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1 Abstract 

 1

1 Abstract 

Currently used prosthetic heart valves function well and enable a better quality of 

life for their recipients. However, they are limited in their application, especially in 

pediatric patients, because they lack growth and remodelling capabilities. Tissue 
engineering (TE) of heart valves may overcome these limitations. To achieve 

success in heart valve TE it is of great importance to determine an appropriate cell 

source, to select a suitable scaffold material and to establish in vitro conditions 
that provide an environment permitting the fabrication of viable substitutes. This 

thesis therefore aimed 1) to characterize human umbilical cord artery derived cells 

(HUCAC) to confirm their suitability for cardiovascular TE, 2) to establish the 
suitability of a biodegradable polymeric nonwoven as a scaffold for cell attachment 

and tissue generation, 3) to design, fabricate and then use a bioreactor system 

which combines uniform cell seeding and in vitro conditioning of cell seeded 
scaffolds in one device and 4) to establish a rotating bed bioreactor system for the 

dynamic expansion of HUCAC. 

The results demonstrated that HUCAC are suitable for the generation of functional 
cardiovascular substitutes. They had similar cellular structures and functionalities 

to native heart valves cells, maintained their marker characteristics after 

expansion, satisfactorily expressed ECM proteins and exhibited appropriate 
proliferation properties. Polyglycolic acid (PGA), poly-L/D-lactic acid (P(L/D)LA) 

and poly-lactide-co-glycolic acid (PLG) were used for the fabrication of different 

nonwovens as scaffold materials. It was shown that PLG nonwovens were most 
suitable for the desired application due to the high cellular density of the inner part 

of the cell seeded nonwoven and the high and even ECM production within the 

structure. Moreover, successful TE of living, large blood vessels was achieved by 
seeding HUCAC on PLG nonwovens and subsequent in vitro conditioning in the 

customized bioreactor system. Further studies demonstrated that the rotating bed 

bioreactor system is suitable for the fast provision of dynamically expanded 
HUCAC.  

In conclusion, the generation of large numbers of “pre-trained” HUCAC without 

passaging was realized in the rotating bed bioreactor system. Further, first 
modifications made to achieve a multifunctional bioreactor system have shown 

that it is possible to incorporate dynamic cell expansion and cell seeding followed 

by in vitro conditioning of cell seeded scaffolds into one device. However, tissue 
engineered substitutes are still immature and further developments are 

indispensable; above all, more detailed knowledge of the effects of flow and 

pressure during the in vitro conditioning of tissue-engineered heart valves in 
bioreactor systems is required.  
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2 Zusammenfassung 

Die derzeitig verwendeten Herzklappenprothesen zeigen gute funktionelle Eigen-

schaften und führen bei herzerkrankten Menschen zu einer verbesserten Lebens-

qualität. Ihr Einsatz ist jedoch bei Kindern problematisch, da die Prothesen sich 
weder in umgebendes Gewebe integrieren, noch Mitwachsen oder Regenerieren. 

Herzklappen die mittels künstlicher Gewebszucht (Tissue Engineering - TE) 

hergestellt werden könnten hier eine Lösung darstellen. Für die Herstellung 
funktioneller TE-Herzklappen sind die Beurteilung einer geeigneten Zellquelle, die 

Auswahl eines Zellträgermaterials und die in vitro Kulturbedingungen, die zu 

einem vitalen Klappenersatz führen, grundlegend. Ziel dieser Arbeit war es daher: 
1.) Die Eignung arterieller Zellen der humanen Nabelschnur (HUCACs) für das 

kardiovaskuläre TE zu prüfen, 2.) Eine geeignete biodegradierbare, polymere 

Vliesstruktur zu eruieren, 3.) Einen Bioreaktor zu entwickeln, der den 
Zellbesiedelungs- und den in vitro Konditionierungsprozess vereint und 4.) Einen 

Drehbett-Bioreaktor für die dynamische Expansion von HUCACs zu etablieren. 

In dieser Arbeit wurde gezeigt, dass sich HUCACs für das TE von kardio-
vaskulären Prothesen eignen. Sie wiesen eine ähnliche Struktur und Funktionalität 

wie die Zellen der Herzklappe auf. Ihre zellulären Marker blieben nach der 

Expansion erhalten. Sie exprimierten für die spätere Anwendung geeignete 
extrazelluläre Matrixproteine und zeigten ein angemessenes Proliferations-

verhalten. Aus Polyglycolsäure (PGA), Polylactidsäure (PLA) und einem 

PGA/PLA-Copolymer (PLG) wurden verschiedene Vliese hergestellt, wobei sich 
PLG Vliese als am Geeignetsten für das kardiovaskuläre TE erwiesen. Diese mit 

Zellen besiedelten und in vitro kultivierten Vliese zeigten im Vergleich im Inneren 

eine höhere Zelldichte und eine vermehrte und gleichmäßigere Produktion von 
extrazellulären Matrixproteinen. Weiterhin konnten in dieser Arbeit im neu 

entwickelten Bioreaktorsystem großvolumige Gefäße hergestellt werden. 

Abschließend konnte nachgewiesen werden, dass sich der Drehbett-Bioreaktor für 
die schnelle Bereitstellung an dynamisch expandierten HUCACs eignete.  

In dieser Arbeit wurde die Herstellung großer Mengen „vorkonditionierter“ 

HUCACs im Dreh-Bettbioreaktor gezeigt, ohne dass ein Passagieren 
(Subkultivieren) der Zellen während der Expansion notwendig war. Erste 

Modifikationen an dem Drehbett-Bioreaktor zeigten, dass sowohl die dynamische 

Zellexpansion als auch die Zellbesiedlung eines Trägermaterials und die 
darauffolgende in vitro Konditionierung in einem System integrierbar sind. In 

weiterführenden Studien ist nun auf die Ergebnisse dieser Arbeit aufbauend ein 

detaillierteres Wissen erforderlich, um den Einfluss von Fluss und Druck auf TE-
Herzklappenprothesen während der in vitro Konditionierung im Bioreaktor genauer 

zu verstehen. 
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3 Introduction   

3.1 Background 

Cardiovascular diseases are the number one cause of death globally. An 
estimated 17.3 million people died from cardiovascular diseases in 2008, 

representing 30 % of all deaths worldwide. This figure is predicted to rise to almost 

23.6 million by 2030 [1]. Heart valve failures account for a considerable proportion 
of cardiovascular diseases. Each of four the heart valves can be dysfunctional, but 

the valves on the left side (mitral valve and aortic valve) of the heart are 

predominantly affected because of the prevailing rough hemodynamic conditions 
of the systemic circulation. The main causes of heart valve dysfunctions are: 

calcification of the leaflets, endocarditis, rheumatic fever and congenital 

malformation causing stenosis and valvular insufficiency. From the clinical 
perspective, depending on the age of the patient, the present of concomitant 

diseases, and the nature and progress of the pathology, the repair and 

preservation of a diseased heart valve is preferred to an extensive valve 
replacement. Unfortunately, in 70% of the diseased heart valves valve 

preservation is not possible. In these cases heart valve replacement is an 

indispensable life-saving therapeutic option. 

In Third World countries, mainly children and young adults are affected by heart 

valve diseases because of the persistent burden of rheumatic fever [2], whereas in 

industrialized regions predominantly elderly patients require valve replacements 
due to degenerative pathology [3]. The number of patients requiring heart valve 

replacement is estimated to triple from approximately 290000 in 2003 to over 

850000 by 2050 [4]. Moreover, in 2010, approximately one out of every 100 babies 
was born with a congenital heart defect. In Germany, approximately 7000 - 8000 

newborns [5] were affected by congenital diseases, and more than one third of 

these involve the aortic or pulmonary valve [6]. In 2009, almost 600 newborns 
received new heart valves. Congenital heart defects are the most frequent organ 

malformation in newborns [7]. Therefore, there is a considerable requirement for 

valve replacements in children and adolescents.  

Currently available heart valve replacements fall into three categories: homografts 

of human origin, non-living xenografts of animal origin and mechanical prostheses. 

All of these conventional replacements are lifesaving and enhance quality of life in 
many patients; however, they have several limitations. Although these grafts have 

satisfactory hemodynamic characteristics, they are also associated with high 

susceptibility to infections, lack of growth potential and lead to increased 
calcification and degeneration especially in young patients. Additionally, 

mechanical heart valve prostheses require life-long anticoagulation therapy to 
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reduce the risk of thromboembolic complications. Biological substitutes such as 
xenografts or homografts are prone to attack by the patient’s immune system and 

have to be replaced after a couple of years. Further, homografts are obtained from 

the hearts of donors after heart transplantation if the whole heart is not acceptable, 
but they are not available arbitrarily and in all sizes. All available substitutes are 

artificial and composed of foreign material, which does not have the capacity to 

grow regenerate or integrate into the neighboring tissue.  

Children with congenital heart diseases or children who need valve replacements 

are particularly affected because they continuously “outgrow” their prostheses and 

have to undergo multiple valve replacements operations during their development. 
These limitations in valve replacements for young patients are often associated 

with morbidity and mortality and motivate researchers worldwide to investigate 

new alternatives.  

To address the above mentioned problems tissue-engineered cardiovascular 

substitutes could provide a promising alternative to conventional replacements. 

Currently, tissue-engineered heart valve substitutes on the basis of biological 
scaffolds were clinically investigated. Using autologous cells incorporated in a 

biodegradable hemodynamic scaffold is another promising approach to generate 

functional and viable heart valves. It is hypothesized that these tissue-engineered 
heart valves could offer the possibility of growth, remodeling and repair and 

thereby increase their durability without risk of rejection. Furthermore, coating the 

tissue-engineered heart valves with autologous endothelial cells could produce 
non-thrombogenic valve replacements, thus avoiding long-term anticoagulation 

therapy.    

3.2 Structure and function of human heart valves 

The heart is the most important organ in the human body. It pumps nutrient- and 

oxygen-rich blood in one direction around the body to maintain all the body´s 
functions by supplying each cell and removing metabolic waste products. It beats 

approximately 72 times per minute.  

The heart can be divided into four main parts: two upper chambers, called the right 
and left atrium, and two lower chambers, called the right and left ventricle. The 

right atrium receives nutrient-poor blood from the body through the superior vena 

cava and the inferior vena cava and from the heart muscle itself through the 
coronary sinus. The tricuspid valve allows the blood to flow from the atrium into the 

right ventricle. The pulmonary valve (tricuspid valve) controls blood flow from the 

right ventricle into the pulmonary arteries to the lungs where the blood is 
reoxygenated. Via the four pulmonary veins nutrient-rich blood flows into the left 

atrium, through the left mitral valve (bicuspid valve) into the left ventricle. The left 
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ventricle pumps the nutrient-rich blood via the aortic valve (tricuspid valve) into the 
aorta and after that through the body.  

The four cardiac valves of the heart open and close approximately 40 million times 

a year and over three billion times over a normal lifetime of 75 years [8]. They play 
a key role in humans as they ensure the unidirectional and unobstructed flow of 

blood via an extraordinarily dynamic functional structure. The complexity of the 

macrostructure and microstructure of each heart valve realizes the important valve 
characteristics and function [8]. For the trileaflet semilunar valves (aortic and 

pulmonary valve) the cusps, the commissures and the supporting structures in the 

aortic and pulmonary roots are important parts. The key components of the 
atrioventricular valves (tricuspid and mitral valve) are the leaflets, commissures, 

annulus, chordae tendineae, papillary muscles and the artial and ventricular 

myocardium [9]. The cusps and leaflets of the heart valves are exposed to a 
dynamic and complex mechanical stress state during a cardiac cycle: sheer stress 

due to blood flow (open valve), flexure (opening and closing) and tension (closed 

valve). They are sufficiently thin, so that nourishment of cells is predominantly 
realized by diffusion from the bloodstream in the heart [9]. Although the valves as 

well as the atrioventricular valves have similar microstructures, each heart valve 

has its own anatomical feature to ensure optimal function. The following described 
structure of each heart valve was reviewed by Misfeld and colleagues [10].  

3.2.1 Aortic valve 

The central structures of the aortic valve are the three aortic leaflets. The 

thickness of the aortic leaflets varied from 177 µm to 1760 µm in relaxed state [11, 

12]. The histological structure of the aortic valve was described by Benninghoff 
and co-workers in 1930 [13]. Between the ventricular and aortic surface of each 

leaflet there are three distinct layers of connective tissue: the lamina ventricularis, 

the lamina spongiosa and the lamina fibrosa [10]. The lamina ventricularis, closed 
to the inflow surface, is rich in collagenous and radially aligned elastin fibers that 

provide recoil of the tissue previously stretched during the close phase. The 

centrally located lamina spongiosa is rich in hydrophilic glycosaminoglycans 
(GAGs), a loose connective tissue that provides cushioning and accommodates 

shear of the outer layer by absorbing water and swelling to form a gel. The lamina 

fibrosa which is located close to the outflow surface consists of dense collagen 
that confers strength. Two types of cells are present in the aortic valve: the 

valvular endothelial cells (VEC) covering the valve surface and the deep valvular 

interstitial cells (VIC). VICs are responsible for synthesizing, remodeling and 
repairing the valvular extracellular matrix (ECM), which contains the specific 

structural components giving each layer its unique biomechanical characteristics 

and sustaining the dynamic behavior of the valve [14]. VICs can be classified as a 
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mixed cell population, including myofibroblast, fibroblast and smooth muscle cell 
characteristics [15]. In adult heart valves most VICs were quiescent with a 

fibroblast-like phenotype. They could be characterized by the presence of 

Vimentin and low levels of alpha smooth muscle actin (ASMA) [9]. In situ, only 
approximately 2.5 % of normal adult VIC expresses ASMA, a marker for 

myofibroblast-like function [16]. In contrast, in vitro studies show that VICs cultured 

from heart valves express high levels of ASMA and may be classified as 
myofibroblasts [17, 18]. The cells of the aortic valve are supplied with oxygen and 

nutrients via two pathways: the thicker parts of the leaflets are vascularized; the 

cells in the thinner part of the valve are supplied by diffusion of the nutrients and 
gases from the blood (18). The aortic valve is the most frequently diseased valve.   

3.2.2 Pulmonary valve 

The pulmonary valve is composed of three leaflets, whose structure has been 

most extensively investigated. Similar to the aortic valve leaflets, there are three 

layers between ventricular and arterial side: lamina ventricularis, lamina spongiosa 
and lamina fibrosa. Collagenous and elastic fibers characterize the ECM of all 

these layers [10]. Homografts or tissue-engineered biological valve substitutes are 

preferred for the implantation in pulmonary position, mostly because a malfunction 
of a valve in pulmonary position does not directly compromise the patients 

3.2.3 Mitral valve 

The mitral valve, which is located between left atrium and ventricle, has two 

leaflets whereby there is no clear-cut division between both leaflets [19]. They are 
composed of fibrous skeleton which is covered by a layer of endothelial cells. The 

fibrous skeleton is divided into the lamina spongiosa on the arterial side and the 

lamina fibrosa on the ventricular side. Fibroblasts [15] as well as smooth muscle 
cells [20, 21] appear in the mitral valve leaflets. The connective tissue is 

predominantly composed of collagen fibers.  

3.2.4 Tricuspid valve 

The tricuspid valve is located between the right atrium and right ventricle and also 

features tree leaflets. The valve is composed of fibrous skeleton covered by an 
endocardial surface. The histological profile is similar to the mitral valve. The 

fibrous skeleton is divided into the lamina spongiosa on the arterial side, which 

contains a loose layer of connective tissue, and the lamina fibrosa on the 
ventricular side, which is composed of dense collagenous fibers.  

A thorough understanding of the functional elements of the heart valves and their 

interactions is very important to achieve success in TE of heart valves. 
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3.3 Current heart valve replacements 

Currently, mechanical and biological heart valves are available for the treatment of 

patients with end-stage valvular heart diseases.  

Mechanical heart valve replacements (Figure 1A) are mainly made of pyrolytic 

carbon combined with metallic and polymeric components. They have satisfactory 

durability, because of the mechanical properties of the synthetic material. 
Unfortunately, poor biocompatibility, the risk of prosthetic valve endocarditis 

(infection of the endocardial surface of the heart valves), thromboembolic 

complications due to non-physiological surfaces (lack of endothelial layer) and 
different flow characteristics represent considerable drawbacks. Furthermore, life-

long anticoagulation therapy is necessary to control thromboembolism [22].  

Biological valve replacements are either taken from animals, described as 
xenografts (Figure 1B) (e.g. aortic valve from pigs), or from human donor organs, 

called homografts (Figure 1C). Xenografts are chemically crosslinked by fixation 

with glutaraldehyde, which inhibits autolysis and enhances mechanical stability. 
They are associated with a lower risk of thromboembolic complications [23, 24] 

compared to mechanical valves and do not require anticoagulation [25]. However, 

they are limited in their durability because they frequently undergo progressive 
calcification and structural deterioration that can cause stenosis [26, 27]. 

Xenografts were primarily used to treat elderly patients and less frequently for 

children and young adults, because the risk of structural failure is also age 
dependent [14]. Unfortunately, due to their chemical treatment, xenografts differ 

from native valves in their opening and closing behaviour [14]. Cryopreserved 

heart valves taken from human donors (homografts) are currently the most 
biocompatible type of valve replacement and their characteristics are most similar 

to native valves. There is a low risk of infection and thromboembolic events and 

the valves are characterized by good mechanical properties because they are not 
cross-linked with chemicals [28]. Homografts are obtained from hearts of human 

donors if the whole organ is not suitable for transplantation. Heart valves are often 

intact and in particular the aortic and pulmonary valve were obtained and 
cryopreserved in specific homograft banks. Furthermore, heart valves are also 

obtained from the hearts of recipients during heart transplantation. Regrettably, 

their availability is limited due to donor capacity and they are more difficult to 
implant [22]. Homografts are the treatment of choice in most pediatric applications, 

but as with xenografts, their lifespan is limited.  
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Figure 1 Current heart valve replacements: mechanical heart valve [A], xenograft [B] and 
homograft [C] 

Currently used mechanical and biological heart valve replacements display good 
functionality. Adults who undergo replacements with either mechanical or 

biological substitutes generally have a better quality of life and a better rate of 

survival [26]. Nevertheless, all of the currently available devices are associated 
with specific limitations which cannot be neglected: in particular, mechanical 

valves require life-long anticoagulation therapy to avoid thromboembolism, while 

biological replacements are subject to calcification and structural deterioration [27]. 
The major drawback of all these heart valve prostheses is the lack of growth, 

integration, regeneration and remodeling potential due to their foreign body 

material (22). This is a huge disadvantage, especially in young children suffering 
from valvular dysfunctions. In pediatric patients, especially in children under 2 

years of age, heart valve replacement outcomes are not as favorable as those in 

older adults [29]. Before reaching adulthood, these young patients usually have to 
undergo multiple surgical procedures to accommodate somatic growth. Therefore, 

the difficulties associated with valve replacements in pediatric patients have 

provided a key motivation for several researchers to develop living bioartificial 
heart valves with growth and remodeling capabilities using methods of TE. 

3.4 Heart valve tissue engineering 

The optimal tissue-engineered heart valve replacement consists of autologous 

cells and would likely be biocompatible because they are characterized by 

absence of thrombogenicity and do not cause hemolysis. It would be readily 
available and would have excellent durability [30, 31]. Further desirable 

characteristics include cellular viability, lack of immunogenicity and resistance to 

infections. In addition, it should have the potential to integrate in the surrounding 
tissue, to remodel and to grow. On top of that, a successful, engineered heart 

valve must exhibit long-term strength, flexibility and durability. In short, an 

(autologous) tissue-engineered heart valve should be able to overcome the 
limitations of current available heart valve. 
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In 1993, the scientific concept of ‘tissue engineering (TE)’ was defined by Langer 
and Vacanti as an interdisciplinary field that applies the principles of medicine, 

biology and biochemistry toward the development of biological substitutes that 

restore, maintain, or improve tissue function or a whole organ [32].  

The approaches to tissue-engineered heart valves can be divided into the in vitro 

and the in situ TE approach [33]. The in vitro TE approach aimed to create a new 

viable three-dimensional (3-D) tissue in vitro. Cells from individual cellular 
components are isolated, expanded and subsequently seeded on an appropriate 

(biodegradable) scaffold. Maturation of the tissue is performed in vitro until the fully 

developed substitute could be implanted in the patient from whom the cells were 
taken. Hereby the key processes during the in vitro phase are cell proliferation and 

migration, ECM production and organization, potential scaffold degradation and 

tissue remodelling. For in vitro TE, xenografts and homografts which are depleted 
of cells and cellular components, as well as synthetic materials with appropriate 

biomechanical features of ECM components are favored as scaffolds. The in situ 

TE, also defined as ‘guided tissue regeneration’, is based on the use of the natural 
regenerative potential of the body for the tissue maturation phase. In this 

approach, decellularized matrices (xenografts, homografts) and synthetic scaffold 

either with or without autologous cells are directly implanted into the patient and 
held great promise for heart valve TE. The in situ TE could be attractive for clinical 

application. Due to the lack of the in vitro maturation phase the regulatory process 

prior to implantation could be simplified (especially if cells do not have to be 
expanded). 

To achieve success in the field of in vitro TE, the subsequent components are of 

particular importance: the cell source, the scaffold material and the in vitro 
conditions to create an environment that enables the fabrication of a 3-D cell 

scaffold construct. In the following sections the essential requirements are 

considered in detail.  

3.4.1 Cells and cell source 

The basic concept of fabrication of functional tissue-engineered cardiovascular 
constructs requires, amongst others, ECM-producing cells as well as endothelial 

cells which are essential for long-term successful constructs [34-36]. Shinoka et al. 

reported that a functional and viable trileaflet heart valve replacement would 
ideally be made of autologous cells [37]. Using autologous cells would have the 

advantage of avoiding an immunological response. However, a disadvantage is a 

further invasive procedure for the patient to isolate autologous cells. Further, the 
quality of these biopsies is dependent on tissue size and health. Therefore, cells 

from pathological tissue or cells from older patients are not a promising cell 

source. 
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Generally, different cellular sources can be used for the fabrication of tissue-
engineered cardiovascular substitutes with the ultimate aim of mimicking the 

native tissue. In particular cells from the peripheral blood [38, 39], human umbilical 

cord (UC) blood [38, 40, 41], amniotic fluid [42], peripheral blood vessels/vascular 
stroma [37, 43, 44] or bone marrow [38, 45-47] have been examined for TE 

applications.  

The bone marrow also serves as an attractive cell source for TE because the cells 
are easy to access. Bone marrow-derived stem cells, including hematopoietic 

stem cells, endothelial stem cells and mesenchymal stem cells, are in principle 

capable of differentiation, transformation and regeneration. It was shown that 
human mesenchymal stem cells isolated from the bone marrow stroma, express 

ECM proteins like ASMA, collagen type I and III similar to VICs in the native heart 

valve [45, 46].  

Furthermore, it is well known that human UC tissue is a potentially rich cell source 

for TE and regenerative medicine applications [34, 48]. TE constructs based on 

UC cells could provide an attractive alternative to currently available valve 
substitutes for the repair of congenital malformations in particular. Here, the use of 

cord-derived cells would be advantageous as they can be harvested without 

further invasive measures and infection risks for the patient. Furthermore, after 
birth the UC is redundant and has to be discarded as medical waste. The use of 

cord cells is widely favored because they are easy to access and are not subject 

to ethical objections. Additionally, large quantities of cells can be obtained, due to 
the length (50 - 56 cm) of an average human UC [49]. Several investigators, 

including our own research group, are focussing on cells derived from the human 

UC arteries and veins, in particular smooth muscle cells, fibroblasts and 
endothelial cells, as promising cell types for cardiovascular TE [41, 50-52]. 

Previous studies have shown, that cells from the human UC synthesize ECM 

proteins like collagen type I and III [53, 54] which are also present in heart valves 
[9, 55]. Kadner et al. [51] demonstrated that UC artery-derived cells express 

cytoskeletal filament proteins such as ASMA and fibroblastic vimentin. These cells 

express a fibroblast- like morphology, which explains why they were considered to 
be myofibroblasts, an intermediate cell type between fibroblasts and smooth 

muscle cells. A comparative study by Schaefermeier et al. [52] also revealed that 

human UC artery derived cells (classified as myofibroblasts) express markers like 
ASMA, collagen type I and III, fibronectin and CD90 similar to pulmonary heart 

valve interstitial cells. Expression of endothelial nitric oxide- synthase (eNOS) and 

von Willebrandt Factor of human UC vein endothelial cells (HUVEC) was observed 
similar to pulmonary heart valve endothelial cells. The results supported the 

findings that vascular cells from human UC resemble native cellular structures and 
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functionalities found in heart valves and might be feasible cell sources for TE of 
cardiovascular constructs.  

Each patient with a heart valve defect is unique and many of them, in particular 

newborns, cannot receive a valve substitute directly after birth. To overcome the 
time between cell harvest from the UC after birth and the time point of surgery, 

cryopreservation of cells is an optimal tool for storage. Cell viability and function 

can be preserved for several years. Lüders et al. first reported that cryopreserved 
cells, isolated from UC arteries (myofibroblasts) and veins (HUVEC), showed 

similar properties due to cell morphology and proliferation potential compared to 

fresh cells [56]. Studies by Sodian et al. confirmed excellent proliferation and ECM 
formation properties of cryopreserved human vascular UC cells from in vitro, 

proving that these cells are convenient for generation of functional heart valves 

and even for establishing autologous human cell banks [50]. Latest results of 
Polchow and colleagues also reported that cryopreservation did not influence cell 

properties with lasting impact [57]. Consequently, directly after birth cells can be 

isolated and cryopreserved as needed for surgery. They can be thawed, 
recultivated and expanded for subsequent fabrication of cardiovascular 

substitutes.  

These findings suggest that human vascular UC cells can be used for establishing 
innovative cell banking technologies for patients suffering from congenital or 

acquired heart valve defects as well as other vascular diseases. Furthermore, they 

can be used as an individual cell pool for the patient´s lifetime.  

3.4.2 Scaffold materials 

For the fabrication of 3-D tissue-engineered cardiovascular constructs a 
compatible scaffold is of particular importance. Ideally, a scaffold material should 

fulfil several requirements: 1) it can be processed into desired 3-D structures; 2) it 

can be easily sterilized without losing its structure; 3) it should have 
interconnecting pores of appropriate size to favor migration of cells into the 

material, allow supply of the cells with nutrients and gases and ensure removal of 

metabolic waste products; 4) it should have controlled biodegradable or 
bioresorbable characteristics and it should be metabolized by the body after 

fulfilling its tasks without toxic residues; 5) the chemical composition should allow 

attachment of cells onto the scaffold surface, unhindered proliferation and 
migration while secreting ECM components; 6) it should have appropriate 

mechanical and structural properties and 7) it should not trigger any inflammatory 

or toxic immune response [58].  

For previously in vitro fabricated tissue-engineered heart valves different scaffold 

materials were used. Using TE principles researchers generally focus on the use 
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of natural or synthetic materials as appropriate scaffolds for optimal cell seeding 
and tissue development. So far, natural materials such as collagen, fibrin, 

glycosaminoglycan, chitin and chitinosan have been used to repair damaged skin, 

cartilage, bone and nerves. These natural biomaterials resemble the native cellular 
environment, but often are associated with poor mechanical performance and 

large variations upon isolation from biological tissues [59]. 

The most commonly used biodegradable materials for TE are synthetic polymers 
composed of homopolymers or copolymers of glycolide and lactide. These 

polymers have enormous potential for biomedical use and have been known for 

several decades. One advantage in using synthetic polymers is the control of 
uniformity and mechanical properties compared to natural materials [60]. They 

were widely used in the medical field, especially for biodegradable wound closures 

(sutures) in the 1960s [61]. Kulkarni and colleagues described biodegradable 
sutures of polylactic acid (PLA) to repair fractures in dogs, thus attracting medical 

interest [62, 63]. In view of their biodegradability synthetic polymers have also 

featured in multiple studies of orthopaedic fixation devices (e.g. rods, plates, 
screws) and drug delivery systems [64-66]. With the rapid advancement of TE 

methods in recent years, researchers now focus on polyglycolic acid (PGA) and 

PLA to engineer appropriate substitutes for damaged organs [67-69]. Currently, 
PGA, PLA and their copolymers are the synthetic polymers most widely 

considered for TE applications.  

Polyglycolic acid (PGA)  

Polyglycolic acid, also known as PGA and poly (glycolide), is the simplest linear 

aliphatic polyester. It is mostly synthesized by ring opening polymerization of cyclic 

glycolide [61, 64, 70]. PGA is highly crystalline (45 - 55 %) with a melting 
temperature ranging from 220 °C to 225 °C and a glass-transition temperature 

ranging from 35 °C to 40 °C [64, 71]. Almost all PGA polymers can be melt-

processed by extrusion or molding.  

Polylactic acid (PLA) 

Thermoplastic polylactic acid, also known as PLA or poly (lactide), is also formed 

by ring opening polymerization of lactide, which is the cyclic dimer of lactic acid 
[61, 64]. The presence of a pendant methyl group on the alpha carbon causes 

chirality and therefore two optical isomers of poly (lactide) exist: the D enantiomer 

poly (D-lactide) (P(D)LA) and the L enantiomer poly (L-lactide) (P(L)LA). The 
semicrystalline poly(L-lactide) (P(L)LA) has a melting point of 175 - 178 °C and a 

glass-transition temperature of 60 - 65 °C [64, 71]. The degradation of PLA is 

slower than that of PGA, but varies depending on the molecular weight, 
crystallinity and isomer type [59].  
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Poly-lactide-co-glycolic acid (PLG)  

Copolymerization of the two monomers poly (glycolide) and poly (L-lactide) can be 

performed to generate polymers with different material characteristics from the 

base monomers to enhance possible applications. PGA-PLA copolymers exist in 
various ratios, such as 90:10 PGA-PLA (suture material Vicryl; Ethicon, 

Somerville, NJ). The characteristics of these copolymers such as mechanical 

properties, degradation behavior and molecular weight depend on the copolymer 
ratio. It is important to mention that there is no linear relationship between the 

polymer composition, degradation time and mechanical properties of the polymeric 

material. For example, Miller et al. demonstrated that a 50:50 copolymer of 
glycolide and L-lactide degrades faster than the pure polymers [72]. 

Degradation 

PGA and P(L)LA and its copolymers are biodegradable and thermoplastic [58, 73, 
74]. The degradation of these polymers due to nonenzymatic hydrolysis of the 

ester bonds yields to acidic products which are present in the human body and are 

removed by natural metabolic pathways [75]. PGA degrades in glycolic acid which 
can be excreted with the urine or is used to form pyruvic acid which enters the 

tricarboxylic acid cycle [66]. PLA forms lactic acid when it hydrolyzes, a product 

which is also produced by muscle contraction. P(L)LA fibers degrade slower than 
fibers from PGA because P(L)LA has a higher hydrophobicity [60, 76].  

Scaffold processing and fabrication techniques  

The versatile nature of PGA, PLA and its copolymers makes them interesting as 
materials for TE techniques, i.e. for developing new tissue ex vivo by seeding cells 

onto appropriately designed scaffolds. Cells can attach onto the biodegradable 

material, proliferate and synthesize ECM proteins which are essential for de novo 
3-D tissue formation. Most primary cells are anchorage-dependent and require 

specific environments including a supporting highly porous scaffold material as a 

template for tissue growth. Several fabrication techniques are used to process 
synthetic polymeric materials into porous structures, whereby the choice of the 

proper method is critical, because the process can alter the polymeric properties 

and its characteristics, e.g. the degradation time. The fabrication techniques 
include woven or nonwoven preparation from spun fibers, blown films using 

solvents or propellants, or sintered polymer particles [59]. Individual fibers, 

produced by textile technology, can be connected and strengthened with different 
procedures whereby pore size can be varied. They can be woven into 3-D fiber 

meshes, which have a large surface area for cell attachment and proliferation and 

diffusion of nutrients to improve cell survival. Their properties make them 
appropriate for applications in the field of TE, since nonwovens resemble human 
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structures such as collagen. For example, fibers composed of PGA and/or PLA 
were used to make nonwoven scaffolds for liver and cartilage TE applications [77], 

three-layered robust and elastic arteries were engineered using nonwoven PGA 

meshes for seeding smooth muscle cells and fibroblasts [78] and nonwoven 
meshes of PGA fibers were tested as scaffolds for TE of heart valves [79].  

3.4.3 Dynamic cultivation systems 

For successful heart valve TE, advanced cell cultures are required to evaluate 

optimal in vitro conditions for the fabrication of functional substitutes before 

implantation.  

Various individual bioreactor systems are widely used to simulate the biological 

and physiological environment of the heart and the blood circulation system in 

vitro. Generally, bioreactors for cardiovascular TE expose the developing tissue to 
dynamic mechanical stimulation/ conditions that mimic the physiological 

environment in vivo mainly through flow and pressure. It has been shown that 

stimulation of the developing tissue by mechanical conditioning in a bioreactor 
system could be a useful tool for the fabrication of functional cardiovascular 

structures. During the past few years, a lot of work and knowledge has been 

invested in the development of appropriate bioreactor systems for cardiovascular 
TE, in particular heart valves.  

Studies relating to the construction of a bioreactor system for the fabrication of 

tissue-engineered heart valve were performed by Hoerstrup et al. in the year 2000 
[80]. He developed a pulse duplicator device providing culture of cell seeded 

polymer constructs under adjustable pulsatile flow and varying levels of pressure. 

PGA scaffolds were successively seeded with myofibroblasts and endothelial cells 
isolated from carotid arteries from lambs and cultured with gradually increasing 

medium flow and pressure conditions (125 ml/min at 30 mmHg to 750 ml/min at 

55 mmHg). This biomimetic flow culture system was feasible to fabricate functional 
autologous tissue-engineered valves for lambs which resembled normal heart 

valves in microstructure, mechanical properties, and ECM formation [81]. 

Unfortunately, the tissue-engineered heart valve exhibited poor hemodynamic 
performance in vivo. Further studies also demonstrated that the pulse duplicator 

system which provided a pulsatile flow during tissue formation yield to enhanced 

tissue maturation and ECM formation resulting in more mature, implantable small 
caliber vascular grafts [82]. In addition, Hoerstrup et al. published experiments in 

which poly 4-hydroxybutyrate (P4HB) coated PGA polymers seeded with fresh 

human UC cells [54] and human marrow stromal cells [45] were in vitro 
conditioned in the new pulsatile bioreactor with the aim of fabricating a tissue-

engineered pulmonary artery [54] and trileaflet heart valve constructs [45]. These 

studies demonstrated the favorable effect of the biomimetic-culture environment 
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on tissue formation and maturation. Even Sodian and colleagues observed 
increased ECM formation, enhanced cellular ingrowth and increase of tensile 

strength in longitudinal direction in seeded heart valve scaffolds after pulsatile flow 

exposure in the new bioreactor compared to static control group [50].                   

In 2000, Sodian et al. reported on a simple pulsatile flow system to induce different 

levels and conditions of flow and pressure [83]. Using ovine carotid artery cells 

and a biopolymeric scaffold (polyhydroxyalkanoate) the author showed increased 
cell proliferation in the tissue-engineered constructs compared to the static 

cultures as well as production of ECM proteins (collagen and GAGs). Additionally, 

this study demonstrated the alignment of cells in the direction of flow. 

In 2001, a new closed-loop perfusion cell culture bioreactor was designed 

providing the combination of continuous, pulsatile perfusion and mechanical 

stimulation by periodically stretching of the tissue-engineered constructs [84]. TE 
of human cardiovascular patches performed by Yang et al. using this new device 

demonstrated significantly higher DNA contents and collagen values. Also a more 

organized tissue formation and growth of cells into deeper layers in bioreactor 
conditioned patches compared to static cultivated constructs was observed [85].  

In the same year, Zeltinger and colleagues used a novel closed bioreactor that 

offered dynamic pulsatile fluid flow to expose human dermal fibroblasts to 
mechanical forces, whereby no physiological parameters were considered [86]. He 

was the first to seed cells onto decellularized, porcine aortic valves. The authors 

showed that cells attached to the valve scaffolds and migrated into the materials, 
while remaining vital. Unfortunately, the tissue-engineered graft failed after 

implantation in an animal model because of the appearance of a valve stenosis.   

