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ABSTRACT  

Vascularization is recognized to be the biggest challenge for the fabrication of 

tissues and finally, organs in vitro. So far, several fabrication techniques have been 

proposed to create a perfusable vasculature within hydrogels, however, the vascularization 

and perfusion of  hydrogels with mechanical properties in the range of soft tissues has not 

been fully achieved. 

My project focused on the fabrication and the active perfusion of hydrogel 

constructs with multi -dimensional vasculature and controlled mechanical properties 

targeting soft tissues. Specifically, the initial part of the research has focused on: (1) the 

fabrication and characterization of gelatin constructs with 2D and 3D perfusable vasculature 

and (2) the development of a fluidic platform to allow the direct perfusion of the fabricated 

constructs. Throughout the developed technology, it was possible to fabricate and perfuse 

densely populated constructs integrating a 3D vasculature. Also, it was possible to fa bricate 

and test a hydrogel -based fluidic system integrating sensors capable of simulating a barrier 

environment.  

 

The research presented in this thesis is part of the EU-funded FP7 project 

NanoBio4Trans (ÒA new nanotechnology-based paradigm for engineering vascularised liver 

tissue for transplantationÓ) and the Danish National Research Foundation and Villum 

FoundationÕs Center for Intelligent Drug delivery and sensing Using microcontainers and 

Nanomechanics (Danish National Research Foundation (DNRF122). 
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CHAPTER 1 

INTRODUCTION  

Tissue engineering (TE) has emerged to address the major issues concerning organs 

transplantation , such as the absence of available organs for the patients in the waiting list 

and the problems related to the immune response of the patient organism after the donated 

organ [1Ð4]. In this context, it was nec essary to design and fabricate functional and living 

tissues using living cells, which are usually associated with a support matrix to guide tissue 

development [5]. Although in the last 30 years there have been extensive progress in the TE 

field, the fabrication of engineered thick tissues and organs such as the heart, kidney, and 

liver remains a challenge [3,6]. One of the major problem concerning the fabrication of thick 

engineered tissues, and finally organs, rely on the absence of a perfusable vasculature  [6Ð

18]. The absence of a perfusable vasculature means that the three-dimensional (3D) 

engineered tissue construct  will not have sufficient oxygen, nutrients, waste  removal and 

gas exchange needed for its maturation  in time [7,11]. In the normal TE approach 

bioreactors are responsible to induce the transport of oxygen and nutrients by means of the 

fluid flow [19Ð32] whereas scaffolds, which are responsible to give a temporal extracellular 

matrix (ECM) for the cells, are most of the times porous structures that can be perfused  

[1,24,33Ð40]. This combination could partially overcome the limitations of the absence of a 

perfusable vasculature when fabricating large and tick tissue constructs  [12,24,25,35,36,41Ð

44]. However, a 3D porous scaffold is not able to produce the characteristic 3D cell -cell 

cell-ECM interaction presented in vivo [27,45Ð50]. By contrast, if the scaffold is just a 

combination of cells encapsulated in a hydrogel material (e.g., cell-laden hydrogel) capable 

to present a more in vivo like environment, the bioreactor is not sufficient anymore to 

guarantee the appropr iate level of nutrients and oxygen while extracting metabolic waste 

from the cells in the inner core of the a thick construct  [27,29,51Ð54]. Cell-laden hydrogels 

without a network of channels are unable to provide physio logical cues such as oxygen 

nutrient and growth factors (essentially all para and autocrine factors)  required to the cells 

for growing, and fusing together to form large functional tissues and ultimately organs  

[18,55]. By contrast, at the organ level, the cells are 3D distributed around a vascular branch 

responsible to guarantee the physiological factors required for the cells to maintain their 

homeostasis [4,12]. 

Despite the advances in the biofabrication  technology, it is still challenging to 

fabricate thick, functional and densely populated engine er constructs with an integrated 

vascular network [7,55]. In addition, the available fabrication techniques donÕt allow the 
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fabrication of tissue engineer constructs with multi -scale vascular network, able to resemble 

the human vascular anatomy [55]. Moreover, while fabricating the construct, it is still difficult 

to control at the same time the mechanical properties of the ECM used to simulate the bulk 

where the cells are encapsulated and to control the complexity of the vasculature within the 

ECMs [7,55]. Finally, the success of the tissue construct s relies on the time needed for its 

maturation [25]. This means that the construct should stay in a controlled environment (e.g., 

temperature, pH, O2, CO2) to give time for the cells to grow to re model the ECM with which 

continuously interacts , to form tissues and finally organs . Therefore, not only is crucial the 

ability to fabricate constructs with perfusable vasculature but it is also crucial to induce 

these constructs to be active ly perfused to  ensure the cells encapsulated within the 

construct to be metabolically functional and to mature in a more complex and functional 

construct  [51,56].  

1.1!Back ground  

Many TE approaches involve the use of cells cultured in vitro on a biomaterial 

scaffold to generate functional tissue constructs  [20,25,57]. However, it is not sufficient  to 

generate functional constructs , since the in vivo biophysical environment i s dynamically 

more complex than a static culture of cells on a scaffold  [8,58Ð60]. It is also well understood 

that traditio nal two-dimensional (2D) culture techniques cannot recapitulate the 

microenvironment experienced by the cells and tissues  [47,61] In a 2D environment the cells 

are not able to experience the typical cell -cell, cell-ECM interaction and temporal chemical 

gradients in a 3D configuration  as it happens in a tissue. Therefore, the control of the in vitro 

environment represents one of the key challenges to produce 3D constructs able to 

resemble the in vivo milieu [27,62,63] (Figure 1.1).  
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Figure 1.1.!The behavior of individual cells and the dynamic behavior of multicellular tissues 
is regulated by complex  bidirection al molecular interactions between cells and 
the 3D ECM. This ECM is a hydrated protein and proteoglycan -based gel 
network that comprise  soluble and physically bound signals and signals 
originating from cell-cell interactions. The specific binding of these signaling 
cues with the cell-surface receptors induces complex intracellular signaling 
cascades that converge to regulate gene expression, establish cell phenotype 
and direct tissue formation, homeostasis and regeneration.  The image is 
reprinted from [64].  

In particular, the working hypothesis is that the pr ecise control of the in vitro culture 

conditions would have a significant influence in the control of the structure, composition , 

biochemical and biological function  and mechanical properties of the engineered tissues  

[19,20,25]. The main constituents that are responsible for defining the in vitro culture 

conditions or model are: 3D tissue-engineering scaffold systems, bioreactors, growth 

factors, and mechanical conditioning regimens that control cell behavior and functional 

tissue assembly [19,20,25,65]. Therefore, the general strategy used to engineer functional 

tissues in vitro rely on four main building blocks: cells, scaffolds, bioreactors and growth 

factors Figure 1.1).  
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Figure 1.2.!Cells, scaffolds, bioreactors and growth factors are the four building blocks 
required for the fabrication of functional tissues in vitro. The image is reprinted 
from [25].  

There have been several reports in the last decade where describing how to 

manipulate the cell environment using  scaffolds , bioreactors , and signals together for 

guiding the cell behavio r to create functional tissue engineered constructs able to resemble 

the in vivo complexity.  As an example, there have been an extensive research on the 

creation of tissue engineered constructs for the cartilage [66Ð68], bladder [69Ð72], bone [73Ð

77], and human skin [78Ð81]. In addition, there have been attempts to engineer  more 

complex organs such as the he art [65,82Ð85], the kidney [86Ð88] and the liver [30,89Ð92]. 

Despite that great success for simple organs (i.e., cartilage, the bladder, and the skin) both 

from a research point of view and from translational point of view with the artificial skin (e.g., 

Derma graft¨, Alloderm¨) and  blood vessel substitutes (e.g., Goretex¨, Dacron¨), the 

same didnÕt occurred for the more complex ones [3,60]. The simple organs were easier to 

engineer because they are characterized by simple and small geometries, small demand for 

blood vessels, and small cell consumption rate. By contrast, it was extremely complex to 

engineer thick and functional tissues or organs, mainly because of the absence of an 

efficient media exchanger to guarantee an adequate level of oxygen a nd nutrients while 

removing the waste [12,93]. The absence of an efficient media exchanger caused a 

nonhomogeneous cell distribution and limited cell activity.  
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1.2!Fabrication of tissue engineered constructs  

The basics behind the tissue engineering process involves: a cellular or several 

cellular candidates depending on the final application , cellular incubation and proliferation 

(when is possible), design and fabrication of a 3D biomaterial scaffold, scaffold seeding with 

the incubated cells, construct cultivation by means of a biorea ctor, tissue generat ion and 

implantation (Figure 1.2) [20,25]. The bioreactor, and the scaffold plays the decisive role in 

manipulating the cell environment and guiding the cell behavior [51,77,94] 

1.2.1!Cells  

When fabricating functional tissue engineer constructs with relevant dimension s, one 

of the critical aspects resides in the type of the utilized cell s, the available amount and 

available source of them. In general, cells can be extracted from various sites and sources 

(e.g., solid tissues, or fluidic ones such as bone marrow or blood)  [95]. Once the cells are 

divided by source categories, generally they are grouped into:  autologous cells, allogenic 

cells, xenogeneic cells. Every group comprises primary cell s, cell lines and stem cells. 

Recently many researchers have started to favour the use of autologous cells in 3D cultures 

applications. This is because autologous cells are seen as a more relevant tool for studying 

human biology and also in review of a possible clinical application. As an example, a 

previous study showed  chondrocyte cells isolated from a small and healthy biopsy of the 

cartilage. The isolated chondrocyte were seed onto a poly(lactic acid ) (PLA) scaffold 

creating 3D constructs  that were implanted  in 12 different patients.  The implanted 

constructs were able to form new cartilage tissue showing the success of the application 

[96]. However, autologous cells are difficult to be isolated from the tissue  source, and most 

of the time they are not available. In addition, once the primary cells are cultivated in vitro  

they lose the ability to proliferate limiting therefore the available number of cells at 

disposable for the fabrication of densely populate constructs. On the contrary, allogenic 

cells can be used in clinical application  but it must be considered complications regarding 

the immune incompatibility . Xenogeneic cells were used for clinical purposes where was 

necessary to supply or to remove chemical s within a tissue or organ. As an example, 

xenogeneic cells where used to fabricated a bioartificial liver (BAL). Here, the developed 

BAL consisted on a bioreactor with porcine hepatocytes that populates non -woven 

polyester matrix. Patient plasma flows through the bioreactor into direct contact with the  
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porcine hepatocytes without provoking any downsides  moving the BAL to  phase one trial 

[97].  

