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1CARTILAGE DEFECTS: A COmmON CLINICAL PROBLEm 
Every day, patients seek medical attention for symptoms caused by articular cartilage defects. 

These defects are frequently observed in young and otherwise healthy patients with an active 

lifestyle, who can suffer from pain and to a certain extent are limited in their activities of daily 

life (1). Apart from the impact on quality of life, these patients also are a considerable economic 

burden to society, both due to absenteeism and to medical consumption (2). Therapies, such 

as autologous chondrocyte implantation (ACI) (3) and microfracturing (MF) (4) are well-

established surgical procedures for treatment of cartilage defects and are currently regarded 

as state-of-the-art (5). The outcome of these treatments is satisfactory in terms of patient pain 

scores and short- and medium-term functional outcomes, with the regenerative therapy of ACI 

having slightly better results than microfracture (3). However, ACI is costly and both therapies 

do not always lead to functional restoration of the tissue. 

CARTILAGE: INhOmOGENEOuS TISSuE
Articular cartilage (Figure 1) is the tissue in joints that covers the end of the bones, providing 

shock absorption and ensuring smooth motion. It is avascular, aneural, and has low cell 

content. Once damaged, cartilage has limited intrinsic healing capacity and a cartilage defect 

ultimately can lead to the early development of osteoarthritis (6). The outer appearance of 

articular cartilage suggests a homogeneous composition, but in fact native cartilage tissue 

differs both topographically (7, 8) and depth-wise (9, 10) in architecture and in distribution of 

the extracellular matrix components, which provide articular cartilage with its biomechanical 

properties (11) and the heterogeneity in structure and function hence permits a differentiated 

response of the tissue to the also inhomogeneous loading patterns in joints. 

Cartilage can be divided into three zones (Figure 2): the superficial (the top 10–20% of the 

cartilage), middle (the next 40–60%), and deep (the bottom 30-40%) zone. Cell morphology 

and cell size, amount of glycosaminoglycans (GAGs) (9), and biosynthetic activity (12) are 

different between these zones. Furthermore, alignment of the collagen fibers varies between 

zones, being parallel to the surface in the superficial zone, randomly orientated in the middle 

zone, and perpendicular to the articular surface in the deep zone (13). Native articular cartilage 

has depth-related differences in a number of proteins that are secreted: in the superficial zone, 

clusterin (14) and proteoglycan-4 (PRG4) (15) (also known as superficial zone protein (SZP)) are 

more prominent, while in the middle zone the concentration of cartilage intermediate layer 

protein (CILP) (16, 17) is highest; cartilage oligomeric matrix protein (COMP) (18, 19) is mainly 

seen in the middle and deep zone. Not all specific functional roles of these matrix proteins have 

been clarified thus far. 

We hypothesize that the lack of zonal organisation is the reason that current therapies do 

not always fully restore the functionality of the native tissue, and that, if tissue-engineered 

cartilage constructs are to be successful, the zonal differences as found in native cartilage 

should be taken into account (20). 

13
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Figure 2. Schematic representation of articular 
cartilage. Cell morphology and cell density vary 
between superficial, middle and deep zone (left 
panel). Alignment of the collagen fibers is parallel 
to the surface in the superficial zone, randomly 
orientated in the middle zone, and perpendicular to 
the articular surface in the deep zone (right panel). 
Figure adapted from Hayes et al (37).

Figure 1. Histology of a cross-section of equine 
articular cartilage. Glycosamino-glycans are stained 
red and cell nuclei are stained blue in this safranin O 
staining. The underlying bone is stained blue. Scale 
bar represents 500 μm.
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1ZONAL ChONDROCyTE SuBPOPuLATIONS FOR CARTILAGE 
REGENERATION
Differences between cartilage cells (chondrocytes) from the superficial, middle and deep zone 

of the tissue can be studied after isolation of the cells from the tissue of the respective zones 

(21). Typically, only a limited amount of chondrocytes is available, and multiplication of the cells 

is often needed. During expansion, chondrocytes will undergo dedifferentiation and hence 

lose both their chondrogenic and typical zonal phenotypic characteristics (22). With the use 

of growth factors basic fibroblast growth factor (basic FGF) and transforming growth factor-β 

(TGF-β) during expansion and redifferentiation, chondrocytes can reacquire, at least part of, 

their zonal characteristics (23). It has been shown that in three-dimensional culture systems 

chondrocytes from the deep zone produce more GAGs in vitro than those from the superficial 

zone (21, 24-26), and that zonal cells will start producing (part of) their specific proteins.

Combining zonal chondrocytes in a stratified manner using hydrogels can result in 

constructs with a higher shear and compressive strength (27), and a deep layer in which more 

GAGs (27, 28) and collagen (27) are produced as compared to the superficial layer. Values 

for collagen, GAG and mechanical properties were found to be comparable to, or higher 

than, for constructs containing populations of chondrocytes harvested from full thickness 

cartilage (27, 29). These data seem very promising, but it should be noted that for these studies 

primary chondrocytes from immature donors were used, which is not compatible with clinical 

application. The behaviour of expanded, redifferentiated, mature zonal cells in stratified 

cultures, which would be more relevant, has not yet been studied. 

BIOPRINTING: ThE TEChNICAL SOLuTION FOR A ZONAL 
APPROACh?
As mentioned before, there is a need for therapies that deliver prolonged functionality. This 

could possibly be provided by modern regenerative medicine techniques, which can potentially 

more accurately replicate the characteristics of native cartilage. Regenerative medicine aims to 

improve, restore or replace damaged tissues or organs using a combination of cells, materials 

and/or growth factors. A wide spectrum of approaches is available, ranging from cell-free 

approaches in which cells are attached to the affected site, to complex cell-laden approaches 

which use multiple cell types and biomaterials. 

A recent regenerative medicine innovation is the technology of bioprinting (Figure 3). 

Cells, biomaterials, or both (30) are deposited layer by layer to form a porous, 3-dimensional 

construct with detailed specific spatial cellular architecture (30-34). Since the process of 

bioprinting is automated, construct properties such as size, shape and porosity, can easily be 

adjusted and tailored to specific demands. A highly reproducible architecture can be achieved, 

which is particularly interesting for the fabrication of multiple-material or multiple-cell type 

constructs. These characteristics may make bioprinting well suited for the fabrication of zonal 

constructs, allowing stratification of multiple types of cells and materials. 

15
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However, although the approach is appealing and is potentially very promising, the 

technique is not without challenges. One of the most import items is the choice of biomaterial. 

Biomaterials for cell printing must promote cell survival and cell differentiation, and need to 

meet very specific requirements with regard to viscosity and gelling speed. These requirements 

limit the number of candidate materials that can be applied in bioprinting approaches (35, 

36), with hydrogels being the most viable option. However, hydrogels themselves have 

their own limitations with respect to the fabrication of constructs with adequate mechanical 

characteristics and of clinical relevant size. 

OuTLINE OF ThE ThESIS
This thesis aimed at further developing and investigating the concept of zonal organization 

of constructs for the treatment of cartilage and osteochondral defects. Zonal stratification is 

hypothesized to be a promising regenerative approach for improving long-term functionality 

of articular cartilage. To explore the potentiality of the zonal approach, both fundamental 

investigations concerning the behaviour of zonal cell populations and more applied experiments 

using a state-of-the-art bioprinting facility for construct manufacturing were carried out.

As referred to above, in earlier efforts zonal cell combinations have been used to replicate 

cartilaginous tissues, yielding neo-cartilage with depth-dependent differences. However, 

due to the nature of the cells – primary, and from an immature donor – these models cannot 

be translated to a clinical application. Therefore, in chapter 2, we explore whether mature, 

expanded zonal chondrocytes would retain or reacquire zonal characteristics when cultured 

16
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1in either pellet culture or in alginate beads. In chapter 3, the influence of stratification of 

zonal chondrocyte pellets in a polymer scaffold on chondrogenesis and zonal characteristics 

is investigated. In chapter 4, experimental and mathematical methods are used to develop a 

model that can describe and predict in vitro tissue growth. Mathematical modeling can not 

only provide insight in the underlying mechanisms of growth, it can also be of great value for 

the design and fine-tuning of culture methods, as it permits large-scale in silico testing of 

culture circumstances.

In chapter 5, the use of a bioprinting technique, so-called 3-dimensional (3D) fiber 

deposition, is characterized, and the concept of bioprinting multi-cell type constructs is 

applied for the production of osteochondral grafts. 

Since the applied biomaterial did not have optimal properties for bioprinting, in chapters 6, 7 

and 8, we describe the use of three alternative thermosensitive and UV-crosslinkable biomaterials 

for cartilage 3D biofabrication: polyethylene glycol-hydroxypropylmethacrylamide (HPMA), 

hydroxyethyl-methacrylate-derivatized dextran (DEXHEMA) and gelatin methacrylamide 

(GelMA). In these chapters, the materials are characterized for their mechanical and swelling 

properties, degradation, biocompatibility and printability.

In chapter 9, a novel concept of bioprinting hybrid constructs is introduced by creating 

multiple-material constructs consisting of a thermoplastic polymer combined with a cell-laden 

hydrogel. The advantage of this type of constructs is that the mechanical characteristics of 

the construct can be improved without affecting the environmental conditions for the seeded 

cells. We investigated the mechanical properties of and cell survival in these hybrid constructs. 

Finally, in chapter 10, we combine the conclusions from our own findings as documented 

in this thesis with a critical review of the literature on the use of zonal chondrocyte populations 

in regenerative approaches, and develop a new perspective on the potential value of this 

approach. We also present our view on the potential future significance of zonal chondrocyte 

populations in regenerative approaches for the treatment of cartilage defects. 
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ABSTRACT

Background: If chondrocytes from the superficial, middle and deep zones of articular cartilage 

zones could maintain or regain their characteristic properties during in vitro culture, it would 

be feasible to create constructs comprising these distinctive zones. 

hypothesis: Zone-specific characteristics of zonal cell populations will disappear during 

2-dimensional expansion, but would reappear again after 3-dimensional redifferentiation, 

independent of the culture technique used (alginate beads versus pellet culture). 

Study design: Controlled laboratory study.

methods: Equine articular chondrocytes from the three zones were expanded in monolayer 

culture (8 donors) and subsequently redifferentiated in pellet and alginate bead cultures for up 

to 4 weeks. Glycosaminoglycans and DNA were quantified, along with immunohistochemical 

assessment of the expression of various zonal markers, including cartilage oligomeric protein 

(marking cells from the deeper zones), and clusterin (specifically expressed by superficial 

chondrocytes). 

Results: Cell yield varied between zones, but proliferation rates did not show significant 

differences. Expression of all evaluated zonal markers was lost during expansion. Compared 

to alginate bead cultures, pellet cultures showed a higher amount of glycosaminoglycans 

produced per DNA after redifferentiation. In contrast to cells in pellet cultures, cells in alginate 

beads regained zonal differences, as evidenced by zone-specific reappearance of COMP and 

clusterin, as well as significantly higher glycosaminoglycan production by cells from the deep 

compared to the superficial zone. 

Conclusions: Chondrocytes isolated from the three zones of equine cartilage can restore their 

zone-specific matrix expression when cultured in alginate after in vitro expansion. 

Clinical relevance: Appreciation of the zonal differences can lead to important advances 

in cartilage tissue engineering. Findings support the use of hydrogels such as alginate for 

engineering zonal cartilage constructs. 

Key Terms: cartilage, pellet culture, alginate culture, zonal chondrocytes. 
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INTRODuCTION
Articular cartilage is a highly organized tissue that under normal circumstances provides a 

low-friction, wear-resistant, and load-bearing surface for efficient joint movement. The tissue 

has limited intrinsic healing capacity; therefore, cartilage defects still remain a challenge 

for orthopedic surgeons world-wide. Regenerative approaches encompassing expanded 

autologous cells, such as autologous chondrocyte implantation (ACI) are well-established 

surgical procedures for treatment of cartilage defects (3;32). Although short- and medium-term 

functional outcomes regarding this procedure are satisfying and are superior to conservative 

techniques, such as microfracture (35), the neo-tissue that is formed lacks the structure and 

composition of the original cartilage. The native tissue is characterized by zonal differences in 

architecture and in distribution of the extracellular matrix components, which provide articular 

cartilage with its unique biomechanical properties, combining great compressive stiffness with 

a high degree of resilience (20). The lack of this zonal organization makes the repair tissue that 

is formed of insufficient functional quality (34;35) and there is growing insight that, if tissue-

engineered cartilage constructs are to be successful, they must take into account the zonal 

differences found in native cartilage. 

There are multiple differences between the superficial, middle and deep zones in articular 

cartilage, including variations in cell density and shape, biosynthetic activity, extracellular 

matrix composition and collagen fibril organization. Cell density is highest in the superficial 

zone (38;40;43). Furthermore, this zone has the lowest biosynthetic activity (43) and contains 

the lowest amount of glycosaminoglycans (GAG) (6) whilst it contains the highest amount of 

collagen type II (29). Collagen type I (18;19) and clusterin (22;30;44), are mainly present in the 

superficial zone, whereas cartilage oligomeric protein (COMP) (12;31), cartilage intermediate 

layer protein (CILP) (26;28) and collagen types IX (18) and X (18;19) are most abundant in the 

middle and deeper zones. These differences are thought to be essential for optimal functioning 

of the tissue and hence should be restored as much as possible in any construct that aims at 

replacing the native cartilage. For example, the lubricant molecule proteoglycan-4 (PRG-4) or 

lubricin (25;36) is secreted by the chondrocytes in the superficial zone. It is questionable if the 

low friction characteristics of the damaged cartilage could be restored using newly-synthesized 

tissue that lacks PRG-4. However, the presence of PRG-4 in the deeper zones of grafts might 

hamper integration with the surrounding tissue (14).

Constructs can closely mimic the characteristics of native cartilage by using cells of different 

zones of cartilage (7;19;23;24;37;41). If such constructs are to be used in a clinical setting, expansion 

of the cells is required. During expansion, chondrocytes typically acquire a fibroblast-like 

appearance and lose their chondrogenic phenotype during a process called dedifferentiation (4). 

Dedifferentiation is typically characterized by a shift in expression of matrix molecules from 

collagen type II to collagen type I and aggrecan to versican (4;9). In addition, gene expression of 

zonal markers, such as PRG-4 from superficial chondrocytes, is lost over the first few monolayer 

passages (10). In 3-dimensional culture, non-expanded chondrocyte populations derived from 

different zones of the cartilage show differences, such as zone-specific intensity of safranin-O 

and collagen type II staining (23) and zone-specific response to loading (40). In our opinion, it is 

crucial that cells maintain or regain their zonal characteristics after in vitro expansion. 
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It is still unclear if the inherent differences in protein expression and proteoglycan 

expression between zonal cell populations persist during expansion or, if not, whether these 

differences can be re-induced during in vitro culture. Therefore, we investigated zone-related 

differences between chondrocytes isolated from the superficial, middle and deep zones, 

during in vitro expansion and subsequent redifferentiation in both alginate bead and pellet 

cultures. We hypothesized that zone-specific characteristics of the cell populations would 

disappear during 2-dimensional expansion, but would reappear again after 3-dimensional 

redifferentiation, independent of the culture technique (alginate beads versus pellet culture) 

used. We elected to use equine chondrocytes because the horse model is gaining increasing 

attention for evaluation of potential orthopedic procedures (2;17;39).

mATERIALS AND mEThODS

Tissue harvest and cell isolation

Full thickness healthy articular cartilage was obtained from the femoropatellar joints of fresh 

equine cadavers (n=8, age 6-17 years) under aseptic conditions. Adult equine chondrocytes 

were separately isolated from the superficial, middle, and deep zone tissue as previously 

described (1;37). Samples for histology were taken to confirm the correct separation of the 

zones. After overnight digestion using 0.15% type II collagenase (Worthington Biochemical, 

USA) at 37°C, the cell suspension was filtered (100 μm cell strainer) and washed three times 

in phosphate-buffered saline (PBS) (Invitrogen, USA). Cells were then resuspended in 

expansion medium (DMEM (Invitrogen, USA) supplemented with 10% Fetal Bovine Serum (FBS) 

(Biowhittaker,  USA), 100 units/mL penicillin and 100 μg/mL streptomycin (Invitrogen, USA), 

and 10 ng/mL FGF-2 (R&D Systems, USA)) and counted using a hemacytometer. 

Cell culture

Chondrocytes from the three zones were expanded for 10 days in monolayer cultures 

(5000 cells/cm2) in expansion medium. For evaluation of proliferation, the isolated cells were 

seeded in 6-well plates and total DNA (quant-iT PicoGreen dsDNA kit (Molecular Probes, 

Invitrogen,  USA)) was measured over time. Following expansion, cells were redifferentiated 

in alginate beads, as well as pellet cultures. For alginate bead cultures, a 2% alginate solution 

(Keltone HVCR, ISP, USA) containing 1.0*107 cells/mL was dripped into 102 mM calcium chloride 

solution using a 23G needle. Alginate beads were cultured in differentiation medium (DMEM 

supplemented with 0.2 mM ascorbic acid 2-phosphate (Sigma-Aldrich, USA), 0.5% human serum 

albumin (SeraCare Life Sciences, USA), 1x ITS-X (Invitrogen, USA), 100 units/mL penicillin and 

100 μg/mL streptomycin and 5 ng/mL TGF-β2 (R&D Systems, USA)) for up to 4 weeks. For pellet 

cultures, 1 ml of differentiation medium containing 0.5*106 cells was centrifuged at 1500 rpm 

(415 x g) for 5 minutes. The resulting pellets were cultured in differentiation medium for up to 

4 weeks. Medium was replaced every 2-3 days. Samples for histology and biochemical assays 

were taken weekly and cytospins for immunohistochemistry were made of freshly isolated, 

expanded and alginate redifferentiated chondrocytes. 
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Histology

Samples were fixed in formalin, dehydrated through graded ethanol series, cleared in xylene 

and embedded in paraffin. Embedded samples were sectioned to yield 5 mm sections. Sections 

were then stained with safranin-O for proteoglycans and with fast green and hematoxylin for 

cells. The sections were examined using a light microscope (Olympus BX51, United States).

Immunohistochemistry

Immunohistochemistry was performed to assess expression of various (zonal) markers. 

Prior to using the antibodies on the equine samples, cross-reactivity of all antibodies was 

confirmed using native equine, as well as native adult human or bovine articular cartilage. 

Briefly, samples were embedded in OCT compound (Tissue-Tek, Sakura Finetek, USA) or fixed 

in formalin and embedded in paraffin as described above, and sectioned to yield 5 μm thick 

sections. Cryosections and cytospins were fixed in formalin for 10 minutes. Subsequently, 

endogenous peroxidase was blocked using a 0.3% H
2
O

2 
solution for 10 minutes. Samples for 

clusterin staining were permeabilized with PBS/ Triton-X (0.2%) for 5 minutes. After blocking 

with 5% BSA in PBS for 30 minutes, the sections were incubated overnight with the monoclonal 

clusterin antibody (1:200, G7), a generous gift of Dr. Brendan Murphy, which has been described 

previously (30). Samples were then incubated for 60 minutes with the biotinylated goat anti-

mouse antibody (1:200, GE Health Care, USA) followed by an additional 60-minute incubation 

period with HRP-conjugated avidin/streptavidin (Beckman Coulter, USA). Samples for COMP, 

and collagen types I, II, VI and IX staining were washed in PBS/Tween 20 (0.1%) for 5 minutes, 

blocked with 5% BSA in PBS for 30 minutes and incubated overnight with either anti-COMP 

(1:50, a kind gift from Anamar Medical AB, Goteborg, Sweden), anti-collagen type I (1:50, I-8H5, 

Calbiochem, USA), type II (1:100, II-6B3II, Developmental Studies Hybridoma Bank, USA), type VI 

(1:50, 5C6, Developmental Studies Hybridoma Bank, USA), or type IX (1:50, D1-9, Developmental 

Studies Hybridoma Bank, USA) antibodies. Samples were then incubated for 60 minutes 

with the secondary HRP-conjugated goat anti-mouse antibody (1:200, Dako, USA). Staining 

was visualized using DAB solution (Sigma-Aldrich, USA) for 10 minutes. Counterstaining was 

performed with hematoxylin. The sections were examined using a light microscope. Isotype 

controls were performed by using mouse isotype IgG1 monoclonal antibody at concentrations 

similar to those used for the stainings.

Biochemical assays

Alginate beads and pellets (n=3 for each condition and time point) were harvested. Alginate 

beads were dissolved using 55 mM sodium citrate/150mM sodium chloride buffer and all 

samples were digested overnight at 56°C in a solution containing 250 μg/mL papain (Sigma-

Aldrich, USA). quantification of total DNA was performed by quant-iT PicoGreen dsDNA kit 

(Molecular Probes, Invitrogen, USA) using a spectrofluorometer (Biorad, USA). The amount of 

GAGs was determined spectrophotometrically after reaction with dimethylmethylene blue dye 

(DMMB, Sigma-Aldrich, USA)(16), pH=3.0 for pellets and pH=1.75 for the alginate cultures (15). 

Intensity of color change was quantified immediately in a microplate reader (Biorad, USA) by 

measuring absorbance at 540 and 595 nm. The amount of GAG was calculated using a standard 

of chondroitin sulphate C (Sigma-Aldrich, USA) and by calculating the ratio of absorbances.
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Statistics

Cell yield and proliferation rate are presented as mean ± standard error of the mean. Differences 

in cell yield were analyzed by one-way ANOVA and corrected by a Tamhane posthoc test. 

Proteoglycan content of the alginate beads are presented as mean ± standard deviation. 

Statistical differences were assessed by either one-way ANOVA and a Bonferroni posthoc test 

or a paired Student’s t-test. p<0.05 was considered a significant difference.

RESuLTS 

Zonal differences of native cells

Histologic analysis of osteochondral specimens from which zonal tissue was harvested confirmed 

the isolation of cartilage of the respective zones (Figure 1). Significant differences between the 

numbers of cells isolated per gram of tissue were observed. The superficial tissue had the highest 

yield, whilst the lowest number of cells was isolated from the deep zone (Figure 2). 

Figure 1. From left to right, safranin O staining of a full 
thickness osteochondral specimen and specimens from 
which, respectively, the superficial, middle, and deep 
zones have been removed, scale bar: 500 μm.

Figure 2. Cell yield per gram 
tissue for the 3 zones. SZC, 
superficial zone chondrocytes; MZC, 
middle zone chondrocytes; DZC, 
deep zone chondrocytes. Mean 
values +/- standard error of the 
mean. *P < 0.05; ***P < 0.001).
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Cross-reactivity of the antibodies was confirmed using native equine cartilage tissue 

(Figure 3). Subsequently, the presence of collagen type VI was confirmed in cytospins of cells from 

all zones directly after isolation; collagen types II and IX were present in middle zone and deep 

zone chondrocytes; and collagen type I could not be detected (Table 1). Staining for clusterin, 

albeit faint, was limited to cytospins of superficial zone chondrocytes (Figure 4), whereas staining 

for COMP was observed only in cytospins of the middle and deep zone chondrocytes (Figure 5).

Behavior during expansion

During expansion, cells acquired a fibroblast-like spindle-shape, regardless of the zonal origin. 

Further, no significant differences between the proliferation rates of the zonal cells in expansion 

medium were observed during the first passage (4-4.5 population doublings; Figure 6). For 

all immunohistochemical markers examined (except collagen type I), staining decreased after 

2-dimensional expansion, irrespective of the zone of origin (Table 1).

 In pellet cultures, the amount of total GAG (Figure 7A), as well as GAG produced per cell 

was similar for the cultures derived from the cells of the superficial, middle and deep zones 

at any time point investigated (Figure 7B). In contrast, for chondrocytes cultured in alginate 

beads, significant differences among the zonal cultures were observed (Figure 7C). The GAG 

content per DNA was significantly higher after 7, 14 and 21 days (p=0.047, p=0.019, p=0.029, 

respectively) in beads containing deep zone chondrocytes compared to those with superficial 

zone chondrocytes. Furthermore, at 2 weeks, the amount of GAG per DNA was also significantly 

higher (p=0.019) in beads with middle zone chondrocytes compared to beads from the 

Table 1. Staining intensity for clusterin, collagen types, cartilage oligiomeric protein in cytospins of freshly 
isolated, expanded, and alginate cultured cellsa. 

Zone P0 P1 t = 7 t = 28

Clusterin Superficial
Middle
Deep

+
-
-

-
-
-

+
+
+

++
+
+

Collagen type I Superficial
Middle
Deep

-
-
-

+
+
+

++
++
++

++
++
++

Collagen type II Superficial
Middle
Deep

-
+
+

-
+/-
+/-

+
+
+

++
++
++

Collagen type VI Superficial
Middle
Deep

+
+
+

+/-
+/-
+/-

+
+
+

++
++
++

Collagen type IX Superficial
Middle
Deep

-
+
+

-
-
-

+
+
+

++
++
++

Cartilage oligomeric protein
Superficial

Middle
Deep

-
+/-

+

-
-
-

-
+
+

-
++
++

aStaining intensity: -, none; +/-, weak; +, moderate; ++, strong. Cells: P0, freshly isolated; P1, expanded; t = 7, 
cultured for 7 days; t = 28, cultured for 28 days.
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Figure 3. Cross-reactivity of 
antibodies against  chick collagen 
type II (A), human collagen type 
VI (B), human cartilage oligomeric 
protein (C) and human clusterin 
(D) with equine articular cartilage. 
Slides were couterstained with 
hematoxylin. Scale bar: 100 μm.

superficial zone. Nevertheless, the total amount of GAG per DNA in alginate was lower than 

that in pellets. 

With respect to the immunohistochemical markers, their positive staining gradually 

re-appeared with redifferentiation (Table 1). Staining for collagen types II, VI and IX became 

positive after 7 days, and the intensity increased with culture time both in pellet and alginate 

cultures from all zones. In addition, the zonal differences, as observed directly after isolation 

of the cells, reappeared in the alginate cultures. Zone-specific expression patterns of COMP 

and clusterin resembled those in the native zones. Staining for clusterin was observed in all 

cultures after 7 days and increased up to day 28. At that time point, staining was most distinct 

in superficial zone alginate cultures, where it stained clusters of cells (Figure 4). Staining for 

COMP also increased with culture time but was observed only in cultures derived from the deep 

and middle zones (Figure 5). 

In contrast to the alginate cultures, in the pellet cultures demonstrated no zonal differences. 

Pellets stained positive for both clusterin and COMP (Figure 8), regardless of the zonal origin 

of the chondrocytes. The intensity of staining for clusterin varied between donors, whereas 

staining for COMP was most pronounced in the outer periphery of the pellets. 

DISCuSSION
In this study we investigated whether inherent differences between chondrocytes derived from 

the superficial zone, middle zone and deep zone persist or can be re-induced during expansion 

and redifferentiation using 2 different 3-dimensional culture modalities.

We did not detect significant differences in proliferation of the cells during 2-dimensional 

culture in our expansion medium. This corresponds with previous findings using mature 

chondrocytes (38), whilst for immature cartilage differences in proliferation have been 

observed (8;23;37). These contrasting results may be related to the age difference, but donor 

variation and differences in medium composition may also have played a role. For example, it 
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Figure 4. Immunolocalization of 
clusterin in cytospins of superficial zone 
(A and B), middle zone (C and D) and 
deep zone (E and  F) chondrocytes, 
either primary (A, C, E) or embedded 
in alginate and cultured for 28 days in 
vitro (B, D, F). All sections were lightly 
counterstained with hematoxylin. Scale 
bar: 20 μm. 

Figure 5. Immunolocalization of
cartilage oligomeric protein of superficial 
zone (A and B), middle zone (C and D) 
and deep zone (E and F) chondrocytes, 
either primary (A, C, E) or embedded 
in alginate and cultured for 28 days in 
vitro (B, D, F). All sections were lightly 
counterstained with hematoxylin. Scale 
bar: 20 μm. 
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has been demonstrated that the presence of certain growth factors, such as insslin-like growth 

factor-1, has a differential effect on chondrocytes from the different zones (8). In addition, the 

fact that in our study the expansion medium was supplemented with fibroblast growth factor-2, 

which might have contributed to this phenomenon (fibroblast growth factor-2 increases 

proliferation and temporarily enhances dedifferentiation (21)). 

The cartilage zones were dissected using a surgical technique that has been used to harvest 

zonal cartilage tissue (1;11;25;37). Indeed, the histologic analysis of the osteochondral specimens 

from which the subsequent zonal layers had been removed demonstrated the adequacy of this 

technique. Further support for the correct separation of the zones comes from the ratio of 

cell yield of the different zones, which was similar to the cell distribution in native tissue (33). 

Nevertheless, owing to the lack of specific zonal cell-surface markers to differentiate between 

cell populations, we cannot exclude small impurities; therefore, we consider the obtained cell 

populations as enriched zonal populations.

Redifferentiation of the enriched zonal populations resulted, at least in part, in the 

differential re-expression of characteristic zonal markers such as COMP and clusterin, as well 

as differential GAG production, thus confirming our first hypothesis. In line with previous 

observations (4;10;27), we showed that dedifferentiation of the zonal chondrocytes is 

associated with loss of their cartilage specific markers, including collagen types II, VI and IX, 

COMP, and clusterin, as well as up-regulation of collagen type I. During 3-dimensional culture, 

staining for collagen types II, VI and IX reappeared in all zones, indicative of redifferentiation. In 

native cartilage, these collagens are present in all zones. 

In alginate beads, a significantly higher amount of GAG was produced by deep zone 

chondrocytes when compared to superficial zone chondrocytes, reflecting the zonal 

differences in native cartilage (6;43). In contrast to the alginate bead cultures, redifferentiation 

of the enriched zonal populations in pellets did not result in the distinct differential  

re-expression of zonal markers, rejecting our second hypothesis and demonstrating that for 

a given experiment, the selected culture method will have a major impact on outcome. The 

total amount of GAG per DNA in pellets was higher than in alginate beads, but no significant 

differences between zones were found. Furthermore, we observed a relatively high donor 

variation in both the amount of GAG and the amount of DNA in pellets. The higher biosynthetic 

Figure 6. Proliferation rate during 
the first passage of cells isolated 
from the three zones. SZC, superficial 
zone chondrocytes; MZC, middle 
zone chondrocytes; DZC, deep zone 
chondrocytes. Values +/- standard 
error of the mean.
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Figure 7. The amount of glycosaminoglycans per pellet (A). The ratio of glycosaminoglycans to DNA for pellet 
(B) and for alginate culture (C). SZC, superficial zone chondrocytes; MZC, middle zone chondrocytes; DZC, deep 
zone chondrocytes. * P < 0.05. 

activity in pellets compared to alginate beads might be related to the difference in cell-cell 

contact between the culture modalities. Close cell-cell contact, as well as the initial lack of 

matrix, may stimulate the chondrocytes to produce high amounts of GAG, a major constituent 

of the extracellular matrix (42). 

Overall, we showed better return of zonal differences in extracellular matrix synthesis and 

composition for chondrocytes cultured in alginate. The configuration of an alginate bead, as an 

artificial matrix, more closely mimics the natural in vivo environment of mature cartilage, compared 

with the pellet culture: cells in alginate are spaced apart from each other, cell-cell contact is 

minimal; and the hydrogel provides an extracellular matrix-like environment. This resemblance in 

surroundings may explain resurgence after expansion of the zonal differences in GAG production 

per cell and the restoration of characteristic zonal differences shown in immunohistochemistry. 

Although previous studies have compared pellet and alginate culture for short-term culture of 

immature chondrocytes (13) and chondrogenic differentiation of mesenchymal stem cells (45), 

the 2 culture modalities have never been compared for the longer term culture of mature 

chondrocytes. Further refinement of the culture methods might lead to even better preservation 

of zonal characteristics - for instance by influencing the dedifferentiation speed (10).
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We have shown that zonal characteristics of chondrocytes can be re-induced after expansion. 

This knowledge is useful for the future development of biomimetic cartilage constructs. Note, 

however, that we studied only the enriched populations and did not focus on the co-culture 

of these populations. Previous studies have shown interaction between chondrocytes from 

the different zones. For instance, the amount of GAG produced by deep zone chondrocytes 

expressed per DNA and the amount of collagen produced per DNA increased significantly 

in the presence of superficial zone cells (37) when cultured in hydrogel. Also, the amount of 

proteoglycans increased when middle zone cells were combined with cells from the deep zone, 

leading to improvement of compressive mechanical properties (41). Furthermore, the amount 

of PRG-4 secreted by superficial zone chondrocytes is upregulated in the presence of middle 

zone chondrocytes (5). Future experiments will show whether combinations of expanded and 

redifferentiated zonal chondrocytes show similar interactions. 

We demonstrated that it is feasible to harvest an enriched population of chondrocytes from 

the superficial, middle and deep zones of the articular cartilage. These enriched chondrocyte 

populations expressed zone-specific proteins and different amounts of GAG comparable to 

the situation in native articular cartilage when cultured in alginate after prior expansion, but 

not when pellet culture is used for re-differentiation. These observations support the use of 

alginate-based hydrogels for engineering zonal cartilage constructs.

Figure 8. Immunolocalization of 
clusterin (A, C, E) and COMP (B, 
D, F) in pellets for superficial zone 
(A and B), middle zone (C and D) and 
deep zone (E  and  F) chondrocytes, 
after 28 days in vitro. All sections 
were lightly counterstained with 
hematoxylin. Scale bar: 200 μm. 
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ABSTRACT
Articular cartilage has limited regenerative capabilities. Chondrocytes from different layers 

of cartilage have specific properties, and regenerative approaches using zonal chondrocytes 

may yield better replication of the architecture of native cartilage than when using a single 

cell population. To obtain high seeding efficiency while still mimicking zonal architecture, cell 

pellets of expanded deep zone and superficial zone equine chondrocytes were seeded and 

cultured in two layers on poly(ethylene glycol)-terephthalate/poly(butylene terephthalate) 

scaffolds. Scaffolds seeded with cell pellets consisting of a 1:1 mixture of both cell sources served 

as controls. Parallel to this, pellets of superficial or deep zone chondrocytes, and combinations 

of the two cell populations, were cultured without the scaffold. 

Pellet cultures of zonal chondrocytes in scaffolds (constructs) resulted in a high seeding 

efficiency and abundant cartilaginous tissue formation, containing collagen type II and 

glycosaminoglycans (GAGs) in all groups, irrespective of the donor (n=3), zonal population 

used or of (stratified) seeding on the scaffolds. However, whereas total GAG production was 

similar, the constructs retained significantly more GAG than pellet cultures, from which a high 

percentage of the produced GAGs was secreted into the culture medium. Immunohistochemistry 

for zonal markers did not show any differences between the conditions. 

We conclude that spatially defined pellet culture in 3D scaffolds is associated with high 

seeding efficiency and supports cartilaginous tissue formation, but did not result in the 

maintenance or restoration of the original zonal phenotype. The use of pellet-loaded constructs 

leads to a better retainment of newly produced GAGs than the use of pellet cultures. 
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INTRODuCTION
Cartilage is a tissue that mainly consists of extracellular matrix (proteoglycans and collagen fibers) 

and few cells. Once articular cartilage is damaged, it has very limited regenerative capacity. 

A  number of treatments for focal cartilage defects are available, such as microfracture  (1) and 

regenerative approaches such as autologous chondrocyte implantation (ACI) (2). Although clinical 

results are quite satisfactory (3), further developments are needed to more closely replicate the 

long-term functional restoration of the native tissue with the corresponding zonal architecture. 

Although articular cartilage may appear as a homogeneous tissue, considerable differences 

exist throughout the depth of the tissue. Cartilage can be classified into different zones, of 

which the cells differ in size and morphology, and the extracellular matrix shows differences 

in glycosaminoglycan (GAG) content (4), collagen fiber orientation (5), gene expression 

patterns (6), and secreted protein profiles. For example, proteoglycan 4 (PRG4) or superficial zone 

protein (7) and clusterin (8, 9) are predominantly found in the superficial zone, while cartilage 

oligomeric matrix protein (COMP) (10, 11) and cartilage intermediate layer protein (CILP) (12) are 

important components of the middle and deep zones. Even after isolation from the native tissue, 

chondrocytes and their produced cartilaginous matrix display characteristic differences (13-16). 

Combining zonal chondrocytes in a stratified manner has shown promise to enhance 

functional properties of the tissue engineered cartilage. A number of approaches have been 

used to mimic the zonal architecture of native cartilage, ranging from scaffold-free culture 

methods (14, 17) to scaffold-based methods using decellularized cartilage (18), and a range of 

hydrogels (19-21). An important drawback, however, of the use of hydrogels is their low intrinsic 

mechanical strength. Albeit there are several ways to increase the mechanical strength of 

hydrogels (22, 23), it still falls short of matching the natural mechanical properties of cartilage 

and bone (24). 

In regenerative medicine, cells and/or biomaterials are combined: cells are seeded on 

a carrier material or scaffold and then cultured in vitro and/or (subsequently) implanted in vivo. 

A range of different materials, designs (24) and cell sources can be conjoined. Rapid prototyping 

techniques allow for the fabrication of polymer scaffolds with controlled porosity, pore size, 

and mechanical properties (25), which thus may overcome the mechanical deficiencies of the 

hydrogels mentioned earlier. However, although it is feasible to influence the distribution of 

cells in scaffolds, for instance by modulating pore size (26), the spatially defined placement of 

cell populations into polymer scaffolds is still a challenge. Furthermore, seeding efficiencies 

for polymer scaffolds are generally low (27, 28), especially with static seeding methods (29, 30). 

Therefore, there is a need for a combination of stiff scaffolds and high efficiency techniques for 

cell seeding. 

