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Summary  

 
In the last two decades, a multidisciplinary approach on the delivery of cells 

to the body has advanced. On the one hand, the science of polymers focuses 

on the development of biocompatible materials for cell culturing and tissue 

engineering applications, while on the other hand (micro-)engineering has an 

important part in providing a specific topography that directs the cells and 

provides a more similar architecture to that of tissues. Soft and flexible 

elastomers have gained more and more interest, especially due to their 

biodegradability and tunable mechanical properties that can mimic the 

natural tissue. Herein, we report the design of novel poly(polyol sebacate) 

elastomers synthesized from monomers found within the human 

metabolism. The thermoset properties of these polymers as well as their 

optical transparency make them ideal materials for microsystems 

technology. Therefore, microfluidic devices were developed out of these 

polymers in order to facilitate the design of a tissue-engineered organ. A 

porous membrane was inserted in the microfluidic device to enable co-

culture and distribution of nutrients to the cells. Furthermore, the reported 

polymers and microfluidic structure can serve a multitude of applications, 

from tissue engineering to point-of-care diagnostics or compound screening.  

The field of tissue engineering, pioneered by Robert Langer and his co-

workers, combines the principles and methods of engineering and the life 

sciences towards the development of biological substitutes that restore, 

maintain, or improve tissue function. The new developments on the various 

strategies of tissue engineering (TE) are aiming to understand the complexity 

of tissue remodeling and the inter-dependency of many associated variables. 

This clearly makes it a highly multi-disciplinary field that combines the 

expertise of different areas. Material scientists, engineers and biologists, in 

this regard form an important triad. Materials science focuses on the 

synthesis and characterization of required materials for the engineers to 

design the material in a way that it resembles the internal structure of the 

respective tissue or organ. Herein, the role of biologists becomes important 

who provide knowledge on how to introduce cells in these systems in order 
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to support their proliferation and differentiation into a specific tissue. Thus, 

a (bio)material is developed.  

For further construction of bio(materials) as implantable tissue structures, 

the development of three-dimensional (3D) fluidic microsystems for cell 

culturing has become a necessity. Microfluidic technology offers a controlled 

environment, reduced reagent consumption and precision, promising an 

alternative for conventional biological laboratory methods. These 

microsystems involve the manipulation of small amounts of fluids using 

channels with dimensions at a micron level. Their specificity and flexibility is 

beyond the one of normal well plates or two-dimensional cell culturing films 

due to the ability to handle co-culture systems or to encompass from millions 

of cells to single cells, depending on a specific application.  

In this context, the aim of the present work is to combine the knowledge of 

different fields of research in order to pave the way in the direction of 3D 

biodegradable fluidic microsystems for cell culturing and tissue engineering. 

The focus is laid on the development of biodegradable 3D microfluidic 

systems that can eventually sustain cell culturing and proliferation with 

subsequent tissue formation. Liver tissue is chosen as a model for the 

developed technology due to its complex structure that contains two main 

cell types, namely hepatocytes and endothelial cells, displaced in a three-

layer architecture. The proposed research aims to overcome the 

shortcoming of the existing methods or technologies available worldwide, 

allowing the fabrication of such complex biodegradable microsystems.  

The layout of the thesis is divided into different chapters that discuss specific 

topics towards the achievement of the final research objective. The multi-

disciplinary aspect and collaboration between the different fields with varied 

competences is presented in Chapter 1.  

The synthesis and characterization of novel poly(polyol sebacate)-derived 

elastomers is reported in Chapter 2. Poly(polyol sebacates) are thermoset 

materials and possess several characteristics such as biocompatibility, 

biodegradability, optical transparency etc. that makes them a good choice 

for developing microfluidic bioreactors. These polymers are approved by the 
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U.S. Food and Drug Administration (FDA) for use in tissue engineering and 

implant applications. Details on the synthesis and characterization of the 

obtained pre-polymers are discussed in this chapter. Furthermore, as 

synthetic biomaterials that mimic the ECM have a wide range of biomedical 

applications, one of the polymer films was also functionalized with gelatin via 

a chemical immobilization technique that has never been applied up to now 

for poly (polyol sebacate)s. This comes as an improvement to the already 

existing physio-sorbtion methods that lead to protein removal from the 

material.  

Chapter 3 presents the use of the scaffolding technique of electrospinning 

for the development of porous structures. These scaffolds provide the three-

dimensionality cells need in order to differentiate and maintain the specific 

phenotypic expression, as they mimic the extracellular matrix and are 

included in a later step of the final microsystem technology. The scaffolds 

developed in this chapter can stand alone as cell delivering porous 

membranes and can serve various applications, from soft to hard tissue 

engineering. Other enabling applications of these types of scaffolds such as 

cardiovascular tissue engineering are also mentioned.  

Microfabrication technology is an interesting tool used to impart a specific 

topography and is presented in Chapter 4. The technology developed herein 

comprises of a complex 3D architecture for microfluidic environments that 

can be potentially used in tissue engineering applications, such as in the 

design of a tissue-engineered organ. As vital organs contain multiple types of 

cells, a porous membrane prepared by a classical scaffolding technique (i.e. 

electrospinning) has been integrated in the microfluidic devices. This strategy 

would enable not only cell (co-)culture, but also distribution of nutrients and 

oxygen.  

In Chapter 5 the biocompatibility of the developed materials and electrospun 

structures is evaluated with different cell lines, demonstrating their non-

cytotoxicity and potential for liver tissue engineering.  

In conclusion, a perspective on the synthesized polymers and their utility in 

microsystem technology is presented. The presented technology possesses 
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the ability to relate to a variety of applications and can be easily transferred 

to all poly(polyol sebacates) present in literature. The unique feature of the 

developed microfluidic devices is the porous membrane that would impart 

the 3-dimensionality that cells need to grow, while the microchannels will 

guide the cells and align them in a specific way as to better mimic the native 

tissue.  

Samenvatting 

In de laatste twee decennia is een multidisciplinaire aanpak van de afgifte 

van cellen in het lichaam opgekomen. Enerzijds is er de polymeerwetenschap 

die zich richt op de ontwikkeling van biocompatibele materialen voor 

celculturen en weefselregeneratietoepassingen. En anderzijds is er de 

(micro)-ingenieurswetenschap die een belangrijke rol speelt in het voorzien 

van een specifieke topografie. Deze topografie stuurt de cellen en biedt een 

structuur die gelijkaardig is aan die van weefsels. Zachte en flexibele 

elastomeren kregen meer en meer belangstelling, vooral door hun 

biodegradeerbaarheid en afstembare mechanische eigenschappen die het 

natuurlijk weefsel kunnen nabootsen. In dit proefschrift wordt de 

ontwikkeling van nieuwe poly-(polyol sebacaat) elastomeren, 

gesynthetiseerd uit monomeren afkomstig het menselijk metabolisme, 

beschreven. De thermohardende eigenschappen van deze polymeren alsook 

hun optische transparantie maken dat ze ideale materialen zijn voor 

microsysteemtechnologie. Bijgevolg werden microfluïdische systemen 

ontwikkeld uitgaande van deze polymeren, met als doel het ontwerp van een 

weefselgeregenereerd orgaan te vergemakkelijken. Een poreus membraan 

werd aangebracht in het microfluïdisch systeem om co-kweken en de 

toelevering van voedingsstoffen aan de cellen mogelijk te maken. Bovendien 

kunnen de beschreven polymeren en microfluïdische structuur dienen voor 

een brede waaier aan toepassingen, gaande van weefselregeneratie tot 

‘point-of-care’ diagnostiek. 

In het veld van weefselregeneratie, met Robert Langer en zijn medewerkers 

als baanbrekers, worden meerdere principes en methodes uit de ingenieurs- 
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en bio-wetenschappen samengebracht om biologische substituten te 

ontwikkelen die weefselfuncties kunnen herstellen, onderhouden of 

verbeteren. De nieuwe ontwikkelingen binnen weefselregeneratie zijn 

gericht op het beter begrijpen van de complexiteit die samengaat met de 

weefselreconstructie, en de onderlinge afhankelijkheid van de vele 

bijhorende variabelen. Dit maakt het duidelijk een multidisciplinair veld. 

Materiaalwetenschappers, ingenieurs en biologen vormen in dit verband een 

belangrijk triade. De materiaalkunde richt zich op de synthese en de 

karakterisering van de benodigde materialen, die de ingenieurs op zo’n 

manier structureren dat ze lijken op de interne structuur van het 

respectievelijke weefsel of orgaan. Hierin is de rol van de biologen niet te 

miskennen. Zij verschaffen de kennis om cellen in deze systemen te 

introduceren, en om hun proliferatie en differentiatie te ondersteunen tot 

een specifiek weefsel zich vormt. Aldus wordt een (bio)materiaal ontwikkeld. 

Voor de constructie van (bio)materialen als implanteerbare 

weefselstructuren, is de ontwikkeling van driedimensionale (3D) 

microfluïdische systemen voor celculturen een noodzaak geworden. Ze 

bieden een gecontroleerde omgeving waarin met meer precisie en een 

verminderd verbruik van reagentia gewerkt kan worden. Zo vormen ze  een 

uitstekend alternatief voor de conventionele methoden die momenteel 

gebruikt worden in de biologische labo’s. In deze microsystemen worden 

kleine hoeveelheden vloeistof gemanipuleerd via microscopisch kleine 

kanaaltjes. Hun specificiteit en flexibiliteit overtreft die van gebruikelijke 

‘well plates’ of tweedimensionale films voor het kweken van cellen omdat ze 

de mogelijkheid bieden om diverse celtypes te co-kweken. Bovendien 

kunnen ze, afhankelijk van de toepassing, individuele tot miljoenen cellen 

bevatten.  

Het doel van het huidig werk bestaat erin de kennis van de verschillende 

onderzoeksdisciplines te combineren om de tekortkomingen van de 

bestaande methoden en technologieën te verhelpen waardoor de 

constructie van driedimensionale, biologisch afbreekbare microfluïdische 

systemen voor celculturen en weefselregeneratie mogelijk wordt. Deze 

systemen zullen dus uiteindelijk celculturen onderhouden en hun proliferatie 
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stimuleren tot een weefsel gevormd wordt. Leverweefsel werd gekozen als 

model voor de ontwikkelde technologie omwille van zijn complexe structuur. 

Dit weefsel bevat twee celtypes, namelijk hepatocyten en endotheelcellen, 

die in een drielaagse architectuur zijn georganiseerd. 

Dit proefschrift bestaat uit verschillende hoofdstukken waarin de specifieke  

onderwerpen ter verwezenlijking van het uiteindelijke onderzoeksdoel 

besproken worden. Het multidisciplinair karakter en de samenwerking 

tussen de verschillende onderzoeksgebieden met hun respectievelijke 

competenties worden besproken in hoofdstuk 1. Aangezien synthetische 

biomaterialen, die de ECM nabootsen, een brede waaier aan biomedische 

toepassingen hebben, werd bovendien één van de polymeerfilms ook 

gefunctionaliseerd met gelatine. Hiertoe werd een chemische 

immobiliseringstechniek aangewend die tot nu toe nog nooit werd toegepast 

voor poly-(polyol sebacaat) polymeren. Dit is een verbetering ten opzichte 

van de reeds bestaande fysisorptie methoden die leiden tot verwijdering van 

proteïnen van het materiaal. 

De synthese en de karakterisering van nieuwe poly-(polyol sebacaat) 

afgeleide elastomeren wordt beschreven in hoofdstuk 2. Poly-(polyol 

sebacaten) zijn thermohardende materialen en bezitten verscheidene 

eigenschappen zoals biocompatibiliteit, biodegradeerbaarheid, optische 

transparantie etc., wat hun een goede keuze maakt voor de ontwikkeling van 

microfluïdische bioreactoren. Deze polymeren werden reeds goedgekeurd 

door de Amerikaanse Food and Drug Administration (FDA) voor gebruik in 

weefselregeneratie en implantaten. De synthese en de karakterisering van 

de verkregen pre-polymeren worden in detail besproken in dit hoofdstuk. 

In hoofdstuk 3 wordt het gebruik van de techniek electrospinning besproken 

voor het ontwikkelen van poreuze draagstructuren. Deze draagstructuren 

bieden de driedimensionaliteit die cellen nodig hebben om hun differentiatie 

en specifieke phenotypische expressie te behouden. Ze worden opgenomen 

in een latere stap van de uiteindelijke microsysteemtechnologie. De 

draagstructuren ontwikkeld in dit hoofdstuk kunnen op zichzelf staan als 

poreuze membranen die cellen afleveren, maar kunnen ook van nut zijn voor 

verschillende toepassingen, gaande van zachte tot harde 
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weefselregeneratie. Andere mogelijke toepassingen voor dit soort 

draagstructuren worden ook aangehaald, zoals bvb. cardiovasculaire 

weefselregeneratie. 

 

Microfabricagetechnologie is een interessant hulpmiddel dat toelaat om de 

materialen een specifieke topografie te geven. Dit wordt besproken in 

hoofdstuk 4. De hierin ontwikkelde technologie leidt tot een complexe 

driedimensionale architectuur voor microfluïdische omgevingen. Deze 

kunnen dan gebruikt worden in toepassingen zoals weefselmanipulatie, bvb. 

bij het ontwerpen van een weefselgeregenereerd orgaan. Omdat vitale 

organen meerdere celtypes bevatten, werd een poreus membraan bereid 

volgens electrospinning en geïntegreerd in de microfluïdische systemen. 

Deze strategie zou niet alleen de (co-)cultuur van cellen mogelijk maken maar 

bevordert ook de toevoer van nutriënten en zuurstof. 

 

In hoofdstuk 5 wordt de biocompatibiliteit van de ontwikkelde materialen en 

structuren, bekomen via electrospinning, geëvalueerd door middel van 

verschillende cellijnen. Zowel hun niet-cytotoxiciteit als hun potentieel voor 

de constructie van leverweefsel worden gedemonstreerd. 

Tot slot wordt een perspectief geboden op de gesynthetiseerde polymeren 

en hun toepasbaarheid in microsysteemtechnologie. De voorgestelde 

technologie kan aangewend worden voor verschillende toepassingen en kan 

makkelijk overgedragen worden op alle poly-(polyol sebacaten) die vermeld 

worden in de literatuur. De unieke eigenschap van de ontwikkelde 

microfluïdische systemen is het poreuze membraan dat de driedimensionale 

structuur voorziet die cellen nodig hebben om te groeien, terwijl de 

microkanaaltjes de cellen kunnen leiden en op een specifieke manier kunnen 

organiseren om het natuurlijke weefsel beter na te bootsen. 
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Chapter 1: Introduction 
 

1.1. Motivation and Objectives 
 

Liver diseases that lead to liver failure are becoming one of the most common 

causes of death in the world. The World Health Organization (WHO) 

estimated that by 2016 approximatively 1.800.000 people will die due to liver 

disease, while by 2030 this number will reach around 2.500.000 [1]. These 

alarming facts, together with the limited amount of liver organs available for 

transplantations, led to alternative approaches such as extracorporeal 

devices [2-4], stem cell therapy [5, 6], or artificial liver devices [7, 8]. Tissue 

engineering uses cell biology, material science and engineering methods in 

order to develop biological substitutes to improve, replace or regenerate 

biological functions [9]. In the case of liver tissue engineering, the 

investigated cells used are stem cells, hepatocytes [10, 11], endothelial cells 

[12, 13] and co-culture systems [14, 15]. The materials used to deliver or/and 

to sustain the growth of these cells have to possess special properties such 

as biocompatibility, biodegradability and immunological inertness. The 

material design is also essential as the scaffold architecture offers specific 

shapes, increased surface area and therefore play an important role in cell 

survival, morphogenesis, and function [14, 16].  

The primary goal of the present work is to develop biodegradable and 

biocompatible platforms/scaffolds for liver regeneration. For this purpose, a 

novel three-dimensional microsystem bioreactor is proposed. The bioreactor 

is desired to be biocompatible, such that it can present the possibility to be 

implanted in the human body. Biodegradation is another key-aspect of the 

microsystem. As the final application is the growth of liver tissue inside the 

bioreactor, a short degradation time of three months is desired. In this 

context, the steps required to achieve this goal are: the synthesis of new 

synthetic biodegradable and biocompatible materials that can be processed 

via microfabrication techniques; the fabrication of a porous membrane that 

can provide the 3D space in which the liver cells can proliferate and 
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differentiate; and the development of the final bioreactor from the assembly 

of above mentioned materials and membranes.  

 As soft elastomers have become widely used in diverse soft tissue 

engineering (TE) applications such as liver TE, the synthesis of poly (erythritol 

sebacate) (PES) is initially considered. This material belongs to the same 

material class as poly (glycerol sebacate) (i.e. the biorubber) [17], with the 

difference that the sugar alcohol used is erythritol instead of glycerol. The 

reaction between erythritol and sebacic acid was previously reported [18], 

but some important characterization aspects such as degradability and 

cytotoxicity behavior were lacking. Therefore, the development of derived 

poly(polyol sebacates) starting from glycerol and erythritol that could offer 

diverse bulk and surface properties is targeted. This class of elastomers was 

chosen for its relatively fast degradation time (i.e. two months in vivo), 

biocompatibility, flexibility and optical transparency, the latter requirement 

being important especially during the microfabrication of the final 

bioreactor.  

Microfabrication and microelectromechanical system technology are micro-

engineering methods designed to shape materials such that a good spatial 

resolution is obtained [19]. Up to now, most of the developed microfluidic 

bioreactors were created by essentially two ways: either bonding a patterned 

layer on top of a flat one [20], or by stacking and bonding single-layer 

microfluidic networks [21]. Microfabrication technology is basically a 2-

dimensional (2D) technique that generates patterns on 2D surfaces, and 

therefore it limits its use in the study of surface morphology effects on cell 

growth [22]. Another limitation consists in the hypoxic oxygen 

concentrations that arise from the use of polymer thicknesses over 200 µm 

and that further restricts the maximum thickness of the engineered tissue 

[20]. In order to counteract these limitations, the integration of a porous 

membrane in between two micro-patterned microfluidic layers is proposed. 

To the best of our knowledge, this unique strategy has not been reported for 

biodegradable microfluidics.  

Electrospinning is the chosen traditional scaffold fabrication technique used 

to create the porous membrane that is to be placed in between the 
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patterned microfluidic layers of the final bioreactor. Its purpose is to provide 

cell support, cell-to-cell interaction thus mimicking the extracellular matrix 

(ECM). In microfluidic systems, it provides solution to the oxygen diffusion 

limitations imparted by microfluidic membranes with thicknesses exceeding 

200 µm [20]. Electrospun membranes have found applications in microfluidic 

systems, biosensors and lab-on-a-chip devices [23]. Most of the applications 

involve point-of-care diagnostics or tissue engineering and regenerative 

medicine. Up to now, the membranes consisted of polyvinylidene difluoride 

[24], track-etched polycarbonate [25], polystyrene [26], polyurethane [27], 

polyvinylpyrrolidone and incorporated into poly (dimethylsiloxane) (PDMS) 

or poly (methylmetacrylate) (PMMA). In the context of tissue engineering 

and regenerative medicine, the ability to manipulate the cell 

microenvironment is important in achieving an in vitro organ model. 

Therefore, it is preferable that the system comprises of materials that are 

easily biodegradable in order to minimize the foreign body response. 

Moreover, due to the usual small dimensions of the microsystem bioreactor 

(i.e. 100 µm width, 100-200 µm height) the electrospun membrane is desired 

to have a thickness of a few tens of microns (i.e. 20µm) and to be transparent 

enough for the final alignment in between the patterned microfluidic layers.  

In the present dissertation, a biocompatible system is proposed for which 

both the membrane and the microfluidic materials are biodegradable. The 

microfluidic devices were fabricated of biodegradable and biocompatible 

elastomers, poly (glycerol-sebacate) (PGS) and poly (erythritol-sebacate) 

(PES) that serve as a proof of concept, that the developed technology in this 

work can be transferred to all poly (polyol sebacate)s. The membrane 

consisted of either poly (L-lactic acid) or a combination of this polymer with 

the synthesized elastomer poly (erythritol sebacate). The combination of 

traditional scaffold fabrication (i.e. electrospinning) and microfabrication 

techniques is hypothesized to provide the needed platform to create 

complex in vitro environments that allow the culture of multiple cell types, 

and oxygenation and nutrients diffusion to the cells.  
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1.2. Biomaterials in Tissue Engineering 

Nowadays there is a growing interest from the scientific and industrial world 

for cell culturing and tissue engineering. A stringent need of producing and 

using more complex tissues with different types of cells and with a more 

complex 3-dimensional (3D) structure drives researchers to study 

biomaterials and imprint novel designs using different tools [28-31]. Tissue 

engineering has different approaches for the development of a biological 

substitute, such as: the use of cells or the delivery of tissue-inducing 

substances at the targeted location and growing cells in three-dimensional 

scaffolds [32]. Amongst these, the latter is one of the most popular as the 

first mentioned paths present serious restrictions such as shape and size 

limitation as well as poor control over the cells. The schematic representation 

of one of the tissue engineering approaches is depicted in Figure 1.1. More 

specifically, the process starts by isolating cells from a donor that are further 

cultured under controlled conditions in a biocompatible scaffold. The 

obtained cell/scaffold construct is then implanted/delivered in the patient’s 

body at the specific location.  

According to the European Society for Biomaterials, a biomaterial is a 

“material intended to interface with biological systems to evaluate, treat, 

augment or replace any tissue, organ or function of the body” [33]. In nature, 

the equivalent for a biomaterial is the extracellular matrix (ECM). It is 

secreted by resident cells and supports tissue and organs. The ECM provides 

physical support and spatial organization, as well as an interactive 

microenvironment that supports and promotes cellular functions [34, 35]. 

Therefore, there is a continuous bidirectional cross talk between the cells and 

the surrounding ECM [36]. Due to the fact that the ECM contains structural 

proteins (e.g., collagen and elastin), cell adhesion proteins (e.g., fibronectin 

and laminin), and glycans (e.g., glycosaminoglycans (GAGs) and 

proteoglycans), a great number of investigated materials for tissue 

engineering are natural polymers.  

These include protein-based biomaterials such as collagen, gelatin and silk 

[37] or polysaccharide-based biomaterials like cellulose, chitin/chitosan, 
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glucose [38, 39]. Although natural materials have been applied to create 

tissue engineered scaffolds due to their biocompatibility and low foreign 

body reaction, natural materials possess important limitations such as the 

difficulty in controlling their mechanical properties and degradation rates. 

Synthetic biomaterials, on the other hand, are the preferred option because 

they are cheaper to fabricate in large quantities, have a longer shelf life and 

they have tunable properties. All these characteristics make the synthetic 

materials more pliable for a wide range of applications. Synthetic polyesters 

are well-investigated materials for scaffold production due to the fact that 

they can be designed into various shapes and pore features [40]. 

Nevertheless, synthetic materials can pose biocompatibility issues as their 

ability to induce tissue remodeling or regeneration by themselves is low.  For 

this purpose, this type of polymers can be functionalized with different 

chemical groups such that either the surface chemistry or the bulk properties 

are tailored for specific applications. 

 

Figure 1.1: Schematic representation of a tissue engineering approach 

For liver TE, poly (ԑ-caprolactone) or PCL is a well-known polymer that has 

attracted attention from both research world and industry due to its 

biocompatibility, structural stability and capacity to form blends with a large 

number of other polymers [41-43]. One of the first bioresorbable polymers 
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synthesized by Van Natta and his colleagues in the 1930s [44], PCL has 

appealing properties such as very low glass transition temperature (-60°C), 

low melting temperature (≈ 60°C) and high thermal stability [45]. These 

attributes make this polymer suitable for a large range of applications, from 

the medical and pharmaceutical sectors to packaging and microelectronics 

[46]. The initial biomedical objectives of PCL were the development of 

controlled drug release carriers and of absorbable surgical sutures. In the 

1980s, the need for polymers with faster degradation rates led to decreased 

interest towards PCL, which can take up to several years to degrade [47]. 

Therefore, more easily resorbable polyesters like polyglycolide (PGA), poly 

lactic acid (PLA) and their copolymers, poly lactide-co-glycolide (PLGA), 

gained popularity [48]. Their mechanical properties are dependent on 

molecular weight, polydispersity index and degree of crystallinity, while the 

degradation rates depend on the monomer composition ratio. For example, 

PLGA polymers with more lactide units in their composition are more 

hydrophobic and degrade more slowly due to the methyl side groups in PLA 

[49]. Higher content of PGA leads to faster degradation, with the exception 

of PLGA with a monomer ratio of 50/50 which exhibits the fastest 

degradation [50].  

Polyurethanes are other materials with great diversity of chemical 

compositions and mechanical properties [51]. The polyurethane structure is 

composed of isocyanates and bi- or poly-hydroxy functional groups. 

Additional chain extenders can be added to the chemical structure leading to 

rigid segments. The versatility of these type of materials comes from the fact 

that they can be either thermoplastics (i.e. becomes soft when heated and 

hard when cooled) or thermosets (material that, once cured, it irreversibly 

maintains its form), depending on the chemistry used. The use of 

components with two functionalities (i.e. diisocyanate and bi-functional 

polyols) leads to thermoplastic materials, while more than two functional 

groups lead to three-dimensional chemical crosslinking. Polyurethanes have 

been studied for soft tissue engineering such as liver TE [52, 53] and 

cardiovascular TE since the 1990s, but they present disadvantages such as 

susceptibility to hydrolytic, oxidative and enzymatic degradation in vivo [54].  
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Although the above mentioned polymers and many others have been 

evaluated for their suitability to create an implantable tissue engineered 

liver, in the last decade, synthetic elastomeric materials such as poly (glycerol 

sebacate), and poly (polyol sebacate)s (PPS) [55] emerged as attractive 

materials for soft tissue engineering applications due to their 

biocompatibility and to the tunability of the materials’ mechanical 

properties, that can resemble those of the native tissue [56]. For example, 

the Young’s modulus of one PPS, namely poly(glycerol sebacate), is between that 

of ligaments (kPa range) and the myocardium (i.e. ranges between 0.02 and 0.5 

MPa) and its maximum elongation is similar to that of arteries and veins (i.e. 

260%) [56]. Poly(polyol sebacates) are synthesized from an alcohol containing 

multiple hydroxyl groups (i.e. polyol) and sebacic acid, a dicarboxylic acid 

endogenous to human metabolism. Preferred polyols for the 

polyesterification reaction with sebacic acid are sugar alcohols, as they are 

used both in food and pharmaceutical industry. Table 1.1 below shows some 

common sugar alcohols and their structure. The reaction that occurs 

between these monomers is a polycondensation (polyesterification, with 

removal of water molecules) whereby the primary hydroxyl (–OH) groups 

react first with the carboxylic groups (-COOH) with a formation of a pre-

polymer (i.e. low molecular weight). At this point, the pre-polymer can still 

be dissolved or processed in different shapes. The next reaction implies 

curing or crosslinking the –OH groups left unreacted towards the middle of 

the polyol structure with the free –COOH groups. This results in more ester 

links and crosslinks between polymer chains and therefore leads to an 

elastomeric network that cannot be dissolved or remodeled [51].  

Poly (glycerol sebacate) is the most studied among all the above presented 

PPS and the first one developed by Langer and his co-workers [17]. While the 

other materials presented in Table 1.1 were synthesized and characterized 

to underline the potential use in tissue engineering, PGS has been studied 

specifically for cardiovascular [57, 58], neural [59], cartilage [60], and retinal 

tissue engineering [61]. Its biocompatibility arises from the compatibility of 

its monomers, both intrinsic to human metabolism [56, 62]. While glycerol is 

a triol that forms the backbone of triglycerides, sebacic acid occurs naturally 

(i.e. castor oil). The degradation behavior of PGS is another important feature 
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when considering biomedical applications. After a number of studies that 

focused on this subject, it was concluded that the in vivo and in vitro studies 

cannot be correlated. This is due to the fact that the polymer degrades in PBS 

only around 17% after 60 days, while the in vivo experiments in rats attest a 

total resorption of PGS in the same time frame [17]. 

