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Abstract 

Articular cartilage (AC) is a highly specialized tissue which exhibit topographical heterogeneity 

in terms of matrix composition and mechanical properties. Due to its avascular nature AC 

shows limited regenerative ability, therefore representing an excellent subject for tissue 

engineering (TE). Particularly, bioprinting is an emerging additive manufacturing technology 

that has already demonstrated its potential use in regenerative medicine and cartilage TE. It 

allows to recapitulate the tissues microstructure by a controlled deposition of “bioinks”, 

suspensions of cells alone or encapsulated in biomaterials. As cells source, mesenchymal stem 

cells and chondrocytes, both naturally found in AC, are mainly selected. Hydrogels are largely 

used as biomaterials for their ability to resemble soft tissues extracellular matrix (ECM), 

providing an ideal micro-environment for the embedded cells survival, proliferation and 

differentiation. Hydrogels are produced from synthetic and natural polymers, including gellan 

gum (GG), a biocompatible polysaccharide that has gained interest in cartilage TE because of 

its structural similarity to cartilage glycosaminoglycans (GAGs) and chondrogenic potential.  

The aim of this work was the design and manufacturing of 3D constructs mimicking AC by 

extrusion bioprinting. Particularly, this thesis objectives (OBJ) were: the synthesis and 

characterisation (physico-chemical, morphological, mechanical) of methacrylated GG-based 

hydrogels subjected to a dual physical and photo-chemical crosslinking (OBJ1); the subsequent 

biofabrication via Rokit INVIVO bioprinter of in vitro constructs (OBJ2) and biological 

characterisation of cell-laden constructs in terms of cells viability and AC tissue formation 

(OBJ3). The final stage of this work dealt with the manufacturing of osteoarthritis (OA) in vitro 

models, via culturing healthy models in cytokine-enriched culture medium, for future analysis 

on novel OA therapeutic treatments. Firstly, the success of GG methacrylate (GGMA) synthesis 

was demonstrated through FTIR and XPS analysis. Then, 4 photo-curable hydrogels were 

prepared: pure GGMA 2% w/v (GG2) and 3% w/v (GG3), and GGMA (respectively 2% w/v and 

0.75% w/v) combined with 5% w/v manuka honey (GG/MH) and 10% w/v gelatin (GG/GEL). 

Gelation analysis at room temperature showed that GG3 and GG/GEL underwent sol-gel 

transition in ~1 minute, while GG2 and GG/MH in ~3 minute. Water uptake (WU) analysis 

demonstrated the strong hydrophilic nature of these hydrogels, reaching WU values up to 

~1950%. Morphological analysis evidenced that they had an interconnected porous 

morphology with a mean pore diameter in the range 100-200 μm, suitable for AC applications. 
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Similarly, mechanical analysis showed that hydrogels had a compressive Young’s modulus 

between ~25 and ~16 kPa, comparable to other natural hydrogels found in literature. GG2 and 

GG/MH hydrogels were selected as bioinks encapsulating human TERT immortalised stem 

cells differentiated into chondrocytes (Y201-C; 7x106 cells/ml). The double-crosslinked bioinks 

were successfully printed into stable constructs. Live/Dead assay demonstrated high cell 

viability for both bioprinted constructs, while immunostaining analysis of cells nuclei and 

cytoskeleton evidenced that cells appeared not uniformly dispersed in GG/MH constructs. The 

GAGs quantification assay showed that Y201-C GAGs production increased over time in both 

hydrogels. Finally, scanning electron microscopy analysis showed that cells exhibited a typical 

chondrocytes rounded-shaped morphology and tended to aggregate in both healthy and 

pathological GG2 constructs. 
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Chapter 1: Introduction 

1.1 Cartilage biology and function in the human body 

Cartilage is a specialised viscoelastic connective tissue generated over the course of the 

embryonic stage of human body development and constitutes a support for bone formation 

during skeletal development (Camarero-Espinosa et al., 2016). Cartilage shows 

semitransparency, elasticity, flexibility and toughness. It is present in joints, ears, nose, the rib 

cage, the throat and between vertebral discs (ParviziMD and K.KimMD, 2010). Cartilaginous 

tissues form moreover callus, xyphoid, fracture mandibular condyle, as well as spheno-

occipital synchondrosis, and costochondral junction (Boyan, Doroudi and Schwartz, 2011). 

Cartilage is pressure resistant, possess a high fluid percentage and presents low oxygen 

demand (Hall, 2005). Cartilage coats the surface of joints in order to decrease frictional effects 

that may give rise to damages, enables bones to slide on top of one another and to perform 

rotational movements. (ParviziMD and K.KimMD, 2010). This tissue is composed by water, 

specialised cells called chondrocytes, and extracellular matrix (ECM) which contains mainly 

collagen and proteoglycans. The most abundant collagen is type II collagen (Coll II). Depending 

on the histological aspect and the matrix composition cartilage is commonly divided into three 

principal types: articular or hyaline cartilage, elastic cartilage, and cartilage (Figure 1.2) 

(Mescher, 2016). Cartilage ECM, according to the cartilage type, can be mineralised or not. 

Chondrocytes synthetize and deposit ECM. They are surrounded by pericellular matrix (PCM) 

and ECM and they are located individually or in small isogenous group in regions of cartilage 

called lacunae (Figure 1.1, (Hall, 2005)). Several chondrocytes continuously divide during life, 

but in certain type of cartilage, such as articular cartilage, less than one per cent of the 

chondrocyte population consists of dividing chondrocytes (Hall, 2005). Human cartilage in 

adults has no blood vessels, lymphatic vessels and nerves (Shetty et al., 2014). Because of its 

avascular nature and low cellular density cartilage shows limited regenerative ability, 

therefore this tissue represents an excellent subject for tissue engineering (Chung and 

Burdick, 2008a; Camarero-Espinosa et al., 2016).  
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Figure 1.1: Scanning electron microscope image of a chondrocyte inside a lacuna of the articular 
cartilage of a human patella (Hall, 2005) 

 

Each cartilage type shows different mechanical, biochemical and structural characteristics, 

developed in order to bear different mechanical stresses (Camarero-Espinosa et al., 2016). 

Fibrocartilage is located in zones of the body that need to withstand high tensile and 

compressive forces such as meniscus, symphysis, ligaments and intervertebral discs, where 

provides a lubricated cushioning that attenuate local stresses (ParviziMD and K.KimMD, 2010). 

Fibrocartilage is the toughest type of cartilage and may be considered a combination of 

connective tissue and hyaline cartilage and exhibit different forms depending on his location 

in the human organism. In this type of cartilage chondrocytes may form linear-shaped clusters 

while the surrounding ECM is usually scarce. One of the most relevant feature of this type of 

cartilage is the presence of high quantity of collagen type I, which interact with collagen type 

II to create a dense mesh (Camarero-Espinosa et al., 2016). Hyaline cartilage is the most 

common type of cartilage in the human body, covers the bone surface of joints (where it is 

usually named articular cartilage) (Pavelka and Roth, 2010) , forms a temporary skeletal 

structure during embryonic development and is also located inside bones, where support 

bone formation processes (ParviziMD and K.KimMD, 2010). Hyaline cartilage can be found at 

the level of hip, elbow, shoulders, larynx, trachea, bronchi, ribs and nose (Camarero-Espinosa 

et al., 2016). This type of cartilage, excluding hyaline cartilage of joints, is surrounded by a 

cover of connective tissue called perichondrium, which supports his sustenance (Mescher, 

2016). Hyaline cartilage in adults can bear up  to approximately 3.5 times the body weight  at 
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the level of the knees (Camarero-Espinosa et al., 2016). Elastic cartilage is considered a flexible 

yet strong tissue and is located at the auricle of the ears, epiglottis and numerous tubes (e.g. 

larynx) (ParviziMD and K.KimMD, 2010). Elastic cartilage, which appears yellow, maintain the 

shape and provides elasticity of soft tissues and organs. It shows similarities with hyaline 

cartilage but contains a higher concentration of elastin and network of fibrils made by type II 

collagen. Elastic cartilage possesses a perichondrium comparable to the one of articular 

cartilage (Mescher, 2016) 

 

 

Figure 1.2:  Histology (Hematoxylin and eosin staining) of the three types of cartilage: articular 
cartilage(A), fibrocartilage(B) and elastic cartilage(C). (Ovalle and Nahirney, 2008)  

 

1.1.1 Articular cartilage formation and chondrogenic signalling molecules 

Mesoderm, endoderm and ectoderm are the three different germ layers generated during 

embryogenesis. Mesenchyme derives from mesoderm, the middle embryonic layer, and 

contains mesenchymal stem cells (MSCs). After 4 weeks of gestation, MSCs give rise to the 

elements of appendicular skeleton (Hall and Miyake, 1992). Cartilage develops from MSCs in 

a process called chondrogenesis. Firstly, through a process called condensation, MSCs assume 

a rounded morphology, undergo to cell-ECM and cell-cell interactions and aggregate (DeLise, 
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Fischer and Tuan, 2000; Mescher, 2016). Then MSCs differentiate into chondrocytes that in 4-

7 weeks form the cartilaginous anlage producing a large amount of ECM components (such as 

PGs and collagen type II, IX and XI). (Camarero-Espinosa et al., 2016; Kwon et al., 2016a). At 

this point two different lineages are formed. Chondrocyte in the central zone of the anlage 

becomes hypertrophic and synthesise type X collagen. Then, in a process called endochondral 

ossification, they form the epiphyseal ossification centre from where joint development 

occurs. Cells in the edge of the anlage becomes lifelong chondrocytes that will eventually form 

mature articular cartilage (Kwon et al., 2016a). 

 

 

Figure 1.3 Formation of the cartilaginous anlage during cartilage development. Mesenchymal stem 
cells (blue) aggregates during condestation. Then the cells differentiate into chondrocytes (green) and 
pericondium cells are likewise formed (yellow). In the hypertrophic phase cells in the central region 
become hypertrophic (pink) and give rise to the bone growth plate. (Kwon et al., 2016a) 

 

A wide range of signal, such as growth factors (GFs) and transcription factors, influences and 

regulate chondrogenesis. Among many transcriptional factors, SOX-9 plays a crucial role in 

chondrogenesis. SOX-9 presence is fundamental during mesenchymal condensation and 

stimulate chondrocyte proliferation. SOX-9 may be used as a marker of chondrocyte 

phenotype preservation and collagen type II and aggrecans production (João T. Oliveira, 

Santos, et al., 2010; Yang et al., 2018). It has also a role in endochondral ossification and 

interacts with other chondrogenic pathways controlled by molecules such as transforming 

growth factor-beta (TGF- β). Bone morphogenetic proteins (BMPs) induce MSCs 

differentiation, promote cell proliferation and the formation of the growth plate. BMPs effect 

on cartilage formation is mediated by SOX family proteins, and BMPs stimulates SOX-9 

expression (Zehentner, Dony and Burtscher, 1999; Pogue and Lyons, 2006). TGF-β molecules 
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encourage the expression of cartilage-specific gene such as collagen II, stimulate the 

production of ECM components and cell division during early stages of chondrogenesis and 

suppress the differentiation into hypertrophic cells during the final phases of the process 

(Zhang et al., 2004; Kwon et al., 2016a). Insulin-like growth factor (IGF) is also involved in MSCs 

chondrogenesis and has a key role in the survival of chondrocytes (Demoor et al., 2014; Kwon 

et al., 2016a). 

 

1.1.2 Structure, functions and composition of adult articular cartilage 

AC is fundamental for the functioning of the musculoskeletal system. It sharply reduces 

frictions produced between articular surfaces during motion and allows loads distribution 

over a wider area, dissipating and decreasing stresses on subchondral bone (Cohen, Foster 

and Mow, 1998). Human AC shows resiliency and high resistance to compression, showing an 

elastic compressive modulus ranging from 240 kPa to 1 MPa (Beck et al., 2016a), even if has a 

thickness of just few millimetres (1 - 7 mm) (Mangine, Rauch and Middendorf, 2012) and in 

optimal conditions ensures the functioning of the joint into old age. From a macroscopic point 

of view AC seems not to be a complex tissue. It shows low metabolic activity and under 

changes of mechanical stress level has slow responsiveness. However, morphological and 

biological in depth studies revealed that AC is characterised by several intricate interactions 

between cells and ECM and a sophisticated matrix framework (Buckwalter and Mankin, 1998). 

Chondrocytes, which represent about the 1-5 % of the total AC volume, are involved in the 

synthesis and maintenance of ECM and their shape. Chondrocyte can form small “cell nests” 

in cartilage areas called lacunae (Parvizi, 2010). Chondrocyte dimension and concentration 

changes according to the AC zone to which they belong and their metabolic exchanges occur 

by diffusion (Buckwalter, JA ; Mankin,HJ; Grodzinsky, 2005; Bhosale and Richardson, 2008a). 

It has been estimated that normal adult human AC possess a mean concentration of nearly 10 

thousand cells per mm3, or ~10 million cells/mL, and that chondrocytes have a mean diameter 

of about 13 µm (Hunziker, Quinn and Häuselmann, 2002) and a Young’s modulus of 

approximately 0.6 kPa (Guilak, 2000). They have limited replicative potential, and this is 

reflected in the low regenerative ability of cartilage. Every chondrocyte produces and is 

concerned with the turnover of the surrounding ECM and they respond to different kind of 

stimuli, both physical and biochemical, such as hydrostatic pressure and growth factors 

(Sophia Fox, Bedi and Rodeo, 2009). Other key features of chondrocytes are the absence of 
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cell-to-cell contacts, the ability to survive on hypoxic conditions and the production of 

enzymes specialised in the degradation of their own ECM (Bhosale and Richardson, 2008a).  

The ECM gives protection to cells from mechanical forces, stores GFs and cytokines, influences 

the diffusion rate of wate products and nutrients and has a role in the signal transduction for 

the chondrocytes. Also, ECM deformation generates biochemical electrical and mechanical 

stimuli that influences cell’s activity via electro-/mechano- transduction (Bhosale and 

Richardson, 2008a). AC matrix is composed by two different phases: the first one is 

represented by fluid (mostly water) and the second one consisting is dense mesh formed by 

the interaction of different macromolecules such as collagen and PGs (Buckwalter, JA ; 

Mankin,HJ; Grodzinsky, 2005) constituting from sixty five to eighty per cent of the wet weight 

of cartilage. The pH value of the matrix is about 7.4 and pH changes can lead to matrix 

infrastructure alteration (Bhosale and Richardson, 2008a). AC fluid, formed by water and 

dissolved electrolytes such as mobile cations (Ca2+, K+, Na+ and Cl-) and gases, is the most 

abundant component representing approximately 80% of the wet weight of the tissue. AC 

fluid allows waste and nutrient exchange between the tissue and synovial fluid, which 

represent the nutrition source of chondrocytes. The movement of nutrients, wate product, 

gases and electrolytes takes places through mass-transport and diffusion caused by AC strain 

(Cohen, Foster and Mow, 1998; He et al., 2014; Camarero-Espinosa et al., 2016). 

Regarding the AC solid phase, col II is the most abundant collagen type found in the tissue and 

make up nearly the 50% of the dry weight of AC. Collagen fibres provides high tensile 

resistance and their arrangement changes through the depth of the tissue. Collagen I and 

collagen X are other collagen type present in the tissue in lower quantity than Coll II. Collagen 

I is located mainly on the superficial layer of cartilage, is a marker associated with de-

differentiation of chondrocytes often occurring in 2D in vitro culture (Oliveira et al., 2009) and 

the ratio between Coll II with collagen I can be used as a marker of chondrogenesis. Collagen 

X is predominantly found in the deepest zone of the tissue near the subchondral bone and it 

is estimated to be involved in the matrix mineralization process of AC (Eyre and Wu, 1995) 

and is frequently synthetized by hypertrophic chondrocytes, a not favourable condition when 

attempting to reproduce AC like ECM (Oliveira et al., 2009). Other forms of collagen present 

in smaller amount are collagen VI, collagen IX and collagen XI (Table 1) (Eyre and Wu, 1995).  
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Collagen 
type 

Structure 
% of total 

collagen content 
Distribution 

I Fibril forming ≈ 0 Only in the superficial zone 

II Fibril forming 9.5 Throughout the tissue 

VI Short - helix 0 - 1 Concentrated in the pericellular matrix 

IX Short - helix 1 
Throughout the tissue, associated with 

type II (cross-linking) 
X Short - helix 1 Deep and calcified zones 

XI Fibril forming 3 
Throughout the tissue, associated with 

type II (cross-linking) 

Table 1: Types of collagen found in articular cartilage (Camarero-Espinosa et al., 2016) 

 

PGs are the second most abundant macromolecules after collagen and represents the 15-40% 

of the dry weight of AC. PGs are formed by many linear polysaccharide side chains, 

predominantly glycosaminoglycans (GAGs), covalently attached to a “core protein” through a 

serine residue. The most abundant GAGs found in AC are keratan sulphate (KS) and 

chondroitin sulphate (CS), while dermatan sulphate and hyaluronan (HA) are found in lower 

concentration (Camarero-Espinosa et al., 2016). Along PGs chains a high number of sulphate 

and carboxyl groups are present, which becomes negatively charged in physiological 

conditions giving PGs a strong hydrophilic nature, allowing these macromolecules to repulse 

each other and to apply a swelling pressure on the surrounding collagen fibrils. Plus, electric 

repulsion donates to GAGs a typical brush-like structure (Cohen, Foster and Mow, 1998; 

March and Little, 2010). The presence of a high negative charge gives to PGs the ability to 

block the movement of large molecules through the tissue and allows the diffusion of 

molecules with a low molecular weight (Labat-Robert, Bihari-Varga and Robert, 1990). 

Aggrecan is the most diffused proteoglycan in AC made of a protein core possessing three 

globular domains (G1, G2 and G3) and 3 linear interglobular domains. Aggrecan has the ability 

to bind HA molecules, the largest GAGs synthesized by cells in AC, thanks to a specialised “link 

protein” forming the so called “proteoglycan aggregates” (Figure 1.4) (Cohen, Foster and 

Mow, 1998). HA lacks of sulphate group and is not linked to PGs as a side chain but represent 

a central large core of the proteoglycan aggregates (Thakker et al., 2017). These enormous 

aggregates have a molecular weight between 1 and 2 million Da (March and Little, 2010). 

Interestingly ,it has been observed that with aging proteoglycan aggregates becomes larger, 
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CS concentration diminishes and KS concentration increases (Lehman, 2011). AC in addition 

contains at lower concentration proteoglycan such as syndecan, glypican, perlecan, decorin 

and biglycan (Camarero-Espinosa et al., 2016). The remaining molecules found in AC are lipids, 

glycoproteins, such as lubricin (which is involved in the lubrication of the superficial zone of 

the tissue) and fibromodulin (which contribute to the preservation of collagen fibrils), non-

collagenous ECM protein such as anchorin, fibronectin and chondrocalcin (Kuettner, 1992). 

 

 
Figure 1.4 Hyaluronan and aggrecans interact each other to form a proteoglycan aggregate. The 
binding site of keratan sulphate and chondroitin sulphate is the interglobular region between G2 and 
G3. Link proteins stabilize the aggregate stability. Thanks to negatively charged GAGs repulsion, this 
macromolecule shows a bottle-brush configuration (Camarero-Espinosa et al., 2016). 

 

1.1.3 Ultra-Structure of adult articular cartilage 

As mentioned before, AC is a structured tissue that exhibit relevant variability through its 

depth in terms of collagen fibrils orientation, PGs allocation, matrix composition and 

mechanical response. Plus, chondrocytes organization, morphology, content, metabolic 

activity, and specific marker expression differ in different zones of the tissue. It is known that 

AC topographical heterogeneity is predominantly caused by biomechanical load (Brama et al., 

2009). AC is typically seen as a four layered structure. From the articular surface to the 

subchondral bone, the four zones are known as superficial or tangential zone, middle or 

transitional zone, deep zone and calcified zone (Figure 1.4). On the top of tangential zone AC 

is covered by a thin (few hundred nanometres) protein layer called lamina splendens, which 
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is created by the continuous deposition of synovial fluid proteins on AC surface. Lamina 

splendens provides a lubrication surface and reduces frictions, but nowadays its specific 

function is still not clear (Camarero-Espinosa et al., 2016; Armiento et al., 2018). 

The superficial zone appears to be the thinnest layer of AC and represent the 10-20% of the 

full thickness of the tissue. (Camarero-Espinosa et al., 2016). In this zone the PGs content is 

relatively low while collagen concentration, water content and permeability reach their peak 

value. It is composed by elongated and flattened chondrocytes that are disposed parallel to 

the articular surface and secrete lubricating proteins. Chondrocytes represent approximately 

the 2.6% of the total volume of the layer (Hunziker, Quinn and Häuselmann, 2002) 

Chondrocytes are surrounded by thickly clustered collagen fibrils also oriented parallel to the 

joint surface. This structure makes the superficial zone critical for shear and tensile toughness 

of the tissue (Bhosale and Richardson, 2008a). Collagen fibrils provide a sort of “filter” that 

reduce the entrance of large molecules from synovial fluid to the tissue separating AC from 

the immune system. Plus, the most abundant proteins that can be found in this zone are 

clusterin, lubricin and Del-1 (Di Bella et al., 2015). Damages to the superficial layer jeopardise 

mechanical properties and lubrication ability of the tissue and may cause a fast wearing-down 

process, moreover AC may unleash biochemicals that promote an inflammatory or immune 

reaction (Buckwalter, JA ; Mankin,HJ; Grodzinsky, 2005; He et al., 2014).  

The transitional zone comprises from 40 to 60% of total AC thickness. Its name is derived from 

its structural and compositional features that generates an “anatomic bridge” between deep 

and tangential zones. Middle zone chondrocytes exhibit a rounded morphology and a lower 

content compared to superficial zone (Bhosale and Richardson, 2008a; Sophia Fox, Bedi and 

Rodeo, 2009; Camarero-Espinosa et al., 2016). In this zone cells occupy nearly the 2% of the 

whole volume (Hunziker, Quinn and Häuselmann, 2002). This zone has thicker collagen fibrils 

that are poorly packed and randomly disposed. Overall there is an increase of PG 

concentration and a decrease of collagen and water content in relation to superficial zone 

ECM (Buckwalter, JA ; Mankin,HJ; Grodzinsky, 2005). The middle zone shows a higher 

compressive modulus than superficial zone (Pearle, Warren and Rodeo, 2005) and represents 

the first defensive stand against compressive loads of the tissue (Sophia Fox, Bedi and Rodeo, 

2009). In the middle layer cartilage oligomeric matrix protein and cartilage intermediate layer 

protein can be found (Di Bella et al., 2015). 
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The deep zone, also called radial zone, takes its name by its radial-oriented constituents and 

represents approximately the 30% of the total AC volume (Pearle, Warren and Rodeo, 2005; 

Sophia Fox, Bedi and Rodeo, 2009). Collagen fibres possess the largest radius and their axis 

are perpendicularly oriented to the articular surface, contributing to give to this zone a high 

compression strength. Cells forms columnar fashions parallel to collagen fibrils and synthetize 

lower concentration of collagen II (Eggli, Hunzinker and Schenk, 1988; Sophia Fox, Bedi and 

Rodeo, 2009). This zone possess a lower cell density and water content than in the previous 

two zones, while has the maximum content of PGs and highest compressive modulus 

(Buckwalter, JA ; Mankin,HJ; Grodzinsky, 2005; Pearle, Warren and Rodeo, 2005). 

The calcified zone is visibly separated from the deep zone by a thin border called “tidemark”. 

Chondrocytes in this region are smaller than other cells in AC and in certain areas they are 

totally embedded into calcified ECM. These cells have a low metabolic activity and produces 

collagen X (Buckwalter, JA ; Mankin,HJ; Grodzinsky, 2005; Bhosale and Richardson, 2008a). 

The calcified zone contains hydroxyapatite and act as a protective shielding reducing the 

mechanical gradient between cartilage and bone (Camarero-Espinosa et al., 2016).  

 

 

Figure 1.5 Schematic drawing of the ultra-structure of articular cartilage displaying chondrocyte 
morphology and disposition and collagen fibrils orientation (Camarero-Espinosa et al., 2016) 

 

AC structure changes not only through its depth but also as a function of the radial distance 

from cells. Chondrocytes are surrounded by the pericellular matrix (PCM), composed by the 
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glycocalyx and the pericellular capsule. PCM may be considered as a 2 micrometres wide rim 

of ECM and serves as a hydrodynamic cushion protecting chondrocytes from mechanical 

stress (Poole, 1997; Poole et al., 1987). PCM contain PGs and non-collagenous proteins such 

as decorin and anchorin. Collagen type II small fibrils, collagen type VI and collagen IX are also 

found in this region (Youn et al., 2006; Bhosale and Richardson, 2008a). The territorial matrix 

surrounds the PCM and singular or clustered chondrocytes. Collagen fibrils in this region form 

a collagenous “basket” that provides an additional protection from mechanical impacts to 

cells (Bhosale and Richardson, 2008a). Territorial matrix composition is similar to the one of 

interterritorial matrix but with smaller collagen fibres. The remaining ECM volume of the 

tissue, that is also the widest region, is known as interterritorial matrix. This region contains 

PG aggregates and the thickest collagen fibrils (Hunziker, Michel and Studer, 1997; Bhosale 

and Richardson, 2008a). 

 

1.1.4 Biomechanical properties 

Mechanical properties of AC are influenced by the interplay of its main components: 

interstitial fluid, PGs and collagen (Mansour, 2003). Since the tissue possess an heterogeneus 

organization, it shows nonlinear and anisotropic mechanical properties (R K Korhonen et al., 

2002). Collagen fibres provide high tensile properties to AC, but they are weak in compression 

resistance because of their diameter/length ratio (Cohen, Foster and Mow, 1998). The 

collagen network has a major role in instantaneous deformation (Mizrahi et al., 1986) and his 

orientation affects the tensile behaviour of the tissue (Cohen, Foster and Mow, 1998). PGs 

mainly provide compressive stiffness to AC give to the tissue (R K Korhonen et al., 2002). 

Negative charges on PGs create the “fixed charge density” (FCD) that give rise to an ionic 

imbalance between the tissue and the external environment. FCD reaches its maximum value 

in the deep zone and decreases in the superficial zone (Schinagl et al., 1997). The mobile ion 

disequilibrium generates a high osmotic pressure, named “Donnan osmotic pressure” that 

helps to maintain AC highly hydrated, influences ion mobility and affects apparent mechanical 

properties of the tissue (Lu and Mow, 2008). When AC undergoes physiological compression, 

the charge repulsion of PGs prevents the deformation and allows the restoration of the initial 

shape of the tissue (March and Little, 2010). Fluid flow through AC deeply influences the 

mechanical behaviour of the tissue. A fluid flow through AC occurs when the tissue is 

deformed or after the application of an external pressure (Linn and Sokoloff, 1965; Maroudas 
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and Bullough, 1968) and its passing through the tissue give rise to frictional resistances and 

dissipations which mainly generates the viscoelastic response of AC. The “biphasic model of 

cartilage” is one of the most famous theory used to describe the viscoelastic behaviour of 

cartilage under compression. In this theory AC is regarded as composed of two different 

phases: the “solid phase”, and the “fluid phase”. (Lu and Mow, 2008). While the fluid phase is 

generally considered incompressible and inviscid, the solid phase is seen as an elastic material 

(Mow et al., 1980). According to this model, the interaction of three main internal forces (the 

stress developed by the solid phase deformation, the pressure of the interstitial fluid and the 

frictional forces  between the two phases) balances the external forces applied on the tissue 

and give rise to the viscoelastic behaviour of AC (Lu and Mow, 2008). Other noteworthy 

theories used to describe the biomechanical properties of AC are elastic (Hayes et al., 1972), 

viscoelastic (Parsons and Black, 1977) and triphasic (Lai, Hou and Mow, 1991) models. When 

physiologically deformed, the superficial layer of AC undergoes to the lowest level of 

hydrostatic pressure and highest level of strain, otherwise the hydrostatic pressure reaches 

his maxim value and a negligible strain is observed at the level of the deep zone. Under 

constant loading AC shows creep behaviour. At the beginning the tissue undergoes a steep 

deformation and a relatively large volume of interstitial fluid is extruded from the cartilage. 

Then the deformation rate decreases until the load is balanced, and a mechanical equilibrium 

is reached: in this situation both fluid flow and displacement cease (Fig 1A). When a constant 

displacement is applied to cartilage, the tissue exhibits a stress-relaxation response: firstly the 

displacement results in a sharp stress increase until a peak is reached, then the stress gradually 

diminishes until equilibrium (Fig. 1B) (Cohen, Foster and Mow, 1998).  

The most common tests used to investigate biomechanical properties of AC are confined and 

unconfined compression test, indentation test and stress-relaxation test (Boschetti et al., 

2004). Compression test is conducted by placing the material sample on a support and 

applying a compressive uniaxial force on it through a load cell and a compression plate (or a 

porous filter). The compressive force is measured in function of the displacement of the 

compressed specimen. The same experimental set-up is used to perform a compression creep 

test, but in this methodology the sample is compressed by a constant load. In a stress 

relaxation test a displacement is applied at a constant rate to the surface of the sample. When 

the fixed displacement value is reached, the sample undergoes to a constant deformation until 

a desired compression level is obtained. During compressive creep and stress-relaxation tests 
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the compressive force is recorded in function of time (Cohen, Foster and Mow, 1998). 

