&f).   
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Figure 8: Lumen surface of explanted VE root at 4.5 week NAVT 9, a. Trichrome 
stain, b. vWF immuno staining (red) with DAPI cell nuclei (blue) and c. Trichrome and 
picrosirius red stain of collagen fibers aligned in circumferential direction inside the 
wall of VE root.  
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Figure 9: Vasculature lumen inside the wall of a. VE root and b. native pulmonary 
artery stained with vWF (red) and DAPI cell nuclei (blue).
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Sheep Implant Summary 
 

Implant 
ID 

Date of 
Implant 

Implant Mode Outcome 

NAVT 1 2-01-07 VE inside Pulmonary 
Artery (PA)1 

No Echo, Animal died for 6 hrs. 
Explant had torn root from Dacron 

cuff 
NAVT 2 3-13-7 VE inside PA1 Failed Surgery 
NAVT 3 4-13-07 VE inside PA1 Echo showed one torn leaflet post-

implant, sheep died 4 hrs post-
implant. Explant showed inverted 

root torn from Dacron cuff.  
NAVT 4 5-20-08 VE inside PA Root folded inside PA causing 

restriction of flow, sheep died 3 
hrs post implant 

NAVT 5 8-13-08 Interpositional implant VE failed upon implant, proximal 
end constricted by sutures 

NAVT 6 9-05-08 Interpositional implant VE failed upon implant, VE root 
thinner than normal 

NAVT 7 9-29-08 Root sleeved, PV leaflet 
intact 

Echo showed coapting leaflets at 
implant, Explant at 4.5 week with 

both VE leaflets intact 
NAVT 8 12-01-08 Trileaflet valve2, Root 

sleeved, one PV leaflet 
removed 

Echo showed no functional 
leaflets. Explant at 4.5 week 

NAVT 9 1-23-09 Root sleeved, one PV 
leaflet removed 

Echo showed coapting leaflets at 
implant, Explant at 4.5 week with 
one VE leaflet partially detached 

from root 
NAVT 

10 
1-26-09 Root sleeved, one PV 

leaflet removed 
Echo showed coapting leaflets at 
implant, Explant at 8 week with 
only one over-compacted leaflet 

1: Static cultured VE (VE fabricated led by Paul Robinson).  
2: Only trileaflet implant, used after initial two bi-leaflet VE failed to implant correctly 
using a paneled sleeve. 
 
Table 1: Summary of VE implant attempts to date in sheep pulmonary artery of TEHV 
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Chapter 6: Controlled Compaction of Cell Seeded Fibrin Constructs 
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6.1: Summary 
Tissue engineering based on fibrin as a scaffold has the advantage of creating a 

completely biological graft via fibrin inducing its cellular remodeling. Cells seeded in 

fibrin gel can compact the gel and with appropriate mechanical constrains induce 

alignment of the fibers. This phenomenon has been used to induce circumferential 

alignment in the leaflets of the TEHV. However, as gel compaction depends on cells 

retraction force and the surrounding matrix stiffness, cells can over-compact the fibrin 

gel during remodeling. In the case of TEHV, the valve leaflets can compact beyond the 

point of coaptation, which is catastrophic to valve function. Several approach have been 

proposed to control the compaction of the fibrin gel. Here, two different approaches are 

presented, one at the cellular level and another at the matrix level. The first approach 

utilizes inhibition of cellular traction by using the myosin blocker Blebbistatin and the 

Rho dependent kinase blocker ‘Y-27632’. The second approach at the matrix level is by 

photo-cross-linking the cell seeded fibrin gel using Ruthenium as a catalyst.  

Blebbistatin and Y-27632 were effective in reducing the compaction of the 

fibrin gel seeded with nHDF in tubular constructs; however, both drugs also negatively 

affected cell proliferation and collagen deposition. Blebbistatin was more potent, and 

the effects lasted more than 72 hrs in monolayer culture. In tubular constructs, Y-27632 

had less detrimental effects on the collagen production and cell proliferation compared 

to Blebbistatin. The study showed that pharmacological drugs can be used to prevent 

cellular traction without toxic effects on cells, but can inhibit remodeling of the fibrin 

gel into tissue.  

The second approach was investigated by cross-linking the tyrosine phenyl 

groups in the fibrin protein utilizing Ruthenium as a catalyst. The cross-linking was 
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effective in increasing the initial stiffness of the fibrin gel by 93% without any cell 

death. In long-term culture of cross-linked tubular constructs there were no effects on 

cell proliferation and ECM deposition between cross-linked and control samples. The 

cross-linked samples compacted 4-6 fold less than un-treated controls. This study 

showed that photo cross-linking is a viable option to stiffen the fibrin matrix and reduce 

cellular traction of the fibrin gel, which can allow for longer incubation period and more 

tissue growth without compaction below a useful size.    
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6.2: Introduction 
 
 Fibrin gel is used as a tissue engineering scaffold for its good cell compatibility, 

the ability to mold into desired shape, and its compaction leading to alignment of the 

fibers (1). In the development of the tissue engineered heart valve (TEHV), by 

constraining the fibrin gel scaffold, circumferential alignment can be achieved in the 

valve leaflets, which then guides the cell-deposited ECM to align with the fibrin fibers 

(2). Over time as cells deposit stiffer extracellular matrix (ECM) proteins like collagen, 

the cell induced traction would be minimized. However, due to slow remodeling (slow 

stiffening) of the fibrin gel, effects of over-compaction is problematic with long-term 

incubation, which is required to achieve the mechanical properties to withstand 

physiological forces.  

 Several approaches have been developed to reduce/control the compaction of 

cell-seeded fibrin gel either by reducing the cell’s ability to contract matrix, inhibiting 

enzymes to reduce fibrin matrix degradation, or stiffening the initial fibrin matrix. 

Aprotinin and ε-aminocaproic acid have been used to prevent plasmin and MMP 

mediated degradation of the fibrin; however at low dose they are not very effective and 

at high dose they inhibit cell proliferation and collagen production (3).  

 The cell’s contractile ability can be inhibited by adding actin, myosin or Rho 

kinase inhibitors (4). Blebbistatin has been investigated as a myosin blocker for 

fibroblasts in fibrin gel and shown to reduce compaction of the gel by inhibiting cell’s 

traction (5). Blebbistatin works by binding to large cleft in the motor domain (50 kDa 

Cleft), which opens and closes during the contractile cycle (6). Similarly, Y-27632 [(+)-

(R)-trans-4-(1-aminoethyl)-N-(4-pyridyl)cyclohex-anecarboxamide dihydrochloride], a 
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drug that inhibits the Rho-associated protein serine/threonine kinase (ROCK) family of 

protein kinases has been shown to reduce cell traction force and compaction of the 

collagen gel (5, 7, 8). Blebbistatin and Y-27632 were shown to be effective in 

preventing compaction of the fibrin gel (7, 8), however no studies to date have 

investigated the effects of these drugs on long-term cell proliferation and ECM 

deposition. Hence, we conducted a study with Blebbistatin and Y-27632 to investigate 

their long-term effects on remodeling of fibrin gel seeded with nHDF in the form of 

tubular constructs.  

 Since enzyme inhibitors like ACA and cellular inhibitors like Blebbistatin can 

affect the cell’s ability to produce ECM proteins, stiffening the initial fibrin gel has 

been considered an alternate option for reducing gel compaction. Though fibrin gel 

stiffness can be increased by increasing the density of fibrin fibers, previous research (3, 

9) has shown this to also reduce the cell’s ability to remodel the fibrin and achieve 

desirable tensile properties (3, 9). Another approach to stiffen the fibrin network is to 

cross-linking the fibrin fibrils. Previous research in our lab has used Factor XIII 

(involved in blood clotting) and other transglutanimases to cross-link fibrin. They were 

successful in increasing the initial stiffness of the fibrin gel; however, due to the 

expensive cost and only modest increase in stiffness, this was not pursued. Another 

approach to cross-link fibrin involves covalently linking tyrosine residue that are 

abundant in two of the three protein chains in fibrinogen (β-chain = 4.9%, γ-chain 

=5.6%) (10). The chemistry involves ruthenium trisbypyridyl chloride [Ru(II)(bpy)3]2+ 

as a catalyst which act as an electrophile to remove electrons, which is energized by 

blue light absorbed by the tyrosine phenyl group. The reactive tyrosine radical can then 
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react with another tyrosine phenyl group to create a covalent di-tyrosine bond, with 

sodium persulfate (SPS) acting as an electron donor (11). The experiments were 

performed to access toxic effects of ruthenium and sodium persulfate on cell-seeded 

fibrin tubular constructs and the effects on long-term remodeling during static and 

cyclic distension culture (12, 13).   