Spherical pellet culture is a commonly applied chondrocyte redifferentiation model with 

high seeding efficiency, which supports the general chondrocyte phenotype and the formation 

of an extracellular matrix that is rich in collagen type II (31, 32). Although in our previous 

work pellet culture of zonal subpopulations did not show zonal differences for GAG content 

or specific zonal proteins (16), the interaction between zonal subpopulations in pellets was 

not examined. Incorporating zonal chondrocyte pellets in a 3D polymer scaffold provides 

a construct that might combine stratified zonal architecture with a high seeding efficiency and 
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enhanced mechanical stiffness (33). Therefore, we hypothesized that pellet seeding of zonal 

chondrocyte populations in poly(ethylene glycol)-terephthalate/poly(butylene terephthalate) 

(PEGT/PBT) copolymer scaffolds would feature a high seeding efficiency and restore native 

zonal differences. 

mATERIALS AND mEThODS

Materials 

PEGT/PBT co-polymer (PolyActive™, IsoTis OrthoBiologics, Bilthoven, The Netherlands) with 

polymer compositions of 1000/70/30 (PEG molecular weight/weight percentage PEGT/weight 

percentage PBT) was used to create scaffolds. Using a BioScaffolder 3-dimensional fiber 

deposition machine (SYS+ENG, Salzgitter-Bad, Germany), scaffolds with a strand thickness of 

0.17 mm and a fiber spacing of 1 mm were created in a 0–90 degrees alternating pattern, with 

100% interconnecting pores. Scaffolds were cut into blocks of approximately 3.5x2.5x1.5 mm to 

fit two layers of 4 pellets each. The top of the scaffold was marked with a polypropylene suture 

(Prolene, Ethicon, Somerville, New Jersey, USA), to distinguish between the top and bottom layer. 

Cells

Superficial and deep zone articular cartilage was dissected from knees of fresh equine 

cadavers (age: 2-8 years) under aseptic conditions, as described previously (16). The tissue 

was digested overnight by 0.15% type II collagenase (Worthington Biochemical Corporation, 

Lakewood, New Jersey, USA) at 37 degrees Celsius. Afterwards, the cell suspension was filtered 

through a 100 μm cell strainer (Falcon, BD Biosciences, Franklin Lakes, New Jersey, USA) and 

washed 3 times in phosphate buffered saline (Invitrogen, Carlsbad, California, USA). Cells were 

re-suspended in expansion medium consisting of DMEM (Dulbecco’s Modified Eagle Medium, 

Invitrogen), supplemented with 10% fetal bovine serum (Biowhittaker, Walkersville, Maryland, 

USA), 100 units/mL penicillin-streptomycin (Invitrogen) and 10 ng/mL FGF-2 (R&D Systems, 

Minneapolis, Minnesota, USA). 

Cell culture and scaffold seeding

Chondrocytes were expanded for 10 days in monolayer culture (5,000 cells/cm2) in expansion 

medium. After expansion, three groups of cells and cell mixtures were formed: superficial 

zone cells only (SZ), deep zone cells only (DZ) and a mixture (1:1) of superficial cell and deep 

zone cells (SZ+DZ). For all groups, cell suspensions of 0.25 x 106 cells were centrifuged at 

1500 rpm (300 x g) for 5 minutes. The resulting pellets were cultured in differentiation medium 

(DMEM (Invitrogen) supplemented with 1x Insuline Transferase Selenium-X (Invitrogen), 

0.2  mM ascorbic acid 2-phosphate (Sigma-Aldrich, St Louis, Missouri), 0.5% human serum 

albumin (Cealb, Sanquin, Utrecht, The Netherlands), 100 units/mL penicillin-streptomycin 

(Invitrogen) and 5 ng/mL TGF-β2 (R&D Systems)) for 1 week in U-bottom ultra low attachment 

96-well plates (Corning, Lowell, Massachusetts, USA), as previously described by (33). 

After 1 week of culture, pellets were either seeded into the scaffolds or maintained in 

differentiation medium as controls. For scaffold seeding, 8 pellets were seeded into the pores 
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of the scaffolds, in two layers. Two groups were created: scaffolds were either seeded using 

4  superficial zone pellets and 4 deep zone pellets, in which superficial zone pellets were 

seeded on top of deep zone pellets (zonal constructs) or seeded with pellets that contained 

both the superficial and deep zone cells (mixed constructs) (Figure 1). The resulting constructs 

were cultured in differentiation medium. Medium was refreshed and medium samples for 

biochemical analysis were taken twice a week. Samples for histology were taken after 31 days 

and for biochemical assays of the pellets and constructs after 7 and 31 days.

Histology and immunohistochemistry

Histology
Samples were fixed in formalin, dehydrated through graded ethanol series, cleared in xylene 

and embedded in paraffin. Embedded samples were sectioned to yield 5 μm sections. Sections 

were then stained with safranin-O for proteoglycans and with fast green and hematoxylin to 

detect collagenous matrix and cell nuclei. Further, samples were stained with a triple staining of 

alcian blue, hematoxylin, and picrosirius red to visualize collagen fiber orientation. The sections 

were examined and photographed using a light microscope (Olympus BX51 microscope, 

Olympus DP70 camera, Hamburg, Germany). For visualization of the picrosirius red staining, 

a light polarizing filter was used. 

Immunohistochemistry
Immunohistochemistry was performed to assess expression of various (zonal) markers 

as previously described (16). Briefly, all samples were cultured in differentiation medium 

supplemented with 0.1 μM Monensin (18) overnight (to trap PRG4 intracellularly (34)), and 

subsequently either embedded in OCT compound at -20 degrees Celsius (Tissue-Tek, Sakura 

Finetek, USA) or fixed in formalin, embedded in paraffin and sectioned as described above. 

Cryosamples were cut to yield 10 μm sections, and were fixed in formalin for 10 minutes. 

Subsequently, endogenous peroxidase was blocked using a 0.3% H
2
O

2
 solution for 10 minutes. 

Samples for clusterin staining were permeabilized with PBS/ Triton-X (0.2%) for 5 minutes, 

Figure 1. Schematic representation of zonal chondrocyte pellets (left) and scaffolds seeded with chondrocytes (center 
and right). In white, the superficial zone cell pellets, in black, the deep zone cell pellets, in grey, the pellets composed 
of superficial and deep zone cells (combined pellet). On the right, the PEGT/PBT scaffold seeded with the cell pellets 
of the superficial zone and deep zone are shown. The scaffold in the center is loaded with combined pellets. 
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while samples for CILP, COMP, collagen type II, collagen type VI and PRG4 were washed with 

PBS/Tween  (0.1%). For the PRG4 staining, antigen retrieval was performed using proteinase 

XIV (Sigma-Aldrich), while for CILP, COMP, clusterin, and collagen type II and collagen type VI, 

hyaluronidase and pronase antigen retrieval was used. For all antibodies, samples were blocked 

with 5% BSA in PBS for 30 minutes. The sections were incubated overnight with the monoclonal 

clusterin antibody (35) (1:200, G7, a generous gift of Dr Brendan Murphy), anti-COMP (1:50, a kind 

gift from Professor R.K. Smith, Royal Veterinary College, London, UK), anti-collagen type II (1:100, 

II-6B3II, Developmental Studies Hybridoma Bank, USA), type VI (1:50, 5C6, Developmental Studies 

Hybridoma Bank, USA), anti-CILP (1:50, HPA3195, Atlas Antibodies, Sigma-Aldrich), anti-PRG4 

(1:50, Ab28484, Abcam, Cambridge, UK). Samples were then incubated for 60 minutes with 

either goat anti-mouse HRP antibody (for collagen type II and type VI and for COMP, 1:200, Dako, 

Glostrup, Denmark), biotinylated anti-rabbit IgG (for CILP and PRG4, 1:200, Vector Laboratories, 

Burlingame, California, USA), or biotinylated anti-mouse IgG (for clusterin, 1:200, GE Health 

Care, Buckinghamshire, UK). Samples for CILP, clusterin and PRG4 were then incubated for 60 

minutes with the tertiary HRP-conjugated streptavidin antibody (1:500, Immunotech, Beckman 

Coulter, Marseille, France). Staining was visualized using DAB solution (3,3’-diaminobenzidine 

tetrahydrochloride hydrate, Sigma-Aldrich) for 10  minutes. Counterstaining was performed 

with hematoxylin. The sections were examined using a light microscope. Isotype controls were 

performed by replacing the primary antibody with mouse or rabbit isotype IgG1 monoclonal 

antibody at concentrations similar to those of the primary antibodies.

Biochemical assays
Constructs and pellets (n=4 for each condition and time point) were harvested. For 

pellets, samples were taken after 7 and 31 days and for constructs after 31 days. All pellets 

and constructs were digested overnight at 56°C in a solution containing 250 mg/mL papain 

(Sigma-Aldrich, USA). The amount of GAGs of the digests and the media was determined 

spectrophotometrically after reaction with dimethylmethylene blue dye (DMMB, Sigma-

Aldrich, USA) (36). Intensity of color change was quantified immediately in a microplate reader 

(Biorad) by measuring absorbance at 540 and 595 nm. The amount of GAG was calculated 

using a standard of chondroitin sulphate C (Sigma-Aldrich) and by calculating the ratio of 

absorbances. The production of GAG was normalized to the DNA content. quantification of 

total DNA was performed by quant-iT PicoGreen dsDNA kit (Molecular Probes, Invitrogen) 

using a spectrofluorometer (Biorad, Hercules, California, USA).

Statistics

Values for proteoglycan content of pellets, constructs, and media are presented as 

mean ± standard deviation. Statistical differences were assessed by a repeated measurement 

ANOVA for comparing the differences for GAG, DNA or GAG per DNA in time, or by a 

one-way ANOVA and a Bonferroni posthoc test for the comparison of GAG, DNA and GAG 

per DNA between different pellet groups. For the comparison of construct groups and for the 

comparison between the grouped pellets and grouped constructs, an independent samples 

t-test was used. p<0.05 was considered a significant difference.
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RESuLTS

Cell culture and scaffold seeding

Pellets were successfully seeded into the polymer scaffolds and cultured for up to 31 days. 

Macroscopically, no differences were seen between the pellets of different conditions, nor 

between the zonal constructs and the control constructs during the course of culture. For the 

pellets in the scaffolds, fusion between the different pellets could be observed macroscopically. 

Histology and immunohistochemistry

Pellets
The safranin-O staining showed that glycosaminoglycan (GAG) formation was present for 

all conditions, and all samples stained positive for cartilage marker collagen type II at similar 

intensity after 31 days of culture (Figure 2). No differences were observed for gross tissue 

Figure 2. Histology and 
immunohistochemistry for collagen 
type II and I for the separately 
cultured chondrocyte pellets for 
the superficial zone (top row) 
and deep zone cells (middle row) 
and a combination of the two cell 
types (bottom row) at day 31. The 
safranin-O (Saf O) staining shows the 
presence of glycosaminoglycans for 
all conditions. Collagen type II (Col 
II) was detected in all conditions, 
while all conditions stain faintly 
positive for collagen type I  (Col I). 
Scale bar represents 200 μm.
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morphology between the superficial zone pellets, the deep zone pellets, and the combined 

pellets. For all histological and immunohistochemical stainings, no differences between the 

different pellets were observed (Figures 2 and 3). Collagen type I staining was present for all 

conditions (Figure 2), but was low compared to positive controls. For the zonal markers CILP, 

clusterin, COMP and PRG4, no differences between cell pellet groups were seen (Figure 3). CILP 

immunolocalization was negative for all pellets that were cultured separately, while all pellet 

samples were positive for clusterin, COMP and PRG4. All pellet samples that exhibited positive 

immunostainings, showed the highest intensity in the outer shell of the cell pellets.

Zonal constructs
For the constructs, no differences in gross morphology were observed between the stratified zonal 

constructs and the mixed control constructs as shown by safranin-O staining (Figure 4). The different 

pellets in each construct had fused and had formed a continuous layer of neo-tissue around the 

PEGT/PBT copolymer fibers. Those fibers dissolve during the processing for histology, and leave 

holes, as illustrated by Figure 4. The cartilage marker collagen type II was present in both the zonal 

and mixed scaffolds, while the intensity of staining for the dedifferentiation marker collagen type I 

was comparably low in both. This is in line with the observations for the separately cultured pellets. 

No differences were detected in zonal marker expression between the two construct types 

(not shown). Immunolocalization for CILP was negative for both conditions, while the positive 

staining for clusterin, COMP and PRG4 was most prominent in the outer rim of the constructs. 

Biochemical assays

Pellets
The amount of GAG in the cell pellets of all conditions together showed a significant increase in 

time (p=0.007, Figure 5a), but for the separate zonal pellet groups, this increase was not statistically 

significant (p=0.225, p=0.091 and p=0.209 for SZ, DZ and SZ+DZ pellet, respectively), although there 

was a trend for increase for the DZ pellets. The amount of DNA did not significantly differ between time 

points, neither for the zonal pellets, nor for the pellet group as a whole (p=0.250, p=0.761, p=0.374, 

p=0.168, for SZ, DZ, SZ+DZ and whole pellet group, respectively). The values for glycosaminoglycans 

produced per DNA were similar for both time points, with average values ranging from 10 to 27 

(Figure 5b). In line with these observations for the pellet cultures, no differences were detected for 

the amount of GAG (Figure 6a) or GAG per DNA (Figure 6b) between the experimental (zonal) and 

control constructs at day 31. The amount of GAG that was released into the medium and the total 

amount of GAGs produced did not differ either between zonal pellet groups (Figure 7a,b).

Zonal constructs
In the construct groups the amount of GAG released and total amount of GAG produced was, 

as in the pellets, not significantly different between zonal and combined conditions (Figure 8a). 

This was also true for GAG per DNA (data not shown). 

Zonal constructs versus pellets
Pellet cultures and zonal constructs appeared to differ in the dynamics of GAG production 

and retention. Whereas GAG per DNA was not significantly different between the two culture 

techniques (p=0.905), the percentage of GAG that was incorporated per total amount of GAG 

was substantially higher for constructs than for pellets, p=0.031 (Figure 8b).
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Figure 3. Immunolocalization of zonal markers for the separately cultured chondrocyte pellets for the superficial 
zone (top row) and deep zone cells (middle row) and a combination of the two cell types (bottom row) at day 31. 
Superficial zone markers PRG4 and clusterin were detected in pellets from all conditions. Staining for middle zone 
marker COMP is also (faintly) positive in pellets from all conditions, while samples of all conditions were negative 
for middle zone marker CILP. Scale bar represents 200 μm.
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Figure 4. Cartilaginous markers 
for zonal (top row) and combined 
constructs (bottom row) at day 
31. The top of the construct 
is in the top of the picture. 
Immunolocalization of collagen 
type II is positive for all conditions, 
while all conditions stain faintly 
positive for collagen type I. The 
safranin-O staining shows the 
presence of glycosaminoglycans 
for all conditions. Scale bar 
represents 500 μm. 

DISCuSSION
In this study, we successfully seeded pellets of zonal and mixed chondrocytes into PEGT/PBT 

scaffolds. The pellets were cultured separately for 7 days after which they were put into the 

scaffolds and subsequently cultured for another 24 days. In parallel, separate pellets of 

superficial zone, deep zone and combined cells were cultured. All samples showed cartilaginous 

tissue formation as evidenced by the presence of collagen type II and the formation of 

glycosaminoglycans. This is in line with previous finding s using a similar method (33).

No significant differences were detected with respect to cartilage markers or zonal 

cartilage markers, neither when cultured separately, nor when cultured combined or combined 

in a stratified manner. 

Previous reports about high cell density culture of zonal chondrocytes are conflicting; in 

some studies the cells are shown to retain some of their zonal phenotypic characteristics, even 

after expansion (37, 38). In the latter study, however, the observed differences between zonal 

subpopulations were only present in pellets that were cultured under low oxygen tension. For 

chondrocytes that are expanded and thus dedifferentiated, we previously found no differences 

in terms of GAG content or (zonal) cartilage markers following redifferentiation in pellet 

culture  (16). Our current data are in line with this previous work, showing similar results for 

pellet cultures in constructs that contain combinations of zonal chondrocyte subpopulations. 
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Figure 5. The amount of 
glycosaminoglycans (GAG) (a) and 
GAG per DNA (b) for pellet cultures 
of superficial zone (SZ), deep zone 
(DZ) and mixed cell pellets (SZ+DZ) 
for 7 and 31 days. For the amount 
of DNA in time, no differences were 
observed. Data are presented as 
mean ± standard deviation. 
* represents a significant difference 
(p<0.05). 

Figure 6. The amount of 
glycosaminoglycans (GAG) (a) and 
GAG per DNA (b) for zonal and 
combined constructs after 31 days 
of culture. Data are presented 
as mean ± standard deviation. 
The results show no significant 
differences between conditions.
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Figure 7. The cumulative amount 
of glycosaminoglycans (GAG) in the 
culture medium for superficial zone 
(SZ), deep zone (DZ) and mixed cell 
pellets (SZ+DZ) (a); and for zonal and 
combined constructs (b). 

We used two supplemental immunohistochemical markers that also did not appear to differ 

between the zonal cell populations: CILP and PRG4. CILP is an identifier of the middle zone 

of articular cartilage (12, 39), which is also present in muscle and heart tissue (39), in meniscal 

cartilage  (39) and the intervertebral disc (40). Proteoglycan 4 (PRG4) or superficial zone 

protein (SZP) is predominantly synthesized in the superficial zone of articular cartilage, and is 

thought to play a role in cell proliferation and lubrication of the joint (41). It has been suggested 

that transplanting or implanting cells or tissues that can secrete SZP may restore functional 

lubrication when this is hampered (18). In the present experiment, immunolocalization of 

PRG4 was seen for all conditions, as was the case for clusterin and COMP. The outer rims of 

both scaffolds and pellets stained most intense for all positive immunostainings. The increased 

secretion of proteins that are not zone-specific suggests a certain plasticity of chondrocytes 

during pellet culture. The mechanism behind this is unclear, and might depend on cell-cell 

interactions, or on the direct environment of the cells. For mesenchymal stromal cell (MSC) 

pellets, for instance, it is known that cell-cell and cell-matrix interactions play a pivotal role 

in early chondrogenic differentiation  (42). Early condensation is modulated by the transient 

expression of cell-adhesion molecules (43), which are down-regulated when the cells become 

separated by extracellular matrix (44). This process may be not as well orchestrated in the 

pellet culture of dedifferentiated mature chondrocytes, in which a more basal chondrocyte 

phenotype is observed, without the more subtle zonal differences. Culture circumstances can 
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also be of great influence: low oxygen tension can direct chondrocyte (zonal) phenotype, 

resulting in differences in GAG content, and more PRG4 gene expression and protein secretion 

for superficial zone chondrocyte pellets, and for the early time points, for clusterin (38). 

Furthermore, the addition of TGF-β to our culture medium can affect protein secretion: it is 

known that TGF-β can promote the levels of both PRG4 gene expression (41) and clusterin gene 

expression (45, 46) and protein secretion (46). However, when zonal chondrocytes are cultured 

in hydrogels or in filter culture in the presence of TGF-β, the production of PRG4 (14, 20) and 

clusterin (16) is predominantly seen in the superficial zone cells.

No differences were observed in GAG content and GAG/DNA between zonal and mixed 

constructs, indicating that the amount of glycosaminoglycans produced is not influenced 

by the stratified architecture. We observed large donor-dependent differences in all pellet 

and construct types for glycosaminoglycan content. The absence of zonal differences in 

glycosaminoglycan production is in contrast to previous studies, which show a higher amount 

of GAGs produced by deep zone cells than by superficial zone cells (21, 47, 48). However, 

these studies use hydrogels, and primary cells. Interestingly, the ratio of incorporated 

glycosaminoglycans to total amount of GAG production is significantly lower in the separately 

Figure 8. Total amount of GAGs 
produced and ratio of incorporated 
GAG per total GAG, (a) the 
total amount of GAG that was 
incorporated and secreted during 
the complete culture period for all 
conditions, (b) the ratio incorporated 
GAG per total produced GAG for 
pellets as a group and constructs as 
a group. Data are presented as mean 
± standard deviation. * represents a 
significant difference (p<0.05).
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cultured pellets. Typically, in the pellets that were loaded into a scaffold, the outer surface is 

relatively small compared to the separately cultured pellets, since in the constructs, the pellets 

fused together into one large mass. This phenomenon was also seen by previous authors (33). 

A smaller outer surface of a construct may hence lead to less loss of glycosaminoglycans and 

consequently a higher ratio of incorporation. 

This study shows that high-density culture of expanded zonal chondrocytes in 3D scaffolds 

yields cartilaginous tissue, and circumvents the problem of low seeding efficiency that is usually 

seen when cells are seeded directly onto scaffolds. High contents of glycosaminoglycans 

were shown in the cultures, and constructs contained collagen type II. Pellet culture of 

chondrocytes has previously shown promise for the treatment of osteochondral defects (49) 

and chondrocyte pellet culture has been suggested as an intermediate culture step in cartilage 

tissue biofabrication (50). Nevertheless, no replication of zonal cartilage differences occurred, 

neither when pellets were cultured separately, nor when a stratified combination of pellets was 

used. Culturing the constructs at low oxygen levels might improve their zonal characteristics, 

especially for the superficial chondrocytes. Furthermore, the use of a mechanical loading 

regimen could be considered, since cells from the zonal subpopulations respond differently to 

mechanical loading (48, 51). 

To improve the approach we used in this study, a 3-dimensional deposition machine could be 

used (25), which would enable examining several slight alterations to the applied protocols. That 

way, pellet placement within scaffolds could be automated. Alternatively, it might be beneficial 

to employ approaches in which more complex biofabrication techniques are used, which would 

provide the opportunity to better mimic a number of characteristics of native articular cartilage, 

such as curvature and variability of thickness of tissue layers and cell densities. Hydrogels are then 

probably preferable to pellet cultures. For bioprinting techniques and other computer-aided 

manufacturing techniques, hydrogels are already widely used (52-54), in some cases combined 

with other biomaterials to enhance mechanical characteristics of the construct (55-57). 

CONCLuSION
In the present study, (stratified) seeding of pellets in PEGT/PBT copolymer scaffold resulted 

in organized constructs. In time, abundant cartilaginous tissue formation was observed, 

irrespective of the zonal population used or whether (stratified) seeding was employed. 

Incorporation of the pellets in the construct is an efficient way of seeding the polymer scaffolds. 

As such, subsequent culture leads to constructs with a high GAG content. However, analysis 

of glycosaminoglycans and DNA, and immunolocalization of zonal markers did not reveal any 

differences related to the zone the chondrocytes originated from. The substantially improved 

retainment of newly produced GAG in constructs compared to pellet cultures is a potentially 

interesting observation. In addition, the described method might hold promise for generating 

constructs containing multiple tissue types, in order to further recapitulate tissue organization 

in engineered tissues.
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ABSTRACT
In the field of cartilage tissue engineering, filter cultures are a frequently used three-dimensional 

differentiation model. However, understanding of the governing processes of in vitro growth 

and development of tissue in these models is limited. Therefore, this study aimed to further 

characterise these processes by means of an approach combining both experimental and 

applied mathematical methods. 

A mathematical model was constructed, consisting of partial differential equations predicting 

the distribution of cells and glycosaminoglycans (GAGs), as well as the overall thickness of 

the tissue. Experimental data was collected to allow comparison with the predictions of the 

simulation and refinement of the initial models. Healthy mature equine chondrocytes were 

expanded and subsequently seeded on collagen-coated filters and cultured for up to 7 weeks. 

Resulting samples were characterised biochemically, as well as histologically.

The simulations showed a good representation of the experimentally obtained cell and 

matrix distribution within the cultures. The mathematical results indicate that the experimental 

GAG and cell distribution is critically dependent on the rate at which the cell differentiation 

process takes place, which has important implications for interpreting experimental results. 

This study demonstrates that large regions of the tissue are inactive in terms of proliferation 

and growth of the layer. In particular, this would imply that higher seeding densities will not 

significantly affect the growth rate. A simple mathematical model was developed to predict the 

observed experimental data and enable interpretation of the principal underlying mechanisms 

controlling growth-related changes in tissue composition. 
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INTRODuCTION
The limited self-healing capacity of articular cartilage has made the restoration of cartilage 

defects an important target in the field of regenerative medicine. However, despite many 

years of dedicated research, few regenerative approaches have successfully been translated 

to the clinic thus far (1). Natural articular cartilage tissue is organised in characteristic depth-

related zones, each with distinct physicochemical and biological properties and functions, 

that work together to impart low-friction, wear-resistant behaviour that is characteristic of 

articular cartilage in diarthrodal joints (2-4). One of the likely reasons for the limited clinical 

success of regenerative approaches is our current lack of understanding of this specific spatial 

organization and our inability to induce it in tissue constructs. 

During the growth of native articular cartilage cell proliferation and differentiation occur 

simultaneously (5, 6). The differentiated cells produce collagen and glycosaminoglycans (GAGs), 

which give structure and body to the tissue. The production of GAGs has been shown to follow 

the production of early phase collagen, especially of collagen type VI (5), suggesting the long 

collagen fibres provide the scaffold to the tissue whilst the GAGs provide the bulk to the structure.

In furthering our knowledge about cellular responses and behaviour, in vitro models play a 

significant role. However, two-dimensional (2D) in vitro models have limitations with respect to 

phenotypic cell changes, and most 3D models are poorly understood and generally lack the true 

native 3D environment (7). Common 3D in vitro models for cartilage tissue engineering research 

include a) the alginate bead culture in which cells are suspended in hydrogel beads (8), b) the 

aggregate or pellet culture (9), which allows direct cell-cell interactions to further enhance 

chondrogenic differentiation, and c) the filter culture, in which cells are grown on a permeable 

filter. Chondrocytes cultured in the last culture system have been demonstrated to synthesise 

neo-tissue that mimics the extracellular matrix (ECM) found in native cartilage (10). This method 

has been used to investigate the effects of culture conditions, such as co-cultures of different 

cell (sub) types or passages (2, 11), or the effect of synovial fluid factors on chondrogenesis (12).

Mathematical simulations can be used to predict biological growth for tissue engineered 

cartilage (13) and could provide improved understanding of in vitro growth in chondrocyte filter 

cultures and insight into the processes by which it is governed. For example, nutrient uptake 

and diffusion in cartilage tissue engineering have been extensively studied, using a range of 

mathematical models (for a review see (14)). These simulations have been extended to account 

for ECM production on seeded scaffolds (15, 16) or in explants (3). In this paper, we examine the 

effects of ECM production on the growth of chondrocytes in filter culture and compare the 

predictions of the mathematical simulations with experimental data. Results demonstrate that 

cell differentiation rates play a more significant role than nutrient transport.

mATERIALS AND mEThODS

Cell isolation and culture

Full thickness healthy articular cartilage was harvested from the condyles and patellofemoral 

groove of a fresh equine cadaver (age 3 years) under aseptic conditions. After overnight 

digestion using 0.15% type II collagenase (Worthington Biochemical corporation, Lakewood, 
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New Jersey, USA) at 37°C, the cell suspension was filtered (100 μm cell strainer, BD Falcon, 

Bedford, Massachusetts, USA) and washed three times in phosphate-buffered saline (PBS, 

Invitrogen, Carlsbad, California, USA). Cells were then resuspended in chondrocyte expansion 

medium (DMEM (Invitrogen) supplemented with 10% Fetal Bovine Serum (FBS, Biowhittaker, 

Walkersville, Maryland, USA), 100 units/mL penicillin and 100 μg/mL streptomycin (both 

Invitrogen), and 10 ng/mL FGF-2 (R&D Systems, Minneapolis, Minnesota, USA)) and counted 

using a hemacytometer. 

Chondrocytes were expanded for 10 days in monolayer cultures (5000 cells/cm2) in 

expansion medium. After expansion, cells were detached using trypsin 0.25% (Invitrogen), 

washed with PBS, and seeded at a density of 1x106 cells/cm2 on Millicell filters (Millipore, 

Bedford, Massachusetts, USA) (2, 10, 11) that were pre-coated with collagen type I (Sigma-

Aldrich, St.  Louis, Missouri, USA), and cultured for up to 7 weeks (49 days) in chondrocyte 

differentiation medium (DMEM supplemented with 0.2 mM ascorbic acid 2-phosphate (Sigma-

Aldrich), 0.5% human serum albumin (SeraCare Life Sciences, Milford, Massachusetts, USA), 

1x ITS-X (Invitrogen), 100 units/mL penicillin and 100 μg/mL streptomycin, and 5 ng/mL TGF-b2 

(R&D Systems). Medium was refreshed twice a week and medium samples were taken and 

stored for further analysis. Samples of the filter cultures were taken weekly, and then cut in 

half; one half was processed for histology whilst the other half was used for quantitative assays. 

Histological and biochemical analyses

For histology, samples were fixed in formalin, processed through graded alcohol series and 

embedded in paraffin. Embedded sections were cut to yield 5 μm sections. Sections were 

stained with Weigert’s hematoxylin (Klinipath, Duiven, The Netherlands) and fast green (Merck, 

Darmstadt, Germany) for cells and with Safranin-O (Merck) for proteoglycans. For biochemical 

analysis, samples were digested overnight at 56°C in a solution containing 250 μg/mL papain 

(Sigma-Aldrich). quantification of total DNA was performed by quant-iT PicoGreen dsDNA 

kit (Molecular Probes, Invitrogen) using a spectrofluorometer (Biorad, Hercules, California, 

USA). The amount of GAGs was determined spectrophotometrically after reaction with 

dimethylmethylene blue dye (DMMB, Sigma-Aldrich) (17), pH=3.0. Intensity of color change 

was quantified immediately in a microplate reader (Biorad) by measuring absorbance at 540 and 

595 nm. The amount of GAGs was calculated using a standard of chondroitin sulphate C (Sigma-

Aldrich) and by calculating the ratio of absorbances.

The tissue sections were examined using a light microscope (Olympus BX51, Hamburg, 

Germany) to assess the tissue thickness, the distribution of cells and GAGs. Photographs of all 

samples were then taken using an Olympus DP70 camera. 

Image and data analysis

The distribution of cells was derived using image analysis software written for this study 

in MATLAB (MATLAB V7.9.0.529, MathWorks Inc, Massachusetts, United States). The tissue 

samples did not grow as perfectly uniform layers, nor did the shape of the membrane remain 

flat during processing. Throughout the duration of the experiment the width of the cell layer is 

always at least two orders of magnitude greater than the thickness. Therefore, an appropriate 

approximation is to study the growth as a flat (one dimensional) layer, expanding in the vertical 
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direction. Based on this assumption the tissue slices were scaled so that the cell position was 

taken relative to the vertical distance from the membrane at that point (Figure 1). To do so the 

images were adjusted so that the lower and upper edges of the tissue were horizontal, assuring 

no information was lost (as could occur if part of the picture was cut off). The position of each 

cell was then defined in relation to the adjusted image.

For all time points the pictures of the slices were divided in horizontal bands of approximately 

15 μm. The number of cells in each band was determined and divided by the averaged volume of 

the band to determine the density of cells and hence the density distribution through the tissue. 

The total number of cells through the layer of tissue was also calculated at each time point. 

During histological analysis a cell could be included in multiple slices and corrupt the data. 

To correct for this the observed cell densities were multiplied by a scaling factor, ζ (Table 1). 

This scaling factor was derived from the analysis of vertical sections of photographed tissue 

samples with a width equal to the section thickness (5 μm). The number of cells observed was 

compared to the number of cells whose centre resided in the section to give the ratio ζ. This 

value is similar to that computed using the approach of (18) and has the advantage of being 

independent of nucleus diameter. 

The intensity of safranin-O staining was measured using image analysis software written for 

this study in MATLAB (MATLAB V7.9.0.529, MathWorks Inc). The relative distribution of GAGs 

was determined for each slice and these distributions were averaged to give a single value 

at each time. Assessing the relationship between the relative distribution of GAGs (as shown 

by the Safranin-O staining) and the absolute density of GAGs within the tissue is a common 

problem in biological analysis. We assumed that the concentration of GAGs and intensity of 

staining are linearly related (19). However, the scaling for this relationship may vary between 

experiments. Thus, the experimental results for the distribution of GAGs were only compared to 

the mathematical simulations at the end of the culture period at 49 days and the light intensity 

to mass of GAG scaling was determined from the weight of GAGs in the tissue from samples 

taken at that same moment.

Figure 1. Schematic representation of the idealised model and modelling notation. The tissue layer is broken up into 
three regions, the lower layer, the central layer and the upper layer. Both the lower and upper layers have constant 
thickness, Δl. The central layer lies in between these two layers and the thickness of the central layer, S(t), increases 
over time, t, due to growth. We shall therefore define the position where the lower layer and central layer meet to be 
at x = 0 and the position where the central layer and upper layer meet to be at x = S(t). Beneath the lower layer is a 
fourth region, the filter membrane, which has thickness Δm. Cells in the upper layer are proliferating whilst those in 
the lower layer are quiescent. The central layer contains cells producing collagen and GAGs and increases in thickness 
over time. There are no cells in the filter membrane. The constant thicknesses Δl and Δm are given in Table 1.
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Cartilage layer mathematical model

Both our experimental findings and information regarding the growth of cartilage from 

literature were used as a basis for the mechanistic assumptions used in the mathematical 

simulation to describe cell movement, cell differentiation and ECM production within the 

growing tissue structure. 

The central assumption of the mathematical model is that the cells are separated by the ECM 

components that are produced. The ECM found in native cartilage tissue is a complex structure 

consisting of mainly collagen type II and GAGs in terms of volume, but there are various other 

components that are found in minor quantities, for instance collagen type VI which is found in the 

matrix directly around the cells in mature tissue, and throughout the matrix in early in vitro tissue 

formation (5). In this model, we assumed a bimodal ECM composition of collagen (irrespective 

of type) and GAGs. Therefore, in our simulation, collagen consists of either collagen type II or VI, 

as a fibrous material that acts to provide strength to the cartilage structure (20). Consequently, 

collagen was thought of as forming a scaffold in which the cells and GAGs are interspersed.

Histological sections indicated that it was appropriate to construct a model with three 

distinct layers: the lower band, central region and upper band (Figure 1). Measurements 

Table 1. Values of parameters required for mathematical modelling. The values not from the literature are 
either directly measured or determined by fitting to the experimental results.

Parameter Value units

D
agg

Diffusion coefficient of aggregate GAGs (22) 1*10-14 m2 s-1

D
gag

Diffusion coefficient of GAGs (16) 1*10-11 m2 s-1

N
low

Density of cells in lower band 3.32*1014 cell m-3

N
up

Density of cells in upper band 2.66*1014 cell m-3

R
agg

Aggregation rate of GAGs 2.05*10-2 s-1

R
col

Rate of collagen synthesis 9.75*10-15 g cell-1 s-1

R
dif

Rate of cell differentiation (30) 7.10*10-6 s-1

R
gag

Rate of GAGs synthesis (30) 3.78*10-16 g cell-1 s-1

F
N

Rate at which cells are added to the central region 3.31*103 cell m-2 s-1

ζ Cell over count ratio 0.283

F
N

Flux of cells from upper band 3.31*103 cell m-2 s-1

Col
0

Concentration of collagen (31) 1.23*104 g m-3

Φ
m

Filter filtration fraction (32) 0.5305

Δ
l

Height of lower and upper bands 1.5*10-5 m

Δ
m

Height filter membrane 3*10-5 m

N
0

Initial cell density 3.12*1014 cell m-3

C
agg0

Initial concentration of GAGs 7.45*10-5 g m-3

S
0

Initial height of central region 3.6*10-5 m

α
cg

Initial ratio of cell types 0.059

r Radius of a cell 7.5*10-6 m
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indicated that the number of cells in the lower and upper bands was constant and close to the 

expected density of confluence, hence both were considered to be a single cell (15 μm) thick and 

have constant cell density, while the central region grows to make up the remaining thickness. 

The lower band consists of a thin layer of densely packed cells that are situated directly on top of 

the filter membrane. It was assumed that inhibitory factors prevent these cells from proliferating 

and creating ECM. Thus, these cells are essentially quiescent, remaining at constant density. 

Above this is the central region in which the cells are solely focused on ECM production and do 

not proliferate. Although it is recognised that cells can simultaneously produce collagen and 

GAGs, to simplify the model we considered separate populations of cells that at any one time 

can either produce collagen or produce GAGs (5). Thus, the cell population was broken down 

into collagen producing cells and cells producing GAGs. Furthermore, it was assumed that the 

fibrous framework for the tissue structure (collagen) must be constructed before it is filled with 

the ground substance (GAGs). Cells were therefore initially defined as collagen producing cells 

before differentiating to GAG producing cells, as proposed by (5). Collagen was assumed to be 

the principal material that determined the distance between cells, while the GAGs were taken 

to be more passive. Collagen will move with the tissue as the layer expands, while the GAGs will 

move with the cells and will also be allowed to diffuse through the layer. Mathematical simulations 

with a single type of GAG were inadequate in predicting both the spatial distribution of GAG in 

the tissue and the amount of GAG in the surrounding medium. In reality, after secretion by the 

cell GAGs undergo a self-assembly process to form large aggregates. This has been modelled 

previously by considering separate mobile and immobilized (i.e. bound) GAG (15, 21). Extending 

the model to include two types of GAG, one smaller that diffuses easily and the other consisting 

of larger aggregates, which diffuse much slower, gave much better predictions. This simple 

model assumed that the small GAG would bind to the larger aggregates at a constant rate. In this 

scenario, growth of the central region will be due to the production of collagen and the GAGs are 

deemed to adhere to the collagen rather than contribute to the expansion of the layer. Finally, 

there is an upper band of cells lying on top of the central region. The data indicated that there 

was only a small but steady increase in the total number of cells in the tissue and for the model it 

was assumed that this occurred due to constant proliferation in the upper band. 