Indentation test represents an interesting option to compression test (Hayes and Mockros, 

1971). In this methodology the load is applied via a circular and rigid indenter tip, whose 

diameter is generally smaller than 800 µm. An indentation test allows to test in situ material 

properties: AC is not removed from its underlying bone, so the test is performed in an 

environment closer to a physiologically situation, moreover this methodology does not need 

special sample preparation such as microtoming tissue (Boschetti et al., 2004). Confined and 

unconfined compression tests are influenced by PGs swelling pressure, while indentation test 

measurements are affected not only by PGs swelling pressure but also by the contribution of 

collagen tensile resistance (R. K. Korhonen et al., 2002). 

 

 
Figure 1.6 Viscoelastic response of articular cartilage under compression. Stress-relaxation test is 
performed by compressing at a constant rate the sample until a desired strain value ξ0 is reached at t0. 
After t0 the strain is kept constant and the stress start to decrease until mechanical equilibrium is 
obtained (A). Typical Creep curve obtained by applying a constant load to the specimen. After a rapid 
rise, a gradual non-linear increment of the displacement is observed until mechanical equilibrium (B). 

 

Compression test is typically employed to assess the Young’s modulus, also called elastic 

modulus (E), and the equilibrium Young’s modulus (measured when mechanical equilibrium 

is reached). Unconfined compression test is used to optically evaluate the Poisson ratio (ν) of 

cartilage, while creep compression test and stress-relaxation test are employed to evaluate 

the permeability (k) of the tissue (Lu and Mow, 2008). Permeability is described as the ability 

of a fluid to flow through a porous and permeable material like AC and it’s inversely related 
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with the frictional resistances caused by the passage of the fluid. AC shows a non-linear 

permeability behaviour. When the tissue undergoes to deformation or to an external 

compressive load application the value of permeability decline because of the decreases of 

ECM pore size (Cohen, Foster and Mow, 1998). Permeability in normal cartilage is in the range 

of 10-16 m4/Ns and its value is lowest in AC deep layer and highest at the level of superficial 

layer, allowing a relatively high interstitial fluid flow near the joint end (Maroudas and 

Bullough, 1968). The Poisson’s ratio of cartilage has a value ranging from approximately 0 to 

0.4. This is a noticeable information since the tissue was assumed to be incompressible (ν = 

0.5) in early researches (Lu and Mow, 2008). Young’s modulus of articular cartilage is a 

measure of the stiffness of the tissue and is generally calculated  as the slope of the elastic 

region (by dividing the measured stress with the strain of the specimen during a compression 

test at the end of the linear region) (Scalzone et al., 2019) Compressive Young’s modulus of 

AC ranges from 240 to 1000 kPa (Beck et al., 2016b) and its value increase with the increase 

of GAGs content and FCD value, so from the superficial zone to the deep zone of the tissue 

(Schinagl et al., 1997). Young’s modulus gradient in AC from the superficial to the deep zone 

may also be related to a higher collagen concentration and collagen fibres dimension in the 

middle and deep zones of the tissue (Muir, Bullough and Maroudas, 1970).  In humans, 

equilibrium tensile modulus of knee AC appears to be higher (10.1 MPa) in the superficial 

zone, where the concentration of collagen fibrils is the highest and, than in the middle zone 

where its value drops to 5.4 MPa (Akizuki et al., 1986). Elastic moduli determined via 

indentation are influenced by the indenter radius and are typically higher than those obtained 

from compression test (R. K. Korhonen et al., 2002). Finally it should be noted that the 

displacement rate of testing may impact the measure of mechanical properties of the tissue 

(Huang et al., 2005). 

 

1.2 Articular cartilage changes in osteoarthritis 

Cartilage degeneration may lead to the generation of various medical conditions, such as 

heterotopic ossification, fibrodysplasia, achondroplasia and osteoarthritis (OA) (Bhattacharjee 

et al., 2015). Osteoarthritis (OA), also named degenerative joint disease, is a disorder related 

to all the components of the joints. OA is generally described as an outcome of impaired 

cartilage homeostasis, caused by the accumulation of oxidative stress and dysfunctional 

organelles in the tissue (Haseeb and Haqqi, 2013). Two of the principal features of the 
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condition are modifications of the subchondral bone and the progressive breakdown of AC 

(Heinegård and Saxne, 2011). OA epidemiology is still not totally clear and is influenced by the 

interaction of different elements such as genetic, biochemical and biomechanical factors. 

Different studies suggested that the pathobiology of OA is more complicated than a simple 

bone or cartilage condition (Cope et al., 2019). OA is regarded as a social and financial burden 

and represents one of the main causes of disablement and physical pain across the globe 

(Glyn-Jones et al., 2015). It is estimated that worldwide approximately the 18% of women and 

the 10% of men aged over 60 years suffer of this condition (Woolf and Pfleger, 2003), while in 

the United States of America nearly the 80% of people over the age of 65 have OA (Mansour, 

2013). The main OA clinical symptoms are joint disfunction (tenderness stiffness or also 

locking), swelling and pain (Kean, Kean and Buchanan, 2004; Felson, 2006). One of the main 

clinical issue of the disease is that OA becomes evident just when is in an advanced phase 

(Heinegård and Saxne, 2011). The leading risk factor of the disease may be divided in 

“systematic factors” (age, bone mineral density, obesity, genetics) and “biomechanical 

factors” (muscle weakness, joint injury or misalignment) (Frontera et al., 2020). OA treatments 

are mainly intended to alleviate the pain and ameliorate joint functions, without  preventing 

the start or the progression of the condition (Zhang et al., 2008; Maldonado and Nam, 2013). 

The principal therapies for OA may be divided in non-pharmacological, pharmaceutical and 

surgical treatments. The primary non-pharmacological measures suggested by American 

Academy of Orthopaedic Surgeons (AAOS) are light aerobic and aquatic exercises, moderate 

strengthening activities for muscles and weight reduction programs (Kalamegam et al., 2018; 

DeRogatis et al., 2019). Currently the most diffused pharmaceutical prescription are 

paracetamol, corticosteroid injection, tramadol and nonsteroidal anti-inflammatory drugs 

(NSAIDs) (Kloppenburg and Berenbaum, 2020). When the disease reaches a late phase, knee 

or hip joint replacement are valid surgical strategies, but the implants do not have a lifelong 

duration and patients need medical follow-up (Lane and Schnitzer, 2012; Kloppenburg and 

Berenbaum, 2020). Therefore, it is important to develop therapies aimed to prevent or to halt 

the onset of OA instead of proceeding with a surgical intervention at the final phases of the 

disease. For this reason, treatments focused on cartilage regeneration are under investigation 

in order to give further treatment alternatives to patients (Jiang, Lin and Tuan, 2017). It is 

essential for scientific research to focus on a clear comprehension of the mechanism 
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underlying OA and the events that occur at its start and progression (Setton, Elliott and Mow, 

1999).  

During OA development AC may be subjected to microscopically changes targeting ECM 

architecture and composition. It has been observed that aggrecan and PGs concentration 

decrease, while collagen content increase. These changes are reflected by the altered 

mechanical properties of the tissue. With OA, tensile modulus, compressive modulus and 

shear resistance of cartilage decrease, so the tissue undergoes to larger strains when exposed 

to mechanical stress (Setton, Elliott and Mow, 1999) and AC shows an higher permeability that 

cause an increase in water content up to approximately 90% (Bhosale and Richardson, 2008a).  

Chondrocytes activity is also impaired, in fact these cells synthesise more collagen type I 

compared to their healthy counterpart (Maldonado and Nam, 2013), and presents low levels 

of SOX-9 (João T. Oliveira, Santos, et al., 2010). During the progression of the disease cells 

within the superficial zone cells tend to agglomerate while chondrocytes in the radial and 

calcified zones experience apoptosis (W. Zhang et al., 2016). OA chondrocytes synthesise a 

large variety of inflammatory proteins including interleukin 1β (IL-1β) and interleukin 6 (IL-6), 

and tumour necrosis factor TNF-α. Matrix degrading enzymes, such as aggrecan degrading 

enzymes ADAMTS 4 and 5 and collagenases MMP1 and MMP13, are also overexpressed (Fig 

1.7) (Glyn-Jones et al., 2015). Also, chondrocyte death with characteristics of apoptosis have 

been found in OA animal models (Musumeci et al., 2011). 

As above mentioned, OA affects all structures of the joints. Besides AC progressive loss of 

structure and functionality, OA may cause calcification and aberrant hypertrophy (W. Zhang 

et al., 2016). OA is also associated with inflammation. Different studies reported the presence 

of mononuclear cells such as macrophages and T-cells in the synovial membrane of OA 

patients (Haywood et al., 2003; Benito et al., 2005; Sakkas and Platsoucas, 2007). Other 

changes in OA joints are reported in Figure 1.7. 
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Figure 1.7: Articular cartilage and synovial joint changes during the progression of osteoarthritis 

 

1.2.1 Surgical and cell-based treatments for articular cartilage repair 

As mentioned before, AC possess limited intrinsic regenerative ability being an a-vascular 

tissue. Given this, AC degenerative diseases such as OA frequently occurs in human adults 

(Correa and Lietman, 2017). AC impairments may occurs as a consequence of joint impacts or 

as a result of degenerative conditions caused by intra-articular fracture (Perdisa et al., 2019). 

The clinical purposes of AC repair are to enhance the functionality of the joints and to reduce 

symptomatic pain (Redman et al., 2005). 

Articular cartilage lesions may occur in various joint as a result of micro-traumatic or traumatic 

events or concurrently to damages of other joint tissues including crucial ligament and 

menisci. The international Cartilage Repair Society (ICRS) have created a code for the 

evaluation of cartilage injuries gravity and a consequent guideline for clinical decision, where 

five different levels of AC injuries are determined depending on their location and size (Jiang, 

Lin and Tuan, 2017). AC lesions may also be distinguished, according to their depth, in partial 

thickness or chondral defects and full thickness or osteochondral defects. Partial thickness 
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lesions do not penetrate to the underlying bone. Their aspect is similar to the small cracks and 

crevices observed in OA early phases. Chondral defects fail to heal naturally. Osteochondral 

lesions penetrate to the subchondral bone influencing the activity of the cells residing in the 

bone marrow such as MSCs and provoking the formation of a fibro-cartilaginous tissue 

biochemically different from the native AC (Redman et al., 2005). 

Typically cartilage surgical treatments are focused on repairing lesions whose size is inferior 

to 4 cm2 in order to avoid the onset of degenerative processes and OA (Kwon et al., 2019). 

Bone marrow stimulation techniques, based on a surgical penetration to the subchondral 

bone, are among the earliest methods developed to stimulate the formation of new 

cartilaginous tissue (Bhosale and Richardson, 2008a). Between them, the most notable are 

subchondral drilling or debridement (Mitchell and Shepard, 1976), spongialization (Ficat et al., 

1979), arthroscopy chondroplasty (Friedman et al., 1984) and microfracture (Steadman, 

Rodkey and Rodrigo, 2001). Microfracture (Fig 1.8) became an interesting method because is 

regarded as an inexpensive, short and relatively easy procedure and it’s used to manage small 

AC lesions (<2.5 cm2) (Mollon et al., 2013). In a single surgical operation, the AC lesion is 

removed and cleaned, thereafter a 2-4 mm deep perforation of subchondral bone is 

performed. Bone marrow MSCs migrate to the lesion site and a fibril clot is formed, that will 

eventually remodel into fibrocartilage, which as described in chapter 1.1, has a different 

structure and composition compared to the hyaline and is not able to bear properly the loads 

acting at joint level (Bae, Yoon and Song, 2006). The effectiveness of this treatment is affected 

by many factors such as size of the lesion, body mass index and age of the patient (Mithoefer 

et al., 2009). Although microfracture is the most used methods between sportsmen (Bhosale 

and Richardson, 2008) and is considered as the golden standard for many clinicians, the neo-

cartilaginous tissue becomes mechanically vulnerable and generally fail after two years after 

the intervention (Makris et al., 2015). A relatively new alternative to microfracture is 

represented by augmented bone marrow stimulations techniques, based on the co-

administration of GFs, the use of a-cellular scaffold or micronized cartilage ECM (Albright and 

Daoud, 2017). 

Mosaicplasty (Matsusue, Yamamuro and Hama, 1993), also called osteochondral auto- or allo- 

graft transfer, consists in the delivery of cylindrical plugs of mature osteochondral tissue 

(including AC and subchondral bone) at the level of the chondral defects. Osteochondral 

autograft samples (Fig 1.8) are harvested from low weight bearing regions of AC (e.g. lateral 
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trochlea), so this technique is limited to small chondral lesions. The main benefit of this 

methodology is that autologous grafts can bear mechanical stresses after a short post-

operative time, reducing the rehabilitation period (Kwon et al., 2019). The major drawbacks 

are donor site morbidity, mechanical mismatch and lack of integration between 

osteochondral grafts and surrounding tissues (Clair, Johnson and Howard, 2009). 

Osteochondral allografts (Fig 1.8) are obtained from cadaveric donor, so larger size defects 

can be treated. However allogenic tissue may cause disease transmission and possess a 

questionable viability, also mechanical and size/depth mismatch between allograft and 

surrounding tissues may occurs (Mollon et al., 2013). Other notable alternatives to classic 

allograft are particulated juvenile allograft (DeNovo NT), cryopreserved osteochondral 

allograft (Cartiform) and fresh osteochondral allograft (ProChondrix) (Fig 1.8), but their 

efficiency has yet to be demonstrated (Hinckel, Gomoll and Farr, 2017).  

Cell-based therapies are biological treatments based on the introduction of cells into the 

human body in order to cure age-related or degenerative pathologies. They represent a novel 

therapeutic approach and have the potential to change the future of disease management 

(Mobasheri et al., 2014). The use of cell based repair techniques is usually expensive and needs 

the availability of furnished facility where in vitro cell culture may be performed (Carson, 

2018). Currently cell-based cartilage repair methods are widely used to treat large chondral 

lesion (> 4cm2). Autologous chondrocyte implantation (ACI) (Brittberg et al., 1994) is a double-

stage methods. During the first step autologous chondrocytes are harvested by biopsy from 

joint regions that bears low loads. Then cells are expanded in vitro to reach a population of 12 

– 48 million chondrocytes. During the second phase, the expanded chondrocytes are re-

implanted in vivo into the debrided tissue lesion and covered by a patch. The main benefits of 

this technique are the prevention against viral infection and immune response by using 

autologous chondrocytes and the small size biopsy that reduce the onset of complication at 

the donor site. However ACI requires a long recovery period (up to a year) (Makris et al., 2015), 

plus graft delamination and periosteal hypertrophy may occur (Mollon et al., 2013). Moreover 

chondrocyte de-differentiation during the in vitro expansion shall be considered (Mobasheri 

et al., 2014). Matrix-Induced Autologous Chondrocyte Implantation (MACI) (Dunkin, 2013) is 

a variant of the previous technique and consists in seeding the harvested chondrocyte in a 

scaffold before the transplantation. MACI (Fig 1.8) is the most diffused scaffold-plus-cell based 

methods for AC treatment in clinical practice. Scaffold are produced using various biomaterials 



20 
 

such as collagen type I and type III or mixtures of hyaluronan and synthetic polymers (Makris 

et al., 2015; Camarero-Espinosa et al., 2016). Ebert et al. in a study reported that, 5 years after 

MACI treatment, approximately the 90% of the surveyed was satisfied about pain reduction 

and enhanced joint function. However, MACI remains an expensive procedure and its 

superiority of MACI over other AC surgical treatments is unproved. Plus, clinicians tend to 

prefer techniques that need just a single operation over ACI and MACI (Makris et al., 2015; 

Ebert et al., 2017; Kwon et al., 2019).  

 

 

Figure 1.8: Articular cartilage defect treatments (Kwon et al., 2019) 

 

Stem cells represent a promising option for the treatment of diseased cartilage thanks to their 

chondrogenic potential and self-renewal ability. Among them, the most relevant type used in 

cartilage repair are MSCs. MSCs show an apparent anti-inflammatory activity and may be 

obtained from different tissue including adipose tissue, bone marrow, bone and muscles. 

Bone marrow derived MSCs (BMSCs) are the most promising option for cartilage cell therapies 

considering their high chondrogenic potential and easy availability. Recently, bone marrow 

aspirate concentrate (BMAC), that contain BMSCs and high concentration of chondrogenic 

GFs, has been investigated for the management of cartilage focal defects. BMAC has been 

used as an independent technique or as an adjuvant (e.g. BMAC-augmented microfracture). 

Despite various question about BMAC remains, for instance optimal timing of injection  and 
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optimal cell density, this technique has demonstrated good clinical outcomes (Cotter et al., 

2017). Other stem cell type used in cartilage repair are Embryonic Stem Cells (ESCs) and 

Induced Pluripotent Stem Cells (iPSCs) (Jiang, Lin and Tuan, 2017).  

Nowadays no surgical or pharmaceutical therapies can totally restore AC to its initial state 

(Cucchiarini and Madry, 2019). Surgical treatments are insufficient to block OA development 

and progression, thus has speeded up the research and development of alternative tissue 

engineering treatments (Kwon et al., 2019). 

 

1.2.2 Tissue engineering application in cartilage treatment  

As mentioned before, there is no long-term treatment method for OA and therefore poor 

outcomes in the long run. In this scenario, tissue engineering (TE) has gained interest over the 

last three decades representing a new hope in address current treatment problems (Francis 

et al., 2018). The first definition of TE was given by Langer and Vacanti during 1993. The 

authors described TE as “an interdisciplinary field which applies the principles of engineering 

and life sciences toward the development of biological substitutes that restore, maintain, or 

improve tissue function” (Langer and Vacanti, 1993). The general TE principle involves the 

association of living cells with a synthetic, natural or bio-artificial support to create a 3D 

construct that has mechanical, structural and functional properties equal to a desired tissue 

(Kim and Evans, 2005). The main tools used to develop a bioengineered construct, known as 

“tissue engineering triad”, are cells, a supporting biomaterial and biological or environmental 

stimuli (Chung and Burdick, 2008a). The classic TE approach consist in the collection of primary 

cells from the patient and the subsequent seeding on a 3d matrix/scaffold, that provide 

support to cells. Then, the construct is developed undergoing to different physical and 

biochemical stimuli provided by a bioreactor in a controlled environment. After an in vitro 

maturation phase, where cells start to proliferate and to produce ECM, the construct is 

transplanted in the patient triggering a tissue repair process (Caddeo, Boffito and Sartori, 

2017). Cartilage tissue engineering (CTE) (Fig. 1.9) ideal construct should fill the tissue defect, 

have structural and compositional features similar to the ones of ECM and hold cells in situ 

(You, B Frank Eames and Chen, 2017). CTE first attempts lead to the generation of engineered 

construct that resembled hyaline cartilage but with inferior mechanical properties (Schulz and 

Bader, 2007). Therefore, in the last years the research focused particularly on the mechanical 

features of the construct (Francis et al., 2018).  
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Figure 1.9 Cartilage tissue engineering. Abbreviation: ES cells (embryonic stem cells), iPS cells (induced 
pluripotent stem cells). (Kwon et al., 2016a). 

 

Ideally the chosen cell source should be autologous, easily isolated and expanded in vitro, it 

should produce a large amount of hyaline cartilage-like. Plus, de-differentiation processes 

should be avoided (Kock, Van Donkelaar and Ito, 2012). The “gold standard” cell type for CTE 

has yet to be identified (Chung and Burdick, 2008a) but most studies have been focused on 

MSCs and chondrocytes (Vinatier and Guicheux, 2016). In TE cells are usually seeded into a 

biocompatible and biodegradable scaffold, which provides a support that replicate the feature 

of the desired tissue ECM. An optimal scaffold should: i) have a controlled degradation in time, 

ii) permit the diffusion of waste substances and nutrients, iii) provide a mechanical support on 

the defect site, iv) stimulate cell viability, proliferation and ECM synthesis, v) integrate with 

the nearby tissues and as mentioned above vi) assume the size of the defect (Chung and 

Burdick, 2008a).  

The most critical design features of a CTE scaffold, the ones that determine the success or the 

failure of the implant construct, are biocompatibility, porosity, mechanical strength, and the 

ability to maintain a chodrocytic type or to promote the differentiation of stem cells 

(Camarero-Espinosa et al., 2016). A study reported that chondrocytes showed preferential 

proliferation when cultured in construct with pore size between 200 µm and 500 µm (Lien, Ko 
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and Huang, 2009), while matrices with a pore size of at least 200 µm were used to induce 

chondrogenesis to different stem cell sources (Loh and Choong, 2013). Smaller pores, with a 

dimeter inferior to 30 µm, allows nutrients and waste products transport (Bonifacio, Cochis, 

Cometa, Scalzone, et al., 2020). The presence of a gradient porosity enhances cell mobility 

during regenerative processes and is essential for AC defects treatment in CTE (van Tienen et 

al., 2002). 

Various polymeric materials have been used to create scaffold for cartilage regeneration, both 

synthetic and natural, in forms of fibrous meshes, hydrogels, foams or sponges (Chung and 

Burdick, 2008a). Natural polymers used for CTE includes collagen, gelatin, CS, HA, alginate, 

cellulose, agarose, chitosan, silk and fibrin glue (Francis Suh and Matthew, 2000; Li and Zhang, 

2005; Müller et al., 2006; Wang et al., 2006; Lien, Li and Huang, 2008; Ko et al., 2009; Scotti et 

al., 2010; Hoyer et al., 2014; Singh, Bhardwaj and Mandal, 2016). Synthetic polymers used in 

the same field include polyurethanes, poly(α-esters), poly(ethyleneglycols), poly(propylene 

fumarates), poly(NiPAAm), poly(vinyl alcohol) (Sittinger et al., 1996; An et al., 2001; Martens, 

Bryant and Anseth, 2003; Liao et al., 2007; Skaalure, Chu and Bryant, 2015). Natural polymers 

for CTE usually shows good biocompatibility and led to a proper chondrogenic response. On 

the other hand, they are often hard to process in the desired shapes and their 

functionalization is also a difficult process. The main advantages of the synthetic polymers for 

CTE are the ease of processing, their good mechanical properties and the possibility of 

controlling their degradation kinetics by modifying their composition. However synthetic 

polymers are not bioactive so they are not able to induce cell attachment, proliferation and 

differentiation processes (Camarero-Espinosa et al., 2016).  

A large variety of signaling molecules, including GFs, have been explored in CTE for the 

proliferation and differentiation of different cell type and for improving the mechanical 

properties of the construct (Kwon et al., 2016a). These molecules have been used singularly 

or in combination with results dependent on scaffold nature, cell type and culture condition 

(Chung and Burdick, 2008a). The most important biomechanical stimuli, used both for 

cartilage homeostasis and improve mechanical properties of the construct, are compression, 

shear and hydrostatic pressure (Kwon et al., 2019). Stimulating factor investigated for CTE are 

summarized in Table 2. 
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Stimulating factor Reference 

Biochemical and biophysical stimuli  
BMPs Bessa et al., 2008 

c-ABC Natoli et al., 2009 

FGFs Martin et al., 2001; Murakami et al., 2000 

Hyaluronan Goodstone et al., 2004 

IGFs Fukumoto et al., 2003; Vetter et al., 1986 

Kartogenin Sun et al., 2018 

LOXL2 Makris et al., 2014  

Oxygen tension Malda et al., 2003 

TGF-βs Bosetti et al., 2012; Kim et al., 2003 

Mechanical stimulations  
Compression loading Davisson et al., 2002; Démarteau et al., 2003 
Hydrostatic pressure Carver and Heath, 1999; Mizuno et al., 2002 

Shear loading Jin et al., 2001; Waldman et al., 2003 

Tensile strain Fan and Waldman, 2010 
  

Table 2 Stimulating factors used in cartilage tissue engineering 

 

Despite of their function, scaffold utilization may also lead to stress-shielding, toxic 

degradation products release, impediments to remodelling and altered cell phenotype 

(Athanasiou et al., 2013). For these reason, scaffold-free techniques for CTE have gained 

attention during the last years (Hu and Athanasiou, 2006). An interesting scaffold-free 

approach for CTE is represented by the production and implantation of autologous 

chondrocyte spheroids, also called “chondrospheres” (Schubert et al., 2009; Meyer et al., 

2012). Cell-free material based for CTE have gained interest since methods for isolating, 

proliferating and differentiate cells are expensive and timely (Simon and Jackson, 2018). 

Autologous matrix-induced chondrogenesis (AMIC) is an example of cell-free technique and 

can be done in a single surgical operation (Benthien and Behrens, 2010). 

Currently, no strategy for AC repair have succeeded to finely recapitulate the function and the 

architecture of the native tissue (Walter, Ossendorff and Schildberg, 2019). The clinical 

translation of engineered construct for cartilage repair continues to face difficulties. CTE 

problems include low mechanical properties of construct compared to native tissues, 

phenotypic instability and inflammation after implantation, poor integration with the nearby 

tissues and the need of obtaining a sufficient number of autologous cells (Kwon et al., 2016a, 

2019). Another principal bottlenecks in the clinical translation of TE construct is the lack of 

standardised processes complying with good manufacturing procedure (GMP). Plus, 
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standardization of product-approval procedures should be simplified from country to country 

(Makris et al., 2015; Barbara J. Klotz et al., 2016).  

 

1.3 3D in vitro models  

The main aim of TE is the generation of constructs to induce specific regenerative processes 

in the patient’s body. However, TE approaches have gained interest for the possibility to 

produce in vitro models of heathy and pathological tissues/organs. It is important to note that 

if a scaffold is designed for a 3D in vitro model, is recommended but is not strictly required to 

exactly match the mechanical properties of the native tissue since there is not a subsequently 

implantation in vivo (You, B Frank Eames and Chen, 2017). Also, the degradation behaviour 

and the absolute dimensions of the construct are not so relevant (Haycock, 2011). These 

models provide a novel platform for different application, such as drug screening, novel 

therapies development and for studying tissue development processes and disease onset and 

progression underlying mechanisms (Caddeo, Boffito and Sartori, 2017; Moroni, Burdick, et 

al., 2018). In vitro CTE construct have gained interest for their potential use for the 

investigation of chondrogenesis processes (Freed, Martin and Vunjak-Novakovic, 1999) and 

for the production of OA in vitro models (Francioli et al., 2011). 

In addition to their scientific relevance in biological and medical research, in vitro models are 

beneficial from an ethic and economic point of view. Animal models are a key instrument in 

biological research and in some cases are the only reasonable approach. For instance, it is 

generally accepted that murine models will remain indispensable for toxicological and 

phamacokinetic evaluation of novel drugs for decades ahead (Imparato, Urciuolo and Netti, 

2015). On the other hand, the 3Rs principle (Russell and Burch, 1959) of reducing, refining and 

replacing animal experiments is encouraging researchers to recognize the animal welfare 

importance and is required wherever possible by European legislation. The use of animal 

models for drug development may be extremely expensive and time consuming (Hartung, 

2008). Moreover, these models have a limited predictive power because of differences among 

species and may not properly reproduce feature such as human tumour microenvironment 

and autoimmune disease (Imparato, Urciuolo and Netti, 2015). In native tissues, cells are 

surrounded by a complex 3D micro-environment that allows cell-cell and cell-ECM interactions 

and provides biochemical and biophysical cues, regulating their activities, including 

proliferation, differentiation and migration (Murphy and Atala, 2014a; Das et al., 2016). The 
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crucial requirement of in vitro tissue models is the proper biomimicry of the natural micro-

environment of the native tissue (Cho et al., 2019). The replication of this sophisticated 

environment in a 2D cell culture is clearly difficult. 2D tissue models may lead to un-

physiological changes of nuclei morphology, gene expression and protein synthesis (Knight 

and Przyborski, 2015). 3D cell cultures show significant differences from traditional 2D cell 

cultures in nutrient diffusion, cellular mechanics, cell-cell interaction (Edmondson et al., 

2014), cell motion and apoptosis (Duval et al., 2017). As an example, OA chondrocytes isolated 

from human cartilage and cultured in a 3D poly(ethylene glycol) diacrylate (PEGDA) based 

hydrogel are more resistant to apoptosis when compared to a control 2D culture (Musumeci 

et al., 2011). Different studies demonstrated 3D scaffolds led cells to arrange in different 

morphologies than cells cultured on 2D substrates (Miyagawa et al., 2011) and to encourage 

greater cell aggregation and proliferation than 2D models (Caddeo, Boffito and Sartori, 2017). 

Furthermore, 3D culture influences cells differentiation, de-differentiation. For instance, in 2D 

cultures differentiated chondrocyte phenotype is unstable, they lose their round shape, 

reduce their production of Coll II and aggrecan and increase type I collagen synthesis while in 

3D in vitro models chondrocytes tend to not de-differentiate due to their more physiological 

production and storage of bioactive molecules (Oliveira et al., 2009; Caron et al., 2012; 

Hemmati-Sadeghi et al., 2019). 