The above described individual bioreactor systems have shown progress in the 
development of functional tissue-engineered replacements and highlighted the 

importance of applying mechanical forces to the engineered tissue during in vitro 

conditioning. Nevertheless, all previously used cell seeding concepts are based on 
static conditions, whereby cell seeding of polymeric scaffolds was performed using 

conventional dipping techniques. Kim and colleagues determined the cell seeding 

method to be a critical point not only of the density of cells initially adherent to the 
polymeric scaffolds, but also of the quality of the developing tissues [68]. It was 

shown that dynamic cell seeding resulted in a significantly higher quantity of 

attached cells, more even cell distribution, an increased number of cells migrating 
into the polymeric structure and higher amounts of ECM proteins in the cell-

polymer construct after 4 weeks compared to the static seeding method. 

Unfortunately, this current technique is associated with a potential risk of 
contamination of the tissue-engineered constructs because cell seeding and in 

vitro conditioning were performed in two separate steps. Therefore, in 2002 
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Sodian and colleagues developed a combined cell seeding device for static or 
dynamic seeding and a closed-loop perfusion bioreactor system for long-term 

conditioning providing sterile conditions during cell seeding and biomechanical 

stimulation for tissue development [87]. For dynamic seeding of cells on the 
scaffold surface, the seeding chamber had to be fixed inside a rotating unit as 

previously described by Freed and Vunjak-Novakovic [88]. Furthermore, Lüders et 

al. published a 3-D rotary cell seeding chamber providing effective and uniform cell 
distribution to all areas of heart valve scaffold [89].      

Furthermore, several bioreactors have been designed to analyze individual effects 

of specific mechanical stimulations on tissue formation of engineered substitutes. 
Jockenhoevel and colleagues [90] investigated the potential benefit of an in vitro 

flow environment for tissue development under laminar shear stress conditions in 

a new designed laminar flow chamber. He demonstrated that new produced 
collagen fibrils are able to form fibers along the shear stress field and enhance the 

mechanical stiffness of the new tissue. These experiments demonstrated the 

feasibility of using flow induced mechanical stress to enhance ECM formation 
(hydroxyprolin). Furthermore, Cacou and colleagues designed a mechanical 

loading apparatus, termed the cell straining system [91]. Cyclic loading of the cell 

seeded collagen gels exhibited an increase in structural stiffness compared with 
the unloaded seeded controls. In 2003 Engelmayr et al. developed a bioreactor to 

study the effect of dynamic flexural stimulation on tissue-engineered valves [92]. 

Against the background that flexure is a major mode of deformation in the native 
heart valve leaflets; a study was performed to compare the effect of unidirectional 

cyclic flexure on the effective stiffness of polymeric scaffolds. It was demonstrated 

that flexure decreases the stiffness of the newly developed construct. When 
vascular smooth muscle cells which were seeded onto polymeric materials were 

exposed to unidirectional cyclic flexure at a physiological frequency and amplitude 

in a bioreactor, a increased collagen and vimentin expression was detectable as 
well as an increased effective stiffness. On top of that, a positive linear relationship 

was found between mean effective stiffness and mean collagen production [93]. In 

2008 Engelmayr et al. reported a novel bioreactor device in which cyclic flexure, 
stretch, and flow can be used independently or in combination together for the 

fabrication of engineered heart valve tissues to study the effects of individual 

mechanical stimuli similar to those that occur during normal valve function [94].  

First relevant publications in heart valve TE have already shown that dynamic 

stimulation of a tissue-engineered replacement in vitro has a positive effect on the 

developing tissue with regard to cell proliferation and ECM production. 
Researchers focus on different approaches in heart valve tissue engineering, but 

nevertheless it is not known so far whether dynamic loading has the capacity to 
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enhance cell proliferation and improve ECM formation for the fabrication of vital 
tissue. 

In the first studies it was not possible to provide pressure and flow that exactly 

replicates the in vivo heart environment in the bioreactor systems. Thus, it became 
more and more important to mimic as closely as possible the heart valve 

environment. Hildebrand et al. (2004) developed a complex bioreactor system to 

study the effects of highly controlled pulsatile pressure and flow waveforms for 
tissue-engineered and recellularized tissue derived heart valves. Systolic and 

diastolic pressure ratio as well as stroke volume and beat frequency can be 

regulated in order to simulate the physiological hemodynamic conditions in vivo 
[95]. Using this device, tissue-engineered pulmonary valves were fabricated by 

exposing MSC seeded valves under physiological conditions in the heart valve 

bioreactor including a flow rate of 2.5 l/min and a pressure of systolic/ diastolic = 
35/20 mmHg at a heart rate of 60 beats/min [96]. Researchers examined that 

simulation of pulmonary artery conditions in the bioreactor device resulted in 

substantially large collagen mass production rates.  

In several bioreactor devices using pulsatile medium flow through the developing 

tissue-engineered heart valve, the systolic phase of the cardiac cycle is imitated 

[80, 81]. In contrast, in 2005 Mol and colleagues developed a novel bioreactor 
system which mimics only the diastolic phase of the cardiac cycle: the Diastolic 

Pulse Duplicator [97]. The diastolic phase is represented when the valve leaflets 

are closed due to minimal flow. The medium rests on the valve leaflets and 
induces a pressure difference. Synthetic scaffolds consisting of a fibrin solution 

were seeded with somatic cells. After polymerization of the fibrin dynamic strains 

are induced within the valve leaflets by applying a dynamic pressure difference 
over a closed tissue-engineered heart valve. This experiment pointed out, that 

valve leaflets were more homogenous and densely packed after dynamic strain in 

comparison to tissues not exposed to dynamic loading. 

Flanagan and colleagues (2007) estimated a more mature tissue development in 

cardiovascular TE by mimicking ‘fetal’ conditions. He published results of in vitro 

conditioning of fibrin-based heart valves in a custom-made pulse duplicator 
bioreactor under low pressure and increasing pulse rate [98]. Dynamic conditioned 

valve leaflets showed improved tissue development compared to stirred controls 

including increased cell attachment/alignment and expression of ASMA as well as 
enhanced deposition of ECM proteins, including collagen type I and III, fibronectin, 

laminin and chondroitin sulphate.  

During many experiences using perfusion and pulse bioreactors for heart valve 
TE, Filová et al. (2009) supposed that the initial loading of the cell seeded 

constructs should be relatively low to avoid cell damage. Consequently, the 
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loading of the tissue-engineered constructs should be increased step by step, 
according to the maturation potential of the tissue [55].  

Furthermore, oxygen tension may also be a key parameter during the fabrication 

of functional tissue-engineered heart valves. Balguit et al. have shown that 
hypoxia can increase during tissue development and engineered constructs can 

reach native human aortic valve levels of tissue strength and stiffness [99].  

To summarize, it is difficult to mimic the complex physiological environment of a 
heart valve. Many efficient, but individual bioreactor systems have been developed 

to date, but so far none of these devices can fabricate clinically applicable heart 

valve prostheses. Basically, all functional bioreactors must contain the basic 
components for cell culture including a chamber containing the scaffolds, sensors 

for measuring dissolved O2, CO2, pH and temperature and sampling devices for 

measuring metabolic concentrations [100, 101]. Furthermore, dynamic cultivation 
systems must contain a flow and pressure generating system to provide a 

physiological flow curve through the valve, physiological pressure conditions and 

shear stress. It is important to allow setting of the following parameters: pressure 
(80 - 120 mmHg for systemic circulation, 20 - 40 mmHg for pulmonary circulation), 

stoke volume (50 – 60 ml), shear stress, number of cycles and heart rate (50-

100 beats/min) [100]. However, more knowledge has to be gained to fabricate 
marketable tissue-engineered heart valves. 

3.5 Concept for the fabrication of tissue-engineered heart 
valves 

The basic concept pursued by the Tissue Engineering research group at the 
Deutsches Herzzentrum in Berlin was illustrated in Figure 2 [50]. Briefly, if a 

congenital heart valve defect is diagnosed by echocardiography during pregnancy, 

the human UC is not discarded after birth as is usually the case. Human UC artery 
derived cells (HUCAC) and human umbilical vein endothelial cells (HUVEC) could 

be isolated and frozen in liquid nitrogen. At an appropriate time point for surgery, 

the cells could be thawed and recultivated until an appropriate quantity of cells is 
reached. Expansion of the cells is performed in conventional 2-D cell culture 

devices. Afterwards, an appropriate biodegradable scaffold material would be 

seeded with an adequate quantity of cells. The cells should produce their own 
ECM and start to develop a 3-D tissue during parallel degradation of the polymeric 

scaffold. Lastly, after maturation the newly tissue-engineered structure would be 

implanted into the same patient as an autologous valve substitute. It is estimated 
that tissue-engineered heart valves fabricated from autologous cells would be able 

to integrate into the environmental tissue and grow and would not cause tissue 

rejection. Therefore also infants with congenital heart defects as well as young 
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patients could be treated. These patients could go on to live normal lives and 
would not be exposed to the additional risks of further heart valve replacements. 

 

Figure 2 Principle of the cardiovascular TE using autologous cell [50] 
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4 Aims of the Thesis 

Currently, clinically available cardiovascular prosthetic substitutes including 

mechanical prostheses, xenografts and homografts, function well, but have 

several disadvantages in common. Therefore, the fabrication of (autologous) 
tissue-engineered heart valves using human, vascular UC cells and biodegradable 

scaffold materials is focused in the research. The successful treatment of patients 

and in particular children with (congenital) heart valve defects with these tissue-
engineered valves could represent clinical progress. Multiple operations 

associated with health risks and a life of suffering for the patients and their families 

could be avoided. 

There has been growing interest in TE of vital cardiovascular structures in recent 

decades. Several researchers have obtained favorable results so far, but until now 

many fundamental questions remain, i.e. what cell sources can be used and what 
could be an optimal scaffold material to encourage cells to produce their own 

matrix components? If the tissue production is performed in vitro, what kind of 

dynamic environment is needed to supply cells in all layers of the developing 
tissue to result in a viable structure? Can a bioreactor offer an environment which 

is similar to the in vivo environment and can mechanical stimuli enhance tissue 

formation with regard to physiological and biomechanical characteristics? Which 
standards are necessary for the fabrication of TE cardiovascular substitutes? The 

aim of this thesis was to contribute to answering these questions and to establish 

a fabrication process for TE of cardiovascular replacements. 

4.1 Aim I: Characterization of HUCAC as potential cell source 
for TE of cardiovascular substitutes  

The fabrication of a functional tissue-engineered cardiovascular substitute requires 

ECM producing cells. It was demonstrated in literature that vascular cells from 
human UC arteries are convenient for the generation of functional cardiovascular 

substitutes e.g. heart valves [50]. They can be isolated directly after birth and are 

characterized by their excellent proliferation and ECM formation properties. 
Furthermore, they can be cryopreserved and as needed for surgery, they can be 

thawed, recultivated and expanded for fabrication of cardiovascular constructs 

whereby cryopreservation did not influence the cell properties with lasting impact 
[57]. Therefore, in the present thesis human UC artery derived cells (HUCAC) are 

considered as cell source for TE of cardiovascular substitutes. The first aim of this 

research project was the characterization of HUCAC concerning their marker 
profile, production of ECM proteins and proliferation potential, and to confirm their 

suitability for cardiovascular TE. 



4 Aims of the Thesis 

 21

4.2 Aim II: Evaluation of an appropriate scaffold material for 
TE of cardiovascular substitutes 

To achieve success in TE of cardiovascular substitutes, in particular heart valves, 

biodegradable carrier materials are essential prerequisites to provide cell 

attachment and to support the cells in generating a new 3-D tissue. Therefore, the 
second aim of this thesis was the evaluation of a suitable scaffold material made 

from varying biodegradable polymers to fabricate an optimal heart valve scaffold. It 

was focused on the analysis of nonwovens composed of PGA, P(L/D)LA), a mixed 
structure composed of PGA/P(L/D)LA (50:50), and PLG. Composition and 

fabrication of the nonwovens were evaluated regarding the requirements for an 

optimal scaffold material. Interactions between structural parameters, especially 
the correlation of structure and stability and their influence on cell proliferation, are 

as yet unknown. Therefore, fabricated polymeric nonwovens were analyzed after 

seeding with HUCAC and cultivation for several weeks under static conditions. 
Cell attachment and behavior as well as production of ECM were analyzed to 

identify an optimal polymeric scaffold material in terms of degradation and cell 

compatibility for (autologous) TE of heart valves. 

4.3 Aim III: Design, fabrication and establishment of a new 
bioreactor system for TE of cardiovascular substitutes 

A further important aim of this thesis was the design and manufacturing of a 

customized bioreactor system which fulfils several essential requirements for the 
TE of cardiovascular structures. One of the most important requirements was that 

cell seeding followed by in vitro conditioning has to be performed in one device to 

minimize the risk of contamination. Furthermore, in special cell seeding chambers 
a uniform cell distribution on the surface of the 3-D polymeric scaffold had to be 

realized. During the in vitro conditioning process, supply of the cells with nutrients 

and gases and the flow and pressure conditions were considered. In addition, the 
control and management of the in vitro fabrication process by monitoring several 

parameters such as pH, O2, CO2 was essential to get an overview of the de novo 

developing tissue. In this thesis numerous polymeric vessel scaffolds were seeded 
with HUCAC and conditioned under dynamic conditions in the newly developed 

bioreactor system. The newly tissue-engineered cardiovascular structure was 

analyzed by diverse histological, immunohistological and microscopic methods as 
well as biochemical and mechanical tests. The comparison of the constructs 

fabricated under dynamic and static conditions had to be performed to determine 

the effectiveness of the new bioreactor system.  
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4.4 Aim IV: Establishment of a specific bioreactor system for 
the dynamic expansion of HUCAC 

Currently, in most TE research projects the expansion of a small initial number of 

human, vascular UC cells used for the fabrication of a vital tissue-engineered 

cardiovascular structure is usually performed under static conditions in 
conventional cell culture systems. These systems are often unsatisfactory due to 

several limitations in nutrient and oxygen supply. To overcome these limitations 

dynamic cell expansion in special bioreactor systems could be an important tool. 
Therefore, the fourth aim of this thesis was the evaluation of a rotating bed 

bioreactor system for the expansion of HUCAC with regard to the fabrication of 

tissue-engineered heart valves. HUCAC were expanded in the new bioreactor 
system under continuous perfusion. The objective was to analyze whether large 

quantities of viable pre-conditioned cells can be harvested after a short time period 

under controlled environmental conditions. To compare the results additional static 
cultivation in conventional cell culture flasks had to be performed. The aim of the 

project was the analysis of the cell proliferation, expansion, growth behavior, ECM 

production, and marker expression under dynamic cultivation conditions in the 
bioreactor versus conventional static cultivation methods. 
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5 Materials and Methods 

5.1 Human tissues samples 

5.1.1 Human aortic heart valves  

Healthy human aortic heart valves were provided by Dr. med. Katharina Wassilew, 
Head of the Division of Pathology at the Deutsches Herzzentrum Berlin (DHZB). 

Aortic homografts were from patients with cardiac assist devices. These valves are 

not used for transplantation. Harvest and preparation were performed under the 
strict guidelines of the laboratory for homografts at the DHZB. The heart valves 

were washed with Dulbecco’s phosphate buffered saline (PBS) and frozen for 

further tissue specific investigations.   

5.1.2 Human UCs 

Human UCs were obtained from the Department of Obstetrics of the Charité 
Universitätsmedizin Berlin with the written consent of the children’s parents. 

Following the principles of the Declaration of Helsinki and after approval by the 

Ethical Review Board at the Charité Universitästsmedizin Berlin, Humboldt 
University of Berlin, Germany (186/2001) fresh human UCs were processed within 

1 hour after delivery and carried in PBS to the laboratory for Tissue Engineering at 

the DHZB. 

5.2 Cell culture 

5.2.1 Isolation of HUCAC  

In the present study HUCAC were used for the fabrication of tissue-engineered 
substitutes. Cell isolation was performed according to Sodian et al. [50]. The UCs 

were washed with PBS to remove the blood. The arteries were segregated from 

the Wharton jelly using a sterile scalpel and minced into 1 mm pieces. The 
sections were placed uniformly on cell culture dishes and were cultured in 

Dulbecco’s modified Eagle’s medium (DMEM) supplemented with 20 % (v/v) fetal 

calf serum (FCS) and 1 % (v/v) glutamin-penicillin-streptomycin solution (G/P/S) in 
a humidified incubator at 37 °C and 5% CO2. The medium was changed every 

5 days. After 7 - 10 days the beginning outgrowth of HUCAC from vessel 

segments was microscopically observed. When a confluent monolayer of cells 
around arterial segments was reached the cells were passaged by trypsinization 

(trypsin-EDTA solution, 0.05 % / 0.02 %). In brief, the culture medium was 

discarded, the cells were washed once with PBS to remove residues of medium 
and FCS and after that cells were incubated with trypsin-EDTA for 5 min at 37 °C. 

Enzymatic reaction was stopped using fresh culture medium supplemented with 
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10 % (v/v) FCS. Detached cells were transferred into tubes and spun at 320 x g for 
6 min. The cell pellet was resuspended in fresh culture medium and cell number 

was determined in a Neubauer counting chamber using trypan blue (see 5.2.4). 

The cells were designated as passage 1 (P1) cells. In the following, fresh HUCAC 
were subcultured (see 5.2.2) and/or cryopreserved and recultivated until needed 

(see 5.2.3).   

5.2.2 Cultivation of HUCAC 

HUCAC (P1) were cultured in conventional cell culture flasks in DMEM 

supplemented with 10% (v/v) FCS, 1% G/P/S and 1 mM ascorbic acid at 37 °C 
and 5 % CO2. Seeding density was 5500 cells/cm2 culture surface area. The 

medium was changed every 3 days. When cells reached a confluence of 70 - 

90 % they were serially passaged using the trypsin-EDTA solution and subcultured 
in DMEM supplemented with 10 % (v/v) FCS, 1 % (v/v) G/P/S and 1 mM ascorbic 

acid.   

5.2.3 Cryopreservation and thawing of HUCAC 

For cryopreservation a pellet of about 1 - 2 x 106 HUCAC (P1) was assimilated in 
1 ml freezing media, consisting of DMEM supplemented with 10 % dimethyl 

sulfoxide (DMSO) and rapidly transferred to cryovials. The cryovials were stored 

overnight in an isopropanol bath freezing container at -80 °C. Isopropanol ensures 
a rate of cooling very close to -1 °C/min down to -80 °C. Subsequently, the 

cryotubes were transferred into the vapour phase of liquid nitrogen where the 

temperature again was reduced to -156 °C. After the cryopreservation period of 
usually several months the cryotubes were dipped in a water bath at 37 °C for 

2 min for quick thawing of the cells. Cell suspension was added to fresh culture 

medium, centrifuged at 360 x g for 6 min to remove the toxic DMSO, and cells 
were recultivated with DMEM in cell culture flasks in a humidified atmosphere of 

37 °C and 5 % CO2. Cell culture medium was changed every 3 days.  

5.2.4 Determination of cell numbers 

The number of living cells was determined using a Neubauer counting chamber. 

The cells were stained with trypan blue. Briefly, 50 µl of the cell suspension were 
mixed with 50 µl trypan blue. Stained cells were pipetted in the Neubauer counting 

chamber and living cell number was determined whereby dead cells appear blue 

and are excluded during cell counting. Number of living cells N [cells/ml] could be 
calculated using the Formula 1, in which X is the counted cell number in 4 big 

squares [cells]. 
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4 2 10 1 	 	  

Formula 1: Calculation of living cell number N [cells/ml]  

 

5.2.5 Analysis of proliferation potential 

Proliferation potential of HUCAC was quantified using a colorimetric water soluble 

tetrazolium assay (WST-1). The measurement is based on the ability of viable 
cells to cleave tetrazolium salts by mitochondrial dehydrogenases. Fresh isolated 

primary cells (P1) and cells in P3 were seeded in quintuplicate in 96- well plates at 

a concentration of 2.0 x 103 cells/well and cultivated at 37 °C and 5 % CO2 for 6 
days. Culture medium was refreshed every 2 - 3 days. Starting at day 0, 10 µl 

WST-1 solution were added to 100 µl sample supernatant and incubated for 2 h at 

37 °C. The optical density (OD) of supernatants was measured against a 
background control as blank (culture medium without cells) at 450 nm by using an 

absorbance microplate reader. Reference wavelength of 630 nm was subtracted 

from averaged OD values measured at 450 nm. This procedure was repeated 
each day at the same time point. Growth curves for direct and quantitative analysis 

of proliferation were created. Obtained OD values were correlated to the number 

of living cells whereby higher OD values mean higher cell numbers.  

5.3 Immunological methods 

5.3.1 Preparation of paraffin tissue sections 

For the preparation of paraffin sections tissue-engineered constructs were fixed for 
24 h in 4 % buffered formalin to prevent autolysis and maintain the native 

structure. Dehydration of the tissue was performed in special cassettes in an 

embedding device over a period of 15 h at RT. At first the tissue was washed in 
aqua dest. to remove the fixation solution. Afterwards the sample was dehydrated 

by transferring through baths with rising isopropyl alcohol concentrations (70 %, 

80 %, 96 % and 100 %). In the next step the isopropyl alcohol in the tissue was 
replaced by xylene because the embedding reagent paraffin is not soluble in 

alcohol. Afterwards, the tissue was embedded in paraffin at a temperature of 

60 °C. Cooling down of the tissue and hardening of the paraffin was performed at 
5 °C. Preparation of 2 µm tissue sections was performed in a microtome. For the 

reduction of cuttings/wrinkles the sections were transferred in cold aqua dest. 

Afterwards they were placed in warm aqua dest. and mounted on glass 
microscope slides. Drying of the tissue cuts was performed at 40 °C overnight. To 

accomplish the requirements for the binding of water soluble dyes, the tissue cuts 

were deparaffinized with xylene (15 min) and rehydrated with decreasing 
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concentrations of isopropyl alcohol (100 %, 96 %, 80 %, 70 %, aqua dest.). Finally 
the tissue cuts were stored in TRIS buffer to prevent dehydration. 

5.3.2 Preparation of frozen tissue sections 

Human aortic heart valve leaflets and human UC sections were placed in plastic 

cryomolds and covered with cryo-embedding media (Tissue-Tek® OCT™ 

Compound). Embedded tissues were slowly placed in liquid nitrogen until the 
tissue was frozen completely. Frozen tissue blocks were stored at -80 °C until 

needed. Sections of tissues (5 - 8 µm thick) were prepared using a cryotome. 

Tissue sections were placed onto glass slides (Superfrost) suitable for 
immunohistochemistry, dried overnight at room temperature (RT) and stored in a 

slide box at -80 °C for later use. Before staining, tissue sections were fixed in ice 

cold acetone for 10 min and air dried for 30 min at RT. Finally slides were rinsed 
twice in PBS and subjected to an immunohistochemical staining procedure (3.3.3). 

5.3.3 Histological staining 

Hematoxylin and eosin (HE) stains were fabricated from paraffin sectioned tissue-

engineered constructs. Stainings of deparaffinized and rehydrated sections were 
automatically performed in a Bond-MAX stainer. Nuclei were stained with 

haematoxylin (Merck) for 3 min. The excess hematoxylin was removed by short 

treatment with acid alcohol (1% HCL in 70 % ethanol). Sections were rinsed under 
running tap water. Cytoplasm of tissue-engineered constructs was stained with 

eosin solution (Merck) for 3 min. Sections were dehydrated with ascending 

concentrations of ethanol (95 % and 100 %). Sections were incubated for 3 min in 
xylene and embedded in mounting medium (Cytoseal XYL). 

5.3.4 Immunohistochemical staining 

Expression of intracellular proteins and ECM proteins was qualitatively determined 

by immunohistochemical staining. Paraffin sectioned human aortic valve leaflets, 

paraffin sectioned tissue-engineered constructs and cross sectioned human UC 
arteries were stained according to collagen type I, collagen type III, ASMA, 

fibronectin and elastin. Stainings were automatically performed in a Bond-MAX 

stainer. Fixed tissue sections were incubated with normal goat serum (diluted 1:10 
in antibody dilution medium) for 10 min to block non-specific binding of 

immunoglobulin. Thus unspecific staining was prevented. Subsequently, the 

sections were incubated with monoclonal mouse anti-human collagen type I 
(0.5 µg/ml), monoclonal mouse anti-human collagen type III (30 µg/ml), 

monoclonal mouse anti-human fibronectin (5 µg/ml) and polyclonal rabbit anti- 

human elastin (1:100) at appropriate dilutions in primary antibody dilution buffer for 
1 h at RT. After incubation, the tissues were rinsed tree times with TRIS-wash 
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buffer followed by incubation with corresponding secondary alkaline phosphatise-
labelled antibody for 10 min at RT. After rinsing with TRIS-wash buffer, alkaline 

peroxidase solution was added for 10 min at RT. Afterwards the cells were 

washed again three times in TRIS-buffer and incubated in peroxidase substrate 
(Chromogen FAST RED) solution for 10 min. Counterstaining was performed 

using hematoxyline staining solution (Thermo- Shandon) for 3 min to visualize the 

cell nuclei. Finally, tissue sections were dehydrated with 90 % and 100 % alcohol 
solution and embedded in mounting medium (Cytoseal XYL). 

5.3.5 Indirect immunofluorescence analysis 

Indirect immunofluorescence staining was used on the one hand to determine the 

expression of cellular marker molecules and the production of ECM proteins of 

HUCAC of P1 and P3. For that HUCAC were cultured on glass coverslips in 
DMEM supplemented with 10 % FCS, 1 % G/P/S and 1 mM ascorbic acid at 37 °C 

and 5 % CO2. When cells reached a confluence of 80 - 90 % they were washed 

once in PBS and fixed with an ice-cold mixture of methanol and acetone (1:1) for 
10 min at RT. Fixed cells were covered with PBS to prevent drying of the cells. On 

the other hand production of ECM proteins of HUCAC expanded on polycarbonate 

plates of the rotating bed bioreactor system was qualitatively determined by 
indirect immunofluorescence staining. For this purpose the polycarbonate plates 

were analyzed without detaching the cells. HUCAC were washed with PBS and 

fixed with an ice cold methanol-acetone solution (1:1) for 10 min at RT.  

For indirect immunofluorescence staining fixed cells were incubated with primary 

monoclonal mouse antibody against human fibronectin (5 µg/ml) and with 

polyclonal rabbit antibodies against human type I collagen (0.5 µg/ml), human type 
III collagen (0.5 µg/ml) and human elastin (1:50) for 3 h at 4 °C. After incubation 

with primary antibodies, cells were washed three times with PBS, followed by 

incubation with appropriate fluorescein isothiocyanate (FITC) conjugated 
secondary anti-mouse/rabbit antibodies (1:400) for 3 h at RT. Cell nuclei were 

stained with 4',6-diamidino-2-phenylindole (DAPI)  for 10 min at RT and finally 

cells were mounted with Mowiol mounting medium (Calbiochem). A fluorescence 
microscope was used for imaging stained cells. Merged images displaying both 

the blue DAPI nuclei and green FITC signals were fabricated using Adobe 

Photoshop Version 6.0. The analysis of stained cells was performed within one 
week to get a sufficient fluorescence signal.   

5.3.6 Flow cytometry analysis 

Surface marker expression of HUCAC was examined by flow cytometry analysis 

using a FACS Calibur flow cytometer. Cell suspensions (1 x 105 HUCAC in 100 µl  
2 % FCS/PBS) were prepared and incubated with the following fluorescein 
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isothiocyanate (FITC) or phycoerythrin (PE) conjugated anti human monoclonal 
mouse antibodies: CD34 (PE, 0.45 ng/µl), CD44 (PE, 1.1 ng/µl), CD45 (FITC, 

0.9 ng/µl), CD73 (PE, 0.23 ng/µl), CD90 (FITC, 4.5 ng/µl), CD105 (FITC, 

0.45 ng/µl). Proper isotype immunoglobulins were used as negative controls for 
each antibody. 

5.4 Analytic methods 

5.4.1 Scanning electron microscopy 

Fabricated polymeric nonwovens (PGA, P(L/D)LA, PGA-P(L/D)LA, PLG) as well 
as tissue-engineered constructs were analyzed using scanning electron 

microscopy. Cell seeded nonwovens were prepared for imaging as follows. Briefly, 

cell seeded and in vitro conditioned scaffolds were washed in PBS and fixed in 4 
% paraformaldehyde. Fixed samples were rinsed two times with PBS and 

subjected to serial dehydration with 30-minute incubations in solutions of 

increasing ethanol concentrations (50 %, 70 %, 95 % and 100 %) and incubated 1 
h in acetone. Small samples of unseeded and cell seeded nonwovens were 

sputter coated for 45 sec with gold in a Biorad Polaron Division SEM Coating 

System and imaged with a Zeiss Supra 40VP scanning electron microscope. The 
Zeiss smart SEM software was used. 

5.4.2 Transmission electron microscopy 

Transmission electron microscopy (TEM) investigations were performed on tissue-

engineered constructs and on HUCAC expanded under static and dynamic 
conditions in conventional culture systems and in the rotating bed bioreactor 

system. Briefly, tissue-engineered constructs and HUCAC from the expansion 

experiment were fixed in Karnovsky fixative followed by post-fixation in 1% OsO4 
solution (0.1 M phosphate buffer). Subsequently, fixed tissue-engineered 

constructs and expanded HUCAC were rinsed and dehydrated in an ascending 

alcohol series before being embedded in Epon. Ultrathin sections (50 - 100 nm) 
were cut on a Reichert-Jung Ultracut E and contrasted with 2 % uranyl 

acetate/lead citrate. A transmission electron microscope was used to examine the 

samples. 

5.4.3 Investigation of metabolic parameters 

During in vitro conditioning of cell seeded nonwovens in the bioreactor system for 
cardiovascular TE (see 5.6.1) and during expansion of HUCAC in the rotating bed 

bioreactor system (see 5.6.2) cell culture medium samples were taken daily and 

glucose and lactate concentration were measured using the i-STAT 1 Analyzer. 
Cell culture medium samples of correspondent controls (static cultivations) were 

taken daily as well. 
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5.4.3.1 Bioreactor system for TE of cardiovascular substitutes 

The conditioning process of cell seeded nonwovens in the bioreactor system for 
cardiovascular TE (see 5.6.1) was operated in batch mode. Daily glucose 

consumption rate and lactate production rate Q*
i [mol/h] during batch mode were 

calculated using Formula 2, in which ci(t1) is the initial concentration and ci(t2) is 
the final concentration [mol/L], V is the volume of the cell culture media [L] and (t2 - 

t1) is the time between the medium changes [h]. 

∗ 	 | 	 	 | 	 
Formula 2 Calculation of daily glucose consumption rate and lactate production rate Q*

i [mol/h] 

The glucose consumption rate and lactate production rate per volume of the cell 
seeded polymeric scaffold in the new bioreactor system (q*

i,VS [mol/(m3h)]) were 

calculated using Formula 3, in which Qi
* is the glucose consumption rate or lactate 

production rate [mol/h] and Vs the volume of the polymeric scaffold seeded with 
cells [m3]. 

,∗
∗
 

Formula 3 Calculation of glucose consumption rate and lactate production rate per volume of the 
polymeric scaffold seeded with cells in the new bioreactor system q*

i,VS [mol/(m3h)] 

The relation of lactate produced to glucose consumed in the culture system is the 

yield coefficient Y [-]. This was calculated using Formula 4, in which Q*
Lac is the 

lactate production rate [mol/h] and Q*
Glu is the glucose consumption rate [mol/h]. 

	 ∗
∗  

Formula 4 Calculation of yield coefficient Y [-] 

The yield coefficient characterized inefficient metabolism of glucose for energy via 

glycolysis.  

5.4.3.2 Rotating bed bioreactor system 

The cell expansion process in the rotating bed bioreactor system (see 5.6.2) was 
operated in a continuous mode with continuous input of fresh medium stream and 

continuous withdrawal of culture fluid. Daily glucose consumption rate and lactate 

production rate per volume of the conditioning vessel of the continuously operated 
rotating bed bioreactor system Qi

* [mol/h] were calculated using Formula 5 for the 

time interval (t2 - t1). In this formula F is the flow rate [L/h], ci,0 is the glucose or 

lactate feed concentration [mol/L], ci is the glucose and lactate concentration in the 
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conditioning vessel of the bioreactor system [mol/L] and VR is the volume of the 
cell culture medium in the bioreactor [L]. 

∗ 	 	 , 2 	 	  

Formula 5 Calculation of glucose consumption rate and lactate production rate per volume of the 
conditioning vessel Qi

* [mol/h]  

The glucose consumption rate and lactate production rate per cell culture surface 

of the bed (polycarbonate plates) of the bioreactor system q*
i,AS [mol/(m2h)] were 

calculated using Formula 6, in which Qi
* is the glucose consumption rate or lactate 

production rate [mol/h] and As is the surface of the polycarbonate plates [m2]. 

,∗
∗
 

 

Formula 6 Calculation of glucose consumption rate and lactate production rate per cell culture 
surface q*

i,AS [mol/(m2h)] 

The yield coefficient Y [-] was determined using Formula 4.  

The cell expansion in conventional cell culture systems (control) was operated in a 

batch mode with daily exchange of cell culture medium. Daily glucose 
consumption rate and lactate production rate Q*

i [mol/h] during batch mode were 

calculated using Formula 2. The glucose consumption rate and lactate production 

rate per cell culture surface of the conventional system q*
i,AS [mol/(m2h)] were 

calculated using Formula 6, in which As is the cell culture surface [m2]. 

5.4.4 Analysis of doubling time and growth rate 

Growth rate of HUCAC µ [1/h] was calculated by Formula 7, in which X2 is the cell 

number at the end of the expansion process, X1 the initial cell number and (t2 –t1) 
[h] the time between cell seeding and cell harvesting. Doubling time td [h] of cells 

was estimated by Formula 8. 

	
	  

Formula 7 Calculation of growth rate µ [1/h] 

	 2
 

Formula 8 Calculation of doubling time td [h] 
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5.4.5 Statistical analysis 

All experiments were performed in quintuplicate with cells from five different 

donors. Results were expressed as mean values ± standard deviation (SD). 
Statistical analysis was carried out by using Graph Pad Prism (Version 5.01). 

Comparisons between the two groups were done applying T-test for paired 

samples. Differences were considered statistically significant at P < 0.05. 
Comparison between more groups was performed by ANOVA test. Statistical 

significance was set at P < 0.05. 

5.5 Fabrication of polymeric nonwovens  

5.5.1 Fabrication process of polymeric nonwovens 

The fabrication of PGA, P(L/D)LA, PGA/P(L/D)LA and PLG nonwovens was 

carried out in the Institute for Textile Technology (ITA) which belongs to the 
Faculty for Mechanical Engineering of the RWTH Aachen University. Polymeric 

granules were obtained from PURAC Biomaterials (Gorinchem, The Netherlands). 

The fabrication process for each nonwoven was almost identical. To fabricate a 
nonwoven scaffold the polymeric granules were first processed into multifilament 

fibers. A coextrusion spinning plant was used in a single extrusion mode for this 

process. Polymers were vacuum dried at 100 °C for 2 h in advance of the spinning 
process. A 30hole multifilament spinneret with a single orifice size of 0.25 mm was 

used to fabricate multifilament fibers which consisted of 30 single filaments with a 

filament yarn count of 3 - 13 dtex [1 dtex = 1 g/ 10000 m]. In this work PGA, 
P(L/D)LA) and PLG fibers were fabricated whereby PGA yarn had a total yarn 

count of 116 dtex, P(L/D)LA yarn a total yarn count of 390 dtex and PLG yarn a 

total yarn count of 100 dtex. To finish the spinning process multifilaments were 
converted into staple fibers with the use of Silastol R641.  

At the first stage of production of a nonwoven, polymeric multifilaments were 

texturized using the knit-de-knit procedure. The multifilaments were knitted into a 
fabric using the knitting machine TK 83 (Figure 3A) in order to produce a crimp of 

a knitted-loop shape. The following heat-setting (thermofixation) of the fabric was 

performed in the convection oven Heraeus® M110 under supply of nitrogen as 
inert gas. The fabric was heated shortly to the glass transition temperature of the 

polymer to make crimp permanent. The fibers were then unraveled ("deknitting") 

from the fabric and used in this permanently crinkled form.  
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Figure 3 Knitting machine TK 83 by Harry Lucas Textilmaschinenfabrik GmbH & Co. KG 
(Neumünster, Germany) [A], Needling punching loom of the ITA [B], Staple fiber cutting machine of 
the ITA [C], MDTA3 of the company Zellweger Uster AG, Uster, Swiss [D] 

The following conversion into staple fibers with a length of 38 mm was performed 

using a staple fiber cutting machine developed by ITA (Figure 3C). Briefly, one 

yarn end of the knitted fabric is inserted into feeding system. An air stream 
transports the yarn through a tight bore of a rotor and during each rotation of the 

rotor the yarn is once pressed against a fixed knife and cut. Single fibers are 

gathered by means of a suction tube. 