Table 1.1: Sugar alcohols used for the polyesterification reaction with sebacic acid 

Sugar alcohol 
Acids used for 

polyesterification 

Abbreviation 

of resulting 

polymer 

Applications Ref. 

 

 
Glycerol 

 
Sebacic acid 

PGS 

Soft tissue 

engineering 

scaffolds 

and 

microfluidic 

devices 

[57-

60] 

 
Erythritol 

 
x=1-8,10,12 

PES 

Tissue 

engineering 

with general 

applications 

[18] 

 
Xylitol 

 
Sebacic acid 

PXS 

[55] 

 

 
Sorbitol 

 
Sebacic acid 

PSS 

The in vivo characteristics of PGS materials with different crosslinking 

densities [63] also reported no significant correlation between the polymer 

mass loss and the crosslinking density (i.e. curing time). It was stated that the 

in vivo degradation mechanism is probably controlled by an enzymatic 

surface erosion process [64]. Therefore, introducing new chemical 

functionalities in the PGS structure might provide a solution for applications 

that require slower degradation rates [40].    
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1.1.1. Modification of Polymers: Bulk vs. Surface Modification 

Tailored polymers for biomedical and pharmaceutical applications can also 

be obtained by polymer modification, a flexible alternative to the synthesis 

of new materials. Modification techniques include a range of 

transformations such as polymerization reactions, blending, grafting/ 

functionalization, chain extension, cross-linking, branching, etc. In what 

follows, a focus will be on the modification of the bulk and surface properties 

of materials. 

Bulk Functionalization 

The bulk properties can be changed mainly to target special properties and 

therefore to tailor a material for a specific application. This is most commonly 

achieved by either blending different polymers that present complementary 

properties or by adding an additional functionality to a certain polymer chain.  

A typical example of changing the bulk properties is represented by the 

studies of variations in the composition of the PGS elastomer, with the hope 

of finding new and better materials with various applications. A blend of PGS 

with citric acid in molar ratios of 4/4/1 and 4/4/0.6 (glycerol/sebacic 

acid/citric acid) and its effect in controlling the curing times was investigated 

[65]. This had the goal to render more mechanical strength and to shorten 

the curing time for the PGS elastomer. The authors state that the mechanical 

properties had improved as the Young modulus increased from 0.9 to 5.3 

MPa and elongation at break increased from 33% to 117%. 

 In another attempt to  improve the mechanical properties of this type of 

material, poly(glycerol-sebacate-citrate) (PGSC) was reinforced with nano-

fumed silica [66]. It is stated that the obtained elastomers had improved 

mechanical properties due to the filler-polymer interaction and that a 

weakened cytotoxicity was observed, making the materials suitable for 

biomedical applications. The creativity of researchers also led to blending 

PGS elastomer with thermoplastic materials such as poly(L-lactide) or 

polycaprolactone. Therefore, poly(glycerol-sebacate-L-lactide) copolymers 

were synthesized via a ring-opening polymerization of L-LA initiated by 

Sn(Oct)2 and PGS.  These branched copolymers exhibit higher molecular 
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weights than PGS alone and lower onset decomposition temperatures than 

PLLA [67, 68].  

Surface Modification 

The first contact between an implantable biomaterial and the body is 

essential and determined by the surface properties of the material. 

Implantation of a biomaterial can lead to a sequence of events if it is rejected 

by the body. Danger signals are released from the damaged tissue around 

the biomaterial and the first response of the immune system to injury starts 

with acute inflammatory response. Acute inflammation is dominated by the 

action of polymorphonuclear leukocytes (PMNs) that corrode the 

biomaterial surface [69]. This is followed sometimes by chronic inflammation 

where, by the activation of macrophages, the biomaterial will be engulfed. 

Cell infiltration can occur when inflammatory cells such as lymphocytes, 

macrophages, etc. infiltrate around the blood vessels. The fusion of the 

macrophages leads to giant cells (multinucleated), which try to degrade the 

biomaterial. If the giant cells are not able to degrade the biomaterial 

(“frustrated phagocytosis”), then collagen is secreted and encapsulates the 

biomaterial, isolating it from the body environment (i.e. foreign body 

reaction). Successful tissue repair requires both inflammation and solving the 

inflammation. In the resolution phase of the inflammation there is an 

increase in the inflammatory mediators, a decrease of leukocyte endothelial 

adhesion and the removal of inflammatory cells (lipoxins, resolvins, 

protectins) is stimulated [70].  

Therefore, in order to surpass the common limitation of the synthetic 

biomaterials (i.e. biological recognition) surface modification strategies are 

required. Up to now, a wide variety of surface modification techniques have 

been developed to improve the surface properties of polymer, via an either 

physical or chemical route [71, 72]. Various biomolecules inspired from the 

extracellular matrix were absorbed on the material surface through physical 

procedures [73-75]. However, for long time cell culturing, the physical 

adsorption method has the disadvantage that the protein might diffuse away 

and become unavailable for cellular interactions [76]. More stable coatings 

are provided through chemical approaches, where an active biomolecule can 



PhD Thesis Diana-Elena Mogosanu  35 | P a g e  
 

also be covalently immobilized on the substrate surface [77]. The general 

scheme of surface bio-functionalization is depicted in Figure 1.2. Due to the 

inert nature of most polymers used in tissue engineering, the surface has to 

be firstly functionalized before the attachment of the biomolecule [77].  

 

Figure 1.2: General representation of polymer surface modification with a biological compound  

After this step, the optimization of the surface functionalization is required 

in order to introduce the specific type and quantity of reactive functional 

groups. An intermediary step might be needed depending on the specific 

case.  Surface modification of polymer surfaces can be achieved by either dry 

or wet chemical methods.  

The dry methods include low temperature plasma [106-109], corona 

discharge [110, 111], flame treatment [112, 113] or UV [114, 115], while the 

wet methods include salinization [116, 117], polymer adsorption, polymer 

grafting or grafting polymerization. As the literature on this subject is 

extremely vast, the goal of the above discussed surface modification 

methods is to contribute to the development of specific applications within 

a wide range of scientific disciplines. Therefore, some of the main 

applications of polymer surface modification via the attachment of bioactive 

compounds on some representative polymers are presented in Table 1.2. 

Table 1.2: Main polymers that are surface modified with biomolecules for tissue engineering 

and biosensor applications 
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Polymer 

Immobilized 

Bioactive 

molecules 

Applications Ref. 

Poly(α-hydroxyacids): 

 

Poly(lactic acid) 

Poly(glycolic acid) 

Poly(lactic-co-glycolic acid) 

Poly(ԑ-caprolactone) 

 

 

 

 

 

 

 

 

Enzymes 

peptides 

polysaccharides 

antibodies 

 

 

Tissue engineering 

Drug delivery 

[49, 56, 

78, 79] 

Polyurethanes 
Tissue engineering 

Medical devices 
[51, 54] 

Poly(polyol sebacates): 

 

Poly(glycerol sebacates) 

Poly(erythritol sebacates) 

Poly(xylitol sebacates) 

 

 

Tissue engineering 

[17, 56] 

Poly (diol citrate) 

Poly (1,8-

octanediol)citrate 

Tissue engineering 

Biosensors 

MEMS 

[80, 81] 

Poly(methyl methacrylate) 

Tissue engineering 

Microarrays 

Biosensors 

Immobilized enzymes 

MEMS 

Packaging materials 

[82-90] 

Polystyrene 

Bioanalytical assays 

Antimicrobial surfaces 

Tissue culture 

[91-94] 

Poly(tetrafluoroethylene) 
Biosensors, 

MEMS 
[95-97] 

Poly(ethylene 

terephthalate) 

Biocompatible/hemocompatibl

e 

materials 

Antimicrobial surfaces 

Textiles 

Tissue engineering 

[75, 98-

101] 

Poly(dimethyl siloxane) 
Biosensors 

MEMS 

[102-

105] 
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1.2. Processing Techniques and Microfabrication 

1.2.1. Classical Scaffolding Techniques  

Medicine requires an increasing number of implantable materials and 

medical devices for tissue repair or regeneration, synthetic scaffolds or 

three-dimensional constructs provide a solution for a wide range of medical 

problems [40]. Polymeric scaffolds offer support for cells to proliferate and 

maintain their differentiated function. In the same time it supplies proper 

mechanical function and mass transport for biological delivery and tissue 

regeneration due to the internal architecture and physico-chemical 

properties. The most common classification of scaffolds architecture is in 

two-dimensional (2D) structures, defining mostly sheets or films, and three-

dimensional structures, such as porous solids, hydrogels, foams, or sponges 

characterized by a high porosity [118]. Some typical examples of classical 

scaffolding techniques include salt leaching, membrane lamination, phase 

separation, freeze drying procedures, rapid prototyping or electrospinning 

and are briefly described in the next paragraphs [119, 120].  

Particulate leaching  uses a template (e.g. particles) that is dispersed within 

a polymeric or monomeric solution, which is then fixed or gelled; removal of 

the template results in porous scaffolds [121, 122]. 

Phase separation techniques involve the separation of a polymer solution 

into two phases, a polymer-rich phase and a polymer-lean phase. After the 

solvent is removed by extraction, evaporation or sublimation, the polymer-

rich phase is solidified, rendering porous membranes and scaffolds to be 

used in biomedical applications [32, 121, 122]. 

Electrospinning is a versatile technology that has the main advantage of 

creating scaffolds with high porosity as well as high surface area-to-volume 

ratio [123]. In the electrospinning process, a polymer solution is converted 

to a fibrous structure via electrostatic forces. The polymer solution is 

delivered through a needle while a high voltage (1-30 kV) induces charges in 

the fluid and thus stretches the polymer droplet into fibers. Thus resulted 

fibers are collected on a grounded collector under the form of nonwoven 
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fibers. This process is affected by polymer characteristics, polymer solution 

parameters, process parameters, collector conditions and ambient 

parameters. By varying these parameters it is possible to obtain electrospun 

fibers and structures with various morphologies and properties. 

Solid free-form fabrication techniques and Rapid Prototyping enable the 

development of scaffolds by selectively depositing materials in a layer-by-

layer approach. Each layer is designed with a computer software. These 

provide scaffolds with a highly reproducible architecture and compositional 

variation across the entire matrix [122]. Different rapid prototyping 

techniques such as stereolithography, 3D printing and extrusion based 

systems (i.e. Fused deposition modeling) are described in literature [121, 

122, 124]. 

Stereolithograpy uses a focused laser light to scan the surface of a photo-

sensitive material and to produce 2D patterns of polymerized material. The 

build-up of a 3D construct is made using a layer-by-layer approach, whereby 

the fabrication platform moves stepwise in the Z-direction after a 2D layer is 

finished. The step height of the fabrication platform is typically smaller than 

the curing depth, ensuring good adherence of subsequent layers [120-122]. 

3D printing is used to create a three dimensional scaffold from a digital model 

(i.e. a CAD representation), by adding a material layer-by-layer [40]. Three-

dimensional objects can be printed in different shapes or geometries and are 

investigated for various applications, including bone, cartilage, retinal, 

cardiovascular tissue engineering [125]. 3D scaffolds are desired to be highly 

porous, have interconnected pore networks and adequate pore size for cell 

migration and infiltration.  

Fused deposition modeling implies the extrusion of a thermoplastic material 

in a temperature-controlled manner and the deposition of the semi-molten 

polymer on a platform in a layer by layer process. A computer-aided (CAD) 

model is used in this process. The parameters depend on the specific 

application. The filaments are fused together upon cooling [121, 122, 126]. 
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1.2.2. Microfabrication Techniques and Microfluidics 

Microfabrication techniques and microfluidics are increasingly becoming 

part of modern science and technology. They appeal to both science and 

industry due to the ability to develop systems with compact dimensions in 

the range of micrometers to millimeters. Such microsystems present a 

multitude of advantages such as the obvious size reduction that not only 

ensures low amounts of reagents but also lower amounts of waste. Another 

important aspect of these systems is that they can have multiple components 

with different functionalities, allowing a high degree of automation and 

parallelization of processes that otherwise would consume more time and 

resources [127]. This approach led to the appearance of terms such as “lab-

on-a-chip” (LOC) or “micro total analysis system (μTAS)”.  

Although microfabrication has emerged out the need for better 

microelectronics devices, in the last decades applications of micro-

engineered systems such as microanalysis [128], microelectromechanical 

systems (MEMS) [129] and tissue engineering [130] gained increasing 

interest. With a market that is estimated to grow to $32 billion by 2018, 

tissue engineering is dealing with mimicking the complexity of tissues in vitro. 

Providing 3D micro-features within a scaffold has become a new challenge 

for the field of microfabrication.  

Materials in Microfabrication  

Specific geometric features are produced via suitable fabrication techniques 

provided that the material properties apply to the constraints of the 

fabrication methods. Therefore, the material choice is of utmost important 

and should be considered before attempting to imprint a specific design. 

Some of the most used materials in microfabrication are briefly presented in 

the next paragraphs. 

Silicon is the base material of MEMS and it has a long tradition in 

semiconductor and MEMS fabrication. It is used as single-crystal wafer with 

diameters of 75–200 mm and thicknesses of 0.25–1.0 mm. In addition it has 

excellent electrical properties and high strength that allows higher strain 

levels [131]. 
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Glass has the advantage of optical transparency. Although glass wafers come 

in various compositions and sizes they are brittle and the surface chemistry 

is difficult to manipulate [131].  

Polymers such as PDMS and PMMA have been amongst the most preferred 

materials. Their advantages consist of being inexpensive, flexible, and 

transparent to visible/UV. More recently introduced in microfabrication are 

soft materials like hydrogels and elastomeric PGS due to their surface 

properties that can be more easily modified and their improved 

biocompatibility and bioactivity over the other materials. These are mostly 

used in biotechnology and microfluidics applications [131].  

Thermoset polymers are materials in a soft solid or liquid state that once 

subjected to a process called curing they irreversible harden and form a 

polymer network that cannot be reheated and melted to be shaped 

differently. Examples of thermoset materials include PGS, PI, epoxy and 

phenolic resins. 

On the other hand, thermoplastic polymers become moldable above a 

specific temperature and solidify upon cooling. In comparison with 

thermosets that contain irreversible chemical bonds after curing, 

thermoplastics can be reshaped as many times as needed. PLA, PCL, PVC, 

COC, PP, PC are just a few examples of thermoplastic materials used in 

microfabrication.  

Nevertheless, for tissue engineering applications and especially for 

implantation within the human body, there is a constant need of new 

biocompatible and biodegradable materials that can be processed via 

microfabrication techniques in order to have the desired topography for the 

specific application.  

Microfabrication Techniques  

Soft lithography represents a group of techniques that uses stamps, molds, 

and masks for pattern transfer on a substrate material. The work “soft” 

comes from the use of an elastomeric soft stamp to transfer a pattern into 

materials. The most common material used as a stamp is PDMS, a flexible 
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transparent material that is nontoxic, impermeable to water but permeable 

to gasses. Thermoplastic materials such as PMMA or COC are also 

successfully used as molds due to the fact that they are less fragile and 

susceptible to deformation than PDMS [132]. Although metal molds made of 

(stainless) steel or aluminum and metallic micro-parts (i.e. parts with a 

maximum size below 10 mm and features in the micron range) have been 

used in the field of micro-electronics, micro-machinery, their application in 

tissue engineering seems to be mostly for thermoplastic materials such as 

ultra-high molecular weight polyethylene and bone (i.e. hard) tissue 

engineering (TE) applications  [133, 134]. In the context of liver TE or soft TE, 

PDMS microfluidic environments were created for high density hepatocyte 

culture using soft lithography and replica molding. This microfluidic system 

enabled HepG2/C3 cells to be assembled in close proximity to each other 

without nutrient limitation (Figure 1.3). The authors state that this design 

mimicked the natural liver tissue configuration, where a high density of 

hepatocytes is in close contact with the microcirculation [135].  

 

Figure 1.3: (a) PDMS Microfluidic culture unit design. The microfluidic unit consisted of three 

parts: a 150 μm wide by 440 μm long cell culture area (blue), a microfluidic perfusion barrier 

(gray), and a medium flow channel (red). Inset shows SEM micrograph of the perfusion 

channels. Scale bar represents 5 µm. Figure reprinted and adapted from [135] with permission.  

Replica molding reproduces geometric features from a mold into a material 

by first coating the mold, followed by solidification of the material. 

Compression molding targets both thermosets and thermoplastics and can 

impart a specific shape on opposing sides of a material. For biodegradable 

thermoset materials such poly (glycerol sebacate), replica molding is used to 
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fabricate porous scaffolds with thickness of 45 µm for retinal cells grafting 

(Figure 1.4), as possible treatment of treating blinding disorders [136]. 

 

Figure 1.4: Replica molding of a soft elastomer, PGS, for retinal tissue engineering applications. 

Figure reprinted and adapted from [136] with permission of Elsevier. 

Hot embossing can be applied to almost any thermoplastic material (e.g. PC, 

PMMA, PVB, PET, etc.) and is based on heating and plastic deformation while 

a load is applied to the material. After the removal of heat and pressure, the 

molded thermoplastic retains its new shape [137]. Different plastic materials 

such as PC, PMMA, PS, COC and PDMS were processed via hot embossing for 

advanced microfluidic cells and tissue culture models as seen in the below 

Figure 1.5.  

Photolithography is a process used in microfabrication to selectively remove 

parts of a thin film from a substrate. The process flow requires a substrate 

that is coated with a light‐sensitive chemical called photoresist (i.e. resist). 

Deposition of the photoresist on a wafer is done by spin coating, lamination, 

spray coating or electrodeposition. 
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Figure 1.5: Hot embossing of different plastics cultured with human hepatoma (HepG2) cells. 

Reprinted adapted with permission from van Midwoud, P.M., et al., Comparison of 

Biocompatibility and Adsorption Properties of Different Plastics for Advanced Microfluidic Cell 

and Tissue Culture Models. Anal Chem, 2012. 84(9): p. 3938-3944.[137]. Copyright 2012 

American Chemical Society. 

The pattern is transferred from a mask to the resist by light irradiation. The 

mask is usually chrome or a transparency mask that allows light to shine 

through in a defined pattern. Depending if the resist used is positive or 

negative, the light will either harden the exposed are or not. By removing the 

remaining unnecessary resist, the pattern is transferred and the mold is 

therefore developed [138]. For tissue engineering, this technique has been 

used to create microfluidic channels mimicking blood vessels bifurcated 

networks from amino alcohol-based poly(ester amide) elastomers (Figure 

1.6) [139]. 

Subtractive processes refer to wet and dry etching techniques. Etching is 

considered to be the second most basic type of microfabrication process 

after photolithography [140]. Subtractive processes are used to create 

cavities such as microchannels, wells, orifices. In wet etching, the material is 

attacked by a liquid chemical (i.e. etchant) and removed order to create 

channels or cavities. In the case of the dry etching process, the substrate is 

not immersed in liquid. The most common method of dry etching is in a 

plasma (either direct current or radio frequency), which consists of high-

energy ions and electrons, as well as neutral particles. An important 

parameter for plasma etching is the pressure used, as it can affect the etch 

profile and the surface roughness. 
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Figure 1.6: Microfluidic channels from amino alcohol-based poly(ester amide) elastomers for 

soft tissue engineering applications. Printed with permission from [139]. 

Additive processes consist of vapor deposition, plating, and printing. While 

for subtractive processes the directionality of material removal can be 

classified as isotropic (i.e. uniform in all direction) or anisotropic (i.e. 

preferential), for additive processes the profile of added material is either 

conformal (i.e. material continuity is preferred) or nonconformal (i.e. line-of-

sight directionality) [140].  

Microfabrication techniques such as the ones described above have emerged 

from automotive, microelectronics and aerospace industries  to be 

successfully integrated into the field of tissue engineering [141]. For soft 

tissue engineering applications and the specific characteristics of the herein 

proposed biodegradable and biocompatible microfluidic system, techniques 

such as soft-lithography, replica molding, photolithography and hot 

embossing are amongst the most suitable. 

1.3. Cell Biology and Liver Tissue Engineering 

Cell-based tissue-engineering techniques are important in diverse clinical 

applications. Material/ polymer science and engineering both work towards 

providing a proper environment for cells to proliferate and differentiate into 

a specific tissue/organ. Therefore, manipulation of cells through their 

extracellular environment (i.e. scaffolds, engineered templates) or even 

genetically to develop biological substitutes represents the final goal of tissue 

engineering [142].  
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For hepatic tissue engineering, the ideal biological liver substitute should 

perform most of the liver-specific detoxification, synthetic and 

biotransformation functions [143]. The first step for acute liver failure 

treatment was the development of extracorporeal devices [144]. Therefore, 

Liver Assist Devices (LADs) are temporary solutions that use hepatocytes to 

sustain the patient’s liver function until a transplant is possible. In this device, 

there is an exchange of nutrients, wastes, and gases occurs while cells 

undergo metabolism, protein production, and synthesis of hepatic products 

[14]. The schematic principles of LADs are presented in Figure 1.7. 

Nevertheless, the long term goal is to have a functional liver tissue to be 

implanted and replace these laborious devices.  

 
Figure 1.7: Schematic principles of extracorporeal systems for the treatment of liver failure, 

adapted from [134]. 

1.3.1. Liver Structure and Function 

The liver performs many essential functions related to digestion, immunity, 

and the storage of nutrients within the body metabolism. In addition to 

these, liver is essential to toxin removal and metabolic activity such as 

cytochrome P-450 activity, glycogen storage, urea production, and release of 

proteins, carbohydrates, lipids, and metabolic wastes [14].  

The liver is part of the digestive system and has as a morphological unit the 

hepatic lobule. In total, the liver contains up to 100 000 hepatic lobules that 
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are comprised by hepatocytes in a proportion of 60%, a complex array of 

vasculature (i.e. sinusoidal capillaries, endothelial cells) and other 

parenchymal cells (i.e. stellate cells, kuppfer cells, epithelial cells, biliary 

epithelial cells, and fibroblasts) [145, 146]. A simplified representation of the 

liver and the alignment of cells inside a hepatic lobule is depicted in Figure 

1.8.  

 

Figure 1.8: Schematic representation of liver and its inner structure 

The high complexity arrangement of the liver cells allows communication and 

attachment between cells, as well as interaction with the surrounding 

extracellular matrix [14]. Cells communicate directly through cellular and gap 

junctions and via chemical signals present in the biomolecules of the 

surrounding ECM [143].  

Therefore, it is fundamental for the cells from a liver engineered construct to 

have the same function as in the natural liver. Due to the liver’s 3D structure 

and the need of the cells to interact, co-culture systems have been more than 

often considered. Increased hepatocyte differentiation and proliferation was 

noticed when epithelial cells, mesenchymal cells, endothelial cells or 

fibroblasts were part of the co-culture system [14, 147, 148].  
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1.3.2. Representative Cells for Liver Tissue Engineering 

The choice for representative cells and cell sources is an important 

parameter for the study and growth of liver tissue. Up to now, the most used 

cells for this application were hepatocytes, stem cells, oval progenitor cells 

and hematopoietic cells [14, 149]. For stem cells, it is widely known that they 

can differentiate into a desired cell type, provided that the proper growth 

factors, extracellular matrix, signals and cues are supplied. Studies where 

bone marrow stem cells were delivered to patients with liver cirrhosis 

through perfusion of the peripheral vein or the hepatic artery showed a 

statistical improvement of their clinical condition [150, 151]. Hepatic 

progenitor cells, also called primary hepatocytes, are the precursor cells of 

mature hepatocytes. Up to now mostly rat and porcine primary hepatocytes 

have been isolated and grown in culture [12, 152, 153]. Human hepatocytes 

possess some challenges in this regard such as difficulty to be maintain in 

culture and inability to perform normal functions or undergo differentiation 

[146, 154].  

Currently, one of the most used cell lines for liver tissue engineering is 

represented by HepG2. These human cells are derived from metastatic 

tumors and have demonstrated a good capacity for growth in vitro. However, 

due to their carcinogenic nature, they are mostly used to assess the 

cytotoxicity of the scaffold or the designed culture material and not for 

transplantation in humans. This is also the case for rat and even porcine 

hepatocytes. Although the latter presents similar qualities and effects as 

human hepatocytes, the risk of animal virus transmission and immune 

rejection by the patient are obstacles that are not easily transcended.  

Therefore, human hepatocytes are to be considered for human 

transplantation although scarcity and difficulty in handling or culturing them 

might arise. In this context, stem cells seem to be a good compromise  as 

they divide asymmetrically to produce a new stem cell and a progenitor cell 

that subsequently undergoes differentiation and maturation to form 

functional tissues [155].  
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1.4. Outlook and Thesis Perspective 

The recent advances in the fields of materials science, engineering and 

biology show great promise for hepatic tissue engineering and for working 

towards an implantable organ. New materials or scaffolds that mimic the 

ECM by their innate structure or by grafting growth factors, enzymes and 

other mediators show great potential for cell attachment and proliferation. 

Nevertheless, the liver is a complex vascularized organ and all research 

should start having in mind its 3D architecture that encompasses multiple 

cell types and their interaction. Appropriate safe cell sources should be used, 

as well as standard procedures for their storage and culturing.  

The present thesis aims at building such complex hepatic model that 

considers both a 3D architecture and the possibility to have a co-culture 

system as to provide cell-to-cell interaction and, therefore, increase the 

chances of having functional hepatocytes. The herein developed model can 

also serve other tissue engineering application due to fact that the above 

mentioned features are also characteristic to other organs.  
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Chapter 2: Biodegradable Poly (polyol sebacate)s 

This chapter discusses the development of biodegradable and biocompatible 

materials for soft tissue engineering applications such as liver and 

cardiovascular tissue engineering. The work presented in this chapter was 

previously published in Macromolecular Bioscience [156]. 

2.1. Introduction 

Biocompatible materials are necessary for the purpose of the present thesis, 

as they will constitute the major part (i.e. the patterned layers) of the 

microfluidic bioreactor. One the one hand, the materials are required to be 

transparent and be able to be shaped in different forms so they can be 

assembled into the final device. Other important characteristics are 

biodegradability and the ability to maintain their topography until the new 

tissue is formed. For liver regeneration and tissue formation, the materials 

should to have a degradation rate of around three months, as it is well known 

that liver is an organ with a high regeneration rate (i.e. 1-2 months for normal 

liver and 3-5 months for injured liver [157]).  

The field of tissue engineering has focused its efforts on the regeneration of 

living tissues by culturing cells on biocompatible scaffold materials [5, 50, 

158-160]. The state of art regarding biomaterials has increased in the last 

decades as many scientists have struggled to guide the process of tissue 

regeneration. Until now, the scientific world tried to obtain the properties of 

native tissue using natural and synthetic derived materials. Natural materials 

present important properties like biological recognition, but also important 

limitations such as difficulty in controlling the mechanical properties and fast 

degradation rates. Synthetic biomaterials, on the other hand, are cheaper to 

fabricate, can be produced in large quantities and they can be tailored to 

meet strictly the needs of specific applications.  