Unlike animal models, 3D in vitro models allows to identify and to control biochemical and 

cellular factors responsible for the formation and progression of different diseases, including 

OA, in order to develop new methods of intervention (Sun, Wang and Kaplan, 2011; Caddeo, 

Boffito and Sartori, 2017). Additionally, 3D in vitro integration model may be exploited to 

study the mechanisms regulating construct integration for osteochondral lesions treatment 

(Theodoropoulos et al., 2011). For all these reasons, 3D in vitro models may better 

recapitulate the in vivo environment of the correspondent tissue if compared to the classic 2D 

in vitro culture models (Cho et al., 2019) and may represent a bridge between classic 

monolayer cell cultures and in vivo models (Khademhosseini et al., 2006) and also between 

animal models and clinical trials (Griffith and Swartz, 2006). 

During the last two decades, several 3D in vitro models have been developed, including 

transwell systems (Wang et al., 2015), cell sheets (Asakawa et al., 2010), cellular spheroids 

(Ramaiahgari et al., 2014), organoids (Lancaster et al., 2013), and micro-fluidic tissue/organ 

on chip (Huh et al., 2010).3D in vitro model have been also exploited for cancer research. One 
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of the most common in vitro 3D tumour models, used for drug screening, is represented by 

cancer cells spheroids. The main limitation of this model is the absence of the complex tumour 

micro-environment, that includes blood vessels and neural networks. To overcome this 

problem, biofabrication techniques, treated in the next chapter, may be used to produce more 

sophisticated tumour models (Moroni, Burdick, et al., 2018). One of the main limitation of 3D 

in vitro models deals with the choice of the optimal cell source, and in particular the difficulty 

to isolate human primary cells and culture them in vitro for a long time (Caddeo, Boffito and 

Sartori, 2017). Using patient-derived cells could lead in the future to the development of 

personalized medicine, dealing with the identification of patient-specific treatments 

(Vanderburgh, Sterling and Guelcher, 2017). However, the pressing necessity to develop 

validation methods to examine the reproducibility and affability of 3D in vitro model represent 

an important challenge for the future (Ahadian et al., 2018).  

 

1.3.1 3D in vitro models to mimic cartilage development  

The “developmental engineering” paradigm is a recently introduced concept that aims to 

replicate, to a certain extent, processes and mechanisms occurring during organogenesis and 

tissue formation in order to develop engineered constructs (Lenas, Moos and Luyten, 2009). 

The cell types used in the context of CTE are ESCs and adult human MSCs, while different 

biochemical and physical stimuli are exploited to activate organogenesis pathways 

(Bhattacharjee et al., 2015).  

3D scaffold-free culture methods, such as high-density micro mass and pellet culture, may 

induce strict cell-cell contact and mimic cellular condensation processes. For example, MSCs 

may undergo chondrogenesis if cultured in micro mass pellets (Johnstone et al., 1998). On the 

other hand, scaffold free methods show various drawbacks such as poor mechanical 

properties, uncontrollable shapes, inadequate dimensions (Wang et al., 2005), the formation 

of a necrotic core inside the aggregates, the presence of diffusion gradient that may cause 

lack of homogeneity in cell phenotype and a scarce control of culture condition. Microfluidic 

systems allow to overcome some of these limitations and to generate 3D scaffold free cell 

aggregates in a controlled environment. For instance, by providing a continuous laminar flow, 

these systems eliminate the presence of diffusional gradients ensuring a control over nutrients 

and oxygen supply (Titmarsh et al., 2011; Bhattacharjee et al., 2015). 
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Scaffold-based 3D in vitro models of cartilage development comprises the use of hydrogels, 

fibrous meshes and porous scaffolds. Collagen based hydrogels may promote cell aggregation 

and induce chondrogenesis. In an in vitro study, Zhang et al. reported that collagen type I 

based hydrogel itself promoted MSCs chondrogenesis and lead them to generate neo-

cartilage tissue without the use of exogenous GFs. These effects appear to be influenced by 

the degradation and contraction of the hydrogel (Zhang et al., 2012). Alginate beads hydrogel 

3D models lead to chondrogenic differentiation of human MSCs. Plus, this model allows a 

homogeneous cell positioning, shows a better diffusion of nutrients if compared to pellet 

models and encourage cartilage ECM production. The main drawback of this model is the low 

cell adhesion (Häuselmann et al., 1992; Kavalkovich et al., 2002). Silk based scaffold are highly 

biocompatible, have excellent mechanical properties and cell-controlled degradability. A 

highly porous silk-based scaffold was used for a 3D culture of human MSCs. Interestingly, after 

three weeks of cultivation, MSCs fully differentiated generating a zonal structure similar the 

native AC one (Wang et al., 2005). Also, CS based hydrogels appear to have chondrogenic 

effects on human MSCs (Varghese et al., 2008). 

In order to promote chondrogenic processes, different groups encapsulated within 3D scaffold 

different biochemical signals such as TGF-βs, FGF-2, and HA. For instance, TGF-βs was 

incorporated in different matrices including micro-sphere made of poly (lactic-co-glycolic acid) 

(PLGA), chitosan and gelatin (Lee et al., 2004; Holland, Tabata and Mikos, 2005; DeFail et al., 

2006), polyethylene glycol (PEG) and fibrin hydrogels (Huang et al., 2002; Sridhar et al., 2014). 

An interesting option is represented by the possibility to incorporate peptides within scaffolds 

by covalent bonding, for examples collagen mimetic peptides were incapsulated into PEGDA 

hydrogels to enhance chondrogenesis (Lee et al., 2008). Interestingly, hypoxic conditions were 

shown to promote chondrogenesis in bone marrow MSCs (Tian et al., 2013) and in ESCs (Koay 

and Athanasiou, 2008). Gosh et al. developed a 3D in vitro model of mesenchymal 

condensation to assess the influence of morphological and mechanical features on 

chondrogenesis in the presence of TGF-βs. In this study, different nano-fibrous silk-based 

scaffold were producing via electrospinning by tuning fibres diameter, obtaining different 

construct stiffness. Human MSCs appeared to migrate and aggregate on “soft” scaffolds, 

mimicking their in vivo behaviour during chondrogenesis and demonstrating cells 

sensitiveness to the surrounding environment stiffness and morphology (Ghosh et al., 2009). 
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1.3.2 Modelling cartilage degenerative processes 

For what concerns OA research, both in vivo and in vitro models have been developed in the 

past (Guzman et al., 2003; Grenier, Bhargava and Torzilli, 2014). Animal models may be useful 

to understand long-time effects of cartilage degeneration but inevitably failed to represents 

human pathobiology (Pritzker, 2011). Many OA in vitro models have been designed centred 

on different OA-associated factors (Bhattacharjee et al., 2015), but the two most commonly 

used models are load-based models and cytokine-based models (Johnson, Argyle and 

Clements, 2016). Load-based OA in vitro models may replicate traumatic injury-induced OA 

(Huser and Davies, 2006) or may focus on mechanical stress on cartilage through static and 

dynamic loading (Sauerland, Raiss and Steinmeyer, 2003; Davies et al., 2004). Cytokine-based 

OA in vitro models are very common and generally properly understood. These models are 

typically easy to manage and inexpensive. IL-1β and TNF-α are the most used cytokines in OA 

in vitro models. In OA synovial fluid IL-1 and TNF concentration measures is highly variable 

between experiments and are respectively inferior to 2 ng/ml and 3 ng/ml (Johnson, Argyle 

and Clements, 2016). The quantities used in the correspondent in vitro models are generally 

much more elevated: IL-1β and TNF-α concentrations may rise respectively at up to 100 ng/ml 

and 50 ng/ml (Macrory et al., 2009; Gabriel et al., 2010). The latter condition is applied in 

order to shorten the time needed for OA in vitro study, since usually the disease evolution in 

vivo occurs in several years (Weber et al., 2019). Other molecules such as vascular endothelial 

GFs (VEGFs), IL-6 and IL-8 are rarely exploited. A more in vivo like synergistic effect may be 

obtained by using a combination of different cytokines (Johnson, Argyle and Clements, 2016).  

Different 3D in vitro OA models have been developed during the last decade. Pellet 

chondrocyte culture is the most diffused 3D OA in vitro model. However these models does 

not mimic properly the in vivo OA conditions, because of limited cellular density and poor 

proliferative ability of chondrocyte in the native tissue (Yeung et al., 2019). Miyaki et al. 

produced human MSCs pellet to study microRNA-140 expression pattern during 

chondrogenesis and comparing it to the one of healthy and OA chondrocytes (Miyaki et al., 

2009). Weber et al. developed a scaffold free cytokine-induced model generated by human 

MSCs. In this work, MSCs were cultured for three weeks to produce 3D cartilage transplant via 

mechanical stimulation. Subsequently the constructs were cultured with TNF-α and IL-1β 

enriched medium to simulate OA condition in vivo (Weber et al., 2018). In a study, human 

osteoarthritic chondrocytes were micro-encapsulated into collagen-based microsphere. The 
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construct were exposed to different external factors (serum-free medium, TGF-β and hypoxia) 

to assess phenotypic changes of chondrocytes in order to assess the ability of this model to 

constitute a 3D in vitro model for the screening of novel OA therapeutics (Yeung et al., 2019). 

In another cytokine-induced OA model, healthy chondrocytes were cultured in 3D PEGDA 

hydrogels and exposed to IL-1β. Cells ECM production decreased as well as Coll II and aggrecan 

gene expression while collagen type I and MMP13 gene expression increased (Coburn et al., 

2013). Sun et al. developed a new 3D in vitro OA model by culturing human chondrocytes 

within a silk scaffold in presence of TNF-α and IL-1β or macrophage enriched medium. 

Interestingly, macrophage conditioned medium induced an increase of aggrecan expression 

and a downregulation of Coll II expression (Sun, Wang and Kaplan, 2011). Jutila et al. created 

an OA in vitro model to study the relevance of PCM stiffness for cells mechano-transduction 

during normal and pathological condition. Since PCM stiffness decreases in OA condition, 

chondrocytes were encapsulated in two agarose-based hydrogels at different polymeric 

concentration. Then, the cellular response to mechanical loading was assessed, 

demonstrating that gel stiffness affects chondrocyte behaviour (Jutila et al., 2015). Galuzzi et 

al. produced a IL-1β induced OA 3D in vitro model using two different cell source (nasal and 

articular chondrocytes) and five different cell culture methods: alginate beads, decellularized 

ECM, alginate beads and decellularized ECM, pellet and decellularized ECM, silk/alginate 

microcarriers and decellularized ECM (Fig 1.10). The authors preferred beads and 

microcarriers models since pellet culture need a high number of cells and is very time 

consuming. According to authors, alginate and silk/alginate scaffolds may be easily produced 

and stored via cryopreservation and represent a cheap and ready-to-use platform for OA drug 

screening (Galuzzi et al., 2018). In the future, a potential requirement for a OA 3D in vitro 

model may be a spatial and temporal controlled release of signalling molecules in order to 

recapitulate human pathogenesis (Bhattacharjee et al., 2015).  
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Figure 1.10: Schematics of Galuzzi et al. experimental setup. Five different OA 3D in vitro model were 
creating considering different type of matrix, culture times and number of cells per test (Galuzzi et al., 
2018). 

 

1.3.3 3D in vitro models fabrication techniques 

The classic TE approach to design a 3D in vitro model consist in i) choosing an appropriate 

porous scaffold with a structural architecture, mechanical properties and surface properties 

similar to the desired tissue, ii) selecting the optimal cell source to embed in the designed 

scaffold and iii) deciding the appropriate stimulating factors and eventually designing a 

bioreactor which will provide them (Caddeo, Boffito and Sartori, 2017). For what concerns 

scaffold fabrication methods, TE scaffolding techniques developed for regenerative medicine 

may be used to produce 3D in vitro models (Caddeo, Boffito and Sartori, 2017). Scaffold 

fabrication techniques may be classified into two categories: additive manufacturing (AM) and 

conventional techniques (Santos, Almeida and Bártolo, 2013). Conventional techniques 

include solvent casting and particulate leaching, phase separation, freeze drying, melt 

moulding, gas foaming, fibre bonding and electrospinning. However, these techniques have a 

limited control over the cell positioning and construct microarchitecture , in terms of pore 

size, interconnectivity and distribution (Pereira, Almeida and Bártolo, 2013; Vanderburgh, 

Sterling and Guelcher, 2017). In addition, some of the above-mentioned techniques are not 

able to incorporate biological cues and cells because they work in presence of harsh conditions 

such as high temperature or using organic solvents (Santos, Almeida and Bártolo, 2013). To 



32 
 

fabricate 3D models of complex tissue high temporal and spatial resolutions are needed 

(Moroni, Burdick, et al., 2018). 

AM refers to a class of processes based on the bottom-up production of a solid construct from 

a 3D model data by the aggregation of materials, usually in a layer-by-layer (LbL) fashion (Mota 

et al., 2015). Contrarily to the conventional techniques, AM methods give the opportunity to 

properly control the internal microarchitecture and external shape of constructs, also 

ensuring the reproducibility of these features and the scalability from the tissue plate to the  

anatomic scale (Melchels et al., 2012). Interestingly, it is possible to obtain anisotropic 

mechanical properties, in order to mimic zonal architecture of AC, by varying the structure of 

each layer (Woodfield et al., 2005). The increasing speed of AM machines gives the 

opportunity to manufacture constructs for high throughput drug screening (Vanderburgh, 

Sterling and Guelcher, 2017). AM technologies used in CTE are stereolitography (SLA), fused 

deposition modelling (FDM), powder bed fusion processes, inkjet printing and bioprinting 

(Santos, Almeida and Bártolo, 2013).  

 

1.4 3D Bioprinting  

Biofabrication represents an emerging additive manufacturing research field that deals with 

the generation of functional bio-constructs with a complex hierarchical architecture in an 

automated way and their associated tissue-maturation processes (Groll et al., 2016). 

Bioprinting is a biofabrication technology that allows to recapitulate the microstructure of 

different tissues by a controlled, accurate and simultaneous deposition of various cell type, 

molecules and biomaterials (Mandrycky et al., 2016). This technique allows the production of 

constructs with pre-programmed structures and pattern, based for instance on converted 

medical image, and thus with high reproducibility, potentially enabling high-throughput 

fabrication (Gungor-Ozkerim et al., 2018). More specifically, the positioning of cell-laden 

biomaterials is controlled by digital information form 3D computed aided design (CAD) files 

(Cho et al., 2019). Even if bioprinting is a relatively new technology, it has already 

demonstrated its potential use in regenerative medicine. It was used for the production of 

various living 3D in vitro tissue models, including  heart (Y. S. Zhang et al., 2016), kidney 

(Homan et al., 2016), skin (Min et al., 2018), liver (Knowlton and Tasoglu, 2016), lung (Horváth 

et al., 2015), blood vessels (Kolesky et al., 2016), several in vitro disease model (Ma et al., 
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2018) and it has also been exploited for the production and transplantation of several tissues 

(Murphy and Atala, 2014a; Ozbolat, Peng and Ozbolat, 2016). To date, one of the most 

promising bioprinting device called “Biopen” enables the potential use of this technology 

during surgical operation, directly on the repairing site (O’Connell et al., 2016).  

The term “bioink” is used to describe biomaterials processed during bioprinting that may 

encapsulate cells and/or bioactive molecules (Moroni, Boland, et al., 2018). Hydrogels are 

largely used for this aim due to their ability to provide an aqueous environment to cells and, 

more specifically, are also promising in CTE (You, B. Frank Eames and Chen, 2017). Cells are 

typically embedded in bioinks at a concentration on the order of 1x107 cells per millilitre, 

concentration corresponding to roughly ≤5% total bioink volume (Moroni, Boland, et al., 2018) 

and interestingly similar to the volume concentration of AC chondrocyte observed in vivo 

(Buckwalter, JA ; Mankin,HJ; Grodzinsky, 2005). At these densities, the presence of cells does 

not significantly affect the rheological properties of bioinks during extrusion (Cheng et al., 

2008). In addition to hydrogels, other types of bioink used in bioprinting processes are tissue 

spheroids, cell pellets, tissue strands, microcarriers and decellularized ECM (Hospodiuk et al., 

2017). Hydrogels and cells for CTE will be discussed in detail in the next chapters. 

 

1.4.1 Process and approaches 

The whole bioprinting process may be divided in three stages: i) pre-processing, which 

includes imaging and the choice of process approach, biomaterials and cell type, ii) processing 

and iii) post-processing (Fig. 1.11) (Murphy and Atala, 2014a). In the pre-processing phase 3D 

anatomical data are collected in order to reproduce the targeted tissue structure (Duval et al., 

2017). Medical imaging techniques, including computed tomography (CT) and magnetic 

resonance imaging (MRI), are then exploited to generate CAD files and computer aided 

manufacturing (CAM) models. A manufacturing file created from CAD/CAM models and 

usually converted in STereoLitography (STL) file format, is eventually transmitted to the 3D 

printer. Printing paths are generated by “slicing” STL files in 2D layers, which have a thickness 

ranging from 100 to 500 µm depending on the machine resolution and bioink properties 

(Mandrycky et al., 2016). The processing step deals with the printing of the designed structure 

with an appropriate bioink. The post-processing step involves the culturing and maturation of 

the engineered tissue inside an incubator or a bioreactor, to simulate in vivo conditions, and 

subsequent in vitro testing and/or implantation. To date, bioprinting process is not highly 

automated, thus various manual operations may lead to a slow manufacturing speed and a 
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relatively high chance of errors (Mandrycky et al., 2016; Basu and Ghosh, 2017). 

Three key approaches for 3D bioprinting can be distinguished: biomimicry, biologic self-

assembly and mini-tissue modular building blocks. Biomimicry approach deals with the ideal 

replication of cellular and extra cellular components of a tissue. To this aim, a tissue replication 

up to the microscale is required and so a deep understanding of the target tissue composition, 

architecture, cells and ECM arrangement. Cell laden hydrogel can mimic native anatomy, 

however ECM production, hydrogel degradation and cell proliferation must be taken in 

account for the functional success of the construct (Murphy and Atala, 2014a; Dhawan et al., 

2019). The biological self -assembly approach take inspiration from embryonic organ 

development processes. Autonomous self- assembly exploit the ability of early cellular 

components of a developing tissue to conduct the neo tissue histogenesis, regulating its 

structure, and functional properties. An interesting application of this approach is the 

bioprinting of self-assembling cellular spheroids, and their subsequent fusion and cellular 

organization. For example, cellular spheroids have been bio-printed on collagen-based bio-

paper sheets LbL to obtain tubular structures (Mironov, Prestwich and Forgacs, 2007; Pati, 

Gantelius and Svahn, 2016). The last approach deals with the concept of “mini-tissues”, that 

are defined as the smallest functional blocks of a tissue (e.g. lobules represent liver’s mini 

tissues). Mini tissues may be produced in modules and then assembled to form more complex 

constructs by rational design or self-assembly methods. 3D bioprinting may be used to 

produce mini tissue and to assemble them to fabricate 3D living structures. An interesting 

example of mini tissue is represented by tissue strands, cylindrical building block used as a 

bioink for bioprinting. Tissue strands are produced packing at a high concentration cells inside 

hollow alginate tubule. After cellular aggregation occurs, alginate tubule are dissolved via de-

crosslinking agents (Akkouch, Yu and Ozbolat, 2015; Yu et al., 2016) 
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Figure 1.11 Typical 3D printing fabrication phases. Clinical imaging techniques may be used to generate 
the 3D model of the construct. Design approach includes biomimicry, self-assembly and mini tissues. 
engineered constructs may need a maturation stage before implantation, or alternatively can be used 
as 3D models. Step 3 to 5 will be discussed later. Some (Murphy and Atala, 2014a) 

 

1.4.2 3D Techniques classification 

3D bioprinting technique can be primary classified into three methods based on the working 

principle: extrusion-based, laser-assisted and droplet/inkjet-based printing. A concise 

comparison of these methods is provided in Table 3. 

Laser-assisted printing (Fig. 1.12 A) is a bioprinting strategy that utilizes laser-based modalities 

to induce bioink release. The main components are a pulsed laser source, a laser focusing tool, 

a donor layer, and a collector for the positioning of bioink droplets. The donor layer is 

composed by an upper “ribbon” structure, consisting in a metallic laser-energy absorbing layer 

(e.g. gold or titanium), and bottom bioink solution film. The absorption layer prevents direct 

interaction between bioink and the laser. During the printing process the laser beam is focused 

on a small area of the ribbon, inducing a temperature increase that generates a high-pressure 

bubble, causing the ejection of a small droplet of the underneath suspended bioink 

(Mandrycky et al., 2016; Huang et al., 2017). The main advantages of this technique are high 

resolution (the droplet volume can be controlled in a range of 10 - 7000 pl) (Pati, Gantelius 

and Svahn, 2016), the possibility to use higher cell concentration than inkjet printing and 

relatively high viscous bioink, and an high cell viability (due to the lack of a nozzle and the non-

contact printing). However, laser assisted printers are expensive, the procedure is time 
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consuming and the manipulation of the laser system is complex, plus side effects of laser 

exposure on cell are not yet fully understood (Mandrycky et al., 2016). 

 

 

Figure 1.12:  The main three techniques of 3D bioprinting: A) laser assisted printing, B) inkjet-based 
printing, C) extrusion-based printing (Pati, Gantelius and Svahn, 2016) 

 

Inkjet based printing (Fig. 1.12 B) was the first developed method used in TE (Tuan, Boland 

and Tuli, 2002) and shows similarities to traditional 2D inkjet printing (Singh et al., 2010). It is 

a non-contact technique that consists in depositing small volume ink drops (Pati, Gantelius 

and Svahn, 2016). A hydrogel pre-polymer solution embedding living cells is loaded in the ink 

cartridge, representing the bioink reservoir, that is directly connected to the printer head 

(Mandrycky et al., 2016). To date four different inkjet-based printing techniques exists, 

respectively named piezoelectric, thermal, electrostatic, acoustic inkjet printing. The first two 

are also the most used for cell-based construct manufacture. Thermal inkjet printers 

electrically heat the printer head up to 300°C, producing a high-pressure air pulses that lead 

to the ejection of bioink droplets from the nozzle (Ihalainen, Määttänen and Sandler, 2015; 

Huang et al., 2017). The short duration of the heating lead to a low overall temperature rise 

(5-10 °C) that does not have a relevant impact on cells viability and molecules stability. 

Thermal inkjet printing is an economic and rapid technique, but shows various drawbacks 

including frequent nozzle clogging and poor droplet directionality (Murphy and Atala, 2014a). 

Piezoelectric inkjet printers contain a piezoelectric crystal that generates a mechanical 

pressure when voltage is applied. The generated pressure extrudes bioink droplets outside 

the nozzle. The main drawback of this method is the working frequency range (15-25 kHz) that 

cause cell damages and membrane lysis. Thus, thermal inkjet printing is more suitable for TE 

applications (Huang et al., 2017). Overall, inkjet printing main advantages are low cost, high 
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working speed high resolution, and relatively high cell viability. On the other hand, inkjet 

printing main limitations are low material viscosity and cell concentration. (Murphy and Atala, 

2014a; Mandrycky et al., 2016). 

Extrusion-based printing (Fig. 1.12 C) is regarded as the most suitable 3D bioprinting technique 

for the production of living constructs with high cell concentration (Malda et al., 2013) and is 

the most used bioprinting methods for the fabrication of CTE constructs, being involved in 

approximately 85% of publications (Mouser et al., 2017). This technique may be seen as a 

modification of inkjet printing in order to extrude more viscous bioinks (Huang et al., 2017). 

Among all the bioprinting methods, because of the extrusion mechanism and larger nozzle 

dimensions, extrusion based printing possess the highest flexibility (Hospodiuk et al., 2017). 

Usually, extrusion bioprinting systems are composed by a temperature-controlled bioink 

dispensing system and stage (one or both able to moves along x, y, and z direction), a light 

source that provides illumination and/or curing for photo-crosslinkable hydrogel-based 

bioinks, and optional video camera and humidifier (Murphy and Atala, 2014a). Extrusion 

printers function by automated extrusion of bioink, that is deposited on a collector plate 

through the extrusion head. Differently from the previous methods, extrusion bioprinting 

enables the printing of continuous cylindrical bioink filaments by applying a continuous 

pressure (Ozbolat and Hospodiuk, 2016) and allows to operate at room or physiological 

temperature (Kumar et al., 2016). 3D extrusion printers may be classified in base of their 

dispensing systems, that can be pneumatic (air force pump) or mechanical (piston or screw-

based). While mechanical dispensing systems allows a more accurate control over the bioink 

disposition than pneumatic bioprinters (that suffers of a delay of the compressed gas volume), 

the latter have higher pressure capabilities (Murphy and Atala, 2014a). Screw-based 

bioprinting enable a more accurate spatial control, but may damage cells during the process 

(Dababneh and Ozbolat, 2014). Extrusion bioprinting have a good compatibility with various 

types of biomaterials and bioink, including cell spheroids, with a wide range of viscosities. 

These systems often have more than a printing head, enabling the deposition of different 

bioinks at the same time (Huang et al., 2017). As mentioned before, the main advantage of 

this techniques is the possibility to deposit high viscous bioink with high cell concentration, 

creating constructs with clinically relevant sizes (Pantani and Turng, 2015). However, cells 

experience mechanical stress during printing, that are thought to decrease cells viability. 

Increasing nozzle diameter and/or reducing dispenser pressure may increase cell survival but 
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at the expense of a diminished processing speed and resolution (Murphy and Atala, 2014a). 

Other drawbacks are nozzle clogging, relative slow printing speed and scarce resolution since 

the filament thickness is limited by the extrusion to approximately 200 µm. Plus, hydrogel-

based bioinks utilization may be complex because of gelation requirements and, after printing, 

cells may suffer dehydration and shortage of nutrients (Dhawan et al., 2019).  

 
 

3D Bioprinting technique 

 

 
Inkjet Extrusion Laser-assisted Reference      

Cost Low Medium High (Jones, 2012) 

Preparation time Low Medium-low Medium-high (Murphy and Atala, 
2014a) 

Processing speed Fast Slow, 10 μm/s 
to 700 mm/s 

Medium, 200 
to 1600 mm/s 

(Hölzl et al., 2016; Cho et 
al., 2019) 

Material viscosity 3.5 to 12 
mPa/s 

30 to above 
6x106 mPa/s 

1 to 300 
mPa/s 

(Chang et al., 2011; 
Guillemot et al., 2010;) 

Cell viability >85% 80% to 90% >95% (Catros et al., 2011; Hölzl 
et al., 2016) 

Cell density Low, <106 
cells/ml 

High, cell 
spheroids 

Medium, 108 
cells/ml 

(Murphy and Atala, 
2014a) 

Resolution High, 10 to 50 
µm 

Medium, 200 
to 1000 µm 

High, 10 to 
100 µm 

(Ozbolat and Yu, 2013; 
Hölzl et al., 2016)  

Table 3 Comparison of the main 3D Bioprinting techniques 

 

1.4.3 Limits and prospects 

The first drawback of 3D bioprinting is the limited resolution to accurately recapitulate the 

ultrafine tissue architecture and organization. Currently, only laser-assisted approaches can 

reach a micro-scale resolution (Cho et al., 2019). Also, two big challenges are represented by 

the need of increasing printing speed and scaling up. Cells viability decrease as printing time 

increase and to date reported works are widely based on small construct sizes (Ma et al., 

2018). Material selection remain a key concern for bioprinting, and incorporating multiple 

materials is often challenging. Bioink preparation may last weeks due to biomaterial 

production and cell expansion (Mandrycky et al., 2016). Standardization and optimization of 

the printing processes, in order to ensure sterility and minimize manual handling in the respect 

of Good Manufacturing Practice, are also needed (Mouser et al., 2017). The optimization of 
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the printing process also involves the choice of appropriate printing parameters, including 

deposition speed, dispenser and chamber temperature, nozzle diameter, dispenser travel 

speed, single layer height. Moreover, the success of 3D bioprinting is affected by the selection 

of design parameters, such as fill density, pore dimension, overall porosity (Basu and Ghosh, 

2017). All the three bioprinting techniques have difficulties in printing hollow structures and 

there is a lack of reliable methodologies to print pre-vascularised tissues (Mandrycky et al., 

2016). Finally, the biofabrication of engineered construct need a large number of cells, that 

are often difficult to obtain (Moroni, Boland, et al., 2018).  

TE is a highly multidisciplined field, thus advances of both research and technology in 

medicine, chemistry, material science, engineering and biology are necessary to overcome 3D 

bioprinting limits and realize complex 3D in vitro models (Mandrycky et al., 2016; Huang et al., 

2017). Even if great progresses have been achieved In biomaterials development for TE, 

relatively few advances for 3D bioprinting biomaterials development have been made 

(Hospodiuk et al., 2017). An interesting future perspective is represented by 4D bioprinting, a 

biomimetic technology that takes inspiration from natural shape morphing systems, like nastic 

plants. Simplistically, 4D bioprinting adds the fourth dimension of time to 3D bioprinting. This 

technology theoretically exploits the combination of “smart” materials compatible with 3D 

printing (e.g. supramolecular hydrogels or shape memory biomaterials) and time-dependent 

external stimuli during printing process and/or tissue maturation. This technology will ideally 

enable the production of a wide variety of constructs with sophisticated structure and high 

resolution (Sydney Gladman et al., 2016; Hendrikson et al., 2017). 