 

6.3: Blebbistatin and Y-27632 effects on compaction of fibrin gel 

 

6.3.1: Material and Methods 

6.3.1.1: Cell culture 

Neonatal human dermal fibroblasts (HDFs, Clonetics) were maintained in 

DMEM/F12 culture medium (Gibco) supplemented with 10% FBS,100 U/ml penicillin, 

100 µg/ml streptomycin, and 2.5 µg/ml amphotericin-β. Cells were passaged at 100% 

confluency and harvested for use from passage 7-9. 

 

6.3.1.2: Monolayer culture and migration assay for nHDF cells 

 To qualitatively observe the effects of Blebbistatin and Y-27632 on nHDF 

morphology and migration on tissue culture plastic, cells were plated and incubated for 

48 hrs in the cell culture medium. For a migration assay, a scrap of 100 µm was created 

in each well and monitored every 4 hours over 72 hrs after supplemented with 20µm 

blebbistatin or 10 µM Y-27632. Cell morphology was captured using an Olympus 
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microscope under transmitted light using 20x objective lens and black-in-white ccd 

camera.   

 

6.3.1.3: Tubular construct (TC) preparation and culture 

A cell-seeded fibrin gel was molded by mixing cells suspended in DMEM into a 

solution of bovine fibrinogen (Sigma) in 20 mM HEPES-buffered saline.  A mixture of 

bovine thrombin (Sigma) and calcium chloride in DMEM was then added to the 

fibrinogen/cell mixture.  The final concentrations of the cell suspension were 6.6 mg/ml 

fibrinogen, 0.4 U/ml thrombin, 3.6mM Ca2+, and 500,000 cells/ml. Suspensions were 

well-mixed by pipette action and injected into tubular molds. The resulting TC had 

initial length of 8 cm, inner lumen diameter of 2 mm, and outer diameter of 8 mm. 

Constructs were cultured in DMEM supplemented with 10% FBS, 100 U/ml penicillin, 

100  µg/ml streptomycin, 2 µg/ml insulin, 50 µg/ml ascorbic acid, 2.5 µg/ml ε-

amphotericine-β, and 1 ng/ml TGF-β. At each feeding, 70% of the medium was 

changed 3 times per week 

 

6.3.1.4: Blebbistatin and Y-27632 treatment of TC 

 Drugs were introduced to a sub-set of TC after 11 days of culture. This time-

point was determined based on previous experiments that showed rapid compaction 

beyond 2 weeks of culture without drug treatment. Blebbistatin (B) (Sigma EI-315) was 

used at 20 µM and Y-27632 (Y) (Sigma Y0503) at 10 µM. A subset was incubated with 

both drugs (B+Y). The same concentrations were used for the monolayer culture and 

TC studies. After harvest, each construct was divided into four equal-length sections 
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and then slit longitudinally to form four tissue strips, one for uniaxial tensile testing 

followed by biochemical analysis, and the others for western blotting, DNA 

quantification, and histology. 

 

6.3.1.5: Uniaxial Tensile Testing 

One tissue strip from each construct was tested for tensile properties in the 

circumferential direction.  The thickness of each strip was measured using a 50 g-force 

probe attached to a displacement transducer.  Tissue strips were placed in compressive 

grips, attached to the actuator arm and load cell of a Microbionix material testing 

system (MTS systems) and straightened with a load of 0.005 N.  This position was used 

as the reference length of the strip.  Following 6 cycles of 0-10% strain at 2 mm/min, 

strips were stretched to failure at the same rate. True strain was calculated based on the 

change in length of the tissue over time. The stress was calculated as force divided by 

the initial cross-sectional area.  Young’s modulus (E) was determined by linear 

regression of the linear region of the stress-strain curve just prior to failure.  

 

6.3.1.5: Collagen and Cell quantification 

Collagen content was quantified with the hydroxyproline assay assuming 7.46 

mg of collage per 1 mg of hydroxyproline (2). Tissue strip volume was calculated using 

the measured length, width, and thickness of the strips (as described above in uniaxial 

testing).  Collagen concentrations were calculated as the amount per unit volume in 

each strip. 
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DNA content was quantified with a modified Hoechst assay (2). Cell numbers 

were obtained from DNA contents assuming 7.6 pg of DNA per cell. Cell 

concentrations were calculated as the number of cells per unit volume using the 

dimensions of the strip. 

 

6.3.2: Results 

6.3.2.1: Cell morphology and migration assay of Blebbistatin and Y-27632 treated 

nHDF 

 nHDF were plated on the tissue culture plastic and incubated for 48 hrs prior to 

drug treatment. Cell migration and morphology were qualitatively assessed. Figure 1 

shows time-lapse images of cells migrating into the scrapped region over 72 hrs. The 

cell migration was very similar regardless of the drug treatment. At 72 hrs, a live/dead 

assay was conducted on all groups and no difference was found between the control and 

the drug treatment groups (Fig. 2). Cell morphology was similar for the Y-27632 

treatment compared to the control group; however, for Blebbistatin and B+Y, the cells 

exhibited a less elongated morphology, indicating drug effects were present after 72 hrs. 

Cell proliferation was quantified using a DNA assay and showed that both Blebbistatin 

and Y-27632 inhibited cell proliferation compared to the control group; however, the 

effect was more significant with Blebbistatin compared to Y-27632 (Figure 3).   

6.3.2.2: Blebbistatin and Y-27632 reduce TC compaction 

 TC were incubated under static culture conditions for 11 days before 

Blebbistatin and Y-27632 were introduced. By day 11, TC had compacted to 50% of 
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initial length. After the drugs were introduced, TC length was measured periodically 

(Figure 4). Blebbistatin completely abolished further compaction. Y-27632 initially 

abolished compaction but TC gradually compacted to 12.5% of initial length, which 

was still larger than for the control (4% of initial length).  

6.3.2.3: Blebbistatin and Y-27632 inhibit cell proliferation with Blebbistatin reducing 

collagen deposition 

 Blebbistatin was most effective in inhibiting the compaction of the fibrin gel. 

However, it also inhibited cell proliferation and collagen deposition. Figure 5 shows the 

thickness, mechanical properties (UTS and modulus), cell, collagen and protein 

concentration at 3 weeks (10 days of drug treatment). The lower collagen concentration 

in the Blebbistatin group correlated with weaker tensile mechanical properties. TC 

treated with Y-27632 had the same collagen concentration and the tensile properties as 

the control. The B+Y group was comparable to the Blebbistatin group, indicating that 

Blebbistatin dominated the effects of the combined drug treatment.  

6.3.2: Discussion 

 Over-compaction of the remodeling fibrin gel can lead to non-coapting leaflets 

and regurgitation of the TEHV, which are highly undesirable. Since compaction is 

mediated by the nHDF, compaction can be controlled by inhibiting cell traction forces. 

Blebbistatin (a myosin blocker) and Y-27632 (a Rho-dependent kinase inhibitor) have 

been shown to prevent cell-mediated compaction of fibrin and collagen gels (4, 5, 7). 

However, there are no reports of the effects of Blebbistatin and Y-27632 on cell 

proliferation and ECM deposition, which are critical for tissue engineering.   
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The concentrations of Blebbistatin and Y-27632 used in these studies were 

based on the effective concentrations used previously (4, 5, 8). Prior to use in TC, 

toxicity and cell motility effects were evaluated by migration assay of a scrapped nHDF 

monolayer on tissue culture plastic. Both Blebbistatin and Y-27632 reduced elongation 

30 mins after the treatment. Over 72 hrs, the cell migration on tissue culture plastic was 

comparable. Y-27632-treated cells had normal cell morphology after 72 hrs, indicating 

drug effects to be suppressed; however, the rounder cells were still present in the 

Blebbistatin-treatment group (Fig. 1). Live/Dead assay showed no cell death and 

comparable morphology for Y-27632-treated cells and the control cells (Fig. 2). DNA 

quantitation showed both Blebbistatin and Y-27632 inhibited normal cell proliferation, 

with the difference being more prominent for Blebbistatin (Fig. 3). The results showed 

that Blebbistatin at 20µM and Y-27632 at 10µM were not toxic and had the typical 

effect on cell morphology as reported in literature (4, 5, 8). Further experiments were 

conducted with TC using the same concentration of drugs from the monolayer 

experiment. 

