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Abstract 

Hyaline cartilage is a strong and flexible connective tissue found throughout the human body. It 

provides important structural and functional support for the nose, ribs, larynx, and trachea. Due 

to the avascular nature of the hyaline cartilage, its defects or lesions are non-regeneratable and 

non-healing, which can progress into diseases such as osteoarthritis (OA) or nasal airway ob-

struction and result in severe clinical complications. Cell-based cartilage tissue engineering using 

3D bioprinting techniques can generate functionalized cartilage replacement in vitro using autol-

ogous cells, which can become a promising prospective treatment for these defects and lesions. 

The 3D bioprinting techniques allow on-demand fabrication of engineered and patient-specific 

cartilage tissue to replace damaged tissue and restore normal cartilage functions. However, exist-

ing 3D bioprinting research primarily focuses on the formulation and engineering of biomateri-

als, yet lacks thorough biochemical evaluations and substantial evidence to indicate the clinical 

potential of the bioprinted cartilage. To address this challenge, this thesis focuses on 3D bioprint-

ing and regeneration of hyaline cartilage using naturally derived polymer, with in-depth evalua-

tions of appropriate cell sources, in vitro, and in vivo biochemical and biomechanical perfor-

mance of the engineered tissue.  

Chapter 1 introduces the research topic with a review of hyaline cartilage structure, biochemical 

and biomechanical properties, potential cell source for engineered cartilage tissue, and suitable 

bioink materials used for 3D bioprinting. This review suggests that nasal chondrocytes are 

among the most suitable cell sources for hyaline cartilage regeneration. Chapter 2 provides 
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insights into the rheological and viscoelastic properties of collagen and their roles in micro-ex-

trusion bioprinting. 

The first project (Chapter 3) describes the 3D bioprinting of cartilage tissue using nasal chondro-

cytes laden type I collagen as bioink. A biomimicry shape with non-cytotoxicity was generated 

using a state-of-the-art freeform reversible embedding of suspended hydrogels (FRESH) 3D bi-

oprinting technique. The engineered cartilage showed comparable biochemical properties to na-

tive nasal cartilage. The mechanical characterization and in vivo stability of the engineered nasal 

cartilage substitutes were needed to further support its potential for clinical application and for-

mation of patient-specific surgical-ready shapes. Therefore, the second project (Chapter 4) ex-

tends this study and investigates chondrogenic culture's effects on the biochemical and mechani-

cal properties of bioprinted constructs of nasal chondrocytes in vitro and in vivo in nude mice. 

Engineered nasal cartilage from nasal chondrocytes seeded on clinically approved type I/III col-

lagen membrane scaffolds (Chondro-Gide) served as a control. The results showed excellent in 

vitro and in vivo performances comparable to those of clinically approved scaffolds. To further 

improve the printability and the shape integrity of collagen bioink, the third project (Chapter 5) 

used pre-crosslinked methacrylate collagen with thiolate hyaluronic acid and Poly(ethylene gly-

col) diacrylate (PEGDA) crosslinker as a bioink to investigate the printability and in vitro chon-

drogenesis. This novel bioink showed significantly improved printability, shape and size reten-

tion, and biochemical indicators compared to a collagen-only bioink. 

This thesis extensively studied 3D bioprinting and regeneration of hyaline cartilage using type I 

collagen-based hydrogels with nasal chondrocytes. The study results pave the way for the clini-

cal application of 3D bioprinting to treat cartilage defects. 
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1.1 Introduction 

Cartilage is the main type of connective tissue throughout the human body, serving various struc-

tural and functional purposes and exists in different types in our joints, spine, lungs, ears and 

nose. Three types of cartilage are found in the human body, including hyaline, elastic, and fi-

brous, characterized based on histological criteria and mechanical properties[1]. Among them, 

hyaline cartilage is the most common type of cartilage found in the ribs, nose, articular, larynx 

and trachea. The hyaline cartilages cover the bone ends to create a low friction environment and 

cushion the joint surface; they can also act as structural supports and contribute to the elasticity 

of the nose, ribs, larynx, and trachea[1]. The orthopedical and maxillofacial regions are two of 

the most common regions for hyaline cartilage defects. It is estimated that 37% of adults over 65 

years in USA suffers osteoarthritis which is characterized by progressive loss of hyaline carti-

lage[2]. Deviated nasal septum has been observed in 80% of the general population and it is a 

major cause of airway obstruction[3]. Defective hyaline cartilage, depending on its location, can 

also lead to different diseases and affect donor-site functions[4]. These defects are usually caused 

by injury, wear and tear, congenital malformation, skin cancer removal, to mention a few. Due to 

the lack of vascularity, damaged hyaline cartilage has limited spontaneous self-repair and regen-

erative capabilities. Therefore, special therapies are needed to repair the damaged hyaline carti-

lage[4].  

In the orthopedics, articular cartilage injury is a significant risk factor for the development of os-

teoarthritis (OA) – a condition causing significant patient morbidity and substantial cost to the 

health care systems. The current treatment modalities include marrow stimulation, osteochondral 
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tissue transplantation using autograft or allograft, cell-free biomaterial matrix implantation and 

autologous chondrocyte transplantation[5].  

In the maxillofacial region, damage or malformation of the nose cartilage structures may com-

promise nasal airway function or facial aesthetics. Nasal cartilage repair usually involves the 

transplantation of cartilage grafts from other anatomical sites in lieu of the damaged tissue to 

modify or rebuild the framework of the nose. These grafts are then covered by a skin flap, acting 

as structural support to resist the force of contraction and fill the loss of nasal cartilages or fibro-

muscular fatty tissues in the alar lobule area. Currently, the commonly used nasal cartilage graft 

materials include autologous cartilage grafts, allogeneic grafts, and synthetic materials [6].  

Despite positive outcomes reported using these treatments [7-16], several inherent shortcomings 

still exist with these established treatment modalities. The marrow stimulation in the orthopedic 

region is not appropriate for large defects, resulting in resurfacing with fibrocartilage[17], which 

presumably does not adequately restore joint congruity and loses distribution in joints with larger 

critical-sized defects[18]. Autografts used in osteochondral and maxillofacial regions can pro-

duce donor site morbidity[6]. The autografts from rib cartilage are also associated with warping 

and calcification for maxillofacial reconstruction[6]. The synthetic material used for the maxillo-

facial region has the issue of infection, foreign body reaction, dislocation and extrusion[6]. Allo-

graft transplantation is logistically challenging given the need for testing the infectious diseases, 

sterilization, high resorption rate, and donor-recipient size and shape matching[6]. Thus, alterna-

tive techniques that consider both the biocompatibility and the complexity related to the anatomi-

cal 3D geometry are essential for treating cartilage defects. 
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In recent years, cell-based tissue-engineered cartilage grafts using 3D bioprinting technology 

have demonstrated the potential to overcome the shortcomings of conventional cartilage grafts[3, 

6]. The traditional cell-based engineered cartilage grafts are designed to utilize the patient’s cell 

embedded within a biomaterial scaffold to regenerate a “live” cartilage tissue in vitro, then im-

planted into the patient. However, this method is limited by the size/shape of biomaterial scaf-

fold, lack of spatial control over the placement of functional constituents (including biomaterials 

and cells) in the fabricated structure. On the other hand, the 3D bioprinting strategy allows the 

fabrication of patient-specific geometry and provides specific functional requirements for each 

cartilage defect. For example, 3D bioprinting can provide personalized cartilage grafts for pa-

tients with nasal defects; it can also spatially pattern cells and biomaterials for articular cartilage 

defects, which are usually anisotropic and have zone variations. To successfully yield an optimal 

3D bioprinted cartilage graft for clinical translation, three key elements need to be satisfied: 1) 

successful in vitro differentiation of the 3D bioprinted construct under chondrogenic culture, 2) 

mechanical properties similar to native tissue, and 3) further stability and maturation in vivo, in 

terms of maintaining the cartilage phenotype of the graft and new tissue formation. The current 

3D bioprinting research mainly focuses on biomaterial and in vitro performance of the 3D bi-

oprinted constructs, but it still lacks in-depth discussion regarding the cell selections and the in 

vivo stability after printing. In recent years, nasal chondrocytes (NC), as a neural crest derived 

cell source has demonstrated the ability to retain chondrocytic phenotype across serial cloning, as 

well as respond to physical forces that resemble joint loading and adapt to heterotopic transplan-

tation site[19-21]. Based on these findings, NCs laden-tissue engineered cartilage grafts were 

clinically used in nasal reconstructive surgery and to repair articular cartilage defects[6, 22, 23]. 
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In this review, we first review the intrinsic properties of native nasal cartilage and articular carti-

lage to establish the requirement for 3D bioprinting of cartilage tissue. We then aim to review the 

current literature and provide opinions on the cell selection, bioprinter, and bioink materials. We 

also identified the current challenges and the directions for future developments in hyaline carti-

lage regeneration.  