 

1.5 Bioinks for 3D Bioprinting  

3D bioprinting processes often involves the utilization of biomaterials as a vehicle for cell 

loading and to provide scaffolding for cells. The materials used for 3D bioprinting may be 

divided in two categories. The first one includes curable polymers produced via thermal 

processes and often used as scaffolds. In this case, cell seeding occurs after the printing 

process of the scaffold. The second category deals with bioink based on materials capable to 

store large water quantities, loaded with viable cells and other components such as 

biomolecules and drugs, including hydrogels (Pati, Gantelius and Svahn, 2016). 
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1.5.1 Bioink properties and bioprinting parameters relationships 

The choice of a suitable material for 3D bioprinting and its performance in specific applications 

depend on different properties. Firstly, biocompatibility should be considered. The bioprinted 

material must be cytocompatible and non-immunogenic, while its degradation products 

should be non-toxic and should not elicit negative effects during in vitro maturation phase 

(Atala and Yoo, 2015). The printability refers to the ability of a bioink to be accurately 

deposited, by applying small printing pressures inferior to 3 bars, and to maintain the designed 

3D structure with structural fidelity over time. Printability is influenced by processing 

parameters, such as nozzle diameter and crosslinking methods, and by material characteristics 

such as viscosity, surface tension and rheological properties. There is a lack of standardization 

to quantify printability, a qualitative analysis may be performed by comparing the printed 

structure to the CAD file geometry (Ballyns et al., 2009; He et al., 2016; Zhuang et al., 2019). 

Bioink’s gelation kinetics are also crucial for the preservation of 3D structure, during the 

process the printed material should stabilize in the least time possible (Basu and Ghosh, 2017). 

Material should be selected based on the required mechanical properties of the construct, 

crucial for the maintenance of the 3D geometry and ideally matching those of the target tissue 

(Murphy and Atala, 2014b). If the construct is designed for implantation, the degradation rate 

should ideally match the rate of neo-tissue formation (Raghunath et al., 2007). Viscosity is a 

key parameter, affecting the cell encapsulation and sedimentation within hydrogels (Zhuang 

et al., 2019), and is influenced by temperature, polymer concentration and molecular weight 

(You, B Frank Eames and Chen, 2017). Shear-thinning behaviour, by which the viscosity 

decrease as shear rate increase, is also a desirable bioink characteristic, especially for 

extrusion based bioprinting processes (Guvendiren, Lu and Burdick, 2012; Cho et al., 2019). 

Also pseudo-plasticity, a form of shear-thinning, is a favourable rheological property for 

bioprinting (Melchels et al., 2014). Bioinks used for extrusion bioprinting should show flow 

interruption immediately after deposition (Müller et al., 2015). Furthermore, standardization 

of bioink formulation represents a pressing need for various bioprinting applications (Gungor-

Ozkerim et al., 2018). 

As mentioned in section 1.4.3, the main printing parameter include deposition speed, 

dispenser and chamber temperature, nozzle diameter, printing pressure and printing time. 

These parameters are related to bioink properties and together affect loaded cells’ viability 

and function. Every time a novel bioink is developed, a new set of printing parameters and 
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material properties should be optimized considering the chosen cell type (Panwar and Tan, 

2016). Figure 1.13 summarizes the relationship between bioink properties, processing 

parameters and cell laden bioinks. In general a good viscosity lead to an appropriate 

printability and shape fidelity, however high viscous bioink requires significant extrusion 

forces that may expose the embedded cells to elevate shear stresses (Melchels et al., 2014; 

You, B Frank Eames and Chen, 2017). For instance, it has been reported that chondrocyte 

behaviour is impaired when cells are exposed to shear stresses higher than approximately 160 

Pa (Müller et al., 2017). Viscosity appears to be a limiting factor for bioinks miscibility with 

cells (Mouser et al., 2016a). Plus, bioinks with high viscosity and high polymer concentration 

may compromise cell viability, proliferation and mobility (Malda et al., 2013). As well as shear 

stresses, also increased residence times of cell within the needle tip may damage cells during 

bioprinting processes (Paxton et al., 2017a). Cell viability decreases by diminishing nozzle 

diameter, raising dispensing force and with the increase of printing time, since cells are 

exposed for more time to the printer chamber environment that may be not completely 

sterile. Regarding temperature sensitive hydrogels, cell viability increases if nozzle and/or 

chamber temperature are raised up to a threshold temperature of 37°C (Panwar and Tan, 

2016). The printing process may affect various function of embedded cell, but in many cases 

cells viability is the only assessment performed to evaluate bioink’s and process quality. Thus, 

more extensive biological test should be conducted for better evaluations (Mouser et al., 

2020) 
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Figure 1.13: Relationships between bioink properties and printing parameters. 

 

1.5.2 Hydrogel properties 

Hydrogels are the most used material to produce living 3D constructs via bioprinting (Pantani 

and Turng, 2015). These are attractive biomaterials for TE consisting in hydrophilic polymer 

capable of hold large volume of water, retaining it up to a thousand time their dry weight, 

usually forming crosslinked 3D networks that can extensively swell but not dissolve in aqueous 

environments (Ahmed, 2015). As scaffolds, they enable an efficient nutrient, gas and waste 

transport and, owing to their highly hydrated environment, resemble soft tissue ECM more 

than other polymeric materials, providing an ideal micro-environment for cell proliferation 

and differentiation (Raghunath et al., 2007; Zhu and Marchant, 2011). Hydrogels mechanical 

and biochemical features, as well as composition and architecture may be finely tuned to 

adapt to different biomedical application (Yue et al., 2015). For instance, hydrogel mechanical 

strength may be controlled by varying polymer concentration (Krogstad et al., 2013). 

Interestingly, hydrogels may show mechanical, lubricating, and swelling properties like native 
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AC. Subsequently, they may promote chondrocyte adhesion (Cushing and Anseth, 2007) and, 

due to their viscoelastic nature, they allows an efficacious load transfer to chondrocytes 

involving mechano-transduction processes. Moreover, hydrogel 3D network lead cells to 

assume a rounded morphology, promoting or maintaining chondrogenic phenotype (Spiller, 

Maher and Lowman, 2011).  

The main hydrogel-based bioink used for CTE are reported in Table 4. Hydrogels are typically 

categorised, according to their material source, in natural and synthetic hydrogels and both 

classes have been used for bioprinting applications (You, B Frank Eames and Chen, 2017). In 

general, hydrogels produced from natural polymers, such as collagen and chitosan, exhibit 

excellent biocompatibility and biodegradability and possess bioactive motifs. They possess the 

potential to support chondrogenic growth, proliferation and cartilage formation (Spiller, 

Maher and Lowman, 2011; Yang et al., 2017). Natural hydrogel used as bioink may derive from 

plants or animals, the latter type generally supporting better cell adhesion and growth 

(Panwar and Tan, 2016). Two of the main drawbacks of natural hydrogel are limited control of 

their degradation kinetic (Yang et al., 2017) and low mechanical properties: hydrogels may be 

not sufficiently strong for application in load-bearing sites in the body (Levato et al., 2014). 

Furthermore, some of natural hydrogels are not very suitable in terms of printability, and 

efforts have been made to overcome this problem by exploiting chemical modification or by 

mixing different natural materials (Cho et al., 2019). Synthetic hydrogels possess superior 

mechanical resistance, reproducible composition, and interesting tailorable properties such 

as biodegradability. They are biocompatible but often show limited bioactive properties, 

including cell adhesiveness. However, they can be functionalised or combined with natural 

hydrogels to promote a better control over cell functions (Pantani and Turng, 2015; Yang et 

al., 2017). 

Hydrogels for biomedical applications may be produced, according on polymers distinctive 

characteristics and/or the presence of functional groups, via various crosslinking processes. 

Crosslinking mechanism are generally classified in i) physical and ii) chemical or covalent 

crosslinking, each one resulting in hydrogels with different properties. Physical crosslinking is 

typically obtained by varying environmental factors including pH, temperature, and ion 

concentration. For example, multivalent cations may be used at different concentrations to 

form physical crosslinks between polysaccharides molecules, generating gels with various 

mechanical strengths (Kaklamani et al., 2014). Physical crosslinking involves molecular 
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structure changes, polymer chains entanglements and/or generation of weak bonds such as 

hydrogen bonds or hydrophobic interactions, leading to phase transition and the formation of 

a reversible semi-stable network (Chung and Burdick, 2008b; Yang et al., 2017). Chemical 

crosslinking reactions deals with the interactions between two or more functional groups 

located on two different polymers that gives rise to covalent bonds, leading to the formation 

of a stable polymer network (Berger et al., 2004). Covalent crosslinking reactions may be 

induced by various methods including introduction of crosslinking agents (Maitra and Shukla, 

2014), dehydrothermal treatments (Ozeki and Tabata, 2005), and ultraviolet light irradiation 

(Mironi-Harpaz et al., 2012). Photopolymerization is one of the most used chemical 

crosslinking methods. During the process, in the presence of a photo-initiator, monomers or 

oligomers forms a stable polymeric network when exposed to light irradiation (Hospodiuk et 

al., 2017). Photo-crosslinkable hydrogels represent interesting materials for 3D bioprinting 

since they allow rapid crosslinking reactions under mild and cytocompatible conditions. 

Photopolymerization may occur during or just after the deposition of bioprinted filaments to 

stabilize them (Pantani and Turng, 2015). The second option can compromise the quality and 

limit the size of the construct since ultraviolet light may not homogenously illuminate large 

structures (Levato et al., 2014). Both chemical and physical crosslinking are exploited to 

improve shape fidelity and increase mechanical strength (Panwar and Tan, 2016). Controlling 

the network crosslinking density, for instance through UV exposure time, allows to tune 

various hydrogel characteristics, including shape fidelity, mechanical strength, diffusion 

coefficient, degradation profile and swelling ability. The swelling ratio, that can be interpreted 

as of a hydrogel capacity to absorb water, is connected to the crosslinking density (Spiller, 

Maher and Lowman, 2011) and to charge density (Okay, 2009). High crosslinking degree lead 

to lower swelling ratio and hydrogel pore diameter compromising the diffusion of nutrients 

and waste product, thus affecting cell proliferation, migration and ability to homogeneously 

colonize a scaffold (Malda et al., 2013; Levato et al., 2014). If there is no mechanical 

stimulation, the main characteristics that influence neo cartilage tissue formation in CTE 

constructs appears to be crosslinking density (Spiller, Maher and Lowman, 2011). Crosslinking 

processes are also important for cell encapsulation; for what concerns photopolymerization 

the photo-initiator concentration, light exposure time and intensity must be optimized since 

cytocompatibility may be compromised by prolonged UV light exposure and possible cytotoxic 

effect of radicals produced by the dissociation of photo-initiator (Mironi-Harpaz et al., 2012). 
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However, it has been reported that UV exposure time may have a negligible effect on 

bioprinted cell viability, mainly affecting printing resolution (Zhuang et al., 2019). The 

presence of embedded cells may influence hydrogel rheological properties, such as viscosity 

(Billiet et al., 2014), and mechanical properties (Hölzl et al., 2016). For instance, chondrocyte 

encapsulation within agarose hydrogels results in higher tensile and compression equilibrium 

modulus than acellular constructs with the same polymer concentration (Buckley et al., 2009).  

Alginate is a natural anionic polysaccharide derived from brown seaweeds, extensively used 

as a hydrogel for biomedical application due to its relatively low cost, biocompatibility and 

mild gelation process. Alginate gelation is obtained by ionic crosslinking at room temperature 

in the presence of divalent cations such as Ca2+ (Yang et al., 2017). This polysaccharide is 

bioinert and lacks of cell binding domains, but it is possible to combine alginate with other 

hydrogel (Panwar and Tan, 2016) or to chemically modify it in order to enhance cell adhesion 

(Jia et al., 2014). Because of its shear thinning behaviour, good printability, versatility, and fast 

gelation alginate hydrogels are one of the most investigated systems in 3D bioprinting 

(Unagolla and Jayasuriya, 2020), however even after crosslinking alginate forms relatively soft 

gels making difficult the generation of multi layered constructs (Panwar and Tan, 2016). 

Alginate may be bioprinted as a sacrificial material for the fabrication of anatomically shaped 

cartilage constructs (Visser et al., 2013). A chondrocyte-embedding bioink composed by 

alginate and polycaprolactone (PCL) was used to fabricate a 3D scaffold (Kundu et al., 2015). 

Alginate hydrogels appear to support growth and proliferation of embedded chondrocytes, to 

maintain chondrogenic phenotype (Yang et al., 2017), and to promote the formation of neo 

cartilage with similar mechanical characteristics to native tissues (Lima et al., 2006). 

Similarly to alginate, agarose is a polysaccharide refined from marine algae. It is largely 

exploited for the production of electrophoresis membranes and in TE due to its gelling 

properties (Gasperini, Mano and Reis, 2014). Agarose forms hydrogel by thermal induced 

physical crosslinking. This material solidifies at low temperatures, while becomes solution at 

temperature ranging from 20°C to 70°C (Hospodiuk et al., 2017). As with alginate, agarose 

possess good biocompatibility but lacks of cell adhesion moieties (Tanaka et al., 2016). 

Agarose hydrogels represent suitable bioinks for 3D printing because of their easily controlled 

physical properties, moreover after gelation constructs exhibit good stability and excellent 

thickness (Hospodiuk et al., 2017; Cho et al., 2019). Because of its thermosensitive 

characteristic agarose hydrogels can be exploited as sacrificial materials for the production of 
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hollow channels within bulk constructs (Norotte et al., 2009). It has been reported that 

agarose hydrogels possess notable biomechanical characteristics such as viscoelasticity similar 

to those of cartilage; they are able to maintain chondrogenic phenotype of encapsulated cells, 

as well as promote chondrogenic differentiation of embedded MSCs (Yang et al., 2017). 

Chitosan is a cationic linear amino polysaccharide obtained from deacetylation of chitin, 

refined from various renewable sources including crustacean shells and mushrooms (Croisier 

and Jérôme, 2013). It is a promising material for TE because of its good biocompatibility, anti-

bacterial activity, wound healing properties, and biodegradability. Plus, its chemical structure 

is similar to that of human GAGs and it forms hydrogel with a viscosity suitable for bioprinting 

process (Dai et al., 2011; Panwar and Tan, 2016). Chitosan gelation may be obtained via 

enzymatic (Jin et al., 2009), ionic (Pierog, Gierszewska-Drużyńska and Ostrowska-Czubenko, 

2009) or chemical crosslinking (Goycoolea et al., 2003), the latter strategy is performed 

through chitosan derivates, chemically modified to expose specific functional groups (Yang et 

al., 2017). Chitosan drawbacks includes low cell adhesion property (Hsu et al., 2004), relatively 

rapid dissociation under physiological conditions, weak mechanical integrity (Panwar and Tan, 

2016). Furthermore, chitosan based bioinks possess reduced printability and unstable 

mechanical features (Montembault et al., 2006), limiting the use of this biomaterial for the 

fabrication of large scale constructs (Geng et al., 2005). In order to increase printability and 

shape fidelity, chitosan may be used in combination with other polymers such as alginate and 

agarose (Panwar and Tan, 2016). 

Carboxymethyl cellulose is a semi-flexible polymer refined from cellulose, and can form 

thermo-sensitive hydrogel by adjusting its features such as molecular weight and degree of 

methylation. The gelation of carboxymethyl cellulose water solution occurs at temperature 

below 37°C (Kobayashi, Huang and Lodge, 1999; Thirumala, Gimble and Devireddy, 2013). 

Nanocellulose-based bioinks were used to create via 3D bioprinting patient specific auricular 

cartilage tissue, with the resulting structures showing good cell viability, shape fidelity and 

mechanical integrity (Ávila et al., 2016). Cellulose may be used also in combination with other 

polymers to create composite bioinks. For instance, nanocellulose alginate-based bioinks 

were used for the bioprinting of human chondrocytes, the fabricated constructs were shown 

to possess excellent mechanical properties and to preserve cell viability (Markstedt et al., 

2015).  



47 
 

HA, previously descripted in section 1.1.2, has been largely investigated in TE because of its 

capacity to form flexible hydrogel. HA is extremely biocompatible and biodegradable, plus HA 

aqueous solutions are highly viscous, making HA suitable for bioprinting applications (Cho et 

al., 2019). HA based bioinks possess slow gelation rate and limited mechanical characteristics; 

therefore HA molecules are often chemically modified with photo-crosslinkable functional 

groups (e.g. methacrylate groups) to enable photo-crosslinking and improve rheological and 

mechanical properties (Hospodiuk et al., 2017). For the same reasons, HA based bioink are 

often mixed with other polymers, including gelatin and alginate (Unagolla and Jayasuriya, 

2020). As scaffolds, HA based hydrogels stimulate chondrocytes to produce Coll II, CS and 

aggrecan; moreover, they support both in vitro and in vivo early MSCs differentiation onto 

chondrogenic lines and the formation of neo cartilaginous tissues (Yang et al., 2017). 

Fibroin is a natural polymer, obtained by removing the sericin coating from silk, in turn 

produced by spiders and silkworms such as Bombyx mori (Kundu et al., 2013). Silk fibroin 

represent an attractive biomaterial due to its good biocompatibility, high elasticity, robust 

mechanical characteristics, slow degradation rate and low immunogenicity (Vepari and 

Kaplan, 2007). Fibroin hydrogels are produced by different methods involving a molecular 

conformation change. Gelation of fibroin is obtained via different processes including 

sonication, lyophilization, additions of ions and photo crosslinking after chemical modification 

(Cho et al., 2019). Silk based bioinks high viscosity can lead to nozzle clogging during the 

printing process, however this limit may be overcome by using recombinant spider silk based 

bioinks (Panwar and Tan, 2016). Fibroin hydrogels support chondrocyte proliferation and 

chondrogenesis (Zhao et al., 2013a), however is desirable to enhance chondrocyte adhesion 

by introducing RGD sequence in fibroin chemical structure (Kambe et al., 2010). 

Collagen is one of the most exploited material for biomedical application because of 

availability, processability and biocompatibility (Cho et al., 2019). Collagen type I is the mostly 

investigated collagen type for the production of bioinks for 3D bioprinting (Unagolla and 

Jayasuriya, 2020). At low temperatures collagen type I solutions remain in a liquid state, while 

undergoes gelation at neutral pH or raising up temperatures. However, collagen-based bioink 

processing is difficult because of low gelation rate: at 37°C gel formation lasts more than ten 

minutes, also leading to a non-homogeneous cell distribution (Hospodiuk et al., 2017). 

Collagen hydrogels possess low mechanical properties and there are limitations for the 

production of bulk constructs via 3D bioprinting because of reduced mechanical stability (Cho 
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et al., 2019). Plus, it has been reported that collagen type I hydrogels enhance in vitro 

chondrogenesis and ECM production and MSC chondrogenic differentiation (Yang et al., 

2017). 

Gelatin is a biomaterial obtained by denaturation of collagen extensively used in 

pharmaceutical and food industries (Hospodiuk et al., 2017). Gelatin preserve in its structure 

the bioactive sequences of collagen, including RGD motifs and metalloproteinase sensitive 

degradation sites, while showing lower antigenicity (Barbara J Klotz et al., 2016). Other 

principal advantages of gelatin are low cost, biocompatibility, non-toxic degradation products 

and simple processability (Gungor-Ozkerim et al., 2018). Gelatin solutions, as opposed to 

collagen, undergoes gelation via thermosensitive crosslinking at temperatures lower than 

30°C (Yang et al., 2017). Gelatin may be used as an additive to other bioinks to improve their 

printability, mechanical properties and enhance cell adhesion and proliferation (Axpe and 

Oyen, 2016). However, the main limitations for the use of gelatin in biomedical applications 

are fast enzymatic degradation, gel dissolution at 37°C and the consequent reduced 

mechanical stability (Raucci et al., 2019), thus gelatin is rarely used in its natural form as a 

bioink (Hospodiuk et al., 2017). Moreover, gelatin based bioink exhibit poor bioprinting 

resolution (Panwar and Tan, 2016). To solve these problems, gelatin may be covalent 

crosslinked without prior chemical modification by using aldehydes or genipin, the second one 

being less cytotoxic; on the other hand this approach does not allow a precise control over 

crosslinking density, so chemically modified gelatin has gained interest for 3D printing 

applications (Barbara J. Klotz et al., 2016). Gelatin chemically modified with methacryloyl 

functional groups (GelMA) represent an attractive material for TE because of its bioactivity, 

tuneable mechanical properties (Barbara J. Klotz et al., 2016), low immunogenicity and 

biocompatibility (Loessner et al., 2016). GelMA undergoes photo-crosslinking when exposed 

to UV radiations, and the final characteristics of the hydrogel are affected by parameters like 

light exposure time and intensity (Barbara J. Klotz et al., 2016). GelMA is widely used as a 

bioink embedding different cell type for various TE applications (Unagolla and Jayasuriya, 

2020). GelMA bioinks has been used for 3D bioprinting of CTE constructs with chondrocytes 

and MSCs; chondrocytes exhibit good viability one day after printing, while MSCs cells 

underwent chondrogenic differentiation after few weeks (Yang et al., 2017). However, GelMA 

hydrogels mechanical properties are not good enough for cartilage repair applications; to 

address this limitation various method have been proposed, including alternated printing with 
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PCL (Unagolla and Jayasuriya, 2020). Other worth mentioning natural hydrogels used for CTE 

are decellularized ECM (dECM) based hydrogels and fibrin-based hydrogels (Roseti et al., 

2018). 

PEG and Pluronic® are the two most exploited synthetic polymers for 3D bioprinting 

(Gopinathan and Noh, 2018). PEG is a biocompatible and hydrophilic polyether, extensively 

investigated as a hydrogel for TE and drug delivery applications (Zustiak and Leach, 2010). PEG 

can be prepared with linear or branched structures, is very versatile and its mechanical 

properties are easily tailorable (Panwar and Tan, 2016). PEG-based bioink possess good 

mechanical characteristics that generally lead to good printability and shape stability of the 

obtained constructs (Gungor-Ozkerim et al., 2018). PEG can be used in combination with other 

materials for 3D printing applications in order to enhance the mechanical features of the 

deposited structure (Hockaday et al., 2012). However, PEG is a bioinert material, so it needs 

to be mixed with other bioactive hydrogels (Gungor-Ozkerim et al., 2018) or to be 

functionalized with cell adhesion motifs like RGD (Chimene et al., 2016). PEG hydrogels 

support chondrocyte and MSCs proliferation, and also promote MSCs chondrogenic 

differentiation in presence of GFs and mechanical loading (Yang et al., 2017). Similarly to 

gelatin, PEG is widely used also in its photo-crosslinkable forms PEG-diacrylate (PEGDA) and 

PEG-tetracrylate (PEGTA) (Gungor-Ozkerim et al., 2018). Pluronic® is a thermo-sensitive block 

copolymer used in different biomedical fields including 3D bioprinting. Pluronic® bioinks 

possess good printability, shear thinning behaviour. However, when used as a bioink, high 

polymeric concentrations are needed to ensure acceptable rheological properties for 

extrusion bioprinting. This compromise its ability to support long term cell viability, limiting its 

direct use. This synthetic polymer can be modified to include photo-crosslinkable groups in 

order to increase mechanical integrity that is generally poor (Müller et al., 2015). Pluronic® 

has been extensively used as a sacrificial bioink, because he liquefies at temperature inferior 

to 4°C (Gungor-Ozkerim et al., 2018).   
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  Advantages in CTE Crosslinking 

type 
Polymer 
concentration 
(w/v) 

Printabili
ty 

Advantages in 3D 
bioprinting 

Drawbacks 

       

Alginate Maintain chondrogenic 
phenotype 

Ionic 1 to 2% High Fast gelation Low cell adhesion 

 
Support chondrocyte 
proliferation  

   
Mild gelation process 
conditions 

Difficult to print 
multilayer 
structures 

     
Low cost Mechanically 

unstable for 
prolonged culture 

       

Agarose Maintain chondrogenic 
phenotype 

Thermal 0.3% to2% High Good stability of bioprinted 
structures 

Low cell adhesion 

 
Stimulate MSCs chondrogenic 
differentiation 

   
Can be used as a sacrificial 
material 

 

       

Chitosan Structurally similar to cartilage 
GAGs 

Enzymatic 1.5% to 3% Low 
 

Slow gelation rate 

 
Maintain chondrogenic 
phenotype 

Ionic 
   

Low mechanical 
stability 

 
Support chondrocyte 
proliferation 

Chemical  
    

 
Stimulate adipose stem cells 
and MSCs chondrogenic 
differentiation 

     

       

HA Cartilage ECM component  Photochemical 
(after 
functionalization) 

2% to 6% Average High viscosity Poor mechanical 
properties 

 
Extensively investigated as a 
biomaterial for CTE 

Enzymatic (after 
functionalization) 

   
Slow gelation rate 

 
Stimulate MSCs chondrogenic 
differentiation 

Physical  
    

 
Stimulate synthesis of cartilage 
ECM components 

     

 
Enhance cartilage tissue 
formation in vitro and in vivo 

     

       

Silk 
Fibroin 

Support chondrocyte 
proliferation 

Various 5% to 10% (With 
PEG) 

Average Robust mechanical 
properties 

Rheology 
optimization 
required  

Stimulate MSCs chondrogenic 
differentiation 

 
3% (Recombinant) 

  
Nozzle clogging 

 
Low immunogenicity 

 
10% to 17% (With 
gelatin) 

  
Limited cell 
adhesion 

       

Collagen Cartilage ECM component  Thermal 0.223% to 0.3%  High High cell adhesion Slow gelation 
 

Support MSCs proliferation 
and chondrogenic 
differentiation 

pH-mediated 
   

Limited 
mechanical 
properties and 
stability  

Stimulate chondrocyte 
proliferation and ECM 
formation 
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Gelatin Rarely used for CTE application Thermal 10% to 20% Average Low cost 
Limited 
mechanical 
properties  

  
Enzymatic 

  
High cell adhesion Reduced 

resolution   
Covalent 
(aldehydes, 
genipin) 

  
Additive to enhance cell 
functions 

 

     
Additive to enhance mech. 
properties 

 

       

GelMA Promote neo-cartilage ECM 
production by chondrocyte 

Photochemical 5% to 20 % High High cell adhesion 
 

 
and chondroprogenitor cells 

   
Additive to enhance cell 
functions 

 

 
Promote MSCs chondrogenic 
differentiation 

   
Additive to enhance mech. 
properties 

 

       

PEG-
based  

Support chondrocyte and 
MSCs proliferation 

Photochemical 10% to 20% High Good mechanical properties 
and stability 

Low cell adhesion 

     
Additive to enhance mech. 
properties 

 

Pluronic® 
Support chondrocyte growth 
with chitosan 

Thermal 10% to 20% High 
Can be used as a sacrificial 
material 

Poor mechanical 
properties 

  Photochemical    Low cell adhesion  

Additional references: Bełdowski et al., 2018; Chawla et al., 2018; Demirta\cs et al., 2017; Duarte Campos et al., 2015; Gopinathan and Noh, 2018; Jin et al., 
2009; Levato et al., 2017; Montembault et al., 2006; Petta et al., 2018; Rodriguez et al., 2017; Schacht et al., 2015; Ye et al., 2014; Zheng et al., 2018 

Table 4: Hydrogels used for CTE and their characteristics as bioink 

 

1.6 Gellan gum-based hydrogels and their application in 3D bioprinting 

1.6.1 Overview of Gellan Gum  

Gellan gum (GG) is a hydrolysable natural polymer identified by CP Kelco (San Diego, USA) in 

1978. GG large availability and ability to form transparent and acid resistant gels enabled its 

use as suspending agent or additive in food and cosmetic industries, and it has been FDA and 

EU(E418) approved for these applications. Moreover, GG has been employed for different 

biomedical and pharmaceutical purposes, including nasal, gastric, ocular drug delivery, wound 

healing and dental cavity filling applications (Cameron J. Ferris et al., 2013; Osmałek, Froelich 

and Tasarek, 2014; Costa et al., 2018). Moreover, it has received attention for its utilization in 

TE field, predominantly for cartilage repair (Melchels et al., 2014). GG has been investigated 

for its potential in intervertebral disc repair, and cartilage and bone regeneration due to its 

fast gelation, non-toxicity, ease of functionalization, biodegradability, processing under mild 

conditions and structural similarity to native cartilage GAGs (because of the presence of 

glucuronic acid in its repeating unit). Some of the available GG products for clinical and non-

clinical applications are Gelzan®, Gel-Gro® and KELCOGEL® (J. T. Oliveira, Martins, et al., 

2010a; Costa et al., 2018). 
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GG is a linear anionic exopolysaccharide formed by a repeating tetrasaccharide sequence 

containing 1,3-β-D glucose, 1,4-β-D glucuronic acid, 1,4-β-D glucose and 1,4-α-L-rhamnose, 

and is refined from the fermentation of Sphingomonas paucimobilis (ATCC 31461) (Silva-

Correia et al., 2013; Agibayeva et al., 2020), a bacterium that lives on Elodea Canadensis algae 

(Bacelar et al., 2016). GG repeating unit possess side carboxyl group, that may be exploited 

for functionalization. GG can be found at different degree of acetylation forms (Figure 1.14). 