Among these synthetic biomaterials, poly(polyol sebacates) are an important 

class of biomaterials in the field of tissue engineering. These thermoset 
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elastomers, amongst which poly (glycerol sebacate) (PGS) [55] is well known, 

have become most favored materials for tissue engineering [17]. Their 

biodegradability and biocompatibility derives from the two building blocks of 

the polymer, namely glycerol and sebacic acid, both being endogenous 

monomers found in human metabolism. While glycerol is part of the 

backbone of fats such as triglycerides, sebacic acid is a natural intermediate 

in the metabolism of fatty acids [62]. Other polyols, such as xylitol, sorbitol 

and, most recently, erythritol belong to the class of sugars and are used in 

different areas, from food industry to pharmaceuticals. The first reported 

synthesis of such an elastomer involved mixing equimolar quantities of the 

monomers under inert atmosphere (at 120°C) for 24h, followed by a vacuum 

condition from 1 torr to 40 mtorr for another 5 hours [17]. The result is a 

slightly yellowish pre-polymer that can be dissolved in most organic solvents 

and can be molded in different forms according to the desired application. 

By a subsequent crosslinking step (i.e. curing step), using high temperatures 

and vacuum, the final elastomer is obtained. Extensive research has been 

done on varying parameters such as molar ratio, type of reagents, and/or 

curing temperature and time [161-168].  

Poly (erythritol sebacate) (PES) is another soft elastomeric material, less 

known in literature but similar to poly (glycerol sebacate), with the difference 

that the sugar used is erythritol instead of glycerol. Both monomers are, as 

stated above, endogenous to human metabolism and approved by the U.S. 

Food and Drug Administration (FDA). It is one of the 

poly(erythritoldicarboxylate)s previously reported by Barrett et al. [18], but 

in their study some important characterization aspects such as degradability 

and cytotoxicity behavior are lacking which will be, amongst others, tackled 

in the present thesis.  

In the present work, a comparison between bulk and microwave 

polymerization of PGS- and PES-derived polymers is performed. The 

motivation behind choosing these two starting materials for synthesis and 

further modification was their potential as platforms for soft tissue 

engineering (TE). In addition, for the current application, there is a need for 

new materials derived from the mentioned poly(polyol sebacate)s that have 
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longer degradation rates, as the current available PGS materials are 

completely resorbed within 60 days [17, 56].  

The need of the modern world in which time is of the essence is addressed 

by using a microwave-assisted polycondensation process for the 

development of the novel poly(polyol sebacate)s. Microwave irradiation has 

become a viable alternative heat source for different types of 

polymerizations such as radical polymerization [169], cationic polymerization 

[170] and polycondensation [171]. Although its key advantage is the 

acceleration of the reaction rates due to the direct heating of the molecules 

present in the reaction mass, microwave irradiation also offers a highly 

reproducible and homogeneous synthesis process. To the best of our 

knowledge, this is the first report which describes the synthesis of the above 

stated poly(polyol sebacates)-derived polymers via microwave irradiation.  

In order to surpass the common limitation of the synthetic biomaterials (i.e. 

biological recognition), a new surface modification strategy of the polymer 

films is also reported in the present chapter. For this purpose, PGS was 

chosen as a representative material for all poly (polyol sebacates) and their 

derivatives. The strategy implied the chemical immobilization of gelatin on 

the 2-dimensional (2D) PGS surfaces. Until now only physical adsorption of 

gelatin has been reported on PGS [161]. However, for long time cell culturing, 

the physical adsorption method has the disadvantage that the protein might 

diffuse away and become unavailable for cellular interactions [76]. 

Furthermore, this protein has proven to bind to other bioactive molecules 

like fibronectin, leading to increased cellular activity [109, 172, 173]. 

In addition to the main purpose of using the newly synthesized materials as 

platforms for liver tissue engineering, in the last part of the present chapter 

another enabling application (i.e. cardiovascular TE) of the herein developed 

materials is presented.  

2.2. Materials and Methods  

Sebacic acid, glycerol (99.6%), meso-erythritol (99.9%), 1,3-propanediol, 

1,10-decanediol, 1-ethyl-3(-3-dimethylaminopropyl) carbodiimide 
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hydrochloride (EDC), CDCl3-d6 and tetrahydofuran used were purchased from 

Sigma-Aldrich; dimethylsulfoxide-d6 and 2-aminoethyl methacrylate (AEMA) 

were purchased from Polysciences. Gelatin type B (GelB) isolated from 

bovine skin was kindly supplied by Rousselot, Ghent, Belgium. All chemicals 

were used as received unless otherwise mentioned.  

2.2.1. Poly (polyol-sebacate) Pre-polymer Synthesis and 

Characterization 

Microwave Polymerization  

Typically, equimolar (0.01 moles) quantities of glycerol or meso-erythritol 

and sebacic acid were placed in a flask and introduced in the microwave 

system (CEM focused, model Discovery, Synergy version 1.38). The reaction 

mass was heated, under continuous stirring, at either 180°C or 200°C for the 

times shown in Table 2.1. After subjecting the reaction mass to microwave 

irradiation, the flask was removed and heated at 150°C for an additional 

1hour, under vacuum, to remove the by-product (i.e. water). For the poly 

(polyol sebacate)-derived polymers, either 1,3-propanediol or 1,10-

decanediol were added together with the other monomers in the microwave 

reactor. The different molar ratios were 1/0.4/0.6 and 1/0.6/0.4 

corresponding to sebacic acid/polyol/diol. 

Bulk Polymerization 

Poly (glycerol sebacate) and derived polymers 

For comparative reasons, the reaction was carried out also under 

conventional heating, according to previous published methods [17]. Briefly, 

equimolar (0.01 moles) quantities of glycerol and sebacic acid were reacted 

at 130°C, under N2. The inert atmosphere was replaced after 24 hours with a 

vacuum line which was applied for another 3 hours. For the derived 

polymers, the short and long chain diols were added in the same molar 

rations as for the microwave polymerization.   

Poly (erythritol sebacate) and derived polymers 
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Equimolar quantities of meso-erythritol and sebacic acid were reacted at 

150°C, under N2. The inert atmosphere was replaced after 2 hours with a 

vacuum line for another 4 hours. In the case of the poly (erythritol sebacate)-

derived polymers, the diols were added in the same time as the other 

monomers and the reaction proceeded as for the poly (erythritol sebacate) 

polymer.  

Gel permeation chromatography (GPC) was used to measure the number 

average molecular weight (Mn), the weight average molecular weight (Mw) 

and the polydispersity index (PDI) of the pre-polymers. The measurements 

were recorded with a Waters device equipped with a refractive index 

detector, a mixed-E column and with tetrahydrofuran as eluent.  

Proton nuclear magnetic resonance (1H-NMR) spectra were recorded in 

dimethylsulfoxide-d6 (Bruker500 MHz) for the poly(erythritol sebacate)-

derived polymers and in CDCl3 for the poly(glycerol sebacate)-derived 

polymers.  

Fourier-transform infrared (FT-IR) analyses were performed with a Bio-Rad 

FTS 575C spectrometer to study the chemical composition of the developed 

materials. 

2.2.2. Development and Characterization of Elastomers  

All products were white-yellowish pre-polymers that could be molded and 

cured into the final crosslinked elastomer. The pre-polymers were melted on 

dextran (T70, Amersham Pharmacia, Sweden) coated glass plates and cured 

into the final elastomer at 135ºC in a vacuum oven. Therefore, a dextran 

solution in water (12.5% w/v) was spin-coated at 800 rpm for 30 seconds on 

clean glass plates, dried at 120°C serving as a release layer for the polymer 

films. Thus formed films were delaminated from the glass plates by 

incubation in MilliQ water (obtained by a Millipore water purification 

systems, Merck, Overijse, Belgium, 27.2 nS/cm) and then subjected to 

increasing concentrations of ethanol solutions in MilliQ in order to remove 

the residual monomers. 
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Static contact angle (SCA) measurements were performed on polymer films 

with a goniometric OCA 20 device (Dataphysics). SCA values were 

determined using the sessile drop method and distilled water as the 

dispensing liquid. Young-Laplace procedure was used as processing method. 

The device was equipped with a video camera able to record a 30 s video (25 

frames/s) of each drop. An average value of at least three drops (0.5 µL) per 

sample was considered.  

Swelling experiments were performed by incubating samples of 8 mm 

diameter and 2 mm thickness in MilliQ water, PBS pH 5.5 and PBS pH 7.4 

(10 mM PBS, 137 moles/L NaCl, 2.7 moles/L KCl, 10 moles/L Na2HPO4 and 2 

moles/L KH2PO4)), at 37ºC in an incubator. At different time points the 

samples were removed from the medium and weighed after the excess of 

medium was removed. The swelling degree was calculated according to the 

formula (1) below: 

𝑠𝑤𝑒𝑙𝑙𝑖𝑛𝑔 (%) =
mw−mi

mw
 × 100  (1) 

where: mi and mw are the initial and wet masses of the samples, respectively.  

The thermal properties of the polymer were investigated using a 

thermogravimetric analyzer (TGA, TA Instruments Q50) and a differential 

scanning calorimeter (DSC, TA Instruments Q2000). The TGA scans were 

recorded at 10 °C/min, from room temperature to 800 °C. The DSC scans 

were performed with a heating and cooling rate of 10ºC/min, in an interval 

of -50ºC to +150ºC.  

Mechanical tensile tests were performed on dog bone-shaped PES specimens 

using an Instron testing machine equipped with a 50 N load cell. The 

elongation rate was maintained at 10 mm/hour, and the samples were 

elongated to failure. The Young modulus (YM) was calculated from the initial 

slope of the stress-strain curve. At least four tests were carried out for each 

sample type. 

The crosslink density (n) was estimated based on the theory of rubber 

elasticity, using Eq. (2) [17]. 
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n =
E

3RT
  (2) 

where n is number of network chain segments per unit volume (mol/m3), E 

is the Young’s modulus (Pa), R is universal gas constant (8.3144 J/mol K), T is 

the absolute temperature (25°C =298.15 K). 

The in vitro degradation behavior of the obtained polymers was evaluated 

for a period of 4 months. The degradation rates via hydrolysis of the disc 

shaped polymer samples (8 mm diameter, 2 mm thickness) were studied in 

PBS pH 5.5 and PBS pH 7.4, at 37ºC in an incubator. At designated time 

points, the samples were removed, washed with MilliQ water and dried in an 

oven at 90°C for 3 days. The mass loss was calculated from the dry mass at 

point p (mp) and the initial dry mass (m0) of the sample, according to formula 

(3) shown below: 

𝑚𝑎𝑠𝑠 𝑙𝑜𝑠𝑠 (%) =  
(𝑚0−𝑚𝑝)

𝑚0
× 100  (3) 

 

2.2.3. Surface Modification of Polymer Surfaces 

PGS films were punched into small disc samples (10 mm diameter and 0.1 

mm thickness) and reactive functional groups were introduced on the 

surface by applying an Argon plasma. The treatment was performed in a 

cylindrical dielectrical discharge plasma reactor (Model Femto, version 3, 

Diener Electronic, Germany) for 30 s, under a pressure of 0.8 mbar and with 

an applied power of 100W. The plasma-treated surfaces were subjected to 

ambient atmosphere for 5 minutes in order to generate hydroperoxides and 

peroxides, that were used as initiating groups in the subsequent UV-induced 

graft polymerization [174, 175]. The basic principle of graft radical 

polymerization is depicted in Figure 2.1. Initiation starts by UV irradiation (i.e. 

generation of radicals, RO●), which is the first step of the radical 

polymerization mechanism. Afterwards, the AEMA grafting follows in the 

propagation step until the growth of the chain is terminated. 
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Figure 2.1: Radical polymerization basic principle 

The discs were placed in glass well plates and a fresh solution of AEMA 1 M 

was added. The solution was prepared with degassed deionized water. A 

quartz cover was placed on the well plate and introduced for 1 hour under a 

home-made UV device, equipped with four UV-lamps (Sylvania, F15W/350, 

λmax = 350 nm). The samples were rinsed with deionized water, incubated in 

deionized water overnight and then dried overnight, at room temperature, 

in a vacuum oven. Thus obtained samples will be referred to as PGS-AEMA 

samples.  

The final step of the surface modification procedure was to covalently 

immobilize GelB. The PGS-AEMA samples were immersed for 1 hour in 2 ml 

of GelB solution (1 mg/ml) in deionised water. EDC (100 µl of a 1 mg/ml 

solution) was added to each sample and the reaction was maintained for 

another 4 hours at room temperature. Finally, the samples were rinsed with 

deionized water, incubated in deionized water overnight at 37ºC, dried at 

room temperature and stored in a dessicator until further use. In the rest of 

the present work, we will refer to the modified samples as PGS-GelB. After 

the immobilization of GelB on the polymer samples, the release profile of the 
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unbound GelB from the polymer surface was analyzed for a period of five 

days. 

2.2.4. Characterization of Modified Polymer Surfaces  

Staining Test 

A qualitative Coomassie Blue test was performed in order to determine the 

presence of amine groups on the surface of the PGS-GelB samples. Formation 

of the protein/dye complex stabilizes the negatively charged anionic form of 

the dye, producing a blue color on the samples. Plain PGS samples were also 

tested and served as blank samples. A solution of 1% (w/v) Coomassie in 

methanol was prepared and will be referred as solA. A second solution 

containing 20 (v/v) % methanol and 7% (v/v) acetic acid in deionised water 

was prepared and will be referred as solB. Both PGS and PGS-GelB samples 

were incubated for 30 min in 5% solA in solB (v/v). The samples were then 

incubated for 1.5 hours in solB in order to remove the excess of Coomassie 

dye.  All samples were prepared in triplicate. 

IR Mapping 

Fourier transform infrared (FT-IR) imaging system (Spotlight 400, Perkin 

Elmer) equipped with a mercury cadmium telluride (MCT) detector was used 

to assess the homogeneity of the GelB coating on the PGS surface. For 

comparison, GelB and PGS samples were also analyzed. The system was 

operated in a reflectance mode over the range 4000–740 cm-1. An 

appropriate sample area was selected, and the reflectance IR spectra were 

collected successively from the actual analysis area by a mapping process.  

X-ray Photoelectron Spectroscopy (XPS) 

XPS measurements were performed on an ESCA-probe VG monochromatised 

spectrometer equipped with an Al Kα X-ray source (1486 eV). Survey spectra 

were collected for both PGS and PGS-GelB films. All samples were analyzed 

in triplicate (three surveys per sample) in a vacuum of at least 10-9 Pa. All 

elemental compositions obtained will be expressed as atomic percentages. 
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Atomic Force Microscopy Measurements 

The samples roughness was investigated by atomic force microscopy (AFM), 

using a multimode scanning microscope (Digital Instruments, USA) equipped 

with a Nanoscope IIIa controller. Scans of 10 and 50 µm were recorded in the 

“tapping” mode under ambient conditions using a silicon cantilever (OTESPA, 

Veeco). Nanoscope software version 4.43r8 was used to obtain the root-

mean-square roughness (Rq) values from the recorded images, after an XY 

Plane Fit Auto correction and Flattening procedure. The Rq is defined as the 

average of peaks and valleys of a surface and can be calculated as follows: 

𝑅𝑞 = √
(𝑍𝑖 − 𝑍𝑎𝑣𝑒)2

𝑁
 

 

where Zave is the average Z height value within a given area, Zi is the current 

Z value and N is the number of points within the given area. 

Quantification of GelB 

Radiolabelled Gelatin was used in order to quantify the GelB covalently 

bonded on the surface of PGS films. Radiolabelled GelB was produced by 

firstly preparing a stock solution of 5% (w/v) Bolton-Hunter gelatin (BHG) 

subsequently radiolabelled with 125I (GE/Amersham Health, Einhoven, 

Holland) by means of the Iodogen-method, according to previously described 

methods [172]. The concentration of BHG in the final GelB solution was 

adjusted to 1 mg/ml in MilliQ water. Each PGS-AEMA sample was incubated 

in 2 ml of this solution for an hour, after which 100 µl EDC (1mg/ml) was 

added. The vials were incubated at room temperature for 4 hours, washed 

with MilliQ and incubated at 37°C overnight in MilliQ. The quantification of 

the radiolabelled gelatin deposited on the PGS surface was done by 

measuring the radioactivity of the sample using a dose calibrator (CAPINTEC 

CRC-15R, USA). Stability tests in PBS pH 7.4 were performed for 10 days. All 

samples were analyzed in triplicate. 
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2.2.5. Other Enabling Applications – Proof of Concept Application: 

Stent Coating by Electrospraying and Dip-coating 

316L stainless steel (28.0 mm length and 6 cells) were kindly provided from 

Aeromedicals S.A. (Buenos Aires, Argentina) and used as specimens for 

coating application. The stents were cleaned with acid pickling solution 

according to a standard procedure [176] (1 ml HF + 9 ml HNO3 + 90 ml H2O) 

in an ultrasonic cleaner at 45°C and then washed with bi-distillated water to 

remove the reagents. For the electrospray coating technique a 20% solution 

(w/v) of PS-PES in hexafluoroisopropanol (HFIP) was used in a typical 

electrospinning setup. The polymer solution was sprayed through a syringe 

with a 20 gauge needle connected to a pump (New Era Pump Systems LLC). 

Each stent was placed on a rotating mandril and optimized experimental 

conditions were obtained with 10 ml/h flow rate, 18 kV and 14 cm distance 

between the stent and the needle. For the dipping technique, a solution of 

10% (w/v) PS-PES in HFIP was prepared and used to dip the stents. For curing 

purposes, the coated (electrospray and dip) stents were placed in a vacuum 

oven at 135°C for 3 days.  

The surface morphology of the coated stents was evaluated using a scanning 

electron microscope (SEM) JEOL JSM 5600 instrument, equipped with a 

secondary electron detector. 

2.3. Results and Discussions 

2.3.1. Poly (polyol sebacate)s Synthesis: Bulk vs. Microwave 

Polymerization 

In the present project, novel poly (polyol sebacate)-derived polymeric 

materials with tunable mechanical properties and good biocompatibility for 

tissue engineering applications have been successfully synthesized (Figure 

2.2). The derived elastomers of poly (glycerol sebacate) and poly(erythritol 

sebacate) were synthesized by adding two different monomers to the 

reaction, namely 1, 3-propanediol and 1,10-decanediol. 1,3-propanediol is a 

known monomer in the synthesis of polyesters and polyurethanes and has a 
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very high market value [177]. 1,10-decanediol is another intermediate in the 

synthesis of polyesters and is widely used from cosmetics to pharmaceuticals 

[178, 179]. The two monomers have the goal of chain extenders, increasing 

the molecular weight and obtaining a variety of different mechanical 

properties and different degradation rates.  

 

Figure 2.2: Thermal polyesterification of sebacic acid and different polyols 

For comparison reasons the syntheses were performed via two methods: 

conventional bulk polymerization and microwave polymerization. The use of 

microwave synthesis for polymerization reactions is more than justified by 

the acceleration of the reaction rate and the uniformity of the heating. While 

conventional heating is done by conduction, there might be a temperature 

difference between the core of the reaction mass and the glassware. 

Microwave irradiation is based on the dielectric (molecular) heating. This 

implies that monomer molecules will try to align to the applied 

electromagnetic field, will collide and the desired pre-polymer will be 

obtained [180]. The enhanced reaction rate is also due to the fact that the 

synthesis is performed in a closed (pressurized) cap vessel that allows the use 

of higher temperatures. Based on the outcome of this comparative study, a 

selection of one of these methods will be made for further characterization 

and biocompatibility evaluation. 
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2.3.2. Poly (polyol sebacate) Pre-polymers Synthesis and 

Characterization 

The development of all elastomers involved a two-step procedure. Firstly, 

oligomers or low molecular weight polymers are synthesized via either bulk 

polymerization or microwave irradiation. Once these pre-polymers are 

obtained they are thermally cured into the final elastomer. In the thermal 

curing step of the pre-polymers, the presence of the remaining unreacted –

OH groups allows further crosslinking between polymer chains. More 

specifically, the curing implies that the pre-polymer is subjected to a 

temperature of 135°C for 2 or 4 days, in a vacuum oven, or alternatively 

overnight in a nitrogen flushed oven. Via this way, the final elastomers are 

obtained.  

To the best of our knowledge, until now the poly (erythritol sebacate) has 

never been synthesized by the microwave method we report [18].  We also 

propose herein a method of synthesis for PES via bulk polymerization, 

adapted from the one previously reported, that rendered much higher 

molecular weights and elastomeric films with higher hydrophilicity. For the 

poly (glycerol sebacate) elastomer, Aydin et al. reported in 2013 the first 

microwave synthesis for the pre-polymerization step [181]. Although they 

reported a total pre-polymerization step of 3 minutes, the method uses a 

domestic microwave that leads to lack of reproducibility and safety of the 

experiments. In addition there is no temperature control over the reaction.  

Therefore, a standardized method would be preferred to increase its 

reproducibility and safety. In the present thesis a reproducible microwave-

assisted polycondensation process of poly(polyol sebacate) polymers is 

reported.  

In the microwave polymerization technique, temperatures higher than in the 

reported conventional synthesis [17] were used, namely 180° and 200°C. The 

microwave system was set to a constant temperature mode, a pressure of 5 

bar being maintained. Due to the absorbance of microwaves by the starting 

materials, the power did not reach the set value (200 W) and varied between 

50 and 60 W. The effect of the reaction time on the molecular weight of PGS, 

PES and their derivate elastomers is presented in Table 2.1.  
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Table 2.1: Effect of bulk polymerization and microwave irradiation on the properties of the  

PGS and PES derived pre-polymers. * Determined using 1H-NMR, ** theoretical molar ratio 

Material Reaction 

time 

(hours) 

Synthe-

sis 

route 

Mn 

 (g/ 

mol) 

Mw 

(g/ 

mol) 

PDI Molar 

ratio* 

SA/ 

polyol/

diol 

Molar 

ratio ** 

SA/ 

polyol/ 

diol 

PGS 24 Bulk 2208 265

0 

1.2 1.1/1 1/1 

0.5 Micro-

wave 

2400 260

0 

1.1 1/1 

1 2400 260

0 

1.1 1/1 

2 2400 270

0 

1.1 1.1/1 

4 2600 280

0 

1.1 1.1/1 

PGS-PS 24 Bulk 12700 140

00 

1.1 1/0.61/

0.39 

1/0.6/0.4 

0.5 Micro-

wave 

 

2000 220

0 

1.1 1/0.57/

0.43 

1 2500 290

0 

1.1 1/0.57/

0.43 

2 2700 300

0 

1.1 1/0.6/0

.4 

4 2900 300

0 

1.1 1/0.6/0

.4 

PGS-DS 24 Bulk 7100 850

0 

1.2 1/0.6/0

.4 

0.5 Micro-

wave 

2500 280

0 

1.1 1/0.6/0

.4 

1 2800 300

0 

1.1 1/0.6/0

.4 

2 3100 320

0 

1.1 1/0.6/0

.4 

4 3000 330

0 

1.1 1/0.6/0

.4 

PES 24 Bulk 2800 420

0 

1.5 1.06/1 1/1 
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0.5 Micro-

wave 

1800 220

0 

1.2 1.1/1 

1 2000 280

0 

1.4 1/1 

2 2200 250

0 

1.1 1/1 

4 2700 360

0 

1.3 1.28/1 

PES-PS 24 Bulk 16500 180

00 

1.1 1/0.6/0

.4 

1/0.6/0.4 

0.5 Micro-

wave 

1900 200

0 

1.1 1/0.6/0

.4 

1 2200 230

0 

1.1 1/0.6/0

.4 

2 3200 370

0 

1.1 1/0.5/0

.4 

4 3300 360

0 

1.1 1/0.6/0

.4 

PES-DS 24 Bulk 6700 870

0 

1.3 1/0.6/0

.4 

0.5 Micro-

wave 

2000 220

0 

1.1 1/0.6/0

.4 

1 2300 260

0 

1.1 1/0.6/0

.4 

2 3700 410

0 

1.1 1/0.6/0

.4 

4 3800 430

0 

1.1 1/0.6/0

.4 

 

Although the microwave polymerization was also performed at 130°C (i.e. 

the usual reaction temperature used for bulk polymerization), for reaction 

times between 0.5 and 4 hours, no pre-polymer was obtained. In this case 

sebacic acid crystals could still be seen and the reaction mass was visibly not 

homogeneous. This could possibly be attributed to the fact that the 

microwave reaction took place in a closed vessel and the water by-product 

could not be removed so quickly at such a low temperature; or to the possible 

too low reaction times. On the other hand, under bulk polymerization at 

reaction times of 0.5 to 4 hours and reaction temperatures of 180°C, the 

reaction mass was from slightly homogeneous for lower times (i.e. the 



PhD Thesis Diana-Elena Mogosanu  64 | P a g e  
 

glycerol could still be seen apart from the rest of the reaction mass) to a 

homogeneous but non-viscous reaction mass. In addition, temperatures as 

high as 180° and 200°C could not be uniformly reached throughout the sand 

bath in which the bulk polymerization took place, making this process more 

prone to irreproducibility issues (i.e. molecular weight, etc.).  

For the microwave synthesis at reaction temperatures of 180° and 200°C, an 

initial visual inspection showed a clear reaction mixture color difference, 

between the 0.5, 1, 2 and 4 hours reaction times. Figure 2.3 shows this 

finding for the PGS pre-polymer, but the observation was valid for all the pre-

polymers synthesized via microwave irradiation. As the reaction time 

increased, the pre-polymers changed color from white-yellowish after 1 hour 

to brownish after 4 hours. This change was consistent with a slight increase 

in molecular weight. For the PGS-derived and PES derived polymers, this 

coloration was not so intense as the reaction time was enhanced, but was 

still noticeable. Contrary to what was expected, the 1H-NMR spectra revealed 

no degradation peaks for the pre-polymers synthesized for 4 hours in the 

microwave reactor. 

 
Figure 2.3: Color difference between PES-derived pre-polymers synthesized via microwave 

irradiation for 30 min, 1, 2 and 4 hours for a) 180°C and b) 200°C 

Although the reason for this coloration is not clearly known, other research 

groups also reported a color change while increasing the reaction time of a 

microwave-assisted polyesterification [182]. In their study, Velmathi et al. 

obtained a coloration of their microwave polymerized poly (butylene 

succinate) when irradiated for 60 min (i.e. the maximum reaction time used 

by the authors) [182]. Nevertheless, the reaction is a reversible 

polyesterification where the by-product, water, can break again some of the 
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oligomer chains. As it is not removed during the microwave irradiation 

process due to the use of a closed capped-vial, it can lead to hydrolysis. 

Consequently, one can only obtain a limited molecular weight via the 

microwave polymerization process. This statement can be supported by the 

observation in Table 2.1 of the PGS- and PES-derived polymer molecular 

weights that are higher for the bulk polymerization process than for the 

microwave technique. Experiments were performed in an attempt to 

increase the molecular weight of the microwave synthesized materials. In 

this regard, a drying agent (i.e. MgSO4) was used in order to remove the 

resultant water during the microwave process. As it was experimentally 

observed, the removal of this agent from the pre-polymer mass proved not 

to be feasible. A second reason for not selecting the microwave route 

included the fact that 10 fold lower quantities of pre-polymer could be 

synthesized in one batch via the microwave polymerization process (i.e. 3 g 

microwave vs 30 g bulk process). This was due to device constraints (i.e. small 

reaction tubes that can hold small amounts of reagents). It was therefore 

decided to further work with the PGS- and PES-derived pre-polymers 

obtained via bulk polymerization.  

The further characterization of the PGS and PGS-derived (pre-) polymers was 

performed using different methods. First, the FT-IR spectra were recorded. 