An MDTA 3 (Figure 3D) was used to open the manufactured fiber batches and to 

produce a single fiber web. The MDTA 3 functions as a carding machine and 

allows the web formation from small fiber quantities with marginal fiber loss. It 
opens staple fibers, individualise and blends the fiber material and finally 

parallelise the fibers. The output of MDTA 3 is a sliver ring in which single fibers 

are evenly distributed and oriented along the axis of sliver.  

For mechanical consolidation needle punching was performed using a special 

needling punching loom (Figure 3B) and the needle type 6 x 18 x 40 x 3 GB 

61545. The applied needle punching machine is self-constructed and designed by 
ITA. The number of fiber webs used for needle punching varied depending on the 

thickness, weight and porosity of the desired polymer. In this study fiber webs 

were cross layered in 90° direction.  

5.5.2 Analysis of the polymeric nonwovens  

5.5.2.1 Basic analysis of the polymeric nonwovens  

Polymeric nonwovens (PGA, P(L/D)LA, PGA/P(L/D)LA and PLG) were analyzed 
regarding to the suitability as templates for TE of heart valve according to its mass 

per unit area, the thickness, and the pore size at the ITA. All measurements were 

performed at standard temperature atmosphere (20 °C) following ISO 139:1973.  
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The mass per unit area [g/m²] of each polymeric nonwoven is the ratio between its 
weight and its area. The test method for determining the mass per unit area of a 

nonwoven fabric is stated in ISO 9073-1. Three equal pieces of each nonwoven 

were surveyed and the weight was examined with the precision balance AE 163 
from Mettler Toledo. For each of the three pieces of the nonwoven the mass per 

unit area in milligrams per square centimetre (mg/ cm²) was calculated.  

The thickness of each polymeric nonwoven was determined based on the ISO 
9073-2 standard: 1995 "Textiles- Test methods for nonwovens-Part 2: 

Determination of thickness" using a universal micrometer and a proof pressure of 

0.5 N/cm2. The whole nonwoven served as test sample and thickness was 
measured non-destructively at different areas so that the nonwoven could be used 

for further tests of fabric characterization and even for cell seeding experiments. 

Six thickness measurements were performed from each nonwoven.  

Optical microscopy was chosen as an indirect method for determination of pore 

size. Briefly, the nonwoven was placed on a manual x/y-lens table of an optical 

light microscope. The table has a glass plate with a backlight that allows 
illumination of the sample through its entire thickness. Images of the nonwoven 

were recorded using a macro lens and a digital camera attached to the 

microscope which sent captured images to a computer. The image-software 
OPTIMAS (Media Cybernetics, Silver Spring, USA) was used for automatic image 

analysis. The software transforms the images into binary images which separate 

the fiber from the background on the basis of a predefined threshold. The 
threshold value is set in such a way that it represents the porous structure of 

nonwoven as best as possible. Dark foreground pixels represent fibers of the 

nonwovens and light background pixels depict the void structure. The software 
combined all adjacent background pixels into one area which stands for one pore 

in structure and provided several algorisms for the further processing of the 

captured areas. These algorisms are the basis for the evaluation of pore size 
distribution of nonwovens. The data extraction from the digital images was done 

fully automatically. 

5.5.2.2 Tensile testing of polymeric nonwovens 

Tensile testing was carried out by the Laboratory for Metallography, University of 
Applied Sciences Regensburg. Prior to tensile testing, polymeric nonwovens were 

moistened in DMEM cell culture medium and cut within 1 min using a laser cutting 

machine. Tensile tested flat plate samples (dog-bone) had a total length of 15 mm 
whereby measuring length was clearly defined at 5 mm. The tension tests were 

conducted under standardized conditions in a tensile testing machine and a 

special force measurement device demonstrated in Figure 4A. The accuracy of 
force measurement was about 0.02 N. Deformation of polymeric nonwovens was 
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determined by displacement of the crosshead. Clamping of the nonwovens into 
the apparatus was carried out using a special fixation system (Figure 4B). 

Furthermore, samples were fixed with sandpaper to provide slipping in the clamp 

and to promote optimal gripping. For measurement of tensile strength samples 
were stretched with a constant strain rate of 10 mm/min till the point of failure/ 

fracture is reached. The failure criterion was defined as decrease of maximum 

force by 90 %. During the tensile test, crosshead displacement versus the applied 
load was noted down and maximum load (Fmax) was determined for each 

nonwoven. 

 
Figure 4 Scheme of tensile testing machine [A] and clamping tool for sample fixation [B] 

5.5.3 Seeding of HUCAC on polymeric nonwovens and in vitro 
cultivation under static conditions  

The biocompatibility of polymeric nonwovens was analyzed under static 

conditions. 1 cm2 of polymeric nonwovens (PGA, P(L/D)LA, PGA/P(L/D)LA and 

PLG) were sterilized 24 h with 70 % ethanol, rinsed three times with PBS and 
dried over night. Samples were incubated for 30 min with FCS to enhance cell 

attachment before using. After expansion of a sufficient number, 1 x 106 

HUCAC/cm2 (P3) were seeded onto polymeric nonwovens by dripping and were 
cultured for 1 h at 37 °C. Subsequently, the cell seeded nonwovens were cultured 

in cell culture medium (DMEM, 10 % FCS, 1 % G/P/S, 1 mM ascorbic acid) under 

static conditions in a humidified incubator at 37 °C and 5 % CO2 for additional 
4 weeks. The medium was changed every 3 days.  

5.6 Bioreactor systems 

5.6.1 Bioreactor system for TE of cardiovascular substitutes 

A unique bioreactor system for the TE of cardiovascular replacements was 
designed in the DHZB and was fabricated in the cooperation with Prof. Dr. Stefan 



5 Materials and Methods 

 35

Jockenhövel from the Helmholtz Institute in Aachen. In the following chapters all 
prefabricated components of the bioreactor system are described in detail.  

5.6.1.1 Basic reactor design 

The new developed bioreactor system (Figure 5) contains two identical chambers 

for culturing two cardiovascular constructs in parallel. These cell seeding and 
perfusion chambers are made of lucent acrylic glass to allow macroscopic control 

of the developing cell scaffold construct and the detection of potential 

contamination inside the system. Scaffolds could be tightly fixed in the chambers 
using a silicone tube adapter. Both chambers are fixed in special holders, which 

are able to rotate driven by spur wheels. Each chamber is connected via gas 

permeable silicone tubes to an upper and a lower rotary sealing, which avoids 
twisting during rotation. Furthermore, the chambers and the upper and lower 

sealings are located on a rotary disc, which is able to rotate in an additional 

direction to the cylinders. In addition, the culture chambers are directly connected 
with a cell culture medium reservoir by gas permeable silicone tubes and a special 

measurement unit with ports for pH, O2 and CO2 sensors (Mettler Toledo, 

Germany). Medium is pumped through the whole system using a peristaltic pump 
(Roth Cyclo II pericyclic pump, Roth). The complete bioreactor system fits in a 

humidified incubator with standardized conditions (37 °C, 5 % CO2) and is driven 

by two engines outside the incubator. In summary, a closed bioreactor system was 
developed which is able to rotate it two directions (in the x-axis and the y-axis).  

 
Figure 5 New developed bioreactor system: cell seeding and perfusion chamber (1), rotary disc 
(2), rotary sealing (3), cylinder holder (4), gas permeable silicone tube (5) and ground plate (6) 
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5.6.1.2 Measuring unit 

A new measuring unit, made of lucent acrylic glass, was developed and integrated 
via gas permeable tubes in the circuit of the bioreactor system. It has a length of 

21 cm and a height of 12 cm and contains six ports with a standardized diameter 

for several sensors. The sensors dip in the perfusion chamber and measure 
different parameters (T, pH, pCO2 and pO2) of the circulating culture medium. In 

addition, the measuring unit contains an additional port to collect culture medium 

samples. The complete measuring unit can be sterilized with ethylene oxide (EtO) 
and can be placed in a humidified incubator. Figure 6 shows the schematic 

illustration of the measuring unit as well as the fabricated device. 

 
Figure 6 Schematic illustration of the measuring unit [A]; measuring unit with sensors [B]: rack (1), 
sensors (2), perfusion chamber (3), medium outlet (4), medium inlet (5) and tapping for culture 
medium samples (6) 

5.6.1.3 Sensors 

In a bioreactor system the environmental conditions provided for cells should 

ensure the high proliferation and ECM production necessary to generate a viable 

tissue-engineered construct. Therefore, controlling and monitoring of the TE 
fabrication process is very important. Different sensors linked to their special 

transmitters (all purchased from Mettler Toledo, Germany) were integrated in the 

measuring unit of the bioreactor system. For pH measurement, a robust inPro3100 
electrode connected to the transmitter M700 was used whose function was based 

on the potentiometric measurements. It was filled with a gel electrolyte and had an 

integrated temperature sensor which guarantees safe, temperature-compensated 
and precise pH measurement. A stainless steel inPro5000 sensor connected to 

the CO2 transmitter 5100e was used for potentiometric measurements of CO2. 

Briefly, CO2 in the process medium diffuses through the sensor membrane into the 
inner electrolyte until its partial pressure equilibrates within the electrolyte. The 

dissolved CO2 gas reacted with water and form bicarbonate and H+ ions whereby 

these H+ ions lead to a pH change of the inner electrolyte which was measured by 
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the integrated pH electrode. Using the pH and the temperature, the transmitter 
calculated the CO2 unit, which can be indicated as partial pressure (in mbar or 

hPa), as mg/l or in %. A stainless steel inPro6900 sensor connected to the O2 

transmitter M700 was used to measure the oxygen value in the culture medium. 
The function of the O2 sensor was based on the principle of amperometric 

measurement. Oxygen molecules migrated through the permeable membrane of 

the polarographic sensor and are reduced at the working electrode (cathode). To 
realize that reduction, the transmitter supplied a constant polarization voltage to 

the cathode. Simultaneously, oxidation took place at the reference silver electrode 

(anode) where oxidized silver was liberated as silver ions into the electrolyte. The 
electrolyte closed the electric circuit between anode and cathode and the current 

measured by the transmitter was proportional to the partial pressure of oxygen 

(pO2) in the medium. 

 
Figure 7  Data acquisition system: National Instruments SC-2345 Connector Block (1), CO2 
transmitter 5100e (2), O2 and pH transmitter M700 (3), measuring unit with CO2 and O2 sensors (4) 

Calibration and sterilization of the sensors 

All sensors had to be calibrated each time before usage in the bioreactor system 
to ensure high measurement accuracy of the sensors. For the pH sensor 

InPro3100 a 2-point calibration was performed. The sensor was dipped 

successively into two different buffer solutions with the given pH reference values 
and the transmitter was calibrated to these buffer values. Starting the calibration 

with buffer pH 7 makes it possible to determine the 0-point, followed by buffer pH 4 

to determine the slope. An integrated temperature sensor measured the buffer 
temperature automatically. After calibration the sensor was autoclaved and 

integrated into the measuring unit of the bioreactor system. Prior to usage of the 

O2 sensor, the electrolyte had to be refilled. Briefly, the cap sleeve was unscrewed 
and pulled off the sensor; the membrane body was pulled off from the interior body 

and half-filled with new O2 electrolyte; the interior body was rinsed with de-ionized 
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water and carefully dried with a paper tissue; the membrane body was slipped 
carefully over the interior body and the cap sleeve over the fitted membrane body. 

The sensor was autoclaved and integrated into the measuring unit of bioreactor 

system. Prior to calibration, the sensor must be fully polarized. To this end, the 
transmitter M700 adjusted the transmitter polarization voltage to -675 mV. A single 

point calibration (calibration of the slope by sampling) was carried out in the 

bioreactor system filled with culture medium for which the actually measured value 
of the process was stored in the transmitter. A medium sample was taken and the 

O2 content was analyzed immediately using a blood gas analyzer (i-STAT 1 

Analyzer). The measured reference value was entered in the transmitter. The 
transmitter calculated the slope of the sensor on the basis of the difference 

between the measured and the reference value. At low concentrations the 

transmitter corrected the zero point, at high concentrations the slope. Finally, the 
sensor was ready to use for online measurements. The CO2 sensor consisted of 

an interior body, a pH electrode, which had to be calibrated with a 2-point 

calibration in the buffers pH 7 and pH 9.21, similar to the pH sensor inPro3100. 
After calibration the pH electrode was rinsed with aqua dest. and carefully dabbed 

with a paper tissue. The membrane body was filled half way with CO2 electrolyte 

avoiding air bubbles and the sensor was rebuilt together. After autoclaving, the 
sensor was integrated into the measuring unit and process calibration of the CO2 

sensor followed. During sampling, the currently measured CO2 value was stored in 

the transmitter. The medium sample was analyzed using the i-STAT 1 Analyzer 
and the measured reference value was entered in the transmitter. Finally, the 

transmitter recalculated the new asymmetry potential using both values. 

5.6.1.4 Cell culture medium reservoir and tubing system 

A 1L wide neck bottle (DURAN® GLS 80® Laborflasche, Weithals mit GLS 80® 
Gewinde) was used as cell culture medium reservoir. A dual tubing olive assembly 

sets (Nalgene) was integrated into the cap of the bottle. The dual tubing olives 

were also used for the exchange of culture medium in the bioreactor system which 
provided simplified handling.  

The components of the bioreactor system were connected via gas permeable 

silicone peroxide tubings (inner diameter 6.4 mm, outer diameter 9.6 mm, Ismatec, 
Wertheim-Mondfeld, Germany) to ensure an adequate gas exchange. A robust 

pump tubing (PharMed Ismaprene, inner diameter 6.4 mm, outer diameter 

9.6 mm, Ismatec) was integrated in the tubing system to pump medium through 
the bioreactor system using the roller pump.  
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5.6.1.5 Cell seeding of polymeric nonwovens  

Polymeric nonwovens in a vessel-like shape (outer diameter 2.2 cm, inner 
diameter 2 cm, length 2 cm, total surface 27 cm2) were fixed with a silicone tube 

(Ismatec) in the cell seeding and perfusion chamber of the bioreactor system. 

Sterilization of polymeric nonwovens in the cell seeding and perfusion chamber 
was performed using gamma radiation. HUCAC from subconfluent cultures were 

detached from culture bottles using trypsin/EDTA. Cell concentration was 

measured using a Neubauer counting chamber (see 5.2.4). For seeding HUCAC 
onto the polymeric nonwovens, 25 x 106 HUCAC (P3/P4) suspended in 10 ml 

culture medium were injected with a sterile syringe in the cell seeding and 

perfusion chambers. This inoculation step was performed under sterile conditions 
within a laminar flow bench. A uniform cell distribution onto the 3-D porous scaffold 

was realized by a two-hour rotation of the cell seeding and perfusion chambers in 

two directions (2 rpm) whereby the whole bioreactor was placed in an incubator 
(37 °C and 5 % CO2). After 2 h the cells which did not adhere to polymeric fibers 

were counted and seeding efficiency was calculated. Subsequently, the bioreactor 

system was filled with culture medium and cell seeded nonwovens were cultivated 
under pulsatile flow and pressure conditions for the desired time. 

 

Figure 8 Polymeric nonwoven in a vessel-like shape [A], tubular nonwoven fixed at a silicon tube 
[B], tubular nonwoven and acrylic glass chamber [C, D] 
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5.6.1.6 Conditioning of the cells under pulsatile flow conditions 

After seeding, the nonwovens were cultivated for 21 days in DMEM supplemented 
with 10 % FCS, 1 % G/P/S and 1 mM ascorbic acid.  In the system, a peristaltic 

roller-pump (Ismatec, MCP Process, Wertheim-Mondfeld, Germany) was used to 

pump culture medium from a glass fluid reservoir via gas permeable silicon 
peroxide tubes to the cell seeding and perfusion chambers. The total priming 

volume of the system was 1000 ml. Thus, a pulsatile flow of culture medium was 

obtained through the cell seeded tubular nonwoven. The volumetric flow rate was 
increased from 60 ml/min to 140 ml/min. Cell seeded nonwovens were cultured 

under these dynamic conditions for 21 days. Half of the cell culture medium inside 

the medium reservoir (500 ml) was changed when glucose concentration was 
lower than 300 mg/l.  

Pressurization in the form of waves was applied by clamps. A systolic pressure of 

80 mmHg and a diastolic pressure of 60 mmHg were established, similar to native 
pressure wave in adult humans. The applied pressure was observed by pressure 

monitoring sensors (Xtrans, Codan, Germany) located in front of and behind the 

cell seeding chambers. After in vitro conditioning in the bioreactor system cell 
seeded nonwovens were considered to be tissue-engineered constructs. 

In parallel, polymeric nonwovens were seeded with the same cell number and 

conditioned under static conditions in a 1 L wide neck bottle (Duran GLS 80) in an 
humidified incubator (37 °C, 5 % CO2 and 21 % O2) as a control. Medium was 

changed once a week. After cultivation under static conditions cell seeded 

nonwovens were also considered tissue-engineered constructs. 

5.6.1.7 Analysis of metabolic parameters during cultivation of the cell 
seeded nonwovens 

Glucose consumption rate and lactate production rate per volume of cell seeded 

polymeric scaffold (q*
i,VS) were calculated daily (see 5.4.3.1) to analyze the 

metabolic activity of the cells in the cell seeded nonwovens during in vitro 
conditioning in the new bioreactor system and during static cultivation (control). 

For this purpose medium samples were taken and glucose and lactate 

concentrations were measured. Furthermore, the yield coefficient (YLac/Glu) was 
calculated (see 5.4.3.1). Acidity (pH), temperature (T), partial pressure of oxygen 

(pO2) and partial pressure of carbon dioxide (pCO2) were measured continually in 

the cell cultivation medium via sensors integrated in the measuring unit of the 
bioreactor system.  
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5.6.1.8 Preparation of cell seeded nonwovens for further analysis 

After culturing, tissue-engineered constructs were washed twice with PBS, cut in 
several pieces and examined regarding ECM production, collagen concentration 

and mechanical behavior. To this end, one portion of the tissue-engineered 

constructs was subjected to histological (see 5.3.3) and immunohistological 
staining (see 5.3.4). Another portion of the tissue-engineered constructs was 

analyzed using TEM microscopy (see 5.4.2) and used for analysis of collagen 

concentration (see 5.6.1.9). Lastly, parts of the tissue-engineered constructs were 
prepared for mechanical testing (see 5.5.2.2).   

5.6.1.9 Analysis of biochemical parameters 

ECM production of tissue-engineered constructs was quantitatively determined. 

For this purpose the ECM protein collagen was analyzed using a collagen assay 
designed for the analysis of acid and pepsin-soluble collagens (Sircol Soluble 

Collagen Assay, Biocolor, UK). Tissue-engineered constructs were cut into small 

pieces, washed once in PBS and the moist mass was determined. Samples were 
dried overnight using a desiccator and incubated for 2 - 3 days at 4 °C in 1 ml of 

an enzymatic solution containing pepsin (Sigma) at a concentration of 0.1 mg/ ml 

0.5 M acetic acid. Samples containing ECM collagen were spun at 13000 rpm 
(17900 x g) for 5 min. For precipitation, pellets were resuspended in 1 ml 0.5 M 

acetic acid, 2 M NaCl were added and incubated at RT for 2 h. After incubation, 

samples were spun at 13000 rpm (17900 x g) for 5 min. Pellets were resuspended 
in 200 µl 0.5 M acetic acid and samples were ready to use for the following assay. 

For the collagen assay 0.5 M acetic acid was uses a reagent blank. Collagen 

standards were prepared containing 2.5, 5, 10, 25 and 50 g of the Collagen 
Reference Standard (Sircol Soluble Collagen Assay, Biocolor, UK) using 0.5 M 

acetic acid as solvent. Test samples (V = 100 µl) were incubated with 1 ml Sircol 

Dye Reagent (Sircol Soluble Collagen Assay, Biocolor, UK) in a mechanical 
shaker for 30 min. Tubes were spun at 12000 rpm (15300 x g) for 10 min and 

drained carefully afterwards avoiding any collagen-dye pellet loss. Pellet was 

layered with 750 µl ice-cold Acid-Salt Wash Reagent (Sircol Soluble Collagen 
Assay, Biocolor, UK) and solution was spun at 12000 rpm (15300 x g) for 10 min. 

The supernatant was discarded and remaining fluid was removed using cotton 

wool buds. Finally, 250 µl Alkali Reagent (Sircol Soluble Collagen Assay, Biocolor, 
UK) were added to samples, reagent blank and collagen standards and 

absorbance at 550 nm was measured using a microplate reader within the next 2 - 

3 h. The reagent blank’s absorbance value was subtracted from all of the test 
samples and collagen standards absorbance readings. A straight collagen 

reference standard curve, passing through zero, was obtained by plotting the 

collagen standard absorbance means against their known collagen 
concentrations. Test sample concentrations values were calculated from the 
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degree of the slope of the standard curve. The assay was suitable for monitoring 
mammalian collagen (Type I to V) soluble in cold acid or pepsin produced during 

in vitro cell culture and in vitro ECM formation. 

5.6.2 Rotating bed bioreactor system 

5.6.2.1 Reactor design 

A rotating bed bioreactor system as shown in Figure 9A (Zellwerk GmbH, 

Oberkrämer, Germany) was used for the dynamic expansion of adherent growing 
HUCAC with regard to subsequent fabrication of tissue-engineered heart valves. 

The bioreactor system was composed of a cylindrical culture vessel made of 

polycarbonate with an integrated rotating bed of polycarbonate plates (Figure 9B). 
The bed rotation was caused by a non contact-magnetic drive coupled to the 

cylindrical culture vessel. A sampling device integrated into the cell culture vessel 

allowed measurement of glucose and lactate concentration in the cell culture 
medium. The culture vessel was connected via a medium circulation to a 

measuring device with ports for pH and pO2 sensors. With a control unit (Zellwerk 

GmbH) online monitoring of the parameters pH, pO2 and temperature could be 
realized. Furthermore, fresh medium could be added to the culture vessel 

according to metabolic requirements of the cells using an additional feeding pump. 

The external medium circulation combined with the rotation of the polycarbonate 
bed provided mixing of the culture medium. The cell culture process in the 

bioreactor is operated in a continuous mode with continuous input of fresh medium 

stream and continuous withdrawal of culture fluid. Using this operation mode, the 
cell culture medium volume remained constant in the bioreactor system over the 

duration of cultivation. The liquid volume in the bioreactor system was 340 ml. To 

guarantee a gas supply the overlay atmosphere of the headspace of the cylindrical 
culture vessel was aerated with CO2, N2 and air. The pH value was regulated by 

controlled addition of CO2, while O2 saturation in the medium was regulated by N2 

and air. All cultivation parameters such as pH, gas saturation, temperature, bed 
rotation and medium circulation were monitored online and regulated by the 

control unit. The bioreactor was placed under sterile conditions in a GMP laminar 

flow breeder (Zellwerk GmbH). 
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Figure 9 The rotating bed bioreactor system; the whole system is composed of breeder, bioreactor, 
measuring device and control unit [A], the cylindrical culture vessel with integrated bed of 
polycarbonate plates with a cell culture surface area of 6000 cm2 [B], schema of the rotating bed 
bioreactor system [C] 

5.6.2.2 Inoculation procedure and cell cultivation  

The rotating bed bioreactor system was equipped with polycarbonate discs with a 

total surface area of 6000 cm2. Polycarbonate plates were seeded with 
1500 HUCAC/cm2 whereby inoculation involves two separate cell seeding steps 

for each side of the plates. Cell inoculation was carried out with a total volume of     

330 ml cell suspension. Cell suspension containing 4.5 x 106 cells was injected 
into the bioreactor through a flexible tube. To allow tight cell adhesion onto the 

upper surface of the plates (3000 cm2), the plates were placed in a horizontal 

orientation for 4 hours without perfusion or rotation of the bed. After incubation, the 
bed of polycarbonate plates was turned through 180° and the second cell 

inoculation (4.5 x 106 cells) was carried out. The cells adhered to the second side 
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of the plates (3000 cm2) when the plates were placed in horizontal orientation for 
4 hours as described above. A total of 9 x 106 cells were seeded on the total 

surface area of 6000 cm2. The cells expanded for 9 days in DMEM supplemented 

with 10% FCS, 1% G/P/S and 1 mM ascorbic acid. Basic cell cultivation 
parameters were pH 7.3, 37 °C and 3 % O2 (hypoxic conditions). The bed rotation 

rate was two rounds per minute (rpm). During expansion of HUCAC in the 

bioreactor system, culturing conditions (pH, T and pO2) were measured daily. 
Feeding of HUCAC was performed according to the metabolic needs of the cells. 

Fresh medium was added continuously to the bioreactor system with respective 

flow rates for feed.  

In parallel to dynamic expansion in the rotating bed bioreactor system, 1500 

HUCAC/cm2 were cultured under static conditions in DMEM supplemented with   

10 % FCS, 1 % G/P/S and 1 mM ascorbic acid in standard culture flasks (25 cm2) 
in a humidified incubator at 37 °C with 5 % CO2 and hypoxic conditions (3 % O2). 

The cell culture medium was changed every second day.  

5.6.2.3 Analysis during expansion of HUCAC  

During expansion of HUCAC in the rotating bed bioreactor system and in 
conventional cell culture flasks (control) glucose and lactate concentrations were 

analyzed every 24 h in the culture medium using the i-STAT 1 Analyzer. 

Measurements of fresh culture medium were performed to define baseline data of 
glucose and lactate. Daily glucose consumption rate and lactate production rate 

per cell culture surface (q*
i,AS) of the bioreactor system and of the conventional cell 

culture system (see 5.4.3.2) and the yield coefficient (YLac/Glu) were calculated (see 
5.4.3.1).  

5.6.2.4 Harvesting procedure and analysis after expansion on HUCAC 

After 9 days cell culture medium was removed from the culture vessel of the 

bioreactor system and cell harvesting was performed by filling the culture vessel 
with a collagenase II solution (200 U/ml, PAA). After incubation (2 h) the detached 

cells were rinsed with PBS and collected. After enzymatic cell harvesting, cell 

number was determined (see 5.2.4) and flow cytometry (see 5.3.6) and TEM 
analysis (see 5.4.2) were performed. Furthermore, for additional analyses a 

polycarbonate plate was removed from the bioreactor system before enzymatic 

treatment and washed with PBS as well. On the one hand HUCAC were harvested 
from a polycarbonate disc using a cell scraper and centrifuged for subsequent 

TEM analysis (see 5.4.2). On the other hand, indirect immunofluorescence 

staining was performed to examine the production of ECM proteins (see 5.3.5).  

HUCAC expanded under static conditions in standard cell culture flasks were 

harvested after 9 days as well with trypsin-EDTA and cell number was determined 
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(see 5.2.4). In addition, HUCAC were harvested using a cell scraper and 
centrifuged for subsequent TEM analysis (see 5.4.2) and indirect 

immunofluorescence staining was performed to examine the production of ECM 

proteins (see 5.3.5). To determine the growth rate ( ), 6-well culture plates were 
inoculated with 1500 cells/cm2 and cultured for 9 days. Three wells were harvested 

after 9 days and cell number was defined. 
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6 Results 

6.1 Characterization of HUCAC 

In the present thesis human umbilical artery derived cells (HUCAC) were 
considered as a cell source for the TE of cardiovascular constructs. Initial results 

revealed that isolation of HUCAC by mechanical excision was successful; 

umbilical arteries were separated from the cord (Figure 10A), vessel sections were 
placed in cell culture dishes (Figure 10B) and after 1 week HUCAC started to grow 

out of single vessel sections and demonstrated robust spindle-shaped morphology 

in primary culture (P0) (Figure 10C). After approximately 21 days cell reached a 
confluence of about 60 - 80%.  

 

Figure 10 Human UC and human UC artery [A], cord vessel sections [B], HUCAC growing out of 
the vessel segments [C], HUCAC of primary culture (P0) [D] and P3 [E] 

To investigate whether HUCAC are suitable for this application it is necessary to 

characterize them in terms of expression of their cellular surface marker 
molecules, production of ECM proteins and proliferation potential. If the primary 

culture (P0) reached a confluence of 90% the HUCAC were passaged and 

cultured without cryopreservation until passage 3 (P3). No significant 
morphological differences were observed between HUCAC of P0 and P3, shown 

in Figure 10D and Figure 10E.  

The results of flow cytometry analysis revealed that CD44 (93.63 ± 1.36 %), CD73 
(87.90 ± 1.31 %), CD90 (97.50 ± 1.95 %) and CD105 (94.00 ± 1.57 %) were highly 

expressed by HUCAC directly after P0, as shown in Figure 11. In P3, marker 

expression was increased compared to P0 whereby a significant difference in 
expression of CD44 (99.43 ± 0.25 %, P = 0.0152), CD73 (98.80 ± 0.89 %, 
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P = 0.0129) and CD105 (99.27 ± 0.75 %, P = 0.0303) was detected (P < 0.05). No 
significant difference in expression of CD90 was detected in P0 compared to P3 

(99.90 ± 0.00 %, P = 0.1669; P > 0.05). Furthermore, hematopoietic stem cell 

specific markers such as CD34 (0.60 ± 0.17 %) and CD45 (0.83 ± 0.15 %) showed 
low expression by HUCAC in P0. Compared to P3, the expression of CD34 

(0.10 ± 0.00 %, P = 0.0377) and CD45 (0.07 ± 0.06 %, P = 0.0130) is significantly 

increased after primary culture in P0.  

 
Figure 11 Flow cytometry analysis of fresh cultivated HUCAC after passage 0 and passage 3 (n = 
3); the data represents the mean values ± standard deviation (SD) (*P < 0.05) 

Indirect immunofluorescence staining was performed to verify the results of the 

flow cytometry analysis. Intense positive signals were detected for the CD44, 
CD90 and CD105 whereas no difference in signal intensity was observed between 

HUCAC in P0 and P3 (Figure 12). Indirect immunofluorescence staining to test for 

the presence of CD73 in HUCAC was not performed in this study. However, the 
presence of ASMA in HUCAC was investigated (Figure 12D and H). No difference 

in signal intensity was observed between HUCAC in P0 and P3. 
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Figure 12 Indirect immunofluorescence staining of fresh cultivated HUCAC in P0 and P3: CD44 P0 
[A] and P3 [E], CD90 P0 [B] and P3 [F], CD105 P0 [C] and P3 [G], ASMA P0 [D] and P3 [H] (bar = 
50 µm) 

Expression of CD34, CD44, CD45, CD90 and CD105 was also analyzed in fixed 
cross sectioned human UC arteries by immunohistochemical staining. Positive 

signals for CD44, CD90 and CD105 were detected in UC artery walls, whereby 

expression of CD44 (Figure 13C) and CD90 (Figure 13E) was lower than the 
expression of CD105 (Figure 13F). Expression of CD34 was only visible in the 

endothelial cell layer lining the vessel (Figure 13B). Expression of CD45 could not 

be demonstrated in the wall of cord arteries, as shown in Figure 13D. Furthermore, 
intracellular expression of ASMA was investigated in vascular cells of the UC 

artery by immunohistochemical staining. ASMA was visible in the cytoplasm, as 

shown in Figure 13G.  

 
Figure 13 Immunohistological staining of human UC artery: HE [A], CD34 [B], CD44 [C], CD45 [D], 
CD90 [E], CD105 [F] and ASMA [G] (bar = 200 µm) 

Indirect immunofluorescence staining was used to determine the production of 
ECM proteins of fresh cultivated HUCAC of P0 and P3. The results demonstrated 

that ECM proteins such as collagen type I, collagen type III, fibronectin and elastin 
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were expressed by HUCAC in P0 as well as in P3 with no difference in signal 
intensity (Figure 15). 

 

Figure 14 Indirect immunofluorescence staining of fresh cultivated HUCAC in P0 and P3: collagen 
type I P0 [A] and P3 [E], collagen type III P0 [B] and P3 [F], fibronectin P0 [C] and P3 [G], elastin 
P0 [D] and P3 [H] (bar = 50 µm) 

Fixed cross sectioned human UC arteries and paraffin sectioned human aortic 
heart valve leaflets were used to analyze the composition of the ECM in each 

native tissue. Results of the immunohistochemical and immunofluorescence 

staining, shown in Figure 15 and Figure 16, revealed a high expression of collagen 
type I and collagen type III in both tissues. Fibronectin and elastin were detected in 

UC arteries and native aortic heart valves, respectively, whereby both proteins 

appeared in lower concentrations than collagen type I and collagen type III. 
Expression of elastin was the lowest in both tissues compared to the expression of 

all other proteins examined.  

 
Figure 15 Immunohistological and immunofluorescence staining of human UC artery: collagen type 
I [A, E], collagen type III [B, F], fibronectin [C, G] and elastin [D, H] (bar = 500 µm) 
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Intracellular expression of ASMA was investigated in addition in cells of native 
aortic heart valve leaflets by immunohistochemical staining. ASMA was detectable 

in the cytoplasm, although the expression was not visible in every single cell, as 

shown in Figure 16F. 

 
Figure 16 Immunohistological staining of human aortic heart valve leaflets: HE [A], collagen type I 
[B], collagen type III [C], fibronectin [D], elastin [E] and ASMA [F] (bar = 500 µm) 

The proliferation potential of fresh cultivated and recultivated cryopreserved 

HUCAC was measured exemplarily for P3, using a colorimetric WST-1 

proliferation assay. After a short lag-phase, increased absorbance was detected 
for fresh cultivated HUCAC, with maximal absorbance on day 5 (Figure 17A). In 

relation to the initial absorbance value, a 22.51-fold increase was measured on 

day 5. A continuous increase in cell number was detected also for recultivated 
cryopreserved HUCAC, with maximal absorbance on day 6 (Figure 17B). 

Compared to the initial absorbance (day 0), a 28.88-fold increase was detected for 

recultivated cryopreserved HUCAC on day 6. Comparing the proliferation potential 
of fresh and recultivated cells, no significant difference was detected on day 0 

(P = 0.3208) to day 5 (P = 0.3119). However, a significant difference in 

proliferation was determined on day 6 (P = 0.0028). Altogether, similar trends of 
growth curves were determined for fresh cultivated and recultivated cryopreserved 

HUCAC.  
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Figure 17  Proliferation potential of fresh [A] and recultivated cryopreserved HUCAC [B] 
exemplarily shown for P3 using a colorimetric WST-1 assay (n = 3); the data represents the mean 
values ± SD 

6.2 Evaluation of scaffold materials for cardiovascular TE  

6.2.1 Analysis of the physical structure of polymeric fibers 

Fabrication of polyglycolic acid (PGA), poly-L,D-lactide acid (P(L/D)LA) and 

L-lactide/glycolide copolymer (PLG) fibers was successful. Polymeric granules 

purchased from PURAC Biomaterials (Gorinchem, The Netherlands) were 
processed in the Institute for Textile Technology of the RWTH Aachen University 

(ITA) into multifilament fibers consisting of 30 single filaments. In this study the 

physical structure of fabricated fibers was characterized by SEM microscopy in 
terms of size, cross-sectional shape and surface contour. Fiber size was 

measured from SEM micrographs using the software of the SEM microscope. Our 

results demonstrated that PGA and PLG fibers had a uniform size; diameters of 
PGA fibers range from 16 to 18 µm and diameters of PLG fibers from 16 to 21 µm. 

P(L/D)LA fibers, on the other hand, are not uniform in size (diameters range from 

16 to 55 µm). Results of diameter measurements are exemplarily shown for PGA 
and P(L/D)LA in Figure 18. In fabricated P(L/D)LA multifilaments a single filament 

had a yarn count of approximately 13 dtex. The single yarn count of P(L/D)LA is 

relative high compared to the single yarn counts of PGA (3.8 dtex) and PLG (3.3 
dtex) because of varying and higher diameters in the single filament. All fabricated 

single filaments had circular cross-sectional shapes and smooth surfaces.  
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Figure 18 Measurement of fiber diameters of polymeric nonwovens using SEM shown for 
nonwoven PGA [A] and nonwoven P(L/D)LA [B] 

6.2.2 Basic analysis of polymeric nonwovens 

Fabrication of polymeric nonwovens (PGA, P(L/D)LA, PGA/P(L/D)LA, PLG) was 
successful. Polymeric nonwovens were analyzed regarding mass per unit area, 

thickness and pore size in the ITA. Table 1 presents the results of mass per unit 

area and thickness measurements of the polymeric nonwovens produced.  