GG acetylated form (high acyl GG) is the native state of the polysaccharides, and its repeating 

units contain glycerate and acetate functional groups. GG deacetylated form (low acyl GG), in 

which the acyl groups are removed by alkaline hydrolysis, is the most used GG type for TE 

applications because of its relatively simple production and processing (Stevens et al., 2016a). 

Both GG types form thermoreversible hydrogel. Native GG forms opaque, soft and elastic gels, 

while low acyl GG forms hard and brittle gels, but transparent (J. T. Oliveira, Martins, et al., 

2010a). High acyl GG has a molecular weight (MW) between 1 and 2 MDa, while low acyl form’s 

one is included between 200 kDa and 1 MDa (Dave and Gor, 2018). 

 

 

Figure 1.14: Chemical structure of the repeating tetrasaccharide unit of acylated and deacylated 
Gellan Gum (GG) (Stevens et al., 2016a).  

 

As stated before, GG can form thermoreversible gels (Figure 1.15). At high temperature GG 

exists in its sol phase (e.g. 80°C, 1% w/v) showing a random coil structure. By decreasing 

temperature down to the coil-helix transition temperature (Tm), a reversible conformational 

transition from random coil to double-helix occurs, that is an essential precondition for GG 
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physical crosslinking (J. T. Oliveira, Martins, et al., 2010a). The helices are tied through inter-

and intra-chain hydrogen bonds. Thereafter, during the sol-gel transition, the double-helices 

structure aggregates to form a stabilized conformation, consisting in anti-parallel double-

helices forming oriented bundles named “junction zones”. Different junction zones are 

connected by single helix chains, together generating the hydrogel 3D polymeric network 

(Quinn et al., 1993; Morris, Nishinari and Rinaudo, 2012). Various works have reported that 

the gelation of this polysaccharide depends on various factors, including GG molecular weight 

and concentration, and solution pH (Costa et al., 2018). Tm raises as GG concentration 

increase, and the increase of GG molecular weight promote the coil-helix transition. By 

reducing pH, helices aggregation and stabilization are enhanced by reducing the negative 

charge of GG carboxyl side groups and thus shielding electrostatic repulsion between chains. 

(Morris, Nishinari and Rinaudo, 2012). Also, GG gelation is strongly related to the 

concentration and type of introduced salt cations. For instance, Tm is increased by the 

presence of cations. Similarly to pH reduction, the presence of monovalent cations such as 

Na+ and K+ diminishes negative side groups repulsion promoting the formation of junction 

zones and the subsequent gelation. On the other hand, divalent cations such as Mg2+ and Ca2 

promote gelation much more significantly than monovalent ones because they generate 

“direct bridges” between helices by binding pairs of carboxyl groups. GG gel forming ability is 

advantageous for TE applications, since gelation may be obtained simply by adding standard 

cell culture medium (Alpha-modified minimum essential medium), that typically contains 

milli-molar concentration of divalent cations (Smith et al., 2007; J. T. Oliveira, Martins, et al., 

2010a). 
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Figure 1.15: Schematic illustration of Gellan Gum polymer configuration during gelation process (Costa 
et al., 2018) 

 

In addition to gelation properties, GG possess other interesting characteristics for biomedical 

applications. GG-based hydrogels exhibit transparency, a favourable feature for encapsulated 

cells analysis, and apparently no inhibitory effects on polymerase chain reaction (PCR) 

analysis. GG mechanical properties can be tailored by varying polymer concentration as well 

as cations type and amount (Cameron J. Ferris et al., 2013). GG elasticity may be tuned by 

controlling cation concentration and also by altering GG molecular weight employing, for 

instance, ultrasonication (Stevens et al., 2016b). GG can be used as an injectable biomaterial 

by controlling its sol-gel transition at physiological temperature and pH and it has been found 

to provoke limited inflammation in vivo. GG-based hydrogels allow a simple preparation of 

homogeneous cell suspension by mixing hydrogel and cells at a temperature above sol-gel 

transition temperature, at which it shows very low values of viscosity. For instance, it has been 

reported that an efficacious chondrocytes encapsulation in GG hydrogel may be performed at 

41 – 42°C, considering a sol-gel temperature of approximately 39°C and a gelation time of 

about 20 seconds. Furthermore, by using simple processing technologies such as solution 

casting and freeze-drying, the polysaccharide can be processed in different structures and 

shape (e.g. membranes, fibres, porous scaffolds) (J. T. Oliveira, Martins, et al., 2010a; Bacelar 

et al., 2016). If compared with other natural polymers, this polysaccharide attains similar 

mechanical properties as agar and gelatin with lower polymer concentration (Lozano, Stevens, 

Brianna C. Thompson, et al., 2015). GG hydrogel degradation behaviour in PBS has been 

investigated in vitro. Gels reported a weight loss of approximately 15% of their starting weight 
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after more than 160 days. The degradation rate may be influenced by the presence of enzymes 

or alkaline conditions (Stevens et al., 2016b). In this scenario, degradation rate can be 

controlled by incorporation of enzymatically labile segments in the polymer chains (Bacelar et 

al., 2016). 

Several works have proven the chondrogenic potential of GG-based hydrogels, showing their 

ability to sustain chondrocytes proliferation and production of ECM components (Costa et al., 

2018). Encapsulated chondrocytes typically exhibit a rounded shape, and they may exploit GG 

chains as a glucose source, gradually creating open spaces in the polymer network (J. T. 

Oliveira, Martins, et al., 2010a). GG based constructs have been investigated as injectable cell 

carriers, incorporating various cell type including chondrocytes, MSCs, and adipose stem cells 

(Osmałek, Froelich and Tasarek, 2014). In a in vivo study, human chondrocytes embedded GG 

hydrogels have been transplanted in a murine model. These gels sustained cell proliferation 

and ECM synthesis, and chondrocytes aggregated in clusters of two-tree cells after few weeks 

(Oliveira et al., 2009). Plus, it has been reported that GG hydrogels support in vitro 

chondrogenesis of synovium derived MSCs (Fan et al., 2010) 

Although GG physical hydrogels possess various advantages for TE applications, there are a 

number of limitations that should be considered. In some cases, processing and gelation 

temperatures may compromise embedded cell viability (Costa et al., 2018). At physiological 

cationic concentration, the sol-gel transition occurs at temperature above 42°C (Bacelar et al., 

2016). However, possible solutions to diminish gelling temperature is decrease GG molecular 

weight through oxidation (Gong et al., 2009) or functionalize GG chains with thiol and 

carboxymethyl groups (Bacelar et al., 2016) . GG hydrogels tend to become mechanically 

weaker and to gradually dissolve in vivo due to the exchange of divalent cations with 

monovalent cations (Coutinho et al., 2010a). Plus, extrusion processes may compromise GG 

physical hydrogel stability. It has been reported that extrusion of GG solution through 1.7 mm 

diameter needle lead to mechanical instability of the gel probably caused by shear forces 

disruption of junction zones (Smith et al., 2007). Like other polysaccharide such as alginate 

and agarose, GG lacks cell adhesion motifs. The limited cell adhesion on GG can be also 

attributed to the presence of negative charges and to its high hydrophilicity (Bacelar et al., 

2016). On the other hand, different approaches have been investigated to solve this problem. 

Different authors have blended GG hydrogels with bioactive materials like HA and fibronectin. 

Interestingly, GG blending with gelatin, obtaining through enzymatic binding or genipin-
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mediated crosslinking, enhance both cell adhesion and mechanical strength of GG(Stevens et 

al., 2016b). Another main issue of physical GG hydrogels is represented by their limited 

mechanical properties. It has been estimated, through dynamic compression analysis at 1Hz, 

that the compression modulus of 0.7% w/v GG disc was about 38 kPa (J. T. Oliveira, Martins, 

et al., 2010a). Various strategies have been examined to improve GG mechanical 

performances. Low acyl GG and high acyl GG were combined in order to optimize the resulting 

hydrogel stiffness (Lee et al., 2011). GG blending with inorganic materials including 

hydroxyapatite (Manda-Guiba et al., 2012), bioactive glass nanoparticles (Gantar et al., 2014), 

calcium phosphate (Douglas et al., 2016) and gold nanorods (Vieira et al., 2015) has been 

investigated to reinforce the resulting hydrogels. An interesting approach to improve GG 

mechanical properties and also providing it antibacterial characteristics consists in combining 

GG with inorganic clay (mesoporous silica) and Manuka honey (Bonifacio, Cochis, Cometa, 

Scalzone, et al., 2020). Other reported strategies for mechanical reinforcement deal with GG 

blending with sulphated HA (Cencetti et al., 2011), PLGA microspheres (Park et al., 2015) and 

GG combination with poly-ε-caprolactone electrospun fibres (Thorvaldsson et al., 2013) or 

wet spun chitosan fibres (Liu et al., 2013). 

 

1.6.2 Gellan gum methacrylate  

In addition to the various approaches reported in last section, GG chemical modification 

strategies are used to overcome some problems of GG hydrogels, leading to lower gelation 

temperature, superior mechanical characteristics, and enhanced bioactivity (Costa et al., 

2018). GG can be easily modified thanks to the presence in the repeating unit of a carboxyl 

group and multiple hydroxyl groups, providing new functionalities to the polysaccharides 

(Bacelar et al., 2016). For instance, it has been reported that chemical functionalization of GG 

with short peptides containing RGD motifs improve cell adhesion, and covalent binding of GG 

with prednisolone can be exploited to provide anti-inflammatory characteristics to GG 

(Stevens et al., 2016b).  

One of the most investigated chemical modification of GG is methacrylation, employed to 

introduce methacrylate side groups on the polysaccharide backbone. Gellan gum 

methacrylate (GGMA) is typically synthesized by using methacrylic anhydride (MA) (Shin, 

Olsen and Khademhosseini, 2014; Pacelli et al., 2016). The reaction with MA groups causes 
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the formation of covalent bonds between the MA and hydroxyl groups in each repetitive unit 

of GG. The presence of these functional groups enables GG gelation mechanism via photo 

crosslinking, in addition to the characteristic thermoreversible one. Indeed, when GGMA is 

exposed to UV light, the double bonds of MA groups react each other generating the chemical 

crosslinking. As stated in section 1.5.2, photo-crosslinking reactions need the presence of a 

photo-initiator and light irradiation, usually in the UV band (Bacelar et al., 2016). GGMA-based 

hydrogels exhibit highly tailorable mechanical, physical and degradation characteristics, 

controlled by tuning the type of crosslinking method and the methacrylation degree of the 

polymer (Coutinho et al., 2010a), and is most often employed for the production of load 

bearing engineered tissues such as cartilage (Stevens et al., 2016b). Methacrylation degree 

can be tuned by varying the amount of methacrylic anhydride during GGMA preparation, and 

it has established that methacrylation increase GG hydrophobicity (Agibayeva et al., 2020).  

 

 

Figure 1.16: Schematic drawing of low acyl GG methacrylation reaction (Osmałek, Froelich and 
Tasarek, 2014) 

 

It has been proven that GGMA-based hydrogels exhibit superior mechanical properties and 

structural stability than GG-based hydrogels, and they possess a Young’s Modulus ranging 

from 0.15 to 148 kPa, dependently on the gelation method used (Coutinho et al., 2010a). 

Chemically modified GG hydrogels possess lowered sol-gel transition temperature (Yang et al., 
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2017) and, similarly to GG, GGMA can be blended with other biomaterials, such as gelatin 

(Shin, Olsen and Khademhosseini, 2012) and HA (Khang et al., 2015) to enhance cell adhesion. 

In vitro and in vivo studies showed that GGMA retain GG biocompatibility, supporting good 

cell encapsulation with excellent viability and without elicit cytotoxic effect (Shin, Olsen and 

Khademhosseini, 2012; Silva-Correia et al., 2013; Bacelar et al., 2016). Mechanical properties 

of GGMA hydrogels can be further strengthened by the incorporation of laponite® nanoclay, 

also enabling the modulation of GGMA swelling behaviour for a controlled drug release kinetic 

(Pacelli et al., 2016). Interestingly, Bartnikowski et al. reported that, under UV light exposure, 

lateral MA groups showed a cytoprotective effect on chondrocyte when GGMA was used as 

photo crosslinkable hydrogel systems (Bartnikowski et al., 2015). 

 

1.6.3 Gellan gum-based bioinks for 3D bioprinting  

For what concerns 3D printing, GG-based hydrogels have been employed as bioinks in various 

works. GG hydrogel exhibit interesting features for 3D bioprinting, including good gelling 

ability and shear thinning behaviour (Wu et al., 2018). GG can be combined with other 

materials in order to obtain bioinks with enhanced rheological properties and to improve 

printability (Gungor-Ozkerim et al., 2018). For instance, GG was added to GelMA at optimised 

salt concentration to create a bioink with enhanced printability and rheological properties 

(Figure 1.17). The bioink supported encapsulated chondrocytes viability, showed pseudo-

plasticity, and the addition of increasing GG concentrations caused a gradual compression 

modulus rise. Plus, the mixture between these two biomaterials resulted in a viscosity 

increase, probably caused by the interaction between GG negatively charged carboxyl groups 

and GelMA protonated lysine residues. This bioink experienced a three-step gelation 

mechanism. The first step was caused by the electrostatic interactions explained before, the 

second one was represented by the thermal crosslinking obtained by decreasing temperature, 

and the third step consisted in GelMA photo-crosslinking by UV light exposure (Melchels et 

al., 2014). 
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Figure 1.17: Schematic illustration of GelMA-GG bioprinting (A) and photo-crosslinking (B). In the 
extrusion chamber, GG molecules (in white) undergoes cationic-induced crosslinking generating a 
momentary network (i). During extrusion, the pseudo-plastic behaviour of the gel is caused by the 
alignment of GG chains and GelMA chains (in red) to the flow direction (ii). Upon deposition, GG chains 
re-established their previous conformation (iii) and, after photo curing, GelMA molecules generate a 
permanent network (Melchels et al., 2014). 

 

A GelMA-GG-based bioink containing MSC laden polylactic acid microcarriers was also 

investigated. The presence of microcarriers enhanced the bioink printability and mechanical 

properties of the bioprinted structure, whilst supporting cell adhesion, osteogenic 

differentiation, and bone-like ECM production. Interestingly, the presence of GG did not 

relevantly influence cell differentiation, and the authors recommended not to use MSCs laden 

GelMA bioinks for the fabrication of cartilage constructs, since cells may easily undergo 

osteogenic differentiation (Levato et al., 2014). In a study, different murine cell lines (C2C12, 

PC12 and L929) were embedded in surfactant-modified GG microgel based-bioinks and inkjet 

bioprinted. The bioink showed good printability and supported cell viability, preventing cell 

settling phenomenon that may hinder the printing process (Cameron J Ferris et al., 2013). A 

bioink composed of RGD-modified GG and containing primary cortical neuros was used to 

generate a multi-layered 3D in vitro model recapitulating brain microstructure. The construct 

sustained cell viability, proliferation, and ability to form neural networks. Also, it was found 
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that the printing process did not affected cell viability and shape after comparing them to the 

same cells in casted controls (Lozano, Stevens, Brianna C. Thompson, et al., 2015). GG was 

combined with alginate and cartilage ECM particles (BioCartilage, Arthrex) to form a novel 

bioink. Various 3D constructs, including meniscal, nasal, vertebral discs and auricular grafts 

based on CT images or computer models. The hydrogel gelation was obtained by co-extrusion 

of a cation loaded support solution. The bioink showed shear-thinning behaviour and good 

shape fidelity, also enabling a low-pressure printing. The printed cellular constructs showed 

discrete mechanical strength, with a tensile modulus of approximately 116 kPa. Moreover, 

after in vitro culturing with TGF-β3 supplementation, biological analysis revealed that the 

bioink supported embedded bovine chondrocytes viability, proliferation, and hyaline-like ECM 

production (Kesti et al., 2015). Also, GG was used in combination with PEGDA to create a 

photo-crosslinkable cell-laden bioink for 3D extrusion bioprinting. The bioink showed 

appreciable rheological properties and printability, additionally the obtained constructs 

exhibited good cell viability, shape fidelity and stability, enabling the fabrication of human-

scale nose and ear models (Wu et al., 2018). In another work, 3D extrusion bioprinting was 

employed to study GG mechanical properties and degradation behaviour by creating 

constructs with different porosity surface area to mass ratio. Degradation behaviour was 

tested in in phosphate buffered saline (PBS) and simulated body fluid (SBF). It was revealed 

that the degradation rate is higher in 3D GG constructs with greater porosity, and that the 

compression modulus of these constructs tend to rise with degradation in SFB, probably due 

to the presence of cations in the fluid (Yu, Kaonis and Chen, 2017).  

 

1.7 Cell source for cartilage tissue engineering  

As mentioned in section 1.2.2, the ideal cell source for CTE has yet to be determined (Levato 

et al., 2017). Chondrocytes, stem cells, progenitor cells, fibroblast and genetically modified 

cells have all been investigated for their potential in cartilage repair. A list of various cell type 

used in CTE is summarized in Table 5. On the other hand, MSCs and chondrocytes remain the 

two most used cell type in the CTE applications (Vinatier and Guicheux, 2016).  

ESCs show pluripotency and extremely high proliferative ability, but their use is limited by 

complex ethical and political concerns (Kwon et al., 2016b). When employed for TE 

applications, ESCs are often differentiated in chondrogenic cells by culturing them as 3D 
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embryoid bodies (Koay, Hoben and Athanasiou, 2007). In a study, PCL scaffolds seeded with 

chondrogenic cells derived from ESCs, were implanted in vivo in murine models and lead to 

the formation of neo cartilage tissues (Fecek et al., 2008).  

iPSCs, stem cells that can be obtained through reprogramming of somatic cells, do not suffer 

the ethical problems of ESCs, and have been used for CTE after purifying and inducing their 

differentiation into chondrocytes. iPSCs represent and interesting and copious cell source for 

TE and, if autologous, can be employed for the fabrication of patient-specific in vitro OA 

models (Diekman et al., 2012). Differentiated iPSCs, encapsulated in a nanocellulose and 

alginate composed bioink, have also been used in the context of 3D bioprinting for the 

fabrication of cartilaginous constructs (Nguyen et al., 2017).  

Cartilage progenitor cells (CPCs) represent a little subpopulation of cartilage cells, comprising 

about 0.1-1% of total cell number, and can be found mainly in AC superficial zone. They are 

similar to MSCs in terms of potency and self-renewal ability in vitro and are involved in 

cartilage repair processes upon damages, cartilage development processes and OA molecular 

changes. CPCs can be used as a complementary cell source for the fabrication of CTE 

constructs. Levato et al. have encapsulated CPCs in a GelMA-based hydrogel and bioink, in 

combination with chondrocyte and MSCs, to evaluate their potential for cartilage 

regeneration, (Bhattacharjee et al., 2015; Levato et al., 2017). Also, CPCs were encapsulated 

in a GelMA-GG based bioink to fabricate via 3D bioprinting the superficial layer of a two-zone 

cartilage construct (Mouser et al., 2020). 

Adult chondrocytes can be obtained from different sources including AC, auricular cartilage, 

nasal septum, and costal cartilage. For what concerns AC regeneration, hyaline cartilage 

sources are recommended (Vinatier and Guicheux, 2016). Two of the main issues of 

chondrocyte use in TE are the low availability of donor sites and their scarce concentration in 

native tissues (Scalzone et al., 2019). For these reasons, once isolated, chondrocytes usually 

need to be expanded in vitro, and this step may induce de-differentiation (Chung and Burdick, 

2008a). When cultured in monolayer, these cells tend to lose their phenotype (Vinatier and 

Guicheux, 2016) and a rise in collagen type I expression can be manifested (Kwon et al., 

2016b). The large majority of works employ chondrocyte isolated from full thickness cartilage 

biopsy, however zonal chondrocyte subpopulations have been used to recapitulate the 

layered ultrastructure of AC (You, B. Frank Eames and Chen, 2017).  
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MSCs are adult multipotent stem cells that can be isolated from various tissues, including AC, 

bone marrow, synovium, muscle, periosteum, adipose tissues, deciduous teeth, trabecular 

bone, and peripheral blood (Chen, Rousche and Tuan, 2006; You, B. Frank Eames and Chen, 

2017). MSCs possess excellent proliferative ability, self-renewal capacity, high-plasticity, and 

can induce anti-inflammatory and immunosuppressive effect. Plus, they can be expanded in 

vitro (Mouser et al., 2020) and have the potential to differentiate into various cell types, 

including chondrocytes, adipocytes, osteoblast, myogenic cells and neural cells (Filardo et al., 

2016; Kwon et al., 2016b; Vinatier and Guicheux, 2016). MSCs chondrogenic differentiation 

can be manipulated in vitro by the addition of specific GFs, including  TGF-β1, TGF-β3, FGF-2 

and IGF-1 (Kwon et al., 2016b). Among MSCs, synovial derived stem cells show the highest 

chondrogenic potential (Koga et al., 2008). However, it has been reported that these cells, 

when implanted in vivo, can undergo hypertrophic differentiation and promote endochondral 

ossification (Mouser et al., 2020). Plus, when human MSCs are cultured in vitro, they undergo 

replicative senescence after 20-40 passages. To overcome this problem, human MSCs can be 

immortalized through the insertion of human telomerase reverse transcriptase (TERT). The 

transfection can be achieved by using lentivirus including TERT gene (Bischoff, Makhijani and 

Yamaguchi, 2012).  

Recently, MSCs and chondrocytes have been used in combination, representing an interesting 

alternative approach for CTE. When these cells are co-cultured, they influence each other 

behaviour. More specifically, chondrocyte may promote MSCs chondrogenic differentiation, 

and at the same time MSCs encourage chondrocytes proliferation and inhibit de-

differentiation (Scalzone et al., 2019). In the context of 3D bioprinting, chondrocytes are more 

employed than stem cells for the fabrication of engineered cartilage tissue (You, B. Frank 

Eames and Chen, 2017). 
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Cell Type  Reference 

Cartilage Progenitor Cells  (Mouser et al., 2020) 

Fibroblasts (Sommar et al., 2010) 

Chondrocytes 
 

Articular Chondrocytes  (Wang et al., 2006) 

Auricular Chondrocytes  (Yamaoka et al., 2006) 

Costal Chondrocytes  (Kusuhara et al., 2009) 

Nasoseptal Chondrocytes  (J. T. Oliveira, Martins, et 
al., 2010b) 

Stem cells  
 

Embryonic Stem Cells  (Fecek et al., 2008) 

IPSCs (Nguyen et al., 2017) 

Adipose derived MSCs  (Onofrillo et al., 2018) 

Bone marrow MSCs (Wayne et al., 2005) 

Synovial MSCs  (Ando et al., 2007) 

Umbilical Cord derived MSCs (Wang et al., 2009) 

 
Table 5: Cell sources employed in cartilage tissue engineering 
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1.8 Aim and objectives of the thesis 

 

The aim of this thesis was to design and manufacture 3D in vitro constructs representative of 

AC both in of healthy and pathological state. Particularly, this thesis is focused on 

biomimicking the middle zone of the AC tissue. The relative objectives are listed below: 

1) Synthesis and characterization of 4 different GG-MA based hydrogels in terms, 

physico-chemical properties (FTIR, XPS, TGA, gelation time and water uptake) 

morphology (eSEM), mechanical properties (unconfined compression test) and 

printability. This thesis is part of a cooperation between Politecnico di Torino and 

Newcastle University and the part of the activity is based on GG-based hydrogel 

printing experimental results obtained by Annachiara Scalzone during her PhD work.  

2) Fabrication of a healthy AC in vitro construct through bioprinting with Rokit INVIVO 

bioprinter of two bioink formulations based on two selected hydrogel compositions 

and Y201-C. 

3) Biological characterization of the obtained cells-laden constructs in terms of cell 

viability, distribution and AC tissue production.  

In conclusion, this thesis dealt with the manufacturing of a pathological in vitro AC model for 

future analysis on novel OA therapeutic treatments. Starting from the healthy constructs, OA 

condition was induced in the biological environment by the addition of specific cytokines. An 

evaluation of chondrogenic performance in terms of GAGs production and cell morphology 

(SEM) was performed. This part of the work was intended as an initial stage of a more 

exhaustive work that will be carried on in in the future.  
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Chapter 2: Materials and Methods 

2.1 Materials 

The ultrapure water (dH2O) employed throughout the experiments was obtained with a Milli-

Q® Integral system equipped with a BioPak ultrafiltration cartridge (Millipore, Merck). All the 

materials were bought from Sigma Aldrich (UK), unless otherwise stated. 

2.2 Hydrogels preparation 

2.2.1 GGMA synthesis 

GGMA powder was obtained through the reaction of GG and MA as outlined by Coutinho et 

al. (Coutinho et al., 2010b). Firstly, a TRIS buffer solution (1M) was prepared by adding 12.11 

g of Tris base (Trizma® base) to 80 ml of dH2O under stirring. Hydrochloric acid (HCl) (reagent 

grade 37%) was slowly added under stirring to adjust the buffer pH to 8.5, and additional dH2O 

was included to reach a final volume of 100 ml. pH measurements were carried out by utilizing 

a digital pH-meter (FiveEasy® Plus pH/mV bench meter, Mettler Toledo). Then, 1 g of low acyl 

GG powders (Gelzan® CM, MW:1MDa) was dissolved within the buffer solution (1% w/v) at 

90°C for approximately 30 minutes under energic agitation in order to obtain a clear 

homogeneous solution. The temperature of GG dispersion was reduced to 50°C and 8 ml of 

MA were added. The solution was left for 4 hours at the same temperature under constant 

stirring, and the pH was maintained at 8.5 with 1M sodium hydroxide (NaOH). The obtained 

solution was dialyzed in dH2O (minimum thrice per day) using dialysis cellulose membranes 

(MW cut off 12–14 kDa) at 4°C for at least 72 hours to eliminate the non-reacted MA. Finally, 

the obtained product was frozen overnight at -20°C and subsequently freeze dried (Alpha 1-2 

LDplus, CHRIST, Germany) at -50°C and 0.04 mBa for at least four days in order to obtain pure 

GGMA powders. GGMA lyophilized powders were stored in vacuum chambers. 

 

2.2.2 GGMA-based hydrogels preparation 

Four different GGMA-based hydrogel formulations were prepared, and their physico-chemical 

properties were assessed. The first two compositions were based on pure GGMA hydrogel at 

different polymer concentration: GGMA 2% w/v (GG2) and GGMA 3% w/v (GG3). The third 

hydrogel (GG/MH) was prepared by combining GGMA with MH (Manuka Guard®, Medical 

grade12+, MGO 400) (GGMA 2% w/v, MH 5% w/v),  while the last hydrogel (GG/GEL)  was 
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obtained by blending GGMA 0.75% w/v with gelatin (type A from porcine skin) 10% w/v. In 

order to conducting biological experiments, GGMA freeze-dried hydrogel were sterilized 

under UV lamp for 1 hour. The nomenclature and composition of the obtained hydrogels are 

summarized in Table 6.  

For the hydrogel preparation, GGMA lyophilized powders were dissolved in dH2O at the proper 

concentration specified in Table 6, under constant stirring for about 15-20 minutes until a 

homogeneous solution was obtained. For the GG/MH sample, MH was added to the GGMA 

solution, when homogenous at the specified concentration, as reported by Bonifacio et al. 

(Bonifacio et al., 2020b). Then the solution temperature was increased to 60°C and the photo-

initiator LAP (Lithium phenyl-2,4,6-trimethylbenzoylphosphinate) was added at 0.1 w/v 

concentration and left to dissolve under stirring overnight. GG/GEL hydrogels were produced 

by firstly diluting GG2 or GG3 solutions with dH2O in order to obtain a final GG concentration 

of 0.75% w/v. Gelatin powders (10% w/v) were added to GG solution at 50°C under constant 

stirring. 1M HCl and 1M NaOH solution were added drop by drop to the system to adjust pH. 

The solution pH was set to 7.5, since it has been reported that the genipin crosslinking rate of 

gelatin reached its peak around this pH value (Lu et al., 2019).  A genipin solution (10% w/v) 

was obtained by dissolving 20 mg of genipin powders (Challenge Bioproducts Ltd.) in 200 µl of 

70% ethanol using a laboratory vortex (IKA, Germany). The genipin solution was then added 

to gelatin-GG solution under stirring in order to obtain a final genipin/gelatin concentration of 

1.5% w/w. All hydrogels were finally stored at 4°C in a fridge and contained in laboratory vials 

covered from light. Cylindrical samples, used for mechanical, morphological and water uptake 

analysis, were obtained. To do so, hydrogel solutions were casted in a multi-well plate, 

crosslinked at RT under UV light (365 nm wavelength, UV LED total power: 6W) for about 10 

minutes, covered by Dulbecco’s Modified Eagle Medium (DMEM, Gibco) and stored in 

incubator at 37°C. Prior to use, DMEM was removed and samples were left overnight in the 

fridge to solidify, and subsequently cut with a hollow puncher to obtain cylinder-shaped 

specimens. 
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Hydrogel Code 
GGMA content 

(%w/v) 

MH content  

(%w/v) 

Gelatin content 

(%w/v) 

GG2 2 - - 

GG3 3 - - 

GG/MH 2 5 - 

GG/GEL 0.75 - 10 

Table 6: Composition and code names of the prepared GGMA-based hydrogels.  
 