1.2 Structure, composition, and mechanical property of nasal and articular cartilages 

1.2.1 Structure 

Articular cartilage is a thin connective tissue layer covering the surfaces of diarthrodial joints. It 

rests on a firmly fixed subchondral osseous plate, and the other end of the articular cartilage 

blends gradually with the synovial membrane and periosteum, as shown in Figure 1.1A. The 

thickness of human adult articular cartilage is about 2-4mm[24, 25]. The unique properties of ar-

ticular cartilage permit the distribution of high loads, maintenance of low contact stresses, and 

creation of a low friction environment during movement and shock absorption[24].  

Articular cartilage exhibits a zone difference, where each zone provide different functional prop-

erties for the cartilage tissue. Each of the zone, including the superficial zone (SZ), middle zone 

(MZ), deep zone (DZ), and calcified zone (CZ), are differentiated by their matrix composition, 

cell morphology, and mechanical properties[26, 27]. Figure 1.2A illustrates the non-homogenous 

distribution of cells and ECMs in zones of matured articular cartilage. SZ accounts for 10-20% 

of the total articular cartilage thickness, surrounded by thin but densely packed collagen fibrils 

oriented parallel to the articular surface. The chondrocytes in the superficial zone of the matrix, 

are usually flatter, smaller, and more densely packed compared to the cells found deeper in the 
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matrix. SZ also contains the highest collagen density within the tissue but has the lowest percent-

age of aggrecan compared to other zones. The MZ constitutes 40-60% of the total volume of ar-

ticular cartilage and comprises of proteoglycans and thicker collagen fibrils. This layer harbors 

cells that are more spherical in shape and exhibit a lower cell density, in addition to the highest 

proteoglycan content within the tissue. The orientation of collagen fibrils in the MZ undergoes a 

transition, characterized by a shift from a parallel alignment in the SZ to a random orientation 

within the MZ. DZ is located between MZ and CZ layers, which represents approximately 30% 

of AC volume. Deep zone contains the lowest level of cell density but the largest collagen fibril 

in diameter. The collagen fibrils transit from random orientation in MZ to perpendicular (radial) 

orientation in the DZ to strengthen the bond between cartilage and bone. In DZ, the chondrocytes 

are parallel to the organized collagen fibres. The size of the collagen fibre gradually increases 

from SZ to DZ, but with decreased collagen and water content.  CZ is the transitional zone from 

articular cartilage to subchondral bone. The chondrocytes in the calcified zone usually express 

the hypertrophic phenotype. CZ contains small cells within a matrix that has chondroid proper-

ties and is speckled with apatitic salts [27-29].  

The nose is the prominent structure that provides air passage for respiration and provides the 

sense to smell. Due to its central location, it also plays a vital role in facial aesthetics. The skele-

ton of the nose is formed by three types of tissue: bone, cartilage, and fibro-fatty tissue. Although 

bones contribute to the skeletal framework of a human nose, the external shape is mainly at-

tributed to the soft tissue structures (cartilage, fibro-fatty tissue) rather than the underlying 

bones[30]. Nasal cartilages are hyaline cartilages categorized into three structures or functional 

subunits: nasal septum cartilage, paired upper lateral cartilage (ULC), and paired lower lateral 

cartilage (LLC), as shown in Figure 1.1B. The nasal septal cartilage, also known as the central 
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septum, divides the nose into two cavities. It provides midline structural support for the soft lat-

eral side wall and helps resist deformation [3]. The ULC extends off the septum and interfaces 

with the upper nasal bones and lateral maxilla [3]. The ULC and septum cartilage form the soft 

lateral sidewall and medial wall of the nasal vault, which maintains normal airflow through the 

nose and plays a significant role in the overall anatomic shape of the nose[3, 31]. The LLCs, also 

known as alar cartilages, form the nasal tip and constitute the external valve [3].  

 

Figure 1.1. Schematic diagram of (A) human nasal cartilage anatomy and (B) articular cartilage anatomy  

Similar to articular cartilage, nasal cartilage also exhibit zone differences, including super-

ficial (peripheral), intermediate and central zone, as shown in Figure 1.2B. Popko et al. found a 

distinct transition of cell numbers, morphology, and orientation from the surface to the central 

zone in both septum cartilage and LLC: chondrocytes gradually become larger and more rounded 

with decreasing cell numbers. The nasal cartilage surface usually contains numerous small and 

flat chondrocytes orienting parallel to the surface. The central zone has less numerous, clustered, 

lager, oval-shaped chondrocytes oriented perpendicular to the surface [32]. These differences 

represent the change in form and position between younger and mature cells [32]. The reason for 
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the transition in position is still underdetermined. Nasal cartilage also shows distinct collagen 

deposition in different zones. The peripheral zone shows more intense collagen staining than the 

central zone, and this observation is more evident in septal cartilage than LLC [32]. Also, using 

Herovici and Lawson staining, the matrix of the peripheral zones for both septal and LLC stains 

light blue, a characteristic of young collagen. In contrast, the matrix of the central zone has a 

more reddish colour, specific to mature collagen [32].  

 

Figure 1.2. A structural comparison between (A) articular cartilage and (B) nasal cartilage.  

1.2.2 Biochemical composition 

Cartilage has a relatively simple composition, with only 3-5 % of cells (chondrocytes) and 95% 

of extracellular matrix (ECM) by mass, where the ECM is primarily type II collagen and 
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proteoglycan[27, 33]. This ECM is essential in regulating chondrocyte functions and provide the 

cartilage structure and specific mechanical properties[34].  

In hyaline cartilage, the ECM occupies a significant volume fraction of the tissue and is responsi-

ble for its primary functions. For example, proteoglycan provides swelling pressure, and collagen 

provides structural support [1]. Cartilage functions are engendered by the supramolecular sys-

tem, including the collagen-containing fibrils and large cartilage-specific proteoglycans [1].  

The articular cartilage ECM consists of 60-85% of water and a macromolecular framework of 

collagens (10-30%), proteoglycans (3-10%), and some minor non-collagenous protein[35]. The 

predominant collagen type in articular cartilage is type II collagen, which accounts for approxi-

mately 90-95% of the total collagen dry weight[35]. Type II collagen is a fibrillar collagen com-

posed of three α1(II) chains encoded by a single gene, COL2A1. Except for type II, other types 

of collagens are presented, including type III, VI, IX, X, XI, XI and XIV. Type II, IX and XI col-

lagen can form a reinforcing heteropolymer in the ECM[36]. Type X collagen (Collagen X) con-

tributes to regulating the ossification of cartilage[37]. Ideally, a tissue-engineered hyaline carti-

lage construct should yield high type II collagen content and minimal type X collagen content. 

Proteoglycans are protein monomers that are heavily modified with glycosylation. They consist 

of a protein core attached by one or several glycosaminoglycans (GAG). The GAG is a linear 

carbohydrate polymer that is composed of repeating disaccharides, which are mainly chondroitin 

sulfate and keratin sulfate[29]. Aggrecan is the largest in size and the most abundant by weight 

among cartilage proteoglycans, which possesses more than 100 chondroitin sulfate and keratin 

sulfate GAG chains. It’s an aggregate proteoglycan and its structure is characterized by its multi-

molecular complex composed of hyaluronan, various GAG (such as keratin sulfate and 
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chondroitin sulfate) and link protein[29]. This complex serves to stabilize the cartilage matrix 

and confer upon it its characteristic mechanical properties, which GAGs provide swelling pres-

sure and contribute to distributing and resisting the compressive load by binding to the water 

molecules. Versican is another type of aggregate protein found in articular cartilage, but at sig-

nificantly lower levels. Nonaggregating proteoglycans, such as decorin, biglycan, and fibromod-

ulin, is characterized by their unique ability to interact with collagen. Despite being smaller in 

size than aggrecan, these molecules may be present in similar molar quantities. These proteogly-

cans are structurally related, but differ in the composition and function of their glycosaminogly-

cans. Decorin and biglycan are characterized by the presence of one and two dermatan sulfate 

chains, respectively, whereas fibromodulin has several keratin sulfate chains. Decorin and fibro-

modulin play a role in fibrillogenesis and inter-fibril interactions by interacting with type II col-

lagen fibrils in the matrix, while biglycan is primarily found in the vicinity of chondrocytes and 

may interact with collagen VI[27]. 

In the nasal cartilage, both LLC and nasal septum show abundant staining for type II collagen 

and slight staining in type I collagen [32, 38]. Several papers characterized the biochemical con-

tents of nasal septal cartilage[39-42]. However, these studies have shown inconsistent results re-

garding collagen content, glycosaminoglycan content, and cellularity among research groups. 

Homicz et al. showed that human nasal septal cartilage contains 77.7% water, 7.7% collagen, 

and 2.9% GAG in wet weight, with 24.9 million cells per gram[39]. Neuman et al. showed that 

nasal septal cartilage contains 1.7% of GAG and 73.9% collagen in wet weight with 24.9 million 

cells per gram[40]. Another research group shows that nasal septal cartilage contains 4.3% GAG 

and 14.1% of the collagen in wet weight[41]. Our research group has measured human septal 

cartilage containing 4.6% of GAG in wet weight and 22.47 million cells per gram[42].  
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Biochemical properties are critical engineering design criteria for the evaluation of cartilage tis-

sue engineering. Additional study may be needed to unequivocally determine the biochemical 

content of articular cartilage and nasal cartilage regarding age, gender, race, etc. For articular 

cartilage, it is important to characterize the biochemical contents of different zones. And for na-

sal cartilage, it is also interesting to characterize the biochemical content of LLC, and ULC, since 

most reported values are for nasal septal cartilage.  