In the 2 mm lumen diameter TC, it was commonly observed that after 2 weeks 

of culture, the rate of axial compaction increases significantly; hence an 11 day time-

point was chosen to treat TC with Blebbistatin and Y-27632 to evaluate their effects on 

the compaction. Both Blebbistatin and Y-27632 inhibited further axial compaction of 

the TC (Fig. 4). However, in the case of Y-27632, the TC gradually compacted down to 

88% of initial length compared with 96% for the control TC. For Blebbistain, there was 

no further compaction once the drug was introduced, indicating a much stronger and 

permanent effect. However, Blebbistain also greatly reduced cell proliferation and 
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collagen deposition (Fig. 5). Y-27632 had no effect on collagen deposition but inhibited 

cell proliferation. The cell proliferation data in TC for different drugs treatments was 

comparable to the monolayer culture (Fig. 2&5).  

The TC study showed that Blebbistatin is effective in inhibiting cell-mediated 

compaction of the fibrin gel without being toxic to the cells. Though it can not be used 

for continuous culture of the fibrin-based tissue engineered constructs during the 

prolonged remodeling phase, the drug can be effectively used to inhibit over-

compaction in a matured construct, as used for maintaining VE coaptation after 5 week 

of culture untill implantation in the sheep (presented in chapter 5). Y-27632 is more 

desirable for use during fibrin remodeling/tissue maturation as it slows compaction 

without influencing the collagen deposition or mechanical properties of TC, 

unfortunately it is a relatively expensive drug and effects on inhibition of compaction 

seems to mitigate over time. 
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6.3.4: Figures 

 

 
 
Figure 6-1: Time-lapse images of nHDF on tissue culture plastic treated with 20 µM Blebbistatin, 
10 µM Y-27632, or both (B+Y), compared to untreated control cells.  
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Figure 6-2: Calcein A staining (for live cells) of Blebbistatin, Y-27632, and B+Y treated cells after 
72 hrs of drug treatment. 
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Figure 6-3: Total cell number on tissue culture plastics after 72 hrs treatment with Blebbistatin, Y-
27632, and B+Y. Paired symbols show statistically significant difference at P<0.05. 
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Figure 6-4: a. Axial length of TC treated with Blebbistatin and Y-27632 (n=4-5). b. Time-lapse 
images of control TC. 
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Figure 6-5: Tensile mechanical and biochemical properties of TC after 10 days with Blebbistatin 
(B), Y-27632 (Y), or both (B+Y) (n = 4 to 5). See Figure 3 for statistical significance.   
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6.4: Ruthenium cross-linking of fibroblast-seeded fibrin gel for tissue engineering 

 The photo cross-linking of the fibrin gel relies on the proximity of fibrin fibrils 

and, more importantly, their tyrosine groups, which are about 5% of total amino acids in 

two of the three protein chains in the fibrinogen used to make fibrin. Previous work by 

Elvin et al (10) has shown photo cross-linking to be highly effective in 150 mg/ml 

fibrin gel; however, the typical concentration used in tissue engineering is 3-6 mg/ml. 

Hence, initial studies were conducted to determine not only the toxic effect of the cross-

linking reagents used but also whether any significant change in the stiffness of fibrin 

gel at 4 mg/ml would result. Cross-linking chemistry was developed with Australian 

Common Wealth Scientific and Industrial Research Organization collaboration (Dr. 

Charles Lindall and Dr. Lillian Sando). Their protocol was modified to minimize the 

deleterious environment for the cells. Additional experiments were performed to 

evaluate long-term remodeling and compaction of the cross-linked fibrin gel. The 

objective was to determine if sufficient stiffening of the fibrin could be achieved so as 

to substantially reduce compaction mediated by the nHDF without a reduction in 

ultimate tensile mechanical properties. If achieved, a longer incubation time could be 

used to improve the mechanical properties without over-compaction of the tissue 

formed from fibrin remodeling.   

 

6.4.1: Material and Methods 

 

6.4.1.1: Cell culture 
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Neonatal human dermal fibroblasts (HDFs, Clonetics) were maintained in 

DMEM/F12 culture medium (Gibco) supplemented with 10% FBS,100 U/ml penicillin, 

100 µg/ml streptomycin, and 2.5 µg/ml amphotericin-β. Cells were passaged at 100% 

confluency and harvested for use from passage 7-9. 

 

6.4.1.2: Tubular construct (TC) preparation and culture 

The details of sample preparation and culture have been previously described 

(13). Briefly, a cell-seeded fibrin gel was cast in a tubular mold by mixing cells 

suspended in DMEM into a solution of bovine fibrinogen (Sigma) in 20mM HEPES-

buffered saline.  A mixture of bovine thrombin (Sigma) and calcium chloride in DMEM 

was then added to the fibrinogen/cell mixture.  The final concentrations of the 

suspension were 6.6 mg/ml fibrinogen, 0.4 U/ml thrombin, 3.6mM Ca2+, and 500,000 

cells/ml.  Suspensions were well mixed by pipette action and injected into tubular 

molds. Constructs were cultured in DMEM media supplemented with 10% FBS, 100 

U/ml penicillin, 100  µg/ml streptomycin, 2 µg/ml insulin, and 50 µg/ml ascorbic acid. 

Constructs were cultured for one week, after which they were transferred to a bioreactor 

for cyclic stretching. This one-week culture period allowed for cell-mediated fibrin 

compaction and initial ECM deposition so that the constructs could withstand the 

transfer to the CD bioreactor. Samples were cultured on CD bioreactor for additional 2 

to 4 weeks. Two set of experiments were performed, with both sets having paired non-

cross-linked control for all time-points.  After harvest, each construct was divided into 

four equal-length sections and then slit longitudinally to form four tissue strips, one for 
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uniaxial tensile testing followed by biochemical analysis, and the others for western 

blotting, DNA quantification, and histology.   

 

6.4.1.3: Hemisphere Constructs (HC) preparation and culture 

HC were formed in six-well plates with the bottom of each well being scored to yield a 

1 cm diameter etch. Using the same formulation as above, 200 µl of fibrin-forming cell 

suspension was placed within each etch, allowed to gel for 30 minutes, and then 

incubated with the same medium as for TC. Samples were cross-linked (see below) 

after 24 hrs of culture and incubated further for 3 weeks in the same medium. For a 

direct assessment, the compressive stiffness of the HC was measured using a quasi-

static force indenter test. Using pre-calibrated volt-meters, compressive force versus 

displacement data was acquired and used for calculation of compressive stiffness 

defined as force per unit initial surface area of HC. 

 

6.4.1.4: SDS-PAGE analysis of photo cross-linked fibrin 

 To evaluate the extent of cross-linking, fibrinogen solution at 10 mg/ml was 

cross-linked at several dilutions of Ruthenium compound from 0.02 mM to 4 mM. To 

assess the kinetics of cross-linking, fibrinogen solution with Ruthenium compound at 2 

mM concentration was exposed to blue light for 1,5,10, and 20 seconds. The cross-

linked samples were added to a reducing buffer (4x loading dye: Tris-HCL 0.125 M, 

glycerol 20%, SDS 4%, bromophenol blue 0.01%, DTT 12.5 mM), heated at 95oC for 5 

minutes, and analyzed by electrophoresis on 10% SDS-polyacrylamide gel. 10 µg of 
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protein was loaded for each treatment group and the control group. The gel was stained 

with blue Bandit protein stain.  

 

6.4.1.5: Ruthenium photo cross-linking of nHDF seeded fibrin gel 

 TC and HC were incubated in culture medium for 24 hrs or more before (as 

specified) cross-linking. Ruthenium trisbypyridyl chloride [Ru(II)(bpy)3]2+ (Ru(II)) 

solution was made at 10x (20 mM) concentration by dissolving it in distilled H2O. 

Sodium persulfate solution was prepared at 20x (200 mM) concentration by dissolving 

it in distilled H2O. Solutions were sterile filtered with a 2 µm filter (Millipore, USA). 

Solutions were protected from light until used and made fresh for each cross-linking 

experiment. Prior to cross-linking, the solutions were diluted in sterile PBS and TC/HC 

were incubated in a mixed solution of Ru(II) and sodium persulfate at 37oC for 10 min. 

At the end of the incubation, blue light delivered from a custom mesh of 48 blue LEDs 

was applied at 10 mW/cm2 for 20 seconds. After cross-linking, the TC/HC were rinsed 

2x in PBS and 1x in DMEM, and then cultured in standard conditions. Controls were 

kept in normal culture medium and not exposed to blue light but otherwise subjected to 

the same culture conditions (including cyclic distension following static incubation).     

 

6.4.1.6: Uniaxial Tensile Testing 

One tissue strip from each construct was tested for tensile properties in the 

circumferential direction.  The thickness of each strip was measured using a 50 g-force 

probe attached to a displacement transducer.  Tissue strips were placed in compressive 

grips, attached to the actuator arm and load cell of a Microbionix material testing 
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system (MTS systems) and straightened with a load of 0.005 N.  This position was used 

as the reference length of the strip.  Following 6 cycles of 0-10% strain at 2 mm/min, 

strips were stretched to failure at the same rate. True strain was calculated based on the 

change in length of the tissue over time. The stress was calculated as force divided by 

the initial cross-sectional area.  Young’s modulus (E) was determined by linear 

regression of the linear region of the stress-strain curve just prior to failure.  