 

2.3 Hydrogel Characterisation 

2.3.1 GG and GGMA Chemical characterisation 

  2.3.1.1 Fourier Transform Infra-Red Spectroscopy (FTIR) Analysis  

Fourier transform infrared spectroscopy with attenuated total reflectance (FTIR-ATR) test was 

conducted to evaluate the success of GG methacrylation. Both GG and GGMA spectra were 

acquired by using Spectrum Two™ spectrometer provided of a horizontal ATR zinc selenide 

crystal (PerkinElmer Inc., US) and the samples were positioned in contact with it. The analysed 

samples were GG raw powders and GGMA freeze-dried powders. FTIR spectra were recorded 

in absorbance mode, considering a wavelength window from 550 to 4000 cm-1 with a 

resolution of 4cm-1. 

  2.3.1.2 X-ray Photoelectron Spectroscopy (XPS) Analysis 

GG raw powders and GGMA freeze-dried hydrogels underwent a second spectroscopic 

analysis via X-ray Photoelectron Spectroscopy (XPS) to quantitatively assess the elemental 

composition of biomaterials surface. The specimens were investigated by a scanning 

microprobe PHI 5000VersaProbe II (Physical Electronics, US), provided of an AlKα X-ray 

radiation source, in high power mode. XPS high resolution spectra (pass energy of 29.35 eV) 

and survey scans (pass energy of 117.4 eV) of C1s was obtained in “Fixed analyzer 

transmission” mode, with an analysis base pressure of 10-9 mbar. Spectrum analysis was 

conducted using the MultiPak software (v.9.9.0). The atomic quantification, expressed as 

atomic concentration (A%), was carried out by using normalized peak area. The peak area 

normalization was performed in light of empirically derived sensitivity factors of the MultiPak 

library. 
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2.3.2 GG and GGMA Thermogravimetric analysis (TGA) 

GG raw powders and GGMA freeze dried powders thermal stability were investigated by 

thermogravimetric analysis (TGA) in a N2 atmosphere, considering a temperature range 

between 30 and 800°C and a 20 °C/min temperature rate, with a TGA-400 instrument 

(PerkinElmer Inc.). Both thermogram (TG) curves and derivative thermogram (dTG) curves 

were obtained and TGA Pyris software was exploited to analyse information. 

2.3.3 Physical Characterisation 

  2.3.3.1 Gelation time 

The gelation time of the four hydrogel compositions was qualitatively measured in duplicate 

by using the “tube inverting” test (Scalzone et al., 2019), within a 24-well plate (inner diameter 

= 15.6 mm, Corning® Costar® TC-Treated Multiple Well Plates). Hydrogel gelation time was 

measured at room temperature (RT; 20°C), under UV light, in the presence or absence of 

DMEM. The radiation was generated by the UV led (365 nm wavelength, 6W) of the 3D 

bioprinter (INVIVO, ROKIT HEALTHCARE, South Korea). For each composition, 800 µl of 

solution were poured into a separate well with or without the addition of 300 µl of DMEM. 

Culture medium was added after 1 minute of UV irradiation, in order to prevent the liquid to 

penetrate within the gel. Every 60 seconds, up to 10 minutes, the multi-well plate was inverted 

vertically for approximately 10 seconds to visually inspect samples deformation caused by 

their flow. The gelation time was defined as the time when no flow of the sample was 

monitored. 

  2.3.3.2 Water uptake analysis  

A water uptake (WU) test was performed in order to assess the ability of the four hydrogels 

to swell and retain water. At this regard, cylinder-shaped photo-crosslinked samples of about 

6 mm diameter and 5 mm height (Figure 2.1) were firstly frozen at -20°C overnight and freeze-

dried at -50°C and 0.04 mBa for two days to remove the water. Freeze-dried samples were 

weighted and singularly soaked in separate bijoux vials filled with 3ml of phosphate buffered 

saline (PBS). Samples were incubated at 37°C and each one was weighted before dipping and 

after 30, 90 minutes, 3, 5, 7, 24 and 48 hours. The weight was measured after delicately wipe 

samples with laboratory tissue papers to remove the excess PBS on their surface. To 

determine the WU percentage, the following formula was used (Scalzone et al., 2019): 

  (Eq.1) 
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𝑊𝑈(%) =  
𝑊𝑓 −  𝑊0

𝑊0
  × 100 

 

In this equation, W0 represent the specimen weight measured before the first immersion in 

PBS, while Wf is the weight of the sample measured at the considered time point. For each 

hydrogel composition, WU measurements were performed in triplicate. 

 

Figure 2.1:  Digital photo of the cylindrical hydrogel samples used for the water uptake test in triplicate. 
This photo was taken at the end of the test. Samples shown from the from the top to the bottom of 
the image are: GG3(1), GG2(2), GG/GEL(4). Scale bar = 1cm. 

 

2.3.4 Hydrogel Morphological analysis 

The internal microstructure and morphology of the UV-crosslinked and lyophilized hydrogels 

was investigated by using environmental scanning electron microscopy (eSEM) after the WU 

test. To this end, the cylindrical samples were longitudinally cut in halves with a laboratory 

scalpel, attached on aluminium stabs by carbon tape in order to expose the longitudinal 

internal section, and finally gold coated by using a sputter coater (Bio-Rad). Then, electron 

scanning microscopy (SEM) images were acquired at 35X and 100X magnification with 20kV 

accelerating voltage (XL30 FEG Philips). These images were subsequently analysed by using an 

image processing program (ImageJ v1.46) to evaluate hydrogel pore size distribution. A 35X 

magnification SEM binarized image of each hydrogel composition was analysed. For each 

image, the diameter of at least 30 pores, whose morphology was approximated to ellipses, 
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was determined as the mean value of the bigger and smaller internal diameter. For every 

hydrogel composition, average pore diameter was calculated over all of the pores measured. 

Results were analysed using Microsoft® Excel software. 

2.3.5 Mechanical characterisation 

To evaluate hydrogel mechanical properties, an unconfined compression test was performed 

on UV-crosslinked cylindrical samples (5 mm height, 6 mm diameter) by using a mechanical 

testing machine (EZ SX, Shimadzu). For each hydrogel composition, three specimens were 

tested at RT. Samples were positioned between two platens, with the one on the top coupled 

with a 20N load cell. Then, they were compressed at a head speed of 0.5 mm/s, with a preload 

of 0.1N, until a displacement value of about 40% of the sample’s original height was reached 

(Figure 2.2). The force was divided by the sample’s superficial area in order to obtain the 

applied stress, while strain was calculated by normalizing the displacement to the initial height 

of the sample. Measurements were recorded using Trapezium X software (EZ SX, Shimadzu) 

and results were analysed using Microsoft® Excel software. The compressive Young’s Modulus 

(E) was calculated as the slope of the linear region (ranging from 0-10% strain) of the obtained 

stress/strain curves.  

 

 

Figure 2.2: Digital photo of a GG/GEL cylindrical sample during unconfined compression test performed 
with a mechanical testing machine (EZ SX, Shimadzu). This particular specimen had a Young’s modulus 
of 20.03 kPa. 
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2.4 Cell culture  

Y201 cells were gently provided by prof P. Genever (York University) and previously 

differentiated into chondrocytes (Y201-C) by culturing them in the presence of chondrogenic 

media (serum free DMEM with P/S supplemented with 10 ng/ml TGF-β3 (Gibco), 50 µg/ml L-

Ascorbic acid-2-phosphate, 1%ITS+1, 40µg/ml L-Proline and 100 nM Dexamethasone). Y201-

C were cultured in DMEM/F-12 supplemented with 10% v/v foetal bovine serum (FBS) and 1% 

v/v penicillin/streptomycin in T175 cell culture flask (Thermo Fisher Scientific Inc.) at 37°C and 

in a humified atmosphere with 5% CO2. Y201-C were expanded in vitro until reaching an 

adequate number for the following experiments. Cells were passaged when they reached 

approximately 90% confluence using trypsin-EDTA dissociation and culture medium was 

replaced three times per week.   

 

2.5 Bioprinting  

2.5.1 Hydrogel printability evaluation 

The printability of each hydrogel composition (without embedded cells) was evaluated by 

using a 3D micro-extrusion bioprinter, equipped with a temperature control system connected 

to the syringe bio-dispenser and the printbed. GG-MA based solutions were loaded within a 

tip-cap closed end syringe, that was subsequently inserted in the syringe dispenser. 25-gauge 

dispensing tips (1/2″ Straight Cannula Blunt End Dispensing Tips, FISNAR) was used as 

dispensing nozzle. NewCreatorK software was used to generate a GCode for 3D grid-shaped 

structures of 3-4 layers (20 x 20 mm) and to control the hydrogel deposition. Filaments of 

subsequent layers were deposited perpendicularly with respect to the underneath 

layer.  Strands were extruded on rectangular microscope glass slides, fastened with tape on 

glass petri dishes. Before printing, x, y and z calibration was performed manually: x-y offset 

was adjusted to position the dispenser tip to the bed centre, while z offset was calibrated to 

obtain 0.1-0.2 mm distance between the needle and the bed. When the extruded filament 

showed poor attachment to the substrate, the z offset was diminished. Printing parameters, 

including dispenser and bed temperature, printing speed, layer height and fill density, were 

optimised for each hydrogel composition. When the corner of the grid resulted rounded, 

printing speed was decreased (Paxton et al., 2017a). The printing process occurred under UV 

light (365 nm wavelength) generated by the bioprinter UV LED (total power: 6W). After the 
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deposition of each layer, the construct was covered with DMEM/F-12 (Gibco) medium, 

manually added with a pipette in order to obtain a double-crosslinked network: chemically 

and physically. The fabricated constructs were post-cured under the same UV light source for 

approximately five minutes. Hydrogels’ printability was assessed considering various factors, 

including the shape of the hydrogel at the nozzle (when a droplet formed the nozzle 

temperature was decreased) shape fidelity the printed structures, continuous and stable 

strands extrudability, the absence of filament deposition interruption and corrugation, the 

presence of nozzle clogging events, gelation kinetic and crosslinking uniformity (Mouser et al., 

2016b; Tonda-Turo et al., 2020).  

 

2.5.2 Bioink preparation 

After evaluating hydrogels printability, GG2 and GG/MH composition were selected to 

produce cell laden bioinks. Bioinks were made by mixing cells and hydrogels. GG2 and GG/MH 

solutions were prepared as described in section 2.2.2. In order to obtain sterile GGMA-based 

solutions, all the laboratory instruments involved in the process and GGMA powders were 

sterilized under a UV lamp for 30 minutes. Y201-chondrocytes encapsulation was obtained by 

gently pipetting and mixing a concentrated cell suspension with GGMA-based hydrogel 

solutions, using a 100 µL pipette tip at RT. The process was performed avoiding the formation 

of air bubbles. A final concentration of 7 x 106 cell/mL was obtained, and the cell-laden 

hydrogels were loaded within tip-cap closed 12 ml printing syringes.  

 

2.5.3 3D Bioprinting and in vitro cell culture of constructs 

The same 3D INVIVO micro-extrusion bioprinter was exploited for the fabrication of 3D in vitro 

models. Before the printing process, the printer cabinet and all components involved in the 

procedure were sterilized with 70% v/v ethanol. The bioink-loaded syringes were placed into 

the printing carriage of the 3D bioprinter and the 25-gauge tip caps used. Both GG and GG/MH 

cell-embedded solutions were processed. Filaments were extruded on a glass petri dish. 

NewCreatorK software was used to generate simple box-shaped 3D constructs of 5-6 layers 

(approximately 4 x 4 x 1 mm, total volume 100 – 150 μl per sample) and to control the bioink 

deposition. The calibration procedure and hydrogel crosslink were conducted as described in 

section 2.5.1. Culture medium was added after the deposition of each layer. The bioink was 
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deposited under UV light (365 nm wavelength, UV LED total power: 6W) with a printing speed 

of 4-5 mm/s. The same value was selected for the bottom layer speed and the printbed speed 

(XY movements). A layer height of 0.2 mm, inferior to nozzle inner diameter in order to foster 

contact between adjacent printed layers (Kosik-Kozioł et al., 2017), was set. The temperature 

of the bed was set between 30 and 34 °C, while the temperature of the syringe dispenser was 

set between 35°C and 38°C. 3D bioprinted constructs are referred as their relative hydrogel 

code name with the addition of the suffix “H”: (i) GG2-H and (ii) GG/MH-H.  Immediately after 

the printing process, 3D constructs were moved with a spatula and placed singularly on the 

bottom of well of a 48 multi-well plate. Afterwards, 1 ml of cell culture medium DMEM/F-12 

was added to each well and constructs were incubated at 37°C and 5% CO2 in order to carry 

out biological characterisation tests. Culture medium was refreshed 3 three times per week.  

 

2.5.4 Cell viability after printing 

Live/dead staining (LIVE/DEAD® Cell Imaging Kit, Life Technologies, Thermo Fisher Scientific, 

UK) was exploited to evaluate the viability of GG2 embedded Y201-chondrocytes. The used 

fluorescence-based kit is composed by two components: calcein AM and ethidium 

homodimer-1 (EthD-1). The first one was used to stain living cells in green (ex/em 494/517 

nm), while the second one to label dead cells in red (ex/em 528/617 nm). The staining solution 

was obtained by diluting 2 μM calcein AM and 4 μM EthD-1 in PBS. After removing the culture 

medium, 3D printed constructs were washed with PBS and 500 μl of staining solution was 

added to each scaffold. Then, constructs were incubated covered from light at 37°C for 20 

minutes. The viability of GG/MH embedded cells was assessed by using NucBlue® Live 

ReadyProbes® Reagent (Invitrogen, Thermo Fisher Scientific, UK). This reagent exploits 

Hoechst 33342 nuclear stain that emits blue light (ex/em 360⁄460 nm) when bound to DNA of 

living and dead cells. The staining solution was created by diluting 4 μM EthD-1 (LIVE/DEAD® 

Cell Imaging Kit, Life Technologies, Thermo Fisher Scientific, UK) and 2 drops/ml of NucBlue®, 

according to manufacturer’s guide, with PBS. Then, the same staining protocol followed for 

GG2 construct was taken. For both GG2 and GG/MH bioprinted constructs, the viability of 

encapsulated Y201-chondrocytes was assessed at 24 and 72 hours after printing. Also, the 

same test was performed on GG2 encapsulated cells at 3 hours in order to directly evaluate 

the effects of the printing process on cells. Cell viability analysis were carried out at the stated 

timepoints using a Nikon A1R inverted confocal microscope, by setting constant lightness and 
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scan parameters. Specifically, volume rendering images acquired at 10X magnification with a 

Z-stack of 15 μm along the whole thickness of the bioprinted constructs by utilizing a Galvano 

scanner and 3D-reconstructed with a maximal projection algorithm. Finally, images were 

analysed employing NIS-Elements software (Nikon). 

 

2.5.5 Cell morphology and distribution 

The distribution and morphology of encapsulated Y201-C in GG2 and GG/MH bioprinted 

hydrogels was visualized by immunostaining after 7 days of culture. Cell nuclei were stained 

in blue by using 4′, 6- diamidino-2-phenylindole (DAPI), while rhodamine-phalloidin was used 

to detect cytoskeleton F-actin (red). After removing culture medium, cell-laden constructs 

were washed twice with pre-warmed PBS and fixed in pre-warmed 4% w/v paraformaldehyde 

(PFA) solution in PBS for 30 minutes at 4°C. Bioprinted hydrogels were washed in PBS, and 

permeabilization was performed by washing constructs three times with 0.1% v/v Tween20® 

solution in PBS (PBS-Tween). Then, constructs were covered for 20 minutes at RT with a 

rhodamine-phalloidin solution created by diluting 1:100 phalloidin-tetramethylrhodamine B 

isothiocyanate in PBS-Tween. Thereafter, hydrogels were re-washed twice with PBS-Tween 

and immersed for 10 minutes at RT in a DAPI solution, prepared by diluting 1:2500 DAPI 

(Vector Laboratories) in PBS-Tween. Finally, hydrogels were rinsed twice again with PBS-

Tween and images were acquired using a Nikon A1R inverted confocal microscope at 10X 

magnification as detailed in section 2.5.4. 

 

2.5.6 OA induction in bioprinted 3D in vitro models  

In order to induce OA condition and obtain 3D pathological in vitro models, the bio-printed 

systems were cultured with the addition of specific cytokines to the culture medium. Then, 

the feasibility of the bioprinted hydrogels as in vitro model was evaluated. In particular, the 

formation of neo cartilaginous or OA tissue was investigated by immunofluorescence (IF) 

analysis for Coll II production, by Alcian Blue staining for the accumulations of GAGs and by 

histological analysis via immunohistochemistry (IHC). Finally, SEM analysis were carried out to 

study cell morphology and distribution within the hydrogel. Cytokine-based OA in vitro models 

were obtained by culturing the bioprinted 3D cell-laden constructs in the presence of a 

cytokine cocktail. The latter was obtained by adding IL-6, IL-1β and TNF-α, respectively at a 
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concentration of 10, 1 and 1 ng/ml, to DMEM/F-12 cell culture medium. The cytokine 

concentration ratio 10:1:1 was chose considering the levels of IL-6, IL-1β and TNF-α in 

advanced OA synovial fluid (Sohn et al., 2012). As described in section 2.8.3, the bioprinted 

constructs were moved within a multi-well plate and singularly covered with 1ml of cytokine 

cocktail to induce OA condition. Constructs were incubated at 37°C and 5% CO2 and the 

cytokine-based medium was changed three times per week. Pathological in vitro models are 

referred as their relative 3D bioprinted constructs code name with the addition of the suffix 

“P”: (i) GG2-P and (ii) GG/MH-P.  

 

2.5.7 GAGs quantification (AlcianBlue) 

Alcian blue staining (pH = 2) was exploited to determine the deposition of GAGs in the cell-

embedded healthy and pathological models at day 7 and 14. Firstly, after being washed twice 

with PBS, constructs were fixed in pre-warmed 4% w/v PFA for 30 minutes at 4°C. Constructs 

were covered with 1% w/v Alcian Blue solution, prepared by dissolving Alcian blue powders in 

3% w/v acid acetic, and leaved covered from light at RT for 30 minutes. Samples were rinsed 

repeatedly with dH2O until the blue staining in excess was visibly removed. A quantitative 

GAGs production evaluation was conducted. 6M guanidine hydrochloride solution was 

prepared by dissolving guanidine hydrochloride (6M) in 50 mL of dH2O. 500 μl of guanidine 

hydrochloride solution was added to each Alcian Blue stained sample and constructs were 

leaved covered from light on a shaking plate for 4 hours at RT to extract the stain. Then, 50 μl 

of supernatant were taken in triplicate from each construct and placed in a 96-clear bottom 

well plate. Other 50 μl of guanidine hydrochloride solution was added to each well. Reading 

was performed at 630nm in absorbance (values expressed in OD) with a Filter-based multi-

mode microplate reader  

 

2.5.8 Bioprinted constructs morphological analysis (SEM) 

SEM analysis were carried out to monitor the morphology and distribution of Y201-

chondrocytes within GG2-H and GG2-P constructs at day 14. Firstly, constructs were washed 

twice in PBS and fixed in pre-warmed 2% v/v glutaraldehyde for 30 minutes at 4°C. Then, 

samples were washed twice in 0.4M sodium cacodylate buffer (pH = 7.4). Constructs 

underwent de-hydration at 4°C in ascending ethanol grades (EtOH; v/v in dH2O): 15 minutes 
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in 25%, 50%, 70% and 80% EtOH, 15 minutes in 95% EtOH twice, and 4 times in 100% EtOH for 

15 minutes covered by filter paper. Subsequently, samples underwent various critical point 

drying steps through increasing hexamethyldisilazane (HMDS) concentration at RT: 15 

minutes 5 drops of HMDS in EtOH 100%, 15 minutes HMDS 50% v/v in EtOH 100%, and tree 

times 100% HMDS for 10 minutes. Constructs were fixed on aluminium stubs with Achesons 

Silver ElectroDag and sputter-coated with gold by using a Polaron E5000 SEM Coating unit 

(Quorum Technologies, UK). SEM images were acquired at various magnification with 8kV 

accelerating voltage.  

2.6 Statistical analysis 

Statistical analysis were performed via ANOVA One-way or two-way analysis of variance 

(Turkey’s multiple comparison test) by using a GraphPad® 8.4.3. For each condition, tests were 

carried out three times, unless otherwise specified. Data were reported as mean values ± 

standard deviation. Differences between groups were considered significant for p < 0.05. 

Single (*), double (**), triple (***) and quadruple (****) asterisks indicated respectively p < 

0.05, p < 0.01, p < 0.001 and p < 0.0001. 
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Chapter 3: Results 

This chapter is divided in two main parts: the first one focus on the characterisation of the 

hydrogels (chemical, thermal and physical), while the second part deals with the biological 

characterisation of the bioprinted constructs. 

3.1 Hydrogel Characterisation 

3.1.1 Chemical Characterisation 

  3.1.1.1 FTIR Analysis  

FTIR-ATR spectra of GG powders and GGMA lyophilized powders were measured in the range 

4000 - 550 cm-1 in order to confirm the methacrylation process (Figure 3.1). Characteristic GG 

absorption peaks, reported in Table 7, were observed in both GG and GGMA spectra at 1035 

cm-1, 1410 cm-1, 1620 cm-1, 2920 cm-1 and 3420 cm-1. As regards to GGMA spectrum, the 

distinctive C=O stretching vibration absorption peak of MA ester bond appeared at 1740 cm-

1, while the peak at 1535 cm-1 were assigned to C–C stretching (Figure 3.1 insert, Table 7). 

However, the absorption peak at 1635 cm-1, typical of C=C bond of MA, was not clearly 

distinguished (Figure 3.1 insert). 
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Figure 3.1: FTIR-ATR spectra of GG powders and GGMA lyophilized powders. The insert shows a zoom 
on the wavelength band where peaks relative to the introduction of MA were noticed. Peaks 
assignment is listed in Table 7. 

 

Peak number Wavelenght (cm-1) Assignment 

1 1035 C-O stretching 

2 1220 C-C stretching 

3 1410 Symmetric COO− stretch 

4 1535 C-C stretching 

5 1620 Asymmetric COO− stretch 

6 1740  (ν C=O) ester carbonyl stretch  

7 2920 C-H stretch 

8 3420 O-H stretch 

 
Table 7: Attribution of GG and GGMA FTIR-ATR absorption peaks illustrates in Figure 3.1 (Silva-Correia 
et al., 2011; Agibayeva et al., 2020) 
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  3.1.1.2 XPS analysis 

XPS was employed to study the surface composition of GG powders and GGMA lyophilized 

powders. The elemental composition of the investigated samples expressed as A% was listed 

in Table 8.  

 

Sample C1s (A%) O1s (A%) N1s (A%) 

GG  56.9 40.1 1.9 

GGMA 71.9 25.2 2.0 

 

Table 8: Atomic percentage (A%) of GG powders and GGMA lyophilized powders obtained through XPS 
analysis. 

 

The results showed the major presence of carbon (C1s) and oxygen (O1s) in both GG and 

GGMA samples. It is noticeable that the carbon percentage increased from 56.9% for GG to 

71.9% for GGMA, whilst oxygen amount decreased form 40.1% for GG to 25.2% for GGMA. 

In both composition a small amount of nitrogen (N1s) of around 2% was detected. For 

simplicity, the presence of elements between 0.3 and 1% was not reported.  

 

 

b) Sample 
CHx  

(~285 eV) 

C-COO 

(~285.5 eV) 

C-OR 

(~286.5 eV) 

O-C-O 

(~288 eV) 

COOR 

(~289 eV) 

 

 GG  17.7% 3.6% 56.6% 18.4% 3.6%  

 GGMA 52.6% 6.7% 27.9% 6.1% 6.7%  

 

Figure 3.2: High resolution XPS analysis of GG and GGMA. Curve fitting of high resolution C1s spectrum 
of GG (left) and GGMA (right) (a). Bond percentage and relative binding energy of the investigated 
samples (b). 
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High resolution XPS of carbon (C1s), reported in Figure 3.2 (a), was carried out, and the signal 

was de-convoluted into five spectra related to the following functional groups: CHx (binding 

energy: 284.8 eV), C-COO (binding energy: 285.4 eV), C-OR (binding energy: 286.5 eV), O-C-O 

(binding energy: 287.9 eV) and COOR (binding energy: 288.9 eV). The table in Figure 3.2 (a) 

showed, for each sample, the associated peak area percentage (%) of considered chemical 

species. The major differences in bonds percentages between GG and GGMA were the 

following: CHx increased from 17.7% in GG to 52.6% in GGMA;  C-COO also grew from 3.6% in 

GG to 6.7% in GGMA;  C-OR was found at 56.6% in GG and diminished to 27.9% in GGMA; O-

C-O decreased from 18.4% in GG to 6.1% in the methacrylated form;  COOR increased from 

3.6% to 6.7% in GGMA. 

 

3.1.2 Thermal characterisation 

GG powers and GGMA lyophilized powders thermal stability was studied through TGA. The 

relative TG and dTG spectra are displayed in Figure 3.3. The first GG weight loss of 

approximately 13%, appeared from 30°C to 180°C, whilst the initial 11% weight loss of GGMA 

occurred in a narrower range, between 30°C and 120°C. The main degradation step of GG 

occurred between 230°C and 520°C, with a relative weight loss of approximately 60% and a 

peak temperature of 262°C. GGMA showed a major weight loss of nearly 65% in a temperature 

range of 120–530°C, in a degradation step composed by two overlapping peaks at 232°C and 

252°C. Only GG spectrum displayed a third degradation step, with a moderate weight loss of 

16% occurring at around 600°C. 

 

Figure 3.3: TG (a) and dTG (b) curves between 30°C and 800°C of GG powders (blue) and GGMA 
lyophilized powders (orange). 
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3.1.3 Physical Characterisation 

  3.1.3.1 Gelation time  

A simple inversion test was conducted at RT to qualitatively estimate the gelation time of a-

cellular GGMA-based hydrogels and to investigate the effect of the addition of MH and gelatin. 

Table 9 reports the gelation time under UV light (365nm, UV LED total power: 6W) of the 

investigated systems with or without the presence of cell culture medium. The test was 

conducted on the four aforementioned GGMA based hydrogels: GG2 (2%w/v GGMA), GG3 

(3%w/v GGMA), GG/MH (2%w/v GGMA; 5%w/v MH), and GG/GEL (0.75%w/v GGMA; 10%w/v 

gelatin). Considering a time window of 10 minutes, both GG2 and GG/MH systems did not 

undergo gelation without the presence of cell culture medium. At the same conditions, GG3 

and GG/GEL showed a sol-gel transition time of about one minute. When cell culture medium 

was added, GG3 and GG/GEL gelation time remained the same, while GG2 and GG/MH 

underwent sol-gel transition within ~ 3 minutes. As regards to pure GGMA-based hydrogels 

(GG2 and GG3) the gelation time in both conditions was negatively correlated with the 

polymer concentration. Moreover, between GG3 and GG/GEL and between GG2 and GG/MH 

no differences in terms of gelation time were noticed. 

 

Composition 
Gelation time, no 

medium (min) 

Gelation time with 

medium (min) 

GG3 ~ 1  ~ 1  

GG2 > 10 ~ 3 

GG/MH > 10 ~ 3  

GG/GEL ~ 1  ~ 1  

 

Table 9: Gelation time of the prepared GGMA-based systems (800 µl) under UV light (365 nm, 6W) at 
RT (20-25°C) with or without the addition of cell culture medium (DMEM, 300 µl). Test was performed 
in duplicate. 

 

  3.1.3.2 Water uptake analysis 

Figure 3.4 illustrates the water uptake (WU) capacity of the freeze-dried GGMA-based 

hydrogels at different time points after 30 minutes, 90 minutes, 3 hours, 5 hours, 7 hours, 24 

hours and 48 hours. As highlighted in Figure 3.4 insert, all hydrogel compositions swelled 

https://en.wikipedia.org/wiki/Tilde
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immediately after their soaking in PBS. GG2, GG3, GG/MH and GG/GEL exhibited a steep WU 

increase within 3 hours, respectively reaching a value of 1682 ± 110 %, 1434 ± 57 %, 675 ± 32 

% and 440 ± 41 %. At this point, GG2, GG3 and GG/MH samples showed a slower water uptake 

rate, achieving a WU value of respectively 1956 ± 10 %, 1544 ± 64 % and 772 ± 48 % within 24 

hours, then a WU plateau was detected after 48 hours of immersion. As regards to GG/MH, 

after 3 hours of analysis the WU value remained approximately stable up to 48 hours. Overall, 

GG2, GG3 and GG/GEL hydrogels showed a similar WU evolution, with a steep rise at the 

beginning of the test, followed by a more gradual rise to reach an equilibrium value after two 

days. On the other hand, GG/MH sample WU percentage, after the initial rapid increment, 

remained nearly constant. Also, MH-based hydrogels and GG/GEL reached a lower WU% 

compared to bare GGMA-based hydrogel (GG2 and GG3). In particular, at equal concentration 

of GGMA (GG2 and GG/MH), the addition of MH led to a WU% drop. 