As shown in Figure 2.4, the characteristic absorptions for these polyesters 

were noticed: the broad band at 3455 cm-1 indicates the O-H stretch was 

more intense for the pre-polymers than for the cured films. The peaks at 

2850-2917 cm-1 were attributed to symmetric and asymmetric stretching of 

C-H in the alkene CH2 groups, respectively. The C=O stretch at 1731 cm-1 

sharpened with the increase of crosslinks, while the CH2 band was present 

between 1445 and 1485 cm-1. The -COO- ester bonds at 1158 cm-1 were more 

pronounced for the polymer films and the (CH2)n (i.e. where n is 4 or more) 

C-C deformation band at 724cm-1 was present in all cases.  
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Figure 2.4: FT-IR spectrum of pre-polymers and cured elastomers. A) spectra of PGS pre-

polymer and cured elastomer; B)  spectra of PGS-derived polymers; C) spectra of PES pre- 

polymers and cured elastomer; D) spectra of PES-derived polymers. 

Secondly, the proton NMR spectra of the obtained polymers were recorded. 

Both conventionally and microwave synthesized pre-polymers presented 

typical signals: three signals belonging to the sebacic unit between 1.3 and 

2.5 ppm; signals for the methylene protons of glycerol between 3.5 and 4.4 

ppm; and signal for the methine protons of the 3 glycerides between 4.8 and 

5.5 ppm, as it can be seen in Figure 2.5. All chemical shifts are in agreement 

with previous studies [167, 183]. The addition of 1,3-propanediol leads to the 

presence of multiplets corresponding to its methylene protons between 1.8 

and 2 ppm. A peak corresponding to the 1,10-decanediol lateral methylene 

protons was also noticed at 4.06 ppm. In conclusion, all data suggests that 

the diols were successfully incorporated in both pre-polymers (Figure 2.5).  

For the PES pre-polymers, 1H-NMR spectra were recorded in deuterated 

DMSO-d6 that rendered a quintet at 2.5 ppm. The peak assignment for the 

obtained pre-polymers are as follows: 1H NMR for PGS (300 MHz, CDCl3-d) δ 

ppm 1.22 - 1.38 (m, 20 H) 1.52 - 1.69 (m, 10 H) 2.23 - 2.40 (m, 10 H) 3.68 - 
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3.76 (m, 2 H) 4.07 - 4.24 (m, 6 H); 1H NMR for PGS-PS (300 MHz, CDCl3-d) δ 

ppm 1.26 - 1.42 (m, 19 H) 1.54 - 1.71 (m, 10 H) 1.84 - 2.00 (m, 3 H) 2.24 - 2.40 

(m, 9 H) 3.64 (d, J=6.22 Hz, 1 H) 3.67 - 3.76 (m, 2 H) 3.82 - 3.90 (m, 1 H) 4.09 

- 4.25 (m, 6 H); 1H NMR for PGS-DS (300 MHz, CDCl3-d) δ ppm 1.24 - 1.41 (m, 

5 H) 1.24 - 1.41 (m, 21 H) 1.51 - 1.67 (m, 10 H) 2.23 - 2.39 (m, 6 H) 3.60 - 3.70 

(m, 1 H) 3.65 (t, J=6.59 Hz, 2 H) 4.04 (s, 1 H) 4.04 - 4.13 (m, 3 H) 4.19 (dd, 

J=6.40, 5.27 Hz, 1 H); 1H NMR for PES (300 MHz, DMSO-d6) δ ppm 1.16 - 1.33 

(m, 14 H) 1.38 - 1.55 (m, 7 H) 2.19 (t, J=7.35 Hz, 3 H) 2.23 - 2.32 (m, 4 H) 2.50 

(dt, J=3.63, 1.86 Hz, 8 H) 3.26 - 3.42 (m, 7 H) 3.45 - 3.58 (m, 3 H) 3.95 (dd, 

J=11.21, 7.06 Hz, 2 H) 4.18 (dd, J=11.21, 2.92 Hz, 2 H); 1H NMR for PES-PS 

(300 MHz, DMSO-d6) δ ppm 1.16 - 1.32 (m, 15 H) 1.41 - 1.58 (m, 7 H) 1.87 

(dd, J=6.59, 6.22 Hz, 1 H) 2.15 - 2.32 (m, 7 H) 2.50 (dt, J=3.72, 1.81 Hz, 3 H) 

3.28 - 3.41 (m, 6 H) 3.33 (s, 6 H) 3.45 - 3.61 (m, 2 H) 3.93 - 4.09 (m, 3 H) 4.19 

(dd, J=9.89, 1.41 Hz, 1 H); 1H NMR for PES-DS (300 MHz, DMSO-d6) δ ppm 

1.11 - 1.28 (m, 16 H) 1.31 (br. s., 2 H) 1.42 - 1.59 (m, 8 H) 2.15 - 2.32 (m, 6 H) 

2.51 (dt, J=3.77, 1.88 Hz, 3 H) 3.38 (d, J=4.52 Hz, 3 H) 3.33 (s, 7 H) 3.45 - 3.54 

(m, 1 H) 3.54 - 3.68 (m, 1 H) 3.90 - 4.04 (m, 3 H) 4.16 (br. s., 1 H).  

The presence of –CH2- signals between 4 ppm and 5 ppm indicate the 

formation of the esters, while the ones between 1.1 ppm and 2.4 ppm 

indicated the methylene protons of sebacic acid. The assignments of the 

chemical shifts in Figure 2.5 are in agreement with the data of Barrett et al 

[18].  The ratios between the sebacic acid/diols/polyols were calculated by 

determining the ratio between the methylene protons within the different 

polyols and sebacic acid (Table 2.1). 

 

2.3.3. Development and Characterization of Elastomeric Films 

 

All pre-polymers obtained via bulk polymerization were further crosslinked 

(i.e. cured), in a vacuum oven at 135°C for 2 to 4 days. Although studies 

report curing times between one and four days for pre-polymers like PGS [56, 

184], in the present work the pre-polymers subjected to vacuum for one day 

did not lead to film formation. It was therefore noticed that the herein 
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developed pre-polymers can only form films after a minimum curing time of 

two days.  

 

Figure 2.5: 1H-NMR spectra for the polyesters obtained by bulk polymerization. 

The thus cured obtained polymers (i.e. elastomers) were delaminated from 

the glass plates by incubation in water, followed by removal of the residual 

unreacted compounds by incubation in ethanol. As these are the final 

materials to be applied for cell culturing and tissue engineering applications, 

intensive characterization from a thermal and mechanical perspective was 

performed. Furthermore, biodegradability and biocompatibility aspects 

were also considered. 

The static contact angle (SCA) was registered as it enables detection of small 

wettability differences in the outmost surface layer (i.e. 0.5-1 nm) of a 

substrate [185]. Although previous research studies reported various contact 

angles for PGS films, from 32° to 65° [17, 186, 187], our findings indicate that 

after the curing step, very few free hydroxyl groups were present on its 

outmost surface. The test revealed that the PGS-derived materials are 

hydrophobic, with a static contact angle of around 70°, lower than the PGS 
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reference material (93°). Table 2.2 presents these results. The SCA for PES-

derived elastomers (22° and 37°) suggest that these materials are more 

hydrophilic than the previously reported PES films (59°) [18]. The 

introduction of diols, in both starting materials, PGS and PES, leads to a 

decreased water contact angle. This finding can be attributed  to the 

presence of a higher number of hydroxyl units, being hydrophilic in nature.  

The swelling properties of the obtained polymers in aqueous media offer 

valuable information, especially considering that these materials are to be 

applied in various media for cell culturing purposes. Therefore, three media 

were investigated in this study, namely water, PBS pH 5.5 and PBS pH 7.4 

(Table 2.2). After 8 hours of medium incubation, the polymers’ swelling 

reaches a plateau which represents the maximum medium uptake. The 

starting polymers (i.e. PGS and PES) exhibited a similar swelling degree (i.e. 

3%), while the derived polyol sebacates presented lower swelling capacities 

(Table 2.2). The change in swelling degree is correlated with the hydroxyl 

units within the polymer networks. A decrease in crosslinking degree was 

noticed when comparing the decanediol-derived polymers to the reference 

ones (i.e. PGS 4.4 x 10-4±0.2 mol/cm3 vs. PGS-DS 3.5 x 10-4±0.2  mol/cm3). 

Indeed, the addition of the propanediol and decanediol leads to less hydroxyl 

groups available within the crosslinked network. This indication is also 

reflected by the gel content within the crosslinked network of the derived 

polymers which decreased for all materials containing the short and long 

alkyl chained diols. These observations are in agreement with Patel et al. who 

noticed the same trend when adding polyethylene glycol to the PGS 

backbone structure [188] .    

The herein developed polymers ranged from flexible to more rigid elasticity 

which is verifiable through the Young’s modulus (YM) that varies between 

0.6 MPa and 13.1 MPa (Table 2.2). The mechanical properties were 

investigated for polymer films cured for 2 and 4 days. The tunability of the 

elastomers is demonstrated when altering parameters such as the curing 

time, the curing temperature and the monomer molar ratio. This statement 

is in agreement with previous reports [60]. 
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In the present experiments, prior to tensile testing, the films were incubated 

at 37°C in MilliQ water and in a buffer solution pH 7.4 for 24 hours. At least 

4 measurements were performed for each sample. Figure 2.6 summarizes 

the results of the tensile tests performed. The plasticizing effect of the 

incubation medium on the cured elastomers can be noticed in Figure 2.6A 

and B. This is in agreement with previous studies of PGS materials [189]. 

Table 2.2: Thermal and physico-mechanical properties of the various cured materials. 

Material 

 

Tg 

/Tm/Tc 

(°C) 

Gel 

content 

(%) 

Swelling 

a) 

(%) 

SCA 

(°) 

Young’s 

modulus b) 

(MPa) 

Crosslinking 

degree c) 

x 10-4 

(moles/cm3) 

PGS Tg: -27 99.1±1.7 3.0±0.5 93±6 1.5±0.2;  

3.2±0.2 

1.8±0.4;  

4.4±0.2 

PES Tg: -10 99.0±0.7 3.0±0.1 24±2 0.6±0.1; 

3.7±0.3 

0.8±0.1;  

4.8±0.3 

PGS-PS Tg: -36 96.4 ±0.5 1.3±0.3 70±2 1.3±0.3; 

3.3±0.3 

1.7±0.4; 

4.4±0.5 

PGS-DS Tc: 2 

Tm1: 23 

93.9±0.4 1.3±0.3 69±4 13.1±1.4;  

2.6±0.1 

n/a ; 

3.5±0.1 

PES-PS Tg: -25 96.6±0.4 0.3±0.1 22±5 1.7±0.2; 

3.8±0.1 

2.2±0.2;  

5.1±0.2 

PES-DS Tg: -31 97.6±1.3 0.2±0.01 37±9 1.3±0.1; 

3.0±0.3 

1.8±0.1;  

4.0±0.4 
 

a)  in water; b) tensile tests were performed on polymer films that were cured for 2 days and 4 

days at 135°C; the polymer films were incubated in water prior to the testing; c) crosslinking 

degree calculated for a 2 and 4 days cured elastomer. 

As anticipated, the Young modulus increases with an increasing curing time 

(Figure 2.6C). For example, a value of 1.6 ± 0.15 MPa was obtained for PES-

PS cured 2 days, while the polymer cured for 4 days rendered a value of 3.7 

± 0.07 MPa. The polymers exhibited the shape of the stress-strain curves as 

for other elastomers (Figure 2.6A, B). However, PGS-DS displayed a higher 

Young modulus and irregular stress–strain curves when compared to the 

other elastomers (Figure 2.6D). Its curve had a local maximum (= yield point), 

then a local minimum, and a final increase before break. This irregular shape 
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of the semi-crystalline thermoset is most likely caused by the presence of 

semi-crystalline zones within the elastomeric network.  

Determination of the Young’s modulus enabled the calculation of the 

crosslinking density, which is expressed in moles of active network chains per 

unit volume. As an example, a value of 2.2 x 10-4 ±0.2 moles/cm3 was 

obtained for the PES-PS cured for 2 days whereas a value of 5.1 x 10-4 ±0.2 

moles/cm3 was obtained for the polymer cured for 4 days. As mechanical 

properties provide an important insight into the possible applications of 

materials, we can conclude that the YM range and the corresponding 

crosslinking densities for the obtained elastomers enables their use for soft 

tissue engineering applications.  

 

 
Figure 2.6: Stress vs. strain curve of the obtained elastomers: A) non-hydrated materials; B) 

materials hydrated in PBS pH 7.4 for 24 hours, at 37°C; C) PES-PS cured for 2d vs 4 d; D) curve 

of a semi-crystalline PGS-DS network. 

Semi-crystalline thermosets were also reported for poly(erythritol 

dicarboxylates) such as PES, although in the present study only the 

decanediol-derived poly(erythritol sebacate) (i.e. PES-DS) presented semi-

crystalline zones noticed by DSC measurements [18]. As for PES-DS, the 

decanediol-derived PGS material also presented several transitions (see 
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Table 2.2). The plain PGS, PES and propanediol-derived PES material did not 

present any noticeable crystallinity as the DSC curves reveal only glass 

transition temperatures within the investigated temperature interval. All 

findings are in accordance with previous studies  that state that although 

some materials from this class of polymers are semi-crystalline, they are 

completely amorphous above 37° [56, 190, 191]. This was confirmed in the 

present work, as none of the herein obtained polymers presented any 

transition above this temperature.  Thermal analyses were also performed in 

order to see whether the curing process renders homogeneous films. TGA 

and DSC measurements were executed on three different spots from an area 

of 12 cm2 of the same cured polymer film. PES (Figure 2.7, B) and PGS (Figure 

2.7C, D) were chosen as proof-of-concept materials. As can be noticed in 

Figure 2.7, all analyzed spots from the same sample (polymer cured at 135°C) 

revealed identical thermal profiles, making these films homogeneous 

throughout their surface.  

 

 

Figure 2.7: Determination of film homogeneity on PES (A,B) and PGS materials (C,D) as 

studied by thermal analyses (TGA and DSC). 
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Figure 2.8: Degradation study for the newly synthesized poly(polyol sebacate) elastomers. 
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As there is a continuous and stringent need for biodegradable biomaterials 

for a variety of biomedical applications, we have studied the in vitro 

degradation of the synthesized poly (polyol sebacate) polymers. The in vitro 

degradation of the newly developed polymers was monitored over a period 

of 16 weeks. Previous studies reported that the PGS polymer degrades in 

vitro 15% over a period of 4 weeks, whereas in vivo studies observed a 

complete resorption of the material after 60 days [17].  

The in vivo characteristics of PGS materials with different crosslinking 

densities [63] also revealed no significant correlation between the polymer 

mass loss and the crosslinking density (i.e. curing time). Therefore, we 

hypothesized that introducing new chemical functionalities in the PGS 

structure might provide a key to slower degradation rates [40]. 

In the present study, a significant difference (p<0.05) was noticed between 

the mass loss of the initial polymers and the mass loss of the PGS- and PES-

derived ones (Figure 2.8). The maximum mass loss of PGS-derived polymers 

was 0.29 ±0.02%, while PES-derived polymers lose less than 0.18 ±0.02% of 

their mass after 16 weeks of medium (i.e. PBS) incubation (Figure 2.8). No 

conclusive difference was noticed between the samples that were degraded 

at pH 5.5 and the ones at pH 7.4. Relative to the above described studies of 

the plain PGS (4.0±0.2%) and PES material (22.0 ±0.7%), the derived polymers 

show indeed a slower degradation in vitro. As it was reported that the in vivo 

degradation mechanism of these class of elastomers is probably controlled 

by an enzymatic surface erosion process, further degradation studies should 

be conducted in the future [64]. 

2.3.4. Surface Modification of Poly(polyol sebacate) Films 

Like other synthetic biomaterials, PGS and PES-derived polymers are desired 

to create a biomimetic environment in vitro. For this purpose, they require 

modifications with extracellular matrix proteins [76]. Surface modification of 

the PGS native material is also required due to its high hydrophobicity, similar 

to that of polydimethylsiloxane, a known silicone [110, 192]. In the present 
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work, a surface modification strategy with gelatin, previously developed by 

Desmet et al., was chosen to be investigated [109].  

Gelatin has been intensively reported in literature as a coating for various 

implantable biomaterials, such as PU [193, 194], PLLA [195], PCL [109, 196], 

PI [193], titanium [197], etc. As it is non-toxic, biodegradable, and non-

immunogenic, it enhances cytocompatibility and cell proliferation [198]. 

Until now, only physical adsorption of the bioactive molecules such as gelatin 

[161], laminin, fibronectin, collagen and elastin [199] has been performed 

onto the surface of polymers like PGS. Therefore, gelatin type B (GelB) was 

chosen to be chemically immobilized on the surface of PGS films, via a graft 

polymerization procedure. PGS was chosen as a model system for the herein 

developed polymers. Figure 2.9 depicts the general scheme for this 

modification strategy.  

 
Figure 2.9: General scheme for the GelB immobilization strategy. 

This modification strategy can be easily transferred to all the poly(polyol 

sebacates) developed in the present thesis, as the surface chemistry of these 

elastomers is similar to each other (i.e. only carbon and oxygen is present on 

the elastomer surface).  

2.3.4.1. Optimization of the modification protocol 

Firstly, the polymer surfaces were plasma treated in order to create reactive 

groups that would act as initiators for the subsequent graft polymerization 

step. The plasma discharge step was performed using Argon to induce free 

radicals on the PGS surface, which react with the atmospheric oxygen to form 
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(hydro)peroxide groups [77, 200]. These groups result from recombination 

or cross-linking reactions and serve as initiator sites for the subsequent 

covalent immobilization of AEMA on the elastomer surface. In order to 

optimize the plasma exposure time that is necessary for this initial step, the 

PGS polymer surfaces were exposed to argon plasma for 30, 60 and 90 

seconds, respectively. Figure 2.10 presents the ageing of the elastomer 

surfaces after plasma exposure. In all cases it was noticed that the PGS 

surface did not recover to its initial SCA (i.e. 93°) even after 6 hours. As no 

significant difference (p= 0.07 > 0.05) was noticed in the contact angles of 

the samples treated at different plasma times, the optimal choice was to 

further use 30 seconds of argon plasma exposure.  

 
Figure 2.10: Ageing of PGS surfaces after plasma treatment 

Secondly, a known methacrylate, 2-aminoethyl methacrylate (AEMA), was 

UV graft polymerized on the plasma treated PGS surfaces in order to enable 

GelB attachment. The optimization of the amount of AEMA to be applied on 

the polymer surface was monitored by XPS and SCA analyses, as presented 

in Figure 2.11. PGS samples were incubated in different concentrations of an 

aqueous AEMA solution (i.e. 0.5M, 1M and 1.5M) and exposed to UV light for 

10, 30, 45 and 60 minutes, respectively. Although after AEMA grafting the 

static contact angles decreased significantly compared to the plain, 

unmodified material (i.e. 93°), there were no significant difference (p=0.5) 
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between the different AEMA concentrations at irradiation times between 10 

and 45 minutes. The data showed that at 60 min UV irradiation time the 

lowest static contact angle was obtained for the 1M AEMA solution (Figure 

2.11A). At this concentration, the PGS-AEMA samples also presented the 

highest nitrogen content (i.e. 3.18±1.24%), and therefore the highest content 

of amine groups (Figure 2.11B). Therefore, the optimized AEMA solution 

concentration used for the final surface modification step was 1M.  

 
Figure 2.11: AEMA grafting optimization: (A) SCA vs. UV irradiation time; (B) XPS analyses - 

Nitrogen content vs. UV irradiation time. 
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Finally, the selected protein (i.e. GelB) was chemically immobilized onto the 

PGS-AEMA samples. The addition of EDC is important, as it generates a 

random crosslinking between the free amines on the polymer surface and 

the carboxyl groups of the adsorbed protein, as well as cross-linking of the 

free amines and carboxyl groups within the protein itself. 

Different concentrations of GelB were also used in order to assess the 

optimum for its immobilization on the PGS films (Table 2.3). According to the 

XPS data, 1 mg/ml GelB concentration  rendered a similar N/C ratio to that 

of the pure GelB. The atomic surface composition for gelatin, PGS, PGS-

AEMA, and PGS-GelB films are presented in Table 2.3. A clear difference was 

observed as PGS spectra showed no N 1s peak. An increase in the nitrogen 

content was noticed from 3.2±1.3% for the PGS-AEMA samples to 10.2±1.7% 

for PGS-GelB samples. This attests to the fact that GelB is attached to the 

polymer surface, as more nitrogen containing groups are present. 

Furthermore, the compositions of the N/C x 100 ratio for the PGS-protein 

films was 16.5, similar to that of the pure protein we used (i.e. 17.9). Small 

percentages of Si peaks were also observed on the surface of the modified 

and non-modified polymer samples. This is probably due to either 

manipulation of the sample during the measurements or due to the 

glassware used in synthesis.   

Table 2.3: The atomic compositions and ratios for the non-modified and GelB modified PGS 

films determined by XPS measurements. 

 Gelatin B 

concentration 

C (%) O (%) N (%) Si (%) N/C 

PGS  n/a 67.0±1.3 26.7±0.8 n/a 6.3±0.5 n/a 

PGS-

AEMA  

n/a 63.3±0.9 25.4±2.3 3.2±1.3 8.1±0.7 5.1 

PGS-

GelB 

0.5 mg/ml 67.1±1.1 26.7±0.9 3.7±1.6 2.4±0.6 5.5 

1 mg/ml 62.0±0.2 24.6±1.1 10.2±1.7 3.3±0.4 16.5 

GelB powder 65.2±3.1 21.9±0.1 11.7±1.8 n/a 17.9 
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2.3.4.2. Characterization of the Optimized Film Surfaces 

A preliminary qualitative staining test was performed in order to assess the 

presence of the amine groups on the surface of PGS-GelB samples. 

Commassie dye (Brilliant BlueR-250) was used as it binds to proteins through 

Van der Waals attractions and ionic interactions between the dye sulfonic 

acid groups and the positively charged protein amine groups. As it can be 

noticed in Figure 2.12, the modified samples presented a dark blue coloration 

that indicated the presence of amine groups.  In contrast, the dye did not 

bind to the blank PGS samples that maintained their slightly yellowish, but 

clear color. 

 
Figure 2.12: Commassie staining tests performed on PGS and PGS-GelB samples. 

The presence of gelatin was also confirmed by ATR-IR mapping. The 

characteristic spectrum of gelatin contains specific bands at 1627 cm-1 that 

represents the C=O stretching of the of the peptide groups, at 1530 cm-1 

representing the bending vibration of N-H groups and stretching vibrations 

of C-N groups, and at 1237 cm-1 that is related to the vibrations in plane of C-

N and N-H groups [201]. The representative FT-IR spectra of GelB, PGS, and 

PGS-GelB samples are shown in Figure 2.13. The IR maps recorded in 

between 744 and 4000 cm-1 (Figure 2.13. (c)) indicate the complete protein 

coverage of the PGS film.  

Static contact angle measurements using distilled water were performed in 

order to assess the wettability of the surface layer of the polymers (i.e. 0.5-1 

nm). Although other research groups reported water-in-air-contact angles 

for PGS in the range of 17-32º [17, 58, 67], our measurements suggested a 

value of 93º for the non-modified PGS films.  



PhD Thesis Diana-Elena Mogosanu  80 | P a g e  
 

 
Figure 2.13: Attenuated Total Reflection Infrared (ATR-IR) maps showing the IR absorbance 

map of the (A) PGS-GelB and (B) GelB; (C) spectra of GelB (black), PGS-GelB (blue )and PGS 

(red). 
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This difference might be explained by the amount of OH groups left on the 

PGS surface after the curing step, and therefore also by the curing conditions. 

However, the hydrophilicity of the PGS-GelB films was significantly (p<0.05) 

higher than that of the plain PGS films. As anticipated, the contact angle 

decreased after the attachment of the gelatin coating from 93° to 34°. 

AFM measurements were performed to determine the surface roughness at 

a resolution of 10 and 50 µm. As shown in Figure 2.14, the topographical 

analyses indicated that the chemical modification has an effect on the PGS 

surface morphology. The nano-depressions of PGS films were masked by 

GelB, rendering a smoother surface. While at 50 µm scale (50 x 50 µm2) the 

blank PGS film had a root-mean-square roughness value (Rq) of 28.2 nm, the 

PGS-GelB film had an Rq of 14 nm (Figure 2.14 (c) and (d)). Taking a more 

detailed scan, at 10 µm scale (10 x 10 µm2), the Rq value for the modified PGS 

samples is 0.6 nm, while the non-modified PGS has a value of 1.9 nm. The 10 

µm scale measurements also showed that certain areas on the surface of the 

PGS-GelB film had a higher localized roughness (i.e. 42 nm) due to excess of 

the protein (Figure 2.14 (b)). However, the trend is similar for both 10 µm 

and 50 µm measurements; the general roughness decreased by 

approximately 2 fold. Furthermore, the surface of the gelatin-coated PGS 

(Figure 2.14(b) and 2.14(d)) indicates the absence of globular domains, which 

is atypical for globular proteins such as gelatin [193]. 

This might among others be related to surface wettability behavior of the 

AEMA modified PGS films. In order to quantify the amount of protein 

attached to the PGS film, a 125I radiolabelled GelB analogue was used 

according to previous developed protocols [109, 172], following the 

procedure presented in this chapter’s materials and methods section.  

The effect of the AEMA grafting on the amount of the Gelatin B immobilized 

on the PGS surfaces was analyzed. Table 2.4 presents the significant 

difference (p=<0.05) between the AEMA coated PGS samples and the plain 

uncoated ones. The presence of AEMA on PGS surfaces led to higher 

amounts of immobilized GelB. More reproducible surfaces were also 

generated when AEMA was grafted on the polymer films prior to gelatin 

immobilization. 
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Figure 2.14: AFM images of (a) PGS 100 µm2 ; (b) PGS-GelB 100 µm2 ; (c) PGS 2500 µm2 ; (d) 

PGS-GelB 2500 µm2. 

These findings are also in agreement with the studies performed by Desmet 

et al. and Kersemans et al.  who developed protocols for AEMA grafting on 

PCL films and scaffolds prior to gelatin bonding [109, 172]. After the 

immobilization of GelB, the release profile, for a period of five days, of the 

unbound GelB from the PGS and PGS-AEMA samples was analyzed and 

presented in Table 2.4. 

Table 2.4: The amounts of immobilized Gelatin on both AEMA treated and untreated PGS 

surfaces as determined using radiolabelling. The data is expressed as average ± standard 

deviation (n=3).  

Incubation time  

of the PGS-GelB samples 

 in medium,  at 37°C  

(hours) 

Immobilized 125I radiolabelled GelB 

(µg/mm2) 

Blank AEMA Released GelB 

(Δ)  

0 4.5 ± 0.5 6.1 ± 0.5 1.6 

24 4.2 ± 0.6 5.3 ± 0.1 1.1 

48 4.0 ± 0.6 4.9 ± 0.1 0.9 

120  3.6 ± 0.6 4.2 ± 0.1 0.6 
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A loss in activity over time was noticed for both AEMA treated and untreated 

PGS surfaces, probably due to the release of non-covalently bound gelatin. 

Nevertheless, the quantification of the Gelatin immobilized on the polymer 

showed that the protein coating is present on the PGS surface for at least five 

days.  

2.5. Other Enabling Applications of the Developed Materials 
 

According to the World Health Organization, cardiovascular diseases are the 

main cause of death globally, representing 31% of all deaths [202]. 

Percutaneous transluminal coronary angioplasty (PTCA) followed by stent 

implantation has gained a lot of interest since it was first introduced in 1986. 