Table 2. Variables used in the mathematical model. 

Variable Description

x Distance from the bottom of the central region

t Time

C
agg

Concentration of aggregate GAGs

C
col

Concentration of collagen

C
gag

Concentration of GAGs

N
col

Density of cells producing collagen

N
gag

Density of cells producing GAGs

U Velocity of the tissue

Φ Extracellular volume fraction
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As the upper band has a constant number of cells, the newly formed cells are assumed 

to immediately migrate into the central region where they will initially produce collagen. This 

implies that, since the proliferation rate in the upper band is unrestrained and hence constant, 

the resulting flux of cells into the central region from the upper band is constant and denoted 

by FN Pro (for all other relevant equations and continuity conditions see Figure 9). The regular 

refreshing of the medium will result in the GAGs being washed away from the upper surface and 

diffusing out through the filter membrane. 

Throughout the whole structure the effect of cell death, due either to necrosis or apoptosis 

was neglected. The surrounding medium is rich in nutrients and is replaced regularly and hence 

is assumed to have constant properties. In addition, the size of the tissue remains relatively 

small throughout the experiment and thus the nutrient concentrations throughout the tissue 

will be always be high. Therefore, we assumed that the cells will always be able to obtain the 

energy they require for respiration and the raw materials necessary for ECM production. 

The growth of tissue is a complicated process involving, for example, production of ECM 

constituents, generation of forces between cells, movement of cells through the ECM matrix 

and remodelling of the ECM. For example, GAG induced swelling forces could contribute to 

tissue expansion (15). However, in the mathematical model developed here a highly idealised 

behaviour was assumed with collagen providing the framework that determines the distance 

between cells. As collagen is produced by cells, the cells will move apart such that the density of 

collagen within the ECM remains constant. Alternative approaches with far greater mechanistic 

detail, such as for instance including the forces that develop during growth, would have 

complicated the model, but were expected not to significantly increase the insight into the 

general mechanisms involved.

Immediately after being seeded, the cells go through a settling period in which their 

characteristics greatly differ from those during the later stages of growth. This settling period 

was not modelled and the modelling simulations began at day seven.

In summary, the assumptions the mathematical model was based on were the following 

(including the mathematical modelling notation):

 y  The diameter of the filter is much greater than the thickness of the tissue layer; therefore the 

mathematical model needs to consider only variations through the thickness of the layer.

 y The concentration of nutrients is high and uniform throughout the tissue layer.

 y The lower and upper bands remain at a fixed thickness of 15 μm.

 y  The density of cells in the lower and upper bands is constant, at densities N
low

 and N
up

 

respectively.

 y Cells in the lower band are quiescent, thus not proliferating or producing ECM.

 y  Cells in the upper band do not produce ECM, but do proliferate, releasing the newly 

formed daughter cells into the central region at a constant rate, F
N Pro

.

 y Cells in the central region do not proliferate or undergo necrosis or apoptosis.

 y  In the central region newly produced cells first produce collagen and then differentiate 

at a rate R
dif

 into cells that produce GAGs.

 y Collagen and GAGs will be synthesized by a cell at constant rates R
col

 and R
gag

.

66



FO
R

M
A

TIO
N

 IN
 C

H
O

N
D

RO
C

Y
TE FILTER C

U
LTU

RES

4

 y  GAGs will diffuse at a rate D
gag

 and bind to other GAGs at a rate R
agg

. Once bound GAG will 

diffuse at a rate D
agg

.

 y  The volume growth rate of the tissue at any point is directly proportional to the rate of 

collagen production.

 y Collagen does not diffuse through the tissue.

 y  Cells will, because of the small size of the neo-tissue, always have sufficient supply of 

nutrients. 

The values of parameters described above are given in Table 1. The diffusion coefficients 

are representative values based on (22) which shows a range of the order 10-10 – 10-14 m2sec-1 for 

proteoglycan aggregates. The remaining values were derived from the experimental results.

RESuLTS

experimental results

The averaged thickness of the tissue slices (example shown in Figure 2a) was calculated from 

the image analysis data and showed a linear increase over time (Figure 2b). Similarly, the 

adjusted tissue slices (Figure 3a), show a linear increase in the number of cells per slice over time 

(Figures 3b). Interestingly, this is not the case in both the lower and upper bands, where the cell 

number is stable. Proliferation occurs solely in the upper band, with cells then migrating to the 

central region, which leads to an increase in cell numbers in that area (Figure 3c). Furthermore, 

the total number of cells in the central region of the synthesised tissue increases (Figure 3c), but 

the expansion of the tissue layer causes a decrease in the relative density of cells in the central 

region. After 14 days of culture, cell densities (which were calculated using the experimental 

cell numbers) in the lower 90 μm of the tissue, formed on the filter, do not change (Figure 4). 

The accumulated mass of GAGs produced and retained by the tissue structure increased 

linearly with time (Figure 5a). The same was true for the accumulated mass of GAGs released 

from the tissue in the culture medium (Figure 5b). 

Comparison of mathematical model with experimental results

The mathematical model that was developed is described in detail in Appendix A. Initially, 

the tissue has a high density of cells that produce collagen and GAGs and cause the tissue to 

expand rapidly, and consequently the cell density decreases within the central region. Cell 

differentiation then creates a zone of predominantly GAG producing cells in the lower part 

of the central region of the tissue (Figure 6a). Within this zone collagen production is low 

and therefore the growth of the tissue is negligible. In the central region above this zone the 

flux of cells into the central region from the upper band results in a population of cells that 

predominantly produce collagen (Figure 6b). Thus, close to the upper band the tissue continues 

to expand (Figure 7) and the cell density continues to drop. Consequently, the sole contributor 

to the growth of the tissue layer is the region immediately beneath the upper band. Growth 

is determined by the rate at which cells proliferate to be released into the central region, the 

differentiation rate of cells and the rate at which cells produce collagen.
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Figure 2. (a) Safranin O staining of 
the tissue sample at 49 days. The red 
staining indicates the presence of 
GAGs. The cells can be seen as darker 
dots, distributed throughout the 
tissue but with highest density at the 
surface of the filter membrane and at 
the surface of the tissue. The darker 
strip at the bottom is a remnant 
of the membrane. (b) Thickness 
of the tissue slices over time. The 
experimental data (+), averaged data 
(—) and a linear fit to the averaged 
data (- - -) are given. The average 
thickness of the tissue increases 
linearly with time (R2 = 0.9675). 

The cells in the lower band and central region of the tissue have fully differentiated to cells 

that produce GAGs (Figure 6a). This results in a high concentration of GAGs accumulating in 

the lower half of the tissue (Figure 8a) and an even larger amount of GAGs being excreted 

from the tissue (Figure 5b). GAGs are excreted from the tissue through both upper and lower 

boundaries. Due to the higher concentration of GAGs close to the filter membrane (Figure 8a), 

the amount of GAGs diffusing out of the upper surface is similar to that diffusing from the 

lower surface through the filter membrane (Figure 5b), despite the fact that some inhibition of 

GAG diffusion by the filter may occur. By implementing the appropriate parameter values the 

mathematical simulations can generate data that comply with the experimental measurements 

for both GAG production and the amount of GAGs retained by the tissue construct (Figure 5a). 

The experimental results show that GAG concentration is highest in the lower half of the tissue 

and less at the upper and lower boundaries of the tissue. The mathematical simulations confirm 

this trend, but show a lower value of GAG concentration near the lower boundary (Figure 8b). 

According to the mathematical model, the overall rate of collagen synthesis, which facilitates 

separation of the cells, varies through the tissue layer. The cells near the tissue boundaries do 

not produce any substantial amount of ECM. 

The mathematical simulations replicate the experimental data with respect to the 

distribution of cells (Figure 4). Both show the lower band with a constant density of cells and a 

central region above this area that expands at a nearly constant rate. To more fully explore the 

resulting trends in the model behaviour a highly simplified version of the mathematical model 
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Figure 3. (a) A sample of an 
analysed slice of tissue. The slice 
has been straightened and scaled 
to show the number of cells in the 
different regions of the tissue. The 
upper and lower bands are 15μm 
wide. The central layer increases in 
thickness over time. (b) The number 
of cells per tissue slice over time. The 
experimental data (+), averaged data 
(—) and a linear fit to the averaged 
data (- - -) are given. The average 
number of cells per slice increases 
approximately linearly with time (R2 
= 0.6764). (c) Experimental data 
showing the number of cells in the 
lower and (—), upper 15μm band 
(—+—) and in the central region 
(- - -). The number of cells in the 
lower and upper bands is relatively 
constant, whilst the number in the 
central region increases. 

was considered where a very narrow layer immediately below the upper band was considered 

to travel at constant speed. This travelling wave analysis neglects the GAG and is shown in 

Figure 10. The solution to this model can be found analytically by changing to coordinates 

travelling at the constant speed and solving the resulting ordinary differential equations on the 

infinite region, as indicated on the left of Figure 10. From this simplified model we find that the 

thickness grows at a speed given by

                   
 

and the growth is primarily in a layer immediately under the upper band of thickness
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Figure 5. (a) Accumulated amount 
of GAGs produced by the filter (+) 
and the accumulated mass of GAGs 
that is retained in the tissue construct 
(o). Experimental data and results of 
the mathematical simulations (––, – –) 
are shown. The increase in the mass 
of GAGs produced and retained by 
the tissue construct is approximately 
linear. (b) Accumulated mass of 
GAGs released from the tissue layer. 
Experimental results (+) and results of 
the mathematical simulation (––) are 
shown. The mathematical simulations 
for GAGs released through the filter 
membrane (– –) and upper surface 
(–•–) are also shown. The accumulated 
mass of GAGs released increased 
approximately linearly with time.

Using the same data as the full model, these simplified results give a speed of 4.3 μm/day and 

a narrow growth layer of 7 μm thick. Here the two parts of the equation for the speed represent 

growth due to the additional tissue volume created by proliferating cells and the second part 

by the volume created by production of collagen to move cells apart. The approximations in 

the subsequent equations are based on the fact that growth due to cell division is negligible 

compared to the ECM production. 

DISCuSSION
We present a mathematical simulation that can accurately predict essential parameters of 

in  vitro cartilage tissue growth on filter cultures. Photographs of experimental samples were 

analysed to determine the distribution and density of cells, thickness of the tissue layer, and 

distribution of GAGs in the tissue. In addition, GAG content and GAGs released into the culture 

medium were measured. Based on these values and on existing data from the literature regarding 

tissue formation, a mathematical model was formulated that could predict the density of cells, 

production of collagen, production of GAGs and the growth of the tissue layer, taking into account 

the effects of cell metabolism, cell differentiation, ECM production, and structural growth.

Some interesting observations were made. The density of cells at both the lower and upper 

surfaces of the tissue remained constant and the amount of cells in the lower band of the 

tissue did not change after 14 days. The thickness of the tissue, the average cell density and the 
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Figure 6. (a) The density of GAG producing 
cells over the thickness of the central layer, 
as predicted by the mathematical model, at 
14 (—), 31 (- - -) and 49 days (—+—). The 
newly formed cells quickly differentiate into 
cells that produce GAGs, leaving only a low 
density of GAG producing cells close to 
the upper layer of the tissue. The left hand 
section of the graph shows that the density 
of GAG producing cells in the upper layer 
of the tissue is relatively low. Subsequently, 
over a large segment of the tissue (60 mm 
and above) the density of GAG producing 
cells is relatively constant. In the middle part 
the lines are almost horizontal, indicating a 
very steep increase in GAG producing cells 
between 50 and 60 μm. In the far right hand 
section of the graph, it is shown that the 
density of GAG producing cells, in samples at 
all time points, is constant within the lowest 
50 μm. (b) The density of cells producing 
collagen, as predicted by the mathematical 
model, through the central region, at 14 (—), 
31 (- - -) and 49 days (—+—). The cells rapidly 
differentiate so that only a small region of 
collagen producing cells is left close to the 
upper layer, where the maximum density 
of cells is equal to that in the upper layer, 
2.66x1014cells m-3. In both graphs the lower 
layer is denoted by the horizontal dotted line. 

accumulated mass of GAGs released all increased linearly over time. The absolute increase in 

thickness of the tissue was deemed insufficient to cause gradients in nutrient concentrations 

that could potentially affect the growth characteristics (23). 

This mathematical model shows that the growth of the tissue layer is limited to behaviour 

in a small region close to the upper surface. The thickness of this “growth layer”, as can be 

seen from the simplified model, is defined by the differentiation rate of cells, the production 

rate of collagen and the proliferation rate in the upper band and is far less than the critical 

distance over which nutrients can diffuse. Furthermore, the mathematical model did not take 

into account confounding factors such as cell death and ECM degradation. The equations have, 

however, the potential to be modified to incorporate these effects and thus to study larger 

tissue structures. 

Neither the cells in the lower band nor in the upper band produced ECM, whilst the 

cells in the lower band were also shown not to proliferate. It is unlikely that this is a result of 

inefficient nutrient transport, as these two bands are very close to the culture medium that was 

replenished regularly. 

The mathematical simulations confirm that large regions of the tissue are inactive with 

regard to proliferation and growth of the tissue layer. Cells in the lower half of the layer did not 

proliferate and ceased collagen production even at high concentrations of nutrients. Only a 

relatively small region close to the upper surface contributes to the expansion of the tissue and 

the increase in cell number. Interestingly, a similar phenomenon is observed during cartilage 
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Figure 8. (a) The concentration 
of unbound and aggregate GAGs 
through the tissue layer, as predicted 
by the mathematical model. Results 
are shown at 14 (—), 31 (- - -) and 
49 days (—+—). The filter membrane 
impedes the diffusion of GAGs 
from the tissue, thus the highest 
concentration of GAGs is found in 
the lower regions of the tissue, where 
the density of cells producing GAGs 
is also highest. (b) The distribution 
of GAGs through the tissue layer. A 
representative of the experimental 
results (– –) and results of the 
mathematical simulation are shown 
at 49 days (—). The filter membrane 
is resisting the diffusion of GAGs from 
the lower boundary layer, whilst the 
GAGs on the top are ‘washed’ away 
by the medium. In both graphs the 
upper and lower bands are denoted 
by horizontal dotted lines.

Figure 7. The velocity of growth of 
the tissue layer, as predicted by the 
mathematical model, through the 
central region at 14 (—), 31 (- - -) 
and 49 days (—+—). Growth is a 
consequence of collagen production 
in this model, thus the only region 
that is expanding is close to the upper 
layer. The lower layer is denoted by 
a horizontal dotted line.

growth in vivo. In immature tissue, a pool of slowly dividing stem-like cells in the upper layers 

of the tissue (24) supplies the rapidly dividing daughter-cell pool that feeds the transitional 

and upper radial zones during the appositional growth of cartilage (25, 26). In mature tissue 

there are indications that the cells in the upper zones are better suited for the reorganisation 

of the zonal architecture of the native tissue compared to cells from the deeper zones (27). 

Based on these observations and given the current efforts to regenerate the zonal architecture 

of the tissue (28), it can be concluded that the analysis of the temporal tissue development 

in filter cultures by cells derived from the different zones may be very helpful in generating 
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Figure 10. Simplified mathematical model of the very narrow region just below the upper band showing the 
relevant equations and continuity conditions between regions. 

greater insight into the differences between these cell populations. Apart from the behaviour 

of the different cell types, investigations could target the effects of different culture conditions, 

including varying glucose concentrations, different oxygen tensions and growth factor levels, 

which will most likely affect tissue architecture and development. This would further enhance 

our understanding of the mechanisms involved in the growth of cartilaginous tissue and the 

mathematical simulations might in the future provide a means for the quick and efficient 

comparison and optimisation of different culture conditions. 

During the first weeks of in vitro cartilaginous tissue neo-formation, collagen type VI is the 

main collagen, and is present throughout the matrix (5). With time, it is replaced by collagen type II, 

and after 4 weeks, it is basically restricted to the pericellular area. Furthermore, the total amount of 

collagen decreases with time (5). Because of these two characteristics, we chose not to differentiate 

between collagen types in our mathematical model, but instead to consider the combined content 

of collagen types VI and II as the scaffold in which GAGs could spread. Gradually, the balance between 

collagen type VI and II in the scaffold shifts towards collagen type II. 

Both the experimental results and the mathematical simulations contribute to the 

understanding of in vitro tissue growth. The characteristic distributions of cells and GAGs 

shown in this work have not been described previously. Further, the fact that growth of 

neocartilage apparently takes place in the upper half of the tissue, while the underlying regions 

remain relatively inactive, suggests an appositional growth rather than an interstitial growth. 

It has hitherto been presumed that in native cartilage growth occurs via a combination of 

appositional and interstitial growth (1). Our data show that cell behaviour in the superficial 

zones is most critical to growth, which has important implications for the engineering of tissue 

growth. This would indicate that higher seeding densities in filter culture may not result in 
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significant benefits, in line with observations by Hayes and colleagues (29). In addition, the 

model indicates directions for future experiments to provide further validation for example, 

by using biochemical stimulation to modulate the differentiation rate to investigate how 

this affects growth. The simplified model shows clearly that a faster differentiation rate from 

collagen producing phenotypes to GAG producing phenotypes will result in a smaller zone 

where collagen is created just below the upper region and that this will reduce the growth rate 

of the layer. Similarly reducing the proliferation rate in the upper layer will reduce the number 

of collagen producing cells and reduce the growth rate. 

For the mathematical model used in this study several assumptions were made. These 

assumptions may need refining in future simulations as more experimental data becomes 

available, in particular with respect to the mechanisms of collagen production, cell differentiation 

and ECM construction, thus providing further insight into the natural development of the 

tissue layer.

CONCLuSION
The mathematical simulations developed in this study showed a good correlation with the 

results from the tissue cultures. It was shown that the thickness of the tissue increases at a 

constant rate due to the local expansion of the tissue close to the upper tissue surface, as 

opposed to uniform growth throughout. The restriction of growth to regions close to the tissue 

surface is governed by the rate at which cells change from a state dominated by the production 

of matrix components allowing rapid tissue expansion (e.g. collagen), to a state characterised 

by slower growth and higher production of GAGs. It was shown that GAGs were excreted at a 

constant rate due to diffusion and dependent on the aggregation rate. There are large regions 

within the tissue that are quiescent and where growth is negligible. It is concluded that the 

use of mathematical models can closely replicate experimental data and hence are useful for 

the interpretation and understanding of culture systems. Mathematical modelling may offer 

significant potential for the optimisation of cartilage regeneration strategies.
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APPENDIx A
The full system of equations used to mathematically model the tissue is shown in Figure 9 with 

the physical description of the variables given in Table 2. The initial conditions used to solve the 

model are that at t = 0,

N
col

 = α
cg

N
0
,    N

gag
 = (1 − α

cg
)N

0
,    C

gag
 = 0,    C

agg
 = C

agg0
  and  S = S

0
. 

All parameters used in the simulations are given in Table 1.

The system of equations, with corresponding boundary condition, defined in the filter 

membrane, the lower band and in the upper band can be solved analytically. The system 

of modelling equations for the central region were solved numerically in MATLAB (The 

MathWorks, 2009) .To incorporate the moving boundary the equations were transformed from 

the original expanding domain x ϵ [0, S(t)] to a stationary coordinate frame, η ϵ [0, 1), using the 

transformation x = η S(t) and t = τ. The transformed system of equations was then rearranged 

into conservation form. Using a finite difference method the system of partial differential 

equations was discretised centrally in space. The backward Euler method was then used to 

discretise in time before solving at each time step using Newton’s method. At each iteration 

the Jacobian was updated using Broyden’s method.
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ABSTRACT
Osteochondral defects are prone to induce osteoarthritic degenerative changes. Many tissue-

engineering approaches that aim to generate osteochondral implants suffer from poor tissue 

formation and compromised integration. This illustrates the need for further improvement of 

heterogeneous tissue constructs. Engineering of these structures is expected to profit from 

strategies addressing the complexity of tissue organization and the simultaneous use of multiple 

cell types. Moreover, this enables the investigation of the effects of three-dimensional  (3D) 

organization and architecture on tissue function.

In the present study, we characterize the use of a 3D fiber deposition (3DF) technique 

for the fabrication of cell-laden, heterogeneous hydrogel constructs for potential use as 

osteochondral grafts. Changing fiber spacing or angle of fiber deposition, yielded scaffolds 

of varying porosity and elastic modulus. We encapsulated and printed fluorescently labeled 

human chondrocytes and osteogenic progenitors in alginate hydrogel yielding scaffolds 

of 1x2cm with different parts for both cell types. Cell viability remained high throughout the 

printing process, and cells remained in their compartment of the printed scaffold for the whole 

culture period. Moreover, distinctive tissue formation was observed, both in vitro after 3 weeks 

and in vivo (6 weeks subcutaneously in immunodeficient mice), at different locations within 

one construct. These results demonstrate the possibility of manufacturing viable cm-scaled 

structured tissues by the 3D fiber deposition technique, which could potentially be used for the 

repair of osteochondral defects.
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INTRODuCTION
Osteochondral defects, affecting both articular cartilage and the underlying subchondral 

bone, are prone to induce osteoarthritic degenerative changes over time (1). Current strategies 

to restore the biological and mechanical functionality of the joint include microfracture 

and mosaicplasty (autologous osteochondral grafting) (2-5), but their clinical use suffers 

from several limitations, including compromised cartilage tissue formation and donor site 

morbidity  (6). Furthermore, in mosaicplasty it is difficult to match the shape of the injured 

site  (6). Current approaches for the engineering of osteochondral grafts suffer from poor 

tissue formation and compromised integration at the interface between the cartilage and bone 

layers  (7-9), and between osteochondral graft and host tissue (10), advocating the need for 

further improvement of these techniques.

An important focus in current cell-based tissue engineering lies on the development of 

engineered osteochondral tissues with design strategies that closely mimic the complex 

structure of matrix, cells and bioactive factors assorted in a distinct spatiotemporal order inside 

native tissue (11-13). Engineered (osteochondral) tissues can profit from the synergistic effects of 

combined growth factor delivery and heterotypic cell interactions on extracellular matrix (ECM) 

formation both in vitro and in vivo (14-16). This bio-mimicking approach is expected to enhance 

graft functionality, render suitable mechanical properties to the engineered tissue  (17, 18), 

and enhance the regenerative process. This was previously illustrated by the use of bilayered 

(hydrogel) scaffolds laden with multipotent stromal cells (MSC) and chondrocytes, which 

supports the integration between the two layers (14-16, 19, 20). For a further review of the 

literature on osteochondral implants, see Martin et al. (6) and O’Shea et al. (21). 

Organ- or tissue printing by 3D fiber deposition (3DF) is an innovative approach in 

regenerative medicine, based on layered deposition of cell-laden hydrogel strands and is 

derived from rapid-prototyping (RP) technology. With RP, 3D scaffolds with highly reproducible 

architecture (size, shape, porosity, interconnectivity, pore-geometry and orientation) and 

compositional variation can be created (22). The porosity of the implants is easily tailored, which 

is important for mechanical and cell/tissue conductive properties. Interconnected porosity 

is of particular importance since it facilitates nutrient supply and waste product removal (23) 

and allows ingrowth of blood vessels (24). Using 3DF, living cells can be incorporated into the 

printed construct, creating grafts that further recapitulate the intricate 3D structure of cells 

and matrix in natural tissues (25).

The aim of the present study is to build and characterize 3D structures for application in 

osteochondral tissue engineering and to validate organized cell placement inside printed 

grafts in vitro and in vivo. By combining human chondrocytes and human osteogenic 

progenitors with alginate hydrogel - a widely-used polysaccharide that supports both 

chondrogenic and osteogenic differentiation (26) - we printed porous, heterogeneous 

constructs. We tested the design of various heterogeneous scaffolds, and tailored the 

porosity and elastic modulus of grafts by modulating the distance between the strands and 

their configuration. The ensuing hybrid grafts were characterized for cell performance in 

vitro and for tissue development in vivo. 
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mATERIALS AND mEThODS

Hydrogel preparation and viscosity measurements
High-viscosity alginate powder (International Specialty Products, ISP, Memmingen, Germany) 

was autoclaved and subsequently mixed (10 % (w/v)) overnight at 37°C either with MSC expansion 

medium ((αMEM (Invitrogen) supplemented with 10% FBS (Lonza, Basel, Switzerland), 

0.1  mM ascorbic acid 2-phosphate (AsAP; Sigma-Aldrich, Zwijndrecht, The Netherlands), 

2  mM L-glutamine (Glutamax, Invitrogen), and 100 U/ml penicillin, 100 mg/ml streptomycin 

(Invitrogen)), or osteogenic differentiation medium (MSC expansion medium supplemented 

with 10-8 M dexamethasone (Sigma-Aldrich) and 10 mM β-glycerophosphate (Sigma-Aldrich)), 

or chondrogenic differentiation medium (DMEM (Invitrogen) supplemented with 0.2 mM 

AsAP (Sigma-Aldrich), 0.5% human serum albumin (SeraCare Life Sciences, Milford,  USA), 

1% (v/v) insulin-transferrin-selenium mixture (ITS-X, Invitrogen), 100 U/ml penicillin, 100 μg/ml 

streptomycin and 5 ng/ml TGF-β2 (R&D Systems, Abingdon, United Kingdom)). Alginate was 

crosslinked with 102 mM aqueous CaCl2 solution supplemented with 10 mM HEPES (pH 7.4, 

Invitrogen, Carlsbad, USA) for 15 minutes. 

To determine the viscosity of the 10% (w/v) alginate, rheology analysis was performed on 

an ARG2 1000N rheometer (TA Instruments, New Castle, USA) using a cone-plate geometry 

(steel, 40 mm diameter with an angle of 2°) at 4°C. Shear rates between 1/s and 1500/s were 

applied for ten minutes.

3D fiber deposition presets

The BioScaffolder pneumatic dispensing system (SYS+ENG, Germany) was used for 3D printing 

of hydrogel scaffolds. The prototype of this system is described in more detail elsewhere (25, 27). 

Briefly, the BioScaffolder is a three-axis dispensing machine, which builds 3D constructs by 

coordinating the motion of a pneumatic syringe dispenser (Supplementary Figure 1). The 

dispenser deposits extrudate consisting of hydrogel either or not supplemented with cells on a 

stationary platform. Models of the scaffolds are loaded via computer-aided design/computer-

aided manufacturing (CAD/CAM) software, and translated for layer-by-layer fiber deposition 

by the machine (Figure 1). 

effect of nozzle diameter, deposition speed and pressure, and fiber orientation

The inner nozzle diameter, deposition speed and pressure were varied between, respectively, 

210-1610 mm, 100 and 300 mm/min and 0.1 and 0.2 MPa in order to assess their influence on 

strand size. Ten-layer rectangular 3D scaffolds of 10x10 mm with spacing between fibers of 

0.8- 2.5 mm and a layer thickness of 100 μm were constructed and subsequently crosslinked in 

CaCl2 solution as indicated.

Fiber orientation was changed by plotting fibers with 45° or 90° angle steps between two 

successive layers (strand orientation (SO)45 and (SO)90, respectively). Flow rate of the hydrogel 

through a 210 μm inner nozzle diameter needle was determined for pressures of 0.15 - 0.6 MPa, 

by measuring the amount of extruded material per second (flow rate in ml/s). Shear stress was 

then determined according to the formula below, in which q is flow rate (mm3/s), r is radius of 

the needle (mm) and h is the viscosity (Pa*s): (4q /p r3) h = shear stress.
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Mechanical analysis of printed scaffolds of different porosity and strand 

orientation

Alginate scaffolds of 7x7x0.8 mm (wxlxh) were prepared by varying the strand distance 

(0.8 mm, 1.5 mm, 2 mm and 2.5 mm at (SO)90), i.e. 90º relative to the underlying strand) and 

(SO)90 and (SO) 45 at 2 mm strand diameter). Subsequently, the scaffolds were crosslinked as 

described above. 

Porosity was estimated by comparing the weight of the porous scaffolds to the weight of 

non-porous controls. The stiffness of the scaffolds was measured at room temperature using a 

dynamic mechanical analyzer (DMA 2980, TA Instruments) in controlled force mode. Scaffolds 

were placed between the parallel plates and a static force was applied between 0 and 1 N, and 

varied at a rate of 0.1 N/min. The Young’s modulus (E) was determined as described previously 

(28), by measuring the variation of stress/strain ratio.

Deposition of acellular heterogeneous scaffolds

Heterogeneous scaffolds consisting of two different materials were designed, as illustrated in 

Figure 1. Alginate hydrogel was left translucent or stained with fast green, methylene blue or basic 

fuchsin (pink) for illustration purposes and loaded into the BioScaffolder. Unless stated otherwise, 

an inner nozzle diameter of 420 μm was used, the speed of deposition was set at 300 mm/min and 

the pneumatic pressure was set at 0.175 MPa to yield uniform, continuous extrusion of strands.

Figure 1. Three-dimensional fiber deposition 
and characterization of the printing parameters. 
Schematic representation of tissue printing using 
various cell types; the design of a construct is 
translated to a robot arm that drives a cartridge 
loaded with a cell-hydrogel mixture and extrudes 
fibers in a layered fashion; the bottom panel 
represents various scaffold designs used in this study.
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Cells

Human multipotent stromal cells (MSCs) were isolated from bone marrow aspirates, obtained from 

donors undergoing hip arthroplasty after informed consent with approval of the local medical ethical 

committee, and culture-expanded as described previously (29). Briefly, aspirates were resuspended 

by using 20-gauge needles, plated at a density of 5x105 cells per square centimeter and cultured in 

MSC expansion medium supplemented with 1 ng/ml recombinant human basic fibroblast growth 

factor ((rhFGF2), 233-FB, R&D Systems). Medium was refreshed twice a week and cells were used for 

further subculturing. MSCs passage 3-4 were used in these experiments. 

Human articular chondrocytes (Chs) were isolated from cartilage, after informed consent 

with approval of the local medical ethical committee, from patients undergoing total knee 

arthroplasty. Cartilage was digested overnight using 0.15% collagenase type II (Worthington 

Biochemical, Lakewood, USA) at 37°C. The cell suspension was filtered through a 100 mm cell 

strainer and washed in phosphate buffered saline (PBS) (Invitrogen). Cells were resuspended 

in chondrocyte expansion medium (DMEM (Invitrogen), supplemented with 10% FBS 

(Biowhittaker), 100 U/ml penicillin, 100 μg/mL streptomycin (Invitrogen) and 10 ng mL rhFGF2 

(R&D Systems). Cells were then counted and seeded at a density of 5000 cells/cm2 in expansion 

medium. For chondrocyte redifferentiation  (30) after ten days, the chondrocytes were 

detached  using 0.25%  trypsin (Invitrogen) and stored in liquid nitrogen until further use. 

Expanded chondrocytes were combined with alginate (2% (w/w) in differentiation medium) (31) 

at a density of 1x107 cells/ml. To create alginate beads, this solution was dripped with a 23G needle 

into 102 mM CaCl
2
 solution supplemented with 10 mM HEPES pH 7.4 (Invitrogen). The beads 

were then cultured in  chondrogenic differentiation medium for five days and subsequently, 

cells were retrieved from the beads using sterile citrate buffer (150 mM sodium chloride, 55 mM 

sodium citrate, pH = 7.4) for 15 minutes. 

Viability analysis

To test the effect of shear stresses during the printing process on cell viability, hydrogel-embedded 

MSCs (5x106 cells/ml gel) were extruded through a needle with an inner nozzle diameter of 210 μm 

at various pressure settings (0.175-0.5 MPa). Unprinted cell-laden alginate was used as a control. 

The samples (n=5 per group) were incubated in CaCl
2
 solution and cultured for five or 24 hours 

in expansion medium. The viability of the cells was determined by a LIVE/DEAD assay (Molecular 

Probes MP03224, Eugene, USA) according to the manufacturer’s recommendations. For this, five 

samples per condition were measured using a microscope equipped with an epifluorescence 

set-up, excitation/emission setting of 488/530 nm to detect green fluorescence and 530/580 nm 

to detect red cells (Leica DM IRBE, Germany). Three randomly selected fields per sample were 

taken and cell viability was calculated as the average ratio of vital over total cells in a sample, 

determined from four randomly chosen fields per sample.

fluorescent labeling and tracing of cells

Cells were fluorescently labeled for spatial distribution-analysis. For this, Chs were incubated 

with PKH26 (20 μM, red; Sigma-Aldrich) and MSCs with CFSE (1 μM, green; Molecular Probes, 

Leiden, The Netherlands). The presence of fluorescent cells was analyzed directly after printing 

and after 14 and 21 days under a fluorescence microscope (Olympus BX51 microscope, Olympus 
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DP70 camera, Hamburg, Germany) equipped with an epifluorescence set-up, excitation/

emission setting of 488/530 nm to detect green-fluorescent MSCs or 530/580 nm to detect red 

Chs (Leica DM IRBE, Solms, Germany).

Deposition of cell-laden scaffolds

To develop dual, heterogeneous scaffolds for in vitro use, fluorescently labeled MSCs and 

Chs were separately mixed with alginate at 5x106 cells/ml and 3x106 cells/ml respectively. A 

rectangular (1x2cm), ten-layer scaffold was designed, and consisted of two parts (1x1cm) directly 

adjacent to each other. The BioScaffolder interchanged the cooled cartridges (4°C) with the 

loaded syringes every two layers. The scaffolds were subsequently crosslinked in CaCl2 solution. 

For building heterogeneous scaffolds for in vivo implantation, an analogous protocol 

was followed: Chs (1x107 cells/ml) were mixed with alginate, and MSCs (1x107 cells/ml) were 

mixed with alginate supplemented with 10% (w/v) osteoinductive biphasic calcium phosphate 

particles (BCPs, 80±5 % (w/v) hydroxyapatite and 20±5 % (w/v) β-tricalciumphosphate; total 

porosity 70 ± 5%, macroporosity 55 ± 5% and microporosity 20 ± 5%). Irregularly shaped BCP 

particles (kindly provided by Progentix Orthobiology BV, Bilthoven, the Netherlands) were 

sintered at 1150°C and ranged from 106 to 212 μm in size. Acellular printed grafts served as 

negative controls. After printing, the constructs were cultured overnight and subcutaneously 

implanted in mice (see section on in vivo implantation). 

Heterogeneous scaffold culture and embedding

Heterogeneous scaffolds were cultured in a 1:1 mixture of osteogenic and chondrogenic 

differentiation medium for a period of 7 and 21 days (n=4 scaffolds for each time point). 

Scaffolds were maintained in a humidified incubator at 5% CO2 and 37°C, and the medium was 

changed every 3 days. Additionally, the scaffolds were incubated for 15 minutes in 102 mM CaCl2 

once a week to prevent gel weakening (unpublished observation, WS). Upon termination of 

the experiment, half of the experimental set of scaffolds was embedded in Tissue-Tek® (Sakura 

Finetek, Alphen aan den Rijn, The Netherlands) and the others were dehydrated through 

graded ethanol series and embedded in paraffin. Samples were cut to yield 5 mm sections.

In vivo implantation

For in vivo assessment, printed Ch/MSC-laden grafts (n=6) and acellular constructs consisting 

of an alginate part and an alginate/BCP part (n=4) were cultured in proliferation medium for 24 

hours prior to implantation. Female nude mice (NMRI-Foxnu, Charles River, Brussels, Belgium), 

6-weeks old, were anaesthetized with 1.5% isoflurane, after which the implants were placed 

in separate subcutaneous dorsal pockets. The incisions were closed using a Vicryl 5-0 suture. 

The animals were postoperatively treated with the analgesic buprenorphine (0.05 mg/kg, sc; 

Temgesic, Schering-Plough, Kenilworth, USA) and housed in groups at the Central Laboratory 

Animal Institute, Utrecht University. Experiments were conducted with the permission of the 

local Ethical Committee for Animal Experimentation and in compliance with the Institutional 

Guidelines on the use of laboratory animals. After 6 weeks, the mice were killed and the 

constructs were harvested, fixed in 4% buffered formalin, decalcified in Luthra’s solution (0.35 

M HCl, 2.65 M formic acid in distilled water) for 24 h and processed for sections.
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Analysis of differentiation of MSCs and Chs in vitro

Osteogenic differentiation of embedded cells was assessed by alkaline phosphatase (ALP) 

staining, collagen type I and osteonectin immunohistochemistry, and Alizarin red staining. 

For the evaluation of ALP activity of encapsulated cells, cryosections were air-dried, fixed 

with 100% acetone for 10 minutes and incubated in 0.2% (v/v) Triton-X100 in TBS for 10 minutes. 

The activity of ALP was determined by 30 minute staining with the Fuchsin Substrate-Chromogen 

system (Dako, Carpinteria, USA). The presence of ALP positive cells was analyzed with a light 

microscope and equipped with an Olympus DP70 camera. For immunocytochemical analysis, 

the paraffin sections were rehydrated and blocked in 0.3% (v/v) H
2
O

2
 in TBS for 10 minutes 

followed by antigen retrieval in pronase (1 mg/ml, 10165921001 Roche Diagnostics, Mannheim, 

Germany) for 30 minutes at 37ºC and hyaluronidase type II (10 mg/ml, H2126; Sigma-Aldrich) 

for 30 minutes at 37ºC. The sections were then blocked in 5% (w/v) bovine serum albumin 

fraction V (BSA, Roche, Almere, the Netherlands) in TBS for 30 min and incubated overnight 

at 4ºC with either mouse anti-collagen type I antibody (2 μg/ml in 5% (w/v) BSA in TBS, clone 

I-8H5, Calbiochem, Darmstadt, Germany) or mouse anti-osteonectin antibody (1/50 in 5% (w/v) 

BSA in TBS, clone AON-1, Developmental Studies Hybridoma Bank (DSHB, Iowa City, USA). A 

biotinylated secondary antibody was applied (1/200 in 5% (w/v) BSA in TBS, biotinylated sheep 

anti-mouse, RPN1001V1, GE Healthcare, Diegem, Belgium) for one hour and the staining 

was enhanced by incubation with streptavidine-peroxidase for an additional hour (2 μg/ml, 

PN IM0309, Immunotec, Montreal, Canada).