 

 

Figure 3.4: Water uptake (%) analysis up to 48 hours relevant to GG3, GG2, GG/MH and GG/GEL freeze-
dried hydrogels. Measurements were performed in PBS at 37°C. The insert illustrates the water uptake 
profile in the first three hours of analysis. Values are expressed as mean ± standard deviation (n =3). 

 

3.1.4 Morphological analysis 

GGMA-based hydrogels surface morphology post-water uptake test was investigated using 

SEM. The influence of GGMA concentration and the effect of gelatin and MH on the in internal 

microstructure was evaluated. From the acquired SEM images (Figure 3.5) it was observed 
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that all the compositions have an anisotropic porous microstructure. GG3, GG2 and GG/MH 

(Figure 3.5 a, b, c) appeared possessing a well interconnected framework, clearly displayed at 

100x magnification, with irregular (circular and elliptical) pore shape. The addition of MH did 

not lead to a considerable changes on GGMA hydrogel microarchitecture. GG/GEL structure 

revealed a more defined pore morphology, with larger pore size compared to the other 

compositions (Figure 3.5 d). Also, GG/GEL samples appeared to have smoother pore surface 

compared to the other formulations. 

 

 

Figure 3.5: Environmental scanning electron microscopy (eSEM) representative images illustrating the 
cross-section morphology of the freeze-dried GGMA-based hydrogels at 35x and 100x (upper left 
inset). (a) GG3; (b) GG2; (c) GG/MH; (d) GG/GEL. Scale bar = 500 μm. 

 

Differences in pore diameters between the four hydrogels, calculated as described in section 

2.3.4, were observed. Hydrogels showed multiple length scale porosities (Figure 3.6). In the 

case of GG3 hydrogel, more than 30% of pores had a diameter between 100 – 150 μm, nearly 

25% of pores showed a diameter between 50 – 100 or 150 – 200 μm, about 12% of pores had 

a diameter between 200 – 250 μm, and around 5% of pores exhibited a diameter between 

250 – 300 μm. Regarding GG2 hydrogel, more than 40% of the pores had a diameter between 

50 -100 μm and 100 – 150 μm, nearly 7% of pores had a size between 200 – 250 μm and the 
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remaining 4% of pores were in 250 -300 μm diameter range. As regards to GG/MH, around 

45% of pores were in 100 – 150 μm diameter range, about 30% and 15% of the pores had 

respectively a diameter between 50 – 100 μm and 150 – 200 μm and about 3% of pores 

showed a size between 200 – 250 μm.  Concerning GG/GEL, around 30% of the pores were in 

the 150 – 200 μm or 100 – 150 μm diameter range, about 20% of the pores had a diameter 

between 300 – 400 μm, 15% of the pores showed a diameter between 200 – 250 μm and 

nearly 3% had a size between 50 – 100 μm and 250 – 300 μm. Overall, most of GG3, GG2 and 

GG/MH pores had a diameter inferior to 200 μm. GG2 and GG/MH showed the narrowest 

pore diameter distribution, ranging from 50 to 250 μm, whilst GG/GEL pore size distribution 

was the largest one.  
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Figure 3.6: Bar chart illustrating the percentage distribution of pore sizes of prepared hydrogels (GG3, 
GG2, GG/MH and GG/GEL). Pores diameter ranges are: 50- 100 μm; 100-150 μm; 150-200 μm, 200-
250 μm, 250-300 μm and 300-400 μm. 

 

Figure 3.7 shows the mean pore diameter of the four hydrogel compositions. GG3, GG2 and 

GG/MH possessed respectively an average pore diameter value of 146, 108 and 124 µm, with 

a considerable statistical difference (p<0.05) between GG3 and GG2 values. GG/GEL had a 

mean pore size of 207 µm, higher than the other values and statistically different (p<0.0001). 

The addition of MH at equal concentration of GGMA (GG2 and GG/MH) did not lead to a 
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statistical difference of mean pore size. Overall, all compositions showed a mean pore 

diameter between approximately 100 and 200 μm. 

 

 

Figure 3.7: Bar chart illustrating the mean pore diameter of the four GGMA-based hydrogels (GG3, 
GG2, GG/MH and GG/GEL). Data are presented as mean ± standard deviation (minimum n = 30). 
Statistical significance is shown as * (p < 0.05) and **** (p < 0.0001). 

 

3.1.5 Mechanical characterisation  

The mechanical properties of the prepared hydrogels were investigated through unconfined 

uniaxial compression test. Figure 3.8 illustrates the representative stress-strain curves of the 

GGMA-based hydrogels. All hydrogel compositions exhibited a limited linear elastic region, 

ranging approximately between 0 – 10% strain. Every GG2 tested sample underwent breakage 

at a compressive strain value of approximately 27% (Figure 3.7). GG2/MH and GG/GEL curves 

showed a similar evolution, with a modest increase of the compressive stress after the linear 

region. On the other hand, in relation to the other compositions, GG3 samples exhibited a 

sharply increase of the compressive stress after roughly 10% strain (Figure 3.7).   
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Figure 3.8: Representative stress-strain curves of the GGMA-based hydrogels compressed at a strain 
of 0 -35%. For each composition, the shown curve was calculated with one of the three tested 
cylindrical sample. 

 

The linear stress strain curves were then exploited to determine E modulus of GGMA-based 

hydrogels, computed as the slope of the linear region. GG3, GG2, GG/MH and GG/GEL showed 

respectively an E of about 24.6 ± 1.8 kPa, 19.7 ± 1.2 kPa, 16.2 ± 2.8 kPa and 18.0 ± 1.6 kPa 

(Figure 3.9). GG3 showed the highest value of E, statistically different from GG/GEL (p < 0.05) 

and GG/MH (p < 0.05), that exhibited the lowest E value. Interestingly, no statistical difference 

was observed between GG2 and GG/MH.  

 

Figure 3.9: Compression Young’s modulus (E) of the four hydrogels. E was calculated as the slope of 
the linear region of the stress-strain curves. Data are expressed as mean ± standard deviation (n = 3). 
Statistical significance is indicated as * (p < 0.05). 
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3.2 Bioprinting 

3.2.1 Hydrogels printability evaluation 

A visual qualitative assessment of the printability of each hydrogel formulation, without 

embedded cells, was performed. The selection of printing parameter range was based on 

previous GG-based hydrogel printing experiments performed by Annachiara Scalzone during 

her PhD work. In particular, for each experiment the substrate temperature was set between 

28 and 35 °C, the temperature of the syringe was adjusted in a range of 34 – 38 °C and the 

printing speed was select between 2 – 5 mm/s. The travel speed value (x-y speed at which the 

bed moved) was set equal to the printing speed value (speed at which the hydrogel was 

extruded) to avoid over-deposition (printing speed > travel speed) or under-deposition of 

material (printing speed < travel speed). GG3 showed an enhanced viscosity with respect to 

GG2. In most of the trials when GG3 came into contact with the collecting plate, this 

underwent an instantaneous sol-gel transition. However his hydrogel was not always easily 

extruded, and sometimes a non-continuous strand deposition was observed. Concerning 

GG/GEL, it appeared to be the most viscous system, leading to unsuccessful printed structures. 

Also, GG/GEL was not homogeneously crosslinked. Moreover, during GG3 and GG/GEL 

printing, frequent nozzle clogging events were experienced. For the reasons stated above, 

these two hydrogels (GG3 and GG/GEL) were not selected as potential cell-laden bioinks and 

were not carried out in the further experiments.  

As regards to GG2 and GG/MH, the second hydrogel appeared to be more viscous than the 

first. Both hydrogels were successfully printed: consistent filaments deposition, continuous 

and stable strands extrudability and the absence of filament deposition interruption were 

observed. The extruded filaments were homogeneously UV crosslinked and underwent a fast 

gelation when came in contact with the bed, allowing a precise positioning and retaining their 

shape. The table showed in Figure 3.10 (a) reports the optimized printing parameters used for 

the deposition of GG2 and GG/MH filaments. As a demonstration of GG2 and GG/MH ability 

to form multi-layered structures, 3D grid shaped structures of 3-4 layers (20 x 20 mm), with a 

10% fill density were printed. Figure 3.10 (b) shows top view of a three-layered grid shaped 

GG2 construct. Even if DMEM was not added, the structure showed good shaped fidelity in 

respect with the GCode 3D model. 

  



90 
 

a) 
Printing parameters 

b) 

 

 

Nozzle 
size 

(Gauge) 

T 

syringe 

(°C) 

T 
bed 
(°C) 

Printing 

speed 

(mm/s) 

Travel 
speed 

(mm/s) 

Bottom 
speed 

(mm/s) 

Layer 

height 

(mm) 

Fill 
density 

(%) 

 

 

25 36-38 
30-
34 

5 5 5 0.15 10 
 

 
Figure 3.10: GGMA-based hydrogel printability assessment. (a) Experimentally optimised printing 
parameters used for GG2 and GG/MH deposition. (b) Digital photo showing the top view of a 3-layered 
GG2 printed grid-shaped construct, with a 10% fill density. 

 

In order to fabricate cell laden constructs by using GG2 and GG/MH, the temperature of the 

bed was set between 30 and 34 °C, while the temperature of the syringe dispenser was set 

between 35°C and 38°C. The printing process was performed with a bioink composed by GG2 

or GG/MH hydrogel with embedding Y201-C (7x106 cells/ml). On average, every time the 

bioprinting process was performed, 6 – 8 box shaped sample of 5 - 6 layers (approximately 

150 - 200 μl per sample) were fabricated. The duration of the printing process was 

approximately 5 - 6 minutes. After their deposition, samples were mechanically stable enough 

to be manipulated with a spatula, enabling their removal from the bed and positioning on the 

bottom of well of a 48 multi-well plate. No delamination was experienced during the 

manipulation of the samples. 

 

3.2.2 Bioprinted construct: cells viability 

Live/dead assay was performed after printing at different time points in order to qualitatively 

evaluate cell viability over a 72h culture period and to examine the effect of the printing 

process on Y201 chondrocytes. GG2 embedded live cells were stained in green, whilst dead 

cells were stained in red (Figure 3.11 a). Since it was observed that MH absorbed green light, 

live cells encapsulated in GG/MH hydrogel were stained in blue, while dead cells were stained 

in red (Figure 3.11 b). As regards to GG2, at three hours after printing most of embedded cells 

were viable, showed a round-like shape and tended to agglomerate. As can be clearly seen in 

Figure 3.11 (a), the number of living cells sharply increased over time and cells maintained 

their rounded morphology. Furthermore, after 72 hours of culture few dead cells were visible. 



91 
 

Concerning GG/MH, at 24 and 72 after printing cells showed a rounded morphology. 

Moreover, at each time point the vast majority of Y201-C were viable and only few dead cells 

were found (Figure 3.11 b). Overall, at 72 hours after printing, Y201-C viability was comparable 

between GG2 and GG/MH hydrogels. 

 

 

 

Figure 3.11: Live/Dead confocal microscopy volume rendering of printed Y201-Chondrocytes (10x 
Magnification, Z-stack of 15 μm). (a) Viability of cells embedded within GG2 hydrogel by bioprinting 
at 3, 24 and 72 hours after printing. Live cells were stained in green and dead cells in red. (b) Viability 
of cells embedded within GG/MH hydrogel by bioprinting at 24 and 72 hours after printing. Live cells 
were stained in blue and dead cells in red/purple. 

 

3.2.3 Cell morphology and distribution in GGMA-based printed bioinks 

Confocal microscopy was employed at day 7 after printing to qualitatively assess Y201-C 

morphology, distribution and cytoskeleton organization within GG2 and GG/MH bioinks. Both 

2D immunostaining images and volume stacks were obtained (Figure 3.12). Cell nuclei were 

stained in blue (DAPI) and cytoskeleton f-actin was labelled in red (Rhodamine-phalloidin). 

GG2 and GG/MH hydrogels demonstrated a good Y201-C affinity, in terms of nuclei integrity. 

In both compositions, few isolated nuclei without a surrounding cytoskeleton, visualised as 

blue dots, were detected in both hydrogels. As regards to cell morphology and disposition, 

Y201-C embedded in both hydrogel compositions showed a round morphology with no sign 
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of spreading. Cell tended to aggregate in both bioprinted constructs. However, cells within 

GG/MH hydrogel formed bigger cluster when compared with Y201-C in GG2, were smaller cell 

clumps were observed. Finally, Y201-C exhibited a different disposition within the two 

hydrogel. Cells appeared to be distributed evenly throughout GG2 hydrogel, while they were 

not uniformly dispersed within GG/MH, may be due to GG/MH hydrogel non-homogeneity.  

 

Figure 3.12: Immunostaining images and confocal microscopy 3D rendering of Y201-chondrocytes at 
day 7 after printing. Cell nuclei were stained in blue (DAPI) and f-actin is visualized in red (Rhodamine-
phalloidin). (a-b) Immunostaining images of cells encapsulated in GG2 (a) and GG/MH (b) bioinks. (c-
d) Volume stack of cells embedded in GG2 (c) and GG/MH (d) bioinks (10x Magnification, Z-stack of 15 
μm). Scale bar = 200 μm. 

 

3.2.4 GAGs quantification (AlcianBlue) 

The GAGs content of the healthy and pathological in vitro bioprinted constructs was 

quantitatively determined at day 7 and 14 through GAGs quantification assay (AlcianBlue and 

guanidine hydrochloride). Figure 3.13 illustrates the absorbance, proportional to GAGs 

content, of the four investigated constructs. At day 7, GG/MH-H revealed the highest GAGs 

content. Moreover, the GAG’s amount in GG/MH-based constructs was higher in the heathy 

model than the pathological one, while in GG2-based models showed an opposite trend. At 

day 14, GG/MH-P revealed the highest absorbance value, statistically different from GG/MH-
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H (p < 0.0001). Furthermore, in GG2-H GAGs content was higher than the one in GG2-P and 

GG/MH-H and statistically different (p < 0.01, p < 0.5). Overall, from day 7 to day 14 GG2-H 

and GG/MH-P showed respectively a sharply absorbance value increase of about 3- and 2- 

fold. In contrast, GG2-P GAGs content appeared to decrease from day 7 to day 14, whilst in 

GG/MH-H construct’s GAGs production slightly increased over time. 

 

 

Figure 3.13: GAGs secretion quantitative analysis performed with guanidine hydrochloride (AlcianBlue, 
reading at 630 nm). The bar graph represents results obtained at day 7 and day 14 of GG2-H, GG2-P, 
GG/MH-H and GG/MH-P. Statistical significance is shown as * (p < 0.05), ** (p < 0.01) and **** (p < 
0.0001). 

 

3.2.5 Bioprinted constructs morphological analysis  

SEM investigation was conducted to assess the morphological differences between heathy 

and pathological bioprinted GG2-based constructs. Figure 3.14 illustrates the hydrogel 

microstructure and cell organization of GG2-H (Figure 3.14 a, b) and GG2-P (Figure 3.14 c, d) 

at day 14 after printing. After two weeks of cell culture, both healthy and pathological GG2-

based constructs did not retain the porous microstructure observed in section 3.1.4 in absence 

of Y201-C. At higher magnifications, the hydrogel surface of both constructs appeared to be 

irregular and showed the presence of ripples and bulges. As can be seen in Figure 3.14, several 

Y201-C were found within the two constructs after two weeks of culture. Both GG2-H and 

GG2-P were apparently populated by a comparable number of cells. Y201-C were completely 

entrapped within the hydrogel and maintained a spherical shape with a diameter >10 µm. 
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Furthermore, cells were not uniformly distributed throughout the hydrogel matrix and 

showed a tendency to form bunch-shaped clusters in both GG2-H and GG2-P models. Since 

Y201-C were covered by the hydrogel, the secreted ECM was not clearly discernible. However 

ECM protuberances, indicated by a white arrow, can be observed around a Y201-C within GG2-

H (Figure 3.14 b). Finally, in GG2-P cluster of regular-shaped crystalline structures, with a size 

inferior to 5 µm can be observed (Figure 3.14 d). The nature of these structures was not clear 

and needed further investigations. 

 

 

Figure 3.14: Scanning electron microscopy (SEM) images of bioprinted 3D constructs. (a, b) GG2-H 
construct after 14 days of culture in DMEM/F-12 medium. White arrow (b) indicated the presence of 
subtle threads around a Y201-C. (c, d) GG2-P construct after 14 days of culture in cytokine-based 
medium. Magnification were respectively: 1360x, 6710x, 5050x and 8730x. 
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Chapter 4: Discussion 

4.1 Hydrogel synthesis and characterisation 

Hydrogels are the most used biomaterial to produce living 3D constructs via bioprinting. In 

general, natural hydrogels exhibit excellent biocompatibility and biodegradability (Spiller, 

Maher and Lowman, 2011; Levato et al., 2014; Pantani and Turng, 2015; Yang et al., 2017). GG 

is a biocompatible polysaccharide that possess interesting characteristics for biomedical 

applications, such as transparency and simple preparation, and that has gained attention in 

CTE because of its structural similarity to cartilage GAGs and chondrogenic potential. 

Moreover, GG hydrogels exhibit interesting features for 3D bioprinting, including good gelling 

ability and shear thinning behaviour (João T. Oliveira, Gardel, et al., 2010; Cameron J Ferris et 

al., 2013; Costa et al., 2018; Wu et al., 2018). One of the main drawback of GG hydrogels is 

represented by their limited mechanical properties, however this issue may be addressed 

though methacrylation. The presence of MA functional groups enables GG gelation 

mechanism via photo crosslinking, in addition to the characteristic thermo-reversible one, 

enabling the control over mechanical and physical characteristics of the hydrogel. For these 

reasons, GGMA has been employed for the production of load bearing engineered tissues such 

as cartilage (Coutinho et al., 2010b; Bacelar et al., 2016; Stevens et al., 2016b). 

In this work, the success of the reaction between GG powders and MA was demonstrated 

through FTIR-ATR and XPS analysis. In both GG and GGMA FTIR spectra peaks between 1300 - 

1400 cm-1 may be attributed to C-H bending. Compared to bare GG, GGMA showed variations 

in terms of chemical bond-related peaks: in particular, after the chemical modification two 

new peaks respectively at 1535 cm-1 (attributed to assigned to C–C stretching) and at 1740 

cm-1. Surprisingly, the unreacted C=C double bind peak at 1635 cm-1, related to the 

methacrylate side groups, was not clearly discernible in GGMA spectrum presumably due to 

its overlapping with the absorption peak at 1620 cm-1 (COO− stretch). However, the presence 

of an absorption peak at around 1740 cm-1 in GGMA spectrum, corresponding to stretching of 

the C=O of the methacrylate side groups, whose absorbance value is directly proportional to 

the methacrylation degree (intended as the concentration of MA involved during GGMA 

synthesis), proved the success of GG derivatization (Coutinho et al., 2010b; Silva-Correia et al., 

2011; Pacelli et al., 2015; Xu et al., 2018; Agibayeva et al., 2020). From the XPS analysis, it was 

found that the main elements contained in both GG and GGMA sample were oxygen and 
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carbon, the primary elements present in GG polymeric chains (Figure 1.16), with a very small 

contribution of nitrogen (Table 8). The small amount of nitrogen (N1s) in both compositions 

may be attributed to small contamination that can be occurred during the synthesis or analysis 

of the material. For simplicity, the presence of elements between 0.3 and 1% was not 

reported. Also, the detected atomic percentages the evaluated samples were similar to those 

reported in literature. Moving towards to carbon high resolution spectrum it was noticeable 

the increase of the CHx bond percentage (C-H, ~285 eV) after methacrylation, that may be 

attributed to aliphatic carbon of MA. On the other side, the  lower bond percentage of C-OR 

peak (~286.5 eV) in GGMA in respect to GG, may be associated to the loss of a C-OH specie 

during the formation of covalent bonds between the MA and OH groups in each repetitive 

unit of GG. Also, the COOR peak (~288.5 eV), typical of C=O species, had a higher bond 

percentage in GGMA in respect to GG. This can be associated to the presence of the C=O 

species in the side MA groups. All these results taken together re-confirmed the success of 

GGMA synthesis (Coutinho et al., 2012; Bonifacio et al., 2017; De Giglio et al., 2018). 

Four different GGMA-based photo-curable hydrogels were prepared: pure GGMA 2% w/v 

(GG2) and 3% w/v (GG3), and GGMA (respectively 2% w/v and 0.75% w/v) combined with 5% 

w/v MH (GG/MH) and 10% w/v gelatin (GG/GEL). As aforementioned, GGMA was chosen as a 

bioink to allow a double crosslinking, physical and photochemical, and also because its 

relatively little presence in literature.  MH was introduced in order to exploit its viscosity and 

antibacterial activity, thus increasing GGMA-based hydrogels viscosity and E value and 

reducing the risk of contaminations (Maria A Bonifacio et al., 2018; Bonifacio, Cochis, Cometa, 

Scalzone, et al., 2020). Gelatin, a low-cost natural polymer largely exploited for biomedical 

applications, was used as a GGMA additive to improve its printability, mechanical properties 

and enhance cell adhesion and proliferation (Shin, Olsen and Khademhosseini, 2012; Axpe and 

Oyen, 2016; Gungor-Ozkerim et al., 2018). 

The gelation time of the four investigated hydrogels and the effect of the addition of MH or 

gelatin were qualitatively estimated through tube inverting test (Table 9) at RT, when 

chemically crosslinked via photo-curing or with the addition of a second physical ionic 

crosslinking. In the first condition, when exposed to UV irradiation, GG2 and GG/MH samples 

did not experience the sol-gel transition within 10 minutes, while GG3 and GG/GEL hydrogels 

displayed a gelation time of about 1 minute. As regards to pure GGMA hydrogel, the decrease 

of gelation time was negatively correlated with the polymer concentration. On the other hand, 
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the short gelation time of GG/GEL may be due to the combined effect of the physical 

crosslinking of gelatin due to the presence of genipin occurring at RT, and the photo-

crosslinking of GGMA (Lien, Li and Huang, 2008). The addition of divalent ions (present in 

DMEM cell culture medium) was previously exploited as a methodology to physical crosslink 

GG-based hydrogel at temperatures lower than sol-gel transition temperature, which is 

around 36°C according to rheological analysis previously performed by Annachiara Scalzone 

during her PhD work (Lozano, Stevens, Brianna C Thompson, et al., 2015). In presence of 

DMEM cell culture medium, manually added after 1 minute of UV irradiation in order to 

prevent the liquid to penetrate within the gel, GG3 and GG/GEL gelation behaviour remained 

the same, while GG2 and GG/MH gelation time sharply decreased to approximately 3 minutes. 

Interestingly, at the same GGMA concentration (2% w/v) the addition of 5% w/v MH to did 

not qualitatively change the gelation behaviour of the system with or without the presence of 

cell culture medium. These results were expected, since cell culture medium typically contains 

milli-molar concentration of divalent cations that promote GG physical crosslinking by 

generating “direct bridges” between polymer chains by binding pairs of carboxyl groups and 

thus induced a combination of physical and chemical crosslinking (double crosslinking) (Smith 

et al., 2007; J. T. Oliveira, Martins, et al., 2010a). It is important to note that it is challenging 

to exactly determine the gelation point of a hydrogel with the tube inverting test and various 

factors as the solution volume, the shape of the container and the solution pH may influence 

it (Morris, Nishinari and Rinaudo, 2012; Gering, 2015; Szymańska et al., 2015).  

Water uptake ability is a fundamental characteristic of hydrogels, crucial for assessing the 

application of these systems in TE field, and is connected to the nutrient absorption during in 

vitro culture (Gentile et al., 2017; Kim et al., 2019). Biomaterials showing high water uptake 

ability can closely resemble the hydrophilic nature of ECM. However, excessive swelling levels 

may result detrimental for hydrogels mechanical stability and, in the case of transplanted 

materials, may cause damages to the surrounding tissues. Generally, the water uptake ability 

of a hydrogel is affected by its 3D architecture and is inversely proportional to its crosslinking 

degree (Gentile et al., 2016; Kosik-Kozioł et al., 2017; Kouhi et al., 2020; Pitarresi et al., 2020; 

Scalzone et al., 2020). The investigated hydrogels swelled very rapidly and exhibited a steep 

WU boost within 3 hours. A similar behaviour, was observed in MH - GG composite hydrogels 

by Bonifacio et al. (Maria A. Bonifacio et al., 2018). It has been reported that the hydrogel 

swelling phenomenon occurs in aqueous solution in approximately 6 hours, and in this time 
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the crosslinking bond forces are balanced by the osmotic pressure of the solution (Gentile et 

al., 2017). In our study, after 3 hours, GG2 (2%w/v GGMA), GG3 (3%w/v GGMA),  and GG/GEL 

(0.75%w/v GGMA, 10% w/v gelatin) hydrogels showed a gradual WU% value rise to reach an 

equilibrium value after two days, while the WU% value of GG/MH (2%w/v GGMA, 5%w/v MH) 

remained nearly constant. We found that pure GGMA-based hydrogel (GG2 and GG3) showed 

a higher WU% as compared to GG/MH and GG/GEL. This may be partially attributed to a 

greater GGMA chains flexibility that is limited by the presence of MH and gelatin. This result 

may be influenced by higher material content of GG/MH sample and by the hydrophobic 

nature of MH. GG chains interact with MH via hydrogen bonds, diminishing the amount of free 

lateral carboxyl groups. More specifically, it has been reported that the reduced swelling 

behaviour of GG after the addition of MH may be caused by a lower number of available GG 

lateral carboxyl groups, that normally form hydrogen bond with water molecules (Mohd Azam 

and Amin, 2017; Sasikala, Rathinamoorthy and Dhurai, 2018). On the other side, the relatively 

low WU ability of GG/GEL may be due to the increase of hydrogel weight caused by the 

presence of gelatin and the additional gelatin crosslinking with genipin, that provides to the 

sample a higher crosslinking degree and superior stability in PBS. In a study, Lien et al. reported 

that 10% w/v gelatin hydrogel crosslinked with genipin reached, at equilibrium, a WU% value 

of approximately 500% (Lien, Li and Huang, 2008). In this work we observed that GG/GEL 

reached, after 48 hours, a WU% value of nearly 700%. Therefore it is plausible that the WU 

behaviour of GG/GEL was predominantly influenced by gelatin. Interestingly, GG2 WU trend 

in PBS (pH = 7.4) appeared to be similar to the one of a ionic crosslinked GGMA hydrogel at 

the same concentration (2% w/v) (Silva-Correia et al., 2013). GG2 had the highest swelling 

ability, reaching an equilibrium WU value of approximately 1950% and this is not surprising 

considering that the swelling ability of a hydrogel is inversely proportional to polymer 

concentration, as higher presence of material reduces the void space of the system (Beck et 

al., 2016a). This result can be also attributed to a larger amount of hydrophobic MA side 

groups of GG3 in respect to GG2 and is consistent with the findings reported by Xu et al., that 

demonstrated that higher degree of methacrylation resulted in reduced swelling response 

(Coutinho et al., 2010b; Xu et al., 2018). Overall, the WU analysis demonstrated that the 

investigated hydrogels had a strong hydrophilic nature resembling the one of ECM, with the 

capacity to retain large amount of PBS, while maintaining their stability in aqueous 

environment for 48 hours.  
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Then, the internal morphology of freeze-dried GGMA-based hydrogels was investigated after 

WU in order to simulate the hydrated condition of the human body. Native AC possess a 

gradient porous microarchitecture that promotes specific cell behaviours such as 

proliferation, matrix production and migration (Raghunath et al., 2007; Caddeo, Boffito and 

Sartori, 2017). Both pore size and pore interconnectivity play an important role, providing a 

large surface area for cell adhesion, supporting effective cell waste removal and nutrients 

diffusion and influencing the tissue regeneration effectiveness (Raghunath et al., 2007; Zhang 

et al., 2014). As can be clearly seen in Figure 3.5, all freeze dried GGMA-based hydrogels 

obtained in this works showed a porous microarchitecture with interconnected cavities 

resembling an interconnecting “open-cell” architecture. As regards to GG3 and GG2, the two 

hydrogels showed a similar internal morphology (Figure 3.5 a and b). The increased GGMA 

concentration lead to a mean pore diameter increment (Figure 3.7) and to a different pore 

size distribution. Surprisingly, when compared to GG2, GG3 exhibited a higher percentage of 

pores with a diameter higher than 150 μm and a lower proportion of pores smaller than 150 

μm.  Visually, when comparing GG2 (Figure 3.5 b) and GG/MH (Figure 3.5 c), the addition of 

MH in the hydrogel composition did not significantly change the internal microarchitecture of 

the samples. No statistical difference in mean pore size and pore diameter distribution interval 

(50-250 μm) between GG2 and GG/MH was observed (Figure 3.7). On the other hand, when 

compared to GG2, the MH introduction reduced the number of pores size < 150 μm and 

increased the percentage of those with a diameter between 150 – 200 μm (Figure 3.6). As can 

be observed in Figure 3.5 d, the presence of gelatin remarkably affected the hydrogel 

microstructure. Pore morphology appeared to be more regular when compared to the other 

three compositions. The internal pore shape and architecture were visually similar to the one 

of pure gelatin freeze-dried sample observed in other works present in literature (Van 

Vlierberghe et al., 2007; Lien, Li and Huang, 2008). This can be explained by the GG/GEL higher 

gelatin concentration (10% w/v) than GGMA one (0.75% w/v). Also, GG/GEL had the highest 

mean pore size, statistically different from the other three values (Figure 3.17) and this is 

consistent with findings reported in another work in which, the addition of 2mg/ml of collagen 

(from which gelatin is derived) to GGMA led to a noticeable increase of the hydrogel pore 

size(Chen et al., 2018). Furthermore, when compared to the other formulations, GG/GEL 

showed the largest pore diameter distribution, ranging from 50 to 400 μm, and approximately 

70% of the pores had a diameter exceeding 150 μm. The pore size distribution of the 
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investigated hydrogels, ranging from 50 to 400 μm, proved that they possessed an hierarchical 

porosity, mimicking the one of native AC (Harley et al., 2006; Gerhardt and Boccaccini, 2010). 