Despite the significant improvement of stenting procedure over regular 

PTCA, it presents some serious clinical limitations that include intra stent 

restenosis and thrombosis. In order to prevent the overgrowth of tissue, drug 

eluting stents (DES) were introduced as a strategy to minimize the 

requirement for re-intervention [203-206]. Despite all efforts, long-term 

safety concerns emerged as incomplete endothelialization that gave rise to a 

life-threatening complication: late and very late stent thrombosis [207-209]. 

Late stent thrombosis is defined by the time interval between one month and 

one year after stent implantation, while very late stent thrombosis includes 

any thrombotic event beyond one year [210]. 

An incomplete endothelialization will maintain the implant in constant 

contact with human blood, which is a very hostile environment. As most 

coronary stents are made of metallic alloys, corrosion plays an important role 

on the implant outcome [211-213]. The corrosion process releases toxic ions 

into the surrounding tissue and into the blood flow that change the chemistry 

at the implant zone by promoting an overgrowth of endothelial cells as well 

as adhesion and activation of immune cells, giving rise to an inflammatory 

response and restenosis[214]. Corrosion also has an impact on mechanical 

properties affecting the integrity of the implant. Stent fracture due to 

corrosion attack has been detected in 1-3 % of coronary cases and this figure 

increases to 37 % in femoropopliteal stenting [215].  
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One approach to face this issue is to apply a coating on the stent surface with 

a biocompatible polymer in order to promote natural endothelialization and 

to prevent the material of being in contact with the aggressive content of the 

blood, specially the high levels of chloride that have been proven to promote 

localized corrosion including pitting and crevice corrosion (i.e. localized 

attack on a metal surface by which cavities are produced) in various metals 

and alloys [216, 217]. The most common bio-degradable polymers used for 

stent coating application include poly(glycolic acid) (PGA) or poly(lactic acid) 

(PLA) or their copolymers (PLGA), poly--caprolactone (PCL) and copolymers 

using poly(ethylene glycol) (PEG) [218-221]. However, coatings made out of 

these polymers are often very brittle and tend to crack during stent 

implantation and expansion, requiring the need of a plasticizer to improve 

the tensile behavior [222]. Moreover, some lactide-glycolide and lactide-

caprolactone copolymers were reported to swell up to 300% and to deform 

during degradation [223]. This alters the mechanical properties of the 

material and the physiology of the surrounding tissue [223]. 

Elastomeric materials have proven to offer mechanical integrity without 

influence on the tissue at the implantation site. Among the many elastomeric 

polymers, poly(glycerol-co-sebacate) (PGS) has gained special attention 

because it is a tough biodegradable material that undergoes surface erosion 

degradation with linear mass and strength loss during the resorption period 

with little deformation [60, 61, 183, 223]. PGS has been investigated with 

successful results for potential uses in soft tissue engineering including 

artificial microvasculature development [224]. It has been proven to be 

hemocompatible and its mechanical properties match the properties of the 

veins, especially in a dynamic environment [225]. 

In this context, the novel poly(polyol sebacate)-derived polymers synthesized 

herein were also applied for stent coating applications. As a proof of concept 

for the use of the herein developed materials, PES-PS was used to coat plain 

stainless steel stents via dip coating and electrospraying (Figure 2.15). This 

pre-polymer was chosen due to the fact that it had the highest molecular 

weight from all the synthesized materials. Higher molecular weight polymers 

imply higher viscosities, that always are advantageous for methods like 
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electrospinning and electrospraying. The pre-polymer solution was prepared 

in HFIP and the coating was further cured on the stent.  

The dip coating technique is a conventional coating procedure that is 

normally used in coronary stents for drug eluting applications  and to create 

a biocompatible surface in order to improve hemocompatibility [226-230]. It 

is well known to be a simple and fast one-step method with minimal 

requirements. In the present study, three concentrations were tried for the 

dip-coating procedure, namely 10 %, 15 % and 20 %. When using pre-polymer 

concentrations of 20 % and 15 %, pre-polymer accumulation was 

macroscopically visible in between stents struts. This finding led to the 

elimination of these two concentrations from further testing. The 10% pre-

polymer solution was considered more optimal also due to the fact that it 

proved to remain on the metallic stent during the curing process, avoiding 

therefore pre-polymer removal from the metallic stent.  

 

Figure 2.15: Electrospraying on metallic stents. 

On the other hand, the electrospray technique had gained interest over the 

last decade for the ability to create films with nano or micro-thickness. This 

could potentially be used for fabrication of single or multi layered polymer 

structures on implants surface with complex topologies, including stents 

[231-234]. 

EDX (i.e. energy dispersive x-ray analysis) spot analysis was used to identify 

the elements present on the dip-coated and electrosprayed samples. Three 
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spots were chosen and analyzed for each stent. Figure 2.16 depicts the 

composition analyses of all the stents. An increase of carbon and oxygen was 

noticed for the coated stents when compared to the bare stent. This is an 

indication that a thin polymer coating was present on the metallic stent, as 

the surface and chemical structure of the material coating only contains the 

aforementioned elements.  

 

Figure 2.16: Elemental composition of bare vs. coated stents as determined using EDX spot 

analysis.  

SEM micrographs of the plain stent, the dip coated stent and the 

electrosprayed stent are presented in Figure 2.17. BEC (Backscattered 

electron composition image) mode was also employed to attest to this fact 

and the coatings could be noticed in a darker shade, in contrast with the stent 

which is lighter. SEM micrographs for the dip coated stent are shown in 

Figure 2.17B. Polymer deposition mainly occurred as bridge formation at the 

curvatures of the metallic stent (Figure 2.17B). This is an undesired feature 

because it can interfere with the mechanical performance of the stent during 

the implantation and expansion. Also, bridges tend to delaminate and 

rupture the film during deployment and provide active sites for platelet and 

protein adhesion [235]. In addition, delaminated portions of the polymer film 

can migrate through the blood flow and block smaller and distant arteries 

leading to other complications [236].  

In contrast to those results, electrosprayed stents revealed no polymer 

accumulation at the curvatures (Figure 2.17C) but leads to the production of 
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a non-uniform film with different thickness across the implant surface. 

Further investigations on these methods will therefore be the subject of 

future work.   

 

Figure 2.17: SEM images of (A) bare stent; (B) dip coated stent: top picture - SEI mode ; 

bottom picure - BEC mode; (C) electrosprayed stent: top picture - SEI mode vs bottom picture 

- BEC mode. 

 

2.6. Conclusions 

Biodegradable poly(polyol sebacate) elastomers with tunable properties 

have been synthesized and investigated for soft TE applications such as liver 

TE. The synthesis was performed via bulk polymerization and microwave 

irradiation. Although the latter polymerization type gained much interest 

due to its better reaction kinetics, and therefore advantageous synthesis 

time frames, in the present study only limited molecular weights were 

obtained via this synthesis path. This was due to the presence of the by-

product, water, which can break some of the oligomer chains during the 

synthesis process.  Bulk polymerization was concluded to be the better 

option for this type of synthesis, not only due to the fact that the PGS- and 

PES-derived polymer molecular weights were higher than for the microwave 

polymerization, but also because of the higher amount of pre-polymer that 
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can be synthesized in one batch (i.e. >30 g pre-polymer for bulk 

polymerization vs. maximum 3 g pre-polymer for microwave irradiation).  

All synthesized pre-polymers were further thermally crosslinked and 

thoroughly characterized. The obtained polymers ranged from higher to 

lower elasticity (0.6 MPa to 3.8 MPa), from hydrophobic (PGS and PGS-

derived polymers) to hydrophilic (PES and PES-derived polymers), and had 

low swelling degrees (up to 3%). A significant difference was noticed 

between the degradation rates of the plain PGS and PES materials (4 % and 

22 % mass loss) and the derived ones (0.29 % and 0.18 % mass loss), proving 

the reported hypothesis that the degradation rate of the plain materials can 

be fine-tuned by adding different functionalities to their synthesis.   

 As synthetic biomaterials that mimic the ECM have a wide range of 

biomedical applications, PGS polymer films were also functionalized with 

gelatin via a chemical immobilization technique that has never been applied 

up to now for poly (polyol sebacate)s. This comes as an improvement to the 

already existing physio-sorbtion methods that lead to protein removal from 

the material.  

In the context of the present thesis, the herein developed materials meet the 

requirements for the fabrication of microfluidic devices, as they are flexible, 

biodegradable and optically transparent (i.e. the latter being a much needed 

feature for the bioreactor assembly). As a proof of the versatility of the 

obtained materials to other soft tissue engineering applications than the 

main one stated in the introduction part of the present thesis, dip-coating 

and electrospraying were employed to process one of the materials for 

cardiovascular TE applications. The PES-PS material was therefore tested as 

a potential coating for stent applications. The tests showed that the dip-

coated stents contained unwanted polymer accumulation at the curvatures, 

while electrosprayed stents had revealed a non-uniform polymer film with 

different thickness across the implant surface. As both methods suffer from 

limitations, further investigations on these methods should be the subject of 

future work.   
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In conclusion, the herein developed poly(polyol sebacate) pre-polymers have 

the advantages that their synthesis is fast (i.e. 28 hrs), straightforward (i.e. 

without the use of solvents and no purification needed) and can be 

transferred cheaply to industrial production (relatively simple infrastructure 

with low cost raw materials). Also, they can be easily processed through 

different scaffolding methods and microfabrication techniques, as presented 

in Chapter 3 and 4. The assessment of the biocompatibility of the herein 

developed polymer films will be assessed by culturing a hepatocellular line 

and human adipose-derived stem cells and presented in Chapter 5.  
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Chapter 3: Biodegradable Membrane Fabrication 
 

3.1. Introduction 

 

The primary goal of the present work was to develop biodegradable and 

biocompatible platforms/scaffolds for liver regeneration and tissue 

engineering. In this context, both the polymeric material and the scaffolding 

techniques play an important role in obtaining a functional tissue 

replacement or aid. As polymeric materials, synthetic polyesters have shown 

great potential for tissue engineering applications due to their shelf stability, 

property tunability and biocompatibility. Novel poly sebacate polymers were 

herein developed and presented in Chapter 2 of the current dissertation. 

Typical examples of scaffold fabrication techniques were described in more 

detail in the first chapter of the present thesis. Out of these, the 

electrospinning technique has become a versatile method that provides 

materials with high porosity and high surface area-to-volume ratios [123]. 

These characteristics enable a 3D environment which plays an important role 

in cell survival, morphogenesis, and function [14, 16]. During the last decade, 

another electrospinning procedure has emerged as a popular technique for 

scaffold fabrication, namely co-axial electrospinning. Its popularity derives 

from the fact that it creates micro- or nano-fibrous environments, enhances 

the quality of single spinneret obtained fibers and improves their mechanical 

performance.  

In the context of the present thesis, electrospinning was used in order to 

obtain membranes that would further be integrated within microfluidic 

systems. Thus obtained membranes were the preferred choice as their 

structure also resembles the extracellular matrix, a non-cellular component 

present in all tissues and organs that provides structural and biochemical 

support to the surrounding cells. The uniqueness of the present project is 

given by the aforementioned design as the embedding of a porous 

membrane in between microfluidic channels would come as a solution to the 
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two-dimensionality characteristic of most microfluidic devices and has never 

been attempted before. 

The porous membrane is required to have a thickness of a few tens of 

microns (i.e. 20 µm) and to be transparent enough to allow alignment when 

placed in between the microfluidic patterned layers. Its thickness should also 

not impart any structural damage to the final microfluidic bioreactor, that 

will have dimensions in the range of 100-200µm (i.e. 100 µm width, 100-200 

µm height). Ideally, the pore size should have dimensions in between 2-5 µm 

such that cells do not pass through the membrane into the other side of the 

microfluidic channel. Biocompatibility and biodegradability are other aspects 

of the porous membrane, as the final bioreactor will also be assembled from 

biocompatible and biodegradable materials. Therefore, similar 

biodegradation rates would also be preferred for the two main components 

of the microfluidic bioreactor. 

As a proof of concept, one of the biodegradable polyesters synthesized and 

presented in the previous chapter, namely poly(erythritol sebacate) (PES), 

was used in combination with poly (L-lactic acid) (PLLA) to obtain core/shell 

fibers. The motivation behind choosing PES was of practical nature, as the 

final bioreactors would also be developed using this material and a good 

uniformity of the materials within the final system would be preferred. As 

the molecular weight of a polymer is one of the most important parameters 

when using the electrospinning technique, PLLA was chosen to complement 

the PES material. PLLA is among the most frequently studied 

electrospinnable polymers and its use is justified also by the fact that it is 

approved by FDA for biomedical implants and drug delivery systems [237]. In 

addition, PLLA has been used in electrospun scaffolds for different tissue 

engineering applications such as bone, cartilage, vascular and neural tissue 

engineering [238, 239].  

The reason for choosing to develop core/shell fibers is that none of the 

herein synthesized poly(polyol sebacate)s cannot be spun alone due to their 

very low molecular weights. Moreover, the shell part consisting of an 

electrospinnable material such as PLLA would retain the elastomeric core 
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from not leaching out of the membrane’s structure during the assembly into 

the final bioreactor.  

Thus developed PES/PLLA core/shell fibers were thoroughly characterized 

and their potential role as part of the microfluidic bioreactor was 

investigated.  

3.1.1. Conventional Electrospinning 

Electrospinning has become a versatile method of creating a three-

dimensional space that allows cell proliferation and extracellular matrix 

deposition. The conventional single-spinneret electrospinning involves 

drawing micro or nano-fibers from a polymer solution. An electric field is 

applied to the liquid drop until it stretches enough to take the form of a fiber 

(Figure 3.1). The mechanism behind it consists in electrostatically charging 

the droplet at the spinneret tip. This implies that the drop comes under the 

action of two types of electrostatic forces: mutual electrostatic repulsion 

between the surface charges and the Coulombic force applied by the external 

electric field [240]. The liquid droplet elongates, taking a conical shape 

known as the Taylor cone. Once the electric field is high enough (i.e. reaches 

a critical value), the electrostatic forces overcome the surface tension of the 

polymer solution and force the ejection of the liquid jet from the tip of the 

Taylor cone. The solvent evaporates before reaching the grounded collector, 

leading to the formation of randomly oriented fibers. 

 
Figure 3.1: Schematic representation of the electrospinning process. 
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A multitude of factors affect the electrospinning process. Table 3.1 groups 

these parameters into main categories, namely polymer solution, process 

and ambient parameters.    

Table 3.1: Parameters influencing the electrospinning process 

Polymer solution parameters Process 

parameters 

Ambient parameters 

Nature of the polymer 

 

Polymer solubility 

 

Viscosity 

 

Polymer molecular  

weight 

 

Solution  

concentration 

 

Dielectric constant of the 

solvent 

 

Volatility of the solvents 

 

Conductivity 

 

Feeding rate 

 

Needle diameter 

 

Collecting distance 

 

Collector shape 

 

Electrical field 

 

Temperature 

 

Humidity 

 

Atmospheric  

composition 

 

Pressure 

 

Surrounding 

materials 

In the following paragraphs some of these effects will be illustrated with 

electrospinning experiments performed on widely used commonly available 

polyesters.  

Solution Parameters 

The solvent used for the preparation of the polymer solution has to have 

suitable vapour pressure, viscosity, and surface tension to promote fiber 

integrity [241]. Either single or mixed solvent systems are used to obtain 

consistent fibers in a reproducible manner. Figure 3.2 summarizes some of 

the solvent effects on PLLA fibers. In DCM/MeOH and HFIP (Figure 3.2A-B) 
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the fiber diameter is 2.5 µm, whereas when chloroform is used the diameter 

increases up to 6.5 µm. Also, the morphology of the PLLA fiber changes, as 

the fiber itself presents pores (Figure 3.2C). The importance of homogeneity 

of the polymer solution is highlighted in Figure 3.2D, where insufficient 

mixing of polyethylene glycol with PLLA results in uneven fibers and a 

distorted mat. PEG (Mw 1,000,000 g/mol) is usually used in electrospinning 

for increasing the spinnability of a polymer solution due to its high molecular 

weight.  

 
Figure 3.2: SEM micrographs presenting the solvent effect on electrospun PLLA fibers 

The polymer molecular weight, as stated above, has a great influence on the 

morphology of the resulting fibers. As one can notice also from Figure 3.3A, 

if an insufficiently high enough molecular weight is used, beads are more 

likely to be obtained. An increased molecular weight renders smooth fibers 

(Figure 3.3B).  

Process Parameters  

Although a high enough voltage (i.e. higher than the threshold voltage) is 

important for the ejection of fibers from the Taylor cone, the influence of the 

voltage on the fiber diameter is a more controversial topic. This is due to the 

contradictory results obtained by different research groups. 
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Figure 3.3: Optical microscope pictures of PCL fibers obtained from electrospinning a PCL 

solution 20% (w/v) with different molecular weights (A) 45 kDa and (B) 90 kDa; electrospinning 

conditions: chloroform/acetone 2/1, flow rate of 10 ml/h, 20 cm distance from the needle to 

the collector plate, and a voltage of 15 kV. 

For example, some studies reported that there is no direct effect of the 

voltage on the diameter of electrospun polyethylene oxide nanofibers [242], 

while other stated that higher voltages can favour the formation of smaller 

diameter fiber [243, 244]. Figure 3.4 depicts the influence of some process 

parameters of PCL electrospinning on the fiber formation performed during 

the current dissertation. In the present work, the influence of altering the 

electric field on the fiber diameter was not extensively studied, as it was not 

essential for the planned goal. As can be observed from Figure 3.4A vs 3.4D 

and Figure 3.4B vs. 3.4E, due to the scale of the pictures taken with an optical 

microscope (i.e. low accuracy), no conclusion can be drawn on the voltage 

effect on the fiber dimension. A more in-depth study about this parameter 

variation and in-depth measurements, such as scanning electron microscopy, 

is needed in order to conclude on the effect of the voltage on the fiber 

diameter.  

The distance from the needle to the collector is another parameter to be 

considered and optimized (Figure 3.4A, F). Whereas a too short distance will 

not allow appropriate solvent evaporation, the opposite will lead to beads 

formation. An optimum is therefore recommended. Within a certain 

recommended distance range, if no other parameter is changed, it has been 

shown that the fibers tend to stretch more and this leads to the development 

of thinner fibers [245].  

The flow rate at which the polymer solution is pushed through the syringe is 

a factor that might contribute to the fiber diameter. Thicker fibers are more 
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readily obtained if the flow rate is increased. An excessive flow rate can 

sometimes lead to drop formation as an excessive volume is drawn away 

from the needle. Some defects can be thus formed as a result of 

electrospinning at high feeding rates [246].  

Ambient Parameters  

Environmental temperature and humidity can interfere with the 

electrospinning process and the morphology of the fibers. Temperature can 

have a direct effect on the process if it is higher than the room temperature. 

Some of the most common effects include a more quick solvent evaporation, 

increased diameters of the fibers, and even needle clogging. 

 
Figure 3.4: Optical microscope pictures illustrating the process parameters (flow rate, distance 

from the needle to the collector plate, voltage) that influence on PCL fibers: (A,B) and (C,D) 

change in the distance from the needle to the collector plate; (A, C) and (E,F) flow rate change; 

(A, D) and (B, E) voltage change;  

Humidity is an important aspect, as low humidity may increase solvent 

evaporation while high humidity can lead to higher porosity of the fibres 

[247, 248]. In order to avoid the influence of these types of parameters, a 

room with constant humidity and temperature can be used for the 

electrospinning process.  
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3.1.2. Co-axial Electrospinning  

In the last decade, co-axial electrospinning has emerged as a popular 

technique for scaffold fabrication as it creates micro- or nano-fibrous 

environments, enhances the quality of single spinneret obtained fibers and 

improves their functionality. In this process, core/shell fibers are obtained by 

simultaneously feeding different polymer solutions through the inner and 

outer capillaries or needles (Figure 3.5). The co-axial process is subjected to 

the same parameters as presented above. One requirement is that the 

viscosity of the shell solution has to overcome the interfacial tension 

between the two solutions [244]. The shell polymer is critical to the entire 

process as it has to be easily electrospinnable by itself. To these, the 

miscibility of the core-shell solutions is also to be considered as immiscible 

solutions separate in two phases once the solvent is evaporated [249]. The 

solvent choice can influence the formation of core/shell fibers and the 

solvent from one polymer solution should not precipitate the polymer in the 

other solution.  

  

 
Figure 3.5: Image of the applied co-axial electrospinning head. 

Up to now, there is contradictory data about whether the core and the shell 

solutions should be miscible or if the same solvent should be used to prepare 

both solutions. Some studies report that miscible solutions lead to a 

decreased surface tension between the two solutions and therefore favour 

the development of uniform core/shell fibers [242]. On the other hand, other 
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studies indicate that when using miscible solutions mixing can occur between 

them, resulting either in porous fibers or mixed fibers rather than core/shell 

[250]. Although the use of different solvents or immiscible solutions for co-

axial electrospinning is considered an essential requirement [251], a clearer 

understanding of this parameter is necessary.  

Products and Applications 

The result of the co-axial electrospinning process can be hollow fibers, 

core/shell bi-component structures, fibers from non-electrospinnable 

materials, or fibers containing encapsulated microparticles. The potential 

uses of these type of fibers cover diverse fields, as they can be used as 

scaffolds for tissue engineering, carriers of drugs or biological objects, 

products for filtration or protective clothing, fiber reinforced composites 

products and even sensors and electrodes for use in electronics and optics 

[252]. 

The main idea behind core/shell bi-component fibers is to modify or coat a 

material. This strategy can result in increased hydrophilicity [253], higher 

tensile strengths [243] or tunable mechanical properties and improved 

surface compatibility [254, 255]. Natural polymers such as collagen [256] and 

gelatin can be therefore complemented with synthetic polyesters like PCL 

[257], PLLA [258], PLGA [259, 260]. The resulting fiber mats or membranes 

combine the best of the two worlds: good biocompatibility and 

advantageous mechanical properties. Soft and hard tissue engineering are 

some of the main beneficiary fields from this type of bi-component fibers.  

The so-called “host/guest” electrospinning approach implies the use of non-

spinnable materials which can be further chemically transformed or 

polymerized for the core, while the shell consists of an easily 

electrospinnable polymer [253]. This approach can render pure fibers of the 

core material, by removing the shell material.  

Fibers encapsulating drugs, nanoparticles or biological compounds are most 

useful in applications such as gene therapy and drug delivery [252]. 

Enhancing performance of lithium ion batteries is another field where the 

use of coaxial electrospinning renders hollow carbon nanofibers as anode 



PhD Thesis Diana-Elena Mogosanu  100 | P a g e  
 

materials [261]. Different loadings of Si in the carbon core matrix as the 

anode were also used for this purpose [262]; polyacrylonitrile was the shell 

material, while poly(methyl methacrylate) and silicon nanoparticles served 

as core materials.  

Co-axial fibers used for electrodes of solar cells [263], luminescence materials 

[264] and supercapacitors [265] prove the flexibility of this technique and its 

future potential.  

3.2. Materials and Methods 

Methanol (MeOH), dicholomethane (DCM) and hexafluoroisopropanol 

(HFIP) were purchased from Sigma-Aldrich. All chemicals were used as 

received unless otherwise mentioned. Poly L-Lactic acid (PLLA) with a 

molecular weight of 81,000 g/mol was purchased from Nature Works LLC. 

Poly (lactic-co-glycolic) acid (80/20 lactic/glycolic ratio) with a viscosity of 1.7-

2.6 dl/g was purchased from RESOMER®. 

3.2.1. Core/shell fiber spinning of PES/PLLA 

PES 20% (w/v) was dissolved in HFIP to form the core solution, while PLLA 

20% (w/v) was dissolved in DCM/MeOH 8/2 (v/v) to form the shell solution. 

A two-fluid co-axial spinneret, with a 1 mm diameter inner tube and 2 mm 

diameter outer tube, was set up in the electrospinning device. Both polymer 

solutions were poured in plastic syringes and connected to the co-axial 

spinneret via Teflon tubings. The polymer solutions were injected through 

the co-axial spinneret with a constant flow rate of 5 ml/hour, using a New 

era Pump Systems LLC pump. A voltage of 18 kV was applied at the G21 tip 

of the spinneret and the fibers were collected on a grounded collector (DC 

high-voltage supply from Glassman High Voltage LLC). The distance between 

the tip of the spinneret and the collector was 15 cm. The obtained fibers were 

vacuum dried overnight to remove any residual solvents. For comparative 

reasons, the conventional electrospinning technique was applied for PLLA. 

Therefore, PLLA 20% (w/v) was dissolved in dichloromethane/methanol 8/2 

(v/v) and electrospun similarly to the co-axial method. The PLLA solution was 
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pumped into the single spinneret with a flow rate of 5 ml/hour, at 18 kV. The 

distance between the G21 needle tip and the collector plate was 15 cm.  

3.2.2. Characterization Techniques for Electrospun Fibers 

FT-IR Spectroscopy 

The chemical structure of the electrospun mats was investigated via fourier-

transform infrared spectroscopy with a Bio-Rad FTS 575C spectrometer.  

Static Contact Angle Measurements (SCA) 

Mats (4 cm x 4 cm) were cut and the static contact angles were measured 

with a goniometric OCA 20 device (Dataphysics). SCA values were 

determined using the sessile drop method and distilled water as the 

dispensing liquid. The Young-Laplace procedure was used as processing 

method. The device was equipped with a video camera able to record a 10 s 

video (25 frames/s) of each drop. Aliquots of 0.5 µl of double distilled water 

were dropped on the mats. An average value of at least three drops (0.5 µL) 

per mat was considered.  

Mechanical tests were performed to study the deformation, the rupture and 

fatigue profiles of the electrospun mats. The rupture profiles were evaluated 

in a Texture Analyser (TA500, Lloyd Instruments). The resistance to the 

deformation induced by a 0.4 cm diameter cylindrical probe was studied. The 

mats were clamped in a CellCrown ™ (Scaffdex) of 3 cm diameter, 1 cm high. 

A rupture was considered when the strain dropped rapidly to 20% of the 

maximum strain. Fatigue tests were also performed in this instrument. The 

maximum strain generated for each consecutive deformation (induced by 

the probe) was measured. The tests were performed for 5 or 10 cycles at a 

deformation of 1 mm, 3 mm and 5 mm. 

Scanning Electron Microscopy (SEM) 

The surface morphology of the electrospun fibers was evaluated using a 

scanning electron (SEM) JEOL JSM 5600 instrument, equipped with a 

secondary electron detector, in the high vacuum mode. Prior to analysis, all 

samples were coated with a thin (ca. 20 nm) gold layer through plasma 
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magnetron sputter coating. For measuring the fiber diameter, 9 fibers were 

chosen per analyzed sample and a total of 3 samples per type were 

investigated from the electrospun mats.  

Transmission Electron Microscopy (TEM) 

TEM analyses were also performed in order to visualize the structure of the 

core/shell fibers. TEM imaging was conducted using a Tecnai G2 (FEI) 

microscope, operated at an acceleration voltage of 200 kV. The optimum 

method to obtain contrast between shells and cores was to use a scanning 

transmission mode. As shown in Figure 3.6, the beam is focused onto and 

scanned across the sample. So the image is created sequentially. Different 

detectors can be used, such as bright-field (BF) or annular dark-field (ADF) 

detectors. Contrast is created because the electrons are scattered by 

interaction with the sample. For each scan position transmitted electrons are 

detected. If there is a density difference between shell and core of the fibers, 

we expect that more electrons are scattered to higher angles, so that for 

higher density more signal is generated in the ADF detector and less in the 

BF and vice versa. 