 

6.4.1.7: Histology 

Tissue strips were fixed in 4% paraformaldehyde, infiltrated with a solution of 

30% sucrose and 5% DMSO, frozen in OCT (Tissue-Tek), and sectioned into 9 µm 

cross-sections. Sections were then stained with Lillie’s trichrome, Verhoeff’s stain and 

picrosirius red stain. Images were taken using a color CCD camera. For picrosirius red 

staining, images were taken with the samples placed between crossed plane polarizers. 

 

6.4.1.8: Collagen and Cell quantification 

Collagen content was quantified with the hydroxyproline assay assuming 7.46 

mg of collage per 1 mg of hydroxyproline (2). Tissue strip volume was calculated using 

the measured length, width, and thickness of the strips (as described above in uniaxial 

testing).  Collagen concentrations were calculated as the amount per unit volume in 

each strip. 

DNA content was quantified with a modified Hoechst assay (2). Cell numbers 

were obtained from DNA contents assuming 7.6 pg of DNA per cell. Cell 
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concentrations were calculated as the number of cells per unit volume using the 

dimensions of the strip. 

 

6.4.1.9: Statistics 

 For all experiments, a statistical difference between groups was determined 

using one-way ANOVA with the Tukey post hoc test in GraphPad Prism® software for 

Windows. Any reference to a difference in the Results and Discussion implies statistical 

significance at the level p < 0.05. In all cases where the error bars (plus or minus 

standard deviation) are non-overlapping, the differences are significant; hence, for 

clarity, no symbols are used. In cases where error bars are overlapping and the 

difference is significant, paired symbols are used to indicate the difference. 

 

6.4.2: Results 

6.4.2.1: Ruthenium cross-linking kinetics 

 To assess Ru(II) cross-linking kinetics, a solution of fibrinogen at 10 mg/ml was 

cross-linked at Ru(II) concentration of 0.02, 0.1, 0.2, 0.5, 1, 2 and 4 mM. The solution 

had width and depth of 2-3mm, which is comparable to a day old TC. At all 

concentrations, the solution was exposed to blue light at 10mW/cm2 for 20 seconds. 

Figure 6a shows a visible band of un-cross-linked fibrinogen at low concentration of 

0.02 mM, however at 0.2 mM and higher concentration, there are no visible band. 

Further, the cross-linking kinetics was assessed by exposing the fibrinogen solution at 

20 mM Ru(II) concentration to blue light for 1, 5, 10 and 20 seconds. At 1 sec exposure, 

the bands of the fibrinogen are visible, but by 5 seconds all the fibrinogen had been 



   161 

 

cross-linked (Fig 6b).  The data shows that fibrinogen can be cross-linked at 100x lower 

Ru(II) concentration with exposure to blue light 4x less than used for the TC study.  

 

6.4.2.2: Ruthenium cross-linking increased the fibrin gel stiffness without affecting cell 

viability 

HC were incubated overnight in culture medium before cross-linking. As shown 

in Fig. 7a, 30 min after cross-linking, no cytotoxic effects were observed. To assess 

whether cross-linking influenced the stiffness of the fibrin gel, the HMs were detached 

from the plates and allowed to float in PBS for 5 min. In a well known phenomenon due 

to cell traction forces (5), immediate gel compaction occurred in the control group 

(maintained in cell culture medium at 37C), which was inhibited in the cross-linked HC, 

implying an increased stiffness from this functional assessment (Fig 7b). Using direct 

measurement, measured stiffness of HC increased with cross-linking by 93% (Fig 6c).  

 

6.4.2.3: Ruthenium cross-linking of TC leads to reduced compaction 

 TC were cross-linked at day 1 and day 7. Figure 8 shows the process of cross-

linking and a live/dead image showing no cell death 30 minutes after cross-linking. 

After 7 days of static incubation, TC were mounted in the CD bioreactor (as previously 

described (13)). TC were cultured for an additional 2 weeks and length was recorded 

weekly. Figure 9a shows the measured length of TC over 3 weeks. Control samples 

compacted to 2% of the initial length, while samples cross-linked on day 1 only 
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compacted to 12%, while samples cross-linked on day 7 compacted to 17%. Compared 

to un-treated control TC, cross-linked TC were 4-6 fold longer at week 3 (Fig. 9b). 

 

6.4.2.4: Cross-linked TC had increased cell proliferation and comparable collagen 

density 

 After 3 weeks of culture (including 2 weeks in the CD bioreactor), the TC cell 

content increased by 50% for control TC and by 125% for cross-linked TC. Figure 10 

shows the cell count, total deposited collagen, and collagen/cell. There was no 

difference in collagen deposited by the cells in the control (375±48 µg) and day 1 

(409±10 µg) cross-linked TC; however the day 7 cross-linked TC had 45% less 

collagen (208±77 µg) compared to control TC.   

 

6.4.2.5: Tensile properties of TC correlated with collagen density 

 The tensile properties (UTS and modulus) were higher for the control compared 

to Day 1 and Day 7 cross-linked TC (Fig. 11). The UTS value for the control (792±312 

kPa) was 1.5 fold higher than Day 1 (309±34 kPa) and 4.7 fold higher than Day 7 

(127±10 kPa). Similarly, the modulus for the control (2859±821 kPa) was 1.5 fold 

higher than Day 1 (1140±113 kPa) and 3.7 fold higher than Day 7 (609±57 kPa). The 

tensile properties correlated with the collagen density, which was also 1.5 fold and 4.7 

fold higher than Day 1 and Day 7 for the control samples. The plot for modulus versus 

collagen density for all samples is shown in Figure 12, which had a linear trend (R2 = 

0.97 for linear regression).    

 



   163 

 

6.4.2.6: Ruthenium cross-linked TC require a longer incubation to achieve desired 

tensile properties 

 In the first study described above, the tensile properties correlated with collagen 

density, which resulted in cross-linked TC having a lower UTS and modulus after 3 

weeks of culture compared to control TC. Hence, a second study was performed with 

TC cross-linked at Day 1 and then incubated for 5 weeks (1 week static culture 

followed by 4 weeks in CD bioreactor). For both 3 and 5 week time-point, paired 

untreated control was also analyzed. The cross-linked TC further compacted during the 

additional 2 weeks of CD down to 8.5% of the initial length by week 5 (Fig. 13a); 

however they were still 120% longer than controls. The UTS and modulus both 

improved for the cross-linked TC from week 3 to 5, with 5 week sample properties 

comparable to the 3 week non cross-linked controls (Fig. 13c&d). The UTS and 

modulus improved by 111% and 293% from week 3 to 5, respectively. The trichrome 

and picrosirius red staining showed significant remodeling and maturation of collagen 

for the cross-linked samples from week 3 to 5 (Fig. 14). 

 

6.4.3: Discussion 

Initial experiments were conducted with HC to evaluate the toxic effects and 

stiffness change in fibrin gel seeded with nHDF due to Ruthenium catalyzed cross-

linking. After cross-linking, a Live/Dead assay was performed, which showed no toxic 

effects of Ru(II) or sodium persulfate (Fig. 7a). The control gel retracted when pealed 

from plate compared to cross-linked HC (Fig. 7b). An indentation test showed that the 

cross-linked HC were twice as stiff compared to the controls (Fig. 7c). 
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The HC studied validated the Ru(II) cross-linking protocol to be non-toxic to 

nHDF inside the fibrin gel; hence further long-term effects were evaluated in the TC, 

which were mounted in the CD bioreactor to access remodeling under cyclic stretching. 

Further, to assess if cross-linking can be beneficial in partially remodeled fibrin, a 

subset of TC were cross-linked on day 7 rather than day 1. The 3 groups (day 1, day 7 

and control) were mounted in the CD bioreactor and cyclic stretched at 10% for 2 

weeks after 1 week of static incubation on the rigid mandrel used for casting. Control 

TC rapidly compacted to 2.7% of the initial length after 3 weeks. Compared to the 

control TC, cross-linked TC were 4-6 fold longer at 3 weeks. The data showed that 

cross-linking was effective in slowing but not abolishing the compaction of the fibrin 

gel. Some compaction is desirable, as under appropriate mechanical constraints it leads 

to the alignment of the fibrin fibrils as well as the deposited ECM fibers. In the case of 

TC, the alignment is circumferential.  