Table 1 Mass per unit area and thickness of polymeric nonwovens: PGA, P(L/D)LA, 
PGA/P(L/D)LA, PLG 

Scaffold Mass per unit area [g/m²]  Thickness [mm] 

PGA 270 2.7 

P(L/D)LA 350 3.0 - 3.2 

PGA/P(L/D)LA 370 1.6 - 2.5 

PLG 370 1.6 - 2.4 

Pore size determination using optical microscopy involves analysis of the pore size 

distribution, the mean pore size and the number of pores within the structure of 
polymeric nonwovens. The chart in Figure 19 displays the pore size distribution of 

fabricated polymeric nonwovens. Pore sizes were plotted with a logarithmic scale 

on the Y axis. The black line in the scatter dot plot represents the mean pore size 
of each nonwoven, each point representing one measured pore within the 

nonwovens. In PGA nonwovens pore size varied from 65 µm2 to 3815 µm2, with 

50 % of pores beeing smaller than 401 µm2. In P(L/D)LA nonwovens pore size 
varied from 70 µm2 to 13130 µm2, with 50 % of the pores smaller than 626 µm2. In 

PGA/P(L/D)LA nonwovens pore size varied from 65 µm2 to 8520 µm2, with 50 % of 

the pores being smaller than 276 µm2. In PLG nonwovens pore size varied from 
65 µm2 to 4560 µm2 and 50 % were smaller than 339 µm2. Figure 19 shows that 

mean pore sizes of PGA (782 µm2), PGA/P(L/D)LA (637 µm2) and PLG (693 µm2) 

nonwovens displayed a similar size, whereas average pore size of P(L/D)LA 
fabrics (1597 µm2) was larger. In addition, the illustrations clearly show that the 
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number of pores of the PGA and P(L/D)LA nonwovens was much lower than that 
of PGA/P(L/D)LA and PLG nonwovens.  

 
Figure 19 Pore size distribution of polymeric nonwovens: PGA, P(L/D)LA, PGA/P(L/D)LA, PLG;  
black line represents the mean of the measured pore sizes: PGA: 782 µm2, P(L/D)LA: 1597 µm2, 
PGA/P(L/D)LA: 637 µm2, PLG: 693 µm2 (scatter dot plot)  

6.2.3 Morphological analysis of polymeric nonwovens 

The morphology of fabricated polymeric nonwovens (PGA, P(L/D)LA, 
PGA/P(L/D)LA, PLG) was analyzed using SEM. Scanning electron micrographs of 

blank polymeric nonwovens, examples of which are shown in Figure 20, revealed 

a 3-D fibrous porous structure in all samples.  
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Figure 20 SEM micrographs of polymeric nonwovens: PGA [A], P(L/D)LA [B], PGA/P(L/D)LA [C], 
PLG [D] 

6.2.4 Biocompatibility analysis of cell seeded polymeric nonwovens 

For qualitative analysis of cellular adhesion and viability (biocompatibility), 

polymeric nonwovens (PGA, P(L/D)LA, PGA/P(L/D)LA, PLG)  of equal sizes (1 cm 

x 1 cm) were seeded with 1 x 106 HUCAC. The fabricated nonwovens had 
hydrophilic and water wettable surfaces that facilitate seeding of cells in cell 

aqueous culture medium onto the scaffolds. The cell seeded nonwovens were 

cultivated statically for 4 weeks in DMEM containing 10 % FCS/ 1 % PSG and 
1 mM ascorbic acid at 37 °C and 5 % CO2 in a humidified incubator. Cultivation of 

cell seeded nonwovens was monitored using transmitted-light microscopy. 

Anchorage dependent HUCAC attached to fibers of all polymeric nonwovens and 
formed a uniformly distributed dense cell layer; the nonwovens showed a shiny 

yellow surface. 
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Figure 21 Transmitted-light microscopy of cell seeded nonwovens after 2 weeks: PGA [A], 
P(L/D)LA [B], PGA/P(L/D)LA [C] and PLG [D] 

SEM of cell seeded nonwovens after 4 weeks revealed confluent cell layers on the 

surface of the P(L/D)LA nonwoven (Figure 22B) and the PLG nonwoven (Figure 
22D). In micrographs of PGA/P(L/D)LA nonwovens degradation of the PGA fibers 

was visible and this leads to tears in the cell layers on the polymeric surface 

(Figure 22C). On PGA nonwovens the majority of fibers were broken and cells 
adhered only regionally on the surface (Figure 22A). Migration of cells within the 

polymeric structures was visible in PGA (Figure 22E), PGA/P(L/D)LA (Figure 22G) 

and PLG nonwovens (Figure 22H) whereby in PGA and PGA/P(L/D)LA 
nonwovens cluster tissue formation was visible inside the cell seeded samples. 

SEM analysis of the P(L/D)LA nonwovens, presented in Figure 22F, showed that 

growth of cells into the 3-D structure was reduced compared to that in PGA, 
PGA/P(L/D)LA and PLG nonwovens. TEM confirmed the observations from 

transmitted-light microscopy and SEM. Cells adapted very closely to the polymeric 

fibers and expressed ECM. In PGA (Figure 22I, M) and PLG nonwovens (Figure 
22L, P) the largest amount of ECM was expressed by cells. Furthermore, Figure 

22M shows degradation of the PGA fiber in terms of ruptures.  
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Figure 22 SEM and TEM of cell seeded nonwovens after 4 weeks: PGA [A, E, I, M], P(L/D)LA [B, 
F, J, N], PGA/P(L/D)LA [C, G, K, O] and PLG [D, H, L, P] (white arrows: cells, gray arrows: fibers, 
black arrows: ECM; magnification x 5000; I - P: bar = 1 m) 

Cell distribution onto the scaffold material and migration of cells into the material 
were also analyzed histologically. HE staining of representative sections of cell 

seeded nonwovens (Figure 23A-E) demonstrated cell layers on the surface of all 

polymeric nonwovens and cellular ingrowths into the porous structure mainly in 
PGA (Figure 23) and PLG samples (Figure 23E). Immunohistochemical staining 

was used to analyze the expression of ECM proteins in cell seeded polymeric 

nonwovens. Micrographs revealed positive expression of collagen type I and III as 
well as of ASMA in all cell seeded nonwovens, as shown in Figure 23E-P. The 

intracellular protein ASMA was expressed in a minor concentration in all cell 

seeded nonwovens. Distribution of cells expressing ASMA was uniform within the 
PGA (Figure 23E), PGA/P(L/D)LA (Figure 23G) and PLG nonwovens (Figure 

23H). In contrast, in the P(L/D)LA nonwoven ASMA expressing cells are located 

mostly on the surface of the polymeric nonwoven (Figure 23F). Collagen type I 
was expressed abundantly in the PGA (Figure 23I) and PLG nonwovens (Figure 

23L). The highest expression of collagen type I was detected in PLG nonwovens, 

whereby expression was uniform within the 3-D structure. The lowest expression 
of collagen type I was detected in P(L/D)LA (Figure 23J) and PGA/P(L/D)LA 
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nonwovens (Figure 23K); the protein was mainly located on the surface and in 
lower amounts in the inner structure of the polymers, reflecting the cell density. 

The highest expression of collagen type III was detected in PLG samples (Figure 

23P). Similar to collagen type I, collagen type III was uniformly distributed within 
the structure. Collagen type III was expressed in a lower concentration than 

collagen type I in PGA (Figure 23M) and PGA/P(L/D)LA nonwovens (Figure 23O). 

In P(L/D)LA nonwovens expression of collagen type III (Figure 23N) was 
comparable to the expression of collagen type I (Figure 23J).  

 
Figure 23 Histological and immunohistochemical staining of cell seeded nonwovens after static 
cultivation for 4 weeks: HE of PGA [A], P(L/D)LA [B], PGA/P(L/D)LA [C] and PLG [D]; AMSA of 
PGA [E], P(L/D)LA [F], PGA/P(L/D)LA [G] and PLG [H]; collagen type I of PGA [I], P(L/D)LA [J], 
PGA/P(L/D)LA [K] and PLG [L]; collagen type III of PGA [M], P(L/D)LA [N], PGA/P(L/D)LA [O] and 
PLG [P] (bar = 1000 µm) 

6.2.5 Hydrolytic degradation and shrinking studies  

The hydrolytic degradation and/or the shrinking of the polymers have been 

evaluated qualitatively using macroscopic analysis and SEM as the judgment 

criteria. Equal samples of investigated polymers (1cm x 1cm) were seeded with 
1 x 106 HUCAC and cultivated for 28 days in DMEM media containing 10 % FCS/ 

1 % PSG and 1 mM ascorbic acid at 37 °C and 5 % CO2 in a humidified incubator. 
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In all investigated polymeric nonwovens, the initial surface morphology before 
seeding with cells did not exhibit the presence of any fractured polymer fibers or 

other surface defects (Figure 20). The morphology of the polymeric samples was 

examined macroscopically every 7 days during cultivation.  

Figure 24 shows the degradation and/or shrinking process, in particular in the PGA 

nonwovens. After 21 days of incubation, initial shrinking was observed. This 

process proceeded rapidly with increasing cultivation time. After 28 days the PGA 
nonwoven was half the original amount (Figure 24Q). Subsequently, by the end of 

28 days, the PGA nonwoven showed a highly distributed surface with the 

presence of large surface defects such as fractured polymeric fibers, as observed 
in SEM micrographs; examples are presented in Figure 22. The shrinking process 

was restricted to the PGA nonwoven, probably due to the short degradation time 

of PGA. It could also be hypothesized that the great expression of collagen fibers 
could produce the effect of contraction. Macroscopic analysis of P(L/D)LA, 

PGA/P(L/D)LA and PLG nonwovens presented in Figure 24 illustrated the 

absence of shrinking during static cultivation. At the time points of 7, 14, 21 and 28 
days the cell culture medium was removed from the samples, the cells were 

washed with PBS, and phase contrast images of cell seeded nonwovens were 

taken using a transmitted-light microscope (Axiovert 40CFL, Zeiss Group, Jena, 
Germany). 
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Figure 24 Macroscopic analysis of cell seeded nonwovens after 7, 14, 21 and 28 days in culture: 
PGA [A, E, I, M, Q], P(L/D)LA [B, F, J, N, R], PGA/P(L/D)LA [C, G, K, O, S] and PLG [D, H, L, P, T] 
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6.2.6 Tension tests of cell seeded polymeric nonwovens 

Before tensile testing was performed the wet polymeric nonwovens were cut into 

dog-bone shapes to obtain samples with a standardized shape (Figure 25A). 
Samples were fixed in the tension testing apparatus (Figure 25B) and extension 

on polymeric samples was performed at 10 mm/min until the samples fractured 

(Figure 25C). 

 
Figure 25 PGA Sample after laser cutting [A], unloaded PGA sample [B] and PGA sample just 
before breaking [C]  

Applied load versus crosshead displacement (CD) curves of blank polymeric 
nonwovens and polymeric nonwovens seeded with HUCAC and cultured 3 weeks 

under static conditions were recorded, showing how the materials responded to 

the force being applied (Figure 26 to Figure 29). No analyzable curves were 
obtained for cell seeded PGA nonwovens because degradation was too fast 

(Figure 26B). After 3 weeks in culture PGA nonwovens were very softened due to 

the dissolving fiber structure. Clamping of the samples into the apparatus was 
almost impossible and no usable data were obtained from tensile testing.  

 
Figure 26 Applied load vs. crosshead displacement (CD) curves for blank PGA nonwovens (n = 2) 
[A] and for a cell seeded PGA nonwoven (n = 1) [B] 



6 Results 

 61

 
Figure 27 Applied load vs. crosshead displacement (CD) curves for blank P(L/D)LA nonwovens   
(n = 3) [A, B, C] and for cell seeded P(L/D)LA nonwovens (n = 3) [D] 

 
Figure 28 Applied load vs. crosshead displacement (CD) curves for blank PGA/P(L/D)LA 
nonwovens (n = 5) [A, B] and for cell seeded PGA/P(L/D)LA nonwovens (n = 3) [C] 

 
Figure 29 Applied load vs. crosshead displacement (CD) curves for blank PLG nonwovens (n = 4) 
[A, B, C] and for cell seeded PLG nonwovens (n = 3) [D] 

Maximum loads (Fmax) of investigated nonwovens were defined from applied load 
versus crosshead displacement curves and Fmax/A [N/mm2] was calculated by 
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relating maximum load Fmax [N] to cross-section area A [mm2]. Results of blank 
nonwovens and cell seeded nonwovens are shown in Table 2. 

Table 2 Results of tensile testing of blank polymeric nonwovens and cell seeded polymeric 
nonwovens 

Polymer Fmax [N] Fmax/A [N/mm2] 

PGA 23.75 ± 0.35 1.76 ± 0.03 

PGA (cell seeded) - - 

P(L/D)LA 29.33 ± 4.73 1.87 ± 0.24 

P(L/D)LA (cell seeded) 17.67 ± 2.08 1.10 ± 0.13 

PGA/P(L/D)LA 43.60 ± 9.86 4.19 ± 0.16 

PGA/P(L/D)LA (cell seeded) 16.00 ± 4.36 1.33 ± 0.36 

PLG 27.00 ± 6.68 2.55 ± 0.39 

PLG (cell seeded) 22.33 ± 3.51 1.79 ± 0.28 

Results of tensile testing of blank nonwovens, illustrated in Figure 30, revealed 

similar Fmax/A values for PGA (1.76 ± 0.03N/mm2) and P(L/D)LA nonwovens 
(1.87 ± 0.24 N/mm2). No significant difference in Fmax/A values was detected 

between PGA and P(L/D)LA nonwovens (P > 0.05). Higher Fmax/A values were 

obtained for PGA/P(L/D)LA (4.19 ± 0.16 N/mm2) and PLG nonwovens (2.55 ± 
0.39 N/mm2). A significant difference in Fmax/A values was detected for PGA and 

PGA/P(L/D)LA nonwovens (P < 0.05), PGA and PLG nonwovens (P < 0.05), 

P(L/D)LA and PGA/P(L/D)LA nonwovens (P < 0.05), P(L/D)LA and PLG 
nonwovens (P < 0.05) and PGA/P(L/D)LA and PLG nonwovens (P < 0.05).  

 
Figure 30 Results of tensile testing of blank polymeric nonwovens: PGA (n = 2), P(L/D)LA (n = 3), 
PGA/P(L/D)LA (n = 5) and PLG (n = 4); the data represents the mean values ± SD (*P < 0.05) 

Results of tensile testing of blank and cell seeded polymeric nonwovens are 
illustrated in Figure 31. After cell seeding and in vitro conditioning for 21 days, 

Fmax/A values of investigated P(L/D)LA (1.10 ± 0.13 N/mm2), PGA/P(L/D)LA 
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(1.33 ± 0.36 N/mm2) and PLG nonwovens (1.79 ± 0.28 N/mm2) decreased. 
Furthermore, a significant difference between blank and cell seeded polymeric 

nonwovens was detected for P(L/D)LA (P = 0.0230), PGA/P(L/D)LA (P = 0.0091) 

and PLG nonwovens (P = 0.0317) (P < 0.05). 

 
Figure 31 Results of tensile testing of blank polymeric nonwovens and cell seeded polymeric 
nonwovens: P(L/D)LA, PGA/P(L/D)LA and PLG (n = 3); the data represents the mean values ± SD 
(*P < 0.05) 

6.3 Bioreactors  

6.3.1 Bioreactor system for TE of cardiovascular substitutes 

6.3.1.1 Assembly and improvement of the bioreactor system 

A new bioreactor system for the TE of cardiovascular replacements was designed 

which combined cell seeding and in vitro conditioning in one system. Initial 

experiments performed with the new bioreactor system did not proceed optimally 
and therefore modifications and improvements of individual parts of the system 

were necessary. 

The new bioreactor system was designed in such a way that unidirectional rotation 
of the cell seeding and perfusion chambers during the seeding procedure lead to 

uniform distribution of the cells on a 3-D nonwoven. In the first experiments it 

became apparent that an irregular circular movement appeared if the rotating disc 
of the new bioreactor system moved with slow rotations (3 - 10 rpm). For this 

reason the cell seeding and perfusion chambers placed on the rotating disc did not 

move regularly and it was realized that the planning of the bioreactor system had 
not taken unbalanced mass into account. To counteract the irregular movement 

and to achieve optimal rotation, a weight was fixed to the rotating disk as 

equilibration. Additionally, it became avident that the custom-made rotating 
sealings (Figure 32A) were not satisfactory and modifications of the rotating joint 

were inevitable. Each sealing consists of a seal ring and a bearing. During flow of 
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culture medium through the rotating system, the seal rings were not tight enough 
and this led to leakage. Unfortunately, the bearings were also in close contact with 

the liquid and therefore began to rust. The deposition of corrosion products in the 

rotating joints caused dysfunction of the sealings. The rotating joints were unable 
to rotate and the tubes of the bioreactor system started to twist, followed by 

building of pressure and leakage at weak points in the system. Therefore the 

corrodible bearings were replaced by bearings containing stainless steel balls. 
Nevertheless, leakage remained and the custom-made sealings were replaced by 

conventional devices (Figure 32B).  

 
Figure 32 Custom-built sealings [A] and conventional sealings [B], pumps [C] and [D], pressure 
measurement components: disposable transducer [E] and transducer fixed on a contact board [F] 

In first trials a peristaltic pump with a triple-roller pump head (Roth Cyclo II 

pericyclic pump, Karlsruhe, Germany) was used (Figure 32C). Unfortunately, it 

was not possible to set reproducible flow conditions in the bioreactor system due 
to the manual adjustment operation with two knobs; only speed settings from 0 to 

100 % could be set without digital announcement of the adjustment. Additionally, 

the tube pressure could only be adjusted manually and there was intense abrasion 
of the pump tubing fitted inside the circular pump casing. For all further 

applications a new dispensing pump (MCP Process Pump, Ismatec, Wertheim-

Mondfeld, Germany) with a 6-roller pump head (SB Pump Head, Ismatec) was 
used (Figure 32D). The new pump was easy to calibrate and pump settings could 

be adjusted to provide reproducible conditions so that equal flow conditions could 

be set for all trials. Moreover, it was possible to fit the pump into the incubator 
which had the essential environmental conditions (37 °C, 5 % CO2) for the 

fabrication of tissue-engineered constructs.  

To create and monitor reproducible pressure conditions a pressure measurement 
system was also integrated into the bioreactor circuit. A clinically used disposable 

blood pressure transducer (Figure 32E) with 3-way stopcock (xtrans®, CODAN pvb 

Critical Care GmbH, Forstinning, Germany) was connected by medical tubing to 
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the bioreactor system. The disposable transducer was clicked to a contact 
board (CODAN pvb Critical Care GmbH, Forstinning, Germany), shown in Figure 

32F, which was fixed in the interior of the incubator amounting to the cell seeding 

and perfusion chamber. After de-airing of the tubing and the transducer the 
pressure/electrical signal was forwarded to an electrical transmitter (National 

Instruments, Austin, Texas, USA) and pressure measuring data were monitored 

online throughout the cultivation period using a commercial PC. Using hose 
clamps the cross-section of the tubing was reduced behind the cell seeding and 

perfusion chambers and therefore pressure could be varied in the chambers.  

6.3.1.2 Cell seeding and in vitro conditioning in the bioreactor system 

After modification and improvement of single components of the newly developed 
bioreactor system, cell seeding and in vitro conditioning were performed 

successfully without any leakage or bacterial and fungal contamination and lasted 

21 days.  

In a preliminary study, nonwoven PGA was used as a scaffold material to confirm 

the results of the shrinking studies (see 6.2.5). For this purpose 25 x 106 HUCAC 

were seeded on a PGA tube and the cell seeded scaffold was afterwards 
conditioned in vitro in the bioreactor system for 14 days. During the whole in vitro 

conditioning process different cell cultivation parameters (pH, T, pCO2 and pO2) 

were measured, as shown in Figure 33. The pH value (Figure 33A) (range, 7.38 to 
7.54) was not constant during the entire time whereas the temperature (Figure 

33B) (range, 36.8 to 36.9) remained constant. The partial pressure of carbon 

dioxide (pCO2) varied between 3.95 % (d6) and 5 % (e.g. d10) whereas the partial 
pressure of oxygen (pO2) decreased from 20.0 % (d1) to 17.2 % (d14). No 

constant pCO2 and pO2 conditions could be set in the bioreactor system.  
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Figure 33 Culture conditions for a cell seeded PGA scaffold over an incubation time of 14 days in 
the bioreactor; pH [A], temperature [B], partial pressure of carbon dioxide (pCO2) [C], partial 
pressure of oxygen (pO2) [D] 

During in vitro conditioning in the bioreactor system the glucose and lactate 

concentrations of the cell culture medium were determined daily (Figure 34A). The 
concentration of glucose decreased from 4.9395 mmol/l (d0) to 4.0515 mmol/l 

(d14) and the concentration of lactate increased from 1.3764 mmol/l (d0) to 

6.1494 mmol/l (d14). No exchange of the cell culture medium was necessary 
because there was enough glucose in the cell culture medium. The consumption 

rate of glucose and the production rate of lactate per volume of the cell seeded 

polymeric scaffold during the period of 14 days of dynamic cultivated nonwovens 
are shown in Figure 34B. There was no increase in glucose consumption rate or 

lactate production rate. Glucose consumption rate varied between 0 mmol/cm3h 

(d8 to d9) and 0.0031 mmol/cm3h (d2 to d3) and lactate production rate varied 
between 0.0008 mmol/cm3h (d2 to d3) and 0.0132 mmol/cm3h (d1 to d2). There 

was a high scatter of the calculated rates during the cultivation time, which was 

attributed to the small differences between the measuring points. 



6 Results 

 67

 
Figure 34 Glucose and lactate concentration of the cell culture medium during in vitro conditioning 
of the cell seeded PGA scaffold in the new bioreactor system [A], glucose consumption rate and 
lactate production rate per volume of the cell seeded polymeric scaffold in the new bioreactor 
system [B] 

Figure 35A and B shows the tubular PGA nonwoven and the cell seeded scaffold 

after 14 days in dynamic culture. Similar to the results of the cultivation of cell 

seeded PGA nonwovens in static culture (see 6.2.4), PGA degraded very fast 
when cultured dynamically. After in vitro conditioning the cell seeded scaffold 

showed an undefined shape in which the original structure of the polymeric tube 

was no longer visible.  

 
Figure 35 Tubular PGA nonwoven [A]; cell seeded scaffold after in vitro conditioning in the new 
bioreactor system for 14 days [B] 

Biocompatibility analysis and shrinking studies of different polymeric nonwovens 

(see sections 6.2.4 and 6.2.5) demonstrated that PLG showed good cell 
attachment with subsequent ECM production and a stable structure for up to 

4 weeks. Therefore PLG nonwovens were used for further trials and the results of 

three selected trials are presented in the present study using cells of three 
different donors. For the cell seeding of PLG scaffolds 25 x 106 HUCAC were 

injected into the cell seeding and perfusion chamber. The number of cells which 

did not adhere to the polymeric nonwoven after cell seeding was counted and 
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seeding efficiency was calculated. On average, 22.46 ± 0.52 x 106 HUCAC 
adhered to the scaffold, which corresponded to a seeding efficiency of 

89.67 ± 2.35 %. Cell seeded nonwovens were cultivated for 21 days under 

pulsatile flow and pressure conditions. In Figure 36A the whole bioreactor system 
is shown during the in vitro conditioning of a cell seeded scaffold. An example of 

such a cell seeded scaffold is shown in Figure 36B after 21 days of cultivation. In 

parallel to each trial, PLG scaffolds of equal size were seeded with 25 x 106 
HUCAC from the same donor and cultured statically for 21 days.  

 
Figure 36 Whole bioreactor system placed in a humidified incubator [A] and a cell seeded scaffold 
in the cell seeding and perfusion chamber after 21 days of cultivation [B] 

For each trial the culturing conditions (pH, T, pCO2 and pO2) were measured for 

cell seeded scaffolds in the bioreactor. Figure 37, Figure 38, Figure 39 and Figure 
40 show the diagrams of the cell cultivation parameters over the period of 21 days 

of the three selected trials. In the first trial the pH value varied between 7.4 (e.g. 

d4) and 7.5 (e.g. d6) (Figure 37A), in the second trial between 7.28 (d1) and 7.44 
(d18) (Figure 37B) and in the third trial between 7.66 (d13) and 7.79 (d14) (Figure 

37C). Comparing the pH values of all three trials it was clear that the values were 

on different levels. The temperature of the culture medium in the first trial varied 
between 36.63 °C (d14) and 37.1 °C (e.g. d12) (Figure 38A). In the second trial 

the temperature varied between 36.88 °C (d1) and 37.55 °C (d3) (Figure 38B) and 

in the third trial it varied between 36.65 °C (d1) and 37.0 °C (e.g. d12) (Figure 
38C). Altogether, the temperatures in all trials were almost constant. The pCO2 in 

the first trial increased from 5.4 % (d1) to 6.1 % (d21) (Figure 39A), in the second 

trial it varied between 3.70 % (d14) and 4.75 % (d1) (Figure 39B) and in the third 
trial it varied between 6.1 % (d4) and 7.6 % (d1) (Figure 39C). Similar to the pH 

value, the pCO2 values in all trials differed respectively. The pO2 in all trials 

decreased during the trial time; in the first trial from 17.1 % (d1) to 14.5 % (d21) 
(Figure 40A), in the second trial from 16.1 % (d1) to 14.1 % (d21) (Figure 40B) and 

in the third trial from 17.3 % (d1) to 16.1 % (d21) (Figure 40C). To summarize, 
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stable culturing conditions could not be realized for in vitro conditioning of cell 
seeded nonwovens with regard to pH, pCO2 and pO2.  

 
Figure 37 Culturing conditions for cell seeded scaffolds over a cultivation time of 21 days in the 
bioreactor: pH value of the first trial [A], second trial [B] and third trial [C] 

 
Figure 38 Culturing conditions for cell seeded scaffolds over a cultivation time of 21 days in the 
bioreactor: temperature of the first trial [A], second trial [B] and third trial [C] 

 
Figure 39 Culturing conditions for cell seeded scaffolds over a cultivation time of 21 days in the 
bioreactor: partial pressure of carbon dioxide (pCO2) of the first trial [A], second trial [B] and third 
trial [C] 

 
Figure 40 Culturing conditions for cell seeded scaffolds over a cultivation time of 21 days in the 
bioreactor: partial pressure of oxygen (pO2) of the first trial [A], second trial [B] and third trial [C] 
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During the in vitro conditioning of cell seeded polymeric scaffolds, pressure was 
induced in the system using a hose clamp. Monitoring of the pressure at two 

different points in the bioreactor system was performed with a LabView software 

(National Instruments, Austin, Texas, USA). During the first three days of 
conditioning the pressure was increased slowly. In Figure 41 the final pressure 

conditions in the bioreactor system of the in vitro conditioning are shown. The 

volumetric flow rate was 60 ml/min. Pressure 1 was measured in the tubing at the 
inlet of the cell seeding and perfusion chamber and represented the pressure 

conditions inside the chamber. Pressure 2 was measured in the tubing behind the 

hose clamp that was located behind the chamber reducing the cross-section of the 
tube. Figure 41A shows that a pulsatile pressure was present in the cell seeding 

and perfusion chamber, ranging between 59 mmHg and 71 mmHg. Behind the 

hose clamp the pressure was almost constant (16 mmHg).  

 
Figure 41 Pressure conditions in the bioreactor system: pressure 1 [A] and pressure 2 [B] 

During the in vitro conditioning of cell seeded scaffolds glucose and lactate 
concentration in the cell culture medium of selected trials (Figure 42) and 

appropriate static controls (Figure 43) was analyzed daily. Figure 42 demonstrate 

that the glucose concentration decreased and the lactate concentration increased 
in all trials until the time point when part of the cell culture medium was replaced 

by fresh medium. In the first trial, half of the medium was replaced on day 14, in 

the second trial on day 15 and in the third trial on day 13. In static cultivations 
(Figure 43) glucose concentration also decreased and lactate concentration 

increased. In the static control of the first trial (Figure 43A) daily concentrations of 

glucose were higher and daily concentrations of lactate were lower from day 1 to 
day 14 compared to the values the first trial. After medium change on day 14 daily 

concentrations of glucose were lower and those of lactate higher in the static 

control, although directly after medium change the concentration of glucose was 
higher and that of lactate lower in the bioreactor. In the static control of the second 

trial (Figure 43B) daily concentrations of glucose and of lactate were comparable 

to the values of the second trial from day 1 to day 15. After medium change on day 



6 Results 

 71

15 daily concentrations of glucose were lower and of lactate higher in the static 
control. In the static control of the third trial (Figure 43C) daily concentration of 

glucose was higher and daily concentration of lactate was lower during the whole 

cultivation time compared to the values of the first trial. 

 
Figure 42 Glucose and lactate concentration of the cell culture medium during in vitro conditioning 
in the new bioreactor system: first trial [A], second trial [B] and third trial [C]; arrows represent 
medium exchanges in the cell culture 

 
Figure 43 Glucose and lactate concentration of the cell culture medium during static cultivation: 
static control of the first trial [A], static control of the second trial [B] and static control of the third 
trial [C]; arrows represent medium exchanges in the cell culture 

Further, glucose consumption rate and lactate production rate per volume of the 

cell seeded polymeric scaffold of nonwovens cultivated under dynamic conditions 
in the bioreactor system were calculated (Figure 44). Glucose consumption rates 

and lactate production rates of appropriate static controls are shown in Figure 45. 

Glucose consumption rates and lactate production rates were calculated and 
illustrated for the corresponding time interval. In selected trials, daily glucose 

consumptions rates and lactate productions rates varied tremendously and did not 

increase continuously day by day. In the first trial (Figure 44A) glucose 
consumption rate varied between 0.0014 mmol/cm3h (d12 to d13) and 

0.0070 mmol/cm3h (d10 to d11) and lactate production rate varied between 

0.0006 mmol/cm3h (d5 to d6) and 0.0169 mmol/cm3h (d12 to d13). The average 
glucose consumption rate was 0.0033 ± 0.0016 mmol/cm3h and lactate production 

rate was 0.0064 ± 0.0045 mmol/cm3h. In the second trial (Figure 44B) glucose 

consumption rate varied between 0.0008 mmol/cm3h (d20 to d21) and 
0.0047 mmol/cm3h (d5 to d6) and lactate production rate varied between 

0.0008 mmol/cm3h (d4 to d5) and 0.0087 mmol/cm3h (d0 to d1). The average 

glucose consumption rate was 0.0028 ± 0.0014 mmol/cm3h and lactate production 
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rate was 0.0047 ± 0.0022 mmol/cm3h. In the third trial (Figure 44C) glucose 
consumption rate varied between 0 mmol/cm3h (d0 to d1) and 0.0094 mmol/cm3h 

(d14 to d15) and lactate production rate varied between 0.0024 mmol/cm3h (d0 to 

d1) and 0.0231 mmol/cm3h (d13 to d14). The average glucose consumption rate 
(0.0046 ± 0.0021 mmol/cm3h) and lactate production rate (0.0097 ± 

0.0045 mmol/cm3h) were highest in the third trial.  

 
Figure 44 Glucose consumption rate and lactate production rate per volume of the cell seeded 
scaffold of dynamic cultivated scaffolds: first trial [A], second trial [B] and third trial [C] 

In the static controls of the selected trials, daily glucose consumption rates and 

lactate production rates per volume of the cell seeded polymeric scaffold varied 

and did not increase continuously day by day, similar to the results of the 
corresponding dynamic trials. In the static control of the first trial (Figure 45A) 

glucose consumption rate varied between 0.0005 mmol/cm3h (d0 to d3) and 

0.0063 mmol/cm3h (d3 to d4) and lactate production rate varied between 
0.0033 mmol/cm3h (d20 to d21) and 0.0098 mmol/cm3h (d14 to d17). The average 

glucose consumption rate was 0.0035 ± 0.0014 mmol/cm3h and lactate production 

rate 0.0060 ± 0.0018 mmol/cm3h. In the static control of the second trial (Figure 
45B) glucose consumption rate varied between 0.0008 mmol/cm3h (d6 to d7) and 

0.0062 mmol/cm3h (d7 to d8) and lactate production rate varied between 

0.0027 mmol/cm3h (d4 to d5) and 0.0083 mmol/cm3h (d11 to d12). The average 
glucose consumption rate was 0.0031 ± 0.0015 mmol/cm3h and lactate production 

rate was 0.0063 ± 0.0015 mmol/cm3h. In the static control of the third trial (Figure 

45C) glucose consumption rate varied between 0.0004 mmol/cm3h (d16 to d18) 
and 0.0086 mmol/cm3h (d20 to d21) and lactate production rate varied between 

0.0008 mmol/cm3h (d13 to d14) and 0.0101 mmol/cm3h (d20 to d21). The average 

glucose consumption rate was 0.0028 ± 0.0024 mmol/cm3h and lactate production 
rate was 0.0043 ± 0.0026 mmol/cm3h. In summary, the average glucose 

consumption rate of the static control of the first and second trial was higher than 

in corresponding dynamic trials; the average glucose consumption rate of the 
static control of the third trial was lower than in the corresponding dynamic trial. 

The average lactate production rate of all static controls was lower than in the 

dynamic trials. 
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Figure 45 Glucose consumption rate and lactate production rate per volume of the cell seeded 
scaffold of statically cultivated scaffolds: static control of the first trial [A], static control of the 
second trial [B] and static control of the third trial [C] 

The daily yield coefficients YLac/Glu [-] were calculated based on the daily glucose 

consumption rates and lactate production rates for dynamically and statically 
cultivated cell seeded scaffolds. The relation of lactate produced to glucose 

consumed varied extremely during dynamic cultivation of the cell seeded scaffolds 

in all three dynamic trials and corresponding static controls with yield coefficients 
even higher than 5 being reached (data not shown). This happened on days when 

the lactate production rate was very high in relation to the glucose consumption 

rate. These values, being higher than the theoretical maximum of 2, indicated non- 
optimal process performance. Further, the average yield coefficient was calculated 

for each trial. The average yield coefficient of the first dynamic trial was 2.64, of 

the second dynamic trial 2.47 and of the third dynamic trial 2.36. The average yield 
coefficient of the static control of the first trial was 2.17, of the second trial 2.96 

and of the third trial 2.69. In summary, the average yield coefficient of the first 

dynamic trial was higher than that of the appropriate static control. The average 
yield coefficient of the second and third dynamic trial was lower than that of the 

static controls. 

After 21 days dynamically and statically cultivated cell seeded scaffolds were 
intact and showed a pale yellow and shiny surface on the inside and outside of the 

scaffold (Figure 46). Individual filaments of the polymeric nonwoven structure were 

no longer detectable. Compared to the dynamically cultivated nonwoven, the 
statically cultivated nonwoven interestingly showed a more shiny surface.  
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Figure 46 Statically and dynamically cultivated cell seeded polymeric scaffold after 21 days in 
culture 

Representative HE stained paraffin sections of cell seeded scaffolds cultivated 
under static and dynamic conditions (Figure 47A and B) showed multilayered cells 

attaching to the surface. Dynamically cultivated PLG nonwoven showed a more 

uniform surface layer on both sides of the scaffold, deeper migration of the cells 
into the filament structure of the scaffold and therefore a higher degree of 

cellularity in the inner structure compared to the statically cultivated scaffold. 

Immunohistochemical examination revealed higher expression of ASMA in the 
cytoplasm of cells in dynamically cultivated scaffold than in cells in the statically 

cultivated scaffolds, as demonstrated in Figure 47C and D. Furthermore, strongly 

positive expression of collagen type I and III was detected in both nonwovens, 
whereby in dynamically cultivated scaffolds the expression was also detected in 

the inner structure of the PLG nonwoven, resulting in a more uniform matrix 

production and disposition in the scaffold (Figure 47E-H). Collagen type I and III 
were expressed both in the cytoplasm and in the intercellular space, in particular 

covering the PLG filaments. 
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Figure 47 Histological and immunohistological staining: HE of statically [A] and dynamically 
cultivated cell seeded scaffolds [B], ASMA of statically [C] and dynamically cultivated cell seeded 
scaffolds [D], collagen type I of statically [E] and dynamically cultivated cell seeded scaffolds [F] 
and collagen type III of statically [G] and dynamically cultivated cell seeded scaffolds [H] (bar = 
1000 µm) 
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In addition, immunohistochemical staining revealed higher expression of 
fibronectin in dynamically cultivated cell seeded scaffolds than in statically 

cultivated controls (Figure 48A and B). In cell seeded scaffolds cultivated under 

dynamic conditions the fibronectin expression was also visible in the inner part, 
resulting in a more uniform matrix production and distribution in the nonwoven 

(Figure 48B). The polymeric nonwoven cultivated under dynamic conditions burst 

during the fabrication of paraffin sections, which explains the white area in Figure 
48B within the scaffold. In statically cultivated scaffolds the expression was mainly 

concentrated on the upper surface of the polymeric nonwoven (Figure 48B). 