1.2.3 Mechanical properties 

The engineered cartilage must also possess satisfying mechanical strength to ensure its ability to 

be sutured during surgery and withstand stress after implant. Therefore, the mechanical proper-

ties of human hyaline cartilages must be understood to establish the design basis for the engi-

neered tissue. 

To date, most literature characterized the articular cartilage by compressive moduli as the articu-

lar cartilage tissue frequently experiences compressive load during physiological activities[43-

49]. Major weight-bearing joints for articular cartilage experience compressive loading stress be-

tween 0.5-7.7 MPa, and the average compression amplitude typically leads to about 13% 

strain[48]. Native human articular cartilage has aggregate moduli (HA) of 0.08-2 MPa[49]. The 

dynamic moduli (ED) of the tissue also increase non-linearly with the increasing strain [49]. In 

addition, native articular cartilage sustains a constant state of static pretension caused by nega-

tively charged proteoglycan retaining fluid throughout the ECM. Consequently, the collagen in 

the cartilage matrix imposes tension that allows the tissue to swell without rupture. Therefore, 

some of the study also measures the tension properties of articular cartilage, which are usually 
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quantified by Young’s modulus (EY) and the ultimate tensile strength (UTS). The EY of native 

articular cartilage is around 5-25 MPa, and UTS is 2-8 MPa[49].  

Like articular cartilage, the mechanical properties of nasal cartilage have been characterized 

mostly by compression. The nasal septal cartilage's lower stiffness and upper stiffness are 0.41 ± 

0.21 and 19.30 ± 6.80 MPa at 50% strain/min, respectively[50]. The compressive Young’s mod-

ulus of the nasal septal cartilage is varied topographically. The posterior nasal septum (3.47 ± 

0.26 MPa) was significantly greater than the anterior nasal septum (2.50 ± 0.32 MPa), but no dif-

ferences were observed between the nasal septum’s superior and inferior regions[51]. The test 

orientation also affects the nasal septal cartilage's confined compression (aggregation) moduli. 

Richmon et al tested the septal cartilage of 21 patients ranging from 18-74 years of age, with ap-

proximately 6mm* 1mm*1mm slices. The vertical and cephalic-caudal orientations resulted in 

aggregate moduli of 0.7 ± 0.12 and 0.66 ± 0.01 MPa, respectively, which were significantly 

stiffer than the medial orientation (0.44 ± 0.04 MPa)[52]. Overall, the septum cartilage (2.72 ± 

0.63MPa) has a significant higher compressive Young’ s modulus than LLC (2.09 ± 0.81 MPa) 

and ULC (0.98 ± 0.29 MPa)[51]. The LLC's compressive elastic modulus was also significantly 

higher than that of the ULC[51]. 

Other studies have characterized the tension or bending properties of the nasal cartilage. The hu-

man nasal septum's tensile equilibrium modulus, dynamic modulus, and strength (maximum 

stress) were measured to be 3.01 ± 0.39, 4.99 ± 0.49, and 1.90 ± 0.24 MPa, respectively [53]. 

The tensile failure strain of nasal septal cartilage was reported to be 35%[53]. Another study 

demonstrated considerable variability in measured tensile modulus for the septum (4.82–32.76 

MPa), LLC (1.82–15.28 MPa), and ULC (5.43–28.63 MPa), which could be attributed to its 
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small sample size (n = 3) [54]. The flexural modulus based on three-point bending tests of nasal 

septal cartilage was measured to be 1.97 ± 1.25 MPa[55].  

Several mechanical testing protocols have been reported in the literature, and the lack of con-

sistency in the testing method and the format of presentation makes the comparison between 

studies difficult at times and may lead to misinterpretations of the native cartilage. This suggests 

the need to establish standardized testing methods for both native and engineered hyaline carti-

lage.  

1.3 Preferred cell sources for cartilage tissue engineering  

Besides biomaterial, the other important component of a bioink – cell, is not well discussed in 

most of the current research in 3D bioprinting of cartilage tissues. In fact, cell source plays a vi-

tal role in bioprinting and will impact the performance of the printed structure both in vitro and 

in vivo. In this section, we will provide insights into suitable cell sources that have the potential 

for the clinical translation of tissue-engineered bioprinted cartilage.  

Hyaline cartilages originate from either mesoderm or ectoderm. The formation of cartilages in 

the limbs is contributed by mesoderm-derived cells (MDC) from somite and lateral plates. In 

contrast, the formation of cartilages in the head and neck region is accounted from the neural 

crest-derived cells (NCDCs)[19, 56-58]. Because MDC and NCCs shared the capacity to gener-

ate hyaline cartilage, their progenies are considered appropriate cell sources for hyaline cartilage 

regeneration. The progenies of MDCs commonly used for cartilage tissue engineering are mes-

enchymal stem cells (MSC) and articular chondrocyte (AC), and the progenies of NCDCs in-

cluding nasal chondrocytes (NCs) and neural crest-derived stem cells (NCSCs)[28]. The 
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following sections discuss the effectiveness of these cell sources for cartilage tissue engineering 

in terms of their in vitro post-expansion chondrogenic re-differentiation potential, and in vivo sta-

bility. 

1.3.1 Mesenchymal stem cells (MSCs)  

Mesenchymal stem cells (MSCs) have been attractive cell sources for cartilage tissue engineer-

ing in the past decade, as they can be isolated from a wide variety of tissue, exhibit a capacity for 

rapid expansion, and readily differentiate into chondrocytes after numerous expansions. MSCs 

derived from various regions, including bone marrow, adipose tissue, periosteum, and synovium, 

have all been found to possess the greatest ability for chondrogenesis. Our group has previously 

summarized the current progress of MSCs-based treatment and underlying barriers to cartilage 

tissue engineering.[59] 

While many clinical trials and research focus on cartilage repair, increasing evidence shows that 

MSCs may not be the most appropriate cell source for cartilage therapy[17, 18, 60]. The chal-

lenge associated with the MSCs is how to differentiate the isolated MSCs toward a desired chon-

drogenic phenotype. A clinical study shows fibrous cartilage formation in joint defects after 

MSC implantation[17].  Chondrogenic differentiation of MSC with TGF-β1 or TGF-β3 in vitro 

results in unstable cartilage after implantation in vivo. For example, adipose-derived stem cell 

(AD-MSC), synovial membrane MSC (SM-MSC) and bone marrow-derived MSC (BM-MSC) 

derived cartilage underwent calcification when implanted in vivo[60-62]. When human BM-

MSC was co-cultured with human nasal chondrocytes, BM-MSC showed increased GAG and 

type II collagen, and decreased collagen X in pellet culture models [63]. However, in a more de-

tail and comprehensive study from our group, the co-cultured nasal chondrocytes and BM-MSC 
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did not maintain the chondrogenic phenotype and underwent premature hypertrophy and calcifi-

cation in vivo [64].  On the other hand, nasal chondrocytes alone maintain the chondrogenic phe-

notype[64]. Considering the in vivo stability in terms of hypertrophic, calcification, and fibrocar-

tilage formation, MSC has become a less suitable cell source for cartilage regeneration.  

1.3.2 Neural crest-derived stem cell (NCSC) 

NCSC can be identified not only from the early embryonic stage but also from adult tissue[65, 

66]. NCSC were discovered in the bone marrow and dorsal root ganglia, heart, skin, gut, and ca-

rotid body, as well as several cranial tissues such as the cornea, iris, dental pulp, herd plate, and 

oral mucosa[28, 65].   

Dental stem cell populations are the most investigated NCSCs, which showed similar properties 

to those of mesenchymal stem cells in terms of their ability to self-renew and the multilineage 

differentiation potential[65-67]. Ferre et al demonstrated that human gingival stem cells 

(HGSCs) can differentiate into osteogenic, chondrogenic, and synoviocyte lineages.  Positive 

type II collagen and glycosaminoglycan staining and mostly negative type X collagen staining 

are shown in the chondrogenic differentiated HGSC pellet[68]. Moshaverinia et al. investigated 

the in vitro chondrogenic capacity of HGSC and human periodontal ligament stem cells 

(HPLSC) in 3D arginine-glycine-aspartic (RGD)-coupled alginate hydrogel with TGF-β1 ligand, 

then compared them with BM-MSC. The results showed that HGSC and HPLSC expressed spe-

cific MSC surface markers such as CD73, CD105, CD146, and CD166 but did not express hema-

topoietic lineage markers such as CD34 and CD45. After four weeks of in vitro chondrogenic 

culture, HPLSCs showed higher expression of SOX9 and COL2A1 genes than BM-MSCs and 

HGSC, while no significant difference was observed between HGSC and BM-MSC. After eight 
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weeks of subcutaneous in vivo implantation in nude mice, HPLSCs revealed more type II colla-

gen production than GMSC and BM-MSC[69]. A recent review has summarized the chondro-

genic potential of the NCSC and induce pluripotent stem cells (iPSC)-derived neural crest 

cells[28]. Although the above literature has shown that NCSC and iPSC-derived neural crest 

cells show positive chondrogenicity results, there is still a lack of research studies to investigate 

the chondrogenic capacities between various populations of NCSC or compare the in vivo stabil-

ity between NCSC and BM-MSC.  