Stem cells are also used as an alternative of primary cells since they represent a new 

source of cells. In addition, stem cells are capable of proliferate and they have the capacity 

to be self-renewal [98,99]. This means that once proliferated, the resulting daughter cells 

continues to be unspecialized, like the parent stem -cells. Remarkable advances have been 

made in isolation, expansion, characterization  [4,100Ð104]. In fact, the number of sites 

available for stem cells isolation comprises: embryonic stem cells (ES) from discarded 

human embryos [105], induced pluripotent stem (IPs) cells by genetic reprogramming of 

somatic cells  [106], and adult stem cells (so named regardless of sourcing, from fetal, 

neonatal, pediatric or adult) either autologous or allogeneic  (Figure 1.3) [107]. Stem cells are 

called multipotent (ES, IPs) or, if constrained to a single fate, unipotent (adult stem cells)  

[108,109]. 

 

Figure 1.3.!Stem cells source used in TE application.  Adult stem cells can be isolated from a 
patient biopsy (autologous)  or can be isolated from tissue donors. By contrast , 
pluripotent stem cells can be used to achieve potentially any desired cell line by 
reprogramming to pluripotency cells from the available cells obtained from 
biopsy. Allogeneic cells can be sourced form tissue donors.  The image is 
reprinted from [4].  

Despite the theoretical possibility to drive stem cell differentiation towards a ny 

cellular lineage, there is a still a challenge in direct the differentiation with accuracy towards 

an intended phenotype. (46,47). As an example, Engler et al., demonstrated that when 
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mesenchymal stem cells (MSCs) are cultured in a hydrogel with control mechanical 

properties with the presence of soluble induction factors, the MSCs diffe rentiate towards 

the lineage specified by the matrix elasticity  (Figure 1.4).  

 

Figure 1.4.!(A) Solid tissues exhibit different mechanical properties, as measure by the 
elastic modulus (i.e., E) and (B) The mechanical properties of the hydrogel are 
controlled trough crosslinking and the control of cell adhesion is mediated by 
using collagen-I. The mechanical properties of the gel system were capable to 
guide the MSCs differentiation towards the brain (0.1 -1 kPa), muscle (8-17 kPa) 
and the bone (25-40 kPa), after 96 hours of culture. The image is reprinted from 
[110].  

1.2.2!Bioreactor s 

The bioreactor is responsible to initiate, m aintain and direct cell growth and tissue 

development in a well-defined, closed and controlled culture conditions (e.g., pH, 

temperature, pressure, nutrient supply and waste removal) [21]. Bioreactors have been 

successfully used to overcome the limitations associated with oxygen and nutrient transport 

that are often observed in tissues cultured in static environments . , and to enhance matrix 

synthesis and mechanical properties by biophysical stimulation of the fabricated construc ts 

[19,111,112]. In fact, static cell culture techniques are unable to support 3D cultures or 

tissues because they depend on diffusional transport me chanisms that are efficient only 

through a thin superficial layer in contact  with the medium culture ( in most cases only within 
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! 100-200 µm) [113]. In addition, as the cell density increase, so does the nutrient requested 

by the cells. As consequence, nutrients are depleted over short distances leading the cells 

positioned further from the source of nutrients and oxygen to die  [113Ð116]. Different 

bioreactors have been designed and developed to increase the mass transport between  the 

cells within the scaffolds  and the culture medium (Figure 1.4) [21,26,117]. Spinner flask 

bioreactors create an undulating motion of the culture medium to limit the size of the 

stagnant cell layer present at the surfaces of tissue constructs. Spinner flask have been 

used to culture 3D constructs  [118]. The medium stirring generate by the bioreactor 

enhances external mass-transfer but also generates turbulent at the edges that could be 

damaging for the development of th e tissue (Figure 1.5(A)). Rotating-wall bioreactors 

provide a dynamic culture environment to the constructs, with low shear stresses and high 

mass-transfer rates. The bioreactor rotates at a rate that induces the drag force (F d), 

centrifugal force (Fc) and net gravitational force (Fg) on the construct to be balanced to 

guarantee that the construct remains in a free -fall state within  the culture medium. (Figure 

1.5(B)) [26,114]. A possible drawback of associated with the spinner flask and the rotating 

bioreactors resides on the generation of shear stress es that could cause cell differentiation  

[119]. Also, the size and viability of the tissue constructs is strictly depended on the internal 

diffusion of nutrients, since there is no perfusion throughout the construct. Another 

configuration of bioreactor used is the hollow -fiber (Figure 1.5(C)). It is used to enhance the 

mass transport of highly metabolic and sensitive type of cells, like the hepatocyte. In fact it 

is the preferred configuration used in the design of BAL  [120]. Finally, the perfusion 

bioreactor represents the best configuration in terms of mass transport since the medium is 

pumped through the 3D construc ts (Figure 1.5(D)). In fact, the easiest way to increase the 

transport of mass in a scaffold is to increase the d iffusion using the co nvection [116]. The 

medium pumped through the scaffold is capable to provide nutrients and oxygen, removing 

waste, in the inner areas of the porous construct that wouldnÕt be reached by means of 

simple diffusion . Perfusion bioreactor were successfully used for the culture of 3D 

constructs [121,122]. As an example, Figallo et al. developed a perfusion micro -bioreactor 

able to perfuse porous 3D scaffolds and thin layers of hyaluronic acid hydrogel (HA) using 

different flow configurations [121].  
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Figure 1.5.!Bioreactors used in TE applications to enhance the mass transport: (A) spinner 
flask bioreactor., (B) rotating-wall bioreactor, (C) hollow fiber bioreactors and (d) 
direct perfusion bioreactors.  The image is reprinted from [114].  

1.2.3!Scaffolds  

The scaffold is not only a temporary ÒsupportÓ for the cultured cells to growth and 

proliferate, but it is a complex 3D matrix with suitable physical (e.g., stiffness and mass 

transfer) and chemical (e.g., employed material type and degradation rate) properties  

[35,51,123Ð126]. It has been demonstrated that ce lls are capable to sense and to interpret 

the information coming from  the ECM [127Ð132]. The topography, mechanical properties 

(e.g., stiffness, viscosity and elasticity), molecules presented by the ECM, and the 

concentration gradients of soluble growth factors represents some of the characteristics 

presented by the scaffold  [34,40,57,123,133]. Therefore, the cells receive and process a 

multiple combination of physicochemical and biological cues always within a 

spatiotemporal context  by reorganizing themselves via cellÐcell contacts [134] and cellÐ

ECM interactions [135]. As an example, it has been show that using gel matrices with well -

controlled elasticity, and non -limiting ligand density, all cells were found to adhere, to 

spread and to anchor more strongly to stiff substrates compared to soft ones (Figure 1.6(A-

B)) [136]. Dolega et al. demonstrated that spheroids grown under isotropic compression 

presented reduced proliferation capacities within the cent er in comparison to the ones 

grown in normal conditions  (Figure 1.6(C)) [137]. Finally, it has been shown that the cell-

ECM interaction can be a more potent cue of differentiation for MSCs than standard 

induction methods. In particular, human MSCs encapsulated in poly(ethylene glycol) (PEG) 
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functionalized with various small molecules were indu ced to proliferate towards osteogenic 

and adipogenic pathways. Benoit et al. demonstrated that by controlling the 3D 

environment using tethered small -molecule chemical functional group dispersed within  the 

hydrogel material it was possible to control the induction of multiple MSCs lineage [138]. 

 

Figure 1.6.!Soft tissue elasticity scale ranging from soft brain, fat, striated muscle to stiff 
cartilage and precalcified bone. (B) In vitro substrates mimicking soft and stiff 
tissue microenvironments: cells anchor more strongly to stiff substrates, 
whereas for softer substrates the force of adhesion is weaker. The images are 
reprinted from [127]. (C) Cellular proliferation along the radius of a spheroid 
grown under a mechano-osmotic stre ss of 1 and 5 kPa in respect to the control 
(0 kPa). The images is reprinted from [137] . 

All these considerations are crucial when choosing the biomaterial and the 

fabrication technique employed to fabricate the scaffold  [139,140]. From an engineering 

stand-point, it is important that the scaffold integrates all the regulatory functions and 

properties within the scaffold design in a reproducible and controlled way. This is crucial 

because the design of the scaffold would be pri marily responsible to induce and control the 

tissue formation in a stepwise manner  [64,141] (Figure 1.7). 
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Figure 1.7.!Breakdown of the processes necessary to understand the design principles and 
the enabling technologies to design and fabricate a scaffold. Adapted from [142] 
. 

1.2.3.1!Biomaterials  

The two main classes of biomaterial s used to fabricate TE scaffolds are biologically 

derived and synthetic polymers  [143]. Biologically derived polymers are materials created by 

living organisms whereas synthetic polymers are man -made.  

1.2.3.1.1! Biologically derived polymers: collagen and gelatin  

One important class of biologically derived materials are the proteins  [50,143,144]. 

Proteins are polymers derived from naturally occurring a -L-amino acids, where the 

connection of the amino acids are obtained through hydrol ytically stable amide bonds. This 

means that these materials are degraded through enzymatic mechanisms.  The main 

limitations connected to protein polymers are represented by their inherent immunogenicity, 

their lack of ÕprocessibilityÕ and their mechanical properties for their use as medical implants  

[143]. The immunogenicity is because proteins carries the risk of being recognized as 

foreign by the patientÕs immune system since they are created by living organisms. The lack 

of ÕprocessibilityÕ is the major shortcoming of proteins as starting materials of the fabrication 

of medical implants. The ÕprocessibilityÕ means the ability of creating a shaped device by 

any of the conventional processing technol ogies used in the plastic industry: compression 

molding, extrusion, injection molding and fiber spinning. Finally , their weak mechanical 

properties make the proteins the worse candidate to fabricate medical devices. By contrary, 

the outstanding biological properties presented by the proteins makes them the perfect 

candidate for designing polymers with controlled biological activities. Two of the main used 

proteins in TE applications are collagen and gelatin  [145]. 
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Collagen represents the richest protein in the human body ( !  30%) as well as the 

main component of the ECM of many tissues. Fibroblasts and osteoblast cells are the ones 

that mostly synthetizes collagen  [146]. So far, fourteen types of collagen have been 

identified [147]. Among all, collagen I is the most abundant  since is extracted from several 

tissues (e.g., skin, ligaments, bones) by acid and enzymatic treatments  [148]. In addition, 

thanks to its unique physical and biological properties, collagen I has been exte nsively used 

in the formulation of biomedical materials  [146]. The structure of type I collagen has been 

extensively investigated, and it con sist of a triple helical structure extending over a large 

portion of the molecule  [149]. The helices are organized in complex supramolecular 

structures and every third amino acid of the helix chain is a glycine  [150]. The remaining (!  

one third) amino acids presented in the helix ch ain are proline and hydrosyproline with their  

side chains pointing towards the outer region of the helix  [150]. Because of the well-

conserved primary sequence and its helical structure collagen I is only partially 

immunoreactive [151]. Collagen can be fast biodegraded in via collagenases and 

metalloprote inases enzyme to yield the corresponding amino acids. The free amines on 

lysine residues on collagen can be used for crosslinking  to increase the mechanical 

properties of type I collag en and to modulate the rate of degradation  [152]. It has been 

recognized that substrate attach ment sites are crucial for growth, differentiation, replication, 

and metabolic activity of most cell types in culture  [153]. Collagen represents a perfect 

candidate since it pre sents integrin-binding domains (e.g., arginine glycine-aspartic acid 

(RGD) sequences). As an example, fibroblast grown on a 2D collagen matrices differentiate 

in ways that resembles the in vivo cellular activity exhibiting almost identical morphology 

and metabolism [150]. In addition, when cultured in collagen matrices, chondrocytes are 

capable of maintain their phenotype and cellular activity  [154]. These results show that type 

I collagen represents a good candidate for the fabrication of tissue engineer scaffolds for 

almost any number of cell constructs . Moreover, collagen has been used in several TE 

applications  [155], such as cartilage repair [156], bone regeneration [76] and the most 

common clinically used biomaterial for skin repair  [78].  