Biochemical data showed TC cross-linked developed a higher cell content (Fig 

10a). One plausible explanation would be the cell proliferation being a function of cell 

density and nutrient availability. It was observed that control TC rapidly compacted by 

week 2, and at 3 week (Fig. 11) the cell density was greater in control TC, compared to 

cross-linked TC. Hence, due to higher cell density in control TC, cell proliferation 

would potentially have slowed down between week 2 to 3 compared to cross-linked TC. 

The total deposited collagen was comparable between the control and day 1 cross-

linked TC, with day 7 TC having 50% less collagen (Fig. 10b). Even though no toxic 

effects of cross-linking were not observed, it is possible that the treatment of Ru(II), 

sodium persulfate and blue light led to some cellular damage that required longer 
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incubation for the cells to recover before they could further remodel the surrounding 

ECM. This is supported in the trend of collagen/cell (Fig. 10c), which is highest for the 

controls followed by day 1 and day 7 groups.  

Since the total collagen was comparable between control and 1 day cross-linked 

TC, but they possessed dramatically different volumes (Fig 9), the collagen density was 

2-fold higher in the controls (Fig. 11c). As shown in Figure 12, the tensile modulus 

correlated with the collagen density. Both the UTS and modulus were highest for the 

controls followed by day 1 and day 7 cross-linked TC. To facilitate improvement in the 

tensile properties of the cross-linked TC, additional experiments with longer culture 

time in the CD bioreactor were performed. An additional 2 weeks of culture improved 

the UTS and modulus of cross-linked TC to values comparable to the 3 week control 

samples. The trichrome and picrosirius red stains confirmed further remodeling with 

more visible (trichrome) and mature (picrosirius red stain) collagen in 5 week TC 

compared to the 3 week TC (Fig. 14). However, during the additional 2 weeks of 

culture, the length further decreased down to 8.5% compared to 16% at 3 weeks. The 5 

week TC were still 120% longer than control TC.    

Over all, this study shows that Ru(II) cross-linking of the tyrosine groups in the 

fibrin can be achieved at a low initial fibrin concentration of 4 mg/ml. The cross-linking 

has no toxic effects on the nHDF and leads to a stiffer fibrin matrix. In long-term 

culture, the cell proliferates normally in the cross-linked fibrin and remodel it with 

comparable deposition of collagen as in control samples. Further, we showed that cross-

linking can be done on partially remodeled fibrin after 1 week of incubation to inhibit 

further compaction after some initial compaction has occurred. The study demonstrates 



   166 

 

Ru(II) cross-linking as a successful method to control compaction of fibrin-based tissue 

constructs.      
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6.4.4: Figures 
 

 
 
 
Figure 6-7: Photochemical cross-linking of fibrinogen solution at 10 mg/ml using Ru(II) 
as a catalyst. a. Evaluation of Ru(II) concentration effect on fibrinogen cross-linking at 
concentrations of Ru(II) at 0.02, 0.2, 0.5, 1 and 2 mM. b. Evaluation of blue light 
exposure time on the Ru(II) cross-linking with time of 1, 5, 10 and 20 seconds at 10 
mW/cm2. The first lane on the left side of each gel has a protein ladder (L) followed by 
untreated fibrinogen solution loaded at 10 µg (F). 
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Figure 6-7: a. Live-dead comparison of an nhDF-seeded fibrin HM photo cross-linked with 
Ruthenium catalyst and a control HM B. Visual comparison of HM compaction after detachment 
from surface c. Comparison of compression stiffness (* significantly different at p<0.05). 
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Figure 6-8: Process of Ruthenium cross-linking. Bottom right shows Live/Dead image of TC cross-
linked (x-linked) compared to untreated control.  
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Figure 6-9: a. Time-course of axial length of the TC, b. Image of the TC at 3 week (from left to 
right: 1 day, 7 day, and control) 
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Figure 6-10: a. Cell number, b. total collagen and c. collagen/cell for TC after 3 weeks of culture in 
CD bioreactor. In a. horizontal line represents the initial cell number. 
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Figure 6-11: a. UTS, b. modulus, c. collagen concentration and d. cell concentration in TC after 3 
weeks 
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Figure 6-12: Collagen density versus modulus of TC after 3 week of incubation, linear regression 
had R2=0.97 (line on the plot).  
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Figure 6-13: Comparison of compaction and tensile mechanical properties of non cross-linked TC 
control after 3 weeks of culture to photo cross-linked TC after 3 and 5 weeks of culture. All samples 
were statically cultured on mandrel for 1 week followed by 2-4 weeks in the CD bioreactor. a. 
Overall length compaction as % of initial length, b. thickness, c. UTS, d. modulus, and e. Collagen 
density. 
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Figure 6-14: Trichrome and Picrosirius Red Stain of the TC control (a&c) and photo cross-linked 
TC after 3 (b&d) and 5 (c&f) weeks of culture.  
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Chapter 7: Ongoing Work, Future Direction and Conclusions 
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7.1: Introduction 

 The science of tissue engineering has been proposed as the next generation of 

therapy to replace and repair tissues and organs. Several tissue engineered grafts have 

been used in the clinical trails but for most of the field, the science is still in the research 

phase. Specifically to tissue engineered heart valve (TEHV), the tissue requires both 

functional and tensile properties to be able to withstand the physiological conditions. 

The research can then look into more complex questions regarding in vivo performance 

of the valve conduit. For synthetic grafts made from biodegradable polymer, to certain 

extent the rigid polymer can provide the strength needed to withstand physiological 

conditions. John Mayer’s group at Children Hospital Boston has successfully implanted 

the synthetic polymer TEHV in sheep pulmonary artery and reported first study 9 years 

ago (1, 2). In 9 years since then, the group has published several iterations to the 

original conduit but the progress is still far from a clinical trial. Though synthetic 

polymer provides durability, it has several disadvantages, which is the primary reason 

for the slow progress. Our laboratory approach is by using fibrin as a scaffold. Fibrin 

gel is extremely fragile compared to synthetic polymers and requires extensive 

remodeling by embedded cells to have the desired mechanical properties. The early 

chapters of this thesis addressed these issues and a design of a bioreactor that can be 

used to improve remodeling of a fibrin gel based TEHV. To this day, we have 

implanted fibrin based TEHV in several large animals with uneventful survival of upto 

8 weeks. During development of the TEHV, numerous approaches were looked at that 

could be utilized in the future.  
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7.2: Ongoing and Future Studies 

 Some of the preliminary studies conducted with the fibrin system are presented 

here in. These ideas potentially would probe further questions on the fundamental of 

tissue engineering, cellular behavior, and requirements for developing a tissue 

engineered devices.  

 

7.2.1: Endothelialization of valve surface 

 Evaluation of the VE implanted in sheep has shown inflammatory response on 

surface near leaflets. Histopathology showed formation of blood capillaries on luminal 

surface in at least one of the implant. Though the observed inflammation could be 

related to completely unknown phenomenon, our first assumption would be the lack of 

endothelial lining on implant graft, which leads to reactive response. The inflammatory 

response was least to none near proximal and distal end of root surface. Immuno-

histology showed endothelial lining in these regions by positive Von Willebrand factor 

(vWF) staining (marker for endothelial cells). Most likely after implant endothelial from 

surrounding pulmonary artery spread onto near by VE root and over time minimize any 

inflammatory response.  

 A desirable source of endothelial cells would be the autologous endothelial cells. 

Previous animal implant with human cell derived tissue engineered vascular grafts have 

used endothelial cells extracted from the saphenous vein (3). In our lab, we are pursuing 

blood derived endothelial cells (BOEC), which only require with-drawl of blood hence 

a more convenient source for patients to donate. The BOEC technology is developed by 

Hebbel lab at the University of Minnesota. In preliminary studies, sheep BOEC 
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(isolated and passaged by Mark Roney from Hebbel Lab) were plated on nHDF seeded 

hemispheric constructs (HC). In brief, the HC were cultured on tissue-culture plastic for 

2 weeks prior to BOEC seeding. BOEC (three million cells) were suspended in culture 

media over HC surface for 4 hrs. Endothelial culture media was added following 

seeding and HC with BOEC were cultured for additional 7 days. A HC was stained for 

LDL at 2, 4 and 7 days. The 7 day HC were also immuno-histochemically stained for 

vWF. Figure 1a shows surface image of HC coated with BOEC that are labeled with 

LDL. HC surface had 100% BOEC coverage after 4 days. vWF staining showed 

confluent lining of endothelial cells on surface of HC (Fig. 1b).  

 

Figure 7-1: a. LDL staining of BOEC on HC surface, red represent LDL, blue is cell nuclei stained 
with DAPI counter stain b. vWF immuno-staining (red) of  HC cross-section with nuclei (blue) 
DAPI counter-stain.  
 