Furthermore, elastin was not detected in either kind both cell seeded scaffold 
(Figure 48C and D).  

 
Figure 48 Immunohistological staining: fibronectin of statically [A] and dynamically cultivated cell 
seeded scaffolds [B], elastin of statically [C] and dynamically cultivated cell seeded scaffolds [D] 
(bar = 1000 µm) 

Transmission electron microscopic analysis of representative sections of cell 

seeded scaffolds showed vital cells inside the scaffold structure and high 

expression of ECM, in particular collagen type I after 21 days of in vitro 
conditioning in the bioreactor (Figure 49B). Statically cultivated controls revealed 

lower expression of ECM (Figure 49A). In dynamically cultivated nonwovens as 
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well as in statically cultivated nonwovens the polymeric fibers were intact and the 
degradation process had not yet been started.     

 
Figure 49 Transmission electron microscopic analysis of statically [A] and dynamically [B] 
cultivated cell seeded scaffolds after 21 days in culture (white arrows: cells, gray arrows: PLG 
fibers, black arrows: ECM; magnification x 5000; bar = 1 m) 

The total amount of undenatured soluble collagen in statically and dynamically 
cultivated cell seeded scaffolds was analyzed exemplarily after 21 days in culture 

of the first trial (Figure 50). The collagen amount was significantly higher 

(P = 0.045) in dynamically cultivated cell seeded scaffolds (0.134 ± 0.063 µg/mg 
wet weight) than in statically cultivated cell seeded scaffolds (0.024 ± 0.020 µg/mg 

wet weight). 

 
Figure 50 Exemplarily analyzed collagen concentrations of statically and dynamically cultivated cell 
seeded scaffolds after 21 days in culture of the first trial (n = 3); the data represents the mean 
values ± SD (*P < 0.05) 

Comparing mechanical issues of statically and dynamically cultivated cell seeded 

scaffolds of two individual trials after 21 days, no differences were observed 

(Figure 51). After a culture period of 21 days in the first trial, the mean maximum 
load/area of the cell seeded scaffolds was 0.94 ± 0.13 N/mm2, compared to 1.09 ± 
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0.12 N/mm2 measured for statically cultivated controls. There was no significant 
difference detectable (P = 0.25). Similarly, in the second trial, the mean maximum 

load/area of the cell seeded scaffold was not significantly higher (P = 1.0) in 

dynamically cultivated cell seeded scaffolds (0.72 ± 0.15 N/mm2) than in statically 
cultivated controls (0.72 ± 0.13 N/mm2). Maximum load/area of blank wet 

nonwovens (1.8 ± 0.28 N/mm2) was significantly higher than that of statically       

(P = 0.028) and dynamically (P = 0.017) cultivated cell seeded scaffolds of the first 
trial and also significantly higher than that of statically (P = 0.009) and dynamically 

(P = 0.010) cultivated cell seeded scaffolds of the second trial. 

 
Figure 51 Tensile testing of statically and dynamically cultivated cell seeded scaffolds after 21 
days in culture: maximum load/area (N/mm2) after the first trial [A] and after the second trial [B] (n = 
3); the data represents the mean values ± SD (*P < 0.05) 

6.3.2 Dynamic cell expansion in the rotating bed bioreactor system 

Expansion of HUCAC in cell culture flasks was compared to the cell expansion in 
the new rotating bed bioreactor system. The setting of the cell expansion 

experiment is shown in Figure 52. HUCAC were isolated from the human UC 

arteries and seeded with equal seeding density of 1500 cell/cm2 in conventional 
cell culture flasks and in the bioreactor. Expansion continued for 9 days. 

 
Figure 52 Experimental setting of the cell expansion in the different culture systems 
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6.3.2.1 Time course of cultivations 

Expansion of HUCAC in conventional cell culture flasks as well as in the bioreactor 
system was successful. Expansion of HUCAC in the static culture system is shown 

in Figure 53. Cell number increased continuously from day 1 to day 9 (Figure 

53A). Analysis of the glucose and lactate profiles during the period of 9 days in the 
culture system revealed that glucose was the limiting factor in the cell growth, 

since it reached low levels during the culture, in particular at the end of the culture 

process, even with periodical medium exchange. On days 7, 8 and 9 glucose 
concentration decreased to zero (Figure 53B). No pH, temperature or pO2 data 

were obtained in conventional cell culture flasks. 

 
Figure 53 Total number of HUCAC (x104) in conventional cell culture flasks (25 cm2) [A], glucose 
and lactate profile in conventional cell culture flasks over an incubation time of 9 days; arrows 
represent medium exchanges in the cell culture [B] 

Figure 54A shows the development of glucose and lactate profiles during the 
9 days in the bioreactor system. Glucose concentration continuously decreased 

over the time, whereas lactate concentration increased. Nevertheless, limitation of 

glucose and inhibition of cell growth due to toxic levels of lactate was avoided by 
continuous feeding of the HUCAC with fresh cell culture medium to meet their 

metabolic needs. The flow rate (ml/min) of fresh cell culture medium into the 

bioreactor was increased at my own discretion and was not increased 
automatically. The aim was to increase the flow rate in such a way that the 

glucose concentration in the cell culture medium never reached levels lower than 

1.665 mmol/l (300 mg/l). Mostly the flow rate was increased stepwise, as shown in 
Figure 54B. Linear increase of the flow rate of feed into the bioreactor system was 

used from the 118th to 185th hour of cultivation. Using the feeding ramp of the cell 

cultivation system it was possible to increase the flow rate continuously over a 
certain time period without manual adjustment; this was particularly advantageous 

for weekends.  
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Figure 54 Glucose and lactate profile in the bioreactor over an incubation time of 9 day [A], flow 
rate (ml/min) of fresh cell culture medium into the rotating bed bioreactor system [B] 

The culturing conditions in the bioreactor system over an incubation time of 9 days 

are shown in Figure 55. The pH value (Figure 55A) (range, 7.24 ± 0.03 to 7.28 
± 0.02) and temperature (Figure 55B) (range, 36.65 ± 0.05 to 36.60 ± 0.17) were 

constant throughout the dynamic cultivation process whereas the pO2 decreased 

at the beginning and remained constant after day 3 (Figure 55C) (range, 6.45 ± 
0.50 to 3.38 ± 0.08). No bacterial or fungicide infection of the cell culture medium 

was observed.  

 
Figure 55 Culturing conditions for HUCAC over an incubation time of 9 days in the rotating bed 
bioreactor system: pH [A], temperature [B], partial pressure of oxygen (pO2) [C] (n = 5); the data 
represents the mean values ± SD 

6.3.2.2 Glucose consumption rate and lactate production rate 

Glucose consumption rate and lactate production rate per cell culture surface 

(q*
i,AS) of the bioreactor system and of the conventional cell culture system 

(control) were calculated for the corresponding time interval. In the conventional 
cell cultures (Figure 56A) daily glucose consumption rate increased from 0.0138 ± 

0.0091 mmol/m2h to 0.7042 ± 0.1571 mmol/m2h. 

The production rate of lactate increased from 0.0232 ± 0.0063 mmol/m2h to 
1.2440 ± 0.2101 mmol/m2h (Figure 56A). In the bioreactor system (Figure 56B) the 

daily glucose consumption rate increased from 0.0054 ± 0.0064 mmol/m2h to 

0.3263 ± 0.0864 mmol/m2h. In the first 5 days, the glucose consumption rate 
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increased slowly, then accelerating due to exponential cell growth. The production 
rate of lactate increased from 0.0093 ± 0.0101 mmol/m2h to 0.5951 ± 

0.1428 mmol/m2h. Daily glucose consumption rate and lactate production rate per 

cell culture surface were lower in the bioreactor than in the cell culture flasks. 

 
Figure 56  Daily glucose consumption rate and lactate production rate per cell culture surface of 
HUCAC expanded for 9 days in conventional cell culture flasks [A] and in the rotating bed 
bioreactor system [B] (n = 5); the data represents the mean values ± SD 

The daily yield coefficients YLac/Glu [-] were calculated based on the daily glucose 

consumption rates and lactate production rates and the average yield coefficient 
was determined for the conventional cell culture system and the bioreactor 

system. The average relation of lactate produced to glucose consumed (YLac/Glu) 

during the exponential growth phase in the conventional cell culture system (day 5 
to day 9) was 1.651 ± 0.087. Average yield coefficient during the exponential grow 

phase (day 6 to day 9) in the bioreactor system was 1.787 ± 0.064. This average 

yield coefficient in the bioreactor system was higher than that in the conventional 
system; the difference was statistically significant (P < 0.05, P = 0.0491) (Table 3).  

In the dynamic cell culture a total glucose consumption of 12.403 ± 2.067 mmol 

and total lactate production of 22.576 ± 3.678 mmol was achieved after 9 days. 
Total glucose consumption of the cells cultivated in cell culture flasks was 0.127 ± 

0.015 mmol over the period of 9 days. Total production of lactate was 0.213 ± 

0.038 mmol. Total glucose consumption relating to cm2 growth surface was 
significantly lower in the bioreactor (0.0023 ± 0.0004 mmol/cm2) than in the cell 

culture flasks (0.0051 ± 0.0006 mmol/cm2) (P < 0.05, P = 0.0157). Total lactate 

production related to cm2 growth surface was significantly lower in the bioreactor 
(0.0041 ± 0.0007 mmol/cm2) than in the cell culture flasks (0.0085 ± 

0.0015 mmol/cm2) (P < 0.05, P = 0.0181). Growth surface area in the bioreactor 

was 240-fold higher than in the flasks used in this comparative study (25 cm2). In 
the case of culturing of 240 flasks to obtain the same culture surface area as in the 

bioreactor, a total glucose consumption of 30.48 mmol would be reached.  
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6.3.2.3 Doubling time and maximal growth rate 

After static expansion of HUCAC in conventional cell culture flasks (25 cm2) 
without passaging, 1.19 ± 0.11 x 106 cells were harvested. Total cell number 

increased to give an overall 31.8 ± 3.0-fold (range, 28.8- to 35.3-fold) expansion 

by day 9. In 6-well plates the growth rate µ of HUCAC calculated using Formula 7 
was found to be 0.0163 ± 0.0025 h-1 (Table 3). In this analysis it was assumed that 

the cells were growing at the same rate during the whole time of cultivation. 

Furthermore, HUCAC possessed a doubling time td of 43.3 ± 1.2 hours as 
calculated using Formula 8. After 9 days in dynamic culture in the rotating bed 

bioreactor system a cell number of 348.08 ± 55.25 x 106 was obtained. HUCAC 

expanded 38.7 ± 6.1-fold (range, 33.4 - to 47.2 -fold) with a doubling time of 41.1 ± 
1.7 hours. The growth rate µ in the bioreactor was found to be 0.0172 ± 0.0006 h-1

. 

In summary, the rate of expansion reached in the bioreactor (38.7 ± 6.1) was 

higher than that in the static cell culture flasks (31.8 ± 3.0) but the difference was 
not statistically significant (P > 0.05, P = 0.0708). The doubling time td in the 

bioreactor (41.1 ± 1.7 hours) was lower than that in the static cell culture flasks 

(43.3 ± 1.2 hours); the difference was not statistically significant (P > 0.05, 
P = 0.1143). The growth rate µ in the bioreactor system (0.0172 ± 0.0006 h-1) was 

higher than that in the static culture system (0.0163 ± 0.0025 h-1) but the difference 

was not statistically significant (P > 0.05) (Table 3).  

 
Static expansion in  

conventional flasks 

 

Dynamic expansion in 

the rotating bed 

bioreactor system 
 

Growth surface area [cm2] 25 6000 

Seeded cell density [1/cm2] 1500 1500 

Seeded cell number [-] 37500 9000000 

End cell density [1/cm2] 47000 ± 4435 58013 ± 9208 

Harvested cell number [-] 1.19 ± 0.11 x 106 348.08 ± 55.25 x 106 

Cultivation time [h] 216 216 

Expansion [no. of times] 31.8 ± 3.0 38.7 ± 6.1 

Doubling time td [h] 43.3 ± 1.2 41.1 ± 1.7 

Growth rate µ [h
-1] 0.0163 ± 0.0025 0.0172 ± 0.0006 

Average yield coefficient Y Lac/Glu [-] 1.651 ± 0.087 1.787 ± 0.064 

 
Table 3 Summary of cell expansion experiment in conventional flasks and in the rotating bed 
bioreactor system  
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6.3.2.4 Transmission electron microscopy 

HUCAC expanded in the bioreactor and in a conventional cell culture system 
respectively, were harvested carefully for transmission electron microscopy by 

using a cell scraper to maintain the original cell constitution. Transmission electron 

micrographs of cells expanded in the bioreactor did not show morphological 
differences compared to cells cultured under static conditions (Figure 57).  

 

Figure 57 Transmission electron microscopy of HUCAC cultured in conventional culture flasks 
[A] and in the rotating bed bioreactor system [B] for 9 days (white arrows: cells, black arrows: cell 
nucleus;  magnification x 5000; bar = 1 m) 

6.3.2.5 Indirect immunofluorescence analysis 

ECM production was qualitatively visualized by indirect immunofluorescence 

staining (Figure 58). Expansion of HUCAC for 9 days under dynamic conditions in 

the bioreactor resulted in a dense cell layer. The expression of the extracellular 
proteins collagen type I and type III as well as fibronectin was much higher in the 

bioreactor than in the static culture system. Figure 58 shows strongly positive 

green staining indicating a thick layer of these ECM proteins in the bioreactor. 
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Figure 58 Indirect immunofluorescence staining of HUCAC cultured in conventional culture flasks 
(first and second panel) and in the rotating bed bioreactor system (third and fourth panel); matrix 
proteins were stained green; cell nuclei were stained blue 

6.3.2.6 Flow cytometry analysis  

Immunophenotyping of HUCAC examined by flow cytometry analysis revealed 

cells positive for markers common to mesenchymal stem cells (MSCs), such as 
CD44, CD73, CD90 and CD105. In addition, cells were negative for the 

hematopoietic stem cell markers CD 34 and CD45 (Figure 59). Furthermore, it was 

investigated whether expansion had an effect on the marker expression of the 
cells. No significant difference was found in the expression of CD34, CD44, CD45, 

CD73, CD90 and CD105 before and after expansion in the bioreactor system 

(Figure 60) (P > 0.05). 
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Figure 59 Representative flow cytometry analysis of HUCAC before expansion in the rotating bed 
bioreactor system when labeled with antibodies against human antigens CD34 [A], CD44 [B], CD45 
[C], CD73 [D], CD90 [E], CD105 [F]; open histograms show background signal; shaded histogram 
represents positive reactivity with the antibody indicated 

 

 

Figure 60 Flow cytometry analysis of phenotype change of HUCAC before and after cultivation in 
the rotating bed bioreactor system; the data represents the mean ± SD 
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7 Discussion 

Tissue engineering (TE) is a research field which studies the in vitro fabrication of 

viable and functional 3-D substitutes from preferably autologous, living cells with 

the aim to restore, maintain or improve the function of damaged, diseased or lost 
tissues or whole organs [32]. Meanwhile, TE and long-lasting replacement or 

reconstruction of dysfunctional native tissue represent a major focus in research 

and development, combining academic and industrial interests. Although 
researchers’ interests, knowledge and efforts have significantly increased, 

currently there are only few cell-based products commercially available, mainly in 

the field of skin and cartilage replacement [102].  

TE represents a novel solution to overcome several limitations of currently 

available heart valve substitutes. The conventional mechanical or biological valve 

substitutes have satisfying hemodynamic characteristics but also several 
disadvantages, i.e. high susceptibility to infections and the risk of thromboembolic 

complications or increased calcification and degeneration, especially in young 

patients. All artificial grafts are composed of foreign material which is neither able 
to grow or regenerate nor to integrate into the surrounding tissue. In particular 

children suffer because they have to undergo several operations during 

adolescence as they regularly “outgrow” their heart valves. Tissue-engineered 
heart valves could provide an alternative to the currently used heart valve 

substitutes. The application of autologous cells to generate functional, viable new 

tissues offers the possibility to fabricate a thromboresistant valve with the ability of 
self-repair, growth and remodeling.  

7.1 Evaluation of a cell source for cardiovascular TE  

Fabrication of tissue-engineered structures combines three research fields of 

particular interest: first the evaluation of a suitable cell source, second the 

selection of an appropriate 3-D scaffold material and last, the development of an 
optimal cell seeding and in vitro conditioning process in a so-called “bioreactor” 

applicable for the fabrication of the cell-matrix construct before implantation.  

The human UC represents a rich cell source for TE and regenerative medicine [48] 
because it possesses several advantages. Its length and cell diversity, easy 

availability and ethical acceptability favor the use of UC derived cells. For instance, 

Wharton’s jelly derived cells are postulated to have the potential to act in 
therapeutic applications because of their rapid clinical-scale expansion properties 

[103]. Fabrication of functional tissue-engineered vascular constructs requires cell 

types which have a similar structure and functionality to cells of native 
cardiovascular tissue. Various publications have shown that cells derived from UC 
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arteries are a particularly attractive cell type for cardiovascular TE [50, 51]. 
Therefore the aim of the present study was to characterize human UC artery 

derived cells (HUCAC) with regard to the feasibility of their application for tissue-

engineered heart valves. 

In this study HUCAC were isolated by applying the expanding culture method, as 

described by Sodian et al. [50]. Cells were successfully isolated from cord arteries. 

After cell isolation HUCAC were analyzed regarding cell morphology, expression 
of cell specific markers, ECM production and proliferation potential in order to 

examine whether the cells maintain their characteristics after isolation and, finally, 

whether they are suitable for intended TE of cardiovascular substitutes.                       

The morphology of HUCAC in cell culture was examined and has demonstrated 

cells of primary culture (P0) with an elongated spindle shaped morphology, similar 

to cells investigated in previous studies [50-53, 56, 57, 104]. In the present study, 
cells showed no morphological changes with increasing passages by light 

microscopy.  

In the present study indirect immunofluorescence staining exhibited that HUCAC 
express CD90 and ASMA in a uniform cytoplasmatic pattern in P0 as well as in 

P3. No significant difference in the surface antigenicity profile was detected for 

CD90 in P0 compared to P3, as also determined by flow cytometry analysis. 
HUCAC were considered as myofibroblasts because they expressed both CD90, 

which characterizes fibroblasts, and ASMA which characterizes myocytes. 

Previous studies have also shown the expression of the cell surface protein CD90 
and/or the expression of the cytoskeletal filament protein ASMA of UC cells [50-

54, 56, 57, 105]. Polchow et al. have proven for the first time that nearly every UC 

artery derived cell expressed CD90 and ASMA simultaneously [57]. A comparative 
study by Schaefermeier et al. [52] revealed that human UC artery derived 

myofibroblasts express CD90 in a uniform cytoplasmic pattern, similar to 

pulmonary heart valve interstitial cells (HPVIC). Surprisingly, ASMA is expressed 
uniformly in myofibroblasts as well, even through the expression is little in HPVIC 

[52]. In the present study, expression of ASMA was also detected in cells in aortic 

heart valve leaflets, whereby ASMA was not visible in the cytoplasm of every 
single cell. In addition, CD90 and ASMA were detected in human UC vessel walls 

and this finding was similar to results from previous studies [51, 57, 105]. 

Furthermore, HUCAC showed positive surface antigenicity for CD44, CD73, and 
CD105, whereby expression of CD44, CD73 and CD105 was significantly lower in 

P0 than in P3, quantified by flow cytometry analysis. The presence of CD44, 

CD73, and CD105 corresponded to findings by Polchow et al. [57]. These cellular 
surface molecules are known as markers of mesenchymal stromal cells [106]. 

Although HUCAC shared markers of mesenchymal stromal cells, a fact which is 
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attributed to their common mesenchymal origin, Polchow et al. have shown that 
they do not have multipotent differentiation properties and therefore concluded that 

HUCAC are more differentiated cells with a more restricted differentiation potential 

[57]. Schugar and colleagues [105] analyzed UC stromal cells isolated by the 
collagenase method and confirmed positive expression of CD44, CD73 and 

CD105 as well. Furthermore, UC stromal cells which were continuously expanded 

in cell culture for a minimum of 10 passages retained their positivity for all 
analyzed markers [105]. In addition, the study by Schugar et al. has shown for the 

first time that cells present in the UC artery wall express the markers of 

mesenchymal stromal cells (CD44, CD90, CD73 and CD105) [105]. At the same 
time it was shown that only 2.5 % of the cells were positive for CD44 and CD105 

[105]. Positive surface antigenicity for CD73, CD90 and CD105 was also 

demonstrated for UC artery derived cells in examinations reported by Ishige et al. 
[104]. Further, the hematopoietic stem cell specific markers CD34 and CD45 were 

slightly expressed by cells in the present study. Compared to P3, the expression of 

CD34 and CD45 was significantly increased in P0 examined by flow cytometry. 
Expression of CD34 in P0 could be attributed to endothelial cells remaining in 

primary culture. CD34 and CD45 negativity was also detected in publications by 

Ishige et al. and Schugar et al. respectively [104, 105]. Concluding, HUCAC were 
characterized in terms of the expression of their cellular surface marker molecules 

and found to be positive for CD44, CD73, CD90 and CD105. The expression 

profile did not change fundamentally from P0 to P3 and therefore it was assumed 
that the cells retain their phenotypic characteristics. After P3 the purity of the 

HUCAC culture obtained was satisfactory. Altogether, it was found that HUCAC 

can be used without hesitation for TE of cardiovascular substitutes.  

For TE of cardiovascular substitutes, it is of great interest to generate an intact 

extracellular matrix (ECM), which is essential for functional cardiovascular tissue. 

Therefore, the expression of ECM proteins such as collagen type I and III, 
fibronectin and elastin in HUCAC was analyzed in the present study. In indirect 

immunofluorescence staining, HUCAC were characterized for the expression of 

collagen type I and III. Comparative expression of collagen type I and III was also 
analyzed in native human aortic heart valves and in native human UC arteries. 

The results revealed detection of collagen type I and III in both tissues in nearly 

similar composition. Studies from other groups have also shown that cells from the 
human UC synthesize ECM proteins like collagen type I and III [50, 53, 54, 57] 

which are also present in human heart valves [9, 55]. Additionally, Schaefermeier 

et al. [52] showed the expression of collagen type I and III in myofibroblasts from 
UC arteries as well as in pulmonary heart valve interstitial cells. Furthermore, in 

the present study immunofluorescence staining of the HUCAC revealed the 

expression of fibronectin and elastin, confirming results already published by 
Lüders et al. and Polchow et al. [56, 57]. Moreover, the presence of fibronectin 
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and elastin were also proved in aortic heart valves and human UC arteries, 
whereby elastin was expressed in lower concentration in both native tissues. 

Expression of fibronectin was also confirmed in studies by Sodian et al. and 

Schäfermeier et al. [50, 52], whereby the latter described expression levels similar 
to those of HPVIC. Altogether, the expression of ECM proteins of HUCAC and in 

native human aortic heart valves and UC arteries was analyzed in the present 

study to verify the findings of previous studies and not only to build on those 
results. 

The present proliferation experiments revealed good proliferation properties for 

both fresh HUCAC and cryopreserved recultivated HUCAC. The comparison 
between fresh and cryopreserved recultivated HUCAC, exemplarily shown for P3 

cells, indicated similar proliferation potentials. After a short lag-phase, exponential 

growth was observed from day 2 to day 4 for fresh and recultivated cells. Fresh 
cells changed into the stationary phase on day 4 and reached maximal 

absorbance on day 5 whereas exponential growth of recultivated cryopreserved 

cells was longer and absorbance increased until the end of the cultivation process 
(day 6). A significant difference in the proliferation of fresh cells was noticed on 

day 6 compared to recultivated HUCAC. Nevertheless, similar trends of growth 

curves were determined for freshly cultivated and recultivated cryopreserved 
HUCAC, indicating that cryopreservation of cells is possible for cardiovascular TE. 

In a previous study by Lüders et al. it was reported that cryopreserved cultures 

showed the same characteristics (morphology, growth properties and expression 
of intra- and extracellular matrix proteins) as fresh cultures [56]. Results of 

Polchow`s group [57] have shown that the proliferation potential of freshly 

cultivated and cryopreserved HUCAC was comparable, although long-term 
cryopreservation leads to an extended lag-phase and therefore to negligibly 

delayed exponential growth.  

7.2 Evaluation of appropriate scaffold materials for TE of 
human heart valves and large blood vessels 

Biomaterials play a key role in the design and development of a tissue-engineered 

substitute. An optimal biomaterial should mimic the architecture of natural tissues. 

It should provide a 3-D framework for cell attachment and migration and, further, 
should be porous for the nutrition of cells and removing metabolic waste products. 

An interconnected porous structure is preferable; it should have a geometry that 

directs the formation of new tissues by seeded cells and should preferably 
degrade with time while being replaced by new grown tissue [32]. To evaluate an 

appropriate biocompatible scaffold for TE strategies, it is important to understand 

the influence of the scaffold on the cell viability, proliferation and function. 
Synthetic and natural polymers have become an attractive option for repair or 
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replacement of different cardiovascular structures. Regrettably, no appropriate 
scaffold material as a golden standard is available for the fabrication of TE heart 

valves so far. Therefore, the development, fabrication, characterization and 

potential application of different biodegradable polymeric porous nonwovens were 
of particular interest in the present study. One sub-item in this study was the 

evaluation of the most applicable composition of polymeric raw materials to 

provide the requirements for an optimal scaffold material for cardiovascular TE. 
For the fabrication of 3-D polymeric nonwovens there were specific requirements 

necessary in terms of fiber characteristics and scaffold structure. Important fiber 

characteristics were fiber size, cross-sectional shape and surface contour whereas 

important characteristics of the nonwoven scaffold were fiber orientation, pore 

characteristics and porosity, mechanical properties and the degradation behavior. 

The following sections will discuss these requirements. 

7.2.1 Fabrication and characterization of single polymeric fibers 

An important aspect of the design of textile scaffolds for TE applications was the 
selection of the polymeric raw material. According to the final application, different 

kinds of biodegradable polymers as pure materials or as composite structures 

could be used for the fabrication of nonwovens. In the present study the polymeric 
raw materials polyglycolic acid (PGA), poly-L,D-lactide acid (P(L/D)LA) and L-

lactide/glycolide copolymer (PLG) granulates purchased from Purac Biomaterials 

(Gorinchem, The Netherlands) were selected. P(L/D)LA with an L/D ratio of 96/4 
was a special mixture prepared by Purac Biomaterials that was already used in the 

previous study “Intelligent Biomaterial Systems for Cardiovascular Tissue Repair; 

Proposal/Contract no.: STRP 013633“ which was funded by the European Union 
at the Textile Institute in Aachen. All granulates were successfully wet-spun into 

multifilament fibers using a 30-hole multifilament spinneret in the Institut für 

Textiltechnik in Aachen. The multifilament fibers consisted of 30 single filaments. 
The feasibility of spinning polymeric materials and the spinning process itself had 

already been established. Previous investigators reported the successful 

fabrication of polymeric degradable fibers using a wet-spinning process. Rissanen 
and colleagues fabricated multifilament fibers (protein loaded and unloaded) from 

P(L/D)LA 96/4 polymers (P(L/D)LA, L/D ratio of 96/4) also purchased from Purac 

(Purac Biochem BV, Gorinchem, The Netherlands) by wet-spinning [107, 108]. 
Another study in which the same medical-grade P(L/D)LA 96/4 was used 

demonstrated that melt-spinning was applicable for the fabrication of multi-filament 

fibers for macroporous textile meshes [109, 110]. Today the melt-spinning process 
without solvents is the preferred technique for medical fiber production but in the 

present study wet-spinning was used because it applied lower temperatures and 

was therefore more gentle for the biodegradable polymer.  
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Primarily the analysis of the physical structure of spun fibers was the main focus. 
In the present study the physical structure of the fabricated fibers was identified by 

SEM analysis. Fibers were characterized in terms of size, cross-sectional shape 

and surface contour. A minimum fiber diameter of 10 µm was observed for 
adhesion and migration of fibroblasts on freestanding fibers, irrespective of fiber 

material chemistry [111]. The current results demonstrated that PGA and PLG 

fibers had a uniform size; diameters of PGA fibers range from 16 - 18 µm and 
diameters of PLG fibers from 16 - 21 µm whereas P(L/D)LA fibers are not uniform 

in size. Fiber diameters range from 16 - 55 µm. Due to the higher viscosity and the 

different melting properties of P(L/D)LA it was not possible to fabricate fibers in a 
uniform size during the melt-spinning process, as with PGA or PLG fibers. Fiber 

sizes were also visible in the yarn count value of fabricated fibers. The yarn count 

is a numerical value that expresses the thickness or the fineness of a yarn. It 
indicates the length of a yarn in relation to the weight and can be expressed by the 

Tex system. The Deci Tex (dtex) count of a yarn describes the weight in grams of 

10000 meters yarn. In this study the single yarn count of PGA was approximately 
3.8 dtex and of PLG approximately 3.3 dtex. Single yarn count of P(L/D)LA (13 

dtex) was higher than single yarn counts of PGA and PLG. This indicated that the 

fibers of P(L/D)LA were thicker on average than PGA and PLG fibers, 
corresponding to the definition: the higher the yarn count, the thicker the yarn. 

Fibers with fineness greater than 1dtex were defined as macrofibers. In 

manufactured fibers the diameter of a fiber was controlled by the size of the 
spinneret holes in the machine and the elongation rate of the extruded fiber. In the 

spinning process used in the present study spinneret holes with a diameter of 

0.250 µm were used. The cross-sectional shape and surface contour are further 
physical properties of fibers. All fabricated single filaments had circular cross-

sectional shapes and smooth surfaces. Rissanen et al. [107] also reported a 

smooth surface of wet-spun multi-filaments fabricated from P(L/D)LA 96/4 polymer 
similar to the fibers fabricated in the present study, thereby confirming the process 

parameter in this study. To summarize, the physical structure analysis of polymeric 

fibers showed that the PGA and PLG fibers could be the most suitable materials 
for fabrication of textile scaffolds, in particular cardiovascular scaffolds, due to the 

uniform and reproducible fiber size. 

7.2.2 Fabrication and characterization of polymeric nonwovens  

Porous scaffolds can be fabricated using a variety of methods, including the 

preparation of woven or nonwoven meshes from spun fibers. In woven and 
nonwoven meshes the fibers are processed into a 3-D system with a high porous 

structure. A high surface-area to volume ratio supports cell attachment and 

proliferation. The interconnected and permeable pore network promotes rapid 
nutrient and waste exchange and offers sufficient space for ECM regeneration 
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within the scaffold. A review article by Agrawal and Ray [112] reported that a 
scaffold porosity of at least 90 % is ideal for specific scaffold-cell interactions, 

nutrient and waste diffusion and adequate space for ECM production. PGA fibers 

are often fabricated by polymer extrusion, and then textile-processing techniques 
are used to crimp, cut and needle the fibers to form nonwovens with porosities of 

up to 97 % [67].  

After the spinning process PGA, P(L/D)LA and PLG multifilaments were 
successfully manufactured into four different 3-D nonwoven textile scaffolds: pure 

PGA nonwovens, pure P(L/D)A nonwovens, composite nonwovens made of PGA 

and P(L/D)LA fibers (50:50) and PLG nonwovens. Nonwovens were fabricated by 
mechanically splicing the polymeric fibers together in a web structure and 

additional interlocking with serrated needles. The needle punching procedure was 

used to avoid further thermal and chemical stress to the polymeric material. In this 
fabrication process thermal entangling of fibers could not be used because of the 

high temperatures [112]. Previous studies suggested that the properties of the 

supporting 3-D scaffolds are critical factors influencing cell adhesion and 
proliferation and therefore formation of new tissues [59, 111, 113-115]. These 

include the porosity, the pore size, the pore interconnectivity, the fiber orientation, 

and the fiber characteristics (diameter, surface structure, yarn count). Therefore, 
characterization of the fabricated polymeric nonwovens was accomplished 

regarding fiber orientation, pore size and mechanical characteristics as well as 

their influence on the cell behavior. The porosity was not measured in this study 
but was accepted as a basic parameter analyzed by the manufacturers in Aachen.  

Scanning electron micrographs of fabricated polymeric nonwovens revealed that 

the 3-D structure was composed of randomly oriented fibers: 3-D interconnecting 
pores were formed between individual polymeric fibers and were uniformly 

distributed throughout the scaffolds. This is very important since only a porous 

substrate with interconnecting pores allows cell migration into the inner structure. 
The fibrous scaffolds fabricated in this work provided a 3-D network with a high 

level of surface area for attachment, growth and migration of the cells. The 

interconnecting porous structure of the fabricated nonwovens enabled them to 
engineer especially soft connective tissue. This 3-D structure is similar to the 

body's own ECM which cells use to organize themselves in vivo [116]. In 

connective tissue the ECM is composed of proteoglycans and collagens, the two 
main types of macromolecules. The fibrous collagen structure is organized in a 

3-D fiber network. The architecture of the nonwoven structure therefore mimics 

those of natural ECM. The interconnecting pore not only allows the cells to migrate 
into the 3-D structure but also improves the exchange of nutrient and metabolic 

waste between the scaffold and environment. This leads to a better nutrient supply 

of cells within the structure [117]. This feature is of particular importance because 
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in static systems nutrient transfer is only driven by diffusion. No cells, except 
chondrocytes, are permanently viable more than 200 m away from blood supply 

due to lack of nutrients and oxygen [59]. It was further shown that the regeneration 

of specific tissues is dependent on the porosity and pore size of the supporting 3-D 
scaffold [77]. Agrawal and colleagues have shown that a porosity of 90 % in the 

scaffold is ideal for specific cell-scaffold interactions and nutrient and waste 

diffusion and, further, provides sufficient space for ECM production within the 
scaffold. These characteristics are fundamental criteria for successful tissue-

engineered scaffolds [118].  

The pores in a tissue-engineered scaffold form the environment in which the cells 
reside and proliferate. If the pore size, in particular on the surface of a material, is 

too small, cells will be unable to initially migrate into the inner structure of a 

scaffold. If the pores are too large, cells will be unable to bridge the pores during 
cell proliferation, resulting in inhibition of new tissue formation [117]. The polymeric 

scaffolds fabricated in this study featured a wide variety of pore sizes. The range 

of pore sizes is the smallest in PGA nonwovens. The pore sizes varied from 65 
µm2 to 3815 µm2, whereby the majority of pores (~85 %) were limited to the range 

of 65 µm2 - 1500 µm2. In PLG and PGA/P(L/D)LA nonwovens the ranges of pore 

sizes were slightly larger than in PGA nonwovens (PLG: 65 µm2 - 4560 µm2, 
PGA/P(L/D)LA: 65 µm2 - 8520 µm2) whereby in both cases the majority of pores 

(PLG: ~87 %, PGA/P(L/D)LA: ~75 %) were also smaller than 1500 µm2. An 

exception was P(L/D)LA nonwoven. Here the pore sizes varied from 70 µm2 - 
13130 µm2 and the majority of pores (~82 %) were limited to the range of 70 µm2 - 

2500 µm2. Generally, fabrics consisting of a rough fiber type exhibited a larger 

mean pore diameter. This statement was confirmed in this analysis. P(L/D)LA 
fibers had a relatively high yarn count of approximately 13 dtex compared to single 

yarn counts of PGA (3.8 dtex) and PLG (3.3 dtex). In a previous study pore 

diameters of between 20 m and 60 m were reported to be most effective for cell 
ingrowth in vascular grafts [119]. Pore sizes of polymeric nonwovens measured in 

the present study were adequate for the migration of HUCAC, whose diameter 

ranged from 10 - 12 m measured from TEM micrographs (data not shown). They 
were also adequate for fibroblasts, the diameter of which is about 10 - 15 m and 

also for smooth muscle cells, with a diameter range from 5 to 10 m. In summary, 

pore sizes should be larger than the diameter of the cells of interest in order to 
ensure cellular penetration into inner regions of the nonwoven scaffolds and 

subsequent ECM production.  