Gelatin is the product of the rupture of the collage n triple helix into single-strain 

molecules [157]. Two different types of gelatin can be o btained by two different collagen 

treatments. The first type of gelatin can be obtained by the hydrolysis of the amide groups 

of asparagine and glutamine carboxyl groups whereas the second type of gelatin is 

obtained from an acid treatment. This means that  the variations in the collagen treatment 

allows the gelatin to bind with either positively or negatively charged molecules  [158]. In 
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contrast to collagen, gelatin exhibits limited antigenicity due to heat denaturation  [145]. In 

addition, the important bi oactive sequences presented by the collagen (e.g., RGD peptide s) 

for cell attachment and matrix metalloproteinase (MMP) - sensitive degradation sites are 

retained in the gelatin backbone  [159]. This is extremely important because critical cellular 

functions like migration, proliferation, and differentiation, can be modulated via integrin 

mediated cell adhesion and cell-mediated enzymatic degradation  [144,160,161]. Gelatin is 

thermo-responsive hydrogel: this means that gelatin underg oes into a reversible sol-gel 

transition by decreasing the temperature below 37 ¡C, while liquefies by heating at 

physiological temperatures.  To stabilize gelatin at physiological temperatures, g elatin can 

be chemically or enzymatically cross linked with different crosslinking agents (e.g., 

glutaraldehyde [162], formaldehyde [163], genipin [164], microbial transglutaminase  (TG) 

[126,165]) [166,167]. As an example, TG was used to fabricate gelatin scaffolds with tunable 

degradation rates. Yung et al. showed that HEK 293 cells encapsulated in TG crosslinked 

gelatin were capable of proliferate forming spheroids that increased in size in time. They 

also showed that the construct was stable a physiological temperature and showed that 

proteolytic degradation was controlled by surface erosion  [126]. Gelatin has been 

chemically modified, where methacrylate groups were added to the its lateral chains 

creating a photo -crosslinkable gelatin-methacryloyl (gelMA) [144]. GelMA has been 

extensively used as a bioink for fabricating bioprinted constructs  [144]. 

1.2.3.1.2! Synthetic polymers: poly(lactic acid) ( PLA) and poly(vinyl alcohol) ( PVA) 

PLA is an aliphatic polyester widely used in the fabrication of porous scaffolds for TE 

applications [168]. PLA is biocompatible, biodegradable, highly hydrophobic with limited 

water uptake and soluble in organic solvents (e.g., choloroform)  [169]. PLA with different 

molecular weight has been produced by a multistep process where, firstly the cyclic dimer 

of the lactic acid is produced and isolated and secondly the isolated product is used as 

monomers ring-opening polymerization  [170]. Considering that PLA is made by a lactic acid , 

which is a chiral molecule, it exists in two stereoisomeric forms that give rise to four 

morphologically distinct polymers. The first two are D-PLA and L-PLA, which are the 

stereoregular polymers; the second two are  D,L- PLA, which is the racemic polymer 

obtained from a mixture of D - and L-lactic acid, and meso -PLA can be obtained from D,L -

lactide [143]. The differences in the crystallinity o f D,L- PLA and L-PLA have important 

practical considerations. On one hand, D,L- PLA is usually considered for application such 
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drug delivery since is an amorphous poly mer [169]. On the other hand, the semi-crystalline 

L-PLA is employed in application where high mechanical strength is required (e.g., sutures 

and orthopaedic devices)  [171,172]. In fact, L-PLA (PLLA) is a rigid material that has a glass 

transition temperature (Tg) of approximately 60 ¡C, and a melting point temperature (Tm) of 

180 ¡C. The PLLA YoungÕs modulus is close to 3.5 GPa while its stress at break is 65 MPa 

and a maximum break elongation smaller than 6 %  [173,174]. PLLA polymers degrade by 

hydrolysis: the degradation starts with upper uptake followed by random cleav age of the 

ester bonds in the polymer chain. The degradation is throughout the bulk of the material  

[175]. During the degradation of semi -crystalline PLLA, the crystallinity of the residual 

material increases because the degradation takes place initially in the amorphous domains 

[176]. By contrary. the final degradation and resorption of the PLLA implants involves 

inflammatory responses. Although this late -stage inflammatory response can have a 

deleterious effect on some healing events, PLLA has been successfully employed as 

matrices for cell transplantatio n and tissue regeneration [177,178]. 

PVA is a synthetic polymer produced via partial or full hydroly sis of the poly(vinyl 

acetate) [179]. The physical, chemical and mechanical properties of the PVA it is dependent 

from the degree of hydrolysis [180]. The resulting PVA polymer is highly soluble in water but 

resistant to most organic solvents  [179]. PVA is a vinyl polymer in which the main chains are 

joined by only carbon -carbon links [181]. The resistance of the PVA against organic solvents 

as well as the aqueous solubilit y made PVA a suitable material for several applications. In 

fact, PVA is commonly used for food packaging, textile industries, and paper products 

manufacturing [182,183]. PVA is also used as a biomaterial since is biocompati ble, nontoxic, 

noncarcinogenic. In addition, the PVA swelling properties, bioadhesive characteristics, and 

biodegradability made PVA a perfect candidate material for the fabrication of medical 

devices as well as for TE applications [178,184,185]. PVA is a biodegradable polymer, and 

its degradability is enhanced through hydrolysis because of the presence of hydroxyl 

groups on the carbon atoms. PVA is manly used to create hydrogels [183]. PVA hydrogels 

and membranes have been developed for biomedical applic ations such as contact lenses  

[186], artificial pancreases [187,188], hemodialysis [189], and synthetic vitreous humor  [190], 

as well as for implantable medical materials to replace cartilage  [191Ð193] and meniscus 

tissues [194,195].It is an attractive material for these applications because of its 

biocompatibility and low protei n adsorption properties result ing in low cell adhesion 

compared with other hydrogels  [179,185]. PVA hydrogels have been also investigated as 

artificial carti lage replacements due to thei r rubber elastic physical prop erties, and because 
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the hydrogels can be manufactured to have ten sile strength in the cartilage range of 1Ð17 

MPa [179]. Moreover, PVA implants have been used in meniscus replacements. Kobayashi 

studied PVA hydrogel for the replacement of meniscus using a rabbit model. The PVA 

hydrogel implants were placed in the lateral compartment of one knee of female rabbits. 

Five rabbits were examined after 2 year and the postoperative follow -up showed that the 

PVA hydrogel implants were intact, with no wear or dislocation seen  [194,195].  

1.2.3.2!Fabrication methods  

To date, several technologies have been employed to fabricate scaffolds for TE 

applications. Porous random scaffolds with a limited control of scale have been fabricated 

using freeze-drying [196Ð198], electrospinning  [75,199,200], solvent casting/particulate 

leaching [201Ð203], whereas scaffolds with controlled 3D architectures were fabricated  

using additive manufacturing technologies ( AM) [204Ð207]. In particular, fused deposition 

modelling (FDM) has been used to fabricate , via layer-by-layer, porous and complex 3D 

scaffolds  with resolution of 100 -200 µm [34]. However due to the rigidity of the biopolymers 

used (e.g., PLA, poly(caprolactone) (PCL)) in FDM the fabricated scaffolds were ma inly used 

to engineer the bone [39,74,205]. FDM has been also used to 3D print poly(vinyl alcohol) 

(PVA)sacrificial structures  [202,208] (Figure 1.8(A-C)). The fabricated 3D printed  structures 

were used as sacrificial templates to create thick and 3D elastomeric scaffolds with 

controlled 3D architecture  (Figure 1.8(D-R)). The 3D scaffolds were seeded with HepG2 and 

were kept in cultu re for 12 days. Mohanty et al. demonstrated that the 3D architecture of the 

scaffold was sufficient to ensure an adequate transport of oxygen and nutrients to maintain 

a good cell activity and viability  (Figure 1.8(S)). Although the constructs  could maintain good 

cell viability, the elastomeric material employed does not represent a suitable material 

choice for the fabrication of scaffolds for TE applications since it is not degradable. In 

addition, the initial seeding was not homogenous throughout the scaf fold showing the 

difficulties of the tissue scaffolding approach.  
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Figure 1.8.!(A-F) Schematic illustration of the steps required to fabricate structured porous 
elastomeric scaffolds. (G-R) Photographs of the molds and the fabricated 
scaffolds with (G, N) hexagonal and (H, O) lattice-like structures; SEM images of 
the sacrificial templates and the fabricated scaffolds having (I,P) hexagonal and 
(L,P) lattice-like; (I-J) Photographs of the sacrificial templates 3D printed with 50 
(1 cc cube) and 150 (75 cc cube) layers and (J) the fabricated elastomeric 
scaffold using the sacrificial templates in I. (Scale bars: 1cm.) (S) Live/dead 
staining of HepG2 cells grown on the top and bottom surface of elastomeric 
PDMS scaffold at day 4, 8 and 12 (Scale bars: 1 mm). The image is reprinted 
from [208]. 

Another AM technology used to fabricate porous scaffolds  is the sterelitography. 

Stereolitography is a solid freeform fabrication technique where a photocurable resin placed 

in a reservoir is crosslinked by a laser controlled in X-Y. A vertically controlled stage is 

immersed at the surface of the resin reservoi r and the laser starts the polymerization at the 

resin surface. Every layer the stage move up and the polymerization proceeds thus creating 

a 3D structures. The resolution of the stereolitographyc process can me tuned by focusing 

the laser as well as increasing the laser power. In addition, the stereolitography fabrication 

technique can achieved extremely high resolutions. Traditionally, stereolitography has been 

used to fabricate 3D cell -free scaffolds, but with the development of more biocompatible 

resins, the potential for the stereolitography to be used for TE increased [209Ð211]. As an 

example, Hang Lin et al. fabricate 3D hydrogel scaffolds with specific shapes and internal 

architectures by using stereolitography. They showed that human adipose-derived stem 
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cells (hADSCs) encapsulated in a hydrogel composed by PEGDA and lithium phenyl-2,4,6- 

trimethylbenzoylphosphinate (LAP) as photo-initiator were capable of stay alive for 7 days 

thanks to the 3D architecture of the fabricated scaffolds [212]. Although the fabrication of 

porous scaffold was beneficial to enhance the mass transport properties, there is still a lack 

of understanding of tissue and organ formation leading to the limitation in fabricating 

constructs through tissue scaffolding  [25]. In tissue scaffolding is still difficult to include and 

to homogeneously seed high densities of cell s within a porous scaffold, particularly when 

the goal is the scaling up of the final construct  [25]. In addition, higher cell densities might 

require an optimized media exchanger to guarantee the necessary supply of oxygen and 

nutrients required to the cells to maintain their metabolic activity  [52].  