1.3.3 Articular chondrocytes (AC) and nasal chondrocytes (NC) 

Chondrocytes, such as articular chondrocytes (AC) and nasal chondrocytes (NC), are potential 

cell sources for hyaline cartilage tissue engineering, which are obtained from articular and nasal 

septum cartilages, respectively. Although articular cartilage and nasal septum cartilage share the 

same hyaline cartilage nature and produce the same pattern of ECM, NC and AC originated from 

different germ layers. As previously mentioned, NC originated from the neural crest, while AC 

developed from the mesoderm layer[19].  

In orthopedic application, isolation of chondrocytes from the joint surface is complex. Therefore, 

researchers have considered using non-articular “heterotopic” chondrocytes such as NC as an al-

ternative cell source since they are easier to harvest, have a lower risk of donor site morbidity, 

and possess a higher proliferation capacity from a broad age range of humans [70]. In the past 20 

years, much research around cartilage tissue engineering has proven that NC can generate better 

quality of engineering hyaline cartilage in terms of higher type II collagen content and proteogly-

can content both in vitro and in vivo[21, 23, 71-73]. NC are also found to have a significantly 

higher proliferation rate than articular cartilage (four times of population doubling rate, 4.22 
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doubling per week for NC, and 1.12 for AC). Within a short period, a large number of NC can be 

achieved in a monolayer cell culture[74].   

Engineered hyaline cartilage using NC is able to maintain a similar or even better cartilaginous 

tissue forming capacity than AC under the conditions imitating the injured articular environ-

ment[75]. They can also respond to the physical forces that resemble the joint loading, suggest-

ing that the engineered cartilage by NC implanted in articular cartilage defect could further ma-

ture and improve the biochemical and mechanical properties under the mechanical stimulation of 

the joint movement[21]. A large animal study using goat was carried out by Mumme et al. in 

2016 to compare the outcome of tissue-engineered cartilage using NC and AC for articular defect 

repair in vivo[76]. Engineered cartilage using NC can form the characteristic structures of articu-

lar cartilage and integrate efficiently with the adjacent tissue. The AC group had a significantly 

increased subchondral bone area that was a signal for osteoarthritis, which was not detected in 

nasal chondrocyte grafts. These findings paved the way for NC-based cartilage tissue engineer-

ing for articular cartilage implant[76]. Eventually, in 2016, the first human trial to repair focal 

articular cartilage injuries using nasal chondrocytes showed compelling results[23]. Ten patients 

with symptomatic traumatic cartilage defect were repaired using autologous NC tissue engi-

neered grafts. After a 24-month follow-up (n=9, one patient excluded due to the independent 

sport injuries), a self-assessed outcome score and MRI-based estimation indicate a satisfactory 

clinical outcome without any adverse reaction after implantation. No adverse reaction at the site 

of septum cartilage biopsy. Clinical scores for pain relief, knee function in daily living, functions 

in sport and recreation, and knee-related quality of life were markedly improved. The water and 

collagen content of the repair tissue showed similar composition to healthy native articular carti-

lage. The significant increase of GAG content from 6 to 24 months indicates the maturation of 



 

18 

 

the repair tissue. This study demonstrated that tissue engineered cartilage generated by autolo-

gous NC can be clinically used for articular cartilage lesion repair in load-bearing knee joint[23].  

NC can also be used for orthotopic application, mainly focusing on the maxillofacial region. Far-

hadi et al investigated whether the pre-cultivation of engineered nasal cartilage graft using hu-

man NC would increase the suture retention strength and bending property both in vitro and in 

vivo.  Results showed that 2 weeks of chondrogenic preculture enhanced the bending and tensile 

strength in vitro and in vivo [77]. Our group has shown that tissue-engineered cartilage with pure 

NC can maintain the chondrogenic phenotype after 5 weeks of subcutaneous in vivo implantation 

in nude mice, while a co-culture of the NC and BM-MSC, or BM-MSC alone, failed to maintain 

the chondrogenic phenotype and have been shown to undergo hypertrophy and calcification in 

vivo.[64] In 2014, the first human trial using human NC seeded engineered cartilage for the re-

pair of nasal alar lobe defect after the skin cancer tumor resection were reported and showed 

compelling results. The functional assessments, including cutaneous sensibility, structural stabil-

ity, and airflow resistance, all show similar or better than the opposite nostrils. No local or sys-

temic adverse events were recorded after 12 months of implantation[78]. This result has proved 

that NC is a safe and robust cell source for tissue-engineered cartilage.  

In summary, NC show positive results in terms of better proliferation and chondrogenic capacity 

than AC in vitro and in vivo, more stable chondrogenic phenotype in vivo than MSC. Further-

more, NC also can be used for temporomandibular joint regeneration and auricular cartilage re-

generation and provide an autologous cell source for intervertebral disc repair[22].  
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1.4 3D bioprinting for cartilage tissue engineering 

For the conventional cartilage tissue-engineered nasal cartilage, porous scaffolds are fabricated 

from biomaterials and subsequently seeded with cells. Three-dimensional (3D) bioprinting ap-

proaches allow a rapid additive fabrication of patient-specific, anatomically-, or surgical ready-

shaped engineered functional tissue by incorporating tissue engineering techniques [79, 80]. 

Similar to existing 3D printing techniques, once a 3D model of the tissue is developed through 

computer-aided design (CAD) tools, a “bioink”, a biomaterial precursor pre-mixed with cells, are 

loaded into the 3D bioprinter then precisely dispensed from a movable printing head into the de-

signed shape. Next, the printed structure needs to be physically or chemically crosslinked to re-

tain its 3D structure after printing. 

The conventional tissue engineering approaches can be described as top-down, whereas scaffolds 

are prepared first, and cells are seeded within[81]. Limited by the inherent disadvantages of the 

conventional techniques, scaffold-based tissues often fail to reflect both the micro and macro ar-

chitecture of the native tissues. To address problems associated with top-down methods and im-

prove the controllability of the fabrication process[82], a micro-scale bottom-up technique, three-

dimensional (3D) bioprinting, has been applied to tissue engineering[83]. 3D bioprinting is a 

form of additive manufacturing (AM), in which the distribution of cells in biomaterial is pre-de-

fined, and particular geometry of tissues is built up layer-by-layer at micrometre resolution. Un-

like conventional approaches, 3D bioprinting introduces additional options, such as the choice of 

materials, cell types, and growth factors[79], allowing rapid and high-throughput tissue fabrica-

tion.  
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Although 3D printing has evolved significantly since its invention decades ago and a wide range 

of techniques are accessible today, the process of 3D bioprinting can be classified into four gen-

eral steps: (1) image data acquisition, (2) material selection, (3) bioprinting, and (4) functionali-

zation[84]. The 3D models of tissue to be fabricated are usually obtained and reconstructed by 

tomography (CT) or magnetic resonance imaging (MRI). These data would be further modified 

to a bioprinter-compatible format in which printing path and parameters, such as cartridge tem-

perature, printing pressure, and printing speed, are defined [85]. The selection of materials in-

cludes not only base scaffold materials but also cell types and growth factors. Based on the in-

tended application and structural complexity of the construct, the most suitable printing tech-

nique should be chosen accordingly. The final step to generate functional tissues or organs from 

3D bioprinting is to culture the printed constructs under appropriate mechanical and/or biochemi-

cal stimulation. 

As mentioned above, the choice of 3D printing techniques is crucial for the structural and func-

tional integrity of fabricated constructs. With the rapid evolution of 3D printing fields, various 

printing machines have been developed. Among them, extrusion bioprinting[86-88], inkjet [89-

91] and laser-assisted bioprinting [92, 93] are the three primary printing techniques in tissue en-

gineering (Figure 1.3).  
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Figure 1.3. Schematic diamgram of commonly used bioprinting method, (A) Micro-extrusion Bioprinter, 

(B) Inkjet Bioprinter (C) Laser-assisted Bioprinter  

Extrusion bioprinters (direct ink writing) can produce uninterrupted cylindrical lines under a con-

tinuous force generated by either air pressure or mechanical pressure. The most attractive feature 

of extrusion bioprinters is their high compatibility with a wide range of viscosities of materials 

and various concentrations of cells [94]. However, the large mechanical stress induced by the ex-

trusion process can harm the encapsulated cells and potentially reduce cell viability and construct 

functionality.  In addition to the most common skin regeneration application[86], extrusion bi-

oprinting is also widely used in tissue engineering of bone[95, 96], cartilage[97], skin [98], and 

muscle[99], organoid production[100], and drug screening[101, 102]. 