Chondrogenesis of encapsulated cells was assessed by Safranin-O staining and collagen 

type II and VI immunohistochemistry. To demonstrate proteoglycan production, alginate 

was removed from the sections by 10-minute incubation in citrate buffer and the sections 

were stained with Weigert’s hematoxylin (Klinipath, Duiven, The Netherlands) and fast green 

(Merck, Darmstadt, Germany) for cells and with Safranin-O (Merck) for proteoglycans. 

Immunohistochemical analysis of collagens was performed using a rabbit polyclonal antibody 

against collagen type II (10 μg/ml in 5% (w/v) BSA/PBS; Abcam 53047) and mouse anti-collagen 

type VI antibody (1/10 in 5% (w/v) BSA in TBS, clone 5C6, DSHB). Incubation with rabbit IgG 

or mouse isotype-matched control IgG (Dako) served as negative controls for the stainings. 

Subsequently the secondary antibody was applied for one hour, respectively goat-anti-rabbit 

Powervision (DPVR-55HRP, Immunologic, Duiven, the Netherlands) and goat anti-mouse HRP, 

10 μg/ml in 5% (w/v) BSA in TBS). All immunohistochemical stainings were developed with DAB 

and counterstained with Mayer’s hematoxylin.

Analysis of printed tissue formed in vivo

Sections were stained with hematoxylin and eosin (HE) and Goldner’s trichrome for general 

visualization of tissue development. To demonstrate formation of cartilaginous tissue, collagen 

types II and VI were immunolocalized, as indicated above. 

To determine the presence of the osteogenic marker osteocalcin, immunohistochemical 

analysis was performed on rehydrated sections that were blocked in 5% (w/v) BSA in TBS for 

30 minutes and incubated with rabbit polyclonal antibody to osteocalcin (2 μg/ml in 5% BSA/TBS; 

 Alexis ALX-210-333, Enzo Life Sciences, Farmingdale, NY, USA) overnight at 4 °C. As secondary 

antibody goat anti-rabbit HRP (1.6 μg/ml in 5% BSA/TBS; Dako) was applied for one hour. 
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For osteogenic marker collagen type I, immunohistochemical analysis was performed on 

rehydrated sections that were pre-incubated in 0.3 % H2O2 for 10 minutes, followed by antigen 

retrieval with 10 mM sodium citrate buffer, pH 6.0 for 30 minutes at 95ºC. The sections were then 

blocked in 5% (w/v) BSA in PBS for 30 minutes and incubated with rabbit polyclonal antibody to 

collagen type I (3.3 μg/ml in 5% BSA/PBS; Abcam 34710) overnight at 4°C. Incubation with rabbit 

IgG (Dako) served as negative control for the staining. As secondary antibody we used goat 

anti-rabbit HRP (2.5 μg/ml in 5% BSA/PBS; DAKO) for 1 hour. The stainings were developed with 

DAB and counterstained with Mayer’s hematoxylin.

Statistical analysis

Statistical analysis was performed with SPSS 12.0.1 software. A Mann-Whitney U-test was used 

to evaluate the viability data in printed and unprinted samples (n=5). This statistical test was 

chosen because of the small number of samples. A one-way ANOVA with Bonferroni post-hoc 

test was used to analyze the viability data at different pressures and for the comparison of 

the Young’s modulus of the different constructs. P-values of less than 0.05 were considered 

statistically significant. Values are reported as mean ± standard deviation. 

RESuLTS

3D fiber deposition of structured hydrogel scaffolds

Defined, 3D hydrogel scaffolds consisting for up to ten layers (0.8 mm) were printed by the 

BioScaffolder machine (Supplementary Figure 1). Vertical pores were regular throughout the 

samples, while transversal pores fused due to the relative softness of the material. Strand size 

was tailored by adjusting the speed of deposition and the extrusion pressure (Figure 2a-c). The 

shear-thinning effect that occurred in the system resulted in a fall in shear stress at higher 

extrusion pressures (Figure 2d, e). The values calculated for the shear stress experienced by 

the (cell-laden) hydrogel inside the printer cartridge corresponded to those obtained using 

rheometer analysis (Figure 2f). 

Modulating the strand distance during printing resulted in formation of scaffolds with 

different porosities, while the resulting pore architecture of the printed scaffolds followed the 

imposed strand orientation (Figure 3a). To illustrate the effect of strand orientation (SO) and 

strand distance (SD) on overall porosity and mechanical properties of the printed hydrogel 

scaffolds, SO and SD were varied between two successive layers. Increasing the strand distance 

from 0.8 mm to 1.5, 2.0 and 2.5 mm resulted in formation of scaffolds with 0, 35±3%, 48±7% and 

66±4% porosity, respectively (Figure 3a). Porosity in turn influences the elastic modulus of the 

scaffolds (Table 1). Increased scaffold porosities corresponded with a decrease in the elastic 

modulus of the scaffolds (Table 1). Changing strand orientation relative to the underlying 

layer from (SO)90 to (SO)45 produced scaffolds with comparable porosity, but higher elastic 

modulus (Table 1).

Heterogeneous scaffolds, consisting of two differently stained hydrogels were printed 

according to the CAD/CAM design (Figure 3b). The adjacent compartments, here indicated by 

different colors, interacted well without visible signs of delamination (Figure 3b). 
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Figure 3. Scaffold architecture. (a) A computer blueprint is used to construct scaffolds with variable strand 
orientation; computer-aided design/computer-aided manufacturing software design is shown in the top panels 
and light microscope images of resultant scaffolds in lower panels. Scale bar: 1 mm. Strand orientations of any 
layer in a design relative to the underlying layer from left to right is 90, 45, 30 (in degrees°). (b) Examples of 
heterogeneous acellular scaffolds (left: multilayer and a circular construct with a diameter of 5 mm (inset); right: 
a chess-board construct, blue dye is used for illustration purposes; right: no delamination between the printed 
alginate compartments). (c) Encapsulated cells (fluorescently labeled red and green) in a heterogeneous scaffold, 
(SO)90,\. Scale bar: 1mm.

Table 1. Scaffold strength as a function of porosity. Porosity (%), Young’s modulus (kPa) and strand distance 
of the printed scaffolds (solid: n=2; porous: n=4) are given. Strand distance is the distance between the middle 
of two consecutive strands. A deposited strand distance of 0.8 mm yields solid constructs. (SO)90 and (SO)45 
indicate a difference in (SO) relative to the underlying layer of 90° and 45°, respectively. Data are presented 
as mean ± standard deviation, *: significantly different from solid construct (p<0.05), **: significantly different 
(p<0.05) from construct (SO)90 with strand distance of 2.5 mm. (SO), strand orientation 
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Printing of viable and heterogeneous cell-laden constructs 

In the design of viable cell-laden structures, survival of the printed cells (Figure 4a,b) is a 

crucial factor, while homogeneous cell dispersion allows uniform cell distribution throughout 

the construct. There were no statistically significant differences in cell survival five hours 

after printing (89±2% viable cells in printed gels (n=5) versus 89±3% in unprinted controls 

(n=5),  p=0.94), indicating that the printing process did not induce immediate cell death in 

this system (Figure 4c). We analyzed the effect of shear stress on the viability of printed MSCs, 

showing that 3DF printing sustains high viability of MSCs after 24 hours in culture (viability of 

88±6% and 89±7% in printed group (Æ210 mm; 0.2 MPa) and unprinted control, respectively). 

Furthermore, the viability of MSCs extruded at different pressures, and at different shear 

stresses, follows the inverse pattern of shear stress values (Figure 4d).

An attractive feature of the 3DF approach is its ability to controllably place cells encapsulated 

in hydrogels and to combine different cell types. To illustrate the feasibility of printing cell-

laden constructs with organizational diversity, different cell types were organized in layered 

configuration (Figure 3c). Fluorescent detection of the cells demonstrates that the designed 

scaffold geometry is sustained by the entrapped cellular patterns in vitro (Figure 6b).

Figure 4. The effect of the printing process on MSCs survival. (a) MSCs in unprinted control; red: dead cells, green: 
live cells. (b): MSCs in alginate 5 hours after printing; (c) Viability in unprinted (white) and printed (grey) samples 
(n=5) 5 hours after printing the pneumatic pressure was set at 0.175 MPa.; no significant differences between 
printed and unprinted samples were found (p=0.94). (d) Viability at 24 hours after printing at various pressures 
(n=4), controls (0 MPa) are non-printed. * p<0.05. MSCs, multipotent stromal cells.
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Tissue formation by heterogeneous cell-laden constructs in vitro

To demonstrate the biological potential of 3DF using multiple cell types, we investigated 

cellular organization in vitro. Cell distribution differences in ECM formation were followed in 

time. For this, 10-layer alginate constructs were built, containing two adjacent regions with 

either MSCs or chondrocytes (Figure 5a). Gross appearance of the implants indicated formation 

of two distinctive compartments starting two weeks after printing. The chondrocyte region 

exhibited thickening and increased opacity of the scaffold structure (Figure 5a, lower panel), 

which was attributed to ECM deposition. In the MSC part, tissue formation was more subtle, 

as described below. The distribution of cell types was assessed for up to three weeks in culture 

by fluorescence labeling and showed strict containment of the printed population to either 

scaffold compartment, indicating a good retention of organization in vitro (Figure 6a, b). General 

histology of the composite scaffolds demonstrated appearance of cell-clusters confined to the 

chondrocyte compartment, rich in cartilage-specific markers collagen VI and II (Figure 5e and 

Figure 6e). Concurrently in the osteogenic part, the cells remained homogeneously dispersed 

and stained positive for osteogenic markers alkaline phosphatase, collagen type I, osteonectin 

and Alizarin red (Figure 5d and Figure 6). Together these findings illustrate heterogeneous 

extracellular matrix formation in vitro analogous to the deposited cell type.

Figure 5: Appearance and cell function in printed grafts in vitro. (a) Macroscopic appearance of printed 
composite constructs with a MSC-laden compartment on the left and a chondrocyte-laden compartment on the 
right, directly after printing (top) and after three weeks of culture (bottom), showing differences on a macroscopic 
level. Scale bar: 500 µm. HE-staining after 21 days in osteogenic part (b) and chondrogenic part (c) illustrates 
clusters inside the alginate fiber in the chondrocyte-part of the construct, while cells are dispersed in the MSCs-
compartment Cells: dark blue, alginate: light blue. (d) ALP-staining (red) after 7 days demonstrates positive cells 
in MSC-compartment of the construct; (e) Immunolocalization of collagen type VI (brown) at 21 days in the 
chondrocyte-laden part of the scaffold. Scale bars: 100 µm. HE, hematoxylin and eosin; ALP alkaline phosphatase.
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Tissue formation by heterogeneous cell-laden grafts in vivo 

To validate the retention of heterogeneous tissue organization in vivo, we investigated the 

effect of 3DF-defined cell placement on osteochondral tissue formation in mice. Grafts were 

composed of a chondrocyte-laden compartment and an MSC-laden compartment, which 

included osteoinductive ceramic particles. Constructs exhibited heterogeneous tissue 

formation corresponding to the deposited cell type (Figure 7) after six weeks. Extracellular 

matrix formation was evidenced by Goldner’s trichrome staining, while almost no matrix 

developed in acellular control gels (Figure 7b, inset), signifying that embedded cells contribute 

substantially to formation of ECM in these grafts. Osteocalcin- (Figure 7d) and collagen type I 

(not shown)-positive matrix enveloped the BCP particles, suggesting the onset of osteogenic 

differentiation in this part of the construct. 

In the chondrocyte-laden region of the construct we observed dense matrix accumulations 

in alginate and formation of cell clusters positive for cartilage-specific markers collagen type II 

and VI (Figure 7c and Figure 8). The latter marker is specific for human collagen VI and does not 

cross-react with mouse tissue, indicating that the newly formed collagenous matrix is derived 

from the transplanted cells.

DISCuSSION
In the present study, for the first time the feasibility of 3DF to fabricate porous heterogeneous 

osteochondral constructs that encompass living chondrocytes and osteogenic progenitors 

is demonstrated. Printed cell-hydrogel constructs revealed differential lineage commitment 

and extracellular matrix formation. This study addresses recent development in the field of 

regenerative medicine that aims to recapitulate the complexity of natural biological tissues, 

consisting of different cell types with a specific organization and matrix composition. 

Previously, 3DF has been developed as a rapid prototyping method to create 3D porous shapes 

of a range of materials, including thermoplastics (22, 32) and hydrogels (27) and the adapted 

technology used by us can comply with several important prerequisites of tissue-engineered 

grafts, including tailorable mechanical properties, the introduction of sufficient interconnected 

porosity, the introduction of living (progenitor) cells, and the possibility to investigate 

organizational aspects in tissue regeneration. Moreover, 3DF is a robust dispensing technology, 

resulting in constructs that easily reach relevant (cm-scale) sizes for tissue replacement. 

Addition of cells to the process of hydrogel fiber deposition facilitates formation of cell-laden, 

viable printed scaffolds for tissue engineering purposes (25, 33), while local cell densities can be 

modulated and various types of cells can be deposited in tissue-like architectures. 

When adding cells to the materials before printing, we demonstrated that human primary 

stem cells survive the shear stresses imposed on them during the deposition process, which 

is in line with previous reports (25, 34). A relatively high cell survival was observed at higher 

dispensing pressures, which is explained by shear thinning of the hydrogel resulting in a 

drop in shear stress. This phenomenon of shear-thinning is common behavior for (natural) 

polymers (35) and has been described in detail for minimal invasive material delivery (36). 

As matrix stiffness is a known factor in cell differentiation (37), modulating biomechanical 
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Figure 7. Tissue development in 
printed scaffolds in vivo. (a) General 
histology (HE staining) of the graft 
illustrates heterogeneous tissue 
formation, alginate appears purple 
(dashed line represents the interface 
between MSC-laden region with BCP 
particles (grey, left) and Ch-laden 
alginate (right)). Scale bar: 500 mm. 
(b) Goldner’s trichrome staining in 
MSC-laden part demonstrates ECM 
formation in the cell-laden grafts, 
and limited tissue formation in 
acellular scaffolds (inset). Scale bar: 
500 mm. (c, e) Immunostaining for 
cartilage–specific markers collagen 
types II (c) and VI (e) is positive in the 
chondrocyte-laden part of the grafts, 
alginate appears purple. Scale bars: 
100  mm. (d)  Immunostaining for 
osteocalcin (brown) demonstrates 
osteogenic differentiation in 
MSC-laden part of the grafts. Scale 
bar: 50 mm. 

properties by using various depositing configurations and materials is likely to influence tissue 

formation in vitro and in vivo. 

The concurrent printing of different hydrogels illustrated the ability of the system to 

reproducibly print heterogeneous 3D structures comprising different matrices. The results show 

adequate integration between the adjacent layers of separately printed gels. As a following step we 

demonstrated the design of cell-laden heterogeneous scaffolds (i.e. printed with different cell types 

at different locations). In the heterogeneous grafts in vitro studies revealed that the cells remained 

located specifically in their original deposited position during the entire culture period. This limited 

interaction between the cells of the adjacent layers can be explained by the hydrogel matrix employed 

for the encapsulation of the cells. Due to the non-interactive nature of alginate, the cells are unable to 

adhere or degrade the surrounding gel matrix (38), and will remain confined. 
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Our in vivo study demonstrated that in printed osteochondral grafts, specific structural 

arrangements imposed by 3DF may induce heterogeneous tissue formation and can lead to a 

stable cellular architecture, which is an important factor in the success of 3D constructs (39). 

Another important characteristic for tissue engineering purposes is maintenance of the required 

phenotype (40). Our printed osteochondral grafts exhibited heterogeneous extracellular 

matrix formation at defined locations within one scaffold, corresponding to the deposited cell 

type. The transplanted human cells contributed to extracellular matrix formation, as evidenced 

by detection of substantial amounts of human collagen matrix in the cellular grafts and absence 

of ECM in acellular gels. The lack of abundant osteogenic tissue formation in the osteochondral 

printed grafts may be explained by the use of low interactive alginate matrix with a relatively 

high polymer concentration. Extracellular matrix formation deposition could be improved 

by optimizing pre-culture and perfusion regimes (41) or using hydrogels with lower viscosity 

combined with stiffer materials, which would also broaden the range of hydrogels that can 

be used (42). The issue of vascularization of the bone grafts needs to be addressed in future 

studies in order to bring the scale-up of constructs to clinically relevant sizes within reach. 

In order to design better cartilage implants, and larger bone grafts, design-strategies should 

mimic anatomical and biochemical organization of cells, matrix and growth factors found in the 

native tissue (17, 18, 43). Various other cell printing approaches, including 3D ink-jet printing (44) 

and 3D robotic dispensing (34), have previously been applied for precise patterning of various 

cell populations. Similarly, micropatterning approaches, such as microfluidic patterning (45) 

and microcontact printing (46), allow the study of cellular interactions between various 

populations and at different ratios. Each of these technologies copes with specific challenges, 

like material choice, precision of the deposition, combining multiple components and cell 

types, stability of the construct and, depending on the application, the realization of relevant 

sized constructs. While most of these technologies are very precise and reach high resolutions, 

the attained scale of the constructs is at maximum mm-size. The 3DF technology presented in 

the current study is powerful in that respect, as cm-scale scaffolds are easily printed, making 

the technology an interesting option in tissue replacement therapies. Nevertheless, several 

important issues in 3DF still have to be addressed. First, the use of materials that possess the 

mechanical properties to enable printing and endure the forces acting on tissues, especially 

on cartilage and bone, and at the same time are biocompatible (47) should be considered. The 

materials so far used for 3DF, result in variable cell viability and tissue responses (48, 49), the 

seemingly best performers being natural hydrogels. However, using model alginate gels in this 

study, only a limited height of the construct could be achieved. The limitations of alginate with 

respect to its low mechanical strength could be alleviated by the use of thermo- and photo-

curable hydrogels (50, 51), or by the use of combination of hydrogels with biomaterials that 

posess higher mechanical strength (42, 52, 53). Further modulations of mechanical properties 

of these hydrogel scaffolds with 3DF can potentially meet the mechanical requirements 

needed for tailored tissue engineering applications. Future advances in biomaterial sciences 

may provide more sophisticated and tailored materials that meet the 3DF requirements better. 

An additional challenge will be the in vivo implantation of heterogeneous printed grafts at 

orthotopic locations, at the same time maintaining the external shape and internal organization 

of the printed constructs and ensuring good integration with the surrounding host tissue. With 
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respect to the biology of self-organization, organ printing with 3DF is a powerful tool to study 

the relevance of biomimicking, i.e. to address the question whether anatomical tissue design is 

an important prerequisite for the development of functional tissues. 

CONCLuSIONS
In the present study, we demonstrate the possibility of manufacturing viable heterogeneous 

tissue constructs consisting of bone and cartilage matrix by a 3D fiber deposition technique. 

We printed cm-scale intricate hydrogel scaffolds with high cell viability. By encapsulating 

osteogenic progenitors and chondrocytes in different parts of a construct, the formation of 

distinctive ECM regions in vitro and in vivo according to the anticipated tissue type was attained.
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ABSTRACT
Bioprinting is a recent technology in tissue engineering used for the design of porous 

constructs through layer-by-layer deposition of cell-laden material. This technology would 

benefit new biomaterials that can fulfill specific requirements for the fabrication of well-

defined three-dimensional (3D) constructs, such as the preservation of cell viability and 

adequate mechanical properties.

We evaluated the suitability of novel semi-interpenetrating network (semi-IPN), based 

on hyaluronic acid and hydroxyethyl-methacrylate-derivatized dextran (dex-HEMA), to form 

3D hydrogel bioprinted constructs. The rheological properties of the solutions allowed proper 

handling during bioprinting while photopolymerization led to stable constructs of which their 

mechanical properties matched the wide range of mechanical strengths of natural tissues. 

Importantly, excellent viability was observed for encapsulated chondrocytes. The results 

demonstrate the suitability of hyaluronic acid/dex-HEMA semi-IPNs to manufacture bioprinted 

constructs for tissue engineering.
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INTRODuCTION
The aim of tissue engineering is to support and promote the biological and functional 

regeneration of damaged or diseased tissues using a combination of cells and bioactive 

molecules seeded into a supporting material or scaffold (1-3). A scaffold defines the initial 

architecture of the construct by providing a three-dimensional mechanical support in which 

cells, together with the formed extracellular matrix and bioactive compounds, such as drugs or 

growth factors, can fulfill their specific functions and lead to new tissue formation (4-7). 

An ideal scaffold combines appropriate mechanical properties to withstand the forces 

imposed in vivo with a high porosity allowing for easy diffusion of nutrients and waste products. 

Moreover, the construct should be biocompatible, biodegradable and ideally provides signals 

that aid cellular function (3, 8). There is an increasing demand for three-dimensional (3D) 

organized tissue structures which can be used for implantation, as well as for in vitro screening 

systems for cell’s studies and basic research. Several technologies have been developed in the 

last decades for the manufacturing of cell-laden constructs for tissue engineering, such as 

lithography (9-11), fused deposition (12) and 3D printing (13, 14). Bioprinting differs from these 

approaches by allowing the generation of constructs that mimic the native tissue organization 

through the simultaneous deposition of both cells and bioactive biomaterials at predefined 

locations.(15) Bioprinting also builds 3D constructs with spatial variations along multiple axes 

and heterogeneous cell distributions. These characteristics make bioprinting very suitable 

for the regeneration of several tissues such as bone(14), nervous tissue(16) and cartilage (17). 

Commonly used materials for tissue regeneration are biodegradable polymers (18), ceramics 

composites(19) and hydrogels (20). Hydrogels (hydrophilic polymer networks) in particular 

offer characteristics that ensure a suitable environment for living cells both during and after 

scaffold fabrication. In general, these materials show excellent biocompatibility and mimic the 

extracellular matrix with their high equilibrium water contents.

In the present study, a new polysaccharidic semi-IPN (semi-Interpenetrating Polymer 

Network) hydrogel was studied for the development of a 3D printed construct suitable for tissue 

engineering. A suitable hydrogel for this 3D printing technique should fulfill several requirements. 

Firstly, the cell viability and function should be preserved during fabrication and secondly, the 

mechanical properties of the hydrogel construct should be suitable to withstand the implantation 

procedure and ideally mimic that of the natural tissue in which the scaffold is placed and degrade 

while simultaneous new tissue is formed. To tackle these demands, we propose a new semi-IPN 

hydrogel based on hyaluronic acid (HA) and a dextran derivate (dex-HEMA), a photocrosslinkable 

polymer able to form a stable hydrogel after UV irradiation (21). The mechanical properties and 

the degradation time of this hydrogel can be tuned by varying the degree of substitution and 

the concentration of dex-HEMA (22, 23). Hyaluronic acid (HA) is a natural linear polysaccharide 

composed of β-1,4-linked D- glucuronic acid (β-1,3) n-acetyl-D-glucosamine disaccharide units 

and it is the only non-sulfated glycosaminoglycan (GAG) in the extracellular matrix (ECM). HA 

based materials offer great advantages, including an excellent biocompatibility, biodegradability 

and versatility in producing materials with a broad range of properties for the design of tissue 

engineering scaffolds. However, one drawback of unmodified HA for 3D printing is the low stability 

of the resulting construct, due to its high water solubility. In literature, some strategies have been 

109



6

reported aimed to reduce the hydrophilicity of the HA, i.e. derivatizing the polysaccharidic chains 

with hydrophobic moieties or with crosslinkable groups (24, 25). 

In this study, to overcome the problem of the instability of the HA scaffold, we combined 

the viscoelastic and bioactive properties of HA with the photo-crosslinkable dextran derivate. 

The aim of this study was to assess the applicability of the polysaccharidic semi-IPN based 

on hyaluronic acid and dex-HEMA (chemical structures shown in Figure 1) as a scaffolding 

material. The mechanical properties and the printability of the material, together with the 

degradation kinetics of the construct were studied. Moreover, the cell viability of chondrocytes 

encapsulated in this hydrogel system was evaluated.

mATERIALS AND mEThODS

Materials

Dextran (dex) from Leuconostoc ssp. with M
w
 4 x 104 Da, hyaluronic acid sodium salt (HA) from 

streptococcus equi sp with M
w
 160 x 104 Da, and 4-n,n-dimethylaminopyridine (4-DMAP), 

hydroxyethyl methacrylate (HEMA) were sourced from Fluka. Irgacure 2959 (2-hydroxy-4β-

(2-hydroxyethoxy)-2-methyl-propiophenone) was obtained by Ciba Specialty Chemicals Inc. 

Carbonyldiimidazole (CDI), (4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES) 

buffer, dimethylmethylene blue dye, chondroitin sulphate C, papain penicillin-streptomycin, 

ascorbic acid 2-phosphate and hyaluronidase from bovine testes (801U/mg) were provided 

by Sigma-Aldrich, USA. Dulbecco’s Modified Eagle Medium (DMEM) and Insuline Transferase 

Selenium-X were obtained from Invitrogen (Carlsbad, California, USA). TGF-β2 and FGF-2 were 

purchased from R&D Systems (Minneapolis, Minnesota, USA). Type II collagenase was obtained 

from Worthington Biochemical Corporation (Lakewood, New Jersey, USA), fetal bovine serum 

was supplied from Biowhittaker (Walkersville, Maryland, USA), human serum albumin from 

Cealb (Sanquin, Utrecht, The Netherlands) was used.

Figure 1. Chemical structures of hydroxyethyl methacrylate derivatized dextran (Dex-HEMA) and hyaluronic acid (HA).
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Synthesis and Characterization of Dex-HeMA 

Dex-HEMA was prepared by functionalizing dextran according to a previously described method 

comprising two steps.(21) The first step concerns the activation of HEMA with CDI (resulting in 

HEMA-CI); the second step couples HEMA-CI to the hydroxyl groups of dextran. 1H NMR in D
2
O 

using a Gemini 300 MHz spectrometer (Varian Associates Inc., NMR instruments, Palo Alto, CA) 

was used to determine the degree of substitution (DS, i.e., the number of HEMA groups per 100 

glucopyranose residues of dextran). The dex-HEMA used in this study had a DS of 18.

Hydrogel Preparation 

Dex-HEMA (10% w/v) was dissolved in HEPES buffer (100 mM, pH 7.4) or chondrocyte culture 

medium (DMEM supplemented with 0.2 mM ascorbic acid 2-phosphate, 0.5% human serum 

albumin, 1x ITS-X, 100 units/mL penicillin-streptomycin, and 5 ng/mL TGF-β2) before adding 

photoinitiator Irgacure 2959 (final concentration of 1% w/v). Hyaluronic acid was added 

slowly to the solution under vigorous stirring (final concentrations of 2%, 4% or 6% (w/v)). 

The mixtures were mechanically stirred and vortexed overnight in order to allow complete 

dissolution of HA. For cyto-compatibility tests, HA (powder) was sterilized in an autoclave (30 

minutes, 121 °C) and then added in the dex-HEMA solution, which was previously sterilized by 

filtration (0.2 mm - polycarbonate). Intrinsic viscosity data confirmed that HA did not degrade 

in the experimental conditions adopted. For the preparation of the semi-IPN, 1 mL of HA/

dex-HEMA solution was transferred into a glass vial (diameter 12 mm) and irradiated with a 

mercury lamp (l range 350-450 nm, light intensity of 20mW/cm2) for 10 minutes allowing the 

photopolymerization of dex-HEMA resulting in the formation of the semi-IPN.

For scaffold preparation, the polymer solutions were transferred into the dispenser of 

the Bioscaffolder (see below). Table 1 summarizes the compositions of the different polymer 

solutions used for scaffold preparation.

Capillary Viscometry 

Intrinsic viscosity measurements were performed at 25 °C using a Haake automatic viscometer 

equipped with an Ubbelohde capillary (d = 0.53 mm) and a water thermostatted bath. HA 

was dissolved in 0.1 M NaCl solution (polymer concentration of 0.2 g/dL) whereas dextran or 

dex-HEMA were dissolved in distilled water (polymer concentration of 1 g/dL). NaCl solution 

and distilled water were filtered with 0.22 μm Millipore filters (polycarbonate), and used for 

further dilutions, while the polymer solutions were passed through 0.45 μm Millipore filters.

Table 1. Polymer compositions used for scaffold preparation.

Sample hyaluronic acid (w/v) dex-HeMA (w/v)

HA
2
D

10
2% 10%

HA
4
D

10
4% 10%

HA
6
D

10
6% 10%

HA
6

6% -

D
10

- 10%
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Mechanical Characterization

rheology
A controlled stress Haake RheoStress 300 Rotational Rheometer equipped with a Haake DC10 

thermostat, using a cone-plate geometry (Haake CP60Ti: diameter = 60 mm; cone = 1°) was 

used to obtain flow curves of the samples. In order to assess the linear viscoelastic region, stress 

sweep experiments were performed in the range 0.1 Pa - 200 Pa at 1 Hz. Frequency sweeps 

of the solutions were undertaken using an AR-G2 Rheometer (TA-Instruments) with a cone-

plate geometry (diameter = 20 mm; cone = 1°) (range 0.005 to 10 Hz) in the linear viscoelastic 

region. A solvent trap prevented evaporation of water. The photopolymerization kinetics were 

measured using a AR-G2 Rheometer (TA-Instruments) equipped with a UHP device connected 

to a BluePoint 4 mercury lamp (Honle UV technology, l range 230-500  nm, intensity of 

50 mW/cm2), setting the gap to 300 mm and starting irradiation 120 s after application of the 

sample on the geometry. G’ (storage modulus) and G’’ (loss modulus) were monitored during 

the polymerization of dex-HEMA at a strain of 0.1% and a frequency of 1 Hz. The frequency-

dependent rheological properties of the formed semi-IPN hydrogels were recorded in the range 

of 0.01 to 10 Hz, applying a constant deformation in the linear regime (1%). All measurements 

were performed in duplicate at 25 °C.

Texture Analysis
Gel samples were mechanically characterized (26, 27) by a software-controlled dynamometer, TA-XT2i 

Texture Analyzer (Stable Micro Systems, UK), with a 5 kg load cell, a force measurement accuracy of 

0.0025% and a distance resolution of 0.0025 mm (according to the instrument specifications).

Compression tests were performed by recording the resistance of cylindrical samples 

(diameter 12 mm, height 10 mm) to the compression of an aluminum cylinder probe with a 

diameter of 35 mm. The pre-test, test, and post-test speeds were 2.0 mm/s, 1.0 mm/s, 1.0 mm/s 

respectively, with an acquisition rate of 10 points/s. The stress s was obtained by the following 

equation: s(t) = F (t) / A, where F(t) is the applied force and A is the surface of the specimen at 

the beginning of the experiment. The strain g was obtained using g(t) = D(t) x 100 / h, where 

D(t) is the sample displacement during compression and h is the sample height. The end point 

of the test was determined by rupture of the hydrogel and the values of stress and strain at 

rupture were monitored and referred to as ultimate compressive stress, s, and ultimate 

compressive deformation, g, respectively. The Young modulus (E) was calculated as the slope 

of the stress-versus-strain curve, in the range of strain from 0 to 10%. The experiments were 

carried out at room temperature and performed in triplicate. 

hydrogel Swelling and Degradation

Semi-IPN hydrogels of HA and dex-HEMA, prepared as described in section 2.3, were weighed 

(1 g) and transferred into pre-weighed glass vials. HEPES buffer (6mL, 100mM, pH 7.4, 

supplemented with 0.02% NaN
3
 to prevent bacterial growth), with or without hyaluronidase, 

(200 U/mL) was added before incubating the hydrogels at 37 °C. At regular time intervals, excess 

buffer was removed and the swollen hydrogels were weighed before the addition of fresh buffer 

(6mL). The hydrogel swelling is defined as the ratio W
t
/W

0
, where W

0
 and W

t
 are the hydrogel 

weight immediately after preparation and in the swollen state at time t, respectively. The same 
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procedure was applied to the printed scaffold, prepared as described below (section 2.7.).The 

swelling/degradation experiments were performed in duplicate.

Calculation of hydrogel mesh size
The hydrogel mesh size, x, in the swollen state was calculated using the following equation (28): 

(1)

where  is the average distance between two adjacent crosslinks in the solvent free state 

and u2,s is the polymer volume fraction.  is related to the molecular weight between 

crosslinks M
c. 

For dextran it has been reported that (29): 

(2)

M
c
 for an hydrogel material can be calculated as follows (30): 

(3)

where r is the polymer concentration [g/m3), r is the molar gas constant and T is the absolute 

temperature.

Printing of Semi IPN Scaffolds

Three dimensional printing of the hyaluronic acid/dex-HEMA semi-IPNs scaffolds was achieved 

using the Bioscaffolder pneumatic dispensing system (Syseng, Salzgitter-Bad, Germany). This 

is a three-axis dispensing machine, provided with a pneumatic syringe dispenser (13, 31). The 

bioscaffolder CAD/CAM software translates a three dimensional scaffold model into a layer-

by-layer fiber deposition protocol, and the material is subsequently extruded on a stationary 

platform. In the present study, the pneumatic syringe dispenser was loaded with the polymer 

solutions as reported in Table 1 and rectangular 3D scaffolds of 20 layers were printed with 0/90° 

configuration at room temperature. After deposition, the scaffolds were photopolymerized for 

10 minutes using a Superlite S-UV 2001AV lamp (Lumatec, Munchen, Germany), which emits 

UVA and blue light (320–500 nm, intensity of 6 mW/cm2 at 365 nm). Pictures of the scaffolds 

were captured using a Canon D450 camera equipped with a 18-55mm objective.

Conversion of Methacrylic Groups upon uV irradiation

Semi-IPN scaffolds, prepared with the Bioscaffolder system as previously, were added to NaOH 

(1 mL, 0.02 M) in a vial and incubated at 37 °C to hydrolyze unreacted methacrylic groups (32), 

before adding acetic acid (0.2mL, 2M) to convert the methacrylate anion into methacrylic acid. 

The same procedure was applied to dex-HEMA samples (without UV irradiation) as control. 

Methacrylic acid concentrations were measured using an Acquity UPLC (Ultra Performance Liquid 

Chromatography) trade, equipped with a UV detector operating at 210 nm, utilizing a BEH C18 

1.7 mm, 2.1 x 50 mm column and mobile phase: H
2
O/ acetonitrile/ perchloric acid (95/ 5/ 0.1%) 
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at a flow rate of 1 mL/min. The methacrylate conversion is defined as (1 − (moles of unreacted 

methacrylate groups / moles of methacrylate groups originally coupled to dextran) x 100).

Cell encapsulation and Cell Viability 

Healthy, full-thickness articular cartilage was obtained under aseptic conditions from the 

femoral condyles and femoropatellar groove of fresh equine cadavers (n = 3; age, 2-10 years). 

Tissue was digested overnight using 0.15% type II collagenase at 37 °C and the cell suspension 

was filtered (100-mm cell strainer) and washed 3 times in phosphate-buffered saline. Cells 

were then resuspended in expansion medium (DMEM, Dulbecco’s Modified Eagle Medium) 

supplemented with 10% fetal bovine serum, 100 units/mL penicillin-streptomycin and 10 ng/mL 

 FGF-2 and counted using a hemacytometer. Chondrocytes were cultered (5000 cells/cm2) in 

expansion medium until 90% confluency. Cells were then suspended in sterile HA
6
D

10 
solution 

containing Irgacure 2959, at a density of 5.0*106 cells/mL. Constructs of 100 mL were fabricated 

using two sterilized glass slides separated by two PVC spacers of 2 mm height. The cell-

laden solution was then irradiated using a Superlite S-UV 2001AV lamp (Lumatec, Munchen, 

Germany), which emits UVA and blue light (320–500 nm) at an intensity of 6 mW/cm2, 

measured at 365 nm. The obtained semi-IPN hydrogels were cultured in chondrocyte medium 

(DMEM supplemented with 0.2 mM ascorbic acid 2-phosphate, 0.5% human serum albumin, 

1x ITS-X, 100 units/mL penicillin-streptomycin, and 5 ng/mL TGF-β2 for up to 3 days. Medium 

was replaced and collected for biochemical analysis. Samples were taken after 1 and 3 days. 

The LIVE/DEAD Viability Assay (Molecular Probes MP03224, Eugene, Oregon, USA) was used 

to assess cell viability according to the manufacturer’s instructions. Briefly, samples were examined 

and photographed using a BX51 light microscope (Olympus, Center Valley, Pennsylvania, USA) 

equipped with a DP 70 camera (Olympus, USA) with excitation/emission filters set at 488/530 nm 

to observe living cells(33) and at 530/580 nm to detect dead (red) cells. Live and dead cells were 

counted for 4 samples per time point, at 4 locations within each construct.

RESuLTS AND DISCuSSION

Physico-Chemical Characterization of the Polymer Solutions and Semi-IPNs

 A suitable biomaterial for 3D fiber deposition should have an appropriate viscosity (with a 

maximum of 100 Pa.s) allowing extrusion through a syringe system (34). The biomaterial also has 

to retain its plotted shape during deposition implying that the solution should not have a too 

low viscosity. In order to evaluate the suitability of the described systems for this technology, 

rheological measurements of the solutions and the corresponding semi-IPNs were performed.