The results of pore size analysis of nonwovens are the subject of controversial 
discussion due to possible discrepancies in measurements of the applied optical 

microscopy. The technique of light microscopy could entail difficulties such as the 

burring of images within the thickness of the nonwovens and the problem of 
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thresholding. If the material is too thick the ray of light passing through the 
structure during conventional microscopic analysis could be inhibited. Microscope 

images are often not sharp throughout the thickness of the samples due to the 

limited depth of field. Wang and Ke investigated the microstructure of nonwovens 
with optical microscopy and subsequent analysis software and pointed out that the 

investigation was limited to thin nonwovens with a thickness of 0.22 – 0.25 mm 

[120]. In the present study all fabricated nonwovens were thicker than the range 
considered by Wang and Ke and therefore it was difficult to focus optimal images. 

A general problem in analyzing thick materials is the deficient detection of defined 

contours between fibers and pores in images, leading to less significant results. 
Additionally, a large number of pores, in particular small pores, are sometimes not 

captured by the image software. These pores possess a grey shade in the image 

outside the set threshold. Hence, pores cannot be identified and the real number 
of pores is effectively higher and the average pore size for these materials is 

lower.  

Production, use and storage of the fabricated nonwovens made of PGA, P(L/D)LA 
and PLG fibers required specific procedures due to the fast hydrolytic degradation 

of the material which are caused by hydrolytic sensitive bonds of the polymers. To 

avoid hydrolytic degradation in storage, during processing and after fabrication of 
3-D scaffolds special precautions have to be taken. Generally the elimination of 

moisture is of particular importance, which means that contact with atmospheric 

moisture should be avoided. Polymeric materials have to be consumed quickly 
during processing. Furthermore, processing temperature has to be kept below the 

temperature of the glass transition point. If the polymeric material is heated to 

temperatures around or above its glass transition point, the material will mellow 
and its structural form and properties will change [66]. Therefore, after 

manufacturing, polymers have to be packaged quickly under vacuum or in an inert 

atmosphere. The packing material has to be impermeable for moisture and water. 
It is recommended to use small packing units and to store them in a freezer to 

reduce the moisture.  

7.2.3 Biocompatibility analysis of polymeric nonwovens 

Synthetic aliphatic polyesters derived from PGA and PLA have been known for 

several decades as biocompatible, biodegradable and thermoplastic polymers for 
medical applications [70]. Polymers composed of PGA or PLA have been used for 

surgical applications (e.g. biodegradable suture materials) since the 1960s [61, 63, 

121, 122]. In view of their biodegradability they have also been found in multiple 
orthopedic and pharmaceutical applications (drug delivery devices) [60, 64, 65, 

123, 124]. Furthermore, they have gained the approval of the U.S. Food and Drug 

Administration for clinical use in human bodies in a variety of applications [125]. 
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However, commercial interest in PGA, PLA and their copolymers has risen in TE 
systems in recent years due to the advancement of these polymeric substitutes for 

new tissue generation [79, 126, 127].  

Previous studies have documented that cellular behavior like the orientation, 
migration, proliferation and ECM production is affected by the topographical 

features of surfaces of synthetic materials [128]. Therefore, in a biocompatibility 

assessment cell attachment and cell behavior on fabricated polymeric nonwovens 
were analyzed to identify the optimal scaffold material concerning cell compatibility 

and degradation. One challenge in the present study was the sterilization method 

since polymeric scaffold are thermosenstive and cannot be sterilized by 
autoclaving or any other heat sterilization. Polymeric scaffolds are basically 

sterilized using EtO or gamma radiation (γ radiation) or with techniques such as 

plasma etching [66]. In general, sterilization with EtO is the most widely used due 
to its temperatures of 45 – 55 °C and it is the most successful technique but it is 

no longer common in hospitals. New regulations prefer plasma sterilization with a 

sterilization temperature of 50 - 55°C in hospitals for sterilization of 
thermosensitive materials. The sterilization with EtO can result in toxic residues on 

or within the polymer which are difficult to remove. This problem does not occur 

with plasma sterilization which can also be used for moisture-sensitive materials. 
Therefore, successful degassing or aeration of the polymeric material is important 

[129]. Radiation in high doses can break, cross-link and recombine polymer chains 

and change the material properties. Gamma-radiation of P(L)LA polymer can 
cause cleaving of the ester bonds and therefore chain scission [66]. For example, 

P(L)LA initiates chain scission when it is exposed to gamma radiation at ambient 

temperature and shows a significant decrease in crystallinity and damage in the 
crystalline region [130]. For the biocompatibility analysis in the present study 

polymeric scaffolds were sterilized for 24 hours with 70% ethanol. However, due to 

the deficient sterilization with ethanol and the thermosensitivity of the material 
(glass transition point: 46 - 49°C) a change to sterilization with gamma radiation 

was necessary. Nonwovens were finally exposed to gamma radiation, resulting in 

no visible modifications. 

PGA as the simplest linear aliphatic polyester has several characteristics that 

make it appropriate for the TE of 3-D structures. It has a high melting temperature 

ranging from 220 °C to 225 °C, it is biodegradable and biocompatible without any 
toxic metabolites and it is thermoplastic [58, 73, 74]. The degradation of PGA due 

to hydrolysis of the ester bonds yields acidic products which are present in the 

human body and can be removed by natural metabolic pathways [75]. PGA 
degrades in glycolic acid which can be excreted in the urine or is used to form 

pyruvic acid, which enters the tricarboxylic acid cycle [66]. Polymers composed of 

PGA are found in multiple TE research projects, in particular in cardiovascular TE 
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[50, 79]. It was shown that they are characterized by their biocompatibility, in 
particular high cellularity and production of collagens. After seeding of PGA 

nonwovens in the present study the cells interacted with their environment in the 

following manner: cells attached to polymeric fibers while maintaining their spindle-
like morphology suggesting that cells were still viable and functional within the 

nonwoven. This confirmed that the pore size of the nonwovens was optimal. The 

cells covered the PGA fibers closely and proliferated on the fibers and in the 
pores, forming a 3-D cellular network while producing large amounts of ECM, in 

particular collagen coating of PGA fibers. The results of the present study were 

confirmed by other reported data. Previous investigations have also shown an 
appropriate cell attachment of human fibroblasts [131, 132], human aortic derived 

myofibroblasts [133, 134] and cells from human UC segments [53] to polymeric 

PGA fibers in nonwovens. In studies by Zund and colleagues [131, 132] formation 
of cell-polymer bridges was demonstrated by microscopy examinations. Layered 

tissue formation [53] and distribution of myofibroblasts throughout the PGA mesh 

[133] was shown. Qualitative matrix analysis of PGA meshes seeded with UC cells 
showed deposition of collagen type I and III [53]. Overall, results of the present 

study and others indicated that fibrous PGA nonwovens positively promote cell-

matrix and cell-cell interactions. Additionally to their biocompartibility, another 
major feature of aliphatic polyesters is their ability to degrade hydrolytically. In 

general, biodegradation offers a variety of advantages for TE applications, 

including the lack of further surgical invasion for the removal of the artificial 
substitute if it is also deficient. Unfortunately, its rapid hydrolytic degradation is the 

major limitation of pure PGA for cardiovascular TE. PGA neither possessed 

appropriate mechanical strength nor kept a defined structure after 4 weeks of 
static incubation. Transmission electron microscopy demonstrated numerous 

ruptures of PGA fibers after 4 weeks. The observed shrinking process initially 

started after 14 days of static cultivation and could be induced by the lack of 
stability of the polymeric material. Zund et al. also demonstrated that some of the 

PGA fibers started to degrade hydrolytically 14 days after seeding [132]. 

Furthermore, Kadner and colleagues reported degradation consisting of multiple 
breakages and fragmentation of fibers in a P4HB coated PGA scaffold grown in 

vitro in laminar flow for 14 days [53].  

Additionally, P(L/D)LA with an L/D ratio of 96/4 was also looked at in the present 
study as a potential material for cardiovascular TE. In fact, degradation of PLA is 

slower than that of PGA, due to its major hydrophobicity [60, 76]. However, 

degradation of PLA is influenced by the polymer properties molecular weight, 
crystallinity, isomer type and the surface area of the sample [59]. There are three 

types of PLA: poly(D-lactide) (P(D)LA), poly(L-lactide) (P(L)LA) and the copolymer 

poly(L/D-lactide) (P(L/D)LA). P(L)LA is a semicrystalline polymer which degrades 
very slowly. The degradation time of P(L/D)LA is lower than that of P(L)LA. 
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P(L/D)LA is hydrolyzed within months whereas the degradation of P(L)LA could 
take many years [135]. P(L/D)LA copolymers are more amorphous than P(L)LA. 

During hydrolytic degradation water diffuses into the amorphous regions of the 

copolymer and causes breakage of the ester bonds. Furthermore, the ratio of 
P(L)LA and P(D)LA in P(L/D)LA copolymers influences the degradation behavior 

of the material. If the content of P(D)LA is increased in P(L/D)LA copolymers the 

disorder in the polymeric chains is increased, which leads to a reduction of the 
crystallinity. In a comparative study by Andriano et al. fibers fabricated from 

copolymers with L/D lactide molar ratios of 95/5, 90/10, and 85/15 were 

considered [76]. It was shown that tensile strength and modulus of P(L/D)LA 
copolymer fibers decreased with increasing exposure time. Furthermore, it was 

confirmed that in copolymeric fibers with higher amounts of D-lactide (e.g. fibers 

with an L/D lactide ratio of 85/15) the loss of strength and modulus was greater 
than in copolymeric fibers with lower amounts of D-lactide (e.g. fibers with an L/D 

lactide ratio of 90/10). In the present study P(L/D)LA nonwovens seeded with 

HUCAC showed less cellular migration into the porous structure than cell seeded 
PGA nonwovens. Smooth muscle actin expressing cells were located in particular 

on the surface of the P(L/D)LA nonwovens. The amount of collagen identified by 

immunohistochemical staining was lower than in cell seeded PGA nonwovens and 
these proteins were also primarily located on the surface of the nonwoven 

scaffold. All these data suggested that the cells were unable to migrate into the 

inner parts of the scaffold. It could be hypothesized that the larger range of pore 
sizes in the P(L/D)LA nonwovens are associated with this. Compared to PGA, 

PGA/P(L/D)LA and PLG nonwovens there were very large pores in P(L/D)LA 

nonwovens with sizes of up to 13130 µm2. Oh et al. estimated that a large pore 
size in the scaffold allows effective fluid flow but might lead to lower cell binding 

and intracellular signalling [136]. The dimensional relation of a cell to a pore also 

decides whether cells are able to build bridges between single pores or not. In 
another study, Ma and colleagues [115] showed that the capability of cells to 

bridge pores leads to rapid cell spreading and proliferation. In contrast, if cells 

cannot fill and connect large pores in nonwoven fibrous matrices they begin to 
generate large aggregates. These observations made by other researchers lead to 

the assumption that in the present study HUCAC seeded on P(L/D)LA nonwovens 

were partially unable to bridge the large pores of the scaffold, resulting in cell 
proliferation at a slower rate and therefore less cellularity in the inner part of the 

scaffold. Previous experiments demonstrated good cell attachment, cellular 

ingrowth and production of ECM, as confirmed by homogenous distribution of cells 
and extensive collagen formation throughout a textile mesh fabricated from spun 

fibers of medical-grade P(L/D)LA 96/4 (Purac Biochem BV, Gorinchem) [109, 110]. 

The fibers used in the present study to generate the macroporous nonwovens 
were fabricated from the same polymeric raw material (P(L/D)LA 96/4, Purac 

Biochem BV). This indicated that the polymeric material itself was not responsible 
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for the lower cell density and smaller amount of ECM proteins in the cell seeded 
P(L/D)LA nonwovens. Degradation of P(L/D)LA fibers and shrinking of the 

nonwovens were not observed after 4 weeks, which is consistent with the literature 

[70, 135]. In a study by Ella et al. it was shown that P(L/D)LA with an L/D ratio of 
96/4 has an ideal linear degradation profile while avoiding the occurrent acidity in 

the surrounding tissue resulting from uncontrollable ‘bulk’ degradation in vivo 

[135]. Accordingly, this polymer is not associated with unfavorable cellular 
reactions. However, it is known that PLA forms lactic acid when it hydrolyzes. 

Lactic acid is also produced by muscle contraction and is removed by the natural 

metabolic pathways in vivo [75]. Nevertheless, local accumulation of acid 
metabolites during degradation could potentially increase the pH value around the 

scaffold by overloading the transportation capacity of the surrounding tissues. It is 

estimated that this only occurs in in vitro models when cultivation liquids are not 
changed during the incubation, resulting in an accumulation of degradation 

products. That does not reflect the washout to be expected in vivo in the unique 

environment where the tissue-engineered heart valve is located, in the path of the 
entire circulating cardiac output. Nevertheless, in the present study the pH value 

was stable over the whole cultivation time in vitro (data not shown). Altogether the 

P(L/D)LA nonwovens fabricated in the present study were not appropriate for 
cardiovascular TE because they showed poorer neo-tissue formation than PGA 

and PLG nonwovens. 

The cell compatibility of a composite structure incorporating 50 % PGA and 50 % 
P(L/D)LA (L/D ratio of 96/4) fibers was analyzed. PGA/P(L/D)LA copolymer 

appeared to be an appropriate raw material. It combines the positive properties of 

both PGA and P(L/D)LA fibers. Positive cell-fiber interactions and a production of 
large amount of ECM correlated with those of PGA fibers, while P(L/D)LA fibers in 

the composite prolong the normally rapid biodegradation time of PGA, stabilize the 

mesh and therefore provide sustained mechanical strength for the nascent tissue. 
Four weeks after seeding with HUCAC several ruptures of the hydrophilic PGA 

fibers were detected whereas P(L/D)LA fibers maintained their structure. 

Altogether the copolymeric nonwoven retained its structure and no shrinking was 
observed. Nevertheless, in micrographs of PGA/P(L/D)LA meshes tearing of the 

cell layer on the polymeric surface was visible. Cellular density as well as the 

amount of ECM within the nonwoven was very low. Cells and their ECM proteins 
were mainly located on the surface of the nonwoven. The pore size distribution of 

this polymeric nonwoven could not be the reason for the lesser cellular density 

inside the scaffolds because mean pore size is comparable to that of PGA and 
PLG nonwovens where cells migrated into the scaffolds and produced a large 

amount of ECM. For example, PGA/PLA copolymers have been available for 

several years as short-term absorbable suture material (“Vicryl®”, the most 
commonly used suture composed of polyglactin 910, a combination of glycolide 
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and L-lactide in a ratio of 9:1, Ethicon, Norderstedt) and as the osteogenesis 
implant “biofixR” (Bioscience Inc., Tampere, Finland). Furthermore, PGA-PLA 

copolymers have been used for several tissue engineering applications. In a study 

by Wu et al. PGA and P(L)LA fibers (Purac Biomaterials, Gorinchem, The 
Netherlands) were assembled into nonwoven meshes and rectangular scaffolds 

were seeded with EPC derived EC in combination with SMC [137]. The porous 

architecture of the PGA-P(L)LA scaffold provided a favorable environment for 
layered tissue formation, accumulation of ECM and microvessel formation. Cells 

were viable throughout the scaffold as well as along the surface of the patch. 

Rectangular scaffold samples were fabricated from a commercial nonwoven 50:50 
blend of PGA and P(L)LA (Albany Inter. Research) for tissue-engineered heart 

valves by Engelmayr and colleagues [93]. Similar to findings of the present study, 

cell seeded scaffolds cultivated under static conditions in the study by Engelmayr 
and colleagues [93] exhibited a less homogenous distribution of cells across the 

thickness. In studies by Sutherland et al. [138] and Gottlieb et al. [139] fibers of 

PGA and P(L)LA in the ratio of 50/50 were used to fabricate valves from 
nonwoven scaffold sheets to mimic the complex structure of native valves. 

Sutherland et al. [138] showed that the cell seeded scaffolds were strong and 

pliable enough after cultivation for 4 weeks in roller bottles and could function well 
in the proposed physiological role in the pulmonary circulation (low-pressure 

conditions). The tissue-engineered grafts were handled well surgically without 

tearing or damaging during surgical manipulation. These results, in conjunction 
with the absence of shrinking found in the present study, underline the suitability of 

the PGA/P(L/D)LA composite structure as a scaffold material. Hence, it has 

promise for the TE of human heart valves. Notwithstanding this, restricted 
migration of cells into the scaffold and reduced production of ECM within the 

material questioned the use of this PGA/P(L/D)LA copolymer. 

PLG nonwovens seeded with HUCAC showed good cell attachment and a higher 
cellular density in the inner part of the scaffold than PGA/P(L/D)LA nonwovens. 

Compared to all investigated cell seeded nonwovens cells seeded onto PLG 

nonwovens expressed the highest amount of ECM. In previous experiments it was 
shown that sterilization with EtO and plasma sterilization can have negative effects 

on the fabricated PLG structure in terms of shrinking  [140]. After sterilization PLG 

nonwovens were half of the original size and the scaffolds were stiff. Therefore, 
PLG samples were sterilized with 70 % ethanol overnight and subsequently 

seeded with HUCAC. Sterilization with 70 % ethanol did not result in shrinking of 

the nonwovens. In parallel to ethanol sterilization, irradiation of PLG nonwovens 
with gamma radiation was tested. In the present study it was found that there was 

no macroscopic effect on the PLG nonwovens. In the previous study by Reichardt 

et al. less cell attachment and lower ECM production was demonstrated in PLG 
nonwovens than in other investigated polymers [140]. In this study by Reichardt et 



7 Discussion  

100 

al. the cell morphology appeared “stressed” with large vacuoles inside the 
cytoplasm detected by TEM images. In experiments done subsequently to those 

published it emerged that the Karnovsky fixation solution used for fixation of cell 

seeded PLG nonwovens was too old. Therefore, it can be hypothesized that the 
cells in the scaffold were not fixed in time but were negatively influenced due to 

the storage at 6 °C for up to 3 weeks before analysis by TEM. To sum up, because 

of the high cellular density in the inner part of cell seeded PLG nonwovens and the 
high amount of ECM, PLG nonwovens fabricated in the present study were 

appropriate scaffolds for the fabrication of a functional 3-D cardiovascular 

substitute.  

7.2.4 Tension testing of polymeric nonwovens 

The mechanical property of a scaffold is another important aspect of its design and 
constitution. A well-designed tissue-engineered scaffold should not only provide 

biocompatibility and an optimal surface for the cell attachment but should also 

conform to specific mechanical requirements. On the one hand the scaffold has to 
retain structural integrity and mechanical stability during implantation into the body. 

On the other hand after implantation, the scaffold has to withstand permanent 

mechanical in vivo stresses and has to provide sufficient biomechanical support 
during tissue generation and structure degradation. In the present study the 

method of tensile testing was used to analyze the mechanical behavior of 

unseeded and cell seeded polymeric nonwovens (PGA, P(L/D)LA, PGA/P(L/D)LA 
and PLG) under conditions of tension with regard to their suitability in the field of 

cardiovascular TE. Tensile testing is one of the most important types of 

mechanical testing which is used to examine the mechanical strength of a 
material.  

In general fibers should exhibit a high specific tensile strength and nonwovens 

made from those fibers should be smooth and flexible in bending and should adapt 
very well to soft tissue. After formation of a single fiber web, web-doubling was 

performed. During this process webs can be parallel-layered where most fibers are 

laid in production direction (0°) or can be cross-layered in any direction. In the 
present study fiber webs were cross-layered in 90° direction. For mechanical 

consolidation needle-punching was used because it was not associated with 

thermal and chemical stresses to the polymeric material. The method of needle-
punching is essential for the processing of degradable polymers and provides 

highly porous textile structures. This justifies the frequent application of needle-

punched meshes as scaffolds for TE applications.  

In the present study first analyses of nonwovens have shown that the extension of 

the samples in the tension testing apparatus resulted in different applied load 

versus crosshead displacement curves depending on the excision of the dog-bone 
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samples from the nonwoven. In Figure 61 A the results of the tensile testing of two 
unseeded dog-bone P(L/D)LA samples are exemplarily shown, whereby both 

samples were cut in different orientations from the polymeric nonwoven, as shown 

in Figure 61 B. Although the single fiber webs were cross-layered in 90° direction 
in the manufacturing process, the fibers in the polymeric nonwoven seemed to 

have a main orientation. The red curve belongs to a nonwoven sample where the 

fibers were arranged in the direction of the force being applied (fibers are oriented 
to the textile's load direction). The black curve belongs to a sample where the 

fibers were oriented perpendicular to the force being applied. The cross-section 

areas of both samples were the same (16 mm2). Although the two samples had 
different crosshead displacements, the maximum load (Fmax) determined for each 

sample was almost equal (red sample 33 N; black sample 31 N). Hence, both 

P(L/D)LA samples had almost equal Fmax/A values (red sample 2.06 N/mm2; black 
sample 1.94 N/mm2) calculated by relating the maximum load Fmax to the cross-

section area A. The mechanical stability of both nonwovens was not influenced by 

the orientation of the fibers. Further detailed examinations of fiber orientation in the 
polymeric mesh were not performed.  

 
Figure 61 Applied load vs. crosshead displacement (CD) curves for unseeded P(L/D)LA 
nonwovens (n=2) with different fiber orientations (red: the fibers are arranged in the direction of the 
force being applied, black: fibers are oriented perpendicular to the force being applied) [A], excision 
schemata of dog-bone samples from polymeric nonwoven [B]  

Extensive analysis of all fabricated nonwovens have shown that both pure PGA 

and P(L)LA nonwovens had the lowest initial tensile strength 
(PGA: 1.76 ± 0.03 N/mm2, P(L/D)LA 1.87 ± 0.24 N/mm2). The mechanical property 

was enhanced in nonwovens which were composed of PGA and P(L/D)LA fibers; 

the initial tensile strength was 2.55 ± 0.39 N/mm2. The best initial mechanical 
property was obtained for PGA/P(L/D)LA nonwoven (4.19 ± 0.16 N/mm2) 

consisting of PGA and P(L/D)LA fibers in the same ratio.  

After seeding the nonwovens with HUCAC and subsequent static cell cultivation 
for 3 weeks, tensile strengths decreased and all samples became much more 
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pliable. Evaluable results were obtained for all polymers except PGA. After 
3 weeks in cell culture PGA samples were extremely soft. Fixing of the samples in 

the apparatus of the tensile testing machine failed. The degradation of PGA was 

too rapid and resulted in a loss of its stability until the cells produce their own 
extracellular network. Tensile strength of cell seeded nonwovens of P(L/D)LA, 

PGA/P(L/D)LA and PLG scaffolds as they degrade is measured as a function of 

time in aqueous culture medium. Tensile strength of cell seeded P(L/D)LA 
nonwovens was 59 % of the initial strength of the scaffold. Tensile strength of cell 

seeded PGA/P(L/D)LA nonwoven was 32 % and that of cell seeded PLG 

nonwoven was 70 % of the initial strength. Lowest decrease of tensile strength 
was measured for PLG nonwovens. Therefore mechanical strength after cell 

seeding was maintained best for PLG nonwovens.  

7.3 Design, fabrication and establishment of a new bioreactor 
system for TE of cardiovascular substitutes 

The fabrication of viable and functional tissue-engineered structures aimed at 

long-lasting replacement or reconstruction of dysfunctional native tissue requires a 

suitable cell source, an appropriate 3-D scaffold material and finally an optimal cell 
seeding and in vitro conditioning process with appropriate devices. To guarantee 

optimal cell seeding and in vitro conditioning, two kinds of bioreactors were 

developed, fabricated and subsequently used in previous experiments. A special 
cell-seeding device, the “cell-seeding bowl” was developed to ensure uniform cell 

distribution onto the scaffold material (Figure 62A) [89]. Briefly, cell suspension 

was injected into a cell seeding chamber and the unidirectional rotation of the bowl 
led to uniform distribution of the cells onto a fixed scaffold. A major limitation of this 

bioreactor is the lack of gas exchange due to its closed system. 

 
Figure 62 Previously used bioreactor systems: Cell seeding bioreactor [89] [A], in vitro conditioning 
bioreactor [B]  

After seeding, cell seeded matrices have to be removed from this device after a 
short time and have to be transferred into another bioreactor system (Figure 62B), 
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in which the in vitro conditioning process is performed [87]. In this bioreactor 
system the cell seeded scaffold was placed in a special culture chamber in which it 

was perfused with culture medium. A separate medium reservoir filled with fresh 

cell culture medium was connected to the culture chamber in order to ensure 
supply with essential nutrients. In the conditioning bioreactor the cell seeded 

samples were cultured under continuous pulsatile flow conditions. Experiments 

performed using both bioreactors worked well, but several limitations of the 
systems were noted. First of all, there was a high risk of contamination because 

the cell seeding and in vitro conditioning processes were performed in two 

separate devices so that cell seeded samples had to be transferred manually from 
one system to the other. Further, analytical equipment failed completely and no 

data concerning pH, T, pO2 and pCO2 were collected during the in vitro 

conditioning process. That is to say that there is a gap in the monitoring of the 
culture conditions and of the developing tissue. Based on these findings a new 

bioreactor system for the TE of cardiovascular substitutes, especially heart valves, 

was developed in the present study, combining the advantages and excluding the 
limitations of both previously used bioreactors. On the one hand, it was important 

to design a system in which the scaffold could be seeded with cells and in which it 

could afterwards be conditioned without any transfer, to avoid contamination. On 
the other hand, it was essential to control the tissue development and the specific 

conditions via online monitoring in the bioreactor system. The advantages of the 

new bioreactor system are presented in the following sections.  

One of the most important steps for successful TE is an optimized cell seeding 

process. The ideal in vitro conditions for the development of a tissue-engineered 

substitute are still unknown, but it has been widely confirmed that optimized cell 
distribution on a scaffold may be beneficial for the tissue development [141]. Rapid 

cell attachment can minimize the amount of donor cells and additionally the 

cultivation time for anchorage-dependent and shear-sensitive cells. An optimal cell 
seeding process is important to provide uniform distribution of attached cells for 

rapid and uniform tissue regeneration [142]. Furthermore, high initial cell 

attachment results in rapid and better tissue development [133]. In previous TE 
studies, optimization of cell seeding was achieved, for example, by using special 

precoating methods [134]. This was performed by changing the surface properties 

of scaffolds [143] or by using special cell seeding devices [89]. In general, seeding 
of cells onto appropriate scaffolds could be realized under static as well as under 

dynamic conditions. In a study by Perry et al. cells were manually seeded onto a 

nonwoven scaffold, cultured under static conditions and finally transferred into a 
pulse duplicator system [144]. In contrast, cell seeding under dynamic conditions 

is often performed in different bioreactor systems. A dynamic cell seeding process 

is reported to lead to a higher level of attached cells and, furthermore, to an 
increased number of cells migrating into the scaffold [68]. Based on these previous 
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results a new dynamic cell seeding device for the uniform distribution of cells onto 
a 3-D nonwoven was developed in the present study. The new bioreactor was 

designed to fit into a standard humidified incubator. All components of the 

bioreactor system contacting the cell culture medium were made of non-adhesive 
materials like acrylic glass, silicone and Polyetheretherketone (PEEK). All these 

materials were biocompatible, robust and heat resistant and were easy to sterilize 

with EtO or gamma radiation. The design of the bioreactor system allowed the 
fixing of two scaffolds in two cell seeding and perfusion chambers before 

sterilization. Furthermore, it is possible to seed and condition two scaffolds in 

parallel. The operation mode of the bioreactor system provided uniform cell 
distribution on 3-D scaffolds under dynamic conditions due to directed rotation in 

the x-axis and the y-axis. Seeding of HUCAC on the scaffold was performed in a 

closed system without the risk of contamination. During the cell seeding process 
the bioreactor was placed in a humidified incubator to provide optimally tempered 

conditions for the cells. The cell seeding and perfusion chambers made of acrylic 

glass are completely transparent, to immediately detect potential contamination 
and to control and manage the new developing tissue. 

In a preliminary experiment using the new bioreactor system PGA nonwovens 

were seeded with HUCAC and grown under dynamic conditions. During the whole 
in vitro conditioning process the temperature remained constant. Regrettably, no 

constant pH, pCO2 and pO2 conditions could be set in the bioreactor system. This 

problem will be explained and discussed later. The daily examination of the 
glucose and lactate concentrations of the cell culture medium during the in vitro 

conditioning has shown that the concentration of glucose decreased by 

approximately 1 mmol/l during the whole process. The concentration of lactate 
increased by approximately 5 mmol/l during the same time. This is not in 

agreement with the glycolytic pathway, which cleaves 1 mol of glucose to 2 mol of 

lactate. One hypothesis to explain this high increase of lactate in the medium is 
that carbon sources other than glucose were used and converted to lactate. The 

energy metabolism of cells could be represented by glucose and glutamine which 

are both important molecular carbon and nutrient sources. The cell culture medium 
used in the present study contained glucose and a stabilized form of L-glutamine 

(L-alanyl-L-glutamine) and therefore could be used as an energy or carbon source 

by HUCAC. Glutamine could be taken up by the cells and may be converted to 
lactate in the process termed glutaminolysis, which takes place in all proliferating 

cells. This could be a reason for the high concentration of lactate in the cell culture 

medium during in vitro conditioning. To check this, cultivation without glutamine 
needs to be performed; this was not done in the present study. In addition to 

analyzing glucose and lactate concentrations of the cell culture medium the 

glucose consumption rate and lactate production rate of HUCAC were calculated. 
These results have shown that there was no increase in glucose consumption rate 
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or lactate production rate. It was expected that the rates would increase 
continuously because it was assumed that the seeded cells proliferate. The 

calculated values have not shown an increase in the number of metabolic active 

cells. Regrettably, there was no explanation for the high increase in lactate 
concentration during the conditioning process. PGA nonwovens degraded rapidly 

when cultured in the bioreactor system, similar to the results obtained in static 

experiments. These cell seeded nonwovens grown in dynamic culture were very 
fragile and began to lose structural integrity after 14 days of culture. After in vitro 

conditioning the cell seeded nonwovens showed an undefined shape and the 

original structure of the polymeric tube no longer existed. It can be assumed that 
the cells were neither able to produce enough ECM to counteract the fast 

hydrolytic breakup of polymeric fibers nor to keep the tubular structure of the 

polymer. The scaffold does not provided essential support for tissue development. 
Similar  results were reported by Sodian et al. [79]. It was demonstrated that it was 

not possible to generate a functional trileaflet heart valve from commercially 

available PGA because the scaffold was unable to maintain a predefined structure 
under flow conditions. In the following trials PLG nonwovens were therefore used 

because PLG nonwovens were identified as an optimal polymeric scaffold material 

for the TE of cardiovascular structures (see above). The cell seeding efficiency on 
PLG scaffolds in the new bioreactor system was analyzed to assess the seeding 

procedure. After the seeding process the non-adherent cells were removed from 

the cell seeding and perfusion chamber and were counted, whereas attached cells 
spread and proliferated. The calculated seeding efficiency was satisfactory, being 

89.67 ± 2.35%. Compared to that, dynamic depth filtration seeding in a perfusion 

bioreactor system achieved a maximum seeding efficiency of 68 % [145]. 
Therefore, the seeding efficiency reached in the present study was higher than 

that found in the literature. 

After cell seeding the in vitro conditioning process was performed in the same 
chamber of the bioreactor system. Contamination by exposure of the cell seeded 

scaffold to a potentially unsterile environment was avoided because there was no 

transfer of the cell seeded nonwoven from one seeding and perfusion chamber to 
another. Therefore, the cell seeded nonwoven could be kept sterile between 

sterilization and final implantation. The combined cell seeding and perfusion 

bioreactor designed by Sodian et al. also allowed the sterile handling of tissue-
engineered grafts during the whole fabrication process, which is important for the 

potential future application on  humans [87].  

Previous studies have shown that a dynamic flow environment stimulates tissue 
formation and forwards the maturation of surgically implantable TE constructs. The 

use of laminar flow has shown a significant increase in the mechanical properties 

when compared to static and turbulent culture conditions [146, 147] (1999). Other 
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authors studied the potential benefit of laminar shear stress for tissue development 
[90]. They demonstrated the feasibility of using flow induced stress to enhance 

ECM formation in TE. Furthermore, pulsatile flow has significant physiologic 

advantages by providing diastolic runoff and stimulation of the endothelium. 
Studies have shown that pulsatile flow conditions can lead to an increase in the 

mechanical properties of a tissue-engineered construct [79, 83]. For TE of blood 

vessels, Niklason et al. established a system which applied pulsatile flow resulting 
in formation of solid vascular tissue [148]. TE of small vessels in a pulsatile flow 

chamber also demonstrated the orientation of the collagen bundles along the 

shear stress field [82]. It was reported that the combination of induced pulsatile 
flow and biomechanically induced stress had a significant impact on appropriate 

tissue development in vitro [80]. Sodian et al. combined continuous pulsatile flow 

and biomechanical stimulation by periodical tissue stretching in order to provide 
physical signals and to induce ECM formation to fabricate reliable tissue-

engineered patches before implantation [84]. The study by Sodian et al. was one 

of the first showing pressure and flow data. They generated pulsatile pressure 
curves but the mean value of the pressure remained low and did not correspond 

with real physiological pressure. Using this concept Niklason et al. [149] also 

fabricated solid vascular tissue comparable to that of a native vessel. In another 
study by Dumont et al. [150] a prototype of a compact pulsatile flow system for the 

generation of TE aortic valves was designed which was able to generate a wide 

range of physiological flow and pressure conditions. This was done in order to 
provide physical signals to optimize ECM production [150]. Due to these beneficial 

effects of dynamic culturing in the present study a new in vitro system was 

designed that provided pulsatile flow in combination with mechanical stimulation to 
generate a viable TE substitute. This system will help to investigate the impact of 

the dynamic environment on the ECM formation and will focus in tissue 

development. 

To provide pulsatile flow in the bioreactor system and to ensure continuous 

circulation of cell culture medium through the closed-loop system, a 

microprocessor-controlled peristaltic roller pump with six roller pump head was 
used. At the beginning of in vitro conditioning of cell seeded nonwovens, the flow 

rate produced by the roller pump was 60 ml/min with a pump rate of 90 beats per 

min. Thus, at the beginning, stroke volume (the volume of the pump loop) 
produced by this pump was 0.667 ml. During the in vitro conditioning period the 

flow rate was gradually increased from 60 ml/min up to 140 ml/min. Flow rates 

higher than 140 ml/min were not used. They can lead to higher shear stresses 
which can result in damage of the seeded cells. Increasing the flow rate during the 

in vitro conditioning process led to an increase in the pump rate. At the end of in 

vitro conditioning the pump rate was 120 beats per min and the stroke volume was 
1.66 ml accordingly. The pumped volume per minute and the pump rate of an in 
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vitro system are two parameters among others which can be compared with the 
hemodynamic conditions in the human body. The normal average cardiac output 

(the volume of blood being pumped by the heart in 1 minute) of newborn infants 

ranges from 200 to 325 mL/min/kg [151]. Correspondingly, for a newborn with a 
birth weight of 3000 g a cardiac output between 600 and 975 ml per minute would 

be normal. The volume pumped through the bioreactor system per minute was 

140 ml at most and therefore is much lower than the blood volume pumped 
through the heart in vivo per minute. The pump rate process is another important 

issue in pulsatile perfusion systems because it can be compared with the heart 

rate. The heart rate of an infant depends on the age. The heart rate averages 141 
beats per minute at birth, increases up to 171 beats per minute at 2 months of age 

and steadily decreases to 142 beats per minute at 1 year of age [152]. The pump 

rates used in this study were lower than the heart rate of an infant. To summarize, 
the flow conditions (pumped volume and pump rate) produced by the roller pump 

of the bioreactor system were not of physiological nature, but rather sub-

physiological. Achieving a physiological pulsatile flow with roller pumps is difficult 
and a challenge for further investigations. It was reported that roller pumps cannot 

provide physiological pulsatile flows; they only generate diminished pulsatility 

[153]. Simply changing the pump settings will not optimize the flow conditions in 
the present system. Optimized flow conditions could only be achieved by using 

another pump head, for example a three roller pump head. Another possibility for 

achieving better hemocompatibility would be the use of another pump type. 
Currently two pumps are used for cardiopulmonary bypass - the roller pump and 

the centrifugal pump [154]. Therefore a centrifugal pump could be an alternative to 

the roller pump used in the present study.  

Integration of commercial sensors in the newly developed measuring unit of the 

bioreactor system allowed the collection of essential cell cultivation parameters 

e.g. the pH value, the temperature, the partial pressure of carbon dioxide (pCO2) 

and the partial pressure of oxygen (pO2) in order to monitor the in vitro 

conditioning process of cell seeded scaffolds. Data regarding the control and 

management of tissue development during the in vitro conditioning could be 
collected that way and were used to set first standards for the establishment of a 

“check list” for tissue-engineered of cardiovascular substitutes. The newly 

developed bioreactor system bridges the gap in our knowledge from the moment 
of cell seeding to the analysis after the in vitro conditioning process. Regrettably, 

detailed documentation of the in vitro conditioning processes has shown that it 

was not possible to ensure constant and reproducible culture conditions during the 
generation of functional tissues in terms of the pH value, pCO2 and pO2. 