Another possible approach used to generate engineered construct is to use natural 

or synthetic hydrogels as scaffold candidate material  [213]. Cells within a tissue interact with 

neighboring cells and with the ECM throughout 3D interactions establishing a 3D 

communication network that maintains the specificity  and homeostasis of the tissue  

[58,62,135]. Hydrogels are able to resemble the nature of most tissues due to their high 

water content and the presence of pores that facilitate the free diffusion of oxygen, nutrients 

and growth factors, morphogens, etc. [135] [18,23]. In addition, hydrogels have been 

employed to encapsul ate cells to create 3D cell cultures: such cultures are able to  re-

establish such physiological cell Ðcell and cellÐECM interactions that can mimic the 

specificity of real tissues better than conventional two -dimensional (2D) cultures [213,214]. 

3D cultures platforms are currently used in several biological applications , including tumor 

biology [46,215,216], cell migration and cell adhesion  [217Ð219]. As an example, a recent 

study showed that collagen crosslinking -induced ECM stiffening supports the invasive 

phenotype by enhancing integrin signaling  [220]. By using glutaraldehyde as a crosslinker to 

increase the stiffness of collagen gels independently from pore  size or collagen 

concentration,  Lang et al. showed that 3D invasion is dependent on pore size; while 

increased matrix stiffness promotes 3D invasion in gels with large pores (small steric 

hindrance), increased matrix stiffness hinders cell invasion in gels with small pores (large 

steric hindrance) [221]. Although encapsulated cells within hydrogels could potentially mimic 

artificial ÔÔminiÕÕ organs [32,222] or be used to create more complex tumors models [46], the 

absence of adequate perfusion limits the final scalability of the construct.  

Finally, a third possible approach used in TE to fabricate 3D constructs does not 

require a solid scaffold structure. It consists in the belief that the tissue is a cell -generated 

material and therefore the direct manipulation and the control of cells is more important tha t 
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the provision of the structural, mechanical and chemical cues via the intermediary of a 

scaffold  [223]. In such approach, cells are encapsulated in hydrogels forming clusters or 

aggregates that are manipulated or position ed into 3D cellular constructs in a bottom -up 

approach using bioprinting  technology [7,224Ð226]. These aggregates are used as single 

bricks that are deposited in controlled positions in the 3D space generating constructs with 

more in vivo like cellular conditions  [223] (Figure 1.9).  

 

Figure 1.9.!From 2D cell culture to bioprinting of tissues. The image is reprinted from [144]. 

Recentely, Kesti et al. designed two different  inks for the fabrication of cartilaginous 

graft structures. The first ink, a combination of gellan gum, algin ate, HA (hyaluronic acid) 

particles and cells, was responsible for defining the tissue graft. Th e second ink, Pluronic 

F127, was used as support material for the dual printing of complex structures. They were 

capable of bioprinting different cartilaginous grafts with different complexities such as the 

ear, meniscus, intervertebral disk, and a nose [226]. Although the bottom -up approach has 

a number of hidden advantages over the scaffold fabrication approach, the mechanical 

strength of the final construct is not sufficient to guarantee the long-term stability of the 

constructs during maturation , and the assembly of large structures is still limited by the 

transport of oxygen and nutrients until a vascular system is developed  [7,60]. 

All the proposed approaches have been currently used to fabricate TE constructs 

with different degree of complexities trying to recapitulate the whole complexity of the 
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native tissue. However, many authors agree on the fact that high levels of complexity are 

not necessary for many applications, since many tissues and organs are capable of 

remodeling and regeneration, and a correctly designed engineered construct could take 

advantage of this capacity  [51,227]. In fact, cells enclosed within 3D matrices rapidly 

remodel their microenvironment depositing their ECM molecules  [51,61]. For this reason, it 

is possible to atone the absence of such complexity with artificial systems capable of 

inducing desired effects in a more efficient and rational way to the hosted cells  [227]. In 

addition, when designing and fabricating tissue construct s with relevant dimensions the 

absence of a network of perfusable channels and finally the lack of an existing vasculature 

is still the limiting factor to the fabrication of thick and dense tissues and finally organs . 

1.3!Strategies for the vascularization  of tissue constructs  

The ability to fabricate tissues constructs with a network of perfusable channels 

represents one of the main challenges that TE is facing today. In fact, the lack of an efficient 

way to exchange media rate ensuring oxygen and nutrients an d at the same removing 

waste is the limiting factor for the fabrication of complex and dense tissues. 

Nonhomogeneous cell distribution and limited metabolic activities are often observed, since 

seeded cells cannot get enough oxygen, growth factors, and nut rients for metabolic 

activities that are needed for maturation during perfusion [6,18,228]. Moreover, the 

biomaterial employed plays an important role since it is responsible to transport and release 

bioactive molecules, while meeting regulatory biocompatibility and biodegradability 

standards together with a network of molecules important for the cellular adhesion [6]. The 

currently strategies employed to fabricate  vascularized tissue constructs are: microfluidic 

system integration,  3D sacrificial molding, direct bioprinting and the combination between 

bioprinting and sacrificial moulding  using fugitive inks. 

1.3.1!Microfluidic system integration  

Several methods to fabricate microf luidic systems have been employed to fabricate 

vascularized constructs. These methods comprises soft lithography [54,228Ð231], and 

laser-based technologies  [232Ð238]. However, each of the above-mentioned fabrication 

techniques had its own advantages and disadvantages. Soft lithography represents a 

popular method in vasculature network fabrication due to its accuracy, reproducibility, and 

low cost. Using soft lithography technology, Zheng et al. fabricated a microfluidic network in 
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a collagen matrix, that was populated by human umbilical vein endothelial (Huvec) cells 

[229]. The micro vasculature was actively perfused and the h uvec cells formed a confluent 

monolayer within the collagen channels showi ng the differences in the channel permeability 

in response to the presence of the cells  (Figure 1.10 (A-B)).  

 

Figure 1.10.!Endothelialized micro- fluidic vessels: (A-B) huvec cells are culture within a 
vascular network creting vascular channels with changed permeabil ity. Red, 
CD31; blue, nuclei (Scale bar: 100 ! m.) The image is reprinted from [229].  

Cuchiara et al. developed a soft lithography process to fabricate a microfluidic 

network by using poly(ethylene glycol) diacrylate hydrogel. They demonstrated that by 

having an active perfusion, encapsulated mammalian cells w here able to maintain a high 

viability within the hydrogel  [230]. However, soft lithograph does not represent the best 

approach for fabricating complex 3D constructs due to cumbersome procedures. Despite 

their superior accuracy and repeatability, laser -based methods may not be suitable for 

fabricating thick tissue con structs because of their limited light -penetrating depths in 

precursor solution and because of the chemical residuals released during the reaction  that 

might affected the cell culture.  Ovsianikov et al. proposed a two photon polymerization to 

fabricate pol y(ethylene glycol) (PEG) microstructures (300 µm height) with arbitrary shapes 

[238]. 

1.3.2!3D molding tec hnique  

The 3D molding technique consist of (i) the fabrication of a rigid 3D template,  used 

as a negative mold to define the network of the microfluidic  architecture, (ii) the casting of 

the 3D template into a suitable material and (iii) the sacrifice the template revealing a 

microfluidic architecture in the bulk material.  Therriault et al. was able to use the 3D molding 

technique to fabricate microvascular networks. A fugitive ink was direct printed to fabricate 

the 3D lattice network. The 3D lattice netwo rk was casted into an epoxy resin, and the 
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epoxy resin was cured and finally, the 3D network was extracted from inside the cured resin 

revealing the complex microfluidic architecture. The fabricated scaffolds had 3D 

microvascular networks with geometric co mplexity and w here able to generate complicated 

flow patterns . However, the 3D sacrificial molding required the use of processing 

conditions , for either removing the sacrificial filaments or casting the surrounding material, 

that could not be accomplished with aqueous-based ECMs or in the presence of living cells  

[239]. By the contrary, Miller et al. was the first one tha t coupled the 3D sacrificial mo lding 

with ECMs and living cells  (Figure 1.11(A)). They used FDM to fabricate 3D sacrificial lattice-

like templates using a glass carbohydrate material  (Figure 1.11(B)). The peculiarity of their 

3D printed templates was that the glass carbohydrate material used to fabricate the 3D 

templates were water soluble. Then different ECMs (e.g., agarose, alginate, PEG, fibrin and 

matrigel) with encapsulated cells were casted around the 3D printed structures starting the 

dissolution and subsequently the removal of the sacrificial templates. They demonstrated 

that the presence of a perfusable network of ch annels was essential to deliver sufficient 

nutrients to the encapsulated cells, and higher cell viability resulted in regions closer to the 

vasculature network  [240] (Figure 1.11(C-D)).  

 

Figure 1.11.!(A) An open interconnected, self-supporting sacrificial template is printed for the 
casting of 3D vascular network. The sacrificial template is encapsulated in ECM 
with cells, and then the sacrificial structure is dissolved in minutes in media. The 
process allows the creation of a tissue construct with a vascular network that 
matches the original lattice.  (B) Printed multilayered carbohydrate-glass lattice 
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(scale bar, 1mm.) (C-D) Live/Dead images of primary rat hepatocytes and 
stabilizing stromal fibroblast encapsulated in agarose gels (slab versus 
channeled) after eight days in culture (scale bar, 1mm.) The image is reprinted 
from [240]. 

Sacrificial templates have been fabricated also by using alginate bioprinted 

structures. Bertassoni et al. showed that by bioprinting aga rose, it was possible to create 

complex microchannels within methacrylated gelatin (GelMA), star poly(ethylene glycol -co-

lactide) acrylate (SPELA), poly(ethylene glycol) dimethacrylate (PEGDMA) and poly(ethylene 

glycol) diacrylate (PEGDA) hydrogels (Figure 1.12(A-B)). In addition, GelMa was used to 

demonstrate the importance of a single channel in maintaining good cell viability in the 

encapsulated cells  as wells to deliver signals to guide cell activities  [241] (Figure 1.12(C-F)). 