Further experiments were performed to coat surface of the VE inside the 

bioreactor with BOEC cells. In brief, VE cultured in bioreactor for 3 weeks were seeded 

with BOEC by injecting 20ml of BOEC cell solution at 3 million cells/ml into the 

lumen of the VE, while still mounted in the bioreactor. The end-caps were sealed and 

bioreactor was rotated at 0.5rpm for 4 hrs to achieve adhesion of BOEC on to VE lumen 

surface. The VE was connected back in the bioreactor flow-loop and cultured with 

endothelial culture media for additional 4 days with low perfusion. After harvest, 

luminal surface of VE root and leaflets was stained for LDL (Fig. 2). The study shows a 
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proof of concept for endothelialization of VE inside the bioreactor prior to implant. The 

protocol would need further optimization of BOEC seeding concentration, initial 

incubation time, rotation speed, and post culture to reach confluency and possible flow 

conditioning to mature the endothelial lining. Beyond coating, shear studies would be 

required to access adherence of endothelial coating on the VE surface under 

physiological flow. Ultimate test would be to implant a BOEC coated VE in the animal 

model with low to no heparin.  

 The role of endothelial cells on the leaflet surface has largely been ignored, 

primarily due to commercial success of bioprosthetic valve. However for the tissue 

engineered heart valve, it may be necessary and require further investigation.      

 
Figure 7-2: LDL staining (red) of BOEC on VE lumen surface with DAPI (blue) for cell nuclei. a: 
Image of lumen surface of root section, b: Image of lumen surface on aortic side of the leaflets.   
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7.2.2: Hypoxia induced remodeling of nHDF seeded fibrin constructs 

 Oxygen tension has long been studied to evaluate the effects on cell cycle and 

behavior (4). Fibroblasts have been shown to increase proliferation and ECM deposition 

rate at low oxygen tension (5). Recently, hypoxia has been studied as a parameter for 

tissue engineering and found to be effective in enhancing mechanical properties and 

ECM content of a engineered tissue (6).  

 In our lab, we have recently looked at the effects of hypoxia (5% oxygen) on 

tubular constructs seeded with mouse smooth muscle cells and nHDF compared to 

normal (21% oxygen) culture conditions. Figure 3 shows the effects of hypoxia on the 

tensile properties of nHDF seeded gel after 4 week of static culture. Hypoxia increased 

the UTS by 62% (Fig. 3a) and the maximum tension by 112% (Fig. 3c). These 

mechanical properties are critical in determining the structural durability of a VE. 

Hence, further studies that can control not only the mechanical environment (i.e. cyclic 

stretch) but also the nutrient environment including oxygen tension can be used to 

further optimize the mechanical properties and ECM content of the VE during in vitro 

growth. Such optimization could potentially lead to VE with enough strength to 

withstand aortic pressures.   
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Figure 7-3: a. UTS, b. Modulus, c. Maximum Tension, and d. Membrane stiffness of nHDF seeded 
fibrin TC after 5 week of static culture 
     

7.2.3: Optimizing mechno-chemical environment to manipulate protein signaling 

 Success of a TEHV and in general any tissue engineered construct is in 

manipulating the cellular environment to achieve the desired effects. In the case of 

TEHV, it is to induce cells to produce ECM proteins and organize them. Study in 

Chapter 2 showed that TC can adapt to cyclic stretch or mechanical stimulus. This was 

seen at protein level by plating nHDF cells on a silicon membrane and cyclically 

stretched for 24hrs in Flexcell system. The cell protein were extracted at several time-

points and analyzed for phosphloration of ERK by western blotting. The results in 

showed that with cyclic stretching the pERK level initially went up but gradually 

declined over time, indicating that continues cyclic stretching doesn’t necessary 

maintain higher level of pERK for long duration (Fig. 4). Another experiment was 

conducted where average strain of 10% was applied to three groups of TC for 3 weeks, 
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first was kept at 10% CD, second was incrementally stretched from 5% to 15% in equal 

time-steps and third was strained with random increase and decrease in strain amplitude 

(Fig. 5a). The results showed that to over come adaptation, not only mechanical stimuli 

need to be changed but also it has to be in an increasing order (Fig. 5b). The two studies 

mention above highlights the complexity of mechanical signal and its response at the 

cellular level. Similarly, TGF-β study showed that benefits of a growth factor are not 

seen at all time-point/under all conditions and optimize dosing can be used to improve 

the ECM content in the tissue engineered constructs. Recent experiments have show 

that even nutrients (i.e. oxygen) can be controlled to manipulate cellular response. 

Hence, for a true optimized TEHV, a growth system is required that can control 

mechanical and chemical stimulus. The bioreactor system presented in this research has 

elements that can be used to achieve this. The current bioreactor design allows for 

independent cyclic stretch control and flow control. Potentially by reducing flow to 

zero, one can create complete hypoxic environment for VE, or by increasing the flow to 

higher values, a significant pressure gradient can be induced across the VE (inducing a 

mechanical stress), and further any growth factors can be injected and over time 

removed by changing the media reservoir. Similarly cyclic stretch frequency, amplitude 

and duty cycle can be manipulated without effecting the controlled flow environment. 

However, to achieve all this requires sophisticated sets of sensory and feed-back 

controls, which could potentially be achieved in the next generation of TEHV 

bioreactor system.      
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Figure 7-4: Time-course of pERK/ERK singal of nHDF cells on flex cell membrane 
 

 

  

Figure 7-5: a. Schematic of constant CD, non-monotonic and incremental cyclic stretching profile 
applied to nHDF TC for 3 weeks, b. Comparison of tensile mechanical and biochemical properties 
of TC conditioned to different cyclic stretch regimes.  
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7.2.4: Hybrid root for the fibrin TEHV 

 Fibrin based TEHV provides many advantages over synthetic polymers 

including leaflets with comparable thickness, modulus and anisotropy to the native 

leaflets. However, weaker root tissue primarily due to 300-400 µm thickness compared 

to several millimeters for a native root has been a challenge during surgery. 

Additionally, fibrin remodeled tissue has weaker suture retention than one required for 

the surgery, hence current TEHV are embedded with Dacron cuffs for sewing. Synthetic 

biodegradable polymer like PGA, PLGA and PLA used in TEHV has the advantage of 

superior suture retention abilities (1, 2). In a completely biological tissue engineering 

approach, cell sheet based vascular grafts have also been shown to have the desired 

suture retention (3). Any future iteration in the fibrin based TEHV design can combine 

the success of several approaches. For instance the entire root of fibrin based TEHV can 

be cast out of biodegradable polymer along the lines of Baaijens group approach (7), or 

a completely fibrin based TEHV can be cast and a cell sheet can be rolled over the root 

in similar fashion as one used for vascular graft, prior to mounting in the bioreactor (3). 

The second approach could yield a completely biological TEHV with appropriate 

suturing structure. Of course, either of these hybrid approaches requires a collaborative 

research. 

 

7.3: Towards clinical trial of TEHV 

 TEHV technology is fairly young with only one clinical study in progress with 

decellularized native valve seeded with human cells. The decellularized technology 

provides the advantage of scaffold with natural valve architecture, however it is yet to 
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been seen if seeded cells have the ability to remodel these constructs especially in the 

pediatric patients. Previous trials of decellularized valve implant without cell seeding 

had catastrophic results in the pediatric patients (8). It is yet to be seen, of the several 

approaches that are currently being developed, which one will emerge most viable for 

clinical trails. Since a completely biological valve like the one developed with fibrin 

scaffold provides the certainty that all components of the graft can be autologous and 

the tensile properties of the graft are from cell produced ECM, the future clinical 

success would most likely involve this technology. Current development of TEHV as 

presented in this thesis already incorporates elements that are critical to success towards 

clinical trial.  

While we worked with bovine fibrin, mainly due to cost reason, fibrin is a 

highly conserved polymer among species and limited experience in our lab with human 

fibrin has shown to give comparable results as with bovine fibrin. We currently use 

human dermal fibroblast, which is relatively easy source of cells to acquire from 

individual patients and protocols to expand these cells are well established. The growth 

conditions involving fetal bovine serum (FBS) have been debated for human use, 

however both dermal grafts made by ATS and organogenesis and recent clinical trial of 

vascular grafts by Cytograft utilized the culture conditions involving FBS (3). Recently, 

serum free media culture conditions have been utilized to grow engineered tissue (9) 

and if necessary nHDF can be cultured in such conditions.  

 In current fibrin based TEHV, due to weak suture retention properties of the 

engineered tissue, embedded dacron cuffs inside the fibrin gel are used for sewing. 