 

Figure 3.6: (A) Principle of Transmission electron microscopy; (B) Conventional grid for electron 

microscopy; it’s size is 3 mm in diameter and contains bars of copper that separate squares, 

which are free of any material; grids with the same arrangement of copper bars but coated 

with holey carbon films, containing either random holes (Lacey) or regular holes (Quantifoil). 
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For TEM sample preparation, small pieces of PLLA or PES/PLLA fiber mats 

were transferred onto a holey carbon support film (Quantifoil®) (Figure 3.6B) 

as they are much more stable and can be investigated without movement.  

To obtain cross-sectional views, parts of a PES/PLLA sample were embedded 

in Epofix epoxy resin, as depicted in Figure 3.7. The procedure of embedding 

was initialized by impregnation of the sample with Epofix, followed by 

hardening at atmospheric pressure and room temperature.  

 

Figure 3.7: : Sample preparation for cross-section imaging via TEM. 

The hardened block could be cut into ultrathin sections of 50 nm using a Leica 

UC7 microtome. Sections were collected on copper mesh grids and 5 nm of 

carbon was deposited using a Leica ACE600 carbon evaporator. While 

imaging of cross-sections was performed using conventional bright-field 

TEM, the non-embedded fibers were imaged using the scanning TEM mode 

in combination with a bright-field detector. 

3.3. Results and Discussion 

3.3.1. Production of PES/PLLA Core/Shell Fibers 

In the current thesis, none of the elastomers synthesized and presented in 

Chapter 2 was electrospinnable as such due to the limitation of their 

molecular weight (i.e. 18,000 g/mol maximum molecular weight obtained). 

Nevertheless, combining them with well-established electrospinnable 

polymers provides an advantage as the result can offer fibrous scaffolds with 

tunable mechanical properties (from stiff to elastic), tunable degradation 
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rates and higher hydrophilicity than the initial easily electrospinnable 

polymers.  

Therefore, the motivation for using co-electrospinning of PES pre-polymer 

with PLLA was  based on the observation that the synthesized  PES pre-

polymer cannot be spun alone due to its low molecular weight, and therefore 

low solution viscosity. Furthermore, by combining these two polymers into 

an electrospun scaffold the properties of the fibrous mats can be broadened 

and in some aspects controlled (e.g. control over stiffness).  

PES was electrospun as the core material in a concentration of 20% (w/v) in 

HFIP and PLLA as a shell material in the same concentration in DCM/MeOH 

(8/2). As reference material, PLLA was also spun into fibers using the same 

electrospinning conditions, polymer concentration and choice of solvents. 

The choice for using two different solvents for the core and the shell 

materials was made as to avoid blending of the two solutions during the 

spinning procedure. Different solvents would ensure that the solutions are 

not easily miscible and that the fibers obtained have a core/shell structure 

and not a blended one [250, 266].  

 

3.3.2. Morphology and Topography of PES/PLLA Fibers via Scanning 

Electron Microscopy 

The fiber morphology for the PLLA and PES/PLLA core/shell mats was studied 

with SEM (Figure 3.8). The fiber diameter and morphology is a result of 

multiple varying parameters such as polymer solution concentration, flow 

rate, applied voltage, distance between needle and collector plate, needle 

gauge, atmospheric humidity and choice of solvent. In the current work a 

significant (p<0.05) difference was noticed between the fiber diameters of 

the as spun PLLA fibers and the core/shell ones. The PLLA fibers had an 

average diameter of 4.1 ± 1.3 µm, while the core/shell fibers presented a 

diameter of 2.3 ± 0.5 µm. On the other hand, there is no significant statistical 

difference between the various samples of PLLA mats (p>0.05) and PES/PLLA 

core/shell mats (p>0.05) investigated. This suggests that the reported 
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process and electrospinning parameters provide reproducible PLLA and 

PES/PLLA fibers.  

Interestingly, the core/shell fibers are thinner than the PLLA single fibers 

although a higher diameter of the needle was used to extrude the core/shell 

fibers. This phenomenon can also be explained by the presence of some split 

jets when larger needles are used [240, 267]. The formation of branches 

within the electrospun jets occurs in more concentrated and viscous 

solutions that require larger diameter needle for their expulsion [240]. For 

lager diameter needles, the interface between the air and the solution is 

larger and therefore some solidification of the polymer may occur. This leads 

to smaller multiple jets that render thinner fibers. The fibers become uniform 

in diameters as they are produced from the same unique Taylor cone. 

Another factor contributing to the smaller fiber diameter can be the solvent 

choice for PES, namely HFIP, that can have an influence on the interfacial 

tension between the core and shell solution and thus on the Taylor cone 

formation [268]. Furthermore, from literature it is well known that the 

solvent choice influences parameters such as fiber morphology and fiber 

diameter [269, 270].   

 

Figure 3.8: SEM micrographs of (A, C) - PLLA fibers and (B, D) - PES/PLLA core/shell fibers. 
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Although, ideally, the pore size (i.e. distance between fibers) should have 

dimensions in between 2 and 5 µm such that cells do not pass through the 

membrane into the other side of the microfluidic channel, the herein 

obtained membranes presented pore sizes of 2-50 µm. The pore size could 

not be controlled due to the random orientation of the fibers. Future work 

should consider the development of oriented fibers under different angles 

for a better control over the membrane porosity.  

3.3.3. Chemical Composition of PES/PLLA Fibers 

As FT-IR can determine the chemical composition of a sample, infrared 

spectra of PLLA and PES/PLLA core/shell fibers were recorded. This was 

performed to indicate whether a uniform mat was obtained (Figure 3.9). The 

bands corresponding to bending vibrations of CH3 (asymmetric and 

symmetric) were found at 1451 and 1519 cm-1 in the polymer spectrum, 

while the peaks at 2992, 2947 and 1741 cm-1 of PLLA were assigned to the 

CH stretching vibration and C=O vibration, respectively. The band around 

3300 cm-1 is related to the stretching of OH group and its intensity is 

decreased when compared to the spectrum of the PES polymer (Figure 3.9), 

denoting that the fibers are indeed comprised out of the PLLA and PES 

material.   

 

Figure 3.9: FT-IR spectra of PLLA and PES/PLLA core/shell fibers. 
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3.3.4. Thermal analyses of PES/PLLA fibers 

The presence of the PES material within the core/shell fibers was also 

demonstrated by DSC analyses (Figure 3.10). PES/PLLA fibers contained glass 

transitions belonging for both polymers: for PES at -9°C and for PLLA at 58°C, 

respectively. While on the heating cycle a distinct melting peak was also 

noticed at 150°C for the PLLA polymer, during cooling only the glass 

transitions for the two constituents of the core/shell fibers were observed.  

 

Figure 3.10: DSC curves for PES vs. PES/PLLA core/shell fibers 

3.3.5. Hydrophilicity of PES/PLLA Fibers 

Contact angle measurements were performed in order to study the 

wettability of the fibers. PLLA fibers had a water-in-air contact angle of 96° ± 

3°, indicating a very hydrophobic material. For the PES/PLLA core/shell fibers, 

the water drop was not stable enough for the contact angle measurement to 

be registered over 10 seconds. The water drop was absorbed by the mat in 

ca. 2 seconds, demonstrating that the addition of the PES pre-polymer to the 

fibrous scaffold increased its hydrophilicity. 

This result is in agreement with the data obtained when electrospinning the 

well-known polyester from the same family as PES, namely PGS [271]. In the 
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study of Ravichandran et al., PGS also increased the hydrophilicity of gelatin 

during a co-electrospinning process where the above elastomer constituted 

the core of the developed fibers [255, 271]. Such PES/PLLA system actually 

acts like a sponge, absorbing the water also probably due to possible fiber 

imperfections that expose the core (i.e. the very hydrophilic PES material - 

SCA 24°) of the fiber to the surface. 

3.3.6. Mechanical properties of PES/PLLA fibers 

The mats response to the deformation induced by a cylindrical intron probe 

(diameter = 0.4 cm) was measured by a texturometer. As the probe 

penetrates the mat and deforms it, an additional vertical force will be 

present. The rupture plot in Figure 3.11 demonstrates that the mats’ 

disruption is less abrupt for slower probe speeds (i.e. 0.5 mm/min), than for 

higher ones (i.e. 5 mm/min).  

 
Figure 3.11 : Mechanical analyses of electrospun fibers: A - Rupture profiles of the electrospun 

fibers; B - Plot of the difference in rupture speed of a PLLA mat with a thickness of 40±7µm at 

different probe velocities; C - Fatigue profiles at 3 mm probe deformation for a PLLA mat; D - 

Fatigue profiles at 3 mm probe deformation for a PES/PLLA mat. 
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The extent to which the fiber mats resist deformation in response to the 

applied force, denominated as stiffness, was calculated. The parameters 

shown in Table 3.2 indicate that by introducing poly (erythritol sebacate) into 

the core of the PLLA fibers, the overall stiffness increases from 0.19 N/mm 

for the plain PLLA fibers to 1.19 N/mm for the core/shell fibers. This increase 

can be attributed to the introduction of the PES filling inside the PLLA fibers, 

which makes the fibers more rigid as it disrupts the consistency of the PLLA 

fiber structure. In addition to the chemical composition parameter of the 

fibers (i.e. core/shell vs. plain PLLA), the mechanical strength difference 

could also come from the fact that the plain PLLA fibers have a higher average 

diameter than that of the PES/PLLA fibers (i.e. 4.1 µm vs. 2.3 µm; Figure 3.8).  

The maximal load and deflection is a measure of the maximum force and 

deformation that the electrospun mats can undergo. Rupture of the fibers 

was considered to occur when the force drops fast to 20% of the maximum 

load.A decrease in the maximum deflection is observed for the core/shell 

fibers, as the overall stiffness is higher than the plain PLLA fibers. 

Table 3.2: Mechanical properties of electrospun fibers. 

Fiber mats 

40±7µm thick 

Maximum 

Load (N) 

Deflection 

at 

Maximum 

Load 

(mm) 

Stiffness 

(N/mm) 

Load at 

Rupture 

(N) 

Deflection 

at rupture 

(mm) 

PLLA 0.67 ± 

0.27 

5.51 ± 

0.47 

0.19 ± 

0.06 

0.54 ± 

0.21 

6.50 ± 

0.73 

PES/PLLA 0.20 ± 

0.12 

2.24 ± 

0.90 

1.19 ± 

0.55 

0.15 ± 

0.09 

2.60 ± 

1.04 

 

Depending on the fiber type, the probe can therefore deform the mat to 

some extent, but a fraction of the fibers can still provide resistance due to 

fiber rearrangement on the edges of the circular section of the probe. Fatigue 

tests have been performed in order to evaluate the structural damage that 

occurs when the electrospun mats are subjected to cyclic loading. The fatigue 

profiles (Figure 3.11 C,D) showed a decrease of the strain at maximum 

deformation which implied that some irreversible structural changes did 
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occur. For all deformation frequencies, this decrease was more evident 

during the first cycles. Fatigue tests where the mats were deformed for more 

than 5 cycles (i.e. 10 cycles, data not shown), indicated that, after the initial 

cycles, no other significant changes occur over time.  

The thickness of the tested electrospun mats was 40±7 µm. As it is generally 

difficult to obtain a uniform thickness of the mat during the electrospinning 

process, the accuracy of the fatigue tests was evaluated by dividing the 

maximum loads of the last and first peaks. The ratio obtained (Table 3.3) can 

attest to the fact that all mats, indifferent of the thickness, have the same 

fatigue profile behaviour. The fatigue tests with the probe deformation of 5 

mm were not applicable for the core/shell fibers as these fibres’ maximum 

deflection at rupture was 2.60 ± 1.04 mm.  

Nevertheless, the observations about the rigidity of the fibers deducted from 

the mechanical tests will not impart any problems for the final purpose of 

the present thesis, as the electrospun mat will be inserted in between 

microfluidic channels of 100 µm height.  

Table 3.3: Last peak maximum/First peak maximum ratio of fatigue profiles of electrospun 

mats. 

            Ratio  

 

Fibers 

1 mm*  

5 cycles 

1 mm* 

10 

cycles 

3 mm*  

5 cycles 

3 mm* 

 10 

cycles 

5 mm* 

 5 cycles 

5 mm*  

10 

cycles 

PLLA 0.97 1.02 0.77 0.77 0.76 0.69 

PES/PLLA 0.85 0.88 0.84 0.77 n/a n/a 

* 1, 3 and 5 mm deformation into the electrospun mat, respectively 

 

It can be concluded from the mechanical tests that the produced structures 

are tension resistant, especially for lower deformations than 1 mm, and that 

the herein developed electrospun membranes are, therefore, suitable for 

the final microfluidic application. 
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3.3.7. Evaluation of the PES/PLLA Fibers via Transmission Electron 

Microscopy 

To assess the structures of PES/PLLA fibers TEM was applied in scanning 

mode, i.e. a focused electron beam was raster-scanned across the sample as 

in SEM. However, since a primary energy of 200 keV was used, the 

transmitted electrons can be analyzed, so that a core/shell structure of the 

two different materials PES and PLLA could be visualized.  

 

Figure 3.12: TEM analyses of the electrospun fibers: A - PLLA fiber (represented by the black 

color); B, C - PES/PLLA core/shell fiber, where PES is represented by the black color and PLLA 

by the lighter grey color; D, E - cross-sectional view of the PES/PLLA fibers, where PES is 

represented by the dark grey color and PLLA by the light grey color. 

For transfer to a TEM sample holder, small pieces of the fiber mats were 

transferred onto a holey carbon support film. It was observed that the holes 

in the support did not add in improving imaging quality but the carbon film 

supports and stabilizes the deposition of the fibers. Figure 3.12 shows 

scanning TEM micrographs of a PLLA fiber and PES/PLLA fibers. A 

homogeneous distribution is found for PLLA in the single material fiber as 
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seen in Figure 3.12 A. Figure 3.12 B-C indeed reveals core-shell structures for 

PES/PLLA fibers. Many more of such fibers could be observed, which implies 

that the majority of the fibers consists of core/shell morphology. These 

images represent plane views of the samples. Since such a projection cannot 

prove that the PLLA forms a continuous shell, we also embedded PES/PLLA 

fibers into an epoxy resin, followed by ultramicrotomy to obtain ultrathin 

cross-sections for TEM analysis. Figure 3.12 D-E shows TEM micrographs of 

embedded parts of core-shell fibers. As pointed out in Figure 3.12E, the 

visible shell in the cross-sectional view is continuously covering the core. 

Another interesting observation was that some fibers fused together (Figure 

3.13A, B), after the curing process. This was due to the fact that some 

PES/PLLA fibers presented disruptions, with the PES core reaching the shell 

of the fiber (Figure 3.13C).   

 

Figure 3.13: TEM micrographs: (A) cracks within the uncured PES/PLLA fiber reveal the PES 

material (arrows) that allows fusion of the fibers during curing; (B, C) 2 and 4 fused PES/PLLA 

fibers, respectively; 

This disruptions can lead to the loss of fiber integrity and can be the cause of 

the increased rigidity of the core/shell fibers vs. the plain PLLA fibers (Table 

3.2). Although the cause of these fiber disruptions can be the electrospinning 

process itself, another aspect should also be considered, namely the mat 

deposition on the TEM grids. It is highly likely that the disruptions are a result 

of the fiber stretching during the deposition of fibers on the grid. 

In report to the present project’s application, these fiber inconsistencies 

would not impart any disruptions to the bioreactor assembly and its final 
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usage. Although some parts of the fibers might have the core PES material 

exposed, this material is biocompatible and biodegradable and is therefore 

suitable for the final tissue engineering application.  

 

3.3.8. Degradation Rates of PES/PLLA Fibers 

One other important property for biomedical applications that can be 

changed using the co-axial electrospinning is the polymer degradation rate. 

As expected, an increase in the degradation rate was noticed in the case of 

the core/shell fibers (Figure 3.14). While the plain PLLA fibers showed a mass 

loss of 0.05 ± 0.02% after 16 weeks, the PES/PLLA core/shell fibers lost 0.39 

± 0.01% of the mass in the same time interval.  The results for the PLLA fibers 

are in agreement with previous studies that also showed almost no weight 

loss during degradation studies of 6 and 35 weeks in phosphate buffer [272, 

273]. The degradation was approximatively 8 times higher for the PES/PLLA 

fibers. This higher degradation rate can also be attributed to the smaller 

diameter of the core/shell fibers (in comparison with the plain PLLA fibers) 

that implies a higher surface area per unit mass exposed to the degradation 

medium.  

In the context of inserting the electrospun membranes inside a microfluidic 

bioreactor, the obtained degradation test results are satisfying. As the final 

bioreactors are intended to be prepared from the elastomeric materials 

prepared in Chapter 2, the degradation rates of all materials and fibers 

involved in the microfluidic system assembly should have similar trends. The 

PES/PLLA core/shell fibers degradation properties could, therefore, match 

the degradation properties of the PGS- and PES-derived  elastomers which 

had a maximum mass loss of 0.29 and 0.18% respectively. 

The major advantage of the core-shell fibers is therefore the potential to 

obtain a combination of properties of various types of materials. Coaxial 

electrospinning can comply to specific required properties, a fact that makes 

this technique one of the most popular scaffolding methods.  
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Figure 3.14: Degradation of electrospun fibers over a period of 4 months. 

 

3.4. Conclusions 

In the present study PES/PLLA core/shell porous membranes have been 

successfully developed for liver tissue engineering applications. The herein 

developed core/shell membranes had a smaller fiber diameter (i.e. 2 vs. 4 

µm), a higher wettability, and higher degradation rate (0.39% vs. 0.05% mass 

loss) than the plain PLLA fibers. In addition, all the developed fibrous 

scaffolds offered high porosity and high surface area-to-volume ratio, that 

are key-factors in creating good 3D environments for cell culturing and tissue 

engineering. All these results are in agreement with the targeted values for 

fiber size and biodegradability: 1-2µm fiber diameter, and  0.18-22% mass 

loss representing the mass loss of the developed materials for the final 

bioreactor. Although the pore size could not be controlled and varied in 

between 2 and 50µm due to the random orientation of the fibers, a future 

perspective would be the investigation of obtaining oriented fibers via the 

electrospinning. Nevertheless, thin membranes with a thickness within the 

desired range (i.e. maximum 20 µm) were obtained for the final application.  

From all characterization techniques it can be concluded that both plain PLLA 

and PES/PLLA core/shell fibers provide good candidates for integration 

within microfluidic bioreactors or systems. From the thermal point of view, 
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the aforementioned membranes are stable up to temperatures as high as 

150°C; mechanically, the mats have suitable fatigue resistance for 

deformations lower than 1 mm and therefore could withstand small flow 

rates within microfluidic systems. Furthermore, all materials are 

biodegradable which is in agreement with the aim of the present thesis, 

namely to design fully biodegradable bioreactors.  

The integration of thus obtained fibers in microfluidic devices will be 

evaluated and presented in the next chapter. The biocompatibility of the 

herein developed scaffolds will be evaluated with a hepatocellular cell line, 

which is a known in vitro study model for liver tissue engineering 

applications. These results are presented in Chapter 5 of the current thesis. 
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Chapter 4: Microfluidic Bioreactor development 

The development of biodegradable and biocompatible microfluidic 

bioreactors for liver tissue engineering is presented in this chapter. The work 

presented in this chapter was previously published in Materials & Design 

[274].  

4.1. Introduction 

Nowadays there is a growing interest from the scientific and industrial world 

for drug screening using in vitro cultured cells, for cell culturing and tissue 

engineering. A stringent need of producing and using more complex tissues 

with different types of cells and with a more complex 3D structure drives 

researchers to study biomaterials and imprint novel designs using different 

tools [28-31]. In the last decade, synthetic elastomeric materials such as poly 

(glycerol sebacate), and poly (polyol sebacate)s [55] in general, have 

attracted a lot of attention for soft tissue engineering applications due to 

their biocompatibility. The tunability of the materials’ mechanical properties, 

that can resemble those of the native tissue [56] constitute another 

important aspect. Moreover, these thermoset materials can be designed to 

be amorphous and their degradation mechanism allows the retention of the 

3-dimensional structure during the mass loss or resorption process [64]. 

Microfabrication and microelectromechanical system technology are micro-

engineering methods designed to shape these materials such that a good 

spatial resolution is obtained. Up to now, most of the developed microfluidic 

bioreactors were created by essentially two ways: either bonding a patterned 

layer on top of a flat one [20], or by stacking and bonding single-layer 

microfluidic networks [21]. Nonetheless, microfabrication technology is 

basically a 2-dimensional technique that generates patterns on 2D surfaces, 

and therefore it limits their use in the study of surface morphology effects on 

cell growth [22]. Another limitation consists in the hypoxic oxygen 

concentrations that arise from the use of polymer thicknesses over 200 µm 

and that further restricts the maximum thickness of the engineered tissue 
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[20]. In order to counteract these limitations, we propose the integration of 

porous membrane (with a maximum thickness of 20µm) in between two 

micro-patterned microfluidic layers. From the best of our knowledge, this 

unique strategy has not been reported for biodegradable microfluidics by 

other research groups.  

The microfluidic devices developed in the present work were fabricated out 

of biodegradable and biocompatible elastomers, such as poly (glycerol-

sebacate) and poly (erythritol-sebacate). The two biomaterials were 

synthesized and micro-patterned by previously mentioned methods [17, 18]. 

The above mentioned polymers serve as a proof of concept that the herein 

presented technology can be transferred to all poly(polyol sebacates) 

developed in this thesis. An alternative method for the curing step that leads 

to the film formation and pattern generation is also reported. The effect of a 

nitrogen flushed oven on the curing of the pre-polymers was studied and led 

to the observation that it enhances the crosslinking rate in comparison with 

the conventionally used vacuum oven.  

The porous membrane that was placed in between the patterned 

microfluidic layers was obtained by electrospinning, a traditional scaffold 

fabrication technique. As a proof of concept for this idea we have chosen 

PLLA as a material for the electrospinning fabrication process. Its purpose is 

similar to that of the extracellular matrix, namely to provide cell support, cell-

to-cell interaction, and also to solve the oxygen diffusion limitations 

imparted by microfluidic membranes with thicknesses exceeding 200 µm 

[20]. Electrospun membranes have been introduced before in microfluidic 

systems, biosensors and lab-on-a-chip devices [23]. Most of the applications 

involve point-of-care diagnostics or tissue engineering and regenerative 

medicine. Up to now, the membranes consisted of polyvinylidene difluoride 

[24], track-etched polycarbonate [25], polystyrene [26], polyurethane [27], 

polyvinylpyrrolidone and were mainly incorporated in PDMS or PMMA. In the 

context of tissue engineering and regenerative medicine, the ability to 

manipulate the cell microenvironment is important in achieving an in vitro 

organ model.  
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Therefore, it is preferable that the system comprises materials that are easily 

biodegradable in order to minimize the foreign body response. In the present 

thesis a biocompatible system was developed, for which both the membrane 

and the microfluidic material are biodegradable. The combination of 

traditional scaffold fabrication (i.e. electrospinning) and microfabrication 

techniques might provide the needed platform to create complex in vitro 

environments that allow the culture of multiple cell types, and oxygenation 

and nutrients diffusion to the cells.  

4.2. Microfabrication of Master Molds 

Microfabrication implies the generation of micro- and nano-scale features in 

modern engineering materials and has its foundations in microelectronics. 

Although initially created to satisfy the demands of the semiconductor 

industry, it is increasingly being applied in other fields such as biotechnology 

and tissue engineering. One of the most popular master mold fabrication 

techniques is SU8 photolithography which uses light to pattern a substrate 

(Figure 4.1). Photolithographic techniques were therefore used to introduce 

relief structures on the surface of wafers. The features, created by SU8 epoxy 

resists are deposited on substrates. SU8 is a viscous polymer that can be spin 

coated over clean substrates over a thickness in the range of tens to 

hundreds of microns. Briefly, clean 4-inch silicon wafers were spin coated 

with SU8 100 epoxy negative photoresist (Microchem Co.) to achieve a 100 

µm thick layer and exposed to UV light in a mask aligner SET MG1410 through 

a mask. The mask was designed using AutoCAD 2008 and printed on a 

transparency.  

Si wafers were chosen as substrates in the current thesis as they offer good 

adhesion of the SU8 features and a reproducible and easy delamination of 

the subsequent elastomer that is to be patterned. A key step in the 

development of the master molds is cleaning the substrate prior to SU8 

spinning. The goal is to remove any organic residues by soaking it in acetone, 

acetone/isopropyl alcohol and deionized water, followed by a dehydration 

bake on a hotplate. This process ensures a good adhesion of the SU-8 
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features on the Si wafer. Herein, SU8-100 was used to create features of 100 

µm height. 

The SU8 is therefore poured in the center of the silicon wafer and spin coated 

in two steps: at 500 rpm for 10 seconds and then gradually increasing until 

the final spin speed of 2700 rpm is reached. At this high speed the SU8 is 

further spun for another 30 seconds. After spin coating, the edge bead is 

removed in order to decrease the distance between the mask and the wafer 

during UV exposure. In another step, a soft bake is performed in 2 stages (i.e. 

20 min at 65°C with a gradual increase to 95°C and an additional baking of 50 

min at this temperature) in order to evaporate solvents from the photoresist 

and reduce thermal stress. 

 

Figure 4.1: SU8 photolithography process 

After a proper soft bake procedure, the SU-8 does not flow at room 

temperature and allows the placement of a mask for the subsequent UV 

irradiation step. During this step, a strong acid is generated and this opens 

the epoxide rings of the resist, amplifying the crosslinking reaction of the 
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exposed regions. Therefore, when exposed to UV light, solidification of the 

SU8 material occurs. During the UV exposure (i.e. 55 seconds), a mask (Figure 

4.1) was used to create the desired patterned. As reports in literature [275] 

state that wavelengths shorter than 350nm are absorbed near the top 

surface causing lateral diffusion of the acid, a long pass filter PL-360-LP 

(Omega Optical) was used. Via this way, UV radiation below 350 nm was 

eliminated and vertical sidewalls were ensured. As for the soft bake, to avoid 

temperature shocks, the post-exposure bake occurs in two steps: at 65°C and 

95°C. As SU8 is an epoxy based negative resist, the unexposed material can 

be removed with a developer solution. After allowing the wafer to cool to 

room temperature, the unexposed/un-crosslinked regions are removed with 

MicroChem’s SU-8 developer and rinsed with isopropyl alcohol. Therefore, 

only the solidified features remain adhered on the wafer. A final (hard) bake 

is done to further crosslink the SU-8. 

The thickness uniformity of the SU8 features was measured using an optical 

profiler WYKO NT3300 (Figure 4.2). The SU-8 features were investigated on 

2 different molds, in three places on each mold, resulting in an average 

height of 104.8 ± 4.8 µm.  

 
Figure 4.2: Wyko profilometry: measurement of the height of the SU8 features (red color) on 

a Si wafer (blue color): (A) 2D image of features on mold; (B) measurement profiles of the 

SU8 features; (C) 3D image of a channel with multiple arms. 
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4.3. Poly (polyol sebacates) Fabrication and Replica Molding  

Poly(polyol sebacates) are thermoset materials and possess several 

characteristics that make them a good choice for developing microfluidic 

bioreactors. Amongst these properties, one of outmost importance is the 

fact that these polymers can be designed to be completely amorphous. This 

implies not only that they will have a consistent degradation rate, but also 

that they retain their structural integrity during degradation (i.e. linear loss 

of mechanical properties) [64]. From the technological point of view, these 

materials are pliant, easy to process into scaffolds with different geometries 

via different methods (e.g. replica molding, laser ablation, etc.). 