Enrichment of the cell culture medium with gases was only realized by diffusion of 

CO2 and O2 from the interior atmosphere of the humidified incubator through 
silicon peroxide tubes which are permeable for O2 and CO2. Regulation of the gas 
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supply was not available and therefore setting constant and reproducible pH, 
pCO2 and pO2 values in the cell culture medium was not possible. The pH values 

were not constant during the in vitro conditioning of each cell seeded nonwoven 

and in some cases the values were determined outside the physiological range 
(7.35<pH<7.45). A reproducible pH value could not be set for all conditioned cell 

seeded nonwovens. The pCO2 value also varied during the conditioning period of 

each cell seeded nonwoven and no reproducible values were possible. 
Concerning the pO2 value, a slow decrease was observed during each 

conditioning process. During the individual trials it became apparent that aeration 

of the overlay atmosphere of the culture medium reservoir with CO2, N2 or air 
could guarantee constant and reproducible cell culture conditions whereby the 

supply with each gas has to be controlled individually. In the present study such 

aeration was not planned or performed due to the specific setting of the bioreactor 
system. In most cardiovascular TE studies listed in the literature no measurement 

of the cultivation parameters e.g. pH, partial pressures of carbon dioxide and 

oxygen during the in vitro condition process was reported [44, 45, 50, 54, 80, 82, 
87, 89, 97, 145, 155-158]. Joeckenhoevel and colleagues [90] were among the 

first who also examined the gas concentration in the circulating cell culture 

medium. In this newly developed laminar flow system [90] constant cell culture 
conditions were maintained for pCO2 and pO2 whereby the pH value decreased a 

little from 7.37 to 7.24. It was mentioned that this decrease could result from the 

loss of bicarbonate in the form of CO2 through the silicone tubing and that an 
increase in feeding flow with a higher bicarbonate substitution might solve this 

problem [90]. Flanagan and colleagues also examined the gas concentration of 

the cell cultivation medium in a custom-made bioreactor daily by analyzing 
medium samples with a blood-gas analyzer [98]. They demonstrated physiological 

conditions for pCO2, pO2 and pH during the culture period. In contrast to the data 

obtained in the present study, the pCO2 and pO2 values in the cell culture medium 
were almost constant during cultivation of TE heart valves with changing of the 

medium every 3 days (pCO2 was 40 mmHg and pO2 160 mmHg on average). An 

explanation could be the difference in the culture medium volume in the bioreactor 
system used in the present study (volume, 1000 ml) compared to the cell 

cultivation device of Flanagan and colleagues [98] (volume, 75 ml) or the supply of 

fresh medium once in the present study compared to every 3 days. Tschoeke et 
al. [109] also integrated a customized online culture monitoring system with digital 

analyzers for pH, pO2, and pCO2 measurement for fabrication of small-caliber 

vascular grafts. Recorded data from the monitoring system demonstrated steady 
physiological pH, pO2 and pCO2 levels (pCO2 40 mmHg, pO2 150 mmHg) 

throughout the whole culture period with medium changes every 3 days. The 

silicon peroxide tubing system with high gas transfer coefficients for O2 and CO2 
combined with regular medium changes sustained these constant culture 

conditions at physiological levels.  
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A tap for the collection of cell culture medium samples offered the possibility to 
collect samples periodically for the measurement of glucose and lactate 

concentrations. Lichtenberg et al. designed a device able to take culture medium 

samples to measure metabolic parameters such as glucose and lactate 
concentrations in the culture medium as well [159, 160]. A limitation of the system 

used in the present study was the sampling inside the humidified incubator where 

the whole bioreactor was placed during the culturing period. Therefore, no tapping 
of supernatants under sterile conditions was ensured and a risk of potential 

contamination existed. Analyzing glucose and lactate concentrations in the 

medium allowed us to draw conclusions for the optimal time for the medium 
change. The cell culturing process inside the bioreactor operated in a 

discontinuous mode. The bioreactor system operated as a batch system where 

essential nutrients were provided at the beginning of cell cultivation and a part of 
the cell culture medium was replaced after an appropriate time when nutrients 

were consumed. This was an unfavorable issue because there was a risk of 

limited cell growth due to lack of glucose or due to large amounts of lactate, 
especially if glucose and lactate concentrations were not measured daily (for 

example over the weekend). In the present study the cell culture medium in the 

reservoir was changed when the glucose concentration was lower than 300 mg/l. 
The medium change was rather unmanageable because the complete bioreactor 

system had to be transferred from the incubator to the laminar flow bench to 

guarantee a sterile environment. Nevertheless, in contrast to the static cell culture 
the nutrient support was enhanced due to the perfusion mode. The daily 

measurement of glucose and lactate concentrations during the in vitro conditioning 

also allowed calculation of more detailed parameters e.g. glucose consumption 
rate and lactate production rate of cells from day to day. The analyses have shown 

that in selected trials using cell-seeded PLG nonwovens the glucose consumption 

rate and the lactate production rate varied widely and did not increase 
continuously day by day. The same results were achieved in static cultivated 

controls of selected trials. Furthermore, the glucose consumption rates and lactate 

production rates were not higher in dynamic cultures compared to corresponding 
static controls. It was expected that daily consumption of glucose and production 

of lactate would increase continuously during in vitro conditioning because it was 

assumed that the seeded cells also continuously spread and proliferate. In the 
study by Flanagan et al. [98] the glucose and lactate concentrations in the 

circulating cell culture medium were also measured. They demonstrated that the 

glucose concentration decreased during the cultivation time and that the glucose 
was replenished with regular medium changes. Furthermore, they showed a low 

release of lactate indicating normal aerobic cell metabolism in the bioreactor. 

Regrettably, no conclusions were drawn about the metabolism of the cells by 
calculating glucose consumption rates or lactate production rates. Engbers-

Buijtenhuijs et al. [161] also monitored the cell culture conditions during 
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conditioning of SMC in tubular scaffolds under dynamic conditions and considered 
the metabolic activity of the cells by measuring several parameters in the culture 

medium regularly. On the one hand they demonstrated higher cell numbers in the 

scaffolds cultured under dynamic conditions compared to static conditions, which 
was explained by increased cell proliferation. On the other hand they showed that 

after 14 days the total glucose consumption and the lactate production of 

dynamically cultivated TE grafts were higher than those of grafts cultivated under 
static conditions. These results were justified by the higher cell numbers present 

under dynamic conditions. The daily glucose consumption and lactate formation 

were not given by these investigators [161].  

In the present study a pressure measurement system was integrated into the 

bioreactor system. Using an adjustable clamp on the tubing circuit in combination 

with pressure measuring allowed manual regulation to almost physiological levels 
and the establishment of reproducible pressure conditions in the system. The 

manual regulation of the pressure in the system was possible without limitations. 

During the in vitro conditioning of cell seeded scaffolds a pulsatile pressure was 
applied in the cell seeding and conditioning chamber whereby the ultimate 

pressure ranged between 59 mmHg and 71 mmHg. In the present study, pressure 

was increased stepwise within first the 3 days of culturing. The step-by step 
adaptation to physiological pressure conditions appeared to be useful. Initiating 

with a low pressure improves the cellular attachment to the nonwoven and does 

not wash out a significant number of cells from the scaffold in the early phase of 
conditioning. The normal blood pressure of infants after birth varies with the age of 

the child and is related to the height and the weight of the baby. Infants born with 

3000 g should have blood pressures of 50 mmHg to 70 mmHg systolic and 
25 mmHg to 45 mmHg diastolic [162]. One month after birth to 12 months the 

normal mean systolic blood pressure is approximately 90 mmHg [163]. Thus, 

systolic and diastolic pressure conditions (pressure 71 mmHg, 59 mmHg) created 
in the new in vitro conditioning system were comparable to pressures in the heart 

of newborns. In the present study we focused on the TE of heart valves for 

newborns because in Germany approximately 7000 - 8000 newborns are affected 
by congenital heart failure [5], and more than one third of these diseases involve 

the aortic or pulmonary valve [6]. Nevertheless many vascular TE studies listed in 

the literature are focussed on fabrication of substitutes for adults. They assume 
that in vitro conditions for the developing new tissue similar to those in vivo might 

result in accelerated tissue maturation and the formation of mechanically stable, 

implantable grafts. Hence, bioreactor systems were developed in which medium 
flows throughout the TE valves to mimic the opening and closing phase of the 

valves during the systole of the cardiac cycle [80, 81]. During the systole a 

contraction of the left and right ventricle is followed by the ejection of blood into the 
aorta and pulmonary artery. During this interval the aortic valve and the pulmonary 
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valve remain open whereas the mitral valve and the tricuspid valve are closed. At 
diastole relaxation precedes filling of the left and right ventricle with blood from the 

atria while the aortic valve and the pulmonary valve are closed. In a preliminary 

study by Hoerstrup et al. [81] a pulse duplicator bioreactor system was used to 
fabricate trileaflet valves under gradually increasing nutrient medium flow and 

pressure conditions (125 mL/min at 30 mm Hg to 750 mL/min at 55 mm Hg). 

Providing physical signals comparable to those encountered in vivo they fabricated 
a completely autologous TE heart valve which functioned satisfactorily in vivo up 

to 5 months. Blood vessels were also developed by mimicking the physiological 

environment [87, 164]. Pulsatile flow through the vessel lumen represents the 
blood stream and the pulsatile character mimics the cardiac output at each beat of 

the heart. TE of small caliber vascular grafts [82] was performed under the same 

biomimetic flow and pressure conditions in the pulse duplicator, resulting in better 
tissue formation and organization. Both are represented in homogenous cell 

orientation in the direction of the flow and in higher collagen values. Furthermore, 

a more favorable mechanical characteristic regarding burst strength was achieved 
in dynamically cultivated grafts compared to static controls. In a subsequent study 

pressure wave-forms with a mean pressure of 82 mmHg (124 mmHg systolic 

pressure, 61mm Hg diastolic pressure) similar to the wave-forms in the adult 
human carotid artery were established in the same pulse duplicator system for TE 

of vascular grafts [161]. Other bioreactor systems developed for TE of heart valves 

mimicked only the diastolic phase of the cardiac cycle when the valve leaflets are 
closed due to minimal flow and medium is resting on the valve leaflets inducing a 

pressure difference. A diastolic pulse duplicator, for example, provided a dynamic 

pressure difference over a closed TE aortic heart valve and therefore induced 
dynamic strain within the leaflets [97]. The dynamic transvalvular pressure was 

increased gradually up to 80 mmHg within the first weeks of culturing whereby 

medium circulation at low speed (4 ml/min) was constant over the whole cultivation 
time. The authors showed for the first time that even mimicking only the diastole of 

the cardiac cycle resulted in superior tissue formation and mechanical properties 

in the strained valves when compared to control tissues. In studies concerning the 
TE of blood vessels similar trends were observed. For example, new blood 

vessels have been developed  advantageously in bioreactors that only used 

dynamic wall straining without the use of pulsatile flow [141, 149].  

Based on the results of studies mimicking only parts of the physiological 

environment the question arises of whether it is necessary to expose all 

mechanical stimuli present in the in vivo environment to the developing tissue or 
whether it is sufficient to mimic the physiological environment only partially. In the 

present study pulsatile pressure comparable to pressure conditions in the heart of 

newborns in combination with pulsatile medium flow were utilized in the new in 

vitro conditioning system and it was hypothesized that these conditions were 
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sufficient for the fabrication of tissue-engineered substitutes. So far only large 
blood vessels were fabricated in the new in vitro conditioning system; future 

investigations will need to analyze whether the new bioreactor system used in the 

present study is also applicable for the TE of heart valves. In this context it should 
be mentioned that the TE of a heart valve is more difficult than that of a blood 

vessel because of its more complex structure.   

After in vitro conditioning, dynamically cultivated cell seeded nonwovens and 
statically cultivated controls were intact and showed a pale yellow and shiny 

surface inside and outside of the nonwoven. Individual fibers of the polymeric 

structure were no longer macroscopically detected. Circumstantial analysis 
showed multilayered cells attaching to the surface of static and dynamic cultivated 

scaffolds whereby dynamically cultivated specimens demonstrated more uniform 

distribution of cells on both sides of the scaffold. Although identical cell counts 
were seeded in both statically and dynamically conditioned nonwovens, 

histological analysis revealed a higher cell count in the inner part of those 

cultivated dynamically. This indicated either deeper cell migration into the 
scaffold´s filament 3-D structure or an intense cell proliferation attributed to 

improved nutrient media tissue supply under the dynamic loading conditions. 

Another reason for the higher cell count could be increased cell death in the 
statically cultivated controls. In fact, it is known from previous TE studies that inner 

parts of the developing tissues on scaffolds often show evidence of cell necrosis 

due to sub-optimal nutrient supply. The static conditions could provide less 
effective nutrition for cells in the deeper layers within the 3-D scaffold compared to 

the dynamic conditions. Indeed, electron microscopic analysis of cell seeded 

nonwovens demonstrated a higher amount of viable cells throughout the thickness 
of the dynamically conditioned samples compared to static controls. Nevertheless, 

no clear statement could be made because proliferation assays or assays 

concerning to cell death were not performed in the present study. After in vitro 
culture of TE heart valves in a pulse duplicator a more organized histological 

structure was shown under dynamic conditions compared to static controls 

resulting in better tissue formation and organization, which were similar to our 
results [81]. In contrast to data obtained from histological staining of dynamically 

conditioned cell seeded nonwovens in the present study, histological examinations 

of TE cardiovascular substitutes grown in the pulse duplicator revealed a lower cell 
count in the deeper layers after 14 days of culture [45, 81]. In a further TE study 

Hoerstrup and colleagues [82] cultured tissue under the same biomimetic flow 

conditions and demonstrated a compact composition without signs of a loose-
fitting central area in contrast to static conditioned controls. Further, they observed 

a smoother, more confluent surface in the pulsed TE vascular grafts with 

homogenous cell orientation in the direction of the flow [82]. 
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Analysis of a panel of ECM proteins was performed to investigate the impact of 
dynamic conditioning on the formation of the ECM in cell seeded nonwovens. The 

results demonstrated the presence of ASMA in the cytoplasm of cells of 

dynamically and statically cultivated samples. One can assume that no 
fundamental differentiation or dedifferentiation processes took place during 

culturing because ASMA was also present in fresh isolated HUCAC. Expression of 

ASMA in the cytoplasm was considered to be encouraging for TE of 
cardiovascular substitutes because pulmonary heart valve interstitial cells also 

express markers such as ASMA, as revealed in a comparative study by 

Schaefermeier et al. [52]. Furthermore, the present findings were comparable to 
those of previous TE heart valve studies. In the literature it was hypothesized that 

cells become activated, which means they express ASMA. Afterwards they 

mediate connective tissue remodeling to restore normal stress distribution 
throughout the tissue when stimulated by mechanical loading in a valve [165]. 

Immunohistochemical analysis revealed a higher expression of ASMA in the 

cytoplasm of cells onto dynamically conditioned cell seeded nonwovens than on 
statically conditioned controls. This increase of ASMA positive cells in in vitro 

conditioned samples was considered a marker for intense ECM remodeling and 

was in agreement with the findings of Flanagan and colleagues [98]. Collagen was 
considered to be the main load-bearing component of connective tissues and the 

major protein of heart valves mainly located in the outer layer or zona fibrosa of 

the valve. Collagen represents about 55% of total weight in all three valves on a 
dry weight basis in humans (age range from 20 - 88 years) [166]. The normal 

healthy valve contains 74 % of type I and 24 % of type III collagen of total valve 

collagens [167]. Heavy positive expression of collagen type I and collagen type III 
was detectable in both statically and dynamically conditioned cell seeded 

nonwovens. These proteins were expressed both in the cytoplasm of the cells and 

in the intercellular space particular covering the polymeric filaments. It is known 
that L-ascorbic acid-2-phosphate promotes collagen synthesis and therefore it was 

added as a culture medium supplement [168]. In dynamically cultivated cell 

seeded nonwovens collagen was distributed throughout the full thickness of the 
conditioned sample, resulting in more uniform matrix production and disposition in 

the scaffold. The collagen expression was increased in dynamically conditioned 

cell seeded nonwovens compared to statically cultivated controls, similar to results 
from Hoerstrup et al. [81]. Different TE studies have shown that culturing cells on 

3-D scaffolds under pulsatile perfusion results in enhanced collagen formation 

compared to static conditions [85, 161]. These data confirmed the observations of 
the present study. Furthermore, in the present study the total amount of 

undenatured soluble collagen was quantitatively determined after 21 days and was 

significantly higher in dynamically cultivated cell seeded nonwovens than in 
statically cultivated controls.  
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In addition it was important to turn one’s attention to the generation of elastin, 
which is a further essential component of the heart valve ECM because it ensures 

optimal valve closure without structural damage of the tissue. Elastin is present as 

radially arranged elastin fibres in the inner layer, the zona ventricularis. The elastin 
content of the three valves of humans has been shown to be slightly over 10 % of 

the dry weight from 20-88 years old individuals [166]. In the present study elastin 

was not detectable in either dynamically or statically cultivated cell seeded 
nonwovens with immunohistochemical staining methods. One potential 

explanation for this absence of elastin could be that during conditioning the 

polymeric scaffold had to take over the role of elastin in native tissue, resulting in 
no adequate stimuli for the cells. It should also be noted that an extended culture 

period would be helpful for sufficient synthesis and cross-linking of an elastin 

matrix within the polymeric nonwoven. In the literature it was mentioned that 
elastin is difficult to detect under in vitro conditions using biodegradable synthetic 

polymers as scaffolds for TE [45, 81, 83]. Furthermore, elastin expression was not 

detected after in vitro fabrication of tissue-engineered heart valves in different 
bioreactor systems [98, 169]. Surprisingly, there was a TE study showing that 

elastin was produced in vivo although after in vitro conditioning elastin was not 

detected. For example, elastin was not detectable in TE leaflets after in vitro 
conditioning in the pulse duplicator system but after 6 weeks in vivo elastin was 

demonstrated after implantation in animals [81]. Another study has also shown 

that in vitro tissue-engineered heart valves were able to remodel ECM in vivo, 
illustrated in elastin generation [170]. One can assume that the absence of elastin 

in vitro is not necessarily a limitation of a tissue-engineered heart valve. With 

respect to the results of the present study it can be hypothesized that after 
implantation cell seeded nonwovens would mature and remodel according to the 

need of the specific tissue.  

In addition the generation of the glycoprotein fibronectin was examined. The ECM 
protein fibronectin is associated with the general process of tissue repair and is 

also present in ECM of heart valves. It is hypothesized that fibronectin is secreted 

by migrating VIC during heart valve repair [171]. In the present study fibronectin 
was expressed more in dynamically conditioned cell seeded nonwovens than in 

controls. Furthermore, expression was more uniform throughout the thickness of 

the cell seeded nonwoven after conditioning in the bioreactor system. In a 
comparative study by Yang et al. [85] the expression of fibronectin was detected 

under pulsatile perfusion and mechanical stimulation by periodic stretching. In 

another comparative study by Schaefermeier et al. [52] the expression of 
fibronectin in human UC artery derived cells was shown to be similar to that in 

pulmonary heart valve interstitial cells.  
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To summarize, in the present study immunohistochemical examinations have 
shown the components of ECM known from native heart tissue and the impact of 

dynamic conditioning in the new bioreactor system on essential matrix synthesis. 

These data agree with results obtained by Engbers-Buijtenhuijs et al. [161] 
demonstrating enhanced tissue formation by SMC in tubular scaffolds under 

dynamic conditions compared to static conditions. The promising results of the 

ECM analysis by immunohistochemical staining were confirmed by electron 
microscopy analysis. Electron microscopic analysis of cell seeded nonwovens 

demonstrated a higher expression of ECM after in vitro conditioning in the new 

bioreactor compared to statically cultivated controls. In addition, high production of 
ECM without use of growth factors was demonstrated in the present study, which 

is a positive feature for future clinical applications.  

In addition to the investigation of the biological characteristics of the cell seeded 
nonwovens, mechanical properties were evaluated in the present study. It was 

postulated that increased ECM deposition would result in increased functional 

improvement of the tissue demonstrated by enhanced mechanical properties. In 
the present study the tensile strength of statically and dynamically conditioned cell 

seeded nonwovens of two trials were analyzed because of specific technical 

difficulties with the tensile testing machine. After in vitro culture the mechanical 
stability of the statically and dynamically conditioned samples was substantial 

enough to allow handling without damaging the new tissue. Comparing 

mechanical properties after 21 days of these two trials demonstrated a significantly 
higher maximum load/area of the unseeded blank polymers compared to statically 

and dynamically cultivated cell seeded nonwovens of both trials. There were no 

differences in mean maximum load/area between statically and dynamically 
cultivated cell seeded nonwovens. Electron microscopic analysis of cell seeded 

nonwovens demonstrated that in dynamically as well as in statically cultivated 

samples polymeric fibers were intact and the degradation process had not yet 
started. It can be assumed that mechanical properties of the scaffold were still 

dominant. Hence, no differences could be observed between statically and 

dynamically conditioned cell seeded nonwovens although seeded cells produced 
different amounts of ECM under each cultivation procedure. In a comparative 

study valves grown for 14 days in a pulse duplicator in vitro system had shown 

more favorable mechanical properties than comparable samples grown under 
static conditions [81]. In this study by Hoerstrup et al. PGA scaffolds coated with 

P4HB were used. They demonstrated complete degradation of the polymers after 

8 weeks. Therefore, once the scaffold is degraded the suture retention strength of 
tissue-engineered valves, as an indicator for biomechanical characteristic, was 

ultimately dependent on the quality of the new tissue and thus for the most part 

onECM generation. In Hoerstrup´s study [81] valves grown in the bioreactor had 
shown significantly higher generation of ECM proteins and a more organized 
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histological structure which at least resulted in an improved biomechanical profile. 
In a further study concerning TE of pulmonary conduits improved mechanical 

strengths were also found in pulsed constructs compared to static controls [54].  

The present study was focused on the generation of tissue-engineered substitutes 
based on HUCAC and their ECM production and seeding with endothelial cells on 

the top was not intended. The absence of a non-thrombogenic endothelial surface 

in vivo would expose the new tissue composed of cells embedded in ECM directly 
to the bloodstream without any semi-selective barrier. In vivo an intact 

endothelium is of crucial importance to the durability of the tissue-engineered 

substitutes as well as to the decreased risk of thrombosis. In prospective studies it 
has to be investigated if it is sufficient to implant an in vitro tissue-engineered 

cardiovascular substitute without an endothelial cell layer in view of in vivo 

generation of an endothelial cell layer or if the seeding of an endothelial cell layer 
in vitro is indispensable for a tissue-engineered cardiovascular structure. For 

example, presently used biological heart valve replacements (xenografts and 

cryopreserved homografts) do not endothelialize from the circulating blood to a 
degree sufficient to provide functional benefit. In xenografts which were chemical 

crosslinked by fixation with glutaraldehyde the barrier to endothelialization may 

result from toxicity induced by residual glutaraldehyde [9]. If an endothelial cell 
lining on the cardiovascular substitute is essential the endothelial cell seeding 

procedure would have to be established for the new bioreactor system. And it will 

be essential to determine whether or not the seeded endothelial cells can 
withstand the shear stress of the new bioreactor system and act as an efficient 

barrier as native valve endothelial cells. Koch and colleagues have demonstrated 

the generation of a confluent homogenous layer of endothelial-like cells on the 
luminal surface of fibrin-based small-caliber tissue-engineered vascular graft in a 

bioreactor system under flow and physiological pressure conditions [110]. 

Fabrication of tissue-engineered heart valves with functional endothelia was 
already also achieved in a custom-made pulse duplicator system using human 

UC-derived progenitor cells [40, 155]. 

The question of whether fabricated tissue-engineered substitutes exhibit a growth 
capacity has to be systematically investigated in future studies because growth 

capacity represents the major requirement of the cardiovascular TE concept for 

the treatment of congenital heart valve diseases. TE of vascular grafts was already 
examined in lambs [172, 173] and the technology was successfully transferred to a 

human cell system [45] including first clinical applications [174, 175]. In 2006 in 

vivo results of a 100-week follow-up were reported in which tissue-engineered 
vascular grafts (consisting of PGA/P4HB composite scaffolds, myofibroblasts and 

endothelial cells) were implanted as a main pulmonary artery replacement in 

lambs [173]. For the evaluation of cardiovascular replacements in vivo, sheep are 
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the animal model of choice because their anatomic and hemodynamic conditions 
are sufficiently comparable to those of humans. Furthermore, this animal 

represents the “worst case model” because of an increased calcium metabolism 

which allows the consideration of degenerative processes of cardiovascular 
substitutes in a relatively short time period. In this study a period of 100 weeks 

was chosen to monitor the full biological growth of juvenile sheep, which is 

completed after 2 years of age. After 100 weeks there was an increase in artery 
diameter of 30 % and in artery length of 45 %. These findings demonstrated for 

the first time the growth potential of tissue-engineered cardiovascular substitutes 

in vivo and therefore supported the potential of the TE concept for congenital 
diseases.  

A further study from the year 2006 showed that the fabrication of tissue-

engineered heart valve substitutes with growth capacities would also be possible 
in humans. Cebotari et al. demonstrated the potential of tissue-engineered valves 

to remodel and to grow along with the somatic growth of the child [39]. A 3.5-year 

follow-up was reported in two pediatric patients who received tissue-engineered 
heart valves consisting of decellularized human allografts and autologous 

endothelial progenitor cells implanted in the pulmonary valve position. It was 

published that the patients are in general healthy, that the valves showed excellent 
performance and normal hemodynamics and that there was no evidence of valve 

degeneration or stenosis. Furthermore, an increase in the diameter of the 

implanted pulmonary valve annulus was observed that is consistent with patients’ 
somatic growth. In another study by Hibino et al. tissue-engineered vascular grafts 

consisting of biodegradable scaffolds composed of PGA and epsilon-caprolactone 

or L-lactid and mononuclear cells were implanted in children with congenital heart 
defects [176]. Good long-term results were reported but there was no evidence of 

growth capacity. Summarizing, Cebotari et al. [39] were the first to demonstrate 

the fabrication of tissue-engineered heart valve substitutes for humans with growth 
capacity. However it is a matter of controversial discussion whether the observed 

growth is “real” growth in parallel with somatic growth of the child or whether it is 

only a dilatation of the tissue. In this study biological valves (allografts) which are 
depleted of cells were used; this study is not about using synthetic materials as 

scaffolds. It has to be investigated whether the same results could be achieved 

with the use of biodegradable synthetic materials, to be independent of human 
donors. 

7.4 Establishment of a specific bioreactor system for the 
dynamic expansion of HUCAC  

In previous sections of the present study the evaluation of a cell source, the choice 
of an appropriate scaffold material and the design, fabrication and establishment 
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of a new bioreactor system for cell seeding and in vitro conditioning for TE of 
human heart valves and large blood vessels have been demonstrated and 

discussed. Additionally to the main focus of developing a controllable and 

manageable fabrication process for the TE of cardiovascular substitutes it was 
investigated whether the expansion of HUCAC under dynamic conditions in a 

bioreactor system instead of in conventional cell culture systems is advantageous. 

So far HUCAC were expanded in conventional cell culture flasks under static 
conditions before the cell seeding on nonwovens in the bioreactor system was 

performed. The rotating bed bioreactor system developed by Zellwerk GmbH 

(Oberkämer, Germany) was chosen to investigate whether it is an appropriate 
device to achieve fast, safe and automated expansion of HUCAC and if it is 

possible to generate large quantities of viable pre-conditioned HUCAC with regard 

to TE of cardiovascular structures. For this purpose HUCAC were expanded in the 
rotating bed bioreactor system under dynamic conditions and in conventional cell 

culture flasks under static conditions. The aim was to compare dynamic cultivation 

with classic static cultivation with regard to growth behavior, marker expression 
and ECM production.  

In general, 2-D cell culture systems (e.g. cell culture flasks) are simple to handle 

but also involve some limitations. First, oxygen dissolved in the culture medium is 
only transported to the cells by diffusion. Second, these cultures are batch 

systems in which the culture vessels are filled with media and refilled after a 

suitable time when the nutrients have been consumed by the cells. This 
discontinuous medium exchange and limited diffusion processes can cause an 

insufficient nutrient or oxygen supply and an accumulation of metabolic cell 

products. The rotating bed bioreactor system used in the present study, composed 
of bioreactor, breeder and control unit, is a perfusion bioreactor system. There is 

continuous circulation of culture medium through the bioreactor vessel via an 

external medium circulation loop. Slow bed rotation combined with the medium 
circulation avoids gradients of nutrients and waste products and therefore mass 

transfer limitations. Perfusion bioreactors are widely used for in vitro cultivation of 

3-D tissues [145, 177, 178]. Insufficient migration and growth of cells into the 
scaffold and insufficient nutrient transport, especially to the interior of the 3-D 

material cultured under static conditions, can be overcome. Furthermore, perfusion 

bioreactors have also been used for cell expansion. Gastens et al. expanded 
marrow-derived stem cells under GMP conditions in a perfusion bioreactor [179]. 

The cell culture process in the rotating bed bioreactor system was operated in a 

continuous mode with constant input of fresh medium stream in accordance with 
the metabolic needs of the cells and continuous withdrawal of culture fluid. Most of 

the stirred and rotary bioreactors used for the expansion of cells in other studies 

operate with batch-feeding methods, whereby part of the cell culture medium or 
the whole medium volume is replaced by fresh medium after a certain time [180-
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183]. In these batch bioreactors cell growth could be limited due to lack of glucose 
or due to large amounts of lactate. It is well known that human MSC are sensitive 

to high levels of lactate [184]. The capacity of automated medium feeding was also 

an advantage of the bioreactor system. A feeding ramp was used to feed the cells 
for several days according to their metabolic need without manual operation. In the 

present study this feature was especially advantageous over the weekend. 

The bioreactor of the rotating bed bioreactor system is offered by the manufacturer 
in disposable and non-disposable form, including the culture vessel, tubing system 

and measuring device with ports for pH and pO2 sensors. The disposable 

bioreactor is available as a ready-to-use gamma sterilized system. In the present 
study the non-disposable bioreactor system was utilized; after each trial the 

system was cleaned and sterilized. In general, the bioreactor system was easy to 

handle; only a few minutes were needed to place the sterilized bioreactor into the 
GMP laminar flow breeder, to install the sterilized sensors in the designed ports 

and to fill the bioreactor system with cell culture medium. Because of this easy 

handling and the closed system of the cell expansion system there was a 
minimized risk of contamination. Another important advantage of the cell 

expansion system is the GMP laminar flow breeder in which the culture vessel was 

operated in a sterile and heated atmosphere. Fresh medium bottles to feed the 
cells in the bioreactor were easily connected to the system under the laminar flow 

breeder without the risk of contamination. In addition, the easy and sterile 

sampling of medium from the system was also ensured. Many of the bioreactor 
systems used for cell expansion have to be placed in a humidified atmosphere to 

provide the needed aeration and temperature [180-183, 185, 186].                                                             

In 2-D static culture systems there is generally no measurement of cell cultivation 
parameters such as the pH value, pO2 and T and they are normally neither pH nor 

pO2 controlled. In the rotating bed bioreactor system there was online monitoring 

of the pH value, pO2 and T of the expansion process and regulation of these 
parameters was possible by the control unit of the system. In the present study it 

was shown that the pH value and the T were stable throughout the dynamic 

cultivation process; regrettably 3 days were needed to achieve stable pO2 
conditions. The slow decrease from normoxic (21 % O2) to hypoxic conditions (3 % 

O2) could be attributed to the silicon tubing which was high permeable for oxygen. 

To avoid this, viton tubing could be used in future which exhibits very low gas 
permeability. It was aspired to expand HUCAC under hypoxic conditions (3 % O2) 

because it was demonstrated that human mesenchymal stem cells grow more 

rapidly under  2 % vs. 20 % O2 [187]. Furthermore, Balguid et al. demonstrated 
enhanced matrix production and improved mechanical properties of tissues in 

studies under hypoxic conditions [99]. Moreover, the UC tissue is lacking 

capillaries and it was assumed that UC cells are also exposed in situ to a hypoxic 
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atmosphere. In general, the rotating bed bioreactor system provides the possibility 
to adjust individual process parameters to each cell type in the system and to 

control the cell environment. The oxygen content in the medium can be optimally 

adapted to the cell; in the bioreactor system cells can be cultivated under hypoxic 
(2 -5% O2) up to normoxic conditions. This is of particular interest because oxygen 

tension may be a key parameter for the achievement of sufficient tissue quality 

and mechanical integrity in tissue-engineered heart valves [99]. 

The measurement of glucose and lactate concentrations during the expansion of 

HUCAC allowed calculation of glucose consumption rate and lactate production 

rate of cells per cell culture surface of the bioreactor system and of the 
conventional cell culture system from day to day. The analyses have shown that in 

conventional cell cultures and in the bioreactor system glucose consumption rate 

and lactate production rate increased whereas both rates were lower in the 
bioreactor. Based on the glucose consumption rate and lactate production rate the 

average yield coefficient was determined for the exponential grow phase for both 

systems. It was demonstrated that the average yield coefficient in the bioreactor 
system was higher than that in the conventional cell culture system. This could be 

due to the more constant glucose concentration in the media during cultivation in 

the bioreactor compared to that in conventional cell culture flasks. In flasks the 
cells were mostly fed every day, the glucose concentration thereby being more 

subject to fluctuations. Additionally, total consumption of glucose and total 

production of lactate relating to cm2 growth surface after 9 days were calculated 
and demonstrated to be significantly lower in the bioreactor system than in the 

conventional cell culture system. Furthermore, in the rotating bed bioreactor 

system total cell number increased continuously to give an overall 38.7 ± 6.1 -fold 
expansion with a doubling time of 41.1 ± 1.7 hours. Cultivation of HUCAC in 

conventional cell culture flasks resulted in a lower expansion (31.8 ± 3.0 -fold) and 

higher doubling time (43.3 ± 1.2 hours) than in the bioreactor system. Hewitt et al. 
demonstrated 20-fold expansion of human mesenchymal stem cells in spinner 

flasks after 8-10 days in terms of cells per microcarrier [188]. Further, growth rate 

was calculated and found to be higher in the bioreactor system (0.0172 ± 0.0006 
h-1) compared to that in the static culture system (0.0163 ± 0.0025 h-1). All these 

data led us to draw the conclusion that the expansion process in the bioreactor is 

advantageous compared to that in conventional culture flasks: HUCAC expanded 
to higher yields (= cells proliferated faster) in the bioreactor system and needed 

less time for cell doubling; at the same time they consumed less glucose and 

produced less lactate relating to cm2 growth surface. Additionally, there is no great 
effort as it is required in conventional cell culture by the extensive inoculation, 

cultivation and harvesting procedures.  
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For TE of cardiovascular substitutes, it is of great interest to generate intact ECM 
that leads to the fabrication of functional cardiovascular substitutes. Therefore, 

expression of ECM proteins was analyzed by indirect immunofluorescence 

staining. It was demonstrated that HUCAC expressed collagen type I and III, 
fibronectin and elastin in the bioreactor as well as in the static cell culture system. 

A qualitative ECM analysis by Polchow et al. also proved the expression of these 

proteins by fresh and recultivated short-term cryopreserved HUCAC [57]. Other 
previous studies have shown that cells from the human UC synthesize the ECM 

proteins collagen I and III [50, 53, 54, 57] also present in heart valves [9, 55]. 

Schaefermeier et al. [52] demonstrated the expression of type I and type III 
collagen in myofibroblasts from UC arteries as well as in pulmonary heart valve 

interstitial cells. Furthermore, the presence of these proteins was proved in native 

human UC arteries in the present study (see 6.1) and these findings were similar 
to those of Polchow and colleagues [57]. With this analysis it was confirmed that 

HUCAC maintain their physiological protein expression characteristics in vitro. In 

addition, expression of the proteins collagen type I and III and of fibronectin was 
much higher in the perfusion bioreactor than in the static culture system. Several 

other studies have shown enhanced synthesis of ECM proteins in perfusion 

bioreactor systems as compared to static culture systems [189-191]. Furthermore, 
fluid flow through a cell-scaffold construct or within a culture vessel could also 

provide mechanical stimulation of the cells [192, 193]. 