Even though Dacron is commonly used in many commercial bioprosthetic valves, for 
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pediatric patients it creates a problem as darcon may not expand with growing heart of 

the patient. A clever zig-zag cuff design can be used that can allow for 100% expansion 

of lumen or cuffs made from biodegradable polymers. Beyond developmental 

improvements as mentioned in this thesis, the fibrin based TEHV would require 

extensive animal studies to evaluate growth and remodeling before clinical trial.  

 With in vivo remodeling assurance from animal studies, first clinical trials with 

TEHV can be conducted in pediatric patients with pulmonary valve disease. Pulmonary 

valve failure is a low risk and with continues monitoring, patients progress with TEHV 

in pulmonary position can be evaluated without significant risk to life.  

 

7.4: Conclusions 

 This thesis focused on the development of TEHV based on a fibrin gel as a 

scaffold seeded with nHDF. The development primarily focused on cyclic stretch as a 

mechanical stimulus in improving the tensile mechanical properties of tissue by 

stimulating cells in fibrin gel to produce and organize collagen. Initial studies were 

focused on evaluating the role of cyclic stretching on fibrin based tubular constructs 

(TC). The study was conducted with porcine valve interstitial cells (PVIC) and neo-

human dermal fibroblast (nHDF). Both cell types showed improvements in tensile 

properties with cyclic stretching. PVIC constructs showed significant variability in gel 

compaction, ECM production, cell proliferation and tensile properties from batch to 

batch, hence further studies were pursued with nHDF. The cyclic stretching studies 

showed that under constant cyclic stretching, over time cells can adapt to mechanical 

stimulus. It was also shown that by applying incremental cyclic stretching, this 
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adaptation can be overcome and leads to improved tensile properties and collagen 

production by cells. Further optimization studies involved removing TGF-β during 

cyclic stretch phase of TEHV growth.  

 The major development in this project was manufacturing of a novel cyclic 

stretch bioreactor for fibrin based TEHV. The TEHV cultured in the bioreactor had 

improved UTS and modulus. The modulus and mechanical anisotropy were comparable 

to the sheep pulmonary valve leaflets. TEHV tested in pulse duplicator were able to 

withstand physiological flow and pressure conditions. Burst testing showed that root 

can withstand pressure up to 150 mmHg. 

 The desirable mechanical properties achieved with fibrin based TEHV 

motivated us to conduct animal trials on the pulmonary side of the heart in sheep. 

Animal implanted with TEHV survived with uneventful occurrences upto 8 weeks. The 

evaluation of the explanted valve showed inflammatory reaction on luminal surface. 

The leaflets had no significant change in tensile properties with both collagen and 

elastin concentration increased during 4.5 week of in vivo remodeling. This is a major 

success considering the valve with human cells in bovine fibrin and without endothelial 

coating was implanted in a sheep. The root tissue showed areas with endothelial lining 

and in root wall there was evidence of vasculature. The overall root tensile properties 

were comparable to the native sheep pulmonary artery.        

 Further development of the TEHV can utilize ongoing approach to reduce 

compaction of the fibrin gel, improve cell’s ability to produce collagen, elastin and 

glycoamino glycines (GAG) and coat valve with endothelial cells prior to an implant. 
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Overall, this study showed controlled mechanical conditioning as a viable approach 

towards development of a completely biological tissue engineered heart valve.  
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Appendix A: Tubular tissue construct and valve equivalent fabrication protocols 
 

A1: Tubular Constructs 
 
Note: may need to keep mixtures cool until mixed if having difficulties 
 
To make the final fibrin gel at 6.66mg/ml 
 
Fibrinogen Solution (9 mL total): (1:5 ratio for Fibrin (30mg/ml):HEPES) 
 3 mL Fibrinogen (~30 mg/mL)  
 6 mL 20mM HEPES in Saline 
 
Thrombin Solution (2 mL total):  
 2 mL medium WITHOUT FBS 
 200 µL Thrombin  
 15 µL 2N CaCl2  
 
Cell Solution 
6x concentration of final (final usually 0.5x106 cells/mL => 3x106 cells//mL) 
 
Gels: 

4 parts Fibrinogen Solution 
 1 part Thrombin Solution 
 1 part Cell Soluiton 
 
(hemispheres use 100 µL for 30 min then add media 1 mL) 
(MEs use approx 1.5 mL for 30-45 min then add media- may want lower cell conc.) 
 
TC preparation 
1. Autoclave mandrels, rubber ends end-caps (12cc/6cc syringe), 12 cc outer casings, 
and plungers. 
2. Coat mandrels and outer shells with 5% pluronic in water for 3-4 hours 
3. Mix fibrinogen solution, thrombin solution, and cell suspension in 4:1:1 ratios as 
needed (up to~ 20 mL at a time, inject all within 1 minute) 
4. Inject mixture into molds, incubate mandrel vertically so cells don’t settle non-
uniformly in the mold, wrap in parafilm and put in incubator for 15-30 minutes. 
5.  Push mandrels out of molds with autoclaved plunger into incubation jars/tubes. 
6.  Detach tissue from edges at first feeding (if needed). 
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 A2: Valve Equivalent (Developed originally by Paul Robinson): 
 
1: VE Molds have three main parts, upper section, lower section and outer casing. 
Additional rubber spacer can be used to reduce lower root height.  
 
2: Sonicate mold with detergent (not contrad) for 1 hr (heat on), rinse with tap DI and 
add enzyme detergent (Contrex) for 1hr and sonicate (heat on).  
 
3: rinse with tap DI water and soak in DI water overnight. 
 
4: Parts can be sterilize by autoclaving or soaking in EtOH for 30 min in autoclaved 
1000ml beaker (can hold upto two molds). Teflon will warp in autoclave hence prefer to 
use EtOH unless contamination is an issue.  
 
5: dry on sterile towel for 30min (evaporate all EtOH) 
 
6: pluroic coat for 3-4 hrs or overnight with 2.5% pluronic solution 
 (2.5g pluronic in 100 ml DI water) 
7:  dry molds after pluronic for 30 min and put pieces together using sterile gloves. 
 
8: Warp out sheel casing with Teflon tape to ensure all gaps are sealed. Add sterile 
hank’s buffer solution to test for leaks. Seal leaks with more Teflon tape or sterile 
vacuum grease.   
 
9: Using desired fibrin recipe, make about 20 ml of fibrin solution for each full valve 
and 16mls for reduced lower root height valve.  
 
10: After mixing the fibrin solution using 25 ml pipette inject fibrin solution 1/3 through 
each of the opening in upper post. Inject slowly to avoid creating air bubbles in gel (1 
min max). 
 Also make HM as control if need be 
 
11: Let VE sit in laminar hood for 4 minutes to completely gel. Ensure to not cause any 
vibration. After 4 minutes, incubate the valves in 37C incubator for 26mins for it to 
completely gel. 
 
12: Remove Teflon tape/vacuum grease and slowly remove the outer casing, with a 
finger on upper mold to ensure it doesn’t come off with outer housing. 
 
13: place valves sideways in the incubating jars with approx 250ml of media.  
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Appendix B: Protocols for mechanical and biochemical analysis of tissue 
properties 
 

B1: Mechanical testing of strips 
 
Setup:  
Attach one C-supporting bar with the T-bar to the load cell (stationary). 
Be careful not to push or pull on the load cell. 
Attach the other C-supporting bar with the T-bar to the actuator arm (moves). 
Place the plastic tub around the T-bars.  Will need a lift under the tub to raise height. 
Fill tub with PBS so that most of the T-bar is submerged. 
Turn on the power. (The MTS power is linked to the computer). 
(May need to turn on noisy black box on floor at far back of table) 
 
MTS Initialization: 
TestStarII->Configuration Folder->YOUR Config 
username: MTS; password: MTS 
Push reset on Control Panel (left of computer) 
Push low 
Push high 
Turn on manual control (can move the dial)  

Want to be able to put the bars next to each other but not touching. 
 
Conditioning: 
In Test Start II Window ->TestWare SX->File->Open Template-> 

Open YOUR Temp 
Place the sample around the top of T-bars.  Narrow and/or long samples can be difficult. 
Put T-bars as close as they can be yet not be touching. 
Use arrow keys to hightlight "Force", then press Auto Zero.  
Stretch until sample is taut but not pulling. Try to find the point where the force jumps.   

Leave some slack.  
Record the starting length so that the strain can be calculated. 
Open Display Scope (Graph)->Edit Scope 
Want Force vs. Displacement 
Trace time 300 sec 
Move displacement bar so that it’s in the range you want to look at  

(look at the controller display) 
Adjust Force Axis scale 
 
SHUT MANUAL CONTROL OFF before you tell the program to run 
Hit Run for the graph as well as the program 
If it doesn’t overlap the first time, you may need to rerun the conditioning  

(reset Graph: Control->Reset->Run) 
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DO NOT DO ANYTHING TO THE SAMPLE. Leave it as it is at the end of 
conditioning  for when you start tensile testing. 
 