The used Dex-HEMA and HA have an intrinsic viscosity [η] of 0.18 dL/g and 20.4 dL/g, 

respectively. Consequently, the polymer concentrations used to prepare the samples 

(compositions given in Table 1) were above their critical coil overlap concentration (C*)(C* is 

inversely proportional to [η]) (35), which is around 5.5 g/dL and 0.05 g/dL, for dex-HEMA and 

HA, respectively. Just above C*, soluble polymers are in a semi-diluted regime and their chains 

start to overlap. Particularly, the used HA concentrations were over four times C* and under 

these conditions the HA polymer chains were completely entangled.
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The viscosity of the prepared samples (Table 1) was evaluated as a function of the shear rate. 

HA is a high molecular weight polysaccharide forming very viscous solutions in water already at 

relatively low concentrations. As shown in Figure 2, at low shear rate (between 10-3 and 0.03 s-1) 

HA and HA/dex-HEMA blends behave as Newtonian fluids. The blend viscosities in that range 

of shear increase as the hyaluronic acid concentration increases; e.g., at 0.1 s-1, η is about 70 Pa.s 

for HA
2
D

10
, 800 Pa.s for HA

4
D

10
 and 3500 Pa.s for HA

6
D

10
. When increasing the shear rate above 

0.05 s-1, shear thinning was observed and at high shear rates the blend viscosities decrease 

below 10 Pa.s. The results of Figure 2 further show that it is possible to tune the viscosity for 

bioprinting by the blend composition. During extrusion through the used needle shear rates 

above 100 s-1 are obtained (36) yielding, due to the shear thinning character of the hyaluronic 

acid/dex-HEMA solutions, suitable viscosities for extrusion. On the other hand, the high 

viscosity of the blend solutions at low shear is favorable as the deposited fibers will retain their 

structural dimensions for some time after the printing.

The shear rate/viscosity profile of D
10 

and HA
6 

solutions are also reported in Figure 2. The 

insert shows the flow curve of the dex-HEMA (D
10

) solution that exhibits Newtonian behavior in 

the studied shear rate range, meaning that its viscosity (10-2 Pa.s) is independent of the applied 

stress. Comparing the flow curves of the HA
6
 and HA

6
D

10
 it is evident that the rheological 

behavior of the blend solutions is dominated by hyaluronic acid as could be expected from its 

high molecular weight and high intrinsic viscosity. 

The viscoelastic properties of the polymer blend solutions were also characterized in 

oscillatory experiments. The frequency-dependent storage (G’) and loss (G”) moduli of the 

HA
2
D

10
, HA

4
D

10
 and HA

6
D

10
 solutions are shown in Figure 3a.

The blend solutions showed, as expected, curves typical of entangled networks: both G’ 

and G” increased with frequency (but with different slopes), and cross-over points (G’ equals 

G”) are clearly present. At frequencies higher than the cross-over point, the solutions show 

more elastic behavior, whereas at frequencies lower than the cross-over point the viscous 

behavior prevails (G’ < G”).

Figure 2. Flow curves of the solutions: 
(■) HA2D10; (▲) HA4D10; (●) HA6D10 and 
(0) HA6; the insert shows the flow curve 
of the ( ) D10 solution. Compositions of 
the solutions: see table 1.
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6 Figure 3a. Storage modulus G’ (closed 
symbols) and loss modulus G’’ (open 
symbols) of the blend solutions as a 
function of frequency for: (■) HA2D10; 
(▲) HA4D10; (●) HA6D10.

Figure 3b. The cross over frequency (Fc) 
as a function of the HA concentration 
for HA/Dex-HEMA blends.

Figure 3c. Tan d of the blend 
solutions as a function of frequency 
for: (■)  HA2D10; (▲)  HA4D10; 
(●)  HA6D10. Compositions of the 
solution are given in Table 1.
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The frequency at which cross-over occurs is dependent on the HA concentration in the 

polymer blend solutions (Figure 3b) and it is observed that with increasing HA concentration, 

the cross-over shifts towards lower frequency values, indicating, that the elastic character of the 

polymer blends increases with increasing of HA concentration (35, 37). In this respect, it should 

be pointed out that HA solutions showed similar solution profiles (data not shown), displaying 

cross-over of the moduli (e.g. HA
6
 displayed a F

c
 at 0.01 Hz). Also dex-HEMA solutions showed 

a typical solution profile but with G’ (10-2 – 10-3 Pa) lower than G” in the range 10-3 - 10 Hz; these 

values are negligible compared to those of HA
6
, confirming the above depicted model.

Figure 3c shows that tan d, defined as G”/G’, is very low for all the samples at high frequencies 

values, while it increases at lower frequencies. In particular, the HA
4
D

10
 and HA

6
D

10
 solutions 

exhibit an overall solid-like character, since their tan d is below 2 over the whole frequency 

range analyzed, while for the sample with the lowest HA content, HA
2
D

10
, more viscous behavior 

is found as at low frequencies tan d is above 2.

The overall rheological behavior of the blend solution is dominated by HA because of the 

high molecular weight and the stiffness of the polymer chains, reflected by the a parameter of 

the Mark Houwink equation, which is 0.8 for the HA in this solvent (38): if a is between 0.5 and 

0.7, the polymer chains are flexible; when a is greater than 0.7 the chains are stiff (39). 

When HA/dex-HEMA solutions containing a photoinitiator were exposed to UV light, the 

HEMA groups linked to the dextran chains polymerized, leading to a chemically crosslinked 

dex-HEMA network, in which the HA chains are entangled (semi-IPN). The kinetics of 

the crosslinking process are shown in Figure 4 in which the G’ values of the samples with 

different concentrations of HA are plotted as a function of time. This figure shows that upon 

UV irradiation, the storage moduli G’ rapidly increased and reached a plateau level within 

10  seconds, meaning that polymerization occurred instantaneously, as found previously for 

another polysaccharide system (23). Figure 4 also shows that after UV irradiation, the storage 

moduli of the obtained hydrogel networks are almost equal for all the samples analyzed 

(G’ of ~ 10 kPa) and independent of the HA concentration. This means that in contrast to the 

blends solution of which the rheological properties are dominated by hyaluronic acid, G’ of 

the semi-IPNs is governed by the formed dex-HEMA network. The HA-independent G’ values 

Figure 4. Storage modulus, G’, at 
1  Hz, of the systems: (■)  HA2D10; 
(▲)  HA4D10; (●)  HA6D10 as a 
function of time. UV irradiation was 
started at 120 seconds, as indicated 
by the arrow. 
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of the semi-IPNs demonstrate that this polymer does not hamper the polymerization of the 

HEMA moieties and the network formation.

To further investigate the properties of the obtained hydrogels, frequency sweeps of the 

semi-IPNs were recorded and compared with that of a dex-HEMA gel (Figure 5). All hydrogels 

behave typically as fully elastic gels, with G’ independent of the applied frequency and with 

G” values more than one order of magnitude smaller than G’. In line with the data of Figure 4, 

the semi-IPNs possessed the same storage modulus as the dex-HEMA hydrogel, regardless 

of the HA concentration, again confirming that the elasticity of the system is dictated by the 

cross linked dex-HEMA network. Figure 5 also shows that G” of the semi-IPNs increases with 

increasing HA concentration which can be ascribed to an increased ability to dissipate the 

mechanical energy when a stress is applied.

Since natural tissues, and also implanted scaffolds, are subjected in vivo to shear as well as 

compressive stresses, the behavior of the semi-IPNs in compression was also investigated. Figure 6 

shows that the different semi-IPNs have the same Young’s modulus (E) as that of the dex-HEMA 

Figure 5. Storage modulus G’ 
(filled symbols) and loss modulus G” 
(open symbols) of the semi-IPNs and 
the dex-HEMA gel as a function of 
frequency for: (■) HA2D10; (▲) HA4D10; 
(●) HA6D10; ( ) D10.

Figure 6. Stress-strain plot of: ( ) D10;
(■)  HA2D10; (▲)  HA4D10; (●)   HA6D10.
The arrows indicate the corresponding 
ultimate compressive stress (s) and 
strain (g). 
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hydrogel. The constant value of approximately 26 kPa again demonstrates that the dex-HEMA 

chemical network determines the elasticity of the semi-IPNs with no significant contribution of 

the free HA chains. It should be noted that theoretically the E value is three times the storage 

modulus value (35), which is approximately true for our system (G’ ~ 10 kPa and E ~ 26 kPa).

In Figure 6, the stress-strain curves of the semi-IPNs as well as the dex-HEMA hydrogel are 

shown and the ultimate compressive stresses and strains are indicated by the arrows. The fracture 

of the D
10

 hydrogel occurred at 25% of deformation, while the semi-IPNs possessed higher ultimate 

compressive strain g, that increases as the HA content increases (30 ± 4 %, 38 ± 2 % and 50 ± 4 % 

for HA
2
D

10,
 HA

4
D

10
 and HA

6
D

10
, respectively). Also, the ultimate compressive s of these semi-IPNs 

depends on the HA content (100, 120, 160 kPa for HA
2
D

10,
 HA

4
D

10
 and HA

6
D

10, 
respectively).

The results show that, also in the non-linear viscoelastic region, HA influenced the energy 

dissipation ability of the semi-IPNs. HA chains entangled into the network are able to dissipate 

the deformation energy more efficiently and in that way retard network collapse. Consequently, 

hydrogels are obtained that can be deformed more easily before breaking, thereby mimicking 

viscoelastic behavior of natural tissues.

Hydrogel Swelling, Degradation and Cytocompatibilty

The swelling and degradation behavior of the semi-IPNs was studied by incubating them in 

HEPES buffer at 37 °C. Figure 7 shows the swelling behavior of the HA
6
D

10
 semi-IPN in comparison 

to that of the hydrogel based on dex-HEMA. We selected the semi-IPN with HA
6
D

10
 composition 

for these studies as it showed better rheological properties for printing applications than 

the semi-IPNs with lower HA content. The dex-HEMA hydrogel swelled almost two times its 

original weight within 20 days, in agreement with previous results (29). The HA
6
D

10
 semi-IPN 

hydrogel showed a 7-fold increase in weight within 40 days. It should be mentioned that even 

with this considerable increase in weight the semi-IPNs preserved their structural integrity 

during the swelling phase. This high swelling is likely due to the presence of HA which is a very 

hydrophilic and thus a high water-absorbing polymer. It can be expected that the HA chains 

remained entangled in the network because of its very high molecular weight (mesh size of 

Dex-HEMA network (x) ~ 25 nm). The M
w
 of HA (160 x 104 Da) is approximately 100 times larger 

Figure 7. Swelling and degradation 
curves at 37°C, pH 7.4 for: 
(●)  HA6D10 semi-IPN and ( )  D10 
hydrogel in 100 mM HEPES buffer 
(●)  HA6D10 semi-IPNs in 100 mM 
HEPES buffer supplemented with 
hyaluronidase (200 U/mL).
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than the molar weight between effective crosslinks (40) of the dex-HEMA network which is 

2 x 104 Da as calculated using eq. 3. Although the HA
6
D

10
 semi-IPN and dex-HEMA hydrogel 

show remarkable differences in swelling, both systems show the same overall degradation rate 

(80-85 days), demonstrating that degradation is dictated by the hydrolysis of carbonate ester 

bonds present in the crosslinks of the dex-HEMA network.

The degradation of the semi-IPNs was also studied in the presence of 200 U/mL of 

hyaluronidase in the medium. This enzyme concentration was chosen in order to assure 

a complete degradation of the polysaccharide in these conditions (41). The presence of 

the hydrolytic enzyme only slightly influenced the ability of the semi-IPN to swell (Figure 7, 

grey symbol) as compared to the IPN in the absence of enzyme. Likely, the penetration of 

hyaluronidase into the semi-IPN gel is highly restricted because of the entangled network and 

consequently hyaluronidase was only active on the edges of the hydrogel. In this hypothesis, 

the enzymatic action of hyaluronidase led to the cleavage of HA into smaller fragments, 

enabling HA to diffuse out of the hydrogel. As a consequence, the HA content in the hydrogel 

is lowered, and thereby reducing the swelling ability of the hydrogel.

A high extent of survival of chondrocytes was shown using LIVE/DEAD assays after 1 and 

3 days (94 ± 4% and 75 ± 19%, respectively) which is comparable with cell survival numbers 

described previously for other hydrogels (42, 43). In figure 8, the viability of the cells after three 

days of seeding into the HA
6
D

10
 semi-IPN hydrogel is reported. These results show that the IPN 

has a good cytocompatibility and therefore excellent candidate material for tissue engineering 

and specifically, bioprinting.

3D Printed Scaffold based on Hyaluronic acid/Dex-HeMA Semi-IPNs. 

The rheological characterization described in section 3.1. demonstrated that the HA
6
D

10
 

formulation had the best viscoelastic properties suitable for printing of a 3D construct. To explain, 

the HA
6
D

10
 solution could be easily injected through the dispenser needle because of its low 

viscosity at high shear rates. This solution also had, at low shear, both high viscosity (3500 Pa.s) and 

Figure 8. Chondrocyte viability 
after 3 days of seeding into the 
HA6D10 semi-IPN hydrogel. Scale 
bar represents 200 mm.
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high elasticity (tan d < 1) that can prevent flow after deposition, and thus allowing the preservation 

of the macroporous structure. Moreover, the formed semi-IPN construct, after UV curing, had 

good elasticity (E modulus 26 kPa) and also showed large resistance to the fracture.

Multiple layers of the HA
6
D

10 
polymer solution were deposited resulting in macroporous 

constructs with dimensions of 100 × 100 × 2 mm (length × width × height). The deposition was 

followed by UV stabilization of the construct (shown in figure 9). 

Clearly, the shear thinning properties of the hyaluronic acid/dex-HEMA polysaccharidic 

solution allowed the preservation of the shape and, more importantly, the porosity of the 

designed construct. The samples showed a slight distortion of the printed perimeter but the 

entire printed construct had a reproducible internal structure with a channels of dimensions of 

730 ± 28 mm (in the x and y direction). UPLC analysis showed that the 83 ± 9 % of the methacrylic 

groups had reacted after 5 minutes of UV light exposure, confirming the good efficiency of 

the photopolymerization of the dex-HEMA polymer under experimental conditions (23). These 

data underline the effective capability of the dex-HEMA to form a stable hydrogel irrespective 

of the volume, the porosity and total polymer concentration.

Figure 9. Photograph (top view) of 3D printed HA6D10 

hydrogel Scale bar indicates 25 mm. 

Figure 10. Swelling and degradation 
of the printed construct based on 
HA6D10 hydrogel in 100 mM HEPES 
buffer at 37 °C, pH 7.4. The insert 
shows the hydrogel after 30 days of 
incubation. 
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The swelling-degradation behavior of HA
6
D

10 
printed hydrogels was studied by incubating 

the constructs in HEPES buffer of pH 7.4 and at 37 °C. Figure 10 shows that the porous hydrogel 

showed a significant water uptake (8 times its original weight within 40 days), in agreement 

with the data obtained with the cylindrical samples (Figure 7), and degraded completely in 

approximately 60 days. The picture shown in the insert of Figure 10 illustrates that the porosity 

of the construct after 30 days of incubation at 37°C was preserved.

CONCLuSIONS
The pseudoplastic behavior of hyaluronic acid/dex-HEMA solutions and their viscolelastic 

properties met the requirements of the bioprinting process. The solutions have sufficient 

viscosity at high shear to allow extrusion and have high viscosity at low shear to retain its 

plotted shape during deposition. The photo-polymerization of the dex-HEMA chains led to 

strong and biodegradable interpenetrating hydrogels with mechanical properties that can be 

tuned to suit tissue engineering applications. The polysaccharide semi-IPNs hydrogels showed 

good cytocompatibility. The system with highest hyaluronic acid content investigated (HA
6
D

10
) 

was successfully printed by deposition of fibers, which were subsequently stabilized by photo-

curing. The resulting 3D construct showed high porosity and had well defined strand spacing. 

Construct architecture can be easily tuned by controlling the process parameters such as fiber 

spacing and orientation. The results presented in this paper demonstrate the suitability of the 

HA/dex-HEMA systems for bioprinting applications in tissue engineering.
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ABSTRACT
Bioprinting is a new technology in regenerative medicine that allows the engineering of tissues 

by specific placement of cells in biomaterials. Importantly, the porosity and the relatively small 

dimensions of the fibers allow rapid diffusion of nutrients and metabolites. This technology 

requires the availability of hydrogels that ensure viability of encapsulated cells and have 

adequate mechanical properties for the preparation of structurally stable and well-defined 

three-dimensional constructs. The aim of this study is

to evaluate the suitability of a biodegradable, photopolymerizable and thermosensitive 

A–B–A triblock copolymer hydrogel as a synthetic extracellular matrix for engineering 

tissues by means of three dimensional fiber deposition. The polymer is composed of  

poly(n -(2-hydroxypropyl)methacrylamide lactate) A-blocks, partly derivatized with 

methacrylate groups, and hydrophilic poly(ethylene glycol) B-blocks of a molecular weight of 

10 kDa. Gels are obtained by thermal gelation and stabilized with additional chemical cross-

links by photopolymerization of the methacrylate groups coupled to the polymer. A power law 

dependence of the storage plateau modulus of the studied hydrogels on polymer concentration 

is observed for both thermally and chemically cross-linked hydrogels. The hydrogels 

demonstrated mechanical characteristics similar to natural semi-flexible polymers, including 

collagen. Moreover, the hydrogel shows suitable mechanical properties for bioprinting, 

allowing subsequent layer-by-layer deposition of gel fibers to form stable constructs up to at 

least 0.6 cm (height) with different patterns and strand spacing. The resulting constructs have 

reproducible vertical porosity and the ability to maintain separate localization of encapsulated 

fluorescent microspheres. Moreover, the constructs show an elastic modulus of 119 kPa 

(25 wt% polymer content) and a degradation time of approximately 190 days. Furthermore, high 

viability is observed for encapsulated chondrocytes after 1 and 3 days of culture. In summary, we 

conclude that the evaluated hydrogel is an interesting candidate for bioprinting applications.
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INTRODuCTION
The development of novel tissue engineering strategies using a manifold of three 

dimensional (3D) patterning techniques, such as fiber templating (1), lithography (2), or 3D 

fiber deposition (3DF) (3-5) (whereby cells are combined with a matrix and printed to yield 

a 3D construct for subsequent transplantation in vivo) offers a novel and potential route 

towards tissue regeneration (6-8). 

Bioprinting is a novel approach in tissue engineering for scaffold preparation based on 

computer aided layer-by-layer or dropwise deposition of cell-laden hydrogels (3, 9-11). This 

rapid prototyping-derived technique allows the preparation of complex 3D cell l(12)aden 

constructs, with reproducible control over cell placement and highly porous structure, which 

allows easy diffusion of nutrients, oxygen, and metabolites (13-17). 

The possibility to incorporate different types of living cells and to deposit different materials 

within a construct by using 3DF, allows the creation of grafts that closely resemble the hierarchy 

of cells natural tissues matrices (18). The success of this approach highly depends upon upon the 

availabilty of suitable biodegradable and biocompatible biomaterials, , which can be processed 

into a suitable 3D structure (19-23). Furthermore, the final construct should have sufficient 

porosity to facilitate nutrients and oxygen supply and good resolution to allow fine-tuning of 

the 3D structure and precise reconstruction of the shape of the defect/organ to be regenerated.

Hydrogels are 3D networks of cross-linked hydrophilic polymers that fulfill some of these 

requirements. These materials are therefore extensively used as supportive matrices for tissue 

engineering. So far, both natural (alginate, chitosan, hyaluronic acid, collagen, fibrin)(12, 24, 25) 

and synthetic (poly(ethylene glycol) (PEG), poly(N-isopropylacrylamide), Pluronic) (26-29) 

hydrogels have been used in vitro as scaffolding material for tissue engineering. However, all 

these materials have some drawbacks. Natural polymers possess an inherent biocompatibility 

and often show positive cell interaction and modulation (30), but also have a large lot-to-lot 

variation, poor mechanical properties and lack of tailorability. On the other hand, synthetic 

polymers have well-defined structures with possibilities to fine-tune their properties, but 

biodegradability and biocompatibility often represent an issue. Therefore, there is a high need 

for novel biomaterials for tissue engineering.

In the present study, a biodegradable, synthetic, photopolymerizable and thermosensitive 

hydrogel, that exhibits an advantageous combination of properties, is used for the development 

of 3D printed constructs. The polymer has an A-B-A architecture consisting of thermosensitive 

poly(n-(2-hydroxypropyl)methacrylamide lactate) (31) (p(HPMAm-lac) A-blocks that 

are partly modified with methacrylate moieties, to allow chemical cross-linking using 

photopolymerization, and a B-block of poly(ethylene glycol) (PEG) (32-34). The p(HPMAm-lac) 

A-blocks exhibit thermosensitive behavior (22, 35, 36), having a cloud point (CP) that can be 

tuned by the average length of the lactate side chains (31).

Bioprinted hydrogel based constructs can potentially be used for the regeneration of a 

number of tissues such as bone, skin, liver, cartilage, replicating the hierarchical structures 

of natural tissues at an unprecedented level. In this paper, the potential of the developed 

p(HPMAm-lac)-PEG-p(HPMAm-lac) hydrogel for cartilage tissue engineering is investigated. 

The use of hydrogels for cartilage repair is particularly attractive as these materials posess several 

129



7

characteristics of native cartilage, and allow homogeneous encapsulation of chondrocytes in a 

highly hydrated and structurally stable and 3D network. 

Articular cartilage is an avascular supporting connective tissue, exhibiting a low metabolic 

rate and a low regenerative potential. It has a hydrogel-like structure consisting of 70% water, 

20% collagen, responsible for the tensile properties, and 10% proteoglycans, providing 

compression resistance (37). The cell densities and types differ with depth in cartilage. The most 

superficial layer has a very high density, which decreases with depth (38). Because of lack of 

healing capacity of the tissue due to poor blood supply, local cartilage damage eventually leads 

to generalized cartilage degeneration and permanent loss of organization and functionality.

The treatment of choice for generalized cartilage damage is prosthetic joint replacement 

(39), whereas for focal lesions, either microfracture or cell-based therapy can be used (40, 41). 

However, although clinical outcomes are satisfactory for these methods, they have drawbacks: 

prostheses have a limited life span, whereas microfracture and chondrocyte implantation do 

not fully restore the organization and consequently the functionality of native cartilage. By 

using 3D printing techniques, ideally, patient-derived cells can be mixed with the hydrogel 

matrices and printed at defined locations within a single construct, reproducing hierarchical 

cell organization of native cartilage and potentially enhancing clinical outcomes (18, 42, 43). 

The goal of this study was to evaluate the suitability of methacrylate bearing p(HPMAm-

lac)-PEG-p(HPMAm-lac) based hydrogels for 3D fiber deposition. Upon printing, the 

construct is photopolymerized to provide the cells with long-term mechanical support and, 

in time, is expected to gradually degrade into biocompatible products. The printability, 

mechanical properties, degradation behavior, and chondrocyte compatibility were evaluated 

for this hydrogel.

mATERIALS AND mEThODS

Materials
All chemicals were obtained from Sigma-Aldrich and used as received, unless stated otherwise. 

All solvents were purchased from Biosolve. Tetrahydrofuran (THF) was distilled from sodium/

benzophenone and stored over 3 Å molecular sieves. Phosphate buffered saline (PBS)  

(8.2 g l-1 NaCl; 3.1 g l-1 NaH
2
PO

4
12H

2
O; 0.3 g l-1 NaH

2
PO

4
) used to prepare the hydrogels 

for mechanical characterization and degradation studies was obtained from Braun (The 

Netherlands). HPMAm (hydroxypropylmethacryliamide) was obtained from Zentiva a.s. 

(Praha, Czech Republic), L-lactide from Purac Biochem BV (Gorinchem, The Netherlands) 

and 2-hydroxy-1-[4-(2-hydroxyethoxy)phenyl]-2-methyl-1-propanone (Irgacure 2959) from 

Ciba Specialty Chemicals Inc (Basel, Switzerland). DMAP (dimethylaminopyridine) and 

4,4´-Azobis(4-cyanopentanoic acid) (ABCPA) were purchased from Fluka Chemie AG (Buchs, 

Switzerland). HPMAm-monolactate and HPMAm-dilactate were synthesized according to 

a previously reported method (31). The synthesis of triblock copolymers with PEG as middle 

block and polyHPMAm-lactate as outer blocks was described previously (44-46) and applied 

in this study for the preparation of a triblock copolymer having p(HPMAm-lac) A-blocks of 

23.5 kDa, derivatized with 30% of methacrylate groups and PEG B-blocks of 10 kDa molecular 
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weight. Dye-Trak “F” fluorescent microspheres (fluorescent lemon and fluorescent orange) 

were purchased from Triton technology (San Diego, CA). Type II collagenase was obtained from 

Worthington Biochemical Corp (Lakewood, NJ). DMEM [Dulbecco’s Modified Eagle Medium] 

insulin-transferrin-selenium mixture (ITS-X), penicillin and streptomycin were obtained from 

Invitrogen (Carlsbad, CA). Fetal bovine serum was obtained from Biowhittaker (Walkersville, 

MD) and FGF-2 and TGF-b2 from R&D Systems (Minneapolis, MN). Human serum albumin from 

Cealb (Sanquin, Utrecht, The Netherlands) was used. 

Synthesis of (PeG-ABCPA)
n
 Macroinitiator

(PEG-ABCPA)
n
 was synthesized slightly modifying the procedure described by Neradovic 

et  al  (47) and Vermonden et al. (45). In detail, 10 g (1 mmol) of PEG (number-average molar 

mass M
n
 = 10000 g mol-1), 280 mg (1 mmol) of ABCPA, 91.6 mg (0.3 mmol) of 4-(dimethylamino)

pyridinium-4-toluenesulfonate (DPTS) and 618 mg (3 mmol) of n,n‘-dicyclohexylcarbodiimide 

(DCC) were dissolved in 60 ml of a 1:1 mixture of dichloromethane and dry THF. The mixture was 

stirred at room temperature at 0°C for 1 hour and subsequently at room temperature for 24 h 

under nitrogen atmosphere. The formed dicyclourea (DCU) was filtered off, and the organic 

solvents were removed by rotary evaporation. The product was suspended in water, filtrated 

over hyflo and dialyzed for 48 hours at 4°C against water using a dialysis membrane with a 

cut-off of 12-14 kDa. The macroinitiator was obtained in a high yield ( 80%) after freeze-drying 

and characterized by 1H NMR in CDCl
3
 and gel permeation chromatography (GPC).

Synthesis of Methacrylated Triblock Copolymers
A thermosensitive triblock copolymer consisting of PEG 10 kDa as hydrophilic block and 

pHPMAm
lac

 as thermosensitive outer blocks with a HPMAm-monolactate/HPMAm-dilactate 

ratio of 50/50 was synthesized by free radical polymerization using (PEG-ABCPA)
n 

macroinitiator 

according to a method described earlier.(45) The OH side groups of p(HPMAm  lac)
 
were 

partially methacrylated using the following procedure. The triblock copolymer (7 g, 21 mmol) 

was dissolved in dry THF under a N
2
 atmosphere, DMAP (21 mg, 174 mmol) and triethylamine 

(TEA) (601 μl, 4.35 mmol) were added at 0ºC. Finally, methacrylic anhydride (MA) (648 μl, 

4.35 mmol) at 1:1 molar ratio with TEA was added. The reaction mixture was subsequently stirred 

for 24 hours at room temperature, followed by the addition of approximately 20 ml water. Next 

the reaction mixture was dialyzed (membrane with a cut-off of 12-14 kDa) against water for two 

days at 4˚C and isolated by freeze-drying. The synthesized polymers were characterized by 
1H NMR (300 MHz, DMSO-d

6
, d): 7.35 (b,1H, Nh), 6.15 & 5.80 (d, 2H, C=Ch

2
), 5.4 (d, 1H, CH-Oh), 

4.95 (d, CO-Ch(CH
3
)-O), 4.1 (d, 1H, CO-Ch(CH

3
)-OH), 3.60 (s, 904H, OCh

2
Ch

2
 (PEG-protons)), 

3.4 (s, 2H, NHCh
2
), 2.2-0.6 (main chain protons and CH

3
 of lactate groups). The degree of 

methacrylation (DM), defined as the percentage of OH groups derivatized with methacrylate 

moieties was calculated from the ratio of the average intensity of the peaks at 6.15 and 5.80 and 

intensity of the peak at 5.4 ppm as follows (46):

((I
6.15

+I
5.8

)/2) / ((I
6.15

+I
5.8

)/2 +I
5.4

) × 100% (2) 
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1H NMr Spectroscopy
1H NMR (300 MHz) spectra were recorded on a Gemini 300 MHz spectrometer (Varian 

Associates Inc., NMR Instruments, Palo Alto, CA) using DMSO-d
6
 and CDCl

3
 as solvents. 

Chemical shifts were referred to the solvent peak (d = 2.49 ppm and d = 7.24 ppm, for DMSO-d
6 

and CDCl
3
, respectively).

Gel Permeation Chromatography 
The molecular weights of the polymers were determined by GPC using a Plgel 5 μm MIXED-D 

column (Polymer Laboratories) with a column temperature of 40 ºC. DMF containing 10 mM 

LiCl was used as eluent with an elution rate of 0.7 ml min-1, and the sample concentration was 

5 mg ml-1 in the same eluent. Poly(ethylene glycols) with defined molecular weights were used 

as calibration standards (31). 

Determination of the Cloud Point 
The cloud point (CP) of the polymers was measured with static light scattering using a Horiba 

Fluorolog fluorometer (650 nm, 90º angle). The polymers were dissolved at a concentration of 

3 mg ml-1 in ammonium acetate buffer (pH 5.0, 120 mM). The heating rate was approximately 

1 ºC min-1 and every 0.2 ºC the scattering intensity was measured at 90º angle. The CP is defined 

as the onset of increasing scattering intensity (48). 

rheological Characterization 
The rheological analysis of the (non)-photopolymerized hydrogels was performed on an AR-G2 

rheometer (TA-Instruments). Triblock copolymer solutions at a concentration of 20, 25, 30 and 

35 wt % were prepared in PBS pH 7.4 supplemented with 0.2 wt% NaN
3 
at 4°C and Irgacure 2959

 

(0.05 wt %) was added. The thermal gels were prepared heating the polymer solutions from 

5 to 45 °C at a rate of 1 °C min-1. Non-photopolymerized gels were studied using a cone-plate 

geometry (steel, 20 mm diameter with an angle of 1º). A solvent trap was used to prevent 

evaporation of the solvent and 1% strain was applied (45).

To analyze the photopolymerized hydrogels the AR G-2 rheometer was equipped with 

a UV lightguide connected to a BluePoint lamp 4 (350-450 nm, Honle UV technology, light 

intensity of 50 mW/cm2). Gels were studied at 37 °C using a plate–plate geometry at 0.1% strain 

and 1 Hz frequency. The diameter of the geometry was 20 mm and the gap between the plates 

300 μm (44). Strain sweep experiments were performed at 37°C using a plate–plate geometry 

at 0.2 Hz frequency and a strain range between 0.001 and 10. The polymer solutions were 

measured as such or upon 5 min UV irradiation.

3D printing of methacrylated HPMAm-lac-PeG triblock copolymer constructs
 A BioScaffolder dispensing system (Sys Eng, Salzgitter-Bad, Germany) was used for 3D printing of 

hydrogel constructs. The pneumatic syringe dispenser was loaded with the triblock copolymer 

solution (25 wt%), containing 0.05 wt% Irgacure 2959. The dispenser at room temperature 

extruded the hydrogel on a stationary platform preheated at 40°C according to a CAD/CAM 

aided pattern in a layer-by-layer deposition mode. Rectangular 3D constructs of 37 (0.6 cm) 

and 12 layers (0.19 cm), for DMA and degradation studies, respectively, were printed with 0/90° 

configuration, strand spacing of 1.5 mm and 25 μm of fiber thickness. A Nikon D40 camera 

equipped with AF-S NIKKOR 18-55mm 1:3.5-5.6 GII ED objective was used to take pictures of 
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the constructs. After deposition, the constructs were photopolymerized using a Superlite S-UV 

2001AV lamp (Lumatec, Munchen, Germany), which emits UVA and blue light (320–500 nm, 

intensity of 6 mW cm-2 at 365 nm).

In a separate experiment, two polymer solutions were loaded with two different Dye-Trak “F” 

fluorescent microspheres (fluorescent lemon and fluorescent orange) of 15 μm diameter at 

a concentration of 1*106 spheres per ml. The two microsphere containing polymer/Irgacure 

2959 solutions were loaded into two separate extruding syringes and 2 or 3 layer constructs were 

printed using the settings described above resulting in alternating layers of different hydrogels 

and several patterns and strand spacing. Subsequently, the constructs were photopolymerized 

for 10 minutes using a Superlite S-UV 2001AV lamp (Lumatec, Munchen, Germany, blue light 

320–500 nm, intensity of 6 mW cm-2 at 365 nm) and imaged using an Olympus BX51 microscope 

(Olympus DP70 camera (Hamburg, Germany) equipped with an epifluorescence set-up. 

Conversion of methacrylate groups after photopolymerization 
To evaluate the conversion of methacrylate groups after photopolymerization, the resulting 

porous constructs were incubated in 5 ml of 0.2 M NaOH for 3 hours at 37 ºC. The gels 

completely degraded during this incubation. Next, the solution was neutralized by addition 

of 2 ml of 2M acetic acid, prior to analysis of methacrylic acid. The methacrylate conversion 

was calculated by comparing the unreacted methacrylic acid of the degraded gels to the initial 

amount of methacrylic acid prior to photo-cross-linking. Methacrylic acid was detected by 

Acquity UPLCTM, equipped with a BEH C18 1.7 mm, 2.1 x 50 mm column. The eluent used was 

95/5/0.1% H
2
O/acetonitrile/trifluoroacetic acid. A calibration curve was obtained by injecting 

different volumes (from 0.1 to 7.5 ml) of a 0.1 mM methacrylic acid solution (44, 46).

DMA Measurements 
The elastic moduli (E) of the 3D printed and solid cylindrical constructs (both composed of 

25  wt% polymer) were determined by dynamic mechanical analysis (DMA), performed with 

a DMA 2980 Dynamic Mechanical Analyzer (TA Instruments, New Castle, England) in the 

controlled force mode. Photopolymerized 3D printed constructs were cut in cylinders of 

approximately 5 × 6 mm (diameter × height) while the solid constructs were molded and photo-

cross-linked in cylinders of 4.5 × 4 mm (diameter × height). These constructs were placed 

between the parallel plates (upper plate 6 mm, lower plate 45 mm) and a force ramp from 0.001 

to 1.0 N at a rate of 0.1 N min-1 was applied at 25 ºC. The elastic modulus (E) was the slope of the 

linear range of the curve stress vs α, where α was calculated as follows: 

α = (h / Δh) + 1 (3) 

h represents the initial height and Δh is the dimensional change of the measured construct 

during compression.

Swelling and Degradation Studies
The degradation behavior of 3D constructs was studied in PBS pH 7.4, supplemented with 

0.2 wt% NaN
3
, at 37°C. Constructs consisting of 12 layers were prepared according to the above 

described procedure and placed in a 15 ml glass vial with screw cap. The initial weight of the 

constructs was measured (W
0
) and upon addition of 5 ml PBS the vials were incubated at 37°C. 
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At regular intervals, the incubation buffer was removed and the weight of the constructs was 

measured (W
t
) to calculate the swelling ratio: 

SR = W
t
/W

0
 (4)

Next, 5 ml PBS was added and the samples were further incubated at 37 ºC (44).

Cell encapsulation and Viability analysis
Full-thickness healthy articular cartilage was obtained from the femoral condyles and femoropatellar 

groove of fresh equine cadavers (n = 2; age, 2-10 years) under aseptic conditions. After overnight 

digestion using 0.15% type II collagenase at 37°C, the cell suspension was filtered (100-mm cell 

strainer) and washed 3 times with phosphate-buffered saline. Cells were then resuspended in 

expansion medium (DMEM supplemented with 10% fetal bovine serum, 100 units ml-1 penicillin and 

100 mg ml-1 streptomycin and 10 ng ml-1 FGF-2) and counted using a hemacytometer. Chondrocytes 

were expanded in monolayer cultures (5000 cells cm-2) in expansion medium until 90% confluency. 

After expansion, cells were mixed in 25 wt% pHPMAm-lac-PEG triblock copolymer solution at 4°C 

containing 0.05 wt% Irgacure 2959. Cells were encapsulated at a density of 5.0*106 cells ml-1 for LIVE/

DEAD assays and at a density of 2.0*107 cells ml-1 gel for differentiation assays. Constructs of 100 ml 

were fabricated using two sterilized glass slides and two PVC spacers of 2 mm height. The hydrogel-

cell solution at room temperature was put on a glass, the spacers were placed, and the second glass 

was put on top of the gel, yielding a cylindrical shaped construct. The previously mentioned Superlite 

S-UV 2001AV lamp (Lumatec) was used to cross-link the cell-laden hydrogel constructs.

Constructs were cultured in differentiation medium (DMEM supplemented with 0.2 mM 

ascorbic acid 2-phosphate, 0.5% human serum albumin, 1x ITS-X, 100 units/mL penicillin and 

100 unit/mL streptomycin, and 5 ng/mL TGF-b2). Samples for LIVE/DEAD assays were taken 

after 1 and 3 days. 

To visualize cell viability, LIVE/DEAD Viability Assay (Molecular Probes MP03224, Eugene, 

USA) was performed according to the manufacturer’s recommendations. The samples were 

examined using a light microscope (Olympus, BX51, United States) and photomicrographs 

taken with an Olympus DP70 camera (United States). The excitation/emission filters were set at 

488/530 nm to observe living (green) cells and at 530/580 nm to detect dead (red) cells. Live and 

dead cells were counted for 4 samples per time point, at four locations within each construct.