 

22 

 

Unlike continuous filament-based extrusion bioprinting, inkjet (drop-on-demand, DoD) bioprint-

ing works on a droplet basis. During the printing process, discrete droplets with controllable size 

are generated by a jetting element (thermal or piezoelectric actuator) and dispensed on a printing 

bed by following a particular spatial pattern. Due to the mechanical limitation of the jetting ele-

ment, only materials with low viscosity and cell density can be printed via inkjet printers[103]. 

While inkjet bioprinting is restricted to a relatively smaller range of materials, cell viability 

(around 80-95%) has been demonstrated to be higher in different types of materials [104-106]. 

Laser-assisted bioprinting (LAB) is a non-contact, nozzle-free printing method in which a drop-

let is propelled from a layer of suspended bioink by a focused laser pulse and collected on the re-

ceiving platform. Compared to extrusion and inkjet printing, LAB can print biomaterials with 

higher viscosity and cell density at a finer resolution. More importantly, no mechanical stress is 

induced during the printing process, which is beneficial for encapsulated cells to maintain a via-

ble state (95%)[107]. Although LAB is more advanced than the other two printing techniques, its 

adoption is limited by the high cost and complexity of the system. Also, the potential side effect 

of laser exposure on cells and materials has not been fully explored. The current application of 

LAB mainly focuses on bone tissue engineering [92, 108], with a few studies on blood vessels 

[109] and skin[110].  A brief review of advantage and disadvantage of the printing method are 

summarized in the table below.  

Table 1.1 Brief review of the printing method[106]  

 Extrusion Inkjet Laser-assisted 

Advantage Simple and widely used and 

well-established. Can print in 

large volume. Can print with 

wide range of hydrogel 

Ability to print low vis-

cosity biomaterials. Fast 

Can create constructs 

with high resolution 

and mechanical 

strength. Can deposit 



 

23 

 

precursors as bioink material. 

Ability to print high cell densi-

ties 

fabrication speed. Low 

cost 
biomaterial in both 

solid and liquid form 

Disadvantage Limited precision. Only work 

on certain viscosity range. Can 

damage delicate cell during 

printing 

Limited by the size of 

the inkjet nozzle. Ina-

bility to provide contin-

uous flow. Hard to 

build up printed layers. 

Low cell densities 

High cost. Thermal 

damage of cells due the 

laser irritation 

Speed Slow  Fast  Medium  

Cost Moderate  Low High 

Cell viability Good Good Medium  

 

With cartilage tissue engineering, a broad scope of cells, materials, and growth factors combina-

tions have been attempted to fabricate cartilaginous tissues [111-114]. To adapt to the wide range 

of bioink viscosities and cell seeding densities, the most commonly used bioprinting techniques 

are extrusion bioprinting and inkjet. Both have been demonstrated to be safe and have shown 

promising outcomes. 

1.5 Bioink materials for cartilage tissue engineering 

Most bioink materials, in the form of hydrogel precursors, are natural and synthetic polymers or 

a blend of both. The natural polymer suitable for 3D bioprinting can be categorized into polysac-

charide-based (such as alginate, cellulose, hyaluronic acid, chitosan, etc.) and protein-based 

(such as collagen, gelatin, fibrin, decellularized extracellular matrix (dECM) etc.). Natural poly-

mers have the advantage of low cytotoxicity, excellent biocompatibility, and resemblance to the 

ECM. However, they generally exhibit batch-to-batch variations and inferior mechanical 
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properties. Synthetic materials such as poly(ethylene glycol) (PEG), Pluronic  acid (poloxamer) 

usually have a tailorable mechanical property, but their cytotoxicity and biocompatibility are 

generally concerning. To design a biomaterial for bioink formulation, the rheology, biocompati-

bility, crosslinking behaviour, and cell-material interactions are critical parameters to consider. 

1.5.1 Rheology 

The rheological behaviour of the bioink is critical for the 3D bioprinting process. A rheometer is 

usually used to characterize the precursor solution characteristics. The three most relevant rheo-

logical parameters for the bioink include (1) shear responses, (2) recovery time, and (3) yield 

stress. The bioink needs to have a shear thinning property, rapid recovery time, and the presence 

of yield stress. Shear-thinning allows for the decreasing proportional shear force required for 

flow, allowing ease of extrusion through small orifice sizes. Therefore, it can protect the printed 

cells while achieving high resolution [115]. The recovery time of the material, which is the time 

required for the bioink to return to the original state after flow, is also vital for high-resolution 

bioprinting [115]. Bioinks with relatively fast recovery time are ideal for bioprinting applications 

as the immediate return to equilibrium after dispensing may aid with the printing fidelity and the 

homogeneous incorporation of encapsulated cells[115]. Yield stress is required for a material to 

begin to deform under applied shear stress. Together with the shear-thinning property and a fast 

recovery time, bioinks that exhibit yield stress would naturally resist deformation and maintain 

the printed structure[115]. 
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1.5.2 Crosslinking 

After bioprinting, bioink requires chemical or physical crosslinking to form a hydrogel. Chemi-

cally crosslinked hydrogels are distinguished by forming covalent bonds between the polymers 

to create an interconnected network. The chemical crosslinking can be photo-crosslinked and en-

zymic/reaction-based [115]. The most popular photo-crosslinked functional group used in 3D bi-

oprinting is the methacrylate group, which can quickly form polymer because of the reactive 

double bonds. Methacrylate functional groups can be grafted with natural polymers, such as gel-

atin, collagen, hyaluronic acid, alginate, etc., and mixed with cells and photo-initiators to form 

bioinks. This bioink can be crosslinked in UV light to provide mechanical property and structural 

integrity to the bioprinted constructs. The limitation of the photoinitiated hydrogels is their re-

quirement for light penetration. Therefore, opaque materials may encounter crosslinking issues 

with limited light penetration. In addition, UV light may also cause cell damage[115].  

The enzymic/reaction-based crosslinked hydrogels are generally initiated by mixing two solu-

tions or incubating the bioprinting structure into a crosslinking solution[115].  Enzymatic cross-

linking is an attractive method to crosslink protein-based polymers in 3D bioprinting due to the 

mildness of enzymatic reactions, which can minimize cell damage. Only a few enzymatic cross-

linking methods have been used in 3D bioprinting cartilage tissue, most of which are combined 

with other crosslinking methods[116, 117]. Chemical reaction-based crosslinking can occur by 

covalent bonding between polymetric chains through various chemical reactions. Several syn-

thetic chemical crosslinkers have been used in cartilage tissue engineering scaffolds, such as glu-

taraldehyde, formaldehyde, and ethylene oxide[118, 119]. However, they are rarely used in 3D 

bioprinting due to high cytotoxicity to the pre-mixed cells. Natural crosslinkers, such as genipin 
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and riboflavin (Vitamin B) are the more suitable options for 3D bioprinting[120, 121]. Chemical 

crosslinking methods such as Schiff’s base reaction have also improved the printability of the 3D 

bioprinting construct.  

Physical crosslinking can occur through ionic interaction or thermo-crosslinking, where the ma-

terials are held together by polymer entanglement and/or secondary forces without forming cova-

lent bonds. Alginate is the most used ionic crosslinked material in 3D bioprinting. It can form a 

crosslinked network in the presence of divalent cations such as Ca2+
 ions and Ba2+ ions. The diva-

lent calcium ions form a bridge due to the attraction of negatively charged carboxylic acid 

groups between two neighboring alginate chains[115]. Collagen, which can be self-assembled to 

create a physical gel at specific temperatures and pH, is a commonly used thermo-crosslinking 

material [110, 115, 122-127]. Agarose is another polysaccharide-based bioink biomaterial that 

can thermally crosslink. Combinational hydrogels utilizing physical and chemical crosslinking 

principles are also commonly used in 3D bioprinting[128, 129]. The combinational hydrogel has 

potentially significant benefits, as they usually form more robust constructs after crosslinking.  

Besides crosslinking, hydrogels can be coupled with other synthetic biomaterials, such as Poly-

caprolactone (PCL), poly(lactic-co-glycolic acid) (PLGA), Polyglycolide (PGA), Polylactic acid 

(PLA), and others, to improve the mechanical properties and maintain the uniform 3D structure. 

The mechanical properties have been dramatically enhanced by incorporating synthetic mate-

rial[130-141].  
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1.5.3 Cell-biomaterial interactions 

To create a tissue-engineered construct, the bioink needs to have cell adhesive motifs for cells to 

attach, proliferate and interact with the biomaterial to further produce functional ECM. The pro-

tein-based bioink materials such as collagen hydrogel are suitable biomaterial source to promote  

the generation functional tissue. Polysaccharide materials, such as alginate, agarose, chitosan, 

and cellulose, are biologically inert and non-adhesive for cells. Therefore, it is essential for these 

materials to either blend with another protein-based natural polymer (i.e. collagen, fibrin) or be 

modified with some cell adhesive motifs such as the RGD peptide sequence.  