 

Figure 1.12.!(A) Bioprinted agarose template fibers and respective microchannels. (scale bar 
1 mm.) (B) Cross-section (indicated by red dotted -line) of a fluorescent 
microbead GelMA hydrogel indicating the rounded shape of the lumen (scale bar 
250 ! m.) Viability of MC3T3 cells encapsulated in 10% GelMA hydrogels 
comparing constructs with (E -F) fabricated microchannel versus a slab-hydrogel 
(C-D) at day one and day 7. (scale bar 700 ! m.) The image is reprinted from 
[241]. 

By contrary, Nam Chan et al. used stereolitography to fabricate complex 3D molds. 

A photocrosslinked resin was used to 3D print the negative mold for the subsequent 

fabrication of the sacrificial templates. Then, the sacrificial templates were embedded in 

10% agarose hydrogel encapsulated wit h HepG2 to form the vascular channels. Although 
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their constructs had a complex vasculature network, the encapsulated cells didnÕt present 

signs of proliferation after 3 days in perfusion. In addition, the overall fabrication consisted 

in several steps, requiring the use of toxic solvents for the dissolution of the 3D printed resin 

mold. 

Several fabrication techniques such as molding [242,243], FDM [240,244,245], 

bioprinting [241], and stereolitography [246,247] have been used to fabricate sacrificial 

molds with a plethora of different sacrificial materials (e.g., carbohydrate glass, sodium 

alginate, PVA) as well as complexities. However, in some cases the sacrificial templates 

employed to fabricate the constructs with e ncapsulated cells were rather simple, based on 

single or parallel planar microchannels [240Ð243,245]. In others, the complex sacrifi cial 

templates were achieved by several fabrication steps  [244,246,247] and the final constructs 

didnÕt have a clear strategy of active perfusion  [240Ð242,245]. 

1.3.3!Direct bioprinting  

The direct bioprinting fabrication technique was employed to fabricate  vascular 

tissue constructs by a layer by layer deposition of hydrogels and cells at the same time  

[7,28,55,84,225,226,248,249]. Gao et al. presented a bioprinting technique with a coaxial 

nozzle where they fabricated vascular conducts made by alginate filament (Figure 1.13(A)). 

They demonstrated that the bi oprinted conducts could fuse together creating a construct of 

fused conducts with different geometries where the cells encaps ulated nearby the channel 

could survive during 7 days  (Figure 1.13(B-D)) [250].  
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Figure 1.13.!(A) Schematic showing the coaxial nozzle-assisted 3D bioprinting system along 
with details about the modified coaxial nozzle. (B) Photographs of the fused 
adjacent alginate hollow filaments in a printed cuboid structure consisting of 6 
layers of hollow filaments. (C) Macroscopic view of the cross section of the 
printed cuboid structure. (D) SEM image of fused filaments in the printed cuboid 
structure. The image is reprinted from [250]. 

By contrary, Colosi et al. showed the fabrication of a bioprinted  3D lattice-like 

structures using an engineered blend ink based on a mixture of gelatin methacroyl (GelMA), 

alginate, photoinitiator and cells  (Figure 1.14(A-B)). The ink was bioprinted using a coaxial 

needle to generate 3D vascularized constructs with huvecs lining in the inner regions of the 

lattice-like structure (Figure 1.14(C-F)). They also showed that the spatial deposition control 

of the ink was obtained using the bio printing fabrication techniques and they were capable 

of cast cardiomyocytes encapsu lated on a hydrogel to create a co -culture of a vascularized 

cardiac tissue (Figure 1.14(G-J)) [251].  
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Figure 1.14.!(A) Photograph of the 3D printed construct (30 la yers). (B) 3D µCT 
reconstructions of the top and view of the lateral and 3D µCT final bioprinted 
structure. (C) Schematic of the migration to outer regions of the encapsulated 
HUVECs in the bioprinted fibers after 10 days of culture. (D -F) Confocal 
microscopy images showing the (D) top view, (E) cross section and (F) fiber 
junctions showing interconnected structures. (G -J) Confocal microscopy images 
of a 1 mm thick lattice -like structure showing (G) the transversal cross-section, 
(H) the longitudinal cross-section, (I) outer surface of the construct. (J) Top view 
of a single fiber immunostained for CD31 (red) and DAPI (blue). The image is 
reprinted from [251].  

Also, Another study has been shown a bioprinted 3D construct  using an engineered blend 

ink based three different hydrogels: gelatin methacryloyl (GelMA), sodium alginate, and 4 -

arm poly(ethylene glycol)-tetra-acrylate (PEGTA). The ink was bioprinted using a tri-layered 

coaxial nozzle to generate perfusable structures with cells encapsulated on it. Jia et al. 

showed that the spatial deposition control of the ink was obtained using the bioprinting 

fabrication techniques by creating 2D structures with diff erent shapes, and by creating also 

3D lattice-like structures with encapsulated cells on it  [252]. Finally, Zhu et al. presented a 

pre-vascularized construct fabricated with a microscale continuous optical bioprinting 

(µCOB). In one case, A mixture of GelMA and LAP were used to encapsulate HepG2 . In the 

other, Huvecs cell and supportive 10T1/2 cells  were encapsulated in the same hydrogel 

composition to form pre -vascularized constructs. They have showed that their fabrication 

technique was fast (! 1min) and was able to have good cell viability (! 80%). In addition, the 
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pre-vascularized constructs were i mplanted in vivo for 2 weeks showing a formation of an 

endothelial network [253]. Although bioprinting could represent the future for the fabrication 

of thick tissue constructs, there are some technological challenges, such as material 

printability, special nozzle requirement, printing time and complexity of the forms that can 

be printed  without the presence of a support structure underneath [254].  

1.3.4!Direct bioprinting and sacrificial mo lding  

Direct bioprinting and 3D mo lding were coupled to fabricate several compl ex TE 

construct. It consists on printing different inks at the same time, where one of the inks 

represents a Òfugitive inkÓ. The fugitive ink is characterized from a viscosity that changes in 

function of the temperature. For certain ranges of temperature, the viscosity of the fugitive 

ink is enough to be printed whereas for other ranges of temperature the viscos ity of the 

fugitive is small enough to be removed from inside the ECM without causing damages to 

the printed construct.  Several studies have been used fugitive inks in combination with the 

bioprinting technology to fabricate vascularized tissue constructs  [87,255Ð259]. As an 

example, a recent study used gelatin hydrogel as a fugitive ink to fabricate vascularized 

constructs. The tissue construct was fabricated by a multi -step approach: first collagen was 

bioprinted for defining the construct bottom. Then gelatin was bioprinted to define the 

internal channels followed by the deposition of a mixture of fibrinogen, thrombin, huvecs 

and normal human lung fibroblast (NHLS) cells. Then, another layer of collagen was 

bioprinted on top of the structure finalizing the construct. Finally , the gelatin was removed 

from within the construct leaving behind the open channels and Huvecs were seeded within 

the channels to form the vasculat ure (Figure 1.15(A)). Lee et al. demonstrate that the 

perfusion of the channels and the composition of the ECMs as well as the presence of the 

cells where able to induce the formation of micro -capillaries (Figure 1.15(B-F)) able to 

increase the diffusion o f fluorescence molecules within a hydrogel construct  [259] (Figure 

1.15(H)).  
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Figure 1.15.!(A) Fabrication steps of the 3D printed construct using 3D bio-printer. (B-F) 
Capillary network formation of GFP -huvecs within thirteen days and (G) CD31 
staining on Day 14. (H) Time-lapse fluorescence images of 10 kDa dextran 
diffusion in str ucture with capillary network (top panel) and structure without 
capillary network (bottom panel). The image is reprinted from [259]. 

In another study, Pluronic F127 has been used as fugitive ink to fabricate micro -

channels. Kang et al. developed a fabrication technique called integrated tissue Ðorgan 

printer (ITOP) (Figure 1.16(A)). It basically consist s on printing several materials at the same 

time with different purposes: bioinks made by ECMs with cells encapsulated are used to 

define the location of the cells whereas pluronic F127 is used to create a network of micro -

channels with the purpose to enhance the transport of oxygen and nutrients. To increase 

the mechanical properties of the final fabricated tissue construct, PCL was also printed 

together with the other inks. They showed that they could fabricated large constr ucts with 

different sizes and morphologies. Moreover, they demonstrated that the different fabricated 

engineer constructs  (Figure 1.16(C-F)) where able to be implanted in vivo regenerating the 

damaged tissue without any host immune response  [257].  
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Figure 1.16.!(A) The ITOP system. (B) Illustration of basic patterning of 3D architectures with 
several hydrogels, PCL and pluronic F127. (C) Steps necessary to fabricate TE 
constructs: from the conversion of medical data to the conversion in the STL 
format, the generation of the machine instructions and the fabrication of the 3D 
vascular constructs. The image is reprinted f rom [257]. 

By contrast, Kolesky et al. has been shown the fabrication of vascularized tissue constructs  

using a combination of bioprinting with the moulding approach together with the 3D 

moulding approach. They bioprinted a lattice -like structure with two different inks at the 

same time: the first ink used was p luronic F127, which was the sacrificial materi al 

responsible for defining the vascular channels. The second ink was a mixture of cells and 

suitable ECM that was made by a blend of gelatin and fibrinogen, which was direct printed 

in the positions along the vascular channels. The fabricated structure wa s used as mold and 

another mixture of gelatin and fibrinogen cross -linked by a dual-enzymatic strategy by using 

thrombin and transglutaminase (TG) was casted around the direct printed structure to give 

mechanical stability on the final printed construct. Then, the pluronic was removed from 

inside the fabricated construct leaving behind the open vasculature network  (Figure 1.17(A)). 

Finally, the construct was connected to a pump and was perfused for up to 6 weeks  (Figure 

1.17(B-D)). They demonstrated that th eir fabricated constructs w here able to be actively 

perfused with growth factors to differentiate human mesenchymal stem cells  (hMSCs) 

toward an osteogenic lineage in situ  [256] (Figure 1.17(E-F)). 
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Figure 1.17.!(A) Schematic illustration of the tissue Manufacturing process. (B-D) 
Photographs of a printed construct within a perfusion chamber. (Scale bars: 5 
mm.) E) Confocal microscopy trough a cross section of 1cm thick constru ct after 
30 days of perfusion showing the osteogenic differentiation. (Scale bar: 1.5 mm.) 
(F) Osteocalcin intensity within the fabricated construct inside the dotted red 
lines in C.  

Despite all the presented works were a huge step forward in the field, especially in 

fabricating thick tissue constructs, there are still some aspects that needs to be addressed. 

From a mechanical point of view, the fabricated constructs are mechanically weak, and in 

some cases they required the use of biopolymers to stabilize  the structure  [227]. In other 

cases, the bioprinted structure need ed a cast of a hydrogel mixture  to mechanically stabilize 

the construct  [256]. Nevertheless, it still an open question if plur onic F127 can be used in TE 

applications due to its poor cell compatibility  [260].  