RESuLTS AND DISCuSSION 

Polymer Synthesis and Characterization

(PEG-ABCPA)
n
 macroinitiator was synthesized by DCC coupling reaction of PEG (molecular 

weight (M
W

) of 10 kDa) and ABCPA with a yield of 79% and characterized by GPC and 1H-NMR. 

GPC analysis showed that ~6 molecules of PEG 10 kDa were coupled, (number average molecular 

weight was 58 kDa with a polydispersity index (PDI) of 2.3). A small peak of unreacted free PEG 

was visible in the GPC chromatogram (Supporting information (SI) Figure 1), an observation also 

confirmed by 1H-NMR (a ratio PEG/ABCPA of 1.2 was calculated by comparing PEG protons to 

those of ABCPA) (SI, Figure 2) (47). Removal of unreacted ABCPA, achieved by the purification 
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method used, prevented the formation of polymers of HPMAm-lactate without PEG chain 

during the subsequent radical copolymerization (SI, Figure 3).

A thermosensitive A-B-A triblock copolymer consisting of pHPMAm-lac A-blocks of 

approximately 23.5 kDa, as determined by 1H-NMR and PEG B-block of a M
W

 of 10 kDa was 

synthesized by free radical copolymerization using a (PEG-ABCPA)
n
 macroinitiator and HPMAm 

mono and dilactate in a molar ratio of 1/1 with a yield of 73 %. The pendant OH groups on 

the lactate side chains of the polymer were then partly methacrylated in order to allow the 

formation of chemical cross-links by photopolymerization. The structure of the final polymer 

is depicted in scheme 1. 

The synthesized products are abbreviated as MI, M
0
P

10
 and M

30
P

10
, for macro-initiator, non-

methacrylated and methacrylated triblock copolymers, respectively, and their characteristics 

are listed in Table 1. 

The triblock copolymer M
0
P

10
 was obtained with a yield of approximately 74% and a HPMAm-

monodilactate/HPMAm-dilactate ratio of 1, corresponding to the feed ratio and resulting in a CP 

Scheme 1. Chemical structure of A-B-A triblock copolymer composed of methacrylated p(HPMAm-lac) A-blocks 
and PEG B-block. The hydroxyl groups on the poly(HPMAm) backbone of the thermosensitive block are modified 
with lactate side chains containing 1 or 2 lactate units (n = 1, 2). Thirty percent of the hydroxyl groups on the lactate 
side chains are derivatized with methacrylate moieties.

Table 1. Characteristics of PEG-ABCPA macroinitiator and A-B-A triblock copolymers composed of (methacrylated) 
p(HPMAm-lac) A-blocks and PEG B-block. The table lists the values of weight average molecular weight (M

w
), 

number avarage molecular weight (M
n
), poly dispersity index (PDI), degree of methacrylation (DM) and cloud point 

(CP) for macroinitiator (MI), non methacrylated (M
0
P

10
), and methacrylated (M

30
P

10
) triblock copolymers.

Name M
W

 (kDa) M
n
 (kDa) PDI DM (%) CP (°C)

MI 136b 58b 2.3b N.A. N.A. 

M
0
P

10
48b 57a

32b 1.5b N.A. 29c

M
30

P
10

48b 57a

32b 1.5b 30a 11c

[a] Determined by 1H-NMR [b] Determined by GPC [c] Determined by static light scattering (SLS)
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Figure 2. Effect of photopolymerization 
on mechanical properties of 20, 25, 
30 and 35 wt% polymer hydrogels 
at 37°C. The storage modulus (G’) 
is shown as a function of time. UV 
irradiation was applied after 300 sec. 
During UV curing chemical cross-links 
within the hydrophobic domains are 
formed, leading to an increase in G’ 
and values of tan ( d ) < 0.1 for all the 
studied concentrations.

Figure 3. Power law dependence of 
the storage plateau modulus (G’∞) 
of photopolymerized (squares) and 
thermal hydrogels (triangles) at 37 
°C on polymer concentration (C). 
The solid lines represent the fit, 
calculated by power law. For both 
thermal and photopolymerized 
networks, a similar power law 
coefficient of approximately 3.4 was 
found. Data are shown as mean ± 
standard deviation, n = 3. 

Figure 1. Effect of temperature on 
storage modulus (G′), loss modulus 
(G″) and tan (d) of a hydrogel of 25 
wt% polymer concentration in PBS, 
pH 7.4. At temperature below the 
cloud point of the polymer the system 
is in the sol-state with G″ > G′ . With 
increasing temperature, G′ increases 
and equals G” at 21 ° C, referred 
to as gel temperature. Above this 
temperature, the network is in the 
gel-state with the thermosensitive 
blocks assembled in hydrophobic 
domains.
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of the polymer of 29 °C. Based on 1H NMR, a M
n
 of 57 kDa was calculated. It appears that the M

n
 

based on 1H-NMR analysis exceeds that measured by GPC analysis (M
n 

32 kDa). It was shown earlier 

that this discrepancy can be ascribed to the use of PEG homopolymers as GPC standards that 

display larger hydrodynamic volumes than the triblock copolymers in the used eluent (44, 45). 

As expected, upon methacrylation, the M
30

P
10

 polymer displayed the same molecular 

weight as the non-methacrylated M
0
P

10
 polymer. The yield was 88% and the polymer had a 

methacrylation degree of 30%, (calculated based on 1H-NMR). Similarly to previously reported 

data, the introduction of methacrylate groups on the lactate side chains of the polymer led to 

an increase of hydrophobicity and consequently to a decrease in CP to 11 °C (44, 46). 

Hydrogel Mechanical Properties 

In order to be used in organ printing, the hydrogels must possess adequate mechanical 

properties, allow easy extrusion through the pneumatic dispensing system described earlier 

and maintain dimensional stability upon computer aided layer-by-layer fiber deposition. 

Besides processability requirements, the hydrogel must provide for encapsulated cells with 

long-term mechanical support and eventually degrade into biocompatible products when new 

tissue is formed (21). All the abovementioned requirements for organ printing were addressed 

in this study, starting with the characterization of the gelation kinetics of M
30

P
10

 triblock 

copolymer hydrogel.

A hydrogel composed of 25 wt% M
30

P
10

 triblock copolymer was prepared and characterized 

by rheological analysis. The hydrogel solid content was chosen based on good cell survival in 

these gels in a previous study performed by Vermonden et al (46). Figure 1 shows the effect 

of temperature on the visco-elastic properties of the hydrogel and demonstrates that at 

low temperatures (5 °C), M
30

P
10 

has a liquid-like behavior in aqueous solution with a storage 

modulus (G’) close to zero (45). This behavior is particularly beneficial for the encapsulation of 

cells that can be easily and homogeneously mixed at high concentration with the cold polymer 

solution. The temperature controlled dispensing system can be then loaded with the polymer 

solution, in which the cells can be mixed, and the required viscosity can be tuned by adjusting 

the dispenser temperature. Figure 1 shows that G’ increases from 0 to 350 Pa when increasing 

the temperature from 5 to 45 °C, with 21 °C often referred to as the gelation temperature (T
gel

) 

where G’ starts to dominate G”. 

Upon extrusion, the cell-laden hydrogel fibers are deposited layer-by-layer according to 

a computer-aided pattern on a fixed collector, pre-heated to 37 °C. A visco-elastic material, 

displaying a G’ of 350 Pa and a tan (d) of 0.3, is formed at 40 °C (Figure 1), demonstrating that the 

thermosensitive character of the studied hydrogel is particularly beneficial for 3DF application as 

it ensures good resolution and dimensional stability of the hydrogel upon extrusion. However, 

the mechanical properties of the physically cross-linked hydrogel does not provide long-term 

stability, as the thermo-gel undergoes relatively rapid dissolution in culture, releasing the cells 

prematurely (46). Therefore, a chemical cross-linking strategy was employed to stabilize the 

hydrogel structure (46). Upon printing, the 3D construct was exposed to UV light (Superlite 

S-UV 2001AV lamp (Lumatec), which emits UVA and blue light (320–500 nm, intensity of 6 mW 

cm-2 at 365 nm)), which induces the formation of chemical cross-links within the hydrophobic 

domains. Figure 2 shows the effect of the photopolymerization on the rheological properties of 
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the hydrogels. As can be seen in Figure 2 and as demonstrated earlier (44), the storage modulus 

of the hydrogel remarkably increased upon UV irradiation (BluePoint lamp 4, 350–450  nm, 

Honle UV technology, light intensity of 50 mW cm −2), due to the stabilization of the hydrophobic 

domains via chemical cross-links. For example, G’ increased approximately by a factor 100 for 

the 25 wt% M
30

P
10

 hydrogel after photopolymerization (from 0.35 to 36 kPa).

Figure 2 further shows that G’ increased with increasing polymer concentration, 

demonstrating the possibility to tailor the stiffness of the hydrogel by changing the solid 

content. For all the tested polymer concentrations, the photopolymerized hydrogels exhibited 

tan (d) values of 0.1, meaning that almost fully elastic matrices were formed. 

In Figure 3, it can be observed that for thermal hydrogels (triangles), the storage modulus 

(G’) at 37 °C scaled with polymer concentration (C) according to a power law Equation (1). 

Chemically cross-linked hydrogels (squares in Figure 3), also displayed the same power law 

scaling between storage modulus at plateau level (G’
∞

) and C:

G’
(∞)

 (Pa) = A * C (wt %) K   (1)

where A is equal to 0.71 ± 0.19 and 5.3 ± 0.60 * 10-3 and K is equal to 3.37 ± 0.08 and 3.40 ± 0.32 for 

photo-polymerized and thermal hydrogels, respectively. 

This non-linear rheological behavior is typically found for semi-flexible polymers and can 

be ascribed to differences in hydrogel inner structure, at increasing polymer concentration, 

due to different self-assembly of the thermosensitive chains. At temperatures higher than 

the polymer cloud point, the thermosensitive chains arrange into hydrophobic domains that 

increase in size as well as density at increasing polymer concentration, resulting in power 

law dependence between G’
∞

 and C. Indeed, the formation of larger polymer-rich clusters at 

increasing concentration greatly contributes to the hydrogel strength even at limited increase 

in polymer fraction. The non-linear mechanical properties in thermally assembled p(HPMAm-

lac-PEG-p(HPMAm-lac) based hydrogels was also observed earlier by Vermonden et al. (45). 

Many biopolymers, such as DNA, collagen, actin display semi-flexible behavior (49-52), unlike 

ordinary flexible polymers, such as polystyrene, poly(methyl methacrylate) or polylactide-PEG-

polylactide block copolymers, that show a linear dependence of G’
∞

 on concentration (53). 

Semi-flexible polymers based networks are of great technological interest because they exhibit 

a high modulus at relatively low polymer volume fraction (52). This property is particularly 

relevant for load bearing applicatons, such as cartilage tissue engineering. Although a 

considerable number of semi-fl exible natural biomaterials is reported in literature, only a few 

synthetic polymers exhibit semi-flexible character (54, 55). 

As compared to networks of natural biopolymers described in literature, a higher value 

of K was found for photopolymerized and thermal hydrogels. Rammensee et al reported a 

G’
∞ 

~ C2 dependence of both cross-linked and non-cross-linked spider silk hydrogels. Similarly, 

MacKintosh et al. showed that for entangled solutions of actin, the plateau modulus scaled with 

concentration as G’
∞ 

~ C11/5 and predicted a stronger (G’
∞ 

~ C5/2) dependence for densely cross-

linked hydrogels (52). In M
10

P
30 

based hydrogel, a value of K (3.4) higher than those reported 

above was found, demonstrating the possibility to increase the elastic modulus of the photo-

crosslinked hydrogel to an even higher extent at low polymer volume fractions.
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The value of 3.4 is similar to the one reported by Vader et al. for collagen type I networks, 

which showed G’
∞ 

~ C3 dependence (56). Because of the similarity of its rheological properties 

to those of collagen, the described M 10 P 30 hydrogel is a promising candidate for tissue 

regeneration purposes.

The rheological behavior and the dependence of storage modulus on polymer concentration 

can be tuned by the preparation procedure of the hydrogel, e.g. we previously demonstrated 

that the heating rate remarkably affects the hydrogel self-assembly (57). Particularly, it was 

shown that when the hydrogel self-assembles by heat shock (immediate temperature change 

from 4 to 37 °C), its inner structure shows a homogeneous distribution of nano/micro phase 

separated polymer assemblies. In contrast, at slower heating rate, a more extentive phase-

separation occurred, resulting in the formation of larger polymer-rich domains. 

Non-linear mechanical behavior was also observed in (non)photo-polymerized hydrogels 

at 37 °C with increasing shear strain from 0.001 to 10 (Figure 4). In contrast to many biopolymers, 

exhibiting strain-stiffening, M
10

P
30

 hydrogels of different polymer concentrations, both thermally 

and chemically cross-linked (Figure 4a), showed strain-softening behavior, with substantial 

decrease of G’ and predominance of loss modulus for strain values higher than 0.1. This 

behavior is often found in (permanently) cross-linked elastic networks and is attributed to the 

redistribution of internal stresses upon progressive slip of the cross-links with increasing shear 

strain and to the eventual breakage of the reversible cross-links or of the photopolymerized 

network at high strains (54, 58). As expected, the thermal hydrogels are disrupted at lower 

strain values as compared to chemical networks (Figure 4a), as their cross-links can be more 

easily destabilized by internal stresses. Interestingly, comparing photopolymerized hydrogels 

of different polymer concentration (Figure 4b), it can be noted that the networks of higher 

polymer concentration start to soften and break at lower strain as compared to their analogues 

of lower solid content, while while the corresponding stress values at the failure strain were 

similar for both polymer concentrations. Matrices of higher polymer concentration, indeed, 

have a higher cross-link density that yield more rigid and brittle gels that break at lower shear 

strains as compared to more flexible networks of lower polymer content. 

3D Printed Constructs

Figure 5 shows that computer controlled deposition of 25 wt% M
30

P
10

 hydrogels resulted in the 

formation of 3D porous hydrogels with a thickness up to a total height of approximately 0.6 

cm (37 layers) and regular squared vertical pores of 1.2 × 1.2 × 6 mm (length × width × height) 

throughout the printed matrix. . The height of the printed scaffold was chosen arbitrarily and was 

dependent on the design of the STL fi le imported in the printing program. Potentially, higher 

scaffolds can be built. Clearly, the combination of thermosensitivity and photopolymerization 

allows the preparation of matrices with remarkable thickness, precise and reproducible 

internal design and porosity and good dimensional stability. Importantly, the dual cross-linking 

method (thermally and UV induced) yielded constructs of enhanced resolution as compared 

to bioprinted scaffolds that rely only on photopolymerization, as described for hyaluronan/

gelatin hydrogels by Skardal et al. (59) or on physical cross-linking as studied by Cohen et al. 

for alginate hydrogels (60). Resolution is an important property as it allows the preparation of 

constructs with highly defined 3D structure and good geometrical fidelity to the shape of the 
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Figure 4. Strain-softening behavior 
of thermally and chemically 
assembled networks. The effect of 
increasing strain on storage (G′) 
and loss (G″) moduli is studied for 
a) thermally assembled (no UV) 
and photopolymerized (UV) 25 
wt% polymer hydrogels and for 
b) photopolymerized hydrogels of 25 
and 35 wt% polymer concentration. 
The rheological analyses of the 
hydrogels were performed at 37 °C 
and at a frequency of 0.2 Hz. 

defect in the organ to be regenerated. The weight of subsequent hydrogel layers caused the 

fusion of transversal pores during stacking of layers, as indicated by the white arrow in Figure 5b. 

The fusion of transversal pores, commonly found in 3DF of soft materials like hydrogels (61) can 

be a potential limitation of the current printing technology. However, the presence of vertical 

pores combined with the high diffusivity of the studied hydrogel matrix (57, 58), is sufficient to 

provide rapid diffusion of nutrients and metabolites (61). 

Figure 6 shows microscopy images of layered and adjacent 25 wt% M
30

P
10

 hydrogel fibers 

loaded with fluorescent microspheres (fluorescent lemon and fluorescent orange). The 

microspheres are easy to handle and to detect by microscopy. Moreover, they can be easily 

incorporated in the hydrogel matrix and are used in this study as cell models. Several patterns 

were generated (straight layered fibers in Figure 6a, 6b and 6e and adjacent circular/squared 

fibers in Figure 6c and 6d). These pictures illustrate the printability of the studied hydrogel 

with highly defined patterning. By comparing Figures 6a and 6e, it can be observed that 
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the same layered design can be realized at different strand spacing (1.5 mm and 0.8 mm, for 

Figure 6a and 6e, respectively) and pore shape is maintained, demonstrating a good resolution 

for 3D  printing of the studied thermosensitive material. Both the layered and the adjacent 

fluorescent microsphere loaded hydrogels (Figure 6) displayed excellent maintenance of 

distinct localization of the cell mimicking microspheres. The hydrogel can thus be potentially 

used for the construction of organized structures containing different cell types, as long as the 

hydrogel maintains integrity and supports survival of cells during and after the printing process.

mechanical characterization and degradation behavior of 3D constructs 

Porous constructs of 25 wt% M
30

P
10

 hydrogel (dimensions of 1 cm× 1.5 cm× 0.6 cm) with a strand 

spacing of 1.5 mm were printed and subsequently photopolymerized for 10 minutes. It was shown 

that 88 ± 7% of the available methacrylate groups had reacted (UPLC analysis), which is in line with 

previous data on the photopolymerization of solid constructs, where a methacrylate conversion of 

Figure 5. Photographs of 3D 
printed 25 wt% M30P10 hydrogels 
(dimensions: 1 cm × 1.5 cm × 0.59 
cm, strand spacing: 1.5 mm). a, Top 
vision, b, detail of vertical pores with 
fused transversal pores (white arrow). 

Figure 6. Microscopy pictures of subsequently printed layers of 25 wt% M30P10 hydrogels loaded with Dye-Trak 
“F” fluorescent microspheres, fluorescent lemon and fluorescent orange at the concentration of 1*106 spheres 
per ml. a, 2 and b, 3 layers angled construct (1.5 mm strand spacing) with distinct localization of fluorescent 
microspheres. c, d, printing of adjacent fibers with circular patterns with maintenance of distinct dye localization. 
e, 2 layers construct with 0.8 mm strand spacing. 
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90 ± 2% was found (44, 46). It is clear that regardless of the shape, porosity and hydrogel volume, the 

photopolymerization process is very efficient for hydrogels of 25 wt% M
30

P
10

 polymer concentration.

The chemical cross-links influenced the mechanical and degradation behavior of the 

(porous 3D printed) hydrogels. An elastic modulus (E) of 119 ± 4 kPa was obtained for 3D 

printed constructs of 0.6 cm. This value is comparable with that of a solid construct of equal 

polymer composition, which had elastic modulus of 108 ± 7 kPa (SI, Figure 4) but lower than 

that reported for native cartilage tissue ( E of approximately 4 MPa) (62). The similarity found 

in elastic moduli of solid and porous constructs can be explained by the lack of transversal 

pores in the 3D constructs that made the compression resistance of the printed constructs 

similar to that of solid cylinders. Also, the constructs might suffer from water evaporation 

during the printing process, resulting in slightly higher polymer concentrations and stronger 

gels as compared to the solid constructs. We reported earlier E values of 40 to 70 kPa for solid 

constructs of 25 wt % p(HPMAm-lac)-PEG triblock copolymer with methacrylation degrees 

ranging from 4 to 9% (46), demonstrating the possibility to tailor the elastic modulus of the 

matrices by the methacrylation extent. Other photopolymerized PEG based solid hydrogels 

studied for cartilage engineering showed values of E from 60 to 500 kPa, a range that includes 

the elastic modulus found in the present study for 3D printed constructs (63).

The degradation rate of porous constructs composed of 12 layers of 25 wt% M
30

P
10

 hydrogel 

was studied by incubating them at pH 7.4 and 37 °C. Figure 7a shows that the constructs 

degraded completely in approximately 190 days upon a swelling phase of about 130 days, where 

the constructs doubled their weight (swelling ratio of 2), due to uptake of water. The swelling 

behavior of the photopolymerized hydrogels is a direct consequence of the degradation of 

the polymer. As described previously by Neradovic et al. (48), during incubation with buffer at 

pH 7.4, the lactate side chains of the polymer are hydrolyzed through a backbiting mechanism, 

resulting in increased hydrophilicity of the network and consequently higher water uptake. 

The weight loss of the hydrogel begins when the ester groups connecting the methacrylate 

moieties and the polymer backbone are also hydrolyzed. These connecting ester bonds are 

less sensitive for hydrolysis than those present in the non-derivatized units. Therefore, during 

its initial phase, the degradation translates into a gradual increase of the swelling ratio and only 

when the chemical cross-links are cleaved, the networks dissolves, resulting in weight loss (64). 

The degradation time of the constructs relates very well to the degradation time of 

cylindrical gels of 100 mg weight based on 20 and 35 wt % M
30

P
10

 (Figure 7a) (58). Indeed, 

regardless of the weight of the (porous) matrix (100 and 750 mg for cylindrical gels and porous 

constructs, respectively), the degradation time scales linearly with polymer concentration 

(Figure 7b). This finding is supported and explained by previous studies, where it was shown that 

the degradation of the polymer is exclusively mediated by hydrolysis (48, 64). The degradation 

rate depends on the polymer concentration and consequently on the cross-linking density and 

it is not related to the amount or shape of the hydrogel.

The observed degradation time-scale of the constructs is suitable for cartilage regeneration 

purposes, for which long-term mechanical support is of importance and eventually complete 

degradation of the material is needed.
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Viability of equine Articular Chondrocytes in Photopolymerized Hydrogels

To assess to which extent photopolymerized hydrogels affect the viability of encapsulated 

chondrocytes, their survival was studied in cylindrical solid constructs of 100 μl volume 

after 1 and 3 days culture. Upon encapsulation of the chondrocytes in the 25 wt% hydrogel 

and subsequent photo-polymerization, a homogeneous distribution of cells throughout the 

hydrogel was observed (data not shown). Excellent viability (94 ± 3 %) was observed after 1 day 

of culture and no significant decrease in cell survival was found after 3 days with a viability of 

85 ± 7 % (Pictures of chondrocytes stained for LIVE/DEAD assay are shown in SI, Figure 5). As 

shown earlier for human mesenchymal stromal cells (46), the investigated material also supports 

viability of chondrocytes, and no adverse effects due to the UV exposure were observed (65). 

These results establish the basis for further implementation of these materials in the field of 

cartilage tissue engineering.

Figure 7. a, degradation profile of 12 layered 
3D constructs of 25 wt% M30P10 hydrogel 
(dimensions: 1 cm × 1.5 cm × 0.6 cm, strand 
spacing: 1.5 mm) at 37 °C and pH 7.4. The 
swelling ratio, defined as ratio between the 
weight of the construct at different timepoints 
during exposure to degradation medium 
(W t) and the initial weight of the construct 
(W0), is shown as a function of time. Data are 
shown as mean ± SD, n = 3. b, relationship 
between the degradation times of 20 and 
35 wt% M30P10 solid cylindrically shaped 
photopolymerized hydrogels of 100 mg and 
12 layered 3D  constructs of 25 wt% M30P10 
hydrogel (dimensions: 1 cm × 1.5 cm × 0.6 cm; 
strand spacing: 1.5 mm; 250 mg) at 37 °C and 
pH  7.4. Regardless of the shape and weight 
of the hydrogels, the degradation time scaled 
linearly with the polymer concentration.
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CONCLuSIONS 
In this paper, we reported on the feasibility of a photopolymerizable thermosensitive 

and biodegradable hydrogel based on PEG and HPMA-lactate for 3D fiber deposition. We 

demonstrated that the hydrogel mechanical properties adapt well to the process of 3D 

printing, as structurally stable 3D constructs with well defined vertical porosity and enhanced 

stability by photopolymerization were successfully printed by subsequent deposition of gel 

fibers up to at least 0.6 cm. Construct pattern and strand spacing could easily be tuned. Using 

layer-by-layer deposition of hydrogels, accurate and precise placement of different beads 

encapsulated in p(HPMAm-lac)-PEG-p(HPMAm-lac) was shown. The semi-flexible character 

of the studied polymer, demonstrated by the power law scaling of the hydrogel storage 

moduli with the polymer concentration, establishes similarities with many natural polymers, 

including collagen. These similarities make the studied biomaterial potentially suitable as 

synthetic extracellular matrix for cartilage tissue engineering. The good mechanical resistance 

and tunable degradation rate of the hydrogels offer potential long-term support to the 

encapsulated cells until the new tissue is formed. Importantly, high chondrocyte viability was 

observed after 1 and 3 days, further emphasized the suitability of the studied hydrogel as a 

promising candidate for bioprinting applications. Possible applications might not be limited to 

the described biofabrication technique, but might include other rapid prototyping techniques 

like laser assisted bioprinting (66), organ printing (11) and soft lithography (67). 

Future studies will be addressed towards the design of complex 3D constructs with 

appropriate properties for engineering articular cartilage and long-term tissue formation 

both in vitro and in vivo will be investigated. The high tailorability of the hydrogels, in terms 

of mechanical properties, degradation behavior and diffusivity (44, 58, 68), as well as the 

possibility to regulate cell behavior by incorporating and releasing growth factors in a diffusion 

controlled and tailorable fashion (44) and the functionalization of polymer hydroxyl groups 

with adhesive peptides (69) hold great potential for a successful further development. 
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SuPPORTING INFORmATION

SI Figure 1. GPC chromatogram of (PEG-ABCPA)n macroinitiator (MI); a trace amount of unreacted PEG (< 1 % 
based on AUC)
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SI Figure 2. 1H-NMR spectrum of (PEG-ABCPA)n macroinitiator (MI) in CDCl3. By comparing the integration of 
PEG protons to those of ABCPA, a ratio PEG/ABCPA of 1.2 was calculated, demonstrating the presence of a small 
amount of unreacted PEG in the MI.

SI Figure 3. Comparison of GPC chromatograms of PEG-pHPMAm-lactate triblock copolymers (M30P10) synthesized 
using dialyzed (a) and non-dialyzed (b) (PEG-ABCPA)n macroinitiator. The presence of unreacted ABCPA in the non-
dialyzed macroinitiator leads to the formation of polymers of HPMAm-lactate without PEG chain during the radical 
copolymerization of PEG and HPMAm-lactate, visible as side peak in chromatogram (b). It appears that dialysis is an 
effective method to purify the unreacted ABCPA from the macroinitiator and prevent the formation of polymers of 
HPMAm-lactate without PEG chain, as shown in chromatogram (a).
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ABSTRACT
For regenerative medicine approaches, materials need to be biocompatible and biodegradable. 

The mechanical stability of the material is of particular importance for the tissue engineering 

of musculoskeletal tissues, which can be subjected to high mechanical forces. We therefore 

investigated the mechanical properties and swelling behavior of gelatin methacrylamide 

(gelMA) hydrogel. 

The swelling and mechanical properties of gelMA hydrogel could be controlled by a 

number of means, allowing the swelling and mechanical properties to be modulated over 

large ranges. Increasing the photocrosslinking time from 5 to 30 minutes markedly increased 

the compressive modulus of the GelMA hydrogel and led to significant differences in swelling 

properties. By increasing the concentration of gelMA in the precursor solution from 5 to 20% 

and maintaining the photocrosslinking time at 30 minutes, the stiffness of hydrogels increased, 

with only minor variations in swelling. Swelling and mechanical properties can hence be 

controlled by manipulating these two simple parameters. 

Moreover, the feasibility of the use of GelMA hydrogels in a 3-dimensional bioprinting 

technique was explored, and when this proved to be challenging, due to the low viscosity of the 

material, hyaluronic acid (HA) was added. The addition of HA to GelMA significantly improved 

bioprinting qualities of the hydrogel, both alone and in hybrid configuration. Further, the cell 

compatibility and differentiation of chondrocytes in gelMA with and without the addition of 

HA was investigated. High cell viability was shown for all groups, with values comparable to 

those described in literature for other hydrogel types. The addition of HA had a significant 

positive effect on cell viability at a 3 days time point. In both biomaterials, cartilaginous 

tissue formation was observed. In conclusion, gelatin methacrylamide is a suitable candidate 

for cartilage tissue engineering, and when combined with HA, the biomaterial is also an 

interesting candidate for bioprinting. 
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INTRODuCTION 
Cartilage defects, for instance resulting from a sports trauma, do not heal spontaneously. A 

number of treatments are available for these defects, such as mosaicplasty, microfracture, and 

autologous chondrocyte implantation. Although the functional outcome of these treatments 

is generally satisfactory (1, 2), all techniques have serious drawbacks that may, depending on 

the therapy chosen, include poor long-term outcome, donor site morbidity, or elevated costs 

because of a complicated two-stage intervention. Further, as always in cartilage healing, the 

cartilage tissue is repaired rather than restored, which means that the native articular cartilage 

is replaced by a predominantly fibrous tissue. Therefore, researchers world-wide investigate 

possible strategies for the improvement of current clinical practice in the treatment of (osteo)

chondral defects. 

In regenerative medicine, a combination of cells, materials and growth factors is used, in 

order to improve, restore or replace damaged tissues or organs. Finding the optimal proportions 

in the delicate balance of these three factors is a major challenge in the field. Biomaterials, as a 

temporary extracellular matrix, must provide a support structure for the cells and at the same 

time allow the cells to proliferate and/or differentiate (3). Apart from the materials used, the 

method of manufacturing of the matrix also determines functionality, and techniques such as 

stereolithography and bioprinting are recognized as promising innovative technologies in the 

emerging field of regenerative medicine (4). Bioprinting involves the organized and specific 

placement of cells and materials, with or without a carrier material, to recreate the complex 

(cellular) organization of tissues and organs (5-7). The possibility of combining different cell 

types makes this approach particularly interesting for cartilage tissue engineering, since it can 

aid in the replication of the native zonal differences of the tissue (8). The field is advancing, 

but a number of challenges still must be solved before this technology can be successfully 

translated to clinical practice. 

Biomaterials used in bioprinting need to meet a number of requirements. First, the viscosity 

of the material must enable the deposition of strands. Second, the material must have adequate 

mechanical properties to allow the construct to retain its shape after printing. Third, the 

biomaterial must be cytocompatible and allow for differentiation of the encapsulated cells. 

Controlling the swelling characteristics of hydrogels is particularly important for bioprinting 

constructs with defined sizes and geometries. The final shape and size of a construct are only 

reached after swelling, so swelling characteristics are an important design parameter for 

printing hydrogel constructs. 

A biomaterial that holds promise for bioprinting of cartilaginous tissue constructs is 

gelatin, a water-soluble protein obtained by the denaturation of animal collagen. In aqueous 

solutions, gelatin forms a thermoreversible hydrogel once it is below its upper critical solution 

temperature (UCST) (9). The UCST of gelatin ranges from approximately 25 - 35 °C, depending 

on the concentration, source, treatment, concentration and solvent (9, 10). Gelatin solutions 

form thermal gels within physiological temperature ranges, allowing cells to be encapsulated 

within printed constructs. Thanks to its biodegradability (11, 12) and biocompatibility (13), 

gelatin is a useful component for cell culture systems and tissue engineering. Functionalisation 

of gelatin with photosensitive groups allows preparation of covalently crosslinked hydrogels 
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under mild conditions, while crosslink densities can be tailored by tuning the degree of 

functionalisation (DoF) (14, 15). Gelatin methacrylamide (gelMA) gels have already been applied 

for cell encapsulation for a wide range of cell types (16-19). To match the mechanical properties 

of  the surrounding tissue, the properties of cell-free GelMA hydrogels can be modulated in 

three ways: 1) the UV exposure duration can be varied, 2) the concentration of the gelMA 

precursor solutions (and thus the degree of crosslinking) can be varied, 3) the hydrogels can be 

either solely UV crosslinked, or both thermally and UV crosslinked.

For the treatment of articular cartilage defects, large stiffness (while retaining a certain 

degree of resilience) of implants is particularly relevant, since the material will be subjected 

to high contact pressures during movement in weight bearing joints (20, 21). Furthermore, in 

native cartilage tissue (mechanical) properties and functions of the tissue vary with distance 

from the surface; mechanical stiffness increases with depth to be more than an order of 

magnitude higher in the deep zone (22). The ability to regenerate articular cartilage with a 

zonal structure featuring different characteristics with changing depth would mark a significant 

advancement in the treatment of chondral defects. 

The UCST-behaviour makes gelatin gels a suitable candidate for bioprinting. In addition to 

physical thermal gelation, gelatin can be chemically crosslinked in several ways to obtain an 

irreversible gel. Alternatively, a second crosslinkable component can be mixed in to create a 

stable printed structure, for example fibrin (23) or hyaluronic acid (HA) (24). The addition of HA 

can be specially beneficial for cartilage regenerative medicine since the compound has been 

shown to promote extracellular matrix synthesis (25, 26). 

In this work, we characterize how the UV dose and macromer concentration influence the 

mechanical and swelling properties of gelMA hydrogels. Since bioprinting approaches utilize the 

thermoresponsive properties of gelMA to provide the temporary mechanical characteristics, 

we investigated the influence of cooling and thermal gel formation before photocrosslinking 

of the gelMA solutions. Subsequently, the suitability of GelMA for engineering of cartilaginous 

tissue was assessed through culturing of chondrocytes encapsulated in photocrosslinked 

gelMA gels. Lastly, the suitability of these gels for bioprinting was explored. 

mATERIALS AND mEThODS 

Preparation of gelMA

GelMA was prepared by reaction of type A gelatin (Sigma-Aldrich, St. Louis, Missouri, USA) 

with methacrylic anhydride (Sigma-Aldrich) at 50 °C for one hour, as previously described (14). 

Briefly, methacrylic anhydride was added dropwise to a 10% solution of gelatin in phosphate-

buffered saline (PBS Invitrogen, Carlsbad, California, USA) under constant stirring. To achieve 

a high degree of functionalisation, 0.6 g of methacrylic anhydride was added per gram 

of gelatin  (27). The functionalised polymer was dialysed against distilled water for 3 days at 

40 °C to remove methacrylic anhydride, neutralized with 10% sodium bicarbonate (Merck, 

Darmstadt, Germany), and freeze-dried before use. The addition of photocrosslinkable 

methacrylamide groups to gelatin was confirmed and quantified using proton nuclear 

magnetic resonance  (1H  NMR) (Bruker 400 MHz, Alexandria, NSW, Australia). The 1H NMR 
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spectrum for gelatin showed no peaks in the range d 5-6, while the gelMA spectrum showed 

distinct peaks at  d 5.33 and 5.57, corresponding to the vinyl protons of the methacrylamide 

groups. The degree of functionalisation was determined as previously published (28) and using 

a composition of acid treated, porcine skin derived gelatin (29). The integral of the peaks for 

vinyl protons (d 5.33, 5.57) was normalized to the integral of the aromatic side chains (d 7.2), 

giving a degree of functionalisation of 53%. 

Hydrogel precursor solutions were prepared in PBS, with a final concentration of the 

photoinitiator Irgacure 2959 (Ciba, BASF, Ludwigshafen am Rhein, Germany) of 0.05%. Cell-free 

gelMA hydrogels were crosslinked in a custom-built teflon mold in which gel discs with a height 

of approximately 10x4x2 mm (LxWxH) can be fabricated. Gels were photocrosslinked using 365 

nm light at an intensity of 2.7 mW/cm2 in a UVP CL-1000L crosslinker (UVP, Upland, California, 

USA). GelMA solutions were either crosslinked at 37 °C, or allowed to cool to room temperature 

and then UV crosslinked. 

Physical properties

To assess the mass swelling ratio, swelled gels were weighed, then lyophilized to determine 

their dry mass, and the mass swelling ratio was determined by the ratio of equilibrium wet 

weight to dry weight. To determine the effective swelling, gels were weighed immediately after 

crosslinking and again after swelling overnight in PBS at 37 °C. The difference in wet weights 

was expressed as a percentage. The compressive moduli of swelled gelMA hydrogels were 

measured using an Instron 5848 microtester (Instron, Norwood, Massachusetts, USA) with a 5N 

load cell. The hydrogels were tested in an unconfined arrangement while submerged in PBS at 

37 °C. The gels were compressed at a rate of 0.01 mm/s, and the Young’s modulus was taken as 

the slope of the stress-strain curve from 10-15% strain. 

Three-dimensional fiber deposition

Three-dimensional models for the constructs were designed using Rhino 3D software (McNeel, 

Seattle, Washington, USA). The Standard Tessellation Language (STL) files of these models 

were then loaded via computer-aided manufacturing (CAM) software (PrimCAM, Einsiedeln, 

Switzerland), and constructs were printed using the BioScaffolder dispensing system (SYS+ENG, 

Salzgitter-Bad, Germany). Briefly, the BioScaffolder is a three-axis dispensing machine, which 

can build three-dimensional (3D) constructs by coordinated motion of one or more pneumatic 

syringe dispensers (for dispensing hydrogel) and a polymer dispenser, which deposit on a 

stationary platform. To ensure sterile conditions the BioScaffolder is placed in a custom-built 

laminar cross flow cabinet (Clean Air, Woerden, the Netherlands). Manufacturing was performed 

at room temperature. To keep the hydrogel at a temperature of 37 °C, both pneumatic syringe 

dispenser heads were heated using warm water flow provided by a ThermoCube (Solid State 

Cooling Systems, New York, USA).