It has been stated that the presence of a gradient porosity enhances cell mobility during 

regenerative processes and is essential for AC defects treatment in CTE. Also chondrocytes 

showed preferential proliferation when cultured in construct with pore size between 200 µm 

and 500 µm. In another study, Xia et al. reported that a chitosan – gelatin scaffold showing a 

pore size ranging from 60 to 200 μm was suitable for CTE applications (van Tienen et al., 2002; 

Xia et al., 2004; M. Iliescu, C.D. Hoemann, M.S. Shive, A.Chenite, 2008; Lien, Ko and Huang, 

2009; Loh and Choong, 2013). Overall, in light of the aforementioned information, we can say 

that the investigated hydrogels showed an interconnected porous morphology with a mean 

pore size in the range 100-200 μm suitable for both cells migration and nutrient transport in 

AC regeneration. It is fundamental to highlight that we did not perform an evaluation of the 

porosity degree, a key parameter that affects mechanical properties and swelling behaviour 

of hydrogels (Nandagiri et al., 2011). 

Finally, mechanical properties of the four systems were evaluated via unconfined compression 

test. It is well known and recommended that the mechanical properties of the designed TE 

construct should ideally mimic the one of the target tissue (Murphy and Atala, 2014b; Gering 

et al., 2019). Mechanical properties are fundamental features in preserving the structural 

stability of the construct. In general, high porosity degree result in reduced mechanical 

properties, and the water uptake ability of a hydrogel is negatively correlated with its 

compression modulus. Also, it is widely known that natural hydrogel possess low mechanical 

properties, showing a E value less than 100 kPa (Kelly et al., 2013; Gantar et al., 2014; Xu et 

al., 2018; Scalzone et al., 2020). The stress strain curves of the four hydrogels (Figure 3.8) 

showed that hydrogels did not underwent breakage when a 35% strain was reached, except 

for GG2 that broke at around 27% of strain. This may denote a good load bearing capacity of 

the investigated gels (Bonifacio, Cochis, Cometa, Gentile, et al., 2020). GG3 showed the 

highest value of E (24.6 ± 1.8 kPa), statistically different from GG/GEL (p < 0.05; 18.0 ± 1.6 kPa) 

and GG/MH (p < 0.05; 16.2 ± 2.8 kPa), that exhibited the lowest E value (Figure 3.9), while GG2 

E value was 19.7 ± 1.2 kPa. Several authors reported that the compressive modulus of 

engineered constructs often appeared to rise as the mean pore size declined. Considering pure 

GGMA hydrogels, even if GG3 mean pore size was lower than GG2’s one, GG3 compressive 

modulus was higher than the one of GG2. This was reflected also in a lower GG3 WU ability. It 
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is known that higher polymer concentrations often results in superior mechanical properties 

(Ciardelli et al., 2010; Krogstad et al., 2013). Human AC has an E value ranging from 240 kPa 

to 1 MPa, while typically natural hydrogels exhibited an E value of at least a order of size less 

than the native tissue. Overall, the investigated hydrogels exhibited an E mean value between 

approximately 16 and 25 kPa comparable to other natural hydrogels for soft tissue and/or 

cartilage regeneration (Zhao et al., 2013b; Beck et al., 2016a; Scalzone et al., 2020). Our finding 

agreed with other GG based hydrogels E value indicated in scientific literature, according to 

the used crosslinking method, ranged from approximately 150 Pa to 148 kPa. It has been 

hypothesized that the increased E value found in gels with higher GGMA concentration may 

be due to the formation of larger amount of chain entanglements and to the presence higher 

number of aggregated helix structures (Coutinho et al., 2010a; da Silva et al., 2014; Pereira et 

al., 2018). It is noticeable that, at the same GGMA concentration, the incorporation of MH did 

not lead to an increase of E (Figure 3.9). This result is in contrast with the finding of Bonifacio 

et al. who observed that the incorporation of MH (2%w/v) lead to a rise of the compressive 

modulus of a GG-based hydrogel (2%w/v GG) (Maria A Bonifacio et al., 2018). As stated in 

section 1.5.2, gelatin may be used as an additive to hydrogels to enhance their printability and 

mechanical properties. More specifically, the increased mechanical properties may be 

partially attributed to ionic interactions between the GG lateral carboxyl group and the side 

amino group of gelatin (Barbani et al., 2012; Axpe and Oyen, 2016). However, we found that 

GG/GEL showed a lower E mean value than GG2. Maybe, the larger mean pore diameter of 

GG/GEL contributed to this result. Interestingly, we observed that GGMA concentration 

influenced E more than the introduction of gelatin and MH.  

 

4.2 Bioprinting 

Bioprinting is an additive manufacturing technology that allows to recapitulate the 

microstructure of different tissues by a controlled, accurate and simultaneous deposition by 

a controlled deposition of bioinks (Mandrycky et al., 2016). Typically, a time-consuming phase 

of the development process of a novel bioink is the optimization of the hydrogel composition 

and printing parameters. The selected bioink formulation should possess a viscosity suitable 

for the extrusion through the available bioprinter, which in the case of this work is Rokit 

INVIVO (Paxton et al., 2017b). For these reasons, we performed a printability test on the four 
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different GGMA-based hydrogel. As largely described in literature, increasing polymer 

concentration or adding supporting material lead to the formation of denser and more viscous 

bioinks (Axpe and Oyen, 2016; Rencsok et al., 2017). In this perspective, MH and gelatin were 

added respectively to GGMA (GG/MH and GG/GEL) in order to increase the bioink viscosity 

and enhance the hydrogel printability. Visual qualitative assessment of the shape fidelity may 

be considered a relatively quick way to discern results obtained by printing bioink composed 

of different concentration of a hydrogel composition (Ribeiro et al., 2018). Thus, a visual 

qualitative assessment of the printability of each bioink formulation, without embedded cells, 

was performed. As mentioned in section 2.5.1, particular attention was paid to various factors, 

including continuous and stable strands extrudability, the absence of filament deposition 

interruption, the presence of nozzle clogging events, gelation kinetic and crosslinking 

uniformity. Several attempts were carried out in order to achieve a satisfactory printability; 

however the printing parameters optimization phase was speeded up thanks to previous GG-

based hydrogel printing experimental results obtained by Annachiara Scalzone during her PhD 

work. The investigated a-cellular hydrogels were printed by using a 25-gauge nozzle, and 

printing parameters were set in the ranges summarized in the table reported in Figure 3.10 a. 

It has been reported that the post-printing UV curing may reduce constructs size since the 

light may not penetrate homogeneously the printed structure (Levato et al., 2014). In the 

present work, this issue was avoided by inducing chemical crosslinking during the filament 

extrusion through UV exposure via UV lamp provided in the Rokit INVIVO printer. As for the 

not printed hydrogels. The obtained bioprinted structures were subjected to a dual 

crosslinking method: physical (obtained via the manual addition of cell culture medium) and 

chemical (photo-crosslinking). GG3 formulation was considered too viscous. Even if in most of 

the trials GG3 underwent an instantaneous gelation when deposited on the collecting plate, 

this gel was not always easily extruded, and sometimes a non-continuous strand deposition 

was observed. GG/GEL formulation appeared to be the most viscous one, leading to 

unsuccessful printing due to frequent nozzle clogging events, and because at the selected 

dispenser temperature range, it became too firm hindering the eventual filament deposition. 

In particular, GG/GEL appeared to be non-uniformly crosslinked. This may be due to gelatin-

genipin physical crosslinking, that occurred at different degree partially depending on the local 

temperature of the solution within the syringe. For the reasons stated above, GG3 and GG/GEL 

were not selected as cell-laden bioinks. As regards to GG2 and GG/MH, the second hydrogel 
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appeared to be more viscous than the first. Both hydrogels were successfully printed. The 

extruded filaments were homogeneously UV crosslinked and underwent a fast gelation when 

came in contact with the bed. Both GG2 and GG/MH printed gels exhibited a transparent 

aspect, typical of GG, with the difference that the addition of MH made the second hydrogel 

more yellowish (Cameron J. Ferris et al., 2013). As a demonstration of GG2 and GG/MH 

printability 3D gridded structures were printed. As clearly seen in Figure 3.10 b, even if DMEM 

was not added, the printed GG2 construct good shaped fidelity in respect with the GCode 3D 

model.  The fidelity in the central part of the grid was superior than at the edges. The lower 

accuracy in these zones may be related to hydrogel accumulation were the filaments changed 

their angle (Sodupe-Ortega et al., 2018).  

After the success of Y201 MSCs differentiation into Y201-C, these were chosen as cell source 

because of their ease of in vitro expansion, availability  and ability to avoid senescence 

(Bischoff, Makhijani and Yamaguchi, 2012; Mouser et al., 2020). Y201-C were therefore 

encapsulated within GG2 and GG/MH hydrogels to fabricate bioprinted constructs.  As 

mentioned in section 1.4, one of the main advantage 3D printing is the possibility to create 

construct with high cell concentration: cells are typically embedded in bioinks at a 

concentration in  the order of 1x107 cells/ml (Pantani and Turng, 2015; Moroni, Burdick, et al., 

2018). In this work, Y201-C were embedded at a concentration of 7x106 cells/ml in order to 

recapitulate the chondrocyte concentration in the middle layer (Hunziker, Quinn and 

Häuselmann, 2002). As regards to printing parameters, the bed temperature was set between 

30 and 34 °C, while the dispenser temperature was set between 35°C and 38°C, in order to 

allow the sol-gel transition and also to preserve cell viability. Purging the needle before 

bioprinting may increase the spatial homogeneity of cell density during the bioink deposition 

and may reduce cell sedimentation. Also, It is well known that increased residence times of 

cell within the needle tip may decrease cell viability (Paxton et al., 2017a; Dudman et al., 

2020). On average, every time the bioprinting process was performed, 6 – 8 cell-laden 

constructs were fabricated, and the duration of the printing process may be considered 

relatively short (~ 5 minutes). Also, during the printing process, cell culture medium was added 

after the deposition of each layer not only to allow physical crosslinking but also to prevent 

drying effects of the bioinks and to increase the survival rate of the bioprinted cells. Finally, 

bioprinted GG2 and GG/MH were stable enough to be manipulated without experiencing 

delamination, to enable their deposition in a 48 multi-well plate for cell culture.  
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Live/dead assay was performed after printing at different time points with the aim to 

qualitatively evaluate cell viability, to assess the cytocompatibility of the bio-printed 

hydrogels, over a 72h culture period. In order to assess the direct effect of the cells 

encapsulation process, crosslinking mechanism and printing processes on Y201-C viability, the 

test was also conducted three hours after the construct fabrication. Live - dead volume 

rendering images were acquired with a Z-stack of 15 μm, in order to set a planar height value 

close to the mean diameter of AC chondrocytes (Hunziker, Quinn and Häuselmann, 2002). As 

can be clearly seen in Figure 3.11 a, most of GG2 embedded Y201-C survived the printing 

process. Few dead cells were found, possibly for cell damages occurring during the cell mixing 

with the hydrogel and to the harmful effect of the shear forces on cells generated within the 

nozzle during the bioink extrusion. Apparently, UV exposure had a limited effect on Y201-C 

viability and this results corroborates with results reported by Coutinho et al. (Coutinho et al., 

2010b; Kesti et al., 2015; Paxton et al., 2017b). Moreover, MA lateral groups may have partially 

contributed to  protect cells during the photo-crosslinking process: indeed, it was reported 

that, under UV light exposure, lateral MA groups showed a cytoprotective effect on 

chondrocyte when GGMA was used as photo cross-linkable hydrogel systems (Bartnikowski et 

al., 2015). The number of GG2 embedded living Y201-C increased over time and cells, and 

after 72 hours of culture few dead cells were visible. Hydrogels composed by GG and MH have 

been previously demonstrated to be cytocompatible, and so GGMA-based hydrogels (Silva-

Correia et al., 2013; Maria A. Bonifacio et al., 2018; Bonifacio, Cochis, Cometa, Gentile, et al., 

2020; Bonifacio, Cochis, Cometa, Scalzone, et al., 2020). Concerning GG/MH, at 24 and 72 after 

printing the vast majority of Y201-C were viable and only few dead cells were found (Figure 

3.11 b). This result may suggest that the addition of MH did not hinder cell viability. Moreover, 

at 72 hours after printing, Y201-C viability was comparable between GG2 and GG/MH 

hydrogels. Overall, the high cell viability of cells after 24 and 72 hours may indicate that GG2 

and GG/MH hydrogels provided a hydrated artificial 3D environment, resemble soft tissue 

ECM, enabling an efficient nutrient, gas and waste transport and thus cell culture. 

After Y201-C viability evaluation, confocal microscopy was used at day 7 after printing to 

qualitatively characterise Y201-C distribution and morphology in bioprinted constructs (Figure 

3.12). GG2 and GG/MH hydrogels demonstrated a good Y201-C affinity, in terms of nuclei 

integrity. In both compositions, few isolated nuclei without a surrounding cytoskeleton, 

visualised as blue dots, were detected in both hydrogels. This may be associated with the 
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presence of a small number of dead cells and corroborates with the live/dead results at day 3 

(Figure 3.11) (Müller et al., 2017). Y201-C embedded in both hydrogel compositions showed 

a round morphology, similar to the one observed within AC middle layer. In other works, 

different cell type showed a similar round morphology when encapsulated in GG – or GGMA 

– based hydrogels (da Silva et al., 2014; Camarero-Espinosa et al., 2016; Oliveira et al., 2016; 

Pereira et al., 2018). Cells tended to aggregate in both bioprinted constructs during the culture 

time. However, cells within GG/MH hydrogel formed bigger cluster when compared with 

Y201-C in GG2 and were not uniformly dispersed, this may be due to GG/MH hydrogel non-

homogeneity. Y201-C aggregation may be considered a remarkable finding and may be caused 

by the interconnected microstructure of GG2 and GG/MH (Figure 3.5 b and d) that provide a 

suitable environment for cell migration and interaction.  

The final part of the thesis dealt with the manufacturing of in vitro OA model for future 

analysis on novel OA therapeutic treatments. Only few preliminary test, in which the 

respective healthy models were used as reference, were performed on these constructs: 

indeed this part of the work was intended as an initial stage of a more exhaustive work that 

will be carried on in in the future. Cytokine-based OA in vitro models for OA research are very 

common and generally properly understood. IL-1β and TNF-α are the most used cytokines in 

OA in vitro models while IL-6 is more rarely used. In this work, cytokine-based OA in vitro 

models were obtained by culturing the bioprinted 3D cell-laden constructs in the presence of 

a cytokine cocktail, obtained by adding IL-6, IL-1β and TNF-α, respectively at a concentration 

of 10, 1 and 1 ng/ml, to DMEM/F-12 cell culture medium. The cytokine concentration ratio 

10:1:1 was chose considering the levels of IL-6, IL-1β and TNF-α in advanced OA synovial fluid, 

in which IL-1 and TNF concentration are respectively inferior to 2 ng/ml and 3 ng/ml. It must 

be noted that our chosen cytokine concentrations were lower than the ones usually used for 

OA in vitro studies, were IL-1β and TNF-α concentrations may rise up to 100 ng/ml and 50 

ng/ml in order to shorten the time needed for OA evolution (Macrory et al., 2009; Gabriel et 

al., 2010; Sohn et al., 2012; Johnson, Argyle and Clements, 2016; Weber et al., 2019).  

An analysis of GAGs synthesis (Figure 3.13) was performed in order to assess Y201-C ability to 

produce hyaline-like ECM in heathy and pathological bioprinted constructs. Other test, 

including and analysis on Coll II production (see appendix) and immunohistochemistry are in 

progress. However, it is important to note that the investigation of healthy and pathological 

in vitro models does not represent a fundamental part of this work. As described in section 
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1.1.2, since they are components of PGs, GAGs are considered key elements of AC matrix and 

their content may be used to relatively quantify the aggrecan concentration in ECM. During 

OA development AC may be subjected to microscopically changes targeting ECM composition. 

It has been observed in OA conditions aggrecan and other PGs concentration decrease. Matrix 

degrading enzymes, such as aggrecan degrading enzymes ADAMTS 4 and 5 and collagenases 

MMP1 and MMP13, are also overexpressed (Bhosale and Richardson, 2008a; Glyn-Jones et 

al., 2015). Also, PGs degradation may lead to GAGs release, and GAGs concentration in the 

synovial fluid may be used to monitor OA progression (ALWAN et al., 1991; Squires et al., 

2003). In this work, as regards to healthy models, GAG production appeared to increase with 

culture time: from day 7 to day 14, GG/MH-H construct’s GAGs content slightly rose, whilst 

GG2-H showed a sharply GAGs content increment of about 3-fold. This result may prove that 

PGs were synthetized by Y201-C in both GG2 and GG/MH constructs during 14 days of culture. 

In the same time window, considering OA models, GG/MH-P embedded cells GAGs production 

increased of about 2- fold, while GG2-P GAGs content appeared to decrease. At day 7, GG/MH-

H revealed the highest GAGs content, higher than the one of GG/MH pathological model. 

Moreover, at day 14, in GG2-H GAGs content was higher than in GG2-P. These results are in 

line with the decreased ECM GAGs presence in OA condition. In contrast, at day 7 the GAG 

content was higher in the GG2 pathological model than in the healthy one, and at day 14 

GG/MH-P GAGs content was higher than the one of GG/MH-H. Of course these conflicting 

results will need further investigations. Overall, these finding may suggest that Y201-C 

embedded in GGMA-based constructs were able to produce a cartilage-like ECM after being 

printed during a 14 day-culture period. Also, as aforementioned, OA may lead to GAGs release 

in the synovial fluid. In the future, further test to quantify GAGs released in the cell culture 

medium will be carried out.  

Finally, SEM analysis were carried out to characterise Y201-C morphology and organization 

within GG2-H and GG2-P bioprinted constructs after two weeks of in vitro culture (Figure 

3.14). In the future, SEM analysis will be carried out also on GG2 (day 1) and GG/MH (day 1 

and 14) healthy and pathological models to evaluate morphological and organizational 

differences of these constructs over time. Both GG2-H and GG2-P constructs did not retain 

the internal porosity (Figure 3.14), and this morphological modification may be an undesired 

effect caused by the dehydration process of the samples (Fergg, Keil and Quader, 2001; 

Autissier et al., 2010). After two weeks of cell culture, both GG2-H and GG2-P were apparently 
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populated by a comparable amount of rounded Y201-C entrapped within the GGMA-based 

hydrogels and showed a spherical morphology with a diameter >10 µm, a value similar to the 

one of human chondrocytes. This may be considered a good results, since it has been 

demonstrated that preserving cell roundness during culture is a key characteristics for 

regulating chondrocytes gene expression and the production of Coll II (Hunziker, Quinn and 

Häuselmann, 2002; Kosik-Kozioł et al., 2017). Y201-C showed a tendency to form bunch-

shaped clusters in both healthy and pathological GG2-based constructs. This last finding 

reinforces the assumption that GG2-based bioinks provide a suitable environment for cell 

migration and interaction. A similar result was reported by Oliveira et al. who observed that 

chondrocytes embedded in GG-based hydrogels formed clusters after 14 days of in vitro 

culture. They also stated that these aggregations may be beneficial for the synthesis of a 

hyaline-like ECM (J. T. Oliveira, Martins, et al., 2010b). Also, it has been reported in scientific 

literature that chondrocyte proliferation and aggregation in the so called “chondrocyte 

clusters” can be described as OA-related events. However, in GG2-P no distinctive 

hypertrophic cells with larger diameter were observed, thus these speculations need further 

investigations (der Mark et al., 1992; Pullig et al., 2000). Since in both constructs Y201-C were 

totally covered by the hydrogel, the secreted ECM was not clearly discernible. However ECM 

threads were distinguished around a Y201-C within GG2-H (Figure 3.14 b, white arrow), and 

this may be associated to cell production of ECM (Pitarresi et al., 2020).  Finally, in GG2-P 

cluster of regular-shaped crystalline structures, with a size inferior to 5 µm were detected 

(Figure 3.14 d). Maybe their appearance was caused by contaminations occurred during the 

dehydration process. However, the nature of these structures is not clear and need further 

investigations. Overall, these results were in line with immunostaining findings, confirming 

that GG2 and GG/MH hydrogels preserved cells viability up to 14 days of culture and promoted 

Y201-C aggregation. These constructs supported the maintaining of a chondrogenic rounded 

cell phenotype and appeared to promote Y201-C ECM synthesis. These findings may reinforce 

the assumption that these hydrogels provide an appropriate 3D environment to cells for CTE 

applications.  
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Chapter 5: Conclusion and future directions 

In this work, GGMA-based bioprinted constructs representative of AC has been investigated. 

The success of the GGMA synthesis, obtained through methacrylation of GG powders, was 

demonstrated via FTIR-ATR and XPS analysis. Four different photo-curable hydrogels were 

prepared: pure GGMA 2% w/v (GG2) and 3% w/v (GG3), and GGMA (respectively 2% w/v and 

0.75% w/v) combined with 5% w/v manuka honey (GG/MH) and 10% w/v gelatin (GG/GEL). 

MH was introduced in order to enhance GGMA printability, mechanical properties and to 

reduce contaminations risks, while gelatin was used as additive to improve GGMA printability, 

mechanical properties and enhance cell adhesion and proliferation. Gelation analysis at RT 

were performed under photochemical and double (photochemical and ionic) crosslinking. 

Under double crosslinking, GG3 and GG/GEL gelation time remained unchanged when 

compared to the one under photochemical crosslinking (~3 minute), while GG2 and GG/MH 

gelation time decreased to ~3 minute. These results demonstrated the short gelation time of 

hydrogels useful for bioprinting applications. WU analysis demonstrated that the four 

hydrogels had a high hydrophilic behaviour resembling the one of AC ECM, with the ability to 

retain large amount of PBS for 48 hours. The investigated hydrogels had an interconnected 

porous morphology with a mean pore size in the range 100-200 μm suitable for both cells 

migration and nutrient transport in AC regeneration. Also, they had a pore size distribution 

ranging from 50 to 400 μm resembling AC hierarchical porosity. The addition of gelatin made 

pore morphology to appear more regular when compared to the other formulations. The four 

hydrogels exhibited an E mean value comparable to other natural hydrogels for soft tissue 

and/or cartilage regeneration. GG3 showed the highest E value (24.6 ± 1.8 kPa), followed by 

GG2 (19.7 ± 1.2 kPa), GG/GEL (18.0 ± 1.6 kPa) and GG/MH (16.2 ± 2.8 kPa). At the same GGMA 

concentration, the incorporation of MH did not lead to an increase of E. GG2- and GG/MH- 

double-crosslinked bioinks were successfully bioprinted with a Y201-C concentration of 7x106 

cells/ml in order to mimic the chondrocyte concentration in AC middle layer. Live and dead 

analysis demonstrated the high cell viability, suggesting that the printing process was 

relatively not harmful to cells and that these hydrogels provided a 3D environment resembling 

soft tissue ECM ensuring cell survival. Also, DAPI/Phalloidin showed that cells tended to 

aggregate in both bioprinted hydrogels. The final stage of the thesis dealt with the 

manufacturing of OA in vitro models, via culturing healthy models in cytokine-enriched culture 

medium, for future analysis on novel OA therapeutic treatments. The GAGs quantification 
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assay showed that Y201-C GAGs production increased over time in healthy and pathological 

constructs, that may be associate to the production of a cartilage-like ECM; also after 14 days 

of culture in GG2-P GAGs content was lower than in GG2-H, a situation comparable to OA 

condition. Finally, SEM analysis confirmed that cells tended to agglomerate in GG2 bioprinted 

constructs, suggesting that these hydrogels may provide a suitable environment for cell 

migration and interaction, and also that Y201-C had a spherical morphology, typical of AC 

middle layer chondrocytes.   

It is important to note that this work possess some aspects to be studied in depth and that 

further tests will be performed in the future. Regarding the physico-chemical characterisation, 

an evaluation of the investigated hydrogels porosity degree would provide a better 

understanding of porosity influence on mechanical properties and swelling behaviour of the 

gels. For what concerns mechanical properties, rheological characterisation tests, such as 

Temperature Sweep and Time Sweep tests may be carried on to exactly assess the sol-gel 

transition temperature and time of GGMA-based hydrogels. From the biological point of view, 

analysis on metabolic activity (Cell Titer®) and ATP production (Presto Blue®) should be 

performed to better evaluate the Y201-C behaviour after bioprinting. Concerning the 

characterisation of healthy and pathological in vitro models, SEM morphological analysis will 

be performed on all the investigated constructs; also histological analysis (Sirius Red® and 

Alcian Blue® assays) should be performed to further evaluate Y201-C deposition of collagen 

and GAGs, while Dimethylmethylene Blue Assay should be carried on to quantify GAGs 

released in the cell culture medium. Moreover, the difference in terms of viscoelastic 

properties between healthy and pathological in vitro models should be performed via stress-

relaxation tests.  

Finally, we demonstrated GG2 and GG/MH bioprinted constructs may be used to bio-mimic 

the middle zone of the AC tissue. In the future, the investigated constructs will be inserted as 

a part of a complete AC zonal in vitro model, designed and manufactured by Annachiara 

Scalzone in her PhD work, resembling the superficial, the middle and the deep zone of the 

tissue 
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Appendix:  Immunofluorescence analysis 

IF staining was used to assess the deposition of Coll II within the bioprinted healthy and 

pathological in vitro models. After removing cell culture medium/cytokine cocktail, cell-laden 

constructs were rinsed twice with pre-warmed Hanks' Balanced Salt Solution (HBSS) without 

phenol red (Thermo Fisher Scientific, UK) and fixed in pre-warmed 4% w/v PFA solution in PBS 

for 30 minutes at 4°C. Bioprinted constructs were washed twice with HBSS and subsequently 

blocked with 2% w/v bovine serum albumin (BSA; Thermo Fisher Scientific, UK) in PBS for 1h 

at RT to diminish non-specific binding. Constructs were rinsed twice in PBS-Tween and treated 

with 800 μl of anti-collagen II primary antibody (Abcam, UK) solution 1:200 in PBS-Tween 

overnight at 4°C. Then, hydrogels were washed twice in PBS-Tween and incubate covered 

from light in 800 μl of secondary antibody AlexaFluor 594-coniugated goat antirabbit IgG 

(Thermo Fisher Scientific, UK) solution 1:1000 in PBS-Tween for 1 hour at 4°C. Thereafter, 

constructs were washed twice with PBS-Tween and incubated protected from light in a 1:2500 

DAPI (Vector Laboratories) solution in PBS-Tween for 20 minutes at 4°C. Thereafter, hydrogels 

were rinsed twice again with PBS-Tween and images were acquired using a Nikon A1R inverted 

confocal microscope as detailed in section 2.5.4. Analysis were performed at day 7 and day 14 

for GG2-P and GG/MH-P constructs and at day 14 for GG/MH-H. 

Figure A illustrates the volumetric stack of 3D constructs, demonstrating the presence of Coll 

II in al the investigated species. As regards to GG-MH constructs, the secreted collagen was 

found mainly in the pericellular region surrounding Y201-C (Figure A a, b, c). Cell aggregation, 

visualized as clustered nuclei, could be observed in GG/MH-P at day 14 (Figure A c). This last 

finding is consistent with the results at day 7 of immunostaining test (Figure A d). The red 

spots found in GG/MH-P at day 14 may be attributed to residues of MH not uniformly 

dispersed within the hydrogel. From day 7 to day 14, a slight decrease in collagen staining was 

observed in GG/MH-P models (Figure A a, c). Some red isolated dots were visualized within 

GG/MH-P at day 7 (Figure A a). Coll II content appeared to be comparable within GG/MH-H 

and GG/MH-P at day 14 (Figure A b, c). Concerning GG2-P model at day 14 (Figure A d), the 

presence of Coll II was minimal and reduced in respect with GG/MH-P at the same time point 

(Figure A c). 
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Figure A: Confocal microscopy 3D stack showing immunofluorescence staining of Y201-C in heathy and 
pathological in vitro models. Cell nuclei were stained in blue (DAPI) and collagen type II is visualized in 
red (AlexaFluor 594). (a) GG/MH-P at day 7 after printing; (b) GG/MH-H at day 14 after printing; (c) 
GG/MH-P at day 14 after printing; (d) GG2-P at day 14 after printing; (10x Magnification, Z-stack of 15 
μm). Scale bar = 200 μm. 
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