Typically, the materials used in this chapter, PGS and PES, were synthesized 

and characterized as described in a previous chapter (Chapter 2). Typically, 

the monomers are reacted at high temperatures (120-150°C) in inert 

atmosphere and vacuum for times ranging from a few hours to a few days to 

yield pre-polymers of low molecular weight. At this point they can still be 

solubilized in different solvents or melted; if further subjected to high 

temperatures and vacuum, the pre-polymers can be crosslinked (or cured) 

into a network or an elastomer (Fig 4.3, Figure 4.8a-c). The curing is 

performed by melting the pre-polymer on a master mold and subjecting it to 

high temperatures (135-150°C) under vacuum conditions or inert gas. The 

master mold used was a Si wafer with SU8 relief structures introduced by the 

photolithographic techniques mentioned above.  

In the present work, the curing step was performed via two methods: either 

via the classical vacuum oven (i.e. typically 2 days at 135°C) and via a nitrogen 

flushed oven (i.e for 17 hours), in the absence of any vacuum condition. An 

interesting observation during the curing step was that the nitrogen 

condition fastens the curing process. The PGS pre-polymer was cured in the 

nitrogen oven when subjected to 150°C for 8 hours, whereas the pre-

polymer subjected to vacuum in the same conditions was still very low 

crosslinked, having a wax-like consistency and no film was formed. 

Consequently, the nitrogen oven was considered a more time-reducing 
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process and it was used also for the bonding of the two different patterned 

layers. 

 
 

Figure 4.3: Replica molding of biodegradable elastomers. 

Biodegradable and biocompatible materials used for fabrication of 

microsystems require a release layer during the replica molding process. In 

literature, sucrose was reported as a sacrificial layer for biodegradable 

elastomers such as PGS [21]. Briefly, the procedure is as follows: after 

fabrication of the master mold, a sucrose solution in water (90% w/v) is spin 

coated for 30sec, at 1000rpm, pre-baked on a hot plate at 95°C for 2 min and 

post-baked in an oven at 120°C for 24h. Although previously reported in 

other studies, herein it was noticed that sucrose crystallizes on the wafer, 

thus influencing the delamination and even the transparency of the final 

polymer film.  

Figure 4.4 below shows a silicon wafer (with relief pattern) covered by 

sucrose, after the baking steps. After replica molding the PGS pre-polymer 

on the sucrose coated mold, the resulting polymer sheet does not easily 

delaminate. 
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Figure 4.4: Two silicon wafers (with relief pattern) covered by (A) sucrose 90%; (B) dextran 

12.5%. 

Macroscopic traces of polymer can be observed on the master mold (Figure 

4.5B), therefore the features imprinted on the polymer are not the ones 

expected. As a consequence, other polysaccharides such as chondroitin 

sulfate (CS), alginate or dextran were investigated as release layers for the 

biodegradable microfluidic layer fabrication presented in the present thesis. 

The advantages of using the above mentioned polysaccharides are that they 

require less baking steps after spin coating on the mold, they provide a better 

release of the polymeric material from the master mold and last but not 

least, they do not crystallize on the wafer. 

 
Figure 4.5: Master molds: (A) Multiple channel structures on a master mold; (B) master mold, 

sucrose coated, after delamination shows traces of polymer; (C) master mold, previously 

coated by dextran, after polymer delamination shows little to no polymer residues. 

In the present study, the obtained patterned wafers were therefore spin 

coated with dextran at 1000 rpm for 30 seconds. The polysaccharide layer 

was dried by heating the wafer at 95°C for 2 minutes and then overnight at 

120°C. In order to measure the thickness of the release layer, 100 µm holes 
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were drilled in the polysaccharide on the coated wafer with a CO2 laser; all 

samples were then coated with a thin (ca. 20 nm) gold layer through plasma 

magnetron sputter coating and measured using the Wyko optical 

profilometer, as the holes thickness represents the thickness of the release 

layer. The thickness of the polysaccharide layer was measured considering 3 

points randomly chosen on 3 coated molds. The results of the polysaccharide 

thickness measurements are presented in Table 4.1 and represent the 

average value and the standard deviation. The concentrations of the 

polysaccharide solutions were optimized as to obtain an easy delamination 

and accurate features in the polymeric materials. The best results were 

obtained with dextran 12.5% solution in water (w/v) where the molds did not 

present any polymer remains after delamination (Figure 4.5C) and could be 

reused.   

Table 4.1: Polysaccharide thickness and static contact angle (SCA) measurements on master 

molds. 

Polyssacharide Thickness (nm) SCA (°) 

Dextran 12.5% 287 ± 2.5 19 ± 0.8 

CS 4% 125 ± 2.9 11 ± 1.0 

Alginate 1% 56 ± 8.4 17 ± 1.4 

 

After replica molding of the elastomers, the patterned microfluidic layers 

were obtained and further aligned and bonded as presented in the 

subsequent sub-chapters. In Figure 4.6 the measurements performed on a 

single-arm channel imprinted in an elastomer is presented. The channels of 

the microfluidic layer had a depth of 102±2 µm.  
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Figure 4.6: Profilometry measurements of the replica molded elastomer: (A) 2D image of a 

single channel imprinted on an elastomer; (B) 3D image of the patterned elastomer;  (C) Profile 

graph measuring the height of the imprinted features in the elastomer; (D) microscope picture 

of the replica molded elastomer – air bubbles can be noticed as the elastomer layer was 

measured on a glass substrate. Picture adapted from [274]. 
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4.4. Preparation of Electrospun Membrane for Bioreactor 

Integration 

The electrospinning technique produces materials with high porosity and 

high surface area-to-volume ratio [40]. These characteristics of the 

electrospun materials influence the cellular growth in the scaffolds’ 3D 

microenvironment. PLLA and PES/PLLA core/shell fibrous mats were 

produced for the integration in the microfluidic devices due to considerations 

described in previous chapters (Chapter 3). These fibrous mats were chosen 

as a proof of concept for the present design. Other electrospun mats could 

also be integrated, depending on the requirements of specific applications. 

Thicknesses of approximately 10-15 µm were obtained for the electrospun 

mats by adjusting the needle and the conveyor belt speed during the 

electrospinning process.  

It was noticed that the PLLA fibers were electrostatic (Figure 4.7C) after the 

solvent removal process (i.e. drying in vacuum at room temperature) and 

easy manipulation of the mats was not possible in this context. Therefore, an 

adapted version of the “wet-pressed” method reported by Yang et al. [23] 

was implemented. Firstly, the electrospun mat was placed on a 4-inch glass 

plate. A few drops of water were placed on the mat; the membrane was 

sandwiched in between glass plates and introduced in an oven overnight at 

100°C. Weights of about 40N were placed on the glass plates for 24 hours 

after which the membrane became compact and easy to manipulate (Figure 

4.7D). No alteration of the mat’s structure or fiber diameter was noticed after 

this process, as PLLA is a very hydrophobic material and does not react with 

water. For the PES/PLLA core/shell fibers this procedure was not required, as 

the PES core provided the entire mat with a more consistent density that led 

to easy manipulation. 

For the integration between the microfluidic layers of the biodegradable 

system, the membranes were cut with a femtosecond laser in 2 x 2 mm2 

pieces. These dimensions were chosen as the design of the bioreactor 

involved either a single channel with a length of 2 mm, or multiple channels 

spread over an area of approximately 4 mm2. The laser treatment resulted in 
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melted edges (Figure 4.7B). This proved not to influence the sealing process 

of the membrane in between the polymer slabs. The thickness of the fibrous 

mats was approximately 15 µm as determined using a MTG Benchtop 

Contact Thickness Gauge.  

 

Figure 4.7: Electrospun membrane pictures: (A) SEM micrograph of a 15µm thick PLLA 

membrane; (B) SEM micrograph of the laser cut edges of the PLLA membrane; (C,D) 

photographs of PLLA membrane before and after the use of the adapted "wet-pressed" 

method. 

 

4.5. Microfluidic Device Assembly and Characterization 

In the current dissertation a fibrous membrane was embedded in between 

two aligned and bonded patterned microfluidic layers (containing channels 

with widths and heights in the order of 100 µm). The advantage of the 

technology is that it would enable not only cell co-culture on both sides of 

the membrane, but also distribution of nutrients and oxygen. The embedding 

of the porous electrospun membrane inside the microfluidic system would 

provide both 3-dimensionality and a controlled microenvironment for the 

cultured cells.  
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4.5.1. Device Assembly 

The general scheme of the 3D bioreactor fabrication is presented in Figure 

4.8. The mold was coated with a known polysaccharide (i.e. dextran) to 

facilitate the delamination of the patterned polymer, as indicated in the 

previous sub-chapter. After the pre-polymer is melted on a dextran coated 

mold (Figure 4.8a-b), it is further cured into an elastomer. A uniform polymer 

layer is obtained by melting and spreading the pre-polymer on the mold and 

ensuring that the curing process is done on a flat surface.  

Delamination of the patterned elastomer form the mold was done by 

incubating the system in double-distilled water. The released patterned layer 

(Figure 4.8c) was dried prior to alignment and bonded to the other 

corresponding patterned layer. As static incubation of the polymer-mold 

system resulted in long delamination times (from hours to days depending 

on the polymer thickness), the system was introduced in an ultrasonic bath. 

This decreased the delamination time to minutes. The disadvantage of this 

approach is that for prolonged times the SU8 features also delaminate from 

the mold and the mold cannot be reused. 

 

Figure 4.8: Fabrication scheme of the 3D bioreactor. Picture presented in [274]. 

For the static incubation approach, the mold could be reused up to at least 2 

times after which polymer remnants are noticed around the SU8 features 

due to poor or incomplete delamination. These polymeric residues 

compromise the accuracy of molding the features in new polymer films. In a 

a b c
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polymer release layer porous membraneSU8 mold Teflon tubingpuncher



PhD Thesis Diana-Elena Mogosanu  130 | P a g e  
 

next step, one of the patterned layers was punched with a sterile puncher (2 

mm diameter) in order to insert, in a later step, the tubings (Figure 4.8d-f). 

Two microfluidic layers (Figure 4.8c and 4.8f) were aligned (under a mask 

aligner SET MG1410) with a porous membrane covering the channel area of 

the device and then put into contact. Alignment of the microfluidic layer is 

done using a SET Aligner that comprised a positioning table and a 

microscope. Both microfluidic layers are fixated with vacuum chucks on the 

positioning table and the microscope was then used to align both parts 

before bringing them into contact and bonding them.   

Separately, Teflon tubings (0.75 mm diameter) were inserted in a 0.25 cm 

thick plain polymer film that was then manually placed over the already 

aligned layers (Figure 4.8g). Medical grade silicone glue (ACS Applied Silicone 

Corporation, USA) was used in order to seal the base of the connections and 

to stabilize the tubings. The entire system was finally bonded in a nitrogen 

flushed oven overnight (Figure 4.8h). The total thickness of the device was 

approximately 700 µm for 3.5g of pre-polymer cured on the mold.  

Due to thermal expansion coefficient of the polymer or to the material 

shrinkage/expansion during the curing process (also see Table 4.2), 

displacement of features on the micro-patterned polymer films has been 

noticed. This led to reduced aligning accuracy when multiple micro-

patterned polymer films were aligned relative to each other. A similar 

phenomenon has been noticed for another elastomer used in microfluidics 

systems, namely PDMS [276]. The solutions reported included modification 

of the material or the curing temperature, or even designing the features 

with an offset. In the present work we have adapted the “sandwich mold 

fabrication” process reported by Moraes et al. [277] where liquid PDMS was 

sandwiched between a mold and a plastic film. In their process, the sandwich 

was then placed in between rigid metal plates, clamped, and cured at 

elevated temperatures. The stack was then disassembled and the plastic 

film/patterned PDMS layer system was peeled from the mold.  This way, 

lateral shrinkage of the PDMS was avoided. In the same context, to achieve 

better alignment of the patterned layers and to restrict polymer lateral 

shrinkage or expansion, a transparent temporary polypropylene (i.e. PP, 
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Goodfellow Cambridge Limited, 0.025 mm thickness) carrier was used for 

each microfluidic layer during the alignment process. The thin PP foil was 

placed over the polymer/mold system in the last stage of the polymer curing 

process. The polymer/carrier system was delaminated from the mold by 

incubation in water and dried overnight in a convection oven. The 

shrinkage/extension degree was calculated with the below formula (1), 

according to the method reported by Lee et al. [276].  

𝑆ℎ𝑟𝑖𝑛𝑘𝑎𝑔𝑒 (%) =
1

4
× (

∆𝑑𝐴𝐵

𝑑𝐴𝐵−𝑆𝑈8
+

∆𝑑𝐵𝐶

𝑑𝐵𝐶−𝑆𝑈8
+

∆𝑑𝐶𝐷

𝑑𝐶𝐷−𝑆𝑈8
+

∆𝑑𝐷𝐴

𝑑𝐷𝐴−𝑆𝑈8
)    (1) 

After delamination of the polymer/PP system from the mold, the features 

located at the corners of the micropatterned polymer film were compared to 

the corresponding features on the SU-8 master mold (Figure 4.9). The 

distances between the points A, B, C and D were measured on the SU-8 

master mold (dAB-SU8) and on the micropatterned polymer film (dAB), and 

subtracted from each other (e.g. ΔdAB = dAB-SU8 – dAB). Table 4.2 presents 

the shrinkage of both polymers according to the curing time. The PP carriers 

were peeled off after the alignment of the 2 patterned microfluidic layers. 

Due to the small thickness of the carrier (i.e. 20 µm) and the negligible force 

applied during the carrier peeling, the microfluidic layers alignment was not 

disturbed. 

 

Figure 4.9: Mask design used to characterize the shrinkage of micropatterned polymer films. 

Picture presented in [274]. 
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Although there was not an obvious correlation between the shrinkage of the 

polymers and the tested curing temperatures, the PES polymer had a very 

low crosslinking degree with features not very well defined when cured at 

120°C for 2 days. Interestingly, PGS tends to shrink while PES tends to slightly 

expand during this process. This is probably due to the presence of one more 

hydroxyl group in the chemical structure of erythritol in comparison with 

glycerol, which makes PES polymer to bind water at a higher extent than PGS. 

The statement is also supported by a higher swelling degree of PES (i.e. 8.6%) 

in comparison with PGS polymer (i.e. 2.1%) [17, 18].  

Table 4.2: Shrinkage/expansion behaviour of 350µm thick polymer films. 

Curing temperature 

(°C)/time(days) 

PGS shrinkage 

(%)  

PES expansion 

(%)  

120/2 0.42 ± 0.04 n/a 

130/2 0.58 ± 0.01 0.13 ± 0.01 

135/2 0.52 ± 0.02 0.32 ± 0.01 

 

The bonding process implied further curing thus obtained system (Figure 

4.8g) at high temperatures (i.e. 135-150°C) in a nitrogen flushed oven, in the 

absence of any pressure. The method of bonding microfluidic layers is a 

critical design consideration as some techniques can alter the chemistry 

within the channels [278] that can lead to either helpful or problematic 

results according to the specific application. Some bonding strategies used 

for microfluidic devices are: oxygen plasma treatment, adhesive bonding 

[279], physical entanglement among loosened polymer chains by solvent 

vapour absorption [280], thermal fusion bonding, localized welding [281], 

etc. The advantage of bonding PPS microfluidic layers is that there are no 

special or additional requirements needed such as applying pressure, plasma 

or using solvents. The PPS microfluidic layers will bond under heating 

provided that the individual films are not fully crosslinked. During the 

bonding process, the remaining hydroxyl groups (i.e. -OH from the polyol) 

from one layer react with the remaining carboxyl units (i.e. –COOH from the 

sebacic acid) of the other microfluidic layer and create ester bonds (i.e. –

COO-). Therefore, it is actually a chemical esterification reaction that occurs 

during the bonding process. The result of this process is that the 
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interface/bond between the PPS microfluidic layers has the properties of the 

bulk polymer that constitutes the individual films that are bonded.   

The bonding of the microfluidic layers was evaluated by SEM measurements 

(Figure 4.10). Cross-sections were made by cutting the devices with a CO2 

laser (100 Hz, 100 µm spot, 1 mm/sec, and two passes). As presented in 

Figure 4.10A, the interface between the microfluidic layers cannot be seen. 

This is an indication that the bond is strong and the channels are completely 

sealed. As the cross-sections were made with a CO2 laser, some optimization 

of the parameters was necessary. In some cases (Figure 4.10B, C) the laser 

power was too high and melting of the PLLA membrane could not be avoided. 

It can easily be observed that the approximately 10 µm thick PLLA membrane 

(Figure 4.10C) is embedded in between the microfluidic layers and imparts 

no disruption to the device’s channels or to the bonding (e.g. entrapped air, 

misalignment issues, etc.). When lowering the laser power, more passes of 

the laser beam are required in order to cut the device. In this case, some 

material debris was noticed (Figure 4.10E, F). Nevertheless, there was a 

better visualization of the PLLA membrane that did not melt during the 

cutting process (Figure 4.10F).  

 

 

Figure 4.10: (A) – top view of a perfused multiple channels  bioreactor; (B,C) - SEM micrographs of the 

cross-section of a multiple channel bioreactor; (D) - top view of a single channel bioreactor; (E,F) - SEM 

micrographs of the cross-section of a single channel bioreactor. Picture presented in [274]. 
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4.5.2. Perfusion of the Microfluidic Devices 

The macroscopic image of the bioreactor is presented in Figure 4.11. The 

patency of the microfluidic network was evaluated by injecting a solution of 

blue ink with water through the channels via a syringe connected to a syringe 

pump (TSE Systems), as presented in Figure 4.11A-C. Teflon tubes go through 

the inlet and outlet chambers. Medical grade silicone glue was used to seal 

the tubings and can be noticed in Figure 4.11B. The disadvantage of using 

Teflon tubings for the inlet and outlet chambers of the microfluidic system is 

that it is time consuming as it implies an extra step in the device assembly 

(Figure 4.8g). As an alternative to the Teflon tubings, a PMMA frame that is 

specially developed for the current  microfluidic design can also be 

considered (Figure 4.11D, E). The frame used in this case consisted in two 

PMMA rectangular blocks with drilled holes corresponding to each chamber 

of the microfluidic design (i.e. the inlet and outlet chambers). The final 

microfluidic system was placed in between the PMMA blocks, with the 

punched inlet and outlet chambers aligned to the drilled holes of the PMMA. 

This alignment can be done macroscopically, as the punched chambers with 

a diameter of 2 mm can be easily visualized. In a next step, the screws of the 

PMMA frame are tightened so that the bioreactor is properly sealed. It is 

important to apply enough pressure on the microfluidic device (by tightening 

the screws) in order not to have any leaks during the perfusion process, but 

in the same time not to restrain the device too much as this may lead to 

increased pressure drop along the channels.  

Thus perfused system presented no leaks and the bonding between the 

microfluidic layers was sufficiently strong to allow perfusion flow rates in the 

range 0.1-300 µl/min. This broad range was chosen as different cell types can 

withstand different forces induced by the friction of liquid against the distal 

cell membrane. The induced force is called shear stress and its value can vary 

depending on the cell type and application. For example, flow rates of 0.08-

0.1 µl/min induce proliferation of osteoblasts [282] and of bone marrow–

derived human mesenchymal stem cells [283] for bone tissue engineering, 

while the gradual increase of the flow rate from 75 to 200 µl/min leads to 
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higher glycosaminoglycan (GAG) concentrations required for cartilage tissue 

engineering [284].  

The flow rates that were chosen in our study generated shear stress values 

between 0.002 Pa and 0.4 Pa. The values were calculated for a micro-channel 

with a rectangular cross-section (i.e. with a height of 100-200 µm, a width of 

100 µm and a channel comprised of three arms of 2 mm length) [285]. The 

low flow rates were chosen considering the possible culturing of hepatocytes 

and endothelial cells inside the bioreactor. It is well known that relatively 

high shear stresses may be harmful for hepatocytes and that even the 

increase of medium flow rate that supplies nutrients and oxygen to the cells, 

can also damage them [286]. In the liver tissue, the hepatic cells are 

protected by the endothelial cells from the direct effects of shear stress of 

the environment. As a comparison, most segments of the circulatory system 

that contain microvascular endothelial cells maintain a uniform vessel wall 

shear stress of ~15 dyn/cm2  or 1.5 Pa [287]. 

 

Figure 4.11: Perfusion tests of the 3D bioreactors: (A) image of a perfused bioreactor; (B) 

lateral view of a perfused bioreactor; (C) perfusion set-up; (D-E) perfused PES bioreactor 

clamped in between two PMMA frames. 
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4.5.3. Pressure Drop Experiments 

A digital pressure transducer (Alicat Scientific) was used to determine the 

differential pressure drop in the above mentioned flow rate interval. The 

transducer was part of a pressure valve controller and it recorded the 

pressure drop along the channels of the microfluidic system. The final 

pressure drop also considered the pressure drop along the tubings (i.e. 300 

µm diameter). A schematic representation of this experiment is depicted in 

Figure  4.12 below.  

 
Figure 4.12: Schematic representation of the pressure drop experiment, where Δp – pressure 

drop; patm – atmospheric pressure  

The theoretical pressure drop (Δp) for a rectangular channel cross-section 

with the aspect ratio width/height ~ 1 was calculated according to the 

formula (2) below [288]: 

∆𝑝 =
12QμL

ℎ3𝑤(1−0.63
ℎ

𝑤
)
            (2) 

where Q is the flow rate, µ is the viscosity of the medium that passes through 

the channels, L is the length, w is the width and h is the height of the channel. 

This equation is also accurate to within 0.26% for any rectangular channel 

that has w/h < 1 and provided that Reynolds number (Re) is below 1000 (i.e. 

in the present study Re < 0.05 ) [289, 290].  

Pressure drop experiments through the channel shown in Figure 4.13A, B and 

transversally across the integrated electrospun membrane (Figure 4.13C, D) 

were also conducted for a single channel bioreactor (Figure 4.10D, E, F) at 

different flow rates.  
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Figure 4.13: Pressure drop along a microfluidic channel (A) schematic representation of flow 
across the channel and PLLA membrane; (B) calculated vs. experimental pressure drop across 
the channel; (C) schematic representation of flow transversally through the membrane; (D) 
calculated vs. experimental pressure drop through the membrane.  
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The calculated and experimentally determined values are plotted in Figure 

4.13. The error bars represent the standard deviation of 3 samples measured 

per flow rate. All experimental values (Figure 4.13A, C where h=200 µm, 

w=100 µm) are similar to the calculated ones, for both experiments namely 

through the channel and transversally across the channel. An increase is 

noticed in the pressure drop values for the transversal flow, when the PLLA 

membrane was present compared to the calculated theoretical values 

(Figure 4.13C, D where h=100 µm, w=100 µm). This should be considered 

when choosing the appropriate flow rate for introducing specific cell types in 

the microsystems. 

4.6. Conclusions 

Biodegradable 3-dimensional microfluidic devices were developed for the 

design of a tissue-engineered organ by combining a traditional scaffolding 

technique, electrospinning, and microfabrication. The three-dimensionality 

was given by the insertion of either a fibrous PLLA or PES/PLLA membrane in 

between 2 patterned microfluidic layers. The bonding of the final bioreactor 

was performed in a nitrogen flushed oven, which enhanced the curing rate 

in comparison with the traditional used vacuum oven. Good patency of the 

microfluidic channels was obtained as the system presented no leaks and the 

bonding between the microfluidic layers was sufficiently strong to allow 

perfusion. If up to now only single-layer microfluidic systems were stacked 

and bonded, the herein presented concept comes as solution to the 2-

dimensionality issue that exists in most microfluidic devices. This unique 

design is intended to solve the known and previously reported problems of 

hypoxic oxygen concentrations that arise from the use of polymer 

thicknesses over 200 µm. In addition, it can also provide distribution of 

nutrients to the cells, as well as the 3-dimensional support that cells need to 

retain their morphology and proliferate. The present work is highly relevant 

for tissue engineering applications and point-of-care diagnostics. Future 

work should be done in order to visualize and analyze the behavior of 

different cell lines inside these microfluidic devices.  
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Chapter 5: Conclusions and future perspectives 

 

5.1. General 

The general aim of the proposed research project was the development and 

biological assessment of biodegradable microfluidic bioreactors for the 

controlled 3D culturing of liver cells and liver tissues. The idea behind this 

aim is that the 3D bioreactor initially offers the necessary 

mechanical/fluidic/chemical environment for the culturing of the desired 

final tissue, and gradually (synchronous with the tissue growth) degrades as 

the tissue approaches its final structure. Therefore, a platform is desired that 

could sustain cell culturing and tissue growth, with the final goal of obtaining 

a tissue-engineered organ. Based on the existing research and clinical 

literature, poly(polyol sebacate)s elastomers were chosen as starting 

materials due to their biodegradability and biocompatibility. Novel polymers 

of this class were synthesized, characterized and processed into films, fibers 

and patterned membranes. For the purpose of the present dissertation, the 

optimization of the elastomers’ synthesis and processing led to the ability to 

assemble microfluidic systems made of biodegradable materials. The unique 

feature of the developed microfluidic devices is the insertion of a porous 

membrane that can impart the 3-dimensionality that cells need to grow, 

while the micro-channels will guide the cells and align them in a specific way 

as to better mimic the native tissue.  

Up to now, no such complex design of a microfluidic device was attempted 

as cell and tissue culturing is currently done at best using flat uniform 

biodegradable layers, or 2-dimensional (planar), non-biodegradable 

microsystems. The combination of the electrospinning technique with 

microfluidics could be a key towards the development of 3D biodegradable 

microsystems that better mimic a complex tissue/organ. 
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5.2. Biodegradable Poly (polyol sebacate)s 

In the present study, novel biodegradable elastomers with tunable 

properties have been synthesized and investigated. The initial work started 

from mainly two polymers, poly(glycerol sebacate) and poly(erythritol 

sebacate), and continued with the synthesis of novel poly(polyol sebacate)s 

via the addition of short and long chain diols. Microwave and bulk 

polymerization were studied and compared for the synthesis of the above 

stated materials.  

Up to now, microwave irradiation has not been investigated for these 

materials. This polymerization process rendered lower molecular weights of 

product (pre-polymers) in comparison with bulk polymerization. After 

synthesis, all obtained pre-polymers have a molecular weight between 2000 

g/mol and 18000 g/mol and, at this point they could still be melted and cured 

into a desired shape. After the curing process, the polymers ranged from 

flexible to more rigid elasticity which is verifiable through the Young’s 

modulus that varies between 0.6 MPa and 3.8 MPa. Poly(polyol sebacates) 

are thermoset materials and possess several characteristics that make them 

a good choice for developing microfluidic bioreactors. Amongst these 

features, we mention optical transparency that is especially important during 

the alignment of two patterned microfluidic layers. The tunability of the 

mechanical properties, making these materials range from very elastic to 

rigid, together with their degradability are important characteristics that 

were considered when choosing these materials.  

Other advantages of these materials include the fact that they are pliable, 

they can be easily processed through different scaffolding techniques, and 

the synthesis is fast, straightforward and can be transferred cheaply to 

industrial production. The potential of the herein presented elastomers in 

different branches of soft tissue engineering was also highlighted by their use 

as coating materials for metallic stents.  