Two types of constructs were printed, one a hydrogel only construct, consisting of 

either 10% or 20% GelMA, combined with 2,4% hyaluronic acid sodium salt (Sigma-Aldrich), 

the other a hybrid construct consisting of 10% GelMA, 2,4% hyaluronic acid sodium salt, and 

the thermoplastic polymer Polycaprolactone (PCL, Mw 70,000–90,000, Sigma-Aldrich). 

For the hydrogel construct, scaffolds of 4 layers high (height approximately 1.2 mm width 
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x length 20 x 20 mm) were fabricated. Deposition was performed using alternating angles of 0° 

and 90°, a 27G needle (inner diameter 210 μm) , an XY-plane speed of 1000 mm min-1, a spindle 

speed of 1.5 (arbitrary units), a strand distance of 1.5 mm, and a layer thickness of 0.3 mm. 

The fabrication of the hybrid construct (6 × 60 × 2 mm) consisted of alternating steps of 

thermoplastic polymer and hydrogel printing. The PCL was heated to 160°C and subsequently 

dispensed through a 23G metal needle (inner diameter 337 μm, DL Technology LLC, Haverhill, 

MA, USA) using a pressure of 0.5 MPa, and a deposition speed of 176 mm min−1. Two pneumatic 

syringe dispenser heads were used to dispense GelMA/HA between the PCL fibers at an 

XY-plane speed of 60 mm min-1, a spindle speed of 1.10 (arbitrary units), using an 18G needle 

(inner diameter 838 μm). To visualize the possibility of depositing separate hydrogel layers, 

GelMA/HA hydrogel was either stained using fast green, or basic fuchsin (pink, both from 

Sigma-Aldrich), or loaded with Dye-Trak ‘F’ fluorescent blue or lemon beads (Triton technology, 

San Diego, CA, USA). Subsequent layers were deposited at an angle (normally 90◦, 0–90) with 

the underlying layer. After all layers had been printed, GelMA was crosslinked using UV light 

for 5 minutes with a Superlite S-UV 2001AV lamp (Lumatec). Printed constructs were cut to 

yield samples with sizes of approximately 6 x 5 x 2 mm, and analyzed using a light microscope, 

equipped with an epifluorescence setup and excitation/emission setting of 488/530nm to 

detect yellow fluorescent beads and 460/495 nm to detect blue fluorescent beads.

Cell isolation and culture

Full thickness healthy articular cartilage was harvested from the condyles and patellofemoral 

grooves of fresh equine cadavers (n=3 per condition, age 4–9 years) under aseptic conditions. 

After digestion of the tissue using 0.15% type II collagenase (Worthington Biochemical 

Corporation, Lakewood, New Jersey, USA) overnight at 37°C, the cell suspension was filtered 

(100 μm cell strainer, BD Falcon, Bedford, Massachusetts, USA) and washed three times 

in PBS). Cells were then resuspended in chondrocyte expansion medium (DMEM (Invitrogen) 

supplemented with 10% Fetal Bovine Serum (FBS, Biowhittaker, Walkersville, Maryland, USA), 

100 units/mL penicillin and 100 μg/mL streptomycin (both Invitrogen), 25 mM Hepes (Gibco, 

Invitrogen) and 10 ng/mL FGF-2 (R&D Systems, Minneapolis, Minnesota, USA)) and counted 

using a hemacytometer. Chondrocytes were expanded until 90% confluency in monolayer 

cultures (5,000 cells/cm2) in expansion medium. 

fabrication of cell-laden gelatin hydrogel constructs 

After expansion, cells were detached using trypsin 0.25% (Invitrogen), washed with PBS, 

and resuspended in either a 10% gelMA solution or a solution of 10% gelMA and 2.4% HA 

methacrylamide acid solution (GelMA/HA). The GelMA hydrogel consisted of 10% (w/v) gelatin 

methacrylamide and 0.05% (w/v) Irgacure 2959 (Ciba). For the GelMA/HA, 2.4% hyaluronic 

acid sodium salt (from Streptococcus equi, Sigma-Aldrich) was added to the gelatin hydrogel. 

Cells were encapsulated at a density of 5.0 × 106 cells/ml for LIVE/DEAD assays and at a density 

of 2.0 × 107 cells/ml for differentiation assays. Constructs of 100 μl were fabricated using two 

sterilized glass slides and two PVC spacers of 2 mm height. The hydrogel-cell suspension 

was put on a glass, the spacers were placed, and the second glass was put on top of the gel, 

yielding a cylindrical construct. A Superlite S-UV 2001AV lamp (Lumatec, Munchen, Germany) 
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was used to cross-link the cell-laden hydrogel constructs for 5 minutes. Constructs were 

cultured in chondrogenic differentiation medium (DMEM supplemented with 0.2 mM ascorbic 

acid 2-phosphate (Sigma-Aldrich), 0.5% human serum albumin (Cealb, Sanquin, Utrecht, The 

Netherlands), 1% (v/v) insulin-transferrin-selenium mixture (ITS-X, Invitrogen), 100 units/mL 

penicillin and 100 μg/mL streptomycin, and 5 ng/mL TGF-b2 (R&D Systems Abingdon, 

United Kingdom)). Samples for LIVE/DEAD assays were taken after 1 and 3 days. Samples 

for differentiation were cultured for 4 weeks, medium was refreshed twice a week. Samples 

(n=3 per donor) were cut in half, one half was processed for histology whilst the other half was 

used for quantitative assays. 

Viability assay

To visualize cell viability, a LIVE/DEAD Viability Assay (Molecular Probes MP03224, Eugene, 

USA) was performed according to the manufacturer’s recommendations. The samples were 

examined using a light microscope and photomicrographs taken with an Olympus DP70 camera 

(both Olympus, BX51, United States). The excitation/emission filters were set at 488/530 nm to 

observe living (green) cells and at 530/580 nm to detect dead (red) cells. Live and dead cells 

were counted for 3 samples per time point, at four locations within each construct. 

Histological, immunohistochemical and biochemical analyses

For histology, samples were fixed in formalin, processed through graded alcohol series and 

embedded in paraffin. Embedded sections were cut to yield 5 μm sections. Sections were 

stained with Weigert’s hematoxylin (Klinipath, Duiven, The Netherlands) and fast green (Merck) 

for cells and with Safranin-O (Merck) for proteoglycans. For immunolocalization of cartilage 

marker collagen type II, endogenous peroxidase was blocked using a 0.3% H2O2 solution for 

10 minutes. Samples were washed with PBS/Tween (0.1%) and subsequently, hyaluronidase and 

pronase antigen retrieval was used. Samples were blocked with 5% BSA in PBS for 30 minutes and 

then incubated overnight with the monoclonal anti-collagen type II antibody (1:100, II-6B3II, 

Developmental Studies Hybridoma Bank, USA). Samples were then incubated for 60 minutes 

with goat anti-mouse HRP antibody. Staining was visualized using DAB solution (Sigma-

Aldrich, USA) for 10 minutes. Counterstaining was performed with hematoxylin. The sections 

were examined using a light microscope. Isotype controls were performed by using mouse 

isotype IgG1 monoclonal antibody at concentrations similar to those used for the staining. For 

biochemical analysis, samples were digested overnight at 56°C in a solution containing 250 μg/mL 

 papain (Sigma-Aldrich). quantification of total DNA was performed by quant-iT PicoGreen 

dsDNA kit (Molecular Probes, Invitrogen) using a spectrofluorometer (Biorad, Hercules, 

California, USA). The amount of GAGs was determined spectrophotometrically after reaction 

with dimethylmethylene blue dye (DMMB, Sigma-Aldrich)(30), pH=3.0. Intensity of color 

change was quantified immediately in a microplate reader (Biorad) by measuring absorbance 

at 540 and 595 nm. The amount of GAGs was calculated using a standard of chondroitin sulphate 

Cx(Sigma-Aldrich) and by calculating the ratio of absorbances. The tissue sections were 

examined using a light microscope (Olympus BX51, Hamburg, Germany) to assess the tissue 

thickness, the distribution of cells and GAGs. Photographs of all samples were then taken using 

an Olympus DP70 camera. 
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Statistics

All statistical analyses were performed using SPSS 15.0 software (IBM Corporation, Armonk, 

NY, USA). A one-way ANOVA was used for analysis of physical properties. To analyze viability 

between conditions, a one-way analysis of variance (ANOVA) was used, while for viability in 

time, a repeated measurements ANOVA was performed. For the comparison between GAG 

and GAG per DNA, an independent samples t-test was used. All data are shown as mean values 

± standard deviation. 

RESuLTS 

effect of uV exposure

Total UV exposure is a sensitive parameter for controlling the stiffness and swelling 

characteristics of gelMA hydrogels. The compressive moduli of GelMA hydrogels crosslinked 

for 30 minutes were over 10-fold greater than those crosslinked for 5 minutes (Figure 1). Gels 

which were crosslinked for 5 minutes had a compressive modulus of 13 kPa, an equilibrium 

mass swelling ratio of 11.5, and wet weight increased by over 60% after swelling in PBS at 37 °C. 

In comparison, gels crosslinked for 30 minutes had a compressive modulus of approximately 

180 kPa, an equilibrium mass swelling ratio of 5.5, while the wet weight was unchanged after 

swelling in PBS.

A

B

Figure 1. Effect of UV exposure 
on the mechanical and swelling 
properties of 20% (w/v) gelMA 
hydrogels. Stiffness of the hydrogels 
increases with UV exposure up 
to 25 minutes, and equilibrium 
mass swelling ratios decrease with 
increased UV exposure (A). Bars and 
lines represent compressive modulus 
and swelling, respectively. Eeffective 
swelling (B) decreases significantly 
with increased UV exposure. 
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The equilibrium mass swelling ratio (q) is a commonly used metric to gauge the water 

content of hydrogels. For applications in which the hydrogel geometry and size are important, 

the change in wet weight of the hydrogel during swelling is also important.

effect of macromer concentration

To investigate the effect of macromer concentration on swelling and mechanical properties, 

gels were produced by photocrosslinking gelMA solutions with concentrations of 5, 10, 15 

and 20% (w/v) (Figure 2). The photo initiator concentration was 0.05% (w/v) in all gels, and 

a UV exposure time of 30 minutes was selected to produce fully crosslinked gels. GelMA 

concentration had a significant impact on hydrogel stiffness, but only a minor influence on 

the effective swelling. For gels which were photocrosslinked for 30 minutes, gelMA precursor 

concentrations of 5, 10, 15 and 20% gave gels with compressive moduli of approximately 5, 33, 

100 and 180 kPa, respectively, while effective swelling values were -11, -5, -1 and 1%, respectively.

effect of temperature

The state of gelMA polymer chains during crosslinking, and the mechanical properties of the 

resulting gels, is dependent on crosslinking temperature (Figure 3). 

Photocrosslinking gels at 37 °C produces gels that are solely crosslinked by covalent 

linkages, whereas photocrosslinking gels at room temperature utilizes the thermoresponsive 

A

B

Figure 2. Mechanical and swelling 
properties of gel-MA hydrogels 
crosslinked 30 minutes. Bars and 
lines (A) represent compressive 
modulus and mass swelling ratio, 
respectively. Effective swelling 
(B)  increases only moderately with 
gel-MA concentration. 
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property of gelatin to form a gel which is both physically and covalently crosslinked. The 

increased stiffness of gels which were crosslinked at room temperature was maintained when 

the gels were swelled and tested at 37 °C, suggesting that the physical crosslinks that arise from 

thermal gelation are no longer temperature responsive after covalent crosslinking. 

Bioprinting of GelMA and GelMA/HA

Bioprinting of GelMA alone, without the addition of HA, was not feasible, because the hydrogel 

was not viscous enough to print. Likewise, the printing of 10% GelMA/2.4% HA did not result in 

defined constructs; the hydrogel was not viscous enough to retain shape (not shown). Increasing 

the concentration to 20%GelMA/2.4%HA, however, resulted in homogeneous deposition of 

the hydrogel, yielding porous constructs of four layers high, with predefined size and shape 

(Figure 4). For the fabrication of hybrid scaffolds, a lower percentage of GelMA/HA hydrogel 

(10% GelMA) could be used. These constructs consist of hydrogels which are reinforced with 

the thermoplastic polymer polycaprolactone (PCL), which made it feasible to print more layers 

on top of each other, creating rectangular scaffolds (W x L x H (mm): 6 x 60 x 1.98), with two 

separate GelMA/HA hydrogel parts (Figure 5). 

Cell-laden GelMA hydrogel constructs 

The chondrocytes incorporated in GelMA showed a cell viability of 83% and 73% for 1 and 3 days, 

respectively. For GelMA/HA, these values were 79% and 82% (Table 1). No significant differences 

were observed between the 1 and 3 days time points for either of the hydrogels (p=0.320 for 

Figure 3. Effect of crosslinking 
temperature on the stiffness of 10 
and 20% gelMA hydrogels. Gels 
were crosslinked at 37 °C, or allowed 
to cool to 25 °C then UV crosslinked. 

Table 1. Cell viability, glycosaminoglycans, DNA per construct and glycosaminoglycans per DNA for Gelatin 
Methacrylamide (GelMA) and Gelatin Methacrylamide/Hyaluronic acid (GelMA/HA). *=significantly different 
from GelMA day 3 (p=0.045), **=significantly different from GelMA (p=0.026).

Viability  
day 1 (±SD)

Viability day 3 
(±SD)

GAG/construct 
(±SD)

DNA/construct 
(±SD) GAG/DNA (±SD)

GelMA 83±13% 73±2% 79.7±18.2 μg 3.97±3.44 μg 28.7±15.8

GelMA/HA 79±18% 82±8% * 42.8±38.3 μg ** 1.76±0.55 μg *** 22.6±16
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GelMA, p=0.662 for GelMA/HA), nor between materials at day 1 (p=0.946), while there was a 

significantly higher cell viability in GelMA/HA for day 3 (p=0.045). Cartilaginous tissue formation 

was shown after 4 weeks in both materials by the presence of glycosaminoglycans, as shown 

by the safranin-O staining, and by the presence of cartilage marker collagen type II (Figure 4). 

The GAG production was quantified using a DMMB assay, which showed that considerable 

amounts of GAG were produced by chondrocytes in both hydrogel types (Table 1). In the GelMA 

hydrogel, significantly more GAGs were produced than in the GelMA/HA (79.7 versus 42.8 μg), 

although high standard deviations occurred in the GelMA/HA hydrogels. The content of DNA 

did not significantly differ between groups (3.97 μg for GelMA versus 1.76 μg for GelMA/HA). 

When normalized for the amount of DNA, no significant difference for GAG incorporation was 

observed between GelMA and GelMA/HA hydrogels (p=0.457). 

DISCuSSION 

Preparation, mechanical characterization, swelling properties, effect of uV 

exposure

Cell-based approaches in which chondrocytes are encapsulated in hydrogels have shown 

promise for cartilage regeneration. The hydrogel scaffold must provide temporary mechanical 

support while promoting the production of new matrix. Whilst the stiffest gels may provide 

the greatest mechanical support, it remains to be tested how the stiffness influences matrix 

production. The crosslink density of polyethylene glycol gels affects the distribution and 

composition of matrix deposited by encapsulated chondrocytes [31]. In gelMA hydrogels, 

the viability of encapsulated 3T3 cells varied inversely to gelMA concentration, so selecting 

conditions which favor cell viability will also be a requirement for tissue engineering applications. 

Figure 4. Histology and 
immunohistochemistry for GelMA 
and GelMA/HA hydrogels. Cells 
are stained blue in both stainings. 
Safranin O staining indicating 
glycosaminoglycan formation 
(red) in GelMA (a) and GelMA/
HA (b) hydrogel. Collagen type II 
immunostainings (brown) showing 
cartilaginous differentiation in GelMA 
(c) and GelMA/HA (d) hydrogel. Scale 
bar represents 200 μm.
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Figure 5. Bioprinting of GelMA/HA. GelMA/HA was printed on its own (a) or in a hybrid construct (b and c). Printing 
GelMA/HA alone (20%) was challenging and resulted in a construct of four layers, while printing of a lower percentage 
of GelMA/HA (10%) resulted in rectangular scaffolds (W x L x H (mm): 6 x 60 x 1.98), with two separate GelMA/HA 
hydrogel parts. In (b), a cross-section of such a construct is shown, with incorporated blue and orange fluorescent 
beads (b) or basic fuchsin (pink) and fast green (c) to visualize the two GelMA hydrogels. Scale bar represents 2 mm. 

effect of macromer concentration

UV exposure is a simple and sensitive way for controlling the physical properties of gelMA 

hydrogels, but has several limitations. Stiffness cannot be controlled independently of swelling, 

so it may be possible to produce gels with either the desired stiffness or swelling properties, but 

not both. To produce multi-layered constructs with different properties, it may not be possible 

to precisely control the UV exposure for each region, so controlling the gels properties by 

manipulating other parameters would be advantageous. In addition, for cell encapsulation, 

increasing UV exposure may affect cell viability unacceptably. 

effect of temperature

The thermo-responsive properties of gelMA are utilized during bioprinting to provide the 

structure with sufficient mechanical strength to retain its shape until it is photocrosslinked. By 

photocrosslinking the hydrogel in a thermal gel state, the gelMA polymer chains are in a triple 

helical conformation [28]. Photocrosslinking these structures results in reduced temperature 

sensitivity, and gels remain stiffer at 37 °C than those crosslinked in the solution state. Gels 

which were crosslinked at 37 °C had similar equilibrium swelling ratios to those crosslinked at 

room temperature. 

Bioprinting of GelMA and GelMA/HA

The layered deposition of a GelMA/HA hydrogel of low weight percentage (10% GelMA) did 

not result in an organized, defined construct. The addition of HA to the GelMA makes the 

solution more viscous, and feasible to print, as has been previously shown [32]. This way, 

porosity could be introduced, which is especially important when larger scale constructs are to 

be manufactured [33-35]. Porosity can enhance nutrient transport and waste removal [36], and 

is suggested to promote vasculogenesis in vivo [37]. This in turn leads to more homogeneous 

cell differentiation [34] and extracellular matrix deposition. 

GelMA/HA of lower viscosity could be used when cell-laden GelMA/HA strands were 

deposited in a network of thermoplastic polymer fibers. The advantages of these hybrid 

constructs are twofold: a wider range of hydrogels can be used for bioprinting, as we show here 
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with a lower percentage of GelMA, and the mechanical stiffness of the resulting fiber-reinforced 

hydrogel is higher [38] and hence better suited for musculoskeletal applications [38-41]. It has 

already been shown that the cell viability in hybrid constructs is similar to unprinted controls 

[38]. Alternatively, GelMA can be combined with another material to enhance the mechanical 

properties, for instance with gellan gum [42] or fibrin [23]. Bioprinting enables researchers to 

combine different materials and different cell types into one construct, thus facilitating the 

replication of the complex architecture of tissues. This can be of value both for in vitro models 

and for the engineering of neo-tissues for implantation. 

Cell-laden GelMA hydrogel constructs 

High viability was observed for both GelMA and GelMA/HA hydrogels. Viability was comparable 

to the values reported for the often used regular [43] or photocrosslinkable [44] alginate 

hydrogels. The addition of HA significantly enhanced the viability of the chondrocytes at the 

3 days time point, although viability in GelMA without the addition of HA (73% after 3 days) 

still was acceptable. Furthermore, in both types of hydrogel cartilaginous tissue formation 

was evidenced by the formation of GAGs and the deposition of the cartilage-specific marker 

collagen type II. The amount of incorporated GAGs differed between GelMA and GelMA/HA, 

but the values corrected for DNA did not show a significant difference and hence productivity 

per cell was similar. The higher viscosity of the GelMA/HA does not hamper biosynthesis of 

GAGs. The characterization GelMA/HA will be subject of future investigation. Overall, the high 

cell viability and the formation of cartilaginous tissue confirm the suitability of both tested 

materials for cartilage tissue engineering purposes.

CONCLuSION
The physical properties of gelMA hydrogels can be controlled by manipulating the UV dose 

and percentage of gelMA in the precursor solution. Gels with compressive moduli in the 

range 5 – 180 kPa can be produced by varying the concentration of the precursor solution. 

By manipulating UV exposure time, gels can be produced which swell up to 60% of their initial 

mass, or gels where swelling is negligible. 

The possibility to tune the mechanical and swelling properties of the material, combined 

with the high cell survival and the formation of cartilaginous tissue make gelatin methacrylamide 

into a suitable candidate for cartilage tissue engineering. When combined with HA, the 

biomaterial is also an interesting candidate for bioprinting. 
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ABSTRACT
Tissue/organ printing aims to recapitulate the intrinsic complexity of native tissues. For a number 

of tissues, in particular those of musculoskeletal origin, adequate mechanical characteristics 

are an important prerequisite for their initial handling and stability, as well as long-lasting 

functioning. Hence, organized implants, possessing mechanical characteristics similar to the 

native tissue, may result in improved clinical outcomes of regenerative approaches. Using a 

bioprinter, grafts were constructed by alternate deposition of thermoplastic fibers and (cell-

laden) hydrogels. Constructs of different shapes and sizes were manufactured and mechanical 

properties, as well as cell viability were assessed. This approach yields novel organized viable 

hybrid constructs, which possess favorable mechanical characteristics, within the same range 

as those of native tissues. Moreover, the approach allows the use of multiple hydrogels, and 

can thus produce constructs containing multiple cell types or bioactive factors. Furthermore, 

since the hydrogel is supported by the thermoplastic material, a broader range of hydrogel 

types can be used compared to bioprinting of hydrogels alone. In conclusion, we present an 

innovative and versatile approach for bioprinting, yielding constructs of which the mechanical 

stiffness provided by thermoplastic polymers can potentially be tailored and combined specific 

cell placement patterns of multiple cell types embedded in a wide range of hydrogels.
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INTRODuCTION
Regenerative medicine aims to improve, restore or replace damaged tissues or organs using 

a combination of cells, materials and growth factors. The ultimate goal is to restore tissue 

functionality, preferably in a durable way. For a number of these tissues, especially those of 

musculoskeletal origin, adequate mechanical characteristics, matching the biomechanical 

challenges the tissues are exposed to, are crucial for their adequate long-term functioning. 

Hence, implants possessing mechanical characteristics similar to the native tissue, are likely to 

perform best in regenerative approaches. 

Natural tissues with a biomechanical function are invariably multicomposite in structure. 

They are often composed of an acellular structural component characterized by a high degree 

of stiffness, which is surrounded by a much softer matrix with a varying amount of cells. To mimic 

this architecture, composite artificial (hybrid) constructs have been developed that typically 

consist of organized scaffolds to provide strength together with cell-seeded hydrogels (1-8). 

Organized scaffolds from thermoplastic materials can be fabricated using three-dimensional 

fiber deposition (3DF) technologies (9, 10). Mechanical properties of such scaffolds can be 

tailored by adopting different scaffold architectures (11), hence mechanical properties in the 

same order of magnitude as those of native tissues can be achieved (10). Combining cell-

seeded hydrogels with such an organized scaffold, using for example combinations with woven 

thermoplastic materials or with electrospun meshes, or the infusion of a 3DF manufactured 

rigid scaffold structure, provides the construct with the possibility to remodel and, eventually, 

to replace itself by newly formed native tissue. A wide range of possible applications for this 

type of reinforced hydrogels has been suggested, varying from musculoskeletal tissues like 

intervertebral discs, cartilage, bone and ligaments, to large blood vessels (1, 4, 8, 12-14). 

However, these scaffolds have considerable disadvantages that affect clinical applicability. For 

example, the cell-seeding efficiency on polymer scaffolds is often low (15, 16). In addition, for 

both thermoplastic scaffolds and the hybrid scaffolds, specific spatial arrangements of multiple 

cell types that are pivotal to tissue functionality cannot be achieved, despite the fact that the 

distribution of the cells may be influenced by variations in the local scaffold porosity (17).

Bioprinting technologies, which apply the principles of rapid prototyping using layer by layer 

deposition of cells, matrix or both (18), allow for the development of porous 3D constructs with 

detailed specific spatial cellular arrangements (18-22). Although printing of living cells imposes 

strict requirements on the conditions during the printing process, viable 3D constructs can be 

obtained when using biocompatible hydrogels as a “bio-ink” (23-25). However, these constructs 

have disadvantages too. In order to obtain high shape-fidelity of the printed structures, these 

hydrogels have to meet very specific requirements with regards to viscosity and gelling speed, 

limiting the number of potential hydrogel formulations that can be applied in bioprinting 

approaches (24, 26, 27). Perhaps more importantly, the resulting hydrogel constructs will 

possess limited mechanical resistance and stiffness will always remain far below the values in 

most native musculoskeletal tissues, which may hamper clinical applicability constructs. 

The objective of this study was to combine the advantages of both approaches, using state-

of-the-art printing technology to create viable hybrid constructs by a layer-by-layer deposition 

of a stiff polymer (polycaprolactone; PCL) and cell-laden hydrogels (alginate). We demonstrate 
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that the physical (thermal) requirements for printing of the polymer can be made compatible 

with requirements for maintaining cell viability in the hydrogel and that in the resulting 

construct the mechanical stiffness provided by the polymer can be successfully combined with 

the specific cell placement patterns of multiple cell types. 

mATERIALS AND mEThODS

Hybrid three-dimensional fiber deposition

Models for the constructs were designed using Rhino 3D software (McNeel, Seattle, 

Washington, USA). The Standard Tessellation Language (STL) files of these models were then 

loaded via computer-aided manufacturing (CAM) software (PrimCAM, Einsiedeln, Switzerland), 

and constructs were printed using the BioScaffolder dispensing system (SYS+ENG, Salzgitter-

Bad, Germany). Briefly, the BioScaffolder is a three-axis dispensing machine, which can build 

three-dimensional (3D) constructs by coordinated motion of both a pneumatic syringe 

dispenser (for dispensing hydrogel) and a polymer dispenser, which both deposit on a 

stationary platform. To ensure sterile conditions the BioScaffolder is placed in a custom-built 

laminar cross flow cabinet (Clean Air, Woerden, The Netherlands).

Manufacturing was performed at room temperature, and consisted of alternating steps 

of thermoplastic polymer and hydrogel printing. Polycaprolactone (PCL, Mw 70,000-90,000, 

Sigma-Aldrich, Zwijndrecht, The Netherlands) was heated to 160° C and subsequently dispensed 

through a 23G metal needle (DL Technology LLC, Haverhill Massachusetts, USA) using a 

pressure of 0.5 MPa, and a deposition speed of 176 mm/min. Medium viscosity sodium alginate 

(2%, Sigma-Aldrich, in phosphate buffered saline (PBS, Invitrogen, Carlsbad, California, USA) 

and subsequently autoclaved) was dispensed between the PCL strands, at room temperature, 

using a deposition speed of 100 mm/min, a spindle speed of 1.5 and a nozzle diameter of 210 

μm. Subsequent layers were deposited at an angle (normally 90°, 0-90) with the underlying 

layer. After all layers had been printed, alginate was crosslinked with 102 mM calcium chloride 

(CaCl
2, 

Sigma-Aldrich) solution for 15 minutes. 

To illustrate the versatility of this hybrid deposition technique, constructs of different 

shapes and sizes were fabricated: one rectangular construct containing PCL and two differently 

stained hydrogels, a construct combining round and rectangular shapes, and a construct in the 

shape of an intervertebral disc. For this purpose, alginate was left unstained or stained with fast 

green (Merck, Whitehouse Station, New Jersey, USA), methylene blue, basic fuchsin (pink), or 

ponceau xylidine (red) (all from Sigma-Aldrich) in order to be able to visually assess the fate of 

more complex scaffolds containing multiple hydrogels. To visualize the ability to create multiple 

layered constructs, hydrogel was stained as above, or loaded with Dye-Trak “F” fluorescent blue 

or lemon microspheres (Triton technology, San Diego, California, USA).

Mechanical characterization

For the determination of mechanical properties, 3 different construct types (n=3) were 

manufactured (wxlxh (mm): 15x15x3.3, fiber spacing 2 mm, 0-90), consisting of alginate alone, 

a combination of alginate and PCL, and PCL alone. The combined construct was manufactured 
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as described above; for the PCL alone scaffold, an analogous protocol was used, but without 

alginate. For the alginate construct, a mold was printed with the same outer dimensions as the 

other two constructs, which was then filled with alginate. The constructs containing alginate 

were treated with CaCl
2
 as described above. After this, the alginate alone constructs were 

removed from their molds. 

Samples were mechanically analyzed using a DMA 2980 dynamic analyzer (TA instruments, 

New Castle, Delaware, USA) in controlled force mode. Each sample was tested at 3 randomly 

chosen different sites. Scaffolds were placed between the parallel plates and a static force was 

applied. For alginate this force increased from 0 to 1 N at a rate of 0.2 N/min. For PCL and 

combined scaffolds, the applied force was between 0 and 18 N, with incremental steps of 3 N. 

Young’s modulus (E) was determined by measuring the variation of apparent stress/strain ratio, 

as described previously (28).

Cells

C20A4 cells were a kind gift from Dr. Mary B. Goldring (29). Cells (passage 9-12) were cultured 

in DMEM (Invitrogen), supplemented with 10% FBS (Biowhittaker, Walkersville, Maryland, USA), 

100 U/ml penicillin, and 100 μg/mL streptomycin (Invitrogen). 

Viability assay

For the evaluation of cell viability, cells were embedded in sterilized 2% alginate (Sigma-Aldrich) 

at a density of 5*106 cells/ml and rectangular constructs (6x60x2mm, fiber spacing 2 mm, 0-90) 

were printed and crosslinked as described above. Constructs were cut to yield approximately 

6x6x2mm specimens; these were then cultured for up to 3 days in differentiation medium 

(DMEM (Invitrogen) supplemented with 0.2 mM ascorbic acid 2-phosphate (Sigma-Aldrich), 

0.5% human serum albumin (Cealb, Sanquin, Utrecht, The Netherlands), 1% (v/v) insulin-

transferrin-selenium mixture (ITS-X, Invitrogen), 100 U/ml penicillin, 100 μg/ml streptomycin 

(Invitrogen) and 5 ng/ml TGF-β
2
 (R&D Systems, Abingdon, United Kingdom)). Samples were 

taken for viability assays immediately after printing and after 1 and 3 days of culture (n=3 for 

each time point). A LIVE/DEAD Viability Assay (Molecular Probes MP03224, Eugene, USA) was 

performed according to the manufacturer’s instructions. The samples were examined using 

a light microscope (Olympus, BX51, Center Valley, PA, United States) and photomicrographs 

were taken with an Olympus DP70 camera. The excitation/emission filters were set at 488/530 

nm to observe living (green) cells and at 530/580 nm to detect dead (red) cells. Live and dead 

cells were counted for 3 samples per time point, at 4 locations within each construct.

Statistics

A one-way ANOVA with post-hoc Bonferroni correction was performed for the mechanical 

characterization experiments. For the viability assay, a two-sided independent samples t-test 

was performed. Young’s modulus and viability data are shown ± standard deviation.
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RESuLTS & DISCuSSION

Architecture and spatial arrangement

A schematic overview of the hybrid bioprinting process is shown in figure 1. Using a multi-

head bioprinter, strands of the thermoplastic polymer are deposited first and subsequently, the 

“channels” formed by the thermoplastic are filled, either completely or partly, with hydrogel, 

which can be loaded with cells or bioactive components. These steps are repeated to yield a 3D 

construct with the desired architecture and spatial cell distributions. 

As the presented hybrid bioprinting technique employs multiple cartridges that can contain 

different biomaterials, it is possible to specifically place multiple polymers, hydrogels (figures 1 

and 2), or cell types into a single construct. The use of multiple hydrogels in one construct has 

Figure 1. Schematic overview of the hybrid bioprinting process. A three-dimensional design is translated to a 
deposition protocol which uses thermoplastic polymer and different types of hydrogel (top panel). Alternating steps 
of printing polymer and cell-laden hydrogels are performed to yield hybrid constructs, combining multiple hydrogels 
in one layer (middle panel) or multiple hydrogels on top of each other (bottom panel).
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been described previously (30-32). However, in the current study, we combined a commonly 

used hydrogel with a stiff thermoplastic polymer to demonstrate the feasibility and versatility of 

a novel approach to generate viable hybrid constructs. First, PCL was used as the thermoplastic 

component. PCL and its copolymers have been extensively studied in the biomedical field as 

drug delivery systems, in medical devices, as well as scaffolds for generation of a wide range 

of tissues, including bone, cartilage, ligament, blood vessels and skin (reviewed in Woodruff 

and Hutmacher 2010 (33)). In addition, alginate was used as the hydrogel phase for the hybrid 

printing, allowing the inclusion of encapsulated cells in the generated constructs. Alginate is 

a natural hydrogel, which has been described for use in vitro(33-37) and in vivo (38-40) for a 

broad range of applications, including drug delivery and tissue engineering of different tissues. 

Alginate is also used in a clinical setting for various purposes, including the treatment of 

cartilage defects and tympanic membrane perforations (41-43). Moreover, alginate was already 

identified as a suitable hydrogel for bioprinting purposes, although control over porosity 

characteristics of produced constructs was limited (20, 44). 

The printing technique described in this paper, allows for the generation of organized 3D 

constructs with different controlled architectures and multiple cell populations (figures 2 and 3). 

Critically, no mixing of the different hydrogels was observed (figure 3) despite the low viscosity 

of the hydrogel used. Also, additional porosity could be introduced if desired (not shown), 

Figure 2. Versatility of the hybrid 
bioprinting system. Structures of 
different shapes and architectures 
can be designed (A, C, E) and printed 
using a combination of thermoplastic 
polymer and hydrogel (B, D, F). 
Constructs are manufactured, which 
combine rectangular and round 
shapes (A and B, WxLxH (mm): 
12x12x3), with deposition layers of 
differently stained hydrogels on top 
of each other (C and D, WxLxH (mm): 
8x5x1) and representing a model 
of an intervertebral disc (E and F, 
WxLxH (mm): 30x20x1.62). 
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allowing perfusion of larger constructs and confirming the high degree of control over the 

architecture that can be achieved. Using this technique, a sheer infinite range of 3D constructs 

can be manufactured, varying from simple rectangular shapes to more complex structures that 

further mimic the organization of mammalian tissues, including those of cartilage, bone or the 

intervertebral disc (IVD, figure 3).

Mechanical characteristics

Printed hydrogel constructs based on alginate alone or other hydrogels (20, 27), possess a low 

mechanical stiffness (figure 4). Consequently, the thickness of printed hydrogel constructs 

is often limited, restricting the applicability of this technique. When combined with the PCL 

support structure, however, a significantly higher Young’s modulus was measured. Interestingly, 

these fiber-reinforced hybrid hydrogel structures exhibited mechanical characteristics that are 

within the same range as those of the thermoplastic scaffolds without hydrogel (figure 4). As a 

consequence, by using the mechanical support of the thermoplastic material, hydrogels with a 

relatively low viscosity can be printed as well, whilst they would be challenging to print on their 

own. Clearly, this ability of printing lower viscosity hydrogels broadens the variety of possible 

hydrogels to be used in fiber deposition-based bioprinting approaches.

Since the mechanical properties of hybrid constructs strongly depend on the properties 

of PCL fibers, the overall mechanical stiffness can easily be tailored by changing fiber spacing, 

orientation and/or thickness (45). As a consequence, mechanical characteristics can be 

obtained within the same range as those of native tissues (e.g. Young’s modulus of cartilage 

4.1 MPa (10) and trachea 3.33 MPa (46)). Ultimately, the capability of the hybrid printed scaffolds 

to withstand the mechanical environment in vivo will still need to be assessed. However, 

a 3D printed PCL scaffold loaded with a growth factor-containing hydrogel, already showed 

promising results after implantation at an orthotopic location (47).

Figure 3. Layering of the hydrogels results in specific confinement of the printed hydrogels. The layers are shown 
using differently stained hydrogels (A) and hydrogels containing fluorescent microspheres (size 15 mm, B). Scale 
bar represents 2 mm.
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Viability 

Whilst the 3DF printing process of cell-laden hydrogels previously demonstrated to have 

negligible effects on viability of various cell types, including those from cartilage (20), liver (48), 

and bone marrow (27), the successful simultaneous deposition of thermoplastic polymers and 

cells has not been reported. Cell viability in the generated hybrid constructs was high immediately 

after printing, as well as after 1 and 3 days of in vitro culture. Although a small but significant 

difference was observed after 1 day, viability after 1 day was high. Immediately after printing 

and after 3 days, viability was within the same range as those of non-printed hydrogel-only 

constructs (figure 5). Most likely, the conditions in the laminar flow cabinet resulted in sufficient 

cooling of the deposited thermoplastic polymer to allow cell survival in the hydrogel strands, 

whilst maintaining proper conditions for integration of the thermoplastic fibers. Moreover, 

the slight evaporation of water from the hydrogel, induced by the laminar flow, may also have 

helped in accommodating the heat from the fibers. Nevertheless, additional studies focusing on 

heat shock protein expression (49) or cell differentiation, need to be carried out to investigate 

the protective mechanisms involved and the longer-term effects on cellular behavior. 