Characterization of the cell surface marker expression revealed that HUCAC were 
positive for representative mesenchymal stem cell markers, such as CD44, CD73, 

CD90 and CD105. These results are supported by a previous phenotypic study, in 

which the same marker profile was shown for fresh cultivated and cryopreserved 
HUCAC [57]. A comparative study by Schaefermeier et al. [52] revealed that 

human UC artery derived myofibroblasts express CD90 in a uniform cytoplasmic 

pattern, similar to HPVIC. Schugar et al. confirmed positive expression of CD44, 
CD73 and CD105 in multipotent UC stromal cells and demonstrated expression of 

CD44, CD90, CD73 and CD105 in the UC artery wall [105]. Furthermore, the 

purity of the cell population was demonstrated by flow cytometry analysis in the 
present study. It was shown that HUCAC were negative for the hematopoietic 

stem cell markers CD34 and CD45. Additionally, it is known that human stem cells 

can develop both genetic and epigenetic instabilities over many passages [194, 
195] and MSC are known to have spontaneous or induced differentiation potential 

in vitro. Therefore, the marker expression of HUCAC before and after expansion in 

the bioreactor system was analyzed. This study revealed that HUCAC retain their 
phenotypic characteristics. Flow cytometry analysis as a quality control 

demonstrated that the conditions in the bioreactor system did not influence the cell 

phenotype. This is very important for the therapeutic safety of potential clinical 
applications. A previous cytometric analysis has also shown the maintenance of 
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the antigenic phenotype of placenta-derived MSC before and after culturing in a 
stirred bioreactor system [180]. 

One of the most costly essential components in the production of large numbers of 

cells is the culture medium. Cells cultivated in the bioreactor consumed 3.83 ± 
0.69 l culture medium in 9 days. By comparison, cells in conventional culture 

flasks (25 cm2) needed around 39 ± 4.24 ml medium to produce about 1.19 million 

cells in 9 days. Theoretically, a total of 311 flasks and 12.13 l medium will be 
needed to produce the same numbers of cells harvested from the bioreactor (380 

million cells). However, expansion of the cells to that level in flasks is simply not to 

be achieved through manual labor. An alternative to large scale expansion in 
conventional cell culture flasks could be the use of roller bottles. Providing an 

increase in surface area, an increased rate of gas exchange due to the increased 

ratio of surface area of medium to its volume and constant gentle agitation of the 
medium, this cell cultivation system is advantageous over static culture of cells. To 

have the same cell cultivation area as used in this study, three to four roller bottles 

with a surface area of 1700 cm2 are required. Furthermore, in comparison to the 
surface applied in this study the Nunc cell factory system (Thermo Fisher 

Scientific, Waltham, USA) also provides similar cell cultivation surface area when 

using 10 trays (6230 cm2). Both alternative cell cultivation systems have in 
common that they are neither pH and pO2 nor T controlled and regulated. The 

automatic regulation of these parameters is one of the most important features of 

the rotating bed bioreactor system used in the present study.  

Apart from the UC as cell source, primary cells are often isolated from small 

biopsies, resulting in a small number of initial cells. To obtain large numbers of 

cells additional passaging steps are essential and, depending on the proliferation 
potential, these can require several days. For the bioreactor described in the 

present study only a small number of fresh isolated cells was necessary. Cell 

expansion was performed very fast, without expensive subculturing processes, 
resulting in cells which are in a younger passage. Especially against the 

background that cells can lose their characteristics with in vitro culturing this is of 

importance. The cell expansion for TE applications in the bioreactor is a time-
saving process with lower personnel requirements. The development of an 

economical, highly automated and tightly controlled bioreactor process is thus a 

high priority in producing cells.  

Many studies have examined the expansion of adherent growing cells on 

microcarriers [180, 183, 188, 196-198]. Most of these bioreactor systems could not 

be directly converted into clinical scale because of their limited automated and 
safety characteristics. Indeed, the conversion of the fabrication processes in the 

clinical setting is very important and requires the development of systems for 
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automated, safe and reproducible production of cells and cell-based products. 
Automated platforms for cell isolation and expansion or harvesting procedures 

have started to appear in the literature [102, 199-201], indicating that automation 

can replace manual time-intensive steps of the cell culture process and will also 
remove operator dependent variation. In all of these automated platforms the 

production of large amounts of cells is feasible, but most of them are very large 

and complex in their handling. The rotating bed bioreactor system used in the 
present study offered convenient standardization and automation of the cell 

inoculation, expansion and harvesting procedure in a completely closed system. 

There was no need to interfere in the process which had the added advantage of 
no risk of contamination. For further clinical applications or cell therapies, a safe, 

controlled, well defined and certified fabrication process is essential because 

human involvement in culturing processes complicates the quality control of the 
product. Furthermore, scale-up issues were incorporated into the reactor design. 

The cell culture surface area could be changed according to the application.  

7.5 Further development of a multifunctional bioreactor 
system for cardiovascular TE 

The present study analyzes the fabrication of tissue-engineered cardiovascular 

substitutes involving cell harvesting, cell expansion, cell seeding on a 3-D scaffold 

material and in vitro conditioning of the seeded construct in a bioreactor system. It 
was demonstrated that the new rotating bed bioreactor system was an appropriate 

system for fast and automated expansion of HUCAC for TE applications. Higher 

cell yields and larger amounts of ECM proteins than with conventional cell culture 
expansion favor the use of the new bioreactor system. Furthermore, the easy, 

reproducible and safe manufacturing process and the controllable environment in 

which cells are cultivated highlight the advantages of this bioreactor system. 
Because of these advantages it could be favorable to use the rotating bed 

bioreactor system for the complete fabrication process for TE of cardiovascular 

substitutes to keep the risk of contamination at a minimum and to simplify and 
accelerate the fabrication process with regard to effort and costs.  

Hence, modifications were made to achieve a multifunctional bioreactor system 

which incorporated the dynamic cell expansion on a relevant scale and the cell 
seeding and in vitro conditioning of cell seeded scaffolds. The first modifications 

were made concerned the culture vessel of the rotating bed bioreactor system. 

The integrated rotating bed of polycarbonate discs was removed, the length of the 
cylindrical culture vessel was reduced and a custom-made component to fix the 

polymeric scaffold was fabricated (Figure 63). This component consisted of a 

magnetic round slice on which an adaptor to fix the scaffold was installed. With the 
aid of a clamp the nonwoven can be connected to the adaptor and the whole 
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custom-made component can be placed in the new cylindrical culture vessel. The 
cylindrical culture vessel can be connected to the magnetic drive and the scaffold 

fixed on the custom-made component is able to rotate in the culture vessel. The 

seeding procedure can be easily performed by transferring the cell suspension 
drop by drop to the rotating scaffold via the port for taking medium samples and by 

using a hollow needle. Rotation of the scaffold during the seeding procedure may 

ensure uniform distribution of the cells on the scaffold. To allow tight cell adhesion 
onto the surface the cell seeded scaffold can remain stationary in the culture 

vessel. Finally the scaffold can be completely covered with cell suspension. In 

contrast to the rotating bed bioreactor system, viton tubes are used in the modified 
bioreactor system. Apart from the modified culture vessel and the tubes, all other 

components of the bioreactor system are left unchanged and the cell culture 

process is operated in a continuous mode similar to that of the rotating bed 
bioreactor system. This may be an advantage compared to the custom-made 

bioreactor system developed and tested in section 5.6.1 of the present study. This 

bioreactor system was operated with the batch-feeding method with replacement 
of a part of the cell culture medium by fresh medium after a certain time.  

 
Figure 63 Custom-made component for the fixation of polymeric scaffolds  

First tests were performed with the modified system without any technical 

problems or bacterial contamination and demonstrated the feasibility of the system 
in maintaining stable in vitro cell culture conditions (pH, T and pO2) in the 

bioreactor during in vitro conditioning. Providing the cells with suitable and 

consistent concentrations of O2 and guaranteeing stable pH values are of 
particular importance for culturing cells in a 3-D scaffold over a long period of time. 

In future trials the number of cells after seeding and after in vitro conditioning has 

to be determined to make a clear statement with regard to cell proliferation. 
Furthermore glucose consumption rate and lactate production rate have to be 

determined to gain insight into the metabolic activity of seeded cells. At the least, 

histological examination should demonstrate a more uniform surface layer on both 
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sides of the nonwovens seeded in the bioreactor system and subsequently 
cultivated under dynamic conditions than on static controls, indicating greater 

efficiency of the bioreactor for the seeding process.  

In summary, first modifications were made to achieve a multifunctional bioreactor 
system to perform, in a first step, dynamic cell expansion to a relevant scale and, 

in a second step, to use the same bioreactor system in the future for cell seeding 

onto scaffolds and in vitro conditioning of the cell seeded scaffolds. The bioreactor 
system can be upgraded in such a way that initially dynamic expansion of cells 

could be performed as usual on the bed of polycarbonate plates placed in the 

cylindrical culture vessel of the rotating bed bioreactor system. For the additional 
fabrication of tissue-engineered substitutes, the culture vessel of the rotating bed 

bioreactor system could be opened in the GMP breeder after enzymatic cell 

harvesting. The bed of polycarbonate plates could be replaced by the developed 
adapter on which the sterile polymeric nonwoven is fixed. The replacement of the 

bed of polycarbonate plates has to be done in the GMP breeder to guarantee a 

sterile environment. Therefore, although the closed bioreactor system is opened, 
there is no risk of contamination. Seeding of the expanded cells onto the scaffold 

followed by the in vitro conditioning in the same bioreactor system could therefore 

be performed directly after the cell expansion step without any other additional 
working steps. There is neither the need to install new pH or pO2 sensors nor to 

change the tubing system. Initial modifications of the bioreactor system made in 

the present study have shown that it is possible to incorporate the entire 
fabrication process into one device.  
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8 Conclusions and Outlook 

This thesis had several aims, described in section 4. The first aim was the 

characterization of HUCAC concerning their marker profile, their ability for 

producing ECM proteins and their proliferation potential in order to confirm their 
potential suitability for cardiovascular TE, in particular of heart valves. The 

research work demonstrated that HUCAC can be obtained from the UC directly 

after birth. The results showed that freshly isolated and cultivated cells maintained 
their morphology and retained their phenotypic characteristics with increasing 

passages. Furthermore, it was shown that HUCAC resembled pulmonary heart 

valve interstitial cells in the expression of the markers ASMA and CD90 and 
synthesized the ECM proteins collagen type I, collagen type III and fibronectin also 

present in the ECM of native heart valves. These findings indicated that HUCAC 

are suitable vascular cells for the generation of functional cardiovascular 
substitutes due to their similar cellular structures and functionalities to native heart 

valves cells. In future clinical application the storage of HUCAC until an ideal time 

point for surgical correction of a congenital cardiac defect or other defects would 
be necessary. Therefore, the proliferation potential of freshly cultivated and 

recultivated cryopreserved HUCAC was analyzed. Similar trends of growth curves 

for freshly cultivated and recultivated cryopreserved cells were demonstrated, 
indicating that in general cryopreservation of HUCAC is applicable for TE of 

cardiovascular substitutes for patients with congenital heart defects and other 

dysfunctions. Since the characteristics of cells could be influenced by the 
cryopreservation process, phenotypic analysis of recultivated cryopreserved 

HUCAC has to be employed in future studies. Further, the process of HUCAC 

isolation and expansion as well as the control of quality and functionality of 
isolated cells has to be adapted to GMP conditions to fulfil, for example, safety 

requirements and criteria for future clinical applications. 

The second aim of the thesis was the evaluation of a suitable polymeric scaffold 
material for the TE of cardiovascular substitutes. It was found that the wet spinning 

process was suitable to fabricate PGA and PLG fibers with uniform and 

reproducible sizes, circular cross-sectional shapes and smooth surfaces. The 
characterization of fabricated polymeric nonwovens demonstrated that the 3-D 

structure was composed of randomly oriented fibers. Furthermore, 3-D 

interconnecting pores were formed between individual polymeric fibers and they 
were uniformly distributed throughout the scaffolds. The pore sizes of nonwovens 

were larger than the diameter of HUCAC, which ensured initial migration of cells 

into inner regions of the nonwoven and subsequent ECM production. In a 
biocompatibility analysis the cell attachment and the behavior on fabricated 
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nonwovens as well as the production of ECM were investigated, with the 
conclusion that the PLG nonwovens had the most desirable characteristics for TE 

of cardiovascular substitutes. This nonwoven fulfilled several requirements: 1) it 

had interconnecting pores of appropriate size to allow migration of cells into the 
inner structure of the material, to allow the supply of the cells with essential 

nutrients and to ensure the exchange of metabolic waste between the scaffold and 

environment, 2) it had acceptable biodegradable characteristics and could be 
metabolized by the body after fulfilling its tasks without leaving toxic residues,       

3) the chemical composition allowed attachment of cells onto the scaffold, 

unhindered migration of cells and at the same time secretion of a large amount of 
ECM, which is required for the generation of the new tissue, 4) it had appropriate 

mechanical and structural properties after 21 days to correspond to the destined 

site of implantation and 5) it can be sterilized with gamma radiation. Although the 
feasibility of the fabrication of polymeric nonwovens in the form of tubes has been 

described in the present thesis, the standardized reconstruction of a physiologic 

3-D valve design, including coronary arteries and the sinus of Valsalva, remains a 
significant challenge in the TE of heart valves. In a future study it needs to be 

analyzed whether the manufacturing process of nonwovens described in this 

thesis is applicable for the fabrication of functional PLG nonwoven heart valves or 
whether other techniques e.g. rapid prototyping have to be considered. 

The third aim of the thesis was to design, to fabricate and to establish a closed 

bioreactor system with accompanying analytical procedures as a prototype to 
generate viable tissue-engineered cardiovascular substitutes in vitro. Numerous 

PLG nonwoven vessels were seeded with HUCAC and conditioned under dynamic 

conditions in the newly developed bioreactor system. In parallel, tissue-engineered 
vessels were generated under static conditions to judge the new bioreactor 

system. After in vitro testing of the new system the following conclusions were 

drawn: 1) the development of a bioreactor system which combines the cell seeding 
and the in vitro conditioning in one device succeeded; a limitation was that the 

whole bioreactor system was very large and complex and therefore handling was 

hindered, 2) the dynamic seeding of HUCAC onto the polymeric nonwoven was 
successful, leading to uniform cell distribution onto the surface of the 3-D scaffold 

with satisfying seeding efficiency achieved, 3) the cell seeding and perfusion 

chamber functioned as a pulsatile flow system; pumped volume and pump rate 
were not of a physiological nature but pressure conditions obtained in the new 

bioreactor system were comparable to those in the hearts of newborns, 4) the 

culture conditions in the bioreactor system (pH, pO2 and pCO2) during the 
generation of cardiovascular tissues could be successfully recorded, but were not 

reproducible and not always constant and there was no possibility to regulate the 

gas supply except through the surrounding incubator, 5) tapping for the collection 
of cell culture medium allowed samples to be collected periodically for the 
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measurement of glucose and lactate concentrations, conditions were not ensured 
during this tapping of supernatants and therefore a risk of potential contamination 

existed, 6) the medium exchange was difficult to handle because the complete 

bioreactor system had to be transferred from the incubator to the laminar flow 
bench to guarantee a sterile environment, 7) sub-physiological flow and 

physiological pressure conditions in the in vitro environment provided signals that 

enhance the generation of ECM within the tissue-engineered cardiovascular 
structures; the presence of elastin was not so far detected, 8) mechanically stable 

cardiovascular substitutes were fabricated; there was no improvement in the 

mechanical properties after in vitro conditioning in the new bioreactor system, 9) 
dynamically conditioned tissue-engineered substitutes resembled native tissues 

but they were still immature and did not have characteristics identical to those of 

native tissues. Despite these difficulties the customized bioreactor system was 
demonstrated to be, on the whole, suitable for the generation of a viable 

autologous tissue-engineered substitute. In future studies the new bioreactor 

system will need to be modified in such a manner that constant and reproducible 
culture conditions (pH, pO2 and pCO2) can be guaranteed. Regulated aeration of 

the overlay atmosphere of the culture medium in the reservoir of the bioreactor 

system with CO2, N2 or air would be helpful in realizing this goal. Further, the 
bioreactor system should be operated in a commercial laminar flow breeder to be 

able to collect medium samples under sterile conditions and to facilitate the 

medium exchange. 

The fourth aim was the establishment of a specific rotating bed bioreactor system 

for the fast and dynamic expansion of HUCAC without passaging with regard to 

the fabrication of cardiovascular substitutes. The automated and scalable rotating 
bed bioreactor system was found to be an appropriate system for large-scale 

expansion of HUCAC under continuous perfusion. It was shown that expansion in 

the bioreactor system was characterized by higher cell yields and larger amounts 
of ECM proteins than conventional cell culture expansion. Further, it was 

demonstrated that the conditions in the bioreactor system did not influence the 

phenotypic characteristics of HUCAC. Large quantities of viable pre-conditioned 
cells could be harvested after a short time period. This work demonstrated a cell 

expansion process in a controllable environment as a first step toward the TE of 

cardiovascular substitutes. Fulfilling the need for a capable, scalable and safe 
manufacturing process, the bioreactor was proven to be suitable for future clinical 

applications.  

Additionally, this thesis has reported further developments in terms of a 
standardized bioreactor system to perform the fabrication of a tissue-engineered 

cardiovascular substitute in one device, starting with dynamic cell expansion to a 

relevant scale and ending with the seeding of cells onto an appropriate scaffold 
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and in vitro conditioning of cell seeded scaffolds. To realize this aim, the rotating 
bed bioreactor system can be modified for in vitro generation of tissue-engineered 

cardiovascular substitutes. In the first instance, HUCAC were expanded in 

standard cell culture flasks and subsequently seeded onto polymeric nonwovens 
in the modified bioreactor system. Cell cultivation parameters during in vitro 

conditioning such as pH, pO2 and T as well as the production of ECM proteins 

were used as first criteria to estimate the functionality and effectivity of the 
modified system and to draw conclusions on the viability of the cells. The results 

have shown that the bioreactor is suitable not only for cell expansion but also for 

the generation of viable cardiovascular tissues. There is also the possibility of 
modifying the rotating bed bioreactor system later on. So far continuous flow has 

been used in this bioreactor system. Future research can focus on the fabrication 

of a new culture vessel that ensures pulsatile flow of culture medium through the 
tissue-engineered cardiovascular substitute, e.g. by a gas driven diaphragm 

integrated into the culture vessel to provide important mechanical stimuli for tissue 

maturation. This would also allow investigation of the effects of different flow rates 
on the functional and mechanical behavior, the tissue composition and the 

orientation of collagen fibres of tissue-engineered substitutes.  

To date progress has been made mainly in the TE of large blood vessels; the 
more complex TE of heart valves remains a goal for future studies. One of the 

main aspects is that a mechanism to secure heart valve scaffolds in the bioreactor 

has to be developed that will ensure unhindered open and closing of the leaflets. 
Further, to date no work on the use of disposable bioreactors for the TE of heart 

valves has been published. The development of a disposable bioreactor which 

would enable easier handling, reduce the incidence of contamination and eliminate 
time consuming procedures such as assembly of the device and sterilization is 

suggested as a topic of future research.  Additionally, a reproducible, standardized 

fabrication process to achieve uniform distribution of a dedicated number of cells 
and in vitro conditioning of the cell seeded scaffolds has not been documented so 

far. At the same time it is essential that the future fabrication of cell-based 

medicinal products for clinical trials complies with the principles of Good 
Manufacturing Practices (GMP). In conclusion, the next efforts in the evaluation of 

in vitro culture conditions will be directed at establishing standard procedures for 

the in vitro TE of viable and functional heart valves.  
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9 Appendices 

A. Cell culture 
 
Laboratory equipment 
 
Name Specification Origin 

Burner Heraeus, vulcan Heraeus (Hanau, Germany) 

Clean bench Hera Safe Heraeus (Hanau, Germany) 

Centrifuge Centrifuge 5804R, centrifuge 
5417R 

Eppendorf (Hamburg, 
Germany) 

Cover glasses No.1, 12 mm ø 
Thermo Fisher Scientific 
(Waltham, MA, USA) 

Eppendorf pipettes 
0.1 µl – 10 µl,10 µl – 100 µl, 
100 µl – 1000 µl 

Eppendorf (Hamburg, 
Germany) 

Freezer 
Temperature:                       -
20 °C to -30 °C 

Siemens (Munich, Germany) 

Freezing container 
'Mr.Frosty' Nalgene Nalgene 
freezing container for 1.5/2 ml 
cryo tubes 

Sigma-Aldrich (Munich, 
Germany) 

Hemacytometer Neubauer counting chamber; 
0.0025 cm2 

Carl Roth (Karlsruhe, Germany) 

Incubator 
Thermo Forma, Series II water 
jacketed CO2 incubator 

Thermo Fisher Scientific 
(Waltham, MA, USA) 

Magnetic stirrer Type Bigsquid IKA-Werke (Staufen, Germany) 

Mechanical shaker  - 
Eppendorf (Hamburg, 
Germany) 

Microplate reader EL-808 
Bio-tek Instruments GmbH (Bad 
Friedrichshall, Germany) 

Microscope Olympus CK2 Olympus (Hamburg, Germany) 

Microscope 
(transmitted light) 

Axiovert 40CFL, Axiostar  Carl Zeiss (Jena, Germany) 

Nitrogen canister - KGW Isotherm (Karsruhe, 
Germany) 

pH-Meter Ino Lab pH/Cond Level 1 WTW (Weilheim, Germany) 
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Pipettor Pipetus akku 
Hirschmann Laborgeräte 
(Eberstadt, Germany) 

Pipettor Accu-jet 
Webers (Oberhausen, 
Germany) 

Refrigerator Temperature: 3 °C to 7 °C Siemens (Munich, Germany) 

Shaking device  Vortex-Genie 2 Scientific Industries (New York, 
USA)  

Surgical forceps - Aesculap                   
(Tuttlingen, Germany) 

Water bath - Memmert (Schwabach, 
Germany) 

Weighing machine MC 210 S, max 210 g Sartorius (Göttingen, Germany) 

 
Working materials and consumables 
 
Name Specification Origin 

Cannulas 

Sterile;                               
0.90 x 40 mm BL/LB 20G  
0.80 x 120 mm BL/LB 21G 
0.60 x 80 mm BL/LB 23G 

B. Braun (Melsungen, 
Germany) 

Cell culture flasks 
Surface: 25 cm2, 75 cm2,      
150 cm2 Sarstedt (Nümbrecht, Germany) 

Centrifuge tubes 
Sterile; BD Falcon TM;         
15 ml; 50 ml 

Becton Dickinson (Heidelberg, 
Germany) 

Chamber slides 
Lab-TekTM Chamber Slide 
System, no. of wells: 4, slide 
material: PermanoxTM 

Carl Roth (Karlsruhe, Germany) 

Cryo vials 
Cryo-vials with inner thread, 
seal, sterile, 1.2 ml 

Carl Roth (Karlsruhe, Germany) 

Disposable gloves 
Senicasre ICE, powder-free 
nitrile gloves 

Medline International GmbH 
(Kleve, Germany) 

Disposable scalpel With blade protector; no.11 
P.J. Dahlhausen (Köln, 
Germany) 

Glassware Schott Carl Roth (Karlsruhe, Germany) 

Petri dishes Sterile; BD Falcon TM; 10 cm Sarstedt (Nümbrecht, Germany) 

Pipettes Sterile; 5 ml, 10 ml, 25 ml,      
50 ml 

Carl Roth                   
(Karlsruhe, Germany) 
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Pipette tips 

epTIPS:                              
0.1 - 10 µL, 34 mm,               
2 - 200 µL, 53 mm,               
50 - 1000 µL,71 mm 

Eppendorf (Hamburg, 
Germany) 

Reaction vessels 1.5 ml, 2 ml 
Eppendorf 
(Hamburg, Germany) 

Sterile filter Minisart, single use filter unit, 
sterile,.0.1 µm 

Sartorius (Göttingen, Germany) 

Surgical scalpel blades Feather surgical blades, 
stainless steel, No. 22 

Feather (Osaka, Japan) 

Syringes Sterile; 2 ml; 10 ml B. Braun (Melsungen, 
Germany) 

Tissue culture plates Sterile; tissue culture plate: 
24 well, 96 well 

Sarstedt (Nümbrecht, Germany) 

 
Solutions 
 
Name Specification Origin 

1 mM ascorbic acid 
Stock (50mM): 700 mg in 50 
ml PBS 

Sigma-Aldrich               
(Munich, Germany) 

DMSO 
Dimethyl sulfoxide, Cryo-
sure DMSO, > 99.0%,                  
LOT USP991202M 

WAK-Chemie Medical 
(Steinbach/Ts., Germany) 

DMEM + GlutaMAX 

Dulbecco`s Modified Eagle 
Medium 1x Gibco®,  1g/l D-
Glucose; + Pyruvate; LOT 
954266 

Life Technologies (Darmstadt, 
Germany) 

Ethanol 
Absolute for analysis,         
Charge K41470083 040 Merck (Darmstadt, Germany) 

FCS Fetal calf serum Biochrom (Berlin, Germany) 

G/P/S 
Glutamin-penicillin-
streptomycin solution 
Gibco® 

Life Technologies (Darmstadt, 
Germany) 

Isopropanol Rotipuran, ≥ 99,8 % Carl Roth (Karlsruhe, Germany) 

PBS 
Dulbecco´s phosphate  
buffered saline 10x Gibco®, 
w/o Ca2+/Mg2+ 

Life Technologies (Darmstadt, 
Germany) 

Trypsin/EDTA-solution 
0.05% / 0.02% in PBS 
Gibco®; w/o Ca2+/ Mg2+ 

Life Technologies (Darmstadt, 
Germany) 
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Trypan blue 
Trypan blue solution, 0.4%, 
liquid, sterile-filtered 

Sigma-Aldrich               
(Munich, Germany) 

WST-1 
Water soluble tetrazolium 
assay Roche (Berlin, Germany) 

 
B. Immunological methods 
 
Laboratory equipment 
 
Name Specification Origin 

Bond-MAX stainer - 
Leica Microsystems (Wetzlar, 
Germany) 

Cryotome FSE Cryostats 
Thermo Fisher Scientific 
(Waltham, MA, USA) 

Eppendorf pipettes 
0,1µl-10µl,10µl-100µl, 100µl-
1000µl 

Eppendorf (Hamburg, 
Germany) 

Embedding device 
Microm STP 420D Thermo 
Scientific 

Thermo Fisher Scientific 
(Waltham, MA, USA) 

FACS Calibur flow 
cytometer - 

Becton Dickinson (Heidelberg, 
Germany) 

Fluorescence 
microscope  Olympus BX61 Olympus (Hamburg, Germany) 

Microtome - Leica (Nussloch, Germany) 

 
Working materials and consumables 
 
Name Specification Origin 

Centrifuge tubes Sterile; BD Falcon; 15/50ml Becton Dickinson (Heidelberg, 
Germany) 

Cover glasses 18 x 18 mm Carl Roth (Karlsruhe, Germany) 

Cover glasses Marienfeld GmbH, 12 mm ø  Carl Roth (Karlsruhe, Germany) 

Cryomolds Plastic, Tissue-Tek Cryomold® Sakura Finetek (Staufen, 
Germany) 

Pipette tips 

Sterile; epTIPS:                      
0.1 - 10 µL, 34 mm,                 
2 - 200 µL, 53 mm,                 
50 - 1000 µL,71 mm 

Eppendorf (Hamburg, 
Germany) 
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Reaction vessels 1.5 ml, 2 ml 
Eppendorf (Hamburg, 
Germany) 

Glas slides 
Menzel-Gläser, superfrost, 
ground edges 90° 

Thermo Fisher Scientific 
(Waltham, MA, USA) 

 
Solutions 
 
Name Specification Origin 

Acetone 
For analysis,                  
Charge K43884114 242 

Merck (Darmstadt, Germany) 

Alexa fluor anti-rabbit 
Conjugation: FITC IgG, 
species: goat 

Invitrogen Molecular Probes Co  
(Carlsbad, USA) 

Alexa fluor anti-mouse 
Conjugation: FITC IgG, 
species: goat 

Invitrogen Molecular Probes Co  
(Carlsbad, USA) 

Antibody dilution 
medium 

Catalog no. AL 120R500, LOT 
G596 

DCS Innovative Diagnostik-
Systeme (Hamburg, Germany) 

CD34 For FACS: PE, 0.45 ng/µl 
EXBIO (Prague, Czech 
Republic) 

CD44 For FACS: PE, 1.1 ng/µl 
EXBIO (Prague, Czech 
Republic) 

CD45 For FACS: FITC, 0.9 ng/µl 
EXBIO (Prague, Czech 
Republic) 

CD73 
For FACS: PE, 0.23 ng/µl, BD 
Bioscience   

Becton Dickinson (Heidelberg, 
Germany) 

CD90 
For FACS: FITC, 4.5 ng/µl, 
BD Bioscience   

Becton Dickinson (Heidelberg, 
Germany) 

CD105 For FACS: FITC, 0.45 ng/µl 
AB Direct Serotec (Oxford, 
United Kingdom) 

Collagen type I 
For IF: polyclonal Ig, clone:  
COL1A, species: rabbit 

Acris Antibodies (Herford, 
Germany) 

Collagen type I 
For IH: mouse monoclonal 
Catalog no. ab6308,  
LOT 796041 

Abcam (Cambridge, United 
Kindom) 

Collagen type III 
For IF: polyclonal Ig, clone: 
COL3A1, species: rabbit 

Acris Antibodies (Herford, 
Germany) 

Collagen type III 
For IH: mouse monoclonal 
Catalog no. MU167-UC, LOT 
MU16770709 

DCS Innovative Diagnostik-
Systeme (Hamburg, Germany) 
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Cryo-embedding media 
Tissue-Tek® OCT™ 
Compound 

Sakura Finetek (Staufen, 
Germany) 

DAPI 
4´,6-Diamidine-2´-
phenylindole dihydrocloride,  
10 mg, LOT 70231722 

Roche Diagnostics (Mannheim, 
Germany) 

Detektions-KIT Alk. 
Posphatase 

ZytoChem-Plus AP Kit, Broad 
Spectrum, Catalog no.  AP 
500,  LOT 185-AP, Content:                       
Blocking solution reagent 1, 
Biotinylated secondary 
antibody, polyvalent reagent 
2, streptavidin-AP-conjugate 
reagent 3 

Zytomed (Berlin, Germany) 

Elastin 
For IF: monoclonal IgG1, 
clone: BA-4, species: mouse 

Calbiochem (Darmstadt, 
Germany) 

Elastin 
For IH: rabbit polyclonal 
Catalog no. E4013,            
LOT 019K4828 

Sigma-Aldrich               
(Munich, Germany) 

Eosin 
Eosin Y solution,                 
0.5% aqueous, Catalog no. 
1.09844, LOT 1.09844 

Merck (Darmstadt, Germany) 

Eosin 
Thermo Scientific Shandon 
Instant Eosin,                    
Catalog no.6765040 

Thermo Fisher Scientific 
(Waltham, MA, USA) 

Fibronectin 
For IH and IF: mouse 
monoclonal,                   
Catalog no. 610077 

BD Biosciences (Heidelberg, 
Germany) 

Formalin 4% - 
Sigma-Aldrich               
(Munich, Germany) 

Goat serum 
NCL-G-Serum, normal, LOT 
6000855 

Menarini (Florenz, Italy) 

Hematoxylin 
Shandon Instant Hematoxylin,               
Catalog no. 6765015 

Thermo Fisher Scientific 
(Waltham, MA, USA) 

Hematoxylin 
Catalog no. 1.05174, modified 
acc. to Gill III,  

Merck (Darmstadt, Germany) 

HCL 37% Carl Roth (Karlsruhe, Germany) 

Isopropyl alcohol Rotipuran, ≥ 99.8%, Carl Roth (Karlsruhe, Germany) 

Isotype 
immunoglobulins for 
each antibody 

Used as negative controls 
EXBIO (Prague, Czech 
Republic) 
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Kaiser Glyceringelatine 
Catalog no. 1.09242, LOT 
HX63120 Merck (Darmstadt, Germany) 

Methanol 
For analysis,                       
LOT 1658209 242 Merck (Darmstadt, Germany) 

Mounting medium 
Mowiol 4-88, 100 g,           
LOT B39391 

Life Technologies (Darmstadt, 
Germany) 

Mounting medium 
Cytoseal XYL Mounting 
Medium, Xylene based  

Thermo Fisher Scientific 
(Waltham, MA, USA) 

PBS 
Dulbecco’s phosphate  
buffered saline 10x Gibco®, 
w/o Ca2+ and Mg2+; 500 ml 

Life Technologies (Darmstadt, 
Germany) 

Permanent AP Red Kit 

Catalog no. ZUC001-500, 
LOT 055-PAR, Content :                       
Permanent AP Red Buffer, 
Permanent AP Red 
Chromogen (peroxidise 
substrate) 

Zytomed (Berlin, Germany) 

Sodium chloride Catalog no. 3927.2 Carl Roth (Karlsruhe, Germany) 

TRIS -  buffer Catalog no. 4855.3 Carl Roth (Karlsruhe, Germany) 

TRIS -hydrochloride Catalog no. 9090.3 Carl Roth (Karlsruhe, Germany) 

Tween 20 Catalog no. 9127.2 Carl Roth (Karlsruhe, Germany) 

Xylene histological grade 
Sigma-Aldrich               
(Munich, Germany) 

Paraffin - 
Sigma-Aldrich               
(Munich, Germany) 

 

C. Analytic methods 
 
Laboratory equipment 
 
Name Specification Origin 

Coating system 
Biorad Polaron Division SEM 
Coating System 

Bio-Rad Laboratories (Munich, 
Germany) 

i-STAT 1 Analyzer - Abbott (Wiesbaden, Germany) 

Reichert-Jung Ultracut 
E 

- 
Reichert-Jung (Darmstadt, 
Germany) 

Scanning electron 
microscope 

Zeiss Supra 40VP Carl Zeiss (Jena, Germany) 
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Transmission electron 
microscope TEM 10 Carl Zeiss (Jena, Germany) 

 
D. Fabrication and analysis of nonwoven polymeric scaffolds 
 
Laboratory equipment 
 
Name Specification Origin 

Convection oven Heraeus® M110 Thermo Fisher Scientific 
(Waltham, MA, USA) 

Knitting machine TK 83 
Harry Lucas 
Textilmaschinenfabrik 
(Neumünster, Germany) 

Silastol R641 - 
Schill & Seilacher GmbH 
(Böblingen, Germany) 

Convection oven  Heraeus® M110 
Thermo Fisher Scientific 
Inc.(Waltham, MA, USA) 

Coextrusion spinning 
plant - 

Fourné Polymertechnik (Alfter, 
Germany) 

Force measurement 
device 

Kaftmeßzelle H2-100N Snr. 
B37673 

Hegewald & Peschke Meß- und 
Prüftechnik (Nossen, Germany) 

MDTA 3 - 
Zellweger Uster Technology 
(Uster, Switzerland) 

Micrometer  - 
Frank Prüfgeräte GmbH 
(Birkenau, Germany) 

Needling punching 
loom - ITA (Aachen, Germany) 

Laser cutting machine GCC LaserPro Spirit  
GCC LaserPro (Capelle aan 
den IJssel, Netherlands) 

Staple fiber cutting 
machine - ITA (Aachen, Germany) 

Needle  
Type 6 x 18 x 40 x 3 GB 
615451 

Groz Beckert KG (Albstadt, 
Germany) 

Tensile testing machine 
Inspekt desk 50kN, AC EDC 
120 TM, Snr. 10050503  

Hegewald & Peschke Meß- und 
Prüftechnik (Nossen, Germany) 

Weighing machine  AE 163 
Mettler-Toledo (Columbus, OH, 
USA) 
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Working materials and consumables 
 
Name Specification Origin 

PGA 29/03/2010 
PURASORB PG 20,          
Granules: PG20                

Purac Biomaterials, (Gorinchem, 
Netherlands) 

PGA/P(L/D)LA 
20/04/2010 Granules: PG20/PLDL8023             

Purac Biomaterials, (Gorinchem, 
Netherlands) 

P(L/D)LA 08/03/2010 Granules: P(L/D)LA 96/04  
Purac Biomaterials, (Gorinchem, 
Netherlands) 

PLG 18/08/2010 
PURASORB PLG 8523 (85/15 
L-lactide/glycolide copolymer),            
Granules: PLG8523    

Purac Biomaterials, (Gorinchem, 
Netherlands) 
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