The development of bioink materials allows scientists to manipulate biological, biochemical, and 

biomechanical environments, alone with living cells, to create complex biological constructs. 

The cellular activity and cartilage formation depend on the biomaterial type and its mechanical 

properties [141]. The biological indicators of a suitable biomaterial for a particular tissue are 

measured by sustained cell viability, cell activities during culture (both short and long-term), 

cell-cell and cell- ECM interactions, functionality of the bioprinted constructs, and degradation 

time. As biomaterials are the basis of bioinks, it does not only dominate the mechanical proper-

ties of the bioinks and the bioprinted cartilage but also regulate cell activities. Selecting bio-

materials that mimic the in vivo microenvironment of cartilage tissue is a critical design aspect 

for the clinical translation of bioprinted cartilage.  

1.6 Summary and research objectives 

Although research in cartilage bioprinting is growing exponentially, no studies have demon-

strated the use of 3D bioprinted cartilage clinically. So far, the two clinical trials using NC 
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seeded on type I/III collagen scaffold  in both maxillofacial and articular cartilage regions show 

clinically feasibility and safety[6, 23]. These clinical trials indicate enormous opportunities for 

3D bioprinted cartilage in hyaline cartilage repair. To accelerate the clinical translation of 3D bi-

oprinting in cartilage tissue engineering, NC are undoubtedly the superior cell source option to 

move forward. 

 To move 3D bioprinted cartilage towards clinical use, it is important to not only choose the ap-

propriate cell source, but also match it with a suitable bioink material that can give the cells the 

necessary cues to produce enough matrix. The studies of 3D bioprinted neocartilage using NC 

are listed in Table 1.2. The biomaterials used are collagen, cellulose-alginate, alginate-gelatin, 

PCL-alginate, and PCL-collagen. Among the currently available bioink materials, we are particu-

larly interested in collagen bioink, which is a major ECM for connectives tissue. Collagen can 

provide biochemical signals, which induce cellular differentiation and migration, further promote 

tissue regeneration. Type I collagen solution also have shear thinning property. In addition, it can 

be self-assembled at physiological pH and temperature to form hydrogel. Type I collagen are 

also well studied to have low immunogenic reaction. Current limitations to use type I collagen as 

bioink material is the low zero shear viscosity and low elastic modulus, which may not be able to 

provide enough mechanical properties that support the printed structure. The existing chemical 

crosslinking agent for collagen are also inadequate because they are usually toxic to the cells.  

In this thesis, we aim to explore strategies to allow bioprinting of cartilage tissue using type I 

collagen based bioink, and investigating the in vitro maturation and in vivo stability of the bi-

oprinted cartilage. The objectives of the thesis are to  
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1) Review the rheological and viscoelastic properties of collagens and their role in Micro-

extrusion-based bioprinting 

2) Utilize novel printing strategies to precisely print type I collagen bioink with human NC 

to generate tissue engineered cartilage in vitro 

3) Investigate in vitro maturation and in vivo stability of bioprinted human NC 

4) Pre-crosslink type I collagen to enhance the printability the bioprinted engineered carti-

lage 
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Table 1.2 3D bioprinted cartilage using nasal chondrocytes  

Aim Cell source Material & 3D 

printing Method 

Mechanical 

evaluation 

Biochemical and  

histological evaluation 

In vitro/ 

In vivo 

study 

Ref. 

Compare the bioprinted 

nasal cartilage with clini-

cally approved scaffold 

both in vivo and in vitro 

Human nasal chondrocyte Type I collagen 

bioink 

(Extrusion) 

Yes (Bend-

ing Modu-

lus) 

Live/dead, Gross morphology, His-

tology (Safranin-O/Fast Green, 

Masson’s Trichrome, Alizarin Red 

S), Immunofluorescence (Type 

I/II/X collagen, BSP, CD31), 

GAG/DNA, Gene expression 

Yes/Yes 

(5 weeks 

in nude 

mice) 

[142] 

Evaluate the vasculariza-

tion of tissue engineered 

cartilage after long-term 

in vivo implantation 

Human nasal chondrocyte Cellulose nano-

fiber (CNF)-Algi-

nate bioink 

(Extrusion) 

No MRI imaging, Gross morphology, 

Histology (Alcian Blue van-Gieson 

and Safranin-O/Fast green), Im-

munohistochemical (CD31, Type 

II collagen) 

No/Yes 

(30 days 

and 90 

days) 

[143] 

Evaluate long-term chon-

drogenesis of 3D-bi-

oprintied cartilage con-

structs 

20% human nasal chondro-

cytes  

+ 80% bone-marrow-de-

rived MSCs,  

Or, 20% human nasal chon-

drocytes  

+ 80% stromal vascular 

fraction stem cell 

CNF-Alginate bi-

oink 

(Extrusion) 

Yes  Histology (Alcian Blue van-Gieson 

and Safranin-O/Fast green) 

No/ 

Yes (8 

and10 

months in 

nude 

mice) 

[144] 

Compare the bioprinted 

nasal cartilage cultured in 

vitro with native cartilage 

tissue 

Human nasal chondrocyte Type I collagen 

bioink 

(Extrusion) 

No Live/dead, Gross morphology, His-

tology (Safranin-O/Fast Green), 

Immunofluorescence (Type I/II), 

GAG/DNA, GAG/WW, Gene ex-

pression 

Yes/No [42] 

To evaluate the modifica-

tion of material and the 

quality of 3D-printed car-

tilage constructs 

human nasal chondrocytes Bacterial Nano-

cellulose 

(Inkjet and 

Extrusion) 

Yes Gross morphology, Histology (Al-

cian Blue van-Gieson), Immuno-

histochemical ( Type II collagen), 

FISH analysis, 

No/ 

Yes (30 

and 60 

days in 

nude 

mice) 

[145] 

Evaluate the chondro-

genic potential of 3D 

20% human primary nasal 

chondrocytes  

CNF-Alginate bi-

oink 

(Extrusion) 

No Histology (Alcian Blue van-Gieson 

and Safranin-O/Fast green), 

No/Yes 

(30 days 

[146] 
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Aim Cell source Material & 3D 

printing Method 

Mechanical 

evaluation 

Biochemical and  

histological evaluation 

In vitro/ 

In vivo 

study 

Ref. 

bioprinted cartilage con-

struct in vivo 

+ 80% bone-marrow-de-

rived MSCs 

Immunofluorescence (Type II), 

FISH analysis,  

and 60 

days) 

Evaluate the redifferentia-

tion capacity of human 

chondrocyte in vitro  

Human nasal chondrocyte PCL reinforced 

CNF-A bioink 

(Extrusion) 

Yes Live/dead, Gross morphology, His-

tology (Alcian Blue van-Gieson), 

Immunofluorescence (F-Actin), 

Immunohistochemical (COMP, 

Aggrecan, Type II collagen, Matri-

lin 3), GAG/DNA, Gene expres-

sion 

Yes/No [147] 

 

 

 

To evaluate therapeutic 

potential of 3D-printed 

cartilage constructs 

human nasal chondrocytes PCL 

In-house 3D 

printing, seeded 

with collagen hy-

drogel 

No  Cell proliferation assay, cell via-

bility assay,  

Immunofluorescence (Aggrecan, 

Collagen type II, Sox9), SEM, 

Gene expression (COL2A1, 

SOX9), Western blot 

Yes /No [148] 

To demonstrate to use of 

nanocellulose for 3D bi-

oprinting of cartilage 

human nasal chondrocytes Nanocellulose-

Alginate 

Inkjet 3D printing 

Yes Gross morphology, Cell Viability Yes/No [149] 

To demonstrate the poten-

tial use of 3D printed con-

structs for cartilage tissue 

engineering 

human nasal chondrocytes Alginate-gelatin 

hydrogel, cross-

linked by CaCl2 

and Transglutam-

inase 

Extrusion 3D 

printing 

Yes Gross morphology, Cell Viability, 

metabolic activity,  

Immunofluorescence (Collagen 

type I and II, Sox9, Proteoglycan)  

 

Yes/No [150] 

To simplify the steps in-

volved in the mixing of a 

cell suspension into a 

highly viscous bioink 

human nasal chondrocytes Nanocellulose-

Alginate 

Extrusion 3D 

printing 

No Cell Viability, Histology (Alcian 

Blue, Masson’s Trichrome) 

Yes/No [151] 

To fabricate 3D printed 

construct for cartilage re-

generation 

human nasal chondrocytes PCL-Alginate 

Multihead depo-

sition system 

(MHDS) 

No Gross morphology, Cell Viability, 

SEM 

GAG/dry weight, DNA/dry weight 

Collagen/dry weight, Histology 

(Alcian Blue, H&E) Immunofluo-

rescence (Collagen type II)  

 

Yes/ 

Yes 

(4weeks 

in nude 

mice) 

[130] 
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2.1 Background on bioprinting of hydrogels 

Bioprinting is a promising tissue engineering process to restore, replace, and regenerate tissues 

and organs. The purpose of bioprinting is to build three-dimensional (3D) functional tissue-like 

constructs with hydrogels. Major bioprinting techniques are inkjet printing, laser-induced for-

ward transfer, and micro-extrusion while employing either hydrogels or cell-laden hydrogels 

[152, 153]. These processes are designed to provide a platform to form extracellular matrix 

(ECM) with desired mechanical support characteristics while delivering living cells and growth 

factors for full restoration of targeted tissues[79]. 