In conclusion, the herein newly synthesized polymers are good substrate 

materials for microsystem technology and important candidates for soft 

tissue engineering applications such as liver TE.  
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5.3. Fibrous membrane fabrication 

In order to develop the key-feature of the final microfluidic channel, the 

porous membrane, electrospinning was used as scaffolding technique. This 

type of scaffolds provide the three-dimensionality cells need in order to 

proliferate as they can mimic the extracellular matrix, as they offer high 

porosity and high surface area-to-volume ratio. A variety of polyesters can 

be used to form fibers, the most known in literature being PCL, PLLA, and 

PLGA. As the final bioreactors would consist of the synthesized materials, 

obtaining elastomeric fibers was attempted in combination with the more 

easily electrospinnable polyesters mentioned above. Core/shell and blended 

fibers were therefore successfully developed.  The fibrous PES/PLLA 

core/shell mats rendered scaffolds with tunable mechanical and 

biodegradability properties. The core/shell materials had a smaller fiber 

diameter, a higher hydrophilicity, and lower degradation rate than the PLLA 

fibers, as required by the final goal of this project.  

This novel core/shell porous mats developed via electrospinning can be used 

as cell delivering porous membranes and can serve various applications, from 

soft to hard tissue engineering. The fibrous membranes were further 

integrated in microfluidic devices, for the purpose of providing a 3D 

environment for the final engineering of liver tissue.  

5.4. Bioreactor development  

Two elastomers, namely PGS and PES, were used as a proof of concept for 

the development of the microfluidic layers. After the obtaining of the 

patterned films, the assembly was performed with the inclusion of a porous 

membrane in between 2 fluidic layers. The bondage of the final device was 

performed in a nitrogen flushed oven, which enhanced the curing rate in 

comparison with the traditional used vacuum oven. The patency of the 

device network was evaluated and the bonding between the microfluidic 

layers was sufficiently strong to allow perfusion flow rates in the range 0.1-

300 µl/min. For the flow rates studied, the pressure drop through the 
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channels was evaluated and a comparison was performed between 

microfluidic systems with and without the porous membrane. 

From the best of our knowledge, up to now only single-layer microfluidic 

systems were stacked and bonded, making the herein presented strategy  

unique as it can provide both distribution of nutrients to the cells, as well as 

the 3-dimensional support that cells need to retain their morphology and 

proliferate. This concept can also solve the previously reported problems of 

hypoxic oxygen concentrations that arise from the use of polymer 

thicknesses over 200 µm. The present work and developed technology is 

highly relevant for tissue engineering applications and can be easily 

transferred to all poly(polyol sebacate)s developed in the present thesis as 

well as to the ones already present in literature. 

5.5. Biocompatibility of developed materials – preliminary 

results  

The biocompatibility of the herein newly developed material films and 

fibrous scaffolds was investigated with two cell lines, namely liver 

hepatocellular cells and human adipose-derived stem cells. The 

hepatocellular cell line, HepG2, was used as it is considered a good in vitro 

study model for liver tissue engineering applications. It was shown that 

HepG2 cells adhered and proliferated on the developed films and fibrous 

mats, making the herein obtained scaffolds suitable candidates for liver 

tissue engineering.  

Human adipose-derived stem cells, hASCs, were also chosen for investigation 

as they are available in abundant quantities and  have been shown to 

differentiate in various cell types, including endothelial cells which is another 

major constituent of liver tissue. The cells proliferated on all investigated 

materials, as evidenced by the increase in DNA amount and metabolic 

activity.  
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Although further testing is needed, these preliminary results of the ongoing 

in vitro screening tests are promising for the assessment of the herein 

biomaterials’ non-cytotoxicity.  

5.5.1. In vitro biocompatibility 

Biocompatibility of a (bio)material is a key-aspect to be considered in 

applications such as implants and medical devices. The term “biocompatible” 

describes the quality of a material of not being harmful or toxic when in 

contact with human tissue or cells [291]. Biomaterials used for medical 

devices have to be tested before in order to prevent any negative effects on 

the body [292]. The initial biocompatibility tests performed on potential 

(bio)materials are in vitro tests for cell compatibility (i.e. cytotoxicity). These 

are essential before using the materials in any animal model and usually 

comprise direct or indirect cell contact methods [293]. The direct contact 

tests imply the culturing of cells on a material and can screen if there are any 

toxic substances in the material that do not leach out from it during the prior 

medium incubation step. In the indirect contact tests or extraction tests, the 

materials are usually incubated in the medium for a period of time, which is 

then extracted and added onto cells. If any harmful substances leached out 

of the material into the medium, their toxicity will be indicated through the 

cells’ reaction. Cell adhesion, proliferation, function and differentiation can 

be therefore analyzed via qualitative and quantitative assays. 

International Organization for Standardization (ISO) standards such ISO 

10993 are established for the biological evaluation of medical devices,  but 

not all systems require this testing, including the following: lab-on-a-chip 

(LOC) devices, micro total chemical analysis systems (µTAS) used in 

laboratory instrumentation, MEMS devices used in medical imaging 

machines. Nevertheless, testing the cytotoxicity of individual components is 

important to assess if there is any cell damage caused by the materials, either 

by direct contact or leachable substances (extracts). There are three types of 

cytotoxicity test stated in the International Organization for Standardization 

109993-5: extract, direct contact and indirect contact tests. The choice of one 

or more of these categories depends upon the nature of the sample to be 
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evaluated, the potential site of use and the nature of the use. Therefore, the 

details of the preparation of the samples to be tested, the preparation of the 

cultured cells, and the way in which the cells are exposed to the samples or 

their extracts are determined accordingly. The numerous methods used in 

cytotoxicity determination can be grouped into the following categories of 

evaluation: assessments of cell damage by morphological 

means; measurements of cell damage; measurements of cell growth; 

measurements of specific aspects of cellular metabolism [294]. 

For hepatic tissue engineering, a good in vitro model of studying cell 

compatibility/cytotoxicity is hepatocellular carcinoma cells. Human adipose 

stem cells have also become of growing interest for tissue engineering 

applications as their source, adipose tissue, is abundant and easily accessible. 

In the context of the current tissue engineering application, these cells can 

also be representative due to their ability to differentiate into endothelial 

cells in vitro [295].  

In the present work, the developed elastomeric films and porous electrospun 

scaffolds were screened using the cell types mentioned above. The materials 

synthesis and elastomeric films development were described in Chapter 2, 

while the fibrous membranes were presented in Chapter 3. 

5.5.2. Effect of Sample Preparation on the Biocompatibility of 

Poly(polyol sebacate) Films 

Sample preparation is of great importance when considering cell tests. The 

removal of any unreacted oligomers within the polymer film is needed in 

order to have no toxic effect on the cells and to sustain their adherence to 

the material and subsequent cell proliferation.  

In the present study, the initial developed biomaterials (i.e. PGS and PES) 

were evaluated for biological compatibility at KU Leuven, by assessing the 

attachment of HUH-7, a human hepatoma cell line. Prior to the 

biocompatibility tests, 8 mm disks were punched from all materials (films) 

and subsequently sterilized with ethylene oxide gas. Figure 5.1A-B shows the 
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cells cultured for 7 days on PGS film and PGS coated with an ECM protein, 

gelatin (i.e. PGS-Gel). The cells do not attach well on to the materials, as 

observed from the fact that they become round. Compared to the control 

(i.e. tissue culture plate, Figure 5.1C), the morphology is completely 

different. Live-dead staining did not offer more information because the 

polymer materials absorb the dye and are therefore fluorescent [296]. 

 

Figure 5.1: HUH-7 cell viability on PGS film (A), PGS-Gel (B) versus TCP control (C) after 7 days 

of culturing. 

For the evaluation of poly (erythritol sebacate), HUH-7 cells were seeded in 

12 well plates in which the PES film had been previously inserted.  While cells 

were able to attach in the control wells without biomaterials, the PES 

material did not allow cell adherence. To investigate whether the 

incompatibility was due to poor attachment or remains of toxic components 

used to create the PES material, pre-coating the biomaterial with serum was 

tested. Interestingly, when the PES films were incubated overnight with 

100% fetal bovine serum, HUH-7 cells could attach. However, as attachment 

was very poor, and cells proliferated at a significantly slower rate compared 

to the control wells (Figure 5.2). This behavior could be potentially attributed 

to the presence of toxic remnants.  

As the tests presented in the below sub-chapters, performed with HepG2 and 

hASCs, will show no cytotoxicity, one can conclude that these initial tests 

were not successful probably due to a number of reasons, such as: oligomers 

that leach out of the material during the cell seeding, the difference in cell 

lines used for culturing, the culturing protocol as such (i.e. pre-incubation 

medium, culturing with human platelets, etc.). Nevertheless, the preparation 

of the sample before the cell seeding is important, as before the initial HUH-
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7 cell tests the materials were washed in ethanol at room temperature, 

whereas the samples prepared for the HepG2 and hASCs compatibility tests 

material films were washed in ethanol at 60°C. The increased temperature 

could facilitate the swelling of the elastomer film and the better release of 

any entrapped residues. 

 

Figure 5.2: Evaluation of biocompatibility of PES material (A) versus TCP control (B). HUH-7 

cells were seeded at a density of 100 000 cells per cm2 on either PES with an overnight pre-

coating of 100% fetal bovine serum (FBS) or on non-treated plastic as a control. Pictures were 

taken at 10x and 5x magnification respectively after 2 days of culture. At this point the TCP 

control cells were growing towards confluence whereas only a small amount of cells attached 

in the PES condition, having a non-conform morphology. 

Therefore, although there was no or poor HUH-7 cell adhesion on the initially 

developed PGS and PES materials, cell attachment and proliferation can be 

stimulated by thorough washing steps, further surface coating the material 

films (i.e. Gelatin immobilization, Chapter 2) and/or pre-incubation in cell 

medium and/or FBS before cell seeding. 

5.5.3. Liver Hepatocellular Cells (HepG2) 

Hepatic tissue engineering comes as a potential solution for alleviating the 

need of liver donors. For this purpose, biocompatible and biodegradable 

polymer films and scaffolds are used to sustain the growth and proliferation 

of suitable cells that can replace the damaged tissue [155]. For a better 

assembly of the cells into a tissue similar to the native one, the scaffolds 

should mimic the Extracellular Matrix (ECM) [297]. This fact led to the 
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development of a wide range of different scaffolds with different 

characteristics (i.e. porosity, surface pattern, etc.), amongst which fibrous 

scaffolds are well-known for their more similar structure to that of the ECM.  

5.5.3.1. Materials and Methods 

To assess the cell attachment and proliferation, the biomaterial scaffolds 

were pre-incubated with cultivation medium (DMEM+10% FBS) overnight. 

Subsequently HepG2 cells were seeded at a density of 100 000/well (24 well 

plate) and evaluated at day 1, 3 and 7 after cell seeding; cells seeded on tissue 

culture plastic were considered as a positive control. To assess the cell 

number, a 5 mg/ml solution of 3-(4, 5-dimethylthiazol-2-yl)-2,5-

diphenyltetrazolium bromide (MTT; Calbiochem) was prepared in PBS and 10 

times diluted with the cultivation medium and filter sterilized. After washing 

with PBS, the cells were incubated with the MTT solution (4h) in a 5% CO2 

incubator at 37°C. The lysed cells and the formazan crystals were dissolved 

by incubation with 0.04 N HCl in 2-propanol and 1 v% Triton X100 (Sigma) for 

30 minutes. The absorbance was measured at 580 nm with an EL800 

Universal microplate reader (BioTek instruments Inc.). The relative cell 

number was calculated and compared to the control. For each condition, 

three independent samples were assessed at each time point. 

 

5.5.3.2. HepG2 screening of the biomaterials 

For the herein studied materials (i.e. fibrous scaffolds and films), the indirect 

contact tests (Fig 5.3A) revealed that the HepG2 metabolic activity was 

significantly reduced after incubation with 24 hours material extracts when 

compared to the control. Thus, after 24 hours of exposure to the extracts, 

the percentage of viable, metabolically active cells was reduced to 64.4%, 

60.6% and 61.5 % for PLLA fibers, PES/PLLA core/shell fibers and the PES film 

respectively.  

HepG2 cells were seeded on the materials (Fig 5.3B) after 24 hours medium 

pre-incubation. At day one, 81.9%, 82.9% and 8.56% of the cells was attached 

to the PLLA fibers, PES/PLLA fibers and the PES film respectively. The results 
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imply a sufficient cell attachment for the PLLA and PES/PLLA fibers while cell 

attachment to the PES film was considerably low. The cell proliferation assay 

(Fig 5.3C) shows that after initial adhesion to the materials, the HepG2 cells 

on the PLLA and PES/PLLA fibers show a comparable growth pattern as the 

TCP control. While the initial adhesion to the PES film was rather low, the 

proliferation graphs shows that the attached cells can proliferate and 

colonize the PES film, fact that was confirmed by microscopy on day 7 (Figure 

5.3D).  

 
Figure 5.3: Biocompatibility tests: (A) Indirect contact tests. HepG2 cells were exposed to 

material extracts and cell metabolic activity was determined after 24 hours. The data are mean 

% ± SD compared to the control (n=3) (B) cell attachment test. The cells were seeded on the 

materials. After washing, the viability of the cells was determined and compared to cells 

seeded on TCP. The data are mean % ± DS compared to the TCP control (C) Cell proliferation 

assay. After initial attachment, the percentage of viable, metabolically active cells was 

evaluated at day 3 and day 7. The data are mean % ± SD compared to the initial attachment 

at day 1 (n=3) (D) Brightfield microscopic image of PES film, 7 days after cell seeding. (for all 

experiments n=3, significant data are indicated by * (p<0.05) or **(p<0.01)) 

The steeper proliferation curve of the PES film when compared to the others 

can be explained by the lower initial cell adhesion: while the cells in the 
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control, PLLA and PES/PLLA fibers almost reach confluence by day 7, the cells 

on the PES film are still in the exponential growth phase. 

These results are in agreement with the state of the art, where porous 

scaffolds are preferred for tissue engineering as they can provide additional 

benefits in comparison with plain films, such as more attachment places, 

increased surface area, support for a larger cell mass, and the capability of 

shaping specific structures [298]. The poly(α-hydroxy acids) polymers is one 

of the most investigated group of polymers. Amongst this type of polymers,  

PLA, PGA, PLLA and PLGA were processed into 3D porous scaffolds and 

rendered suitable long-term culturing systems for hepatocytes [299]. As 

plain films cannot provide in itself a lot of attachment places and cells that 

are cultured on these surfaces can display flattened shaped, abnormal 

polarization or loss of differentiated phenotype [300], surface modification 

with biologically active proteins seems at least a minimum requirement for 

the growth and proliferation of cells on such 2D surfaces. 

5.5.4. Human Adipose-Derived Stem Cells (hASCs) 

5.5.4.1. Materials and Methods  

Unless specified otherwise, materials were obtained from Life 

Technologies, Bleiswijk, the Netherlands, and the manufacturer’s 

instructions were followed. 

Cell Expansion Culture 

Human adipose-derived stem cells of six female donors (age = 45.6±8.0 

years; range 33-54 years) were obtained as described previously [301]. The 

cells were pooled and cultured until passage 4 in minimal essential medium 

alpha (αMEM) with 2% human platelet lysate (PL), 10 IU/ml heparin (Leo 

Pharma, Amsterdam, The Netherlands), 100 IU/ml penicillin (P), 100 IU/ml 

streptomycin (S) and 0.25 IU/ml fungizone (F) [302]. The PL was created from 

5 transfusion bags (180-350 ml) containing clinical-grade random-donor-

pooled platelets (Sanquin, Amsterdam, the Netherlands), and was constant 

for all experiments. 
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Figure 5.4: (A) Independent cell expansion, and (B) cell seeding on materials and TC-plastic. 

Cell Culture on Materials 

Tissue culture plastic (TC-plastic) served as positive controls, non-cell seeded 

materials and TC-plastic served as negative controls. The materials and TC-

plastic were incubated for 24 hours in 400 µl culture medium: αMEM with 

5% PL, 10 IU/ml heparin and 1% P/S/F. Thereafter, hASCs were detached with 

phosphate-buffered saline (PBS) containing 0.5 mM EDTA/0.05% trypsin and 

suspended at 25,000 cells/ml in culture medium. After washing the materials 

with 400 µl culture medium, 400 µl cell suspension was added to each 

material and TC-plastic, resulting in a cell seeding density of 10,000 cells per 

well. The cells were cultured for 7 days, culture medium was refreshed after 

4 days. 

Metabolic Activity Assay 

After 1, 3 and 7 days of culture, the metabolic activity of the hASCs was 

determined by the Alamar Blue assay. Alamar Blue (40 µl) was added to the 

culture medium and incubated for 3 hours. After incubation, 75 µl of the 

reaction product from each well was transferred into a 96-well ELISA plate. 

Fluorescence was read at 530/25, 590/35 nm in the Synergy multi-plate 

reader (Biotek systems, Bad Friedrischshall, Germany). Readout values from 

negative control samples were deducted from values of experimental 

samples. 

DNA Quantification 

After 1, 3 and 7 days of culture, DNA was quantified by the CyQuant assay. 

After the Alamar blue assay, cells were washed with PBS, lysed with 250 µl 
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CyQuant lysis buffer and frozen over night at -20 ̊ C. Per sample, 100 µl lysate 

was transferred into a 96-well ELISA plate and conjugated with CyQuant GR 

dye. After incubation, fluorescence was read at 480/520 nm in the Synergy 

multi-plate reader. DNA content was determined from a standard curve that 

was included in the assay. 

Statistical Analysis 

Prism 5 (GraphPad) was used for statistical analysis. Per time-point, ANOVA 

with Bonferonni multiple comparisons post-hoc tests were used to test if 

cells on materials differed from cells on TC-plastic. Each n represents an 

independent experiment, P-values <0.05 were considered significant. 

5.5.4.2. hASCs screening of the biomaterials 

 

Biocompatibility of the novel developed material films was tested with 

hASCs. There is a vast literature on PGS and PES polymers, and their 

compatibility has been proven for many applications such as cardiovascular 

[57, 58], neural [59], cartilage [60], and retinal tissue engineering [61].  For 

the current tests, hASCs formed a confluent monolayer on all novel 

materials, except PGS-PS. On all materials the cells retained an elongated 

star-shaped morphology, which is characteristic for adipose derived stem 

cells cultured on the golden standard TC-plastic (Figure 5.5).  

Biocompatibility of the Novel Developed Polymer Films 

The cells proliferated well on all materials, as evidenced by the increase in 

DNA amount (Figure 5.6A). At day 1, DNA amount was comparable between 

all materials and TC-plastic. At day 3 and 7, for cell cultures grown on all 

materials tested, the DNA amount had further increased compared to day 1. 

The DNA was slightly lower on the novel biomaterials compared to TC-plastic.  
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Figure 5.5: hASC morphology on newly synthesized poly(polyol sebacates). 
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Figure 5.6: Biocompatibility tests. A) DNA content of hASC cultures grown for 7 days on the 

different materials. B) Metabolic activity per DNA content; C) Metabolic activity normalized at 

day 1; ANOVA and Bonferonni multiple comparisons post-hoc test were performed, to test if 

cells on materials differ from cells on TC-plastic *** p<0.001 and **p<0.01. 
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The total DNA amount on the PGS-PS was lower than that of other materials. 

Although the difference between DNA amount on the different materials is 

only small, this likely means that the proliferative capacity of the cells is 

reduced by PGS-PS. The photographs indicate that attachment to the 

material is weak. In terms of cell attachment and proliferation, this data 

combined makes PGS-PS the least biocompatible of all materials tested.  

During culture, the cells remain metabolically active on all materials and TC-

plastic, as shown in Figure 5.6B. For cells grown on all materials tested, the 

metabolic activity per cell is higher on day 3 and 7 compared to day 1. At day 

7, the metabolic activity per cell was lower for cultures grown on PGS-PS, 

PGS-DS, PES-PS, and PES-DS than that of cells grown on TC-plastic. Compared 

to day 3, the metabolic activity per cell decreased on the novel biomaterials 

at day 7. This decrease, in combination with cells that remain firmly attached 

and proliferate, could possibly be attributed to differentiation of the cells, 

since metabolic changes can coincide with differentiation of stem cells as 

early as 7 days [303].  

Although the observed reduction in metabolic activity on day 7 might be 

caused by differentiation of the cells, from the images taken at days 1, 3, and 

7, it is not possible to draw conclusions in which specific direction the stem 

cells differentiate. This is because hASCs have multi-lineage differentiation 

potential and no chemical mediators of differentiation were added to the 

culture medium in the current experiments. 

Biocompatibility of the Plain vs. Surface-Modified Polymer Films 

In another experiment, the initial PGS material was compared to the gelatin-

surface modified PGS (i.e. PGS-Gel; Figure 5.7). It was noticed that the cells 

adhered to the materials. The cells proliferated over a period of 7 days, and 

reached confluence on all materials (PGS, PES, derived biomaterials and 

surfaced modified ones). However, as they reached confluence they also 

started to contract and detach from all materials. These phenomenon 

occurred on all samples except on the PGS film that has a gelatin coating 
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immobilized on its surface (i.e. PGS-Gel, Figure 5.7). This may be an indication 

that the protein coating has a beneficial effect on the cells.  

 

Figure 5.7: hASC morphology on PGS and PGS-GelB films. 

The cells on tissue culture plastic (TCP) remain adherent. At day 7 photos 

there was a high concentration of cells on the TCP that borders the materials. 

On all materials, the cells remained metabolically active (Figure 5.8-5.9), and 

after 7 days there was no difference between the cells on TCP or on the 

materials (metabolic activity/cell). 

 
Figure 5.8: Biocompatibility tests. DNA content of hASC cultures grown for 7 days on the 

material films.  
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Figure 5.9: Biocompatibility tests. Metabolic activity per DNA content for PGS, PGS-derived 

polymers, PES, PES-derived polymers and PGS-Gel;; ANOVA and Bonferonni multiple 

comparisons post-hoc test were performed, to test if cells on materials differ from cells on TC-

plastic *p<0.05, **p<0.01. 

5.5.5. Preliminary Conclusions on Cell Screening of the Developed 

Biomaterials 

The effect of sample preparation on the biocompatibility of the herein 

developed biomaterials was studied. The importance of the polymer film 

preparation was highlighted by evaluation of PES and PGS films with a human 

hepatoma cell line (HUH-7). The mentioned materials showed poor or no cell 

attachment that could be correlated with an insufficient removal of 

unreacted oligomers from the polymer films.  

Further cytotoxicity investigations were performed after thoroughly washing 

the samples by incubation in ethanol at a higher temperature (60°C). The 

non-cytotoxicity or compatibility of the designed materials was 

demonstrated by investigating their interaction with two other cell lines, 

namely liver hepatocellular cells and human adipose-derived stem cells. 

Amongst the initial biocompatibility tests that should be performed, the in 
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vitro cytotoxicity of cells should be performed in order to avoid unnecessary 

animal tests.  

HepG2 and hASCs were used to evaluate the in vitro compatibility of the 

materials and scaffolds developed in the present dissertation. It was shown 

that HepG2 cells adhered and proliferated on the developed films and fibrous 

mats. The hASCs also proliferated on the material films, as evidenced by the 

increase in DNA amount and metabolic activity. 

In conclusion, all biomaterials developed in the current thesis can be 

considered biocompatible and, therefore suitable for cell culturing and tissue 

engineering.  

5.6. Outlook and future directions 

The development of biodegradable materials will remain an important 

aspect of tissue engineering and regenerative medicine. In this regard 

polymers play a crucial role, as they can be designed to possess different 

properties ranging from biodegradable to non-biodegradable, from soft to 

hard, from cell-interactive to cell-repelling, etc. This tunability of properties 

makes synthetic polymers an appealing class of materials to be used in a 

variety of tissue engineering applications, including liver tissue engineering. 

In comparison to natural polymers, not only that the properties of synthetic 

polymers can be tuned to suit a specific application, but they can also be 

fabricated in large quantities and have a longer shelf life. The latter are 

important considerations for mass fabrication and commercialization. A brief 

overview on some synthetic biomaterials used for soft TE was provided in 

Chapter 1 of the present thesis. Chapters 2 and 3 highlighted the 

development of novel poly(polyol sebacate) elastomers and scaffolds for 

liver TE. One important aspect in choosing the poly(polyol sebacate) class 

was their compatibility with the herein used microfabrication process. Their 

transparency is a key-feature for the assembly and alignment of different 

patterned layers. Another main considerations of synthesizing these new 

polymers was the need for elastomers of this class with longer degradation 
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times than the ones already present in the literature. Although, in the 

present work, the latter aspect was achieved and novel elastomers with 

lower in vitro degradation rates were obtained, more studies are required to 

see the translation in the human body.   

Traditional and advanced scaffolding techniques provide the possibility of 

developing complex patient specific implant materials. Chapter 3 of the 

present dissertation presents a scaffolding technique (i.e. electrospinning) 

that used the earlier developed and novel polymers to produce application 

specific porous interconnected scaffolds. One of the most important 

advantages of electrospun fibrous scaffolds or membranes is its resemblance 

to the structure of extracellular matrix, which largely consists out fibrous 

proteins. The extracellular matrix is a substantial part of a tissue’s volume, 

that is mostly filled by a network of macromolecules such as (but not limited 

to) the ones mentioned above. For the current application, the obtained 

fibrous membranes were intended to be inserted into a microfluidic device 

and to provide a space on which cells can proliferate and differentiate into 

the desired liver tissue. The required thickness of the fibrous membrane was 

achieved, but design limitations still exist as the pore size (i.e. the space 

between two neighboring fibers) of the randomly oriented fibers could not 

be controlled to a homogeneous size of maximum 5 µm. This size is 

important as one future goal is to culture liver cells  (i.e. 5 µm typical 

hepatocyte size, 8-12 µm endothelial cells size) in such a way that they don’t 

fall through the fibrous membrane. A future perspective for this problem 

would be the investigation of aligned electrospun fibers instead of random 

ones. It is assumed that by aligning the electrospun fibers under different 

angles, such a pore size can be obtained. Nevertheless, more studies are 

required in this direction.  

An intensive work has also been done on the development of biocompatible 

microsystems. In the current work, a combination of a traditional scaffolding 

technique, electrospinning, and microfabrication rendered a three-

dimensional fluidic environment in which cells could potentially proliferate 

(Chapter 4). This biological inspired engineering approach is essential for 

reproducing the cellular and extracellular components of a tissue or organ. 
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For this approach to succeed, mimicking a tissue on a microscale is of 

outmost importance as it can give a better understanding of the 

microenvironment. The current project was aiming to insert a 3D 

environment to a rather planar microfluidic system. The innovation consists 

of introducing a porous membrane inside a  microfluidic bioreactor. This 

membrane is hypothesized to provide the liver cells with a more familiar in 

vivo environment that will support their proliferation and differentiation into 

a new liver tissue. The porous membrane was successfully integrated inside 

the microfluidic system as the bioreactor presented no leakages and a good 

bonding of the patterned microfluidic layers was obtained. One of the 

unknowns that still remain to be studied and analyzed is how such a system 

will actually behave during culturing of cells. Although all materials and 

scaffolds designed herein proved non-cytotoxic in the preliminary biological 

testing, future work should be done in order to visualize and analyze the 

behavior of different cell lines inside this type of microfluidic devices. Will the 

passage from rigid tubing and frames at a macro scale to soft materials at a 

micro scale have an influence on the cells? Will the cells behave in the 

hypothesized way when cultured in the final bioreactor? Such questions are 

still to be answered, as research is a continuous process and sometimes the 

more in–depth one goes the more unknown or unexpected aspects can arise.  

A continuous interaction between different disciplines is required 

considering that the aim of tissue engineering and regenerative medicine is 

to restore, maintain, or improve tissue function. The interaction of cell 

biologists, engineers, clinicians and regulatory authorities is crucial in 

bringing such engineered platforms from the lab bench to 

commercialization. 
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