1.4!Research strategy  

1.4.1!Problem definition  

Despite several technologies have been used to engineer vascular constructs,  the 

biofabr ication of a perfusable branch  network in thick engineer constructs remains a 

challenge. The majority of the proposed constructs only presented a single or a built-in 

planar vasculature and the constructs that showed a more complex one are based on 2D 
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lattice-like structures [28,87,240Ð243,251,252,255,256]. A natural blood vessel network, on 

the other hand, is a complex hierarchical organization, where tubular vessels branch into 

smaller-scale vessels up to capillary scale. In addition, in some cases, the majority of ECMs 

employed in the bioprinting technique are based on synthetic hydrogels that require 

initiators to be photocrosslinked, and the byproducts released during the fabrication 

process are usually toxic or acidic, which further devastates t he cell culture environment. In 

other cases, the ECMs are based on natural hydrogels that have exceptional 

biocompatibility and biodegradability providing an ideal substrate for cell encapsulation. 

However, the inks based on natural hydrogels are intrinsically weak, and therefore the final 

mechanical properties of the fabricated construct are rather limited. Finally, to engineer 

constructs with some functionality, it is necessary to have different cells populations 

encapsulated within the same ECM to guide the tissu e towards the proper maturation, and 

a continuous perfusion to ensure the adequate level of oxygen and nutrients to the 

fabricated tissue construct.  

1.4.2!Research objective s 

The objective of this thesis is to contri bute to the knowledge of how to fabricate TE 

tissue constructs having: (1) relevant sizes, (2) targeted mechanical properties , (3) relevant 

number of cells, and (4) perfusable 3D vasculature.  

More precisely, it investigates how to use FDM and 3D molding technique to 

fabricate thick constructs with a built -in network of channels and controlled mechanical 

properties that can be actively perfused. The presented method has greater flexibilities 

compared to existing strategies in the literature. The offered advantages are: (1) it uses 

natural hydrogels (e.g., gelatin) and (2) it allows the fabrication of complex 3D shapes (e.g., 

2D, and full 3D structures) using a cheap and commercial layer-by-layer printed process.  

The proposed method allows the fabrication of thick (e.g., 1 cm) tissue constructs 

with an integrated vasculature that supports the perfusion  media, including nutrients, water, 

and oxygen, and the removal of  waste.  

1.4.3!Thesis outline  

This thesis comprises two theoretical and four experimental chapters. Chapter 2  

includes a discussion regarding stem cells differentiation, together with a description of an 

in vitro system used to differentiate hiPSC-derived DE cells towards mature hepatocytes by 
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the effect of the fluid flow. A tissue engineering bioreactor platform was used to perfuse a 

3D tissue scaffold, having different 3D architecture, at two different flow rates for long term 

periods (> 21 days). Hepatic differentiation and functionality of hiPSC -derived hepatocytes 

are assessed using freshly obtained human liver as an ex vivo liver representative model. 

Chapter 3  introduce the methods used to fabricate TE constructs with a built -in 

network of microch annels. The constructs are made by gelatin hydrogel with tunable 

mechanical properties (e.g., 2-8 kPa), and are fabricated by a 3D molding approach. It is 

illustrated how 2D and 3D sacrificial templates are manufactured using the FDM technology. 

Besides, it is also showed how the sacrificial structures are cast in the hydrogel material to 

fabricate constructs with embedded vasculature  and with encapsulated cells . Chapter 4  

illustrates the effect of the active perfusion in thick and densely populated construct with a 

3D complex vasculature. The presented construct had controlled mechanical properties 

(e.g., liver), and HepG2 cells encapsulated on it. It is, therefore, demonstrated that the 

control of the ECM environment and the active perfusion could sustain a high concentration 

encapsulated cells, inducing them to proliferate and to aggregate forming spheroids with 

compact morphology.  

In Chapter 5  is introduced a hydrogel -based fluidic system fabri cated to simulate 

physiological barriers. Two parallel channels (1.2 cm long) are separated by 370 µm of 

gelatin that acts as a relevant tissue barrier. The fluidic system integrates electrodes for 

measuring the trans-epithelial electrical resistance (TEER), a common-used parameter to 

assess biological membranes integrity. an electrical setup to perform impedance 

measurements in real-time. The system was electrically characterized showing the potential 

of the fabricated device.   

Finally, the conclusions of this thesis and the considerations regarding the future 

perspectives of the presented research concerning the challenges in the field are desc ribed 

in Chapter 6 .  
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Abstract 

Hepatic differentiation of hiPSCs under flow conditions in a 3D scaffold is expected to be a 

major step forward for construction of bioartificial livers. The aims of this study were to in-

duce hepatic differentiation of hiPSCs under perfusion conditions and to perform functional 

comparisons with fresh human precision cut liver slices (hPCLS), an excellent benchmark for 

the human liver in vivo. The majority of the mRNA expression of CYP isoenzymes and trans-

porters and the tested CYP activities, phase II metabolism, and albumin, urea and bile acid 

synthesis in the hiPSC derived cells reached values that overlap those of hPCLS, which indi-

cates a higher degree of hepatic differentiation than observed until now. Flow based compared 

to static differentiation had a strong positive effect on phase II metabolism, suppressed AFP 

expression but resulted in slightly lower activity of some of the phase I metabolism enzymes. 

Gene expression data indicates that hiPSCs differentiated into both hepatic and biliary direc-

tions. In conclusion, the hiPSC differentiated under flow conditions towards hepatocytes ex-

press a wide spectrum of liver functions at levels comparable to hPCLS indicating excellent 

future perspectives for the development of a bioartificial liver system for toxicity testing or as 

liver support device for patients. 
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Introduction  

Even though fully matured primary human hepatocytes (PHH) exhibit all the specific liver 

functions, their limited availability and loss of liver specific functions during culturing in vitro 

are still the major limitations for their application in a bioartificial liver (BAL) "#!$. Therefore, 

porcine primary hepatocytes and carcinoma cell lines (HepG2, HepG2/C3A and HepaRG) 

have been widely employed in liver engineering %&' . The drawbacks of these cells are however 

the risk of zoonotic diseases, immunological responses, tumor formation or poor liver specific 

functions compared to PHH  %#!(. 

Stem cells, especially human induced pluripotent stem cells (hiPSCs), have therefore received 

great attention during the past years for liver tissue engineering "#!%. hiPSCs represent a poten-

tially unlimited cell source for a large-scale production of hepatocytes required for BAL de-

velopment. Furthermore, the use of the patientsÕ own hiPSCs may allow for personalized 

treatment and thereby avoiding immunological reactions. Although hiPSC-derived hepato-

cyte-like cells have been shown to have certain liver-specific phenotypic characteristics and 

exhibit many of the liver specific functions ) &*, most of these functions are expressed at levels 

several magnitudes lower than in fresh liver tissue or freshly isolated human hepatocytes "+ 

suggesting that improvements in the differentiation protocols are still warranted.  

In most of these studies the induced pluripotent stem cell derived hepatocyte-like cells were 

obtained by maturation in 2D cultures, and the cells are loaded in a bioreactor only after mat-

uration. Hepatic differentiation and maturation directly in the 3D bioreactor may offer great 

advantages such as overcoming the need to harvest the total amount of cells needed for the 

BAL from the 2D culture and loading in a 3D bioreactor. However, relatively few studies 

have investigated the hepatic differentiation of stem cells directly in a 3D perfusion bioreactor 

or BAL using embryonic stem cells "" &") , and only two of them used hiPSCs ",#!"- . Flow of the 

medium was shown to have beneficial effects on hepatic differentiation of ESC and fetal liver 

cells and to improve liver functions of ESC-derived hepatocytes "%#!"'#!"*#!$+.  Even simple recir-

culation of medium in a rotating bioreactor improved the function of the differentiated 

hepatocyte-like cells "(#! ") . The flow may not only physically influence the cells by creating 

flow forces, but it also may improve mass as well as gas transfer between the cells and the 

medium, and promote the removal of waste products "'#! $+. However, in another study perfu-
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sion inhibited adipogenic differentiation of adipose derived stem cells possibly by washing 

away auto- or paracrine factors $".   

A limitation of many studies is the absence of a proper benchmark to evaluate whether the 

cells are fully differentiated with respect to the expression levels of liver specific markers and 

liver functions of the generated hepatocytes. For example, many studies have not used a 

benchmark at all while others have used PHH cultured in vitro for 2 days or more )#! $$#! $%. 

However, it is known that PHH cultured beyond 24-48 hours rapidly lose their phenotype and 

liver-specific functions, and using these cells as a benchmark results therefore in an overesti-

mation of the maturation level of the stem cell derived hepatocytes "+. By contrast, fresh hu-

man precision-cut liver slices (hPCLS) contain hepatocytes in their natural 3D tissue-matrix 

configuration, in contact to the other liver cell types, and retain expression as well as activity 

of phase I and phase II metabolic enzymes at levels comparable to the in vivo situation $(#!$'. 

Therefore, hPCLS can be considered the gold standard for assessing the maturation of stem-

cell derived hepatocytes into fully differentiated hepatocytes.  

Here, we differentiate hiPSC-derived definitive endoderm (DE) cells into hepatocytes in situ 

in a perfusion bioreactor system. Hepatic differentiation and functionality of hiPSC-derived 

hepatocytes were assessed using fresh hPCLS as benchmark for ex vivo liver, and 2D static 

cultures were used to compare differentiation efficacy in 2D static and 3D flow systems.  

Results 

Differentiation of definitive endoderm cells into hepatocyte-like cells under 3D flow con-

dition. 

Differentiation of hiPSC-derived DE cells into hepatocytes was performed in perfused 3D 

bioreactors with highly porous 3D PDMS scaffolds and for comparison in conventional 2D 

cultures in polystyrene (PS) wells or PDMS coated wells. Frozen DE cells were seeded at a 

density of 2.5 x 106 cells per scaffold and differentiated into hepatocytes as illustrated in Fig-

ure 1A. Differentiation under flow on 2D surface showed very good morphology of differen-

tiated cells (Figure 1B), provided that the amount of differentiation factors was reduced by 

50%, since 100% differentiation factor concentration results in poor cell adhesion during flow 

(Supplementary Figure S2 left panels).  Cells differentiated on PS and PDMS respectively 

under static conditions showed similar morphology (Figure 1C, Supplementary Figure S3).  It 
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was not possible to obtain bright field images of the cells in the 3D scaffold due to the poor 

optical characteristics of the scaffold.  

The cells adhered typically in clusters in the scaffolds (Figure 1F) at a relatively low overall 

final cell density (200.000-300.000 cells/scaffold) as determined by visual inspection (Sup-

plementary Figure S4) and measurement of protein content (Supplementary Figure S5) in the 

scaffold. As DE cells and differentiated hepatocytes adhere well to PDMS (Supplementary 

Figure S4), the relatively low number of adhering cells to the scaffold is likely due to difficul-

ties to seed the cells in the scaffolds although seeding was performed by rotating the scaffolds 

in six different directions with 30 min incubation in each direction. Calculations indicate that 

a scaffold has a surface area of approximately 10 cm2 (Supplementary Figure S6) and thus the 

cells in the 3D scaffold had an effective cell density of 20.000-30.000 cells/cm2, which is 

lower than the corresponding 2D static cultures (usually 80.000-100.000 stem cell derived 

hepatocytes/cm2, data not shown). However, as determined by visual inspection, the cells ad-

hered typically in clusters, and therefore, the local cell densities were probably higher. 