Micro-extrusion-based bioprinting has been developed based on additive manufacturing (AM) 

principles by 3D printing [154].  It is one of the most versatile techniques which produces physi-

cally precise dimensions and outputs. Originally, additive manufacturing by 3D printing was de-

veloped to process molten thermoplastics and fabricate solid free-forms of three-dimensional 

physical parts directly from computer-aid design (CAD) files [83, 155]. However, unlike 3D 

printing of molten thermoplastics, bioprinting uses micro-extrusion of water-based hydrogels un-

der ambient temperatures and applied tresses. Despite the excellent reviews on extrusion-based 

bioprinting[153, 156-158], there is a need to discuss filament (fiber) extrusion and layer stacking 

stages of the micro-extrusion process separately and link them to the rheology of the processed 

hydrogels. Here, we focus on the capillary flow in the capillary die (needle) and elastic phenom-

ena at the capillary “exit,” such as swell, sag, and surface roughness. Separately, we discuss mo-

lecular diffusion and bonding among layers and the formation of the constructs.  

Hydrogels such as collagens are water-holding materials that are covalently or physically linka-

ble into three-dimensional networks, and their structures are somewhat similar to natural 
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tissues[152]. The word “gel” is derived from “gelatin” and is used as a synonym for hydrogels. 

Gels can be generally described as two-component systems with dispersed or dissolved solid 

substances in a solvent (in the case of hydrogels, the solvent is water); they exhibit solid-like be-

havior, and their dispersed components and solvent form bi-continuous systems [159]. Using 

various formulation strategies, flow and crosslinking characteristics of hydrogels can be designed 

to offer the required bioprinting processing conditions and final product properties. Moreover, in 

highly hydrated structures, hydrogels can support the living to create an efficient and homoge-

nous cell seeding environment. Hydrogels in bioprinting are processed at ambient temperatures 

in micro-extrusion-based 3D-printing devices by feeding into a cartridge and extruding from a 

specially designed needle (capillary die) into the form of filaments. Their rheological properties 

are crucial to form a uniform and precisely controlled filament dimensions while flowing 

through the needle. After extrusion, once filaments are stacked layer by layer, they must be fused 

to construct the desired porous, mesh-structured objects. This stage requires specific viscoelastic 

properties obtained by the gelling and crosslinking hydrogels. Augmentation of mechanical prop-

erties by crosslinking of hydrogels is necessary for building scaffolds with precise inner struc-

tures, pores, and girder sizes. Crosslinked networks must also hold swollen dimensions stable. In 

the final printed product form, the construct has to be biocompatible and to be able to mimic the 

ECM environment to support the living cells' adhesion, proliferation, and differentiation.  

Hydrogels are combined with biologically active compounds and living cells and serve as a cell-

delivery matrix before the bioprinting process or seeded after manufacturing scaffolds [160, 

161]. The keys to the successful bioprinting of hydrogels are printability, biocompatibility, good 

mechanical properties, and high cell viability[162]. The most commonly used tissue engineering 

hydrogels are derived from biopolymers such as collagen, gelatin, fibrin, alginate, hyaluronic 
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acid, and chitosan[80, 163]. Relevant physical and chemical properties, such as viscosity, yield 

stress, shear-thinning, oscillatory linear shear flow, and crosslinking mechanisms of those natural 

polymers, have been discussed in the literature[152, 153].  

In this study, we address the rheological properties of collagen networks and link their roles to 

the filament extrusion and layer stacking stages of extrusion-based bioprinting in depth. Collagen 

is a well-suited biomaterial for bioprinting because of its natural cell-binding sites, temperature-

dependent gelation, and its degradability by enzymes[80, 162, 164, 165]. Therefore, it is one of 

the most commonly used biomaterials in biomedical and tissue engineering. Collagen has also 

been used as representative material in various review articles emphasizing bioprinting technolo-

gies[156, 166-168]. However, a detailed discussion of the micro-extrusion-based bioprinting pro-

cess with the roles of comprehensive rheological properties of collagen hydrogels have been 

missing. Underneath the bioprinting process with collagen networks, the flow-related issues can 

be numerous, such as the orientation of collagen molecules under extensional flow in the “capil-

lary exit” effects, swell, sag, surface fracture after capillary flow, molecular diffusion, interlayer 

bonding, and crosslinking among stacked filaments. Those concerns are expected to significantly 

impact bioprinting and affect the printed objects' integrity, precision, and cell viability. Unfortu-

nately, there is little research done on them. Hence, the main objective of this paper is to discuss 

the rheology and flow behavior of collagen-based inks and cell-laden bioinks while focusing on 

the extrusion and layer stacking stages of micro-extrusion-based bioprinting. We discussed flow-

related issues using polymer processing engineering principles[169, 170], as those discussions 

are equally valid for the bioprinting of other hydrogels and can be used as a guide for other bi-

oprinting researchers. 
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Collagen is one of the most popular materials for bioprinting due to its hydrophilic structure, re-

sulting in high viability and proliferation rates. However, the low viscosity of collagen solutions 

requires pre- or post-printing crosslinking to attain structural integrity in final constructs. In addi-

tion, as a natural product, variations in lot-to-lot extractions always exist and may affect the qual-

ity of bioprinted materials. Therefore, a better understanding of the collagens' structure and rheo-

logical properties and their impacts on various crosslinking, gelling, and flow strategies are 

needed. The outline of this review can also be used as a road map to investigate the bioprinting 

of other biopolymers, as presented in Figure 2.1. In Section 2.2, we first reviewed the chemical 

structure, fibrillogenesis, and crosslinking of collagens, followed by an extensive evaluation of 

their broad range of rheological properties. Some of the rheological properties which have never 

been considered previously in the evaluations of bioprinting of collagen networks and other hy-

drogels, such as first normal stress coefficient, extensional viscosity, comparison of steady shear 

vs. oscillatory linear complex viscosity (Cox-Merz Rule), and large amplitude oscillatory shear 

(LAOS), etc. are discussed. The stages of a bioprinting process, including filament extrusion and 

layer-stacking, and bonding are discussed in Section 2.3. Due to the lack of data on collagen hy-

drogels, this section's core part was prepared using established knowledge from polymer melt 

processing[169, 171, 172] and our specially-designed experiments. Straight capillary and con-

verging cone-shaped needles were selected to investigate the flow behavior, such as such as nor-

mal stresses generation, and extensional deformation under steady shear flow during bioprinting 

process. The role of molecular structures of collagen and their crosslinking mechanisms on the 

interlayer molecular diffusion and bonding during the layer-stacking and fusion stage of bioprint-

ing is also discussed. Finally, we briefly reviewed the role of extrusion and layer-stacking on the 

shape integrity and the cell viability of the constructed biomaterial in Section 2.4. 
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Figure 2.1 Schematic display of factors playing roles in bioprinting. 

2.2 Collagen as a bioprinting material 

2.2.1 Structure 

Collagen, as a protein, is the most common structural polymer that exists in the extracellular ma-

trix vertebrates and invertebrates. It is primarily found in the skin, bone, tendon, and connective 

tissue organs of human and animal bodies. There are 29 collagen types identified based on struc-

ture and presence in specific tissues[173], and they have been broadly classified as fibrillar and 

non-fibrillar types. Fibrillar collagens are commonly found in human bodies and can be subdi-

vided into Type I (found in skin, tendons, vasculature, organs, bones); Type II (found in carti-

lage); Type III (found in reticulate); Type IV (found in basal lamina); and Type V (found in cell 

surfaces, hair, and placenta)[174]. Type I collagens have been actively and successfully used as 
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biomaterials due to their biocompatibility and low immunogenicity[175]. Collagen is formed in 

self-assembled structures at different length scales, usually in the form of elongated fibrils with a 

length greater than 500 µm, diameter greater than 500 nm, and consists of more than 107 mole-

cules. [175-178]. The structural hierarchy of collagen fiber formation is illustrated in Figure 2.2. 

The primary structure of a collagen molecule is a polypeptide chain, which is formed from ap-

proximately 1000 residues (repeating units) and contains about 20 different types of amino acids. 

Each polypeptide molecule also called procollagen, forms a minor helix with a left-handed (sec-

ondary) structure. The left-handed single helix structure has ten residues per three turns and a 

pitch length of 0.9 nm. Polypeptide chains have regions containing the repeating amino acid mo-

tif Gly-X-Y-, where Gly is glycine and X and Y are other amino acids. The most frequent ar-

rangements are Gly-Pro-Hyp where Pro is the proline and Hyp is the hydroxyproline. 