CONCLuSION AND FuTuRE OuTLOOK
We here demonstrate a novel approach for the generation of organized living grafts with 

improved mechanical stability, adding another level of controlled complexity to tissue-

engineered constructs of clinically relevant dimensions. Besides yielding constructs with 

improved control over mechanical characteristics, this technique also allows the application of a 

wider range of hydrogel formulations in bioprinting, since requirements for viscosity and gelling 

speed are less stringent. The resolution of bioprinting could potentially be enhanced using 

higher printing speeds, smaller nozzles sizes and possible combination with technologies such 

as inkjet printing, although it is not yet clear what degree of resolution is required for optimal 

functioning of grafts in vitro and in vivo. The use of imaging techniques, such of CT or MRI, could 

Figure 4. Mechanical properties of 
printed constructs. Young’s modulus 
is shown for constructs composed of 
PCL, of PCL combined with alginate, 
and for the alginate controls (A). Data 
are presented as mean ± standard 
deviation, * indicates p<0.05. Examples 
of tested samples (WxLxH  (mm): 
15x15x3.3, fiber spacing 2  mm, 
0–90) are shown in (B): an empty PCL 
scaffold (top) and a PCL scaffold filled 
with alginate (bottom). 
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in the future advance construct design, thus bringing individual custom-designed implants 

within reach. Furthermore, this process is not limited to the controlled deposition of cell laden 

hydrogels, but can also be applied for the targeted distribution of other bioactive components, 

such as growth factors, DNA or siRNA, or to generate sophisticated in vitro model systems, 

which more closely resemble in vivo environments, for testing pharmaceutical compounds. 
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In this short section, the results of the previous chapters are summarized and interrelated with 

each other, but only briefly discussed. The overall outcome of the work reported in this thesis, 

put in the context of other research in the field, has served as the basis of a perspective paper, 

which expresses our evolving conceptions and ideas with respect to the possible merits and 

technical approaches of the zonal concept in cartilage engineering. That paper follows this 

short synopsis and concludes the thesis. 

Zonal differences in vitro and the role of imposed organization

First, it was demonstrated that enriched populations of chondrocytes from the superficial, 

middle, and deep zones of articular cartilage can be harvested (Chapter 2). After expansion and 

subsequent re-differentiation, these enriched chondrocyte populations showed incorporation of 

different amounts of GAG, in a ratio comparable to native articular cartilage. Further, the expanded 

populations secreted zone-specific proteins. These phenomena were observed when the cells 

were cultured in alginate but in pellet culture no differences were seen. These observations 

support the use of alginate-based hydrogels for engineering zonal cartilage constructs.

As a next step, the effect of stratified combination of chondrocyte subpopulations was 

investigated (Chapter 3). To this end, pellets of deep zone and superficial zone cells were 

seeded and cultured in three-dimensional (3D) constructs. Zonal chondrocyte pellet culture in 

3D scaffolds resulted in abundant cartilaginous tissue formation, as shown by the production of 

collagen type II and glycosaminoglycans (GAGs). Newly produced GAGs were better retained 

than in plain pellet cultures. However, maintenance or restoration of the original zonal 

phenotype was not observed, leading to the conclusion that neither the culture of expanded 

zonal chondrocytes in separate pellets, nor the layered combination of such pellets led to the 

desired zonal phenotype.

Insight in growth mechanisms

In the next experiment, a mathematical model was constructed to provide insight in the 

mechanisms of in vitro growth of cartilaginous tissue (Chapter 4). Experimental data were 

compared with the predictions of the simulation to refine the initial models. For this, expanded 

full thickness chondrocytes were seeded on collagen-coated filters and cultured for up to 7 

weeks. The mathematical simulations correlated well with the experimentally obtained cell 

and matrix distributions. Glycosaminoglycan and cell distribution appeared to be highly 

dependent on the cell differentiation rate, and large regions of the tissue were inactive in 

terms of proliferation and growth of the layer. This implies that higher seeding densities will 

not significantly affect growth rate. A relatively simple mathematical model was developed 

that could predict the experimental data and thereby enabled interpretation of the principal 

underlying mechanisms controlling growth-related changes in tissue composition. The study 

proved that in silico results may provide insight in underlying mechanisms of observed cell 

behaviour and can possibly be used in designing and fine-tuning culture methods.
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The development of the innovative concept of bioprinting

The novel technique of bioprinting obviously holds much promise for the fabrication of stratified 

cartilage constructs, but needs to be customised for this specific purpose. In Chapter  5 we 

described the proof of principle of 3D printing of multiple cell types, using alginate hydrogel 

as a model biomaterial. Multipotent stromal cells and full-thickness chondrocytes were used 

to achieve osteogenic and chondrogenic differentiation, respectively. Changing fibre spacing 

or angle of fibre deposition appeared to affect porosity and elastic modulus markedly, while 

the architecture and cell placement were retained. Moreover, distinctive and cell-specific 

tissue formation was observed, both in vitro and in vivo, at different locations within one 

construct. These results demonstrate the aptness of the bioprinting technique to manufacture 

viable centimetre-scaled structured tissues, which can potentially be used for the repair of 

osteochondral defects.

Although bioprinting proved to be successful in the creation of multi-cellular constructs, 

featuring specific extracellular matrix formation at distinct sites, there was still a need for 

further improvement. The biomaterial that was used, alginate, allowed for the generation of 

constructs of a limited height only; besides, the tissue formed was specific, but not abundant. 

Furthermore, alginate is a mechanically very weak material. Since we believed these limitations 

of alginate could be alleviated by the use of thermo- and photo-curable hydrogels, we 

investigated three thermoresponsive and photo-crosslinkable biomaterials: hyaluronic acid/

hydroxyethyl-methacrylate-derivatized dextran (HA/dex-HEMA), poly(n-(2-hydroxy-propyl)

methacrylamide-lactate)-poly(ethylene-glycol)-poly(n-(2-hydroxypropyl) methacryl-amide 

lactate) (p(HPMAm-lactate)-PEG), and gelatine methacrylamide (gelMA) (Chapters 6-8). All 

biomaterials were analyzed for mechanical properties and swelling, cell viability of encapsulated 

chondrocytes and printability. All hydrogels had suitable mechanical properties for bioprinting, 

allowing subsequent layer-by-layer deposition of gel fibres. High cell viability was observed, and 

in general stable constructs were fabricated. The printing of GelMA proved to be challenging 

due to the low viscosity of the material, but the addition of HA to GelMA significantly improved 

handling and printability of the hydrogel. For GelMA, also differentiation of encapsulated 

chondrocytes was assessed, showing cartilaginous tissue formation. In conclusion, all three 

hydrogels are suitable candidates for bioprinting.

As an alternative for the use of a biomaterial with a higher viscosity and mechanical stiffness 

for bioprinting, a lower-viscosity hydrogel can also be combined with a stiffer thermoplastic 

polymer. In the final experimental chapter (Chapter 9), the development of this new concept 

is described: the bioprinting of hybrid scaffolds, constructed by alternate deposition of 

thermoplastic fibres and (cell-laden) hydrogels. This approach is particularly interesting for 

engineering of tissues that must withstand high mechanical loads. Furthermore, since the 

hydrogel is supported by the thermoplastic material, a broader range of hydrogel types can be 

used compared to bioprinting of hydrogels alone.

It can be concluded that bioprinting has shown to be a powerful tool for replication of 

tissue architecture. However, although much progress has been made, it must be realized that 

the bioprinting technique is still in its infancy. The translation of the in vitro results to large 

in vivo studies, let alone to routine clinical applications, has yet to be made.
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INTRODuCTION
Cartilage impresses as a relatively simple tissue: it is aneural, avascular, and it contains few 

cells of supposedly only one cell type, the chondrocyte. Mature articular cartilage has limited 

healing capacity, and when a cartilage defect occurs, this eventually leads to the development 

of osteoarthritic changes (1). Current clinically applied strategies include autologous 

chondrocyte implantation (ACI) (2), microfracture (3), and mosaicplasty (4). Although short-

term results of these treatment modalities are satisfactory, all of them have drawbacks such as 

less favorable long-term outcome with microfracture (5), donor site morbidity (4) and inferior 

longer-term results (6) with mosaicplasty, and high expenses (7) and the need for a two-stage 

procedure in the case of ACI. This means that there is room for improvement of current clinical 

practice. Creating cartilage constructs with a zonal organisation may be a viable alternative to 

current therapies for cartilage defects, which, notwithstanding reasonable clinical success, all 

have major drawbacks.

Despite its simple appearance, cartilage is a heterogeneous tissue with a composition that 

varies greatly with depth. Articular cartilage can be divided into three zones: the superficial (the 

top 10–20% of the cartilage), middle (the next 40–60%), and deep (the bottom 30-40%) zone. 

The superficial zone (SZ) has the highest cell density, the lowest amount of glycosaminoglycans 

(GAGs) (8), and the lowest biosynthetic activity (9). With increasing depth, the cell density 

decreases and the amount of GAGs increases (8), resulting in the highest amount of GAGs and 

the lowest cell density in the deep zone (DZ). With increasing GAG amount, the compressive 

modulus of the tissue also increases (10). The cells in the different zones differ in morphology 

and size. Cells in the SZ are small and flattened, while in the DZ cells are larger and round (11). 

Further, the collagen fiber alignment differs between zones. The collagen fibers have an arcade-

like structure (12). They originate from the calcified cartilage and continue perpendicular to the 

surface, through the DZ to make a transition in the middle zone (MZ) towards an orientation 

parallel to the surface in the superficial layer. The specific orientation of the collagen fibers 

provides, together with the proteoglycan aggregates that are interspersed between these 

fibrils, provides the tissue with its unique biomechanical characteristics, combining compressive 

stiffness, resilience and shear resistance. Various proteins are preferentially secreted among 

zones: in the superficial zone, clusterin (13, 14), proteoglycan-4 (PRG4) also known as superficial 

zone protein (SZP) (15) and Del1 (16) are more prominent, while in the MZ the levels of cartilage 

intermediate layer protein (CILP) (17, 18) are highest. Cartilage oligomeric matrix protein (COMP) 

is mainly seen in the MZ and DZ (19, 20). These proteins most probably contribute to the zone-

specific functionality of the cartilage. The exact specific functions of many of the zone-related 

proteins remain unclear, but some information about their function is known. Del1 acts as a 

regulator of vascularization (21), clusterin plays a role in cellular stress protection (22), COMP 

is a mediator in chondrocyte attachment and matrix assembly (23, 24). The presence of PRG4 

in the SZ of cartilage ensures boundary lubrication and low-friction articulation (25), which has 

led to the hypothesis that transplanting or implanting cells or tissues that can secrete SZP may 

aid functional lubrication (26, 27).

The heterogeneity of articular cartilage is not explicitly addressed in current therapies for 

cartilage defects. Nevertheless, under the hypothesis that replicating the zonal hierarchy will 
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lead to better long-term function of cartilage constructs, attempts have been made to mimic 

the zonal architecture of the tissue using zonal chondrocyte subpopulations. The goal of this 

discussion paper is to give an overview and critical appraisal of tissue engineering approaches 

that have used zonal chondrocytes to mimic native cartilage and to present our view of the 

role the zonal concept may play in the future to optimize constructs for the regeneration of 

articular cartilage. 

CuRRENT STATuS OF RESEARCh

Isolation and culture of zonal chondrocytes

Experiments have been performed to elucidate the role of zonal cell populations in cartilage 

tissue formation in vitro. It has been demonstrated that cartilage tissue from the different zones 

can be harvested under sterile conditions. The zonal tissue can then be harvested directly 

manually using dissection (11, 28-31) or abrasion (32) with a surgical blade. Alternatively, (osteo)

chondral cores can be obtained from which the cartilage is dissected using a microtome (26) or 

manually (33). SZ chondrocytes have also been isolated from mouse cartilage using sequential 

brief treatment with trypsin and collagenase (34). Although these methods do not yield “pure” 

zonal cell populations, the enriched populations of zonal chondrocytes harvested this way 

show clear differences both directly after isolation and in culture (27, 30, 33, 35-38). In the 

research focusing on the (stratified) combination of zonal chondrocytes, almost exclusively 

unexpanded, immature articular cartilage cells have thus far been used (27, 30, 33, 36) (Table 1). 

An important characteristic of immature chondrocyte subpopulations is their high metabolic 

activity and chondrogenic potential (39, 40), which makes them well-suited for this type of 

Table 1. Overview of stratified approaches using zonal chondrocyte subpopulations. SZ: superficial zone 
cells, PEGDA: poly(ethylene glycol) diacrylate, PEODA: poly(ethylene oxide) diacrylate, DZ: deep zone cells, P0: 
primary cells, P1: cells expanded for 1 passage.

Cell types used Material Cell type Key results reference

SZ, MZ, DZ PEGDA Immature, P0
Cell size and intensity safranin-O staining 
increasing with depth, (33)

SZ, MZ
Scaffold-free 

(filter-culture) Immature, P0

SZ/MZ constructs: matrix growth and 
compressive
properties lie in between the values of SZ 
and MZ alone constructs

(27)

SZ, MZ
Scaffold-free 

(filter-culture)
Immature, P1 In vivo: Stratification of cells lost

(59)

SZ, DZ
PEODA Immature, P0

Stratified constructs: lower proliferation 
and higher matrix synthesis DZ cells 
alone, and greater shear and compressive 
strength than SZ or DZ cells alone. 

(30)

SZ, MDZ
Agarose Immature, P0

GAG, collagen and mechanical properties 
higher for zonal constructs than non-zonal 
constructs. Zonal constructs:
depth-dependent mechanical properties

(36)
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research. However, it should be realized that immature DZ cells significantly differ from mature 

DZ zone cells, because the former originate from a zone that is vascularized and later becomes 

bone through the process of endochondral ossification (41). In this same line, it was shown in 

a direct comparison that SZ cells have a more stable phenotype during growth than DZ cells 

do (39). As differences between zonal populations are more prominent in immature cells, 

immature cells should be solely seen as a source for models and caution should be taken when 

translating outcomes to the human situation because of the limited clinical relevance. 

Under clinical circumstances, only a limited number of chondrocytes is available, and 

in order to yield clinically relevant numbers, expansion of cells is necessary, which entails 

dedifferentiation. The general signs of dedifferentiation in cultured chondrocytes are the 

expression and secretion of collagen type I instead of collagen type II, and a lower synthesis of 

GAGs (42). This process can be reversed by using growth factors (43) and 3-dimensional culture 

methods (42, 44, 45). Zonal populations will also undergo general dedifferentiation and thus 

lose their chondrogenic phenotype during expansion. Additionally, they will lose their specific 

zonal phenotype characteristics as well (46). Zonal cells will entirely or partly lose their size 

differences (11) and the expression and secretion of specific zonal proteins, such as PRG4 (46), 

clusterin (14), COMP (38), and CILP (47). With the use of the growth factors basic fibroblast 

growth factor (basic FGF) and transforming growth factor-β (TGF-β) during expansion and 

redifferentiation (48), or when cultured under low oxygen conditions (37), chondrocytes 

can reacquire at least part of their specific zonal chondrogenic characteristics. Culturing 

cells in a 3-dimensional (3D) environment, either scaffold-free or in a hydrogel (32, 38) favors 

redifferentiation, although even this does not completely reverse the dedifferentiation 

process (46). Moreover, it has been suggested that growth factor use for re-inducing specific 

features of SZ and DZ cells should be differential, since growth factors affect zonal cells 

differently (48). Separately cultured chondrocytes from the DZ produce more GAGs than those 

from the SZ (11, 29, 35, 38, 49, 50) and during redifferentiation zonal cells will start producing 

(part of) their specific proteins  (27,  38,  48). Altogether, it is possible to harvest enriched 

subpopulations of zonal chondrocytes and partially re-induce the zonal phenotype of these 

cells using 3D culture, growth factors and low oxygen tension. This makes the use of zonal 

chondrocytes for the fabrication of stratified cartilage constructs feasible. 

An important challenge lies in isolating pure zonal chondrocyte populations. Whilst 

separation of zonal cartilage tissue is possible, there are no methods available to separate 

zonal chondrocyte subpopulations from a mixed population isolated from a cartilage biopsy. 

Various candidate markers, based on proteins present in the ECM of native cartilage, have been 

proposed to distinguish between zonal cells (13-17, 19), but, though preferentially secreted in 

native cartilage zones, they are not specific for a single chondrocyte subpopulation. Additionally, 

sorting cells based on secreted molecules is problematic, since both the secreted molecule 

must be retained in the cell and the antibody must be transported into the cell. Alternatively, 

zonal chondrocytes could theoretically be sorted based on their size using the forward scatter 

channel of a fluorescence-activated cell sorter. However, we have observed significant overlap 

in size with human chondrocytes isolated from different zones (unpublished data). Using a 

sorter with a volume analyzer (rather than forward scatter), may give better outcomes since the 

cell volume scales with the cube of the diameter. The difference of 124% of between SZ and DZ 
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in cell volume would translate to a difference of only 32% in diameter (51). Nonetheless, there 

remains a significant overlap in cell volume even between the most divergent populations. 

Therefore, size-based sorting is unlikely to result in pure populations from the different zones.

Moreover, there is currently no gold standard for the determination of the zonal phenotype 

of newly formed cartilage. The International Cartilage Repair Society histological grading 

scheme includes depth –dependent characteristics (52), however, this assessment and other 

assessments of tissue are only based on the resemblance of the neo-tissue to the native tissue 

with respect to GAG content, cell morphology, and a number of – not completely understood 

- native cartilage proteins. These observations raise the question to what extent the division 

of articular cartilage in three different zones reflects reality or is just the use of a simplified 

categorical scale to describe an underlying continuous phenotypic transition in cartilage 

characteristics from the surface to the calcified layer.

Mechanical loading to enhance zonal differences in vitro

Biomechanical loading experienced by native tissue in vivo stimulates ECM synthesis and 

remodeling and is responsible for the zonal differences in collagen fiber orientation (53-55). 

In vitro, mechanical loading protocols also promote ECM formation, as reviewed in (56), and can 

also be used to specifically influence the behaviour of zonal cells (Table 2). One of the effects 

of the loading regimes is a shift of DZ cells to a more SZ-like phenotype. This is an undesirable 

effect from a biomimetic point of view; DZ cells in native cartilage have specific properties and 

should retain these in tissue engineered cartilage. Maintenance of the phenotype of the DZ cells 

might benefit from more indirect exposure to pressure, as is present in native cartilage. A depth-

dependent mechanical loading protocol, for instance as described by Kock et al. (57), might be a 

good step forward in (re)creating the desired anisotropic structure and composition in implants. 

Stratification of zonal cells

Since zonal chondrocytes do not show self-organization (58), zonal subpopulations should be 

arranged in a stratified manner in order to mimic the native zonal stratification. A number of 

Table 2. Overview of mechanical loading protocols for zonal subpopulations (SZ: superficial zone cells, DZ: 
deep zone cells) and their effect on zonal behaviour. 

Loading type Culture type effect SZ effect DZ reference

Cyclic 
compression

Agarose hydrogel
Decreased GAG  

synthesis, increased 
proliferation

Increased  
GAG synthesis 

(49)

Compression and 
surface motion

3D polyurethane 
scaffolds

No change in  
PRG4 expression

Increased PRG4 
expression

(83)

Tensile l 
oading

Fibrin hydrogel
Increased  

GAG synthesis

Synthesis GAG 
unaffected,  

decreased collagen 
(84)

Cyclic 
compression 

Cells seeded on  
calcium poly 

phosphate discs

Increased collagen  
and GAG synthesis

Decreased  
collagen and  

GAG synthesis
(85)
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studies describe such approaches (Table 1). For instance, in layered, heterogeneous constructs of 

chondrocyte subpopulations embedded in diacrylated poly(ethylene)-based materials (30, 33) 

or agarose hydrogels (36), the deep layer produces more GAGs (30, 33) and collagen (30), and 

has higher shear and compressive strength (30) than the superficial layer. Values for collagen, 

GAG and mechanical properties are comparable to, or higher than, non-zonal constructs 

consisting of full thickness chondrocytes (30, 36). Further, the amount of GAGs is significantly 

higher in the SZ part of combined constructs than in SZ only constructs  (36). For the zonal 

proteins no difference is seen in COMP gene expression between zones (33), yet SZ cells secrete 

PRG4, while DZ cells do not (36). In stratified scaffold-free constructs combining SZ and MZ 

cells, intermediate properties can be observed for thickness, GAG and collagen content, 

when compared to SZ and MZ only constructs. Further, zonal protein PRG4 is mainly seen in 

parts containing SZ cells (27). In the only study assessing zonal chondrocytes constructs in 

vivo, scaffold-free implants in the patellofemoral groove of mini-pigs show limited matrix 

production, and loss of zonal organization (59). 

In summary, stratification of zonal cells can lead to depth-dependent differences in 

vitro; however, the step towards (long-term) in vivo zonal performance remains a challenge. 

Possibly, the use of state-of-the-art techniques such as magnetically guided 3D cell patterning 

and additive manufacturing may play a role in this. Using the former, the manipulation of cells 

into multi-directional cell arrangements is possible, both in vitro and in situ (60). Additive 

manufacturing can also aid in further development of this strategy, since this technology 

permits the fabrication of multi-cell type, multi-layered and multi-material constructs (61-64) 

(Figure 1), which have mechanical properties similar to native tissues (62, 65). Also, porosity of 

the constructs can be controlled in detail (66), creating the possibility to optimize diffusion of 

nutrients and waste products (67), and thus to produce larger constructs. 

FuTuRE PERSPECTIvES
If zonal chondrocytes are to be used, apart from the previously mentioned issues, a number 

of general challenges need to be overcome in order to reach a clinical application. First, the 

challenge of obtaining sufficient cells for implantation needs to be addressed. Typically, only a 

limited amount of cells can be harvested from a patient, and these cells need to be expanded 

or combined with another cell source. Expansion of chondrocytes leads to dedifferentiation 

and loss of (zonal) phenotype. A promising approach is to combine primary chondrocytes with 

bone marrow-derived mesenchymal stromal cells (MSCs). For full-thickness chondrocytes, 

this method leads to MSC-induced chondrocyte proliferation (68) and chondrocyte-enhanced 

chondrogenesis by MSCs (68-70). In this way, not only the quantity problem is solved, it may also 

bring one-stage surgery for cartilage defects a step closer. Of course, for a zonal approach it will 

be necessary to investigate whether a co-culture of this kind also benefits zonal chondrocytes. 

However, the arguments raised above urge open-minded consideration of the entire zonal 

concept. The idea that zonal neo-tissue or constructs reflecting the native structural depth-

dependent differences may have advantages over homogeneous material is valid and still 

stands. However, most of the attempts to generate zonal tissue have used cells from zonal 

subpopulations to achieve this. This approach goes from the premise that the cells are leading 
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in determining zonal characteristics. This seems logical, as the cells produce the matrix and 

not vice versa. While this is true, another mechanistic option is that the cells are driven by 

the environmental (biomechanical and biochemical) conditions, which change with increasing 

depth. Load dissipation in cartilage is depth-dependent and non-linear (71); oxygen tension 

also changes rather dramatically with distance from the surface in an a-vascular tissue like 

cartilage (72). In this concept, the cells are programmed according to their depth-dependent 

location and adapt their morphology and expression patterns: they follow instead of lead. 

In fact, there are a number of studies advocating this concept. It has been shown in young, 

growing animals, that mechanical loading directs the formation of “horizontal” topographical 

heterogeneity and can affect the development of collagen orientation (53), and that also 

in vertical direction, i.e. depth-related, changes in the distribution of extracellular matrix 

components can be induced by exercise (73). This is direct in vivo evidence of the influence of 

loading on the zonal arrangement of cartilage. Experimental evidence from in vitro research on 

the effect of force direction on collagen formation in explants points in the same direction (57) 

and in this same line it was predicted in a numerical simulation that a combination of loading 

and shear stress holds promise to result in a physiological collagen structure (74). Of course, 

this replication of collagen fiber arcades needs to be confirmed experimentally, either in vitro 

using a mechanical loading system, or in an implant in vivo at an orthotopic location.

As an alternative for zonal chondrocytes, MSCs can be directed towards differentiation into 

zonal chondrogenic cells (75, 76) by the use of specific different biomaterials in one construct. 

Figure 1. Possible combination of the use of additive manufacturing, smart materials, and (zonal) cells. A 
3-dimensional (3D) design is loaded into the computer and converted to a 3D shape, using multiple cell types. 
Adapted from (62).
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This method shows great promise, since it potentially could solve the problems of limited 

availability of zonal chondrocytes, donor site morbidity and chondrocyte dedifferentiation. 

A promising approach for tissue engineering, that might lead to the formation of zonal cell 

populations, is the combination of a structure with biomechanical characteristics similar to the 

natural situation (hence creating a similar force dissipation pattern) with cells that resemble 

juvenile cells (e.g. MSCs). The realization of such an approach seems feasible. It has been shown 

that the combination of different biomaterials and smart scaffold design can affect the ECM 

deposition by influencing cell alignment (77). For the fabrication of complex multiple-material 

structures additive manufacturing techniques have already proven to be useful (61, 62, 78). 

To further enhance the desired anisotropic tissue formation, a depth-dependent, and maybe 

also a topography-dependent mechanical loading protocol could be employed. A mechanical 

loading regime can also be used to test whether a construct will be able to withstand the 

compressive loads and shear forces it will be subjected to in vivo.

In the future, complex shapes, based on actual patient images obtained by CT or MRI, may 

be fabricated using this technique. Possibly, zonal cartilage architecture could be combined 

with vascularized bone grafts to enhance vascularization and integration of the implant. When 

instructive biomaterials would be used, specific cell types can be attracted and cell behaviour 

such as proliferation and differentiation promoted (79, 80). In all cases, the creation of 

circumstances that allow the seeded cells to differentiate into zonal chondrocyte phenotypes, 

driven by their biomechanical and chemical microenvironment, seems the key to success.

We conclude from our literature review that the wide range of models and approaches 

used, and probably also the lack of success so far, reflect the lack of understanding of the 

requirements for zonal cartilage. It is striking, that while the first reports about zonal differences 

in cartilage tissue date from more than 20 years ago (35, 81) and a great deal of in vitro work 

has been performed non-zonal cartilage tissue engineering, only one short-term in vivo study 

relying on the zonal concept has been reported (59). There is reason to believe that the focus in 

research on the harvesting of zonal chondrocyte populations and on attempts to let these cells 

retain or regain their zonal phenotype has been too strong, and based on an overly simplistic 

conception of how the zonal characteristics of cartilage are generated and maintained in vivo. 

Alternatives for the use of zonal chondrocytes, like the use of mechanical loading regimes, 

instructive biomaterials and smart scaffold design that prompt the cells to develop a zonal 

phenotype exist and should be further investigated. The use of mesenchymal stromal cells 

in this context seems especially promising. In our view, the regeneration of zonal cartilage 

remains an important aim; however, an environment-driven cell differentiation approach is 

more feasible than one involving simple organization of zonal chondrocytes. The challenge 

of producing cartilaginous tissue with a zonal composition in vivo may even be greater than 

it seems, since negative results are not likely to be published (82). We therefore advocate that 

research groups publish also their negative results so they will not be repeated by others so we 

might gain the knowledge which was exhausted over the last twenty years.
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INTRODuCTIE 
Defecten in gewrichtskraakbeen op traumatische basis komen veel voor en de aangedane 

populatie bestaat veelal uit jonge, actieve patiënten. Het ziektebeeld is niet beperkt tot 

mensen, maar is ook bij het paard een klinisch probleem. De klachten bestaan uit pijn en 

bewegingsbeperking, en leiden tot (hoge) kosten voor medische behandeling, bij mensen 

tot ziekteverzuim en bij paarden tot ongeschiktheid voor het doel waarvoor ze gebruikt 

worden (verschillende takken van paardensport). Aangezien volwassen kraakbeen weinig 

herstelvermogen heeft en onbehandeld laten van de defecten kan leiden tot chronische 

gewrichtsdegeneratie (osteoarthrose), is ingrijpen noodzakelijk. Bestaande therapieën, zoals 

microfractuur en autologe chondrocyten-transplantatie geven goede resultaten op korte en 

middellange termijn, maar hebben ook nadelen zoals hoge kosten en onvolledig herstel van 

het oorspronkelijke weefsel. 

Gewrichtskraakbeen, waarvan één van de belangrijke eigenschappen het schokabsorberende 

vermogen is, is geen homogeen weefsel maar verschilt in samenstelling en opbouw van de 

extracellulaire matrix, zowel per locatie in het gewricht als in de diepte. Deze heterogeniteit is 

waarschijnlijk het gevolg van en in ieder geval het antwoord op lokale verschillen in belastings- 

en schuifkrachten. Kraakbeen kan worden onderverdeeld in drie zones: de oppervlakkige zone 

(bovenste 10-20%), de middenlaag (volgende 40-60%), en de diepe zone (de onderste 30-40%). 

De zones verschillen van elkaar wat betreft celgrootte, -morfologie en –hoeveelheid, en wat 

betreft de hoeveelheid van glycosaminoglycanen (GAGs), één van de hoofdbestanddelen van 

de extracellulaire matrix van kraakbeen. Ook qua oriëntatie van de collageenvezels die samen 

het collageennetwerk vormen dat de glycosaminoglycanen op hun plaats houdt en dat het 

andere hoofdbestanddeel van de extracellulaire matrix van kraakbeen vormt, zijn er duidelijke 

verschillen. Ten slotte zijn er nog diepteverschillen wat betreft de secretie van een aantal 

eiwitten. Clusterine en proteoglycaan-4 (PRG4) (ook bekend als superficial zone protein (SZP)) 

komen bijvoorbeeld voornamelijk voor in de oppervlakkige laag, terwijl in de middenzone de 

concentratie van cartilage intermediate layer protein (CILP) het hoogst is; cartilage oligomeric 

matrix protein (COMP) wordt vooral gevonden in de midden- en diepe zone. 

Onze hypothese was dat het niet volledig herstellen van kraakbeen in de huidige 

behandelpraktijk gerelateerd is aan het gebrek aan zonale organisatie. In dat geval zal het 

duidelijk zijn dat, indien men kraakbeenconstructen die met behulp van tissue engineering 

worden gemaakt succesvol wil maken, er rekening moet worden gehouden met de natuurlijke 

zonale verschillen in kraakbeen. 

ZONALE vERSChILLEN EN DE ROL vAN AANGEBRAChTE 
ORGANISATIE in vitro  
In hoofdstuk 2 wordt aangetoond dat verrijkte celpopulaties van kraakbeencellen 

(chondrocyten) uit de oppervlakkige, midden- en de diepe zone kunnen worden geoogst. 

Na vermenigvuldiging en vervolgens redifferentiatie blijken deze celpopulaties van elkaar te 

verschillen wat betreft het inbouwen van GAGs, in een verhouding die vergelijkbaar is met die in 

natief kraakbeen. Verder scheiden de celpopulaties zone-specifieke eiwitten uit. Bovenstaande 
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observaties gelden voor cellen die gekweekt zijn in alginaat hydrogel; wanneer cellen in pellets 

worden gekweekt worden geen verschillen gezien. Deze bevindingen ondersteunen het 

gebruiken van (alginaat-) hydrogels voor zonale tissue engineering van kraakbeen. 

De volgende stap was het onderzoeken van de invloed van het gelaagd combineren 

van celpopulaties (hoofdstuk 3). Pellets van oppervlakkige en diepe zone cellen werden 

laagsgewijs aangebracht in 3-dimensionale (3D) constructen. Dit resulteerde na enkele weken 

kweken in kraakbeenachtig weefsel dat rijk was aan GAGs en collageen type II. In geen van de 

gekweekte constructen werd echter behoud of terugkeer van het zonale fenotype gezien, wel 

werd waargenomen dat kweken in 3D constructen, vergeleken met pelletkweek, leidde tot een 

betere incorporatie van GAGs. 

BEGRIP vAN GROEImEChANISmEN
In hoofdstuk 4 wordt een wiskundig model beschreven dat inzicht verschaft in de mechanismen 

van in vitro groei. Experimentele gegevens werden vergeleken met voorspellingen op basis van 

wiskundige simulaties om het model te verfijnen. Hiertoe werden chondrocyten gezaaid op 

met collageen gecoate filters en tot 7 weken gekweekt. De wiskundige simulatie kwam goed 

overeen met de experimenteel verkregen cel- en matrixverdeling. De verdeling van GAGs 

en cellen bleek in hoge mate afhankelijk te zijn van de celdifferentiatiesnelheid. Grote delen 

van het weefsel bleken niet bij te dragen aan de proliferatie en groei van de lagen. Dit kan 

betekenen dat het gebruik van een hogere zaaidichtheid van cellen geen significant effect heeft 

op de groeisnelheid. Het bleek bij dit experiment dus mogelijk met behulp van een relatief 

eenvoudig wiskundig model de werkelijkheid te voorspellen, hetgeen de interpretatie van het 

mechanisme van in vitro weefselgroei mogelijk maakte. Met deze studie werd zo aangetoond 

dat in silico resultaten kunnen helpen inzicht te verschaffen in onderliggende mechanismen 

van het gedrag van cellen, en dus mogelijk gebruikt kunnen worden om kweekmethoden te 

ontwerpen en te ontwikkelen. 

DE ONTwIKKELING vAN hET INNOvATIEvE CONCEPT vAN 
BIOPRINTEN
Bioprinten is een nieuwe, veelbelovende techniek voor het fabriceren van weefselconstructen. 

Bij deze techniek wordt een driedimensionale structuur gecreëerd die bestaat uit strengen 

van een –in eerste instantie dik vloeibaar- materiaal (veelal een hydrogel), al dan niet geladen 

met cellen. De techniek is ook bruikbaar voor het produceren van gelaagde (kraakbeen)

constructen, maar dient nog wel te worden geoptimaliseerd voor dit specifieke doel. In 

hoofdstuk 5 beschrijven we het proof of principle van het 3D printen van meerdere celtypes 

waarbij alginaat hydrogel als model-biomateriaal werd gebruikt. Multipotente stromale 

cellen en chondrocyten werden gebruikt om respectievelijk osteogene en chondrogene 

differentiatie te bewerkstelligen. Het veranderen van de afstand tussen de geprinte strengen 

en de richtingshoek waarmee deze op de vorige streng werden geprint bleek grote invloed te 

hebben op de porositeit en de elastische modulus van het construct. De architectuur van het 

construct en de lokalisering van de cellen bleven gedurende drie weken onveranderd, maar 
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er trad afzonderlijke en celspecifieke weefselvorming op in de verschillende delen van het 

construct, zowel in vitro als in vivo. Deze resultaten tonen aan dat bioprinten geschikt is om 

levensvatbare weefsels te fabriceren met een voldoende volume, die mogelijk kunnen worden 

gebruikt voor het herstellen van bot-kraakbeendefecten. 

Bioprinten kan dus worden gebruikt om constructen met meerdere celtypes te maken, met 

specifieke extracellulaire matrixvorming op gespecificeerde plaatsen, maar het proces dient 

nog op een aantal punten verbeterd te worden. Door de zachte consistentie van het gebruikte 

biomateriaal, alginaat, kan slechts een construct van beperkte hoogte worden geproduceerd. 

Om dezelfde reden wordt het uiteindelijke construct mechanisch (te) zwak. Tenslotte, hoewel 

het gevormde weefsel specifiek was, werd het niet in in voldoende mate aangemaakt. 

Om te onderzoeken of deze beperkingen van alginaat konden worden ondervangen 

door het gebruik van thermosensitieve en fotosensitieve hydrogels, werden 

drie mogelijke biomaterialen getest: hyaluronzuur/hydroxyethyl-methacrylaat-

gederivatiseerde dextraan (HA/dex-HEMA), poly(n-(2-hydroxy-propyl)methacrylamide-

lactaat)-poly(ethyleen-glycol)-poly(n-(2-hydroxypropyl) methacryl-amide lactaat) 

(p(HPMAm-lactaat)-PEG), en gelatine methacrylamide (gelMA) (hoofdstukken  6-8). 

Deze biomaterialen werden getest op mechanische en zwellingeigenschappen, op 

de mate van overleving van cellen in de gel en op printbaarheid. De mechanische 

eigenschappen van de drie geteste biomaterialen maakten ze geschikt voor bioprinten; 

opeenvolgende lagen van gelstrengen konden op elkaar konden worden geprint. Verder 

was de biocompatibiliteit goed: de overlevingspercentages van de cellen waren hoog. Het 

printen van GelMA bleek uitdagend door de lage viscositeit van het materiaal, maar de 

toevoeging van hyaluronzuur (HA) verbeterde de hanteerbaarheid en de printbaarheid van 

deze gel aanzienlijk. Bij GelMA werd ook de differentiatie van de geïncorporeerde cellen 

onderzocht, waarbij kraakbeenachtige weefselvorming werd gevonden. Concluderend 

zijn alle drie onderzochte materialen geschikt voor bioprinten, maar alle drie zijn het 

mechanisch zwakke materialen. 

Als alternatief voor het gebruik van een mechanisch sterker biomateriaal met een hogere 

viscositeit (dat vaak minder gunstige eigenschappen voor celoverleving heeft) kan ook de 

combinatie van een hydrogel met een stijver materiaal, zoals een thermoplastische polymeer, 

worden gebruikt. In het laatste experimentele hoofdstuk (hoofdstuk 9) wordt dit concept 

beschreven en uitgewerkt: het bioprinten van zogenaamde hybride constructen, vervaardigd 

door het afwisselend printen van strengen thermoplastische polymeer en hydrogel (met 

geïncorporeerde cellen). Deze benadering is vooral interessant voor weefsels die hoge 

mechanische krachten moeten kunnen weerstaan (zoals gewrichtskraakbeen). Omdat de 

thermoplastische polymeer zorgt voor ondersteuning van de hydrogel, kan voor het printen 

van hybride constructen een grotere verscheidenheid aan biomaterialen worden gebruikt dan 

met het printen van alleen hydrogel. 

Geconcludeerd kan worden dat bioprinten een uitstekende techniek is om de replicatie 

van weefselarchitectuur te bewerkstelligen. Hoewel er veel vooruitgang is geboekt, is het wel 

belangrijk te realiseren dat de bioprint-techniek nog in de kinderschoenen staat. De vertaalslag 

van de in vitro resultaten naar uitgebreide in vivo studies in grote diermodellen, laat staan naar 

humane (of veterinaire) klinische toepassingen, moet nog worden gemaakt. 
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