Differentiation of hiPSC-derived DE cells loaded in the scaffolds was performed at a flow 

rate of 1 µl/min (exchange rate every 50 minutes) and 5 µL/min (exchange rate every 10 

minutes). It was calculated that in both flow regimens, shear forces were very low (1.1e-4 

dyn/cm2, or less, Supplementary Figure S7 and S8). Furthermore, the exchange rate of once 

per 10 minutes was shown to be compatible with differentiation into hepatocytes in 2D flow 

cultures (Supplementary Figure S2) and has previously shown to support differentiation of 

adipose derived stem cells into adipocytes using conditioned medium $". 
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Figure 1.  A: Schematic overview of the experimental process of differentiation of DE cells to mature hepato-

cytes. B: Differentiation of iPSC under flow regime (500 nL/min) on flat surface for 25 day using normal con-

centration of differentiation factors or !  concentration of differentiation factors. C: Differentiation of iPSC for 

19 days on polystyrene and on PDMS. D: hPCLS at 0h and 24h of incubation (Haematoxylin & eosin staining). 

E: Scaffolds and house (left panel) used for perfusion. F: Confocal microscopy images of iPSCS derived hepato-

cyte like cells.  Blue is nucleus (DAPI) and red is actin staining. 

 Comparison of gene expression of hepatocyte markers of human iPSC-derived hepato-

cytes and hPCLS 

We investigated the hepatic differentiation of hiPSC-derived DE cells in the 3D scaffold at 

two different flow rates, 1 " L/min and 5 " L/min, and in two different scaffold designs (Figure 

1E), and compared the results with cells differentiated under static 2D conditions in standard 

polystyrene (PS) well plates or in well plates coated with a PDMS layer. hPCLS were used as 

a benchmark for cells differentiated in the scaffold under perfusion.  hPCLS were prepared 

from 10 individual livers of human donors, aged 20-73 year (60% female) as described $). 

Due to the limited amount of liver material, not every test was performed on all donor livers. 

The morphological appearance and ATP content of the hPCLS after a preincubation of 1 hour 

to restore ATP levels (0h) and after 24h of incubation, indicated that the slices were viable. 

ATP levels were 9.7±1.3 pmol/" g protein and 8.24±0.76 pmol/" g protein at 0h and 24h re-

spectively (mean±SEM). Morphology showed intact liver tissue at 0h and after 24 h of incu-

bation (Figure 1D). 
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The gene expression of the liver-specific genes of the cells differentiated under the conditions 

outlined above and the hPCLS is depicted in Figure 2. A summary based on classification of 

gene expression into broader groups is presented in Figure 3. When comparing the differenti-

ated cells in static cultures on PS with hPCLS, most of the CYP genes, the expression of the 

epithelial biliary cell markers (CK7, BGP) and the drug transporter ABCB1 (multidrug re-

sistance protein, P-gp) in the cells was in the range of that seen in hPCLS. Large differences 

in gene expression were observed for the genes CAR, ALB and BSEP, which were clearly 

under expressed in differentiated cells compared to hPCLS. These three genes were, however, 

higher expressed in differentiated cells than in the DE cells (Figure 2 and 3). Furthermore, the 

differentiated cells showed higher expression of AFP and HNF4a than the hPCLS. The differ-

entiated cells on PS therefore had a mixed phenotype, where some genes suggest a partly to 

fully maturated phenotype (HNF4a, CYP3A4, 3A5, 3A7 and 2B6 and P-gp), while others 

suggest a less mature phenotype (ALB, AFP, CAR, BSEP). In addition, maturation of a part 

of the cells into biliary epithelial cells is suggested by expression of CK7 and BGP. 
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Figure 2. Expression of different hepatic genes by DE cells cultured and differentiated under different condi-

tions. Data are given for each individual sample to appreciate the variation within each condition and the overlap 

between the different conditions. Data are presented as Ct values of the respective genes normalized to Ct values 

of the housekeeping gene CREBBP. Results are from four independent differentiation experiments and seven 

donors. Due to poor RNA yield, some genes where only analyzed in two (P-gp) or three (CK7, BSEP, BGP) of 

the cultures.  
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Differentiation on the scaffold material PDMS in static cultures had only a minor impact on 

the gene expression compared to cells on PS; all genes showed overlapping expression in 

cells on PDMS and PS respectively (Figure 2 and 3).  

Flow modulated the gene expression of differentiated cells only to a small extent, with 5 

" l/min performing slightly better than 1 " l/min for CYP 3A4 and 2B6. Flow also modulated 

the ALB and AFP expression; the ALB expression was suppressed by flow compared to the 

corresponding static cultures. The AFP expression was lowest in cells exposed to the 5 " l/min 

perfusion compared to static and perfusion with 1 " l/min, but did not result in the very low 

levels observed in hPCLS (Figure 2 and 3).  

 

 

Figure 3. Summary of the comparison of the gene expression levels between the differentiated cells and the 

hPSLC as benchmark from Fig 3. The different grades of color in the chart represent the gene expression levels 

in the hiPSC-derived hepatocytes relative to the gene expression levels in hPCLS as follows: Black: all individu-

al data of the cells are higher than those in hPCLS. Dark grey: the individual data of the cells are higher than or 

in the higher range of those of hPCLS. Middle grey: all data of the cells are in the same range as those of 

hPCLS. Light grey: the individual data of the cells are lower than or in the lower range of those of hPCLS. 

White: all individual data of the cells are lower than those of the hPCLS. 
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L iver functions 

Phase I and Phase II metabolic activity, albumin, urea and total bile acid (TBA) production 

was analyzed in hPCLS and the hiPSC-derived hepatocytes for each of the different condi-

tions described above.  

Phase I metabolism 

Differentiated hiPSC-derived DE cells as well as hPCLS were exposed to the substrates under 

both static and flow conditions to account for possible effects of flow on metabolism. The 

metabolic activities in the hPCLS showed large inter-donor variations as expected, as inter- 

individual differences in drug metabolism are well described. 

Overall the hPCLS showed similar metabolic activity when cultured under flow or in static 

conditions, although a lower metabolic activity was found for CYP3A and CYP2B6 activity 

under flow (Figure 4). These differences may be explained by binding of the lipophilic sub-

strates midazolam and bupropion to the PDMS of the biochip $, , although it cannot be exclud-

ed that the perfusion conditions may have influenced the metabolic activity.  

The hiPSC-derived hepatocytes differentiated under flow conditions as well as under static 

conditions showed overlapping activities of CYP3A, CYP1A, CYP2C9, CYP2D6 and 

CYP2C19 with the hPCLS (Figure 4). However, at a flow of 1 " l/min somewhat lower activi-

ties of CYP2C9 and CYP2C19 were found compared to a flow of 5 " l/min. CYP2B6 showed 

very low activities in cells compared to hPCLS irrespective of perfusion or static culture con-

ditions. The overlap in activities of most of the CYP isoforms, with exception of CYP2B6, in 

the differentiated cells with those of hPCLS under flow, indicate a high degree of hepatocyte 

drug metabolic function in the differentiated cells.  
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Figure 4. Phase I metabolite production of midazolam, phenacetin, diclofenac, bufuralol, bupropion and me-

phenytoin by hiPSC-derived hepatocytes and hPCLS cultured in static or under flow conditions. The individual 

values are expressed as pmol/min/mg protein. Results are from three independent differentiation experiments 

and seven donors. 

 

Phase II metabolism. 

Differentiated cells exhibited high uridine UDP-glucuronyltransferase (UGT) and sulfotrans-

ferase (SULT) activities when exposed to 7-hydroxycoumarin (7-HC) (Figure 5). Both phase 

II activities were higher in hiPSC-derived hepatocytes at a flow of 5 " l/min than at 1 " l/min. 

While the activities in cells cultured under static conditions were similar to those in hPCLS 

static cultures, the 7-HC-glucuronide (HC-G) production by cells cultured at 5" l/min flow in 

both hexagonal and random scaffolds was on average two-fold higher than in liver slices at 

flow conditions. In addition, the sulfation rate of 7-HC resulting in 7-hydroxycoumarin sulfate 

(HC-S) was 30-40 fold higher in cells differentiated under flow condition compared to differ-

entiation under static condition and the  hPCLS.  
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Figure 5. Production of 7-hydroxycoumarin glucuronide (HC-G) (left panel) and 7-hydrocycoumarine sulfate 

(HC-S) (right panel) from 7-hydroxycoumarin by hiPSC-derived hepatocytes and hPCLS cultured in static or 

under flow conditions. The individual values are expressed as pmol/h/mg protein. Results are from three inde-

pendent differentiation experiments and seven donors).  

 

Albumin production  

Albumin production by the hiPSC-derived hepatocytes was in the lower range of that of 

hPCLS (Figure 6). No difference was observed between the two types of scaffolds at both 

flow rates or between static and perfusion cultures. 
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Figure 6. Albumin production by hiPSC-derived hepatocytes and hPCLS cultured in static or under flow condi-

tions. The individual data values are expressed as ng/h/mg protein. Results are from three independent of differ-

entiation experiments and seven donors. 

Bile acid secretion and urea synthesis. 

Bile acid secretion by the hiPSC-derived hepatocytes was at the same level of 25-30 

pmol/h/mg protein in cells differentiated under static conditions for 22 days or 24 days as in 

hPCLS (Supplementary Figure S9). We could not detect bile acids in the samples of the out-

flow medium obtained of the scaffolds, due to the high dilution of the excreted compounds, 

which is a consequence of the perfusion flow rate. The observed total bile acid secretion of 

25-30 pmol/h/mg protein by differentiated cells or hPCLS would result in a concentration of 

about 20-100 pmol/ml at a flow rate of 1 and 5" l/min respectively, which is below the detec-

tion limit.  

On average, the urea production by hiPSC-derived hepatocytes was below or in the lower 

range of that of hPCLS (0.06-7.6 µg/h/mg protein for hiPSC-derived hepatocytes and 1.6-11.9 

µg/h/mg protein for hPCLS) (Supplementary Figure S10). Cells differentiated at 5" l/min flow 

and under static conditions tended to show higher urea synthesis (0.3-7.6 µg/h/mg protein) 

than those differentiated under 1" l/min flow (0.06-0.55 µg/h/mg protein).  