Tensile Testing: 
Close the Conditioning window (where you clicked run) 
New window will appear.    
Select Tensile Template (File~Open Template ~Tensile) 
Save new file (ie date_s#t) 
Run test. 
Will go to 2cm so stop when it breaks (RTT setting). 
 
Turn back to manual control. 
Go back to the Conditioning steps and test next sample. 
 

B2: Picrosirius red staining of collagen 
 
Reagents: 
Picro-Sirius Red: 
 0.25 g Sirius red (direct red 80, Sigma #365548) 
 250 ml saturated picric acid (Sigma) 
 
Acidified water: 
 5 ml glacial acetic acid 
 1 liter ddH2O 
 
Procedure: 
 
1: Thaw OCT section for 10 min 
 
2: Neutral buffer formalin for 30 min 
 
3: Weigert’s harmatoxlin for 30 min 
 
4: In running tap water 10min (for proper bluing of nuclei)  
 
5: Stain in picro-sirius red stain for 1 hr 
 
6: wash in acidified water 2x 
 1st – let stand/mix (agitate) until no more color coming off the slides 
 2nd – No color coming off, wait for 30 sec. 
 
7: 100% EtOH, tap and wipe slides to remove water. 
 
8: 3 x 100% EtOH for 3 min 
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9: 3 x Xylene for 3 min. 
 
10: Cover slip with permount. 
 
Image using color CCD camera with cross-polarizer. One polarizer is fixed on Olympus 
microscope, while second film of polarizer is placed on top of lens. All comparative 
images have to be acquired in a single run with exact same settings. The microscope has 
no capability to record settings. The slides can be stored at room temperature for 
extended duration.  
 

B3: Pepsin Acid digestion of Collagen in Fibrin construct 
 
1: After collection, freeze samples of un-fixed tissue at -80C 
 
2: Thaw tissue samples, measure dimension or weight. 
 
3: Add 1mg of pepsin (Sigma) in 1ml of Acetic acid (0.5M) for each sample. 
 The pH should be between 2-4 
 
Note: Digestion activity depends on sample size, pepsin activity, pH, temperature, 
incubation time. All of which need to be determined. For now, we will use Billiar’s 
parameters except for actual size of sample and g force in centrifuge (translate to 14000 
rpm).  
 
4: Incubate samples at room temperature (20C) with rotation overnight.  
 
5: Centrifuge at 4C for 1hr at 14000 rpm 
 
6: Remove supernatant and save for soluble collagen assay. Freeze pellet for insoluble 
Collagen assay by HPro. 
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B4: Western blotting protocol 
 

1. Lysis protein in lysis buffer  
a. For 1/3 ME use 100ul of lysis buffer per piece 

2. Sonicate sample for 30 sec with sonicator setting at 4 in cold room. Keep 
samples on ice the entire time. After sonication incubate sample on rocker for 
15min in cold room. 

3. Spin the sample at 13k rpm for 5min, take supernatant for western blotting. 
4. Prepare gel at appropriate % 

a. For pERK/ERK use 10% gel 
b. For SMAD use 7.5% gel  

5. dilute protein solution in ddH2O, add sample buffer +DTT (60ul of sampler 
buffer plus 20ul of DTT) gives samples buffer with 4x concentration 

6. Load 20-40ug of protein per lane with max volume of 20mls. 
a. Run gel in SDS running buffer  

i. Dilute 10x SDS by adding 85ml to ddH2O to make 850ml  
7. Run for 60min with 0.06A (for 2 gels, half for 1) constant current or until gel 

start running from bottom (blue color coming out) 
8. Sandwich gel in transfer casket with cellulose paper 
9. Transfer for 45min at 75volts (for 1 or 2 gels)  

a. CAPS buffer by adding 80ml CAPS, 80ml ethanol and ddH2O to 800mls 
10. Block gel in blocking buffer for 1hr 

a. For pERK/ERK use milk at 5% 
i. (in 100ml water add 5g milk powder and 1ml TWEEN) 

b. For pSMAD/SMAD use BSA at 3% 
i. (in 40ml TBS add 1.2g BSA and 400ul TWEEN) 

11. Add primary antibody with blocking buffer overnight (5ml solution) 
a. For pERK/ERK (cell signaling technology) use 1:1000 dilution 
b. For pSMAD/SMAD (cell signaling technology) use 1:1000 dilution 

12. Rinse 3x for 5min each 
a. Use 1/2x milk if milk is blocking buffer, for BSA use TBS with 0.1% 

TWEEN (1ml TWEEN in 100ml TBS) 
13. Add secondary antibody HRP linked at 1:10000 dilution (10ml solution) for 60 

min 
a. In 10ml at 1ul of antibody 

14. Rinse 3x for 5min each 
a. For milk blocking, use 1/2x milk for two rinse followed by PBS rinse 
b. For BSA blocking, use TBS with TWEEN for 2 rinse followed by TBS 

rinse 
15. Rinse in dH2O several times (quick wash) 
16. Mix glowing solution 1 and 2 right before adding (1.3ml per block) 
17. Lay down cellulose on plastic wrap and pour solution over it for 1 min. 
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B5: Endothelial cells staining protocol 
 
For non-fixed OCT frozen Native or Engineered tissue 
 
1. On sectioned slide, mark the boundary with Pep-Pen.  
2. Cover section with 4% PFA for 10 min 
3. Rinse with PBS 2x for 5 min each 
4. Permeabilize with 0.1% Triton-X for 5 min 
5. Rinse with PBS 2x for 5 min each 
6. Serum Blocking: incubate sections with normal donkey serum blocking solution for 

30 minutes to block non-specific binding of immunoglobulin.  
7. Primary Antibody: for 1 hour at room temperature.  

a. vWF antibody: 1:400 dilution in 5% Donkey serum 
b. Anti PECAM-1 antibody: 1:200 dilution in 5% Donkey Serum 

8. Rinse in PBS 4x5 min with 1ml on the slide followed by 1X in stirred glass jar.  
9. Secondary Antibody: diluted in PBS for 1 hr.  

a. for vWF: 1:200 dilution of Cy3 donkey anti-rabbit 
b. for anti-PECAM-1: 1:200 dilution of Cy2 donkey anti-mouse 

10. Rinse in PBS 4x5 min with 1ml on the slide followed by 1X in stirred glass jar.   
11. Cover with DAPI counter-stain and seal edges of slide with nail-polish 
 
 
Antibody Information 
 

 vWF antbody: rabbit anti-mouse 
 anti-PECAM 1 antibody (CD31): Chemicon MAB2148 mouse anti-human 
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B6: Photo-chemical crosslinking of thrombin-crosslinked fibrin gels 
 
Solutions 
 
All solution should be 72hr old or less (3days) and protected from light during storage 
 
Ru solution (10x) 
 
Add 0.15mg of Ru(II)Bpy3

2+ (Sigma 224758) in 10ml of ddH2O 
Vortex the solution until dissolved. Some red particles may still stay suspended. 
Sterile filter through 0.2µm filter. 
Use aluminium foil to warp the vial from light. 
 
Sodium persulfate (20x) 
 
Add 0.95g of sodium persulfate (Sigma S6172) to 20mls of ddH2O  
Vortex the solution, it should dissolve fairly quickly 
Sterile filter and store with aluminium foul warp 
 
Protocol 
 

1. Dilute solution to 1x using sterile PBS and mix Ru and Sodium persulfate in  a 
glass vial 

a. For example to make total 20mls = add 17ml PBS with 1ml Sodium 
persulfate and 2ml Ru solution 

2. Place fibrin based ME/VE inside the vial with Ru solution 
3. Count to 10 min, can keep the vials on ice 
4. Shine blue light for 20 sec 

a. RTT special blue spiral designed by JBjork 
5. Rinse ME/VE in PBS for 3 minutes, can use lactate ringer solution  
6. Rinse second in DMEM media for 5 min/ or lactate ringer solution 
7. Place back in culture media for further incubation 

a. The yellow color won’t fully come off, the goal of rinse is to remove any 
sodium persulfate which is toxic to cells.  
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Appendix C: VE mold and bioreactor designs and schematics  
 

C1: Bi-leaflet VE drawing 
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C2: VE mold dimensions and specs 
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C3: CD bioreactor schematics 
 

 

C4: Valve bioreactor (CS Bioreactor) design 
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C5: Valve bioreactor end-piece design I 
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C6: Valve bioreactor end-piece design II 

 
 
 
 
 

 
 

 
 
 

  
 