Discussion 

We have obtained highly differentiated hepatocytes from hiPSCs. To assess their differentia-

tion status, we compared the expression and function of the cells in this BAL model with 

fresh human liver slices  that have in vivo like activities $' &$,  and found as yet unprecedented 

liver functions in the differentiated cells. Moreover, we found that DE cells can be successful-

ly differentiated into hepatocyte-like cells in a 3D scaffold in a bioreactor under flow condi-

tions, to a similar or only slightly better differentiation grade than under static 2D conditions, 

especially with respect to phase II sulfation activity and a lower AFP expression, which can 

make the production of a BAL easier and more effective in the future. 

hiPSC derived cells differentiated under flow in a 3D bioreactor resulted in a BAL model 

with overlapping phase I metabolism (except for CYP2B6) and similar or higher phase II me-

tabolism, compared to fresh human liver slices. Urea production was present in the hiPSC but 

was below or in the lower range of the hPCLS. However, the capacity of urea production in 
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the BAL from ammonia from extrahepatic sources was not assessed since no ammonia was 

added to the medium and, further studies with exposure to extracellular ammonia are needed 

to show the ability of the cells to detoxify ammonia, which is important for patients with liver 

diseases where high concentrations of neurotoxic ammonia are detected. Bile acid production 

by hiPSC-derived hepatocytes was on the same level as in fresh tissue slices. The gene ex-

pression of P-gp in hiPSC-derived hepatocytes was shown to be higher than in hPCLS, which 

is remarkable as a 10-20 fold lower expression in differentiated hiPSC compared to human 

hepatocytes was found by Lu et al. "* . However, the gene expression of BSEP in the differen-

tiated cells was lower than in the hPCLS. Similar to hPCLS, the hiPSC derived cells ex-

pressed both CK-7 and BGP indicating that the hiPSC derived cells are a mixture of both 

hepatocytes and biliary epithelial cells (BEC). This bipotent differentiation potential of iPSC-

derived hepatic progenitor cells was also found previously $-. The albumin secretion of stem 

cell-derived hepatocytes achieved here is similar to hiPSC-derived hepatocytes -  or 10-100  

fold higher than in human ESC-derived hepatocytes "$ and 3-40 fold higher than mouse iPSC-

derived hepatocytes $$,  but lower than in fresh tissue slices. Although the mRNA expression 

was high for HNF4a indicating hepatic differentiation and low for CYP3A7, which is a fetal 

enzyme with low expression in the adult liver, the relatively high expression of the fetal pro-

tein AFP indicates that maturation of the cells is not fully complete. This has also been ob-

served by others ,#!-#!$$#!$*, and it needs to be addressed how relevant this is for the functioning 

of the BAL in patients who need liver support or for toxicity testing. Taken together, these 

results show overall that hiPSC differentiated under static conditions as well as under flow in 

a scaffold have liver functions close to those in fresh human liver tissue. The significant im-

provements with respect to liver functions of the differentiated cells presented here compared 

to other studies could be due to better differentiation protocols, resulting in a favorable bal-

ance of paracrine or autocrine factors affecting differentiation, whereas the difference be-

tween the cells differentiated under 2D static and 3D perfusion conditions could be ascribed 

to better nutrient delivery and waste removal.  

Most studies have used PHH cultured in vitro for 1-3 days as benchmark for hepatic activity -#!

"+#! "*#!$%. Because PHH functions decrease rapidly and drastically (10-1000 fold after 48h cul-

ture) during in vitro culture "+, using these PHH as standard tends to overestimate the metabol-

ic function of hiPSC-derived hepatocytes. Therefore, the comparison of those data with our 

study is difficult. Moreover, comparison of the metabolic activity data between different stud-
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ies is further hampered by the fact that the substrate concentrations and experimental condi-

tions used are largely different. Fresh human PCLS, on the other hand, show similar metabol-

ic activity as the fresh PHH and give a good representation of liver functions in vivo 44. Even 

though nowadays it is possible to culture PHH for several days with preservation of their met-

abolic capacities in certain culture conditions, none of the above mentioned studies have de-

scribed or showed that the appropriate measures have been taken to maintain PHH functions. 

The only published study which used fresh hepatocytes as a control is the study of Ulvestad et 

al. "+. Comparison of the results of that study with our data shows that the CYP3A, CYP2C9 

and CYP1A activities of hiPSC-derived hepatocytes in our study were ten to several hundred 

folds higher than those of the iPSC-derived hepatocytes in the study of Ulvestad et al. We 

were the first to measure phase II metabolism in hiPSC and found that glucuronidation was 

comparable to PCLS but sulfation was remarkably higher after differentiation under flow, 

which requires further studies.  

The gene expression of CYP-enzymes and their activity varied notably between donor livers, 

which is very well known in the human population, which is among others a result of poly-

morphisms and induction by environmental and physiological factors. For example, CYP1A2, 

CYP2D6, CYP2C9, CYP2C19, CYP2B6 and CYP3A4 are known to be important polymor-

phic and highly inducible enzymes in human %+. With this in mind it is noteworthy that the 

gene expression and enzyme activities in hiPSC derived cells overlapped in most cases with a 

few discrepancies noted below.  For example, the CYP3A5 gene was higher expressed in 

hiPSC-derived hepatocytes compared to hPCLS, whereas CYP3A4 gene expression only 

reached up to the lower range of human livers (Figure 2). However, as CYP3A4 and 3A5 

have strongly overlapping specificities %", it may explain why the total CYP3A metabolism of 

midazolam was similar in hiPSC-derived hepatocytes and hPCLS (Figure 4). Although, the 

gene expression of CYP2B6 in the differentiated cells was in the lower range of hPCLS pos-

sibly due to low CAR expression, the activity of this enzyme was at least 10 times lower in 

hiPSC-derived hepatocytes than in hPCLS indicating a post transcriptional regulation. Future 

research will be focused to improve also the as yet under expressed CAR mediated pathway. 

We found a limited influence of the flow rate on the hepatic differentiation of hiPSC in the 

BAL, as 5" L/min flow resulted in a somewhat better hepatocyte differentiation and matura-

tion than the 1" L/min flow. This might be explained by the better nutrient and oxygen supply 
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and removal of waste metabolites at the higher flow rate. Also the type of scaffold had no 

obvious impact on the differentiation.  

In conclusion, most of the drug metabolism enzyme activities of the developed hiPSC-based 

BAL were in the same order of magnitude as in the fresh human tissue, which is an important 

achievement in liver tissue engineering and for future applications in drug metabolism and 

toxicity testing. A limitation of the present study is that besides hepatocytes and biliary epi-

thelial cells, which were present in the developed BAL according to gene expression profil-

ing, no non-parenchymal cells are present yet. Although no toxicity studies have been done 

yet, for future toxicity tests it is necessary to also add these other liver cell types to better rep-

resent the liver functions by the BAL. Moreover, future experiments with more donor indi-

viduals for both iPSC and PCLS will help to better estimate the variation in the population as 

well as the robustness of the differentiation protocol. Finally, future studies should show the 

BALÕs detoxification capacities for human serum. 

 

Materials and Methods 

Differentiation  of hiPSC-DE cells into hepatocytes under static conditions and flow con-

ditions. 

Human iPS-derived definitive endoderm (DE) cells (Cellartis Definitive Endoderm 

ChiPSC18, Cat. No. Y10040, derived from human dermal fibroblasts, authenticated using 

STR and mycoplasma free according to qPCR (see further information about this cell line on 

http://www.clontech.com) were cultured and differentiated into hepatocytes for 25 days ac-

cording to the suppliersÕ recommendations in the Cellartis Hepatocyte Differentiation Kit 

(Cat. No. Y30050), see Figure 1A. Briefly, the cell culture surface (cell culture plates or scaf-

fold) was coated with Hepatocyte Coating (from Cellartis Hepatocyte Differentiation Kit , Cat. 

No. Y30050) at 37¡C for 1-2 days and subsequently washed with Phosphate buffered saline 

solution (PBS, 10 mM Na phosphate in 0.9% NaCl, pH 7.4). DE cells were thawed and seed-

ed in Hepatocyte Thawing and Seeding Medium at an initial density of 2.5 x 106 cells/scaffold 

and for the static references 1.5 x 105 cells/cm2 in 24 well plate format (using polystyrene 

well plates or corresponding PDMS coated well plates, see below) in 1 ml of medium. The 

DE cells were differentiated in Hepatocyte Thawing and Seeding Medium for 2 days at 37¡C, 
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before changing to Hepatocyte Progenitor Medium for another 5 days of differentiation to 

hepatoblasts. The cells were then differentiated further in Hepatocyte Maturation Medium for 

4 days to immature hepatocytes and finally matured in Hepatocyte Maintenance Medium for 

another 14 days of culture to mature hepatocytes. In the static cultures, the medium was ex-

changed every 2-3 days. The derivation of DE cells from iPSC cells as well as the robustness 

of the hepatic differentiation protocol has already been shown before in 2D conditions on 

hiPSC cell lines from different donors 44. 

Scaffolds fabrication and perfusion cell differentiation culture 

Polydimethylsiloxane (PDMS) was chosen instead of hydrogels as scaffold material to due to 

its biocompatibility and structural stability enabling production of liter-sized scaffolds %$#! %%. 

Random porous scaffolds (Figure 1E) were fabricated from PDMS by using salt leaching 

techniques similar to that described previously %(. Hexagonal combined structured/porous 

scaffolds (Figure 1E) were made using a sacrificial mold with hexagonal pattern fabricated by 

3D printing using commercially available water dissolvable polyvinyl alcohol (PVA) (Mak-

erBot, USA) and packed with salt crystals as described in %$. The scaffolds were treated with 

oxygen plasma (125 W, 13.5 MHz, 50 sccm, and 40 millitorr) to render their surfaces hydro-

philic and sterilized by autoclaving. They were coated with Hepatocyte coating (from Cel-

lartis Hepatocyte Differentiation Kit, Cat. No. Y30050) by centrifugation at 300 x g for 5 

minutes and then left overnight at 37 ¡C. The scaffolds were subsequently washed with PBS 

centrifugation at 300 x g for 5 minutes and then left in a media at 37 ¡C for 2h prior to being 

used to experiments. 

A self-sustained perfusion system with 16 parallel reactors was constructed (Supplementary 

Figure S1) holding PDMS scaffolds. The scaffold bioreactor array, glass vials, caps and PTFE 

tubing were sterilized by autoclaving before assembling in a laminar flow bench. 0.5 M 

NaOH was flushed throughout the system to ensure a sterile fluidic path. The system was sub-

sequently flushed with sterile water and then with culture medium. Coated scaffolds were 

placed in cylindrical holes in a custom built tray. 2.5 x 106 freshly thawed DE cells in 30 µL 

of Hepatocyte Thawing and Seeding Medium was pipetted into each scaffold and cells were 

allowed to adhere for 3h at 37 ¡C under 95% air/5% CO2. The seeding tray was inverted as 

well as placed vertically in four different positions to allow the cells to distribute throughout 

the scaffolds during the 3h. The scaffolds were then placed in the 4#4 bioreactor array of the 




























































































































































































































