 

Figure 2.2 The schematization of collagen structures: (a) Left-handed single polypeptide chain, (b) Right-

handed triple helix (tertiary structure) structure of procollagen assembly, (c) Enzymes cleaved 

ends of procollagens form tropocollagen assembly, (d) Fibrils formed by rope-like coils of coils 

structure (tropocollagen units both within and between microfibers are cross-linked covalently), 

and (d) Fibers are bundles of twisted fibrils (Copyright (2021) National Academy of Science 

[176]). 
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The primary helix structure of three procollagen strands is right-handed and assembled with 

loose ends which have large N- and C-terminal pro-peptides. This is the precursor of the tropo-

collagen ripple helix of procollagen. Tropocollagens are organized into a right-handed triple he-

lix (tertiary structure) stabilized by removing C- and N- ends [179]. Glycine is at the core of tro-

pocollagen, and X and Y are facing the surface. The Pro and Hyp of X groups bring rigidity to 

the tropocollagen and bring mechanical and thermal stability to collagen fibrils. Tropocollagen 

molecules have a molecular weight of approximately 345,000 g mol-1, having 110,000 g mol-1 

for each strand. The right-handed helix of tropocollagen has a pitch of about 9 nm, ten times 

larger than the left-handed single-strand helix pitch.  

 The packing and assembly of tropocollagen units and their intra- and inter-molecular crosslink-

ing catalyzed by lysyl oxidase (LOX) into fibrils provide mechanical strength and enzymatic re-

sistance to collagen fibers. With its tri-strand helix structure, tropocollagen is a rod-like shaped 

particle having a length of 300 nm and a diameter of ~1.7 nm. Fibrils are made of rods in an ar-

rangement of parallel arrays, staggered with periodic spaces of 67 nm and multiples (quaternary 

structures) [180]. Finally, fibers with lengths in the order of 10 μm are formed by bundles of 

twisted fibrils. Overall, collagen molecules form a coiled-coil, rope-like conformation. Covalent 

cross-links between collagen molecules and proteoglycan matric between fibrils strengthen fibers 

and make them insoluble.  

2.2.2 Extraction, Fibrillogenesis, and Crosslinking 

Collagen molecules in aqueous solutions undergo a sharp thermal transition (melting) by heating 

and forming gelatins. Heating collagen fibers results in irreversible denaturation of tropocollagen 

units; it may cause partial or total separation of polypeptide strands, depending on the imino acid 
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content of collagen and the severity of breaking covalent bonds. Therefore, gelatins have low 

shape stability, poor mechanical strength, and low elasticity at room temperature[181]. Gelatin 

formulations are not preferable to collagens in bioprinting without covalent crosslinking, as gela-

tin may result in rapid chemical and physical degradation.  

Compared to gelatin, collagens can be extracted from mammalian tissues either by acid, enzyme, 

or salt solubilization, depending on the source and type of the tissue[182, 183]. In a common 

route, extraction of Type I collagen from bovine tissues into dilute acetic acidic solutions re-

leases single tropocollagen units. If it is challenging to extract collagens by acid solubilization, 

pepsin can be used as an enzyme in the extraction process. In addition, newly formed collagens 

in young tissues with less crosslinks can be extracted in cold neutral salt solutions. 

When collagen solution is neutralized (pH is between 6.5-8.5) and kept at temperatures between 

20-34 °C, collagen solutions undergo sol-gel transition due to the production of fibrils [184]. 

This process is also called fibrillogenesis, driven by the increase in entropy associated with the 

loss of water from the bound tropocollagens [185]. The critical in vitro fibrillogenesis concentra-

tion is of the order of 0.5 µg/ml. The fibril diameter is highly dependent on the fibrillogenesis 

process temperature. Lower fibrillogenesis temperatures generally result in broader fibrils, with 

up to 200 nm diameters at 20 °C, while higher temperature usually result thinner fibril, with di-

ameter of 20±70 nm at 34 °C [186, 187]. Concentrations of collagen, pH and ionic strength are 

also known to affect the fibrillogenesis process[188]. The kinetics of the fibrillogenesis process 

is monitored by turbidity measurements[189]. Collagen concentration affects fibrillogenesis in a 

non-monotonous trend. Gobeaux et al. investigated the evolutions of fibril diameter vs. collagen 

concentration data by plotting their experimental data at semi-dilute and concentrated regimes 
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and included literature on dilute solutions (Figure 2.3) [190]. Fibril diameters vary from 10 nm to 

>100 nm after neutralization according to four concentration regimes: Region I (dilute regime); 

Region II (semi-dilute regime); Region III (concentrated regime with dominant repulsive interac-

tions between triple helices); Region IV (concentrated regime with dominant attractive interac-

tions). According to Gobeaux et al. [190], this behavior is explained as follows: overlapping and 

nucleation points result in a steady increase in fibril diameters with a concentration in Region I. 

Fibril diameter decreases with collagen concentration in Region II due to steric overlaps, and in 

Region IV due to attractive interactions. Overlapping segments between collagen molecules in 

domains II and IV become nucleation points at the early stages of fibrillogenesis. Higher num-

bers of nucleation points result in many but smaller diameter fibrils. In Region III, repulsive in-

teractions compete with overlaps and again cause fiber diameter increased with concentration. 

Again, fewer nucleation points in Region III would lead to larger fibrils. 

 

Figure 2.3 Fibrils’ diameter as a function of fibrillogenesis collagen concentration (adopted from [190]). 
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Fibrillogenesis of Type I collagen generates larger fibril diameters compared to the fibrillogenic 

of Type V collagen. Mixing Type I collagen with Type V significantly decreases mean fibril di-

ameter and variance[191]. On the other hand, the incorporation of macromolecules induces faster 

collagen fibril formation with increased porosity and thicker collagen fibrils [192]. Macromolec-

ular crowding produces thick fibril networks with decreased susceptibility to proteinase-medi-

ated degradation without significantly altering matrix stiffness[193]. Fibrillogenesis of solubil-

ized collagens in vitro does not achieve the inherent fibril self-assembly in vivo. Hence, collagen 

biomaterials usually show poor mechanical properties, cell induced contraction, and rapid degra-

dation. The collagen hydrogels must be subjected to exogenous crosslinking procedures to im-

prove mechanical properties and stability. Those procedures can be classified as chemical, physi-

cal, and enzymatic methods, summarized in Table 2.1.  

Major chemical crosslinking agents for collagen scaffolds are water-soluble aldehydes[194-197], 

carbodiimides[198-200], isocyanates[201, 202]. However, due to the cytotoxicity, crosslinking 

by these chemicals cannot be performed with the presence of cells. Other chemical crosslinking 

agents for collagens are carbohydrates such as ribose [203-205] and glucose[204, 206] and fruit 

or flowers extracted chemicals such as genipin[162, 207, 208] and proanthocyanidin[209], where 

these crosslinkers showed relatively low cytotoxicity, therefore they can be used in cells embed-

ded systems. Crosslinking with carbohydrate mediation such as ribose and glucose results in 

slower collagen fibril formation but thicker fibril diameter with improved compressive modulus. 
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Table 2.1 Crosslinking methods of collagens and their rheological/mechanical characterizations 

Crosslinking Solution Rheological/mechanical charac-

terizations 

Targeted applications 

None[188, 190] 0.6-300 mg/mL Type I collagen 

in 500 mM acetic acid solution 

Steady shear, creep-recovery Biomimetic materials for medical applica-

tions 

None[210] 10 mg/mL Type I collagen in 

0.1-10 M acetic acid solution. 

Steady shear, dynamic frequency 

sweep, creep-recovery 

Provide theoretical guidance for future prac-

tical applications 

Glutaraldehyde (GTA)[194] Type I bovine tendon collagen 

in 0.05 m acetic acid 

Compressive testing Tissue engineering of articular cartilage and 

the association of chondrocyte contraction 

and the processes of mitosis and biosynthesis 

Glutaraldehyde (GTA) [195] Polyanionic soluble collagen  N/A Production of new bone with prolonged 

presence of a mechanical barrier 

Glutaraldehyde (GTA)[196, 197] 5mg/mL bovine skin collagen 

solution 

Frequency sweep Steady-state 

shear, hysteresis loops, tempera-

ture sweep, creep recovery compli-

ance. 

Establishing mechanical models 

1-ethyl-3-(3-dimethyl aminopro-

pyl) carbodiimide (EDAC)[199] 

Collagen in 3wt% hyaluronic 

acid (HA) solution with colla-

gen/ HA=8:2 

N/A Porous scaffolds 

1-ethyl-3-(3-dimethyl aminopro-

pyl) carbodiimide(EDAC)[200] 

100 mg/mL Type II colla-

gen+(2.5-15%) cellulose nano-

crystals in 0.05 M acetic acid 

Creep-recovery, dynamic viscoe-

lastic properties with a frequency 

sweep, strain sweep 

Designed bio-inspired CNC/collagen hydro-

gels with anisotropic structure, which mim-

ics the superficial structure of the native car-

tilage 

1-ethyl-3(3-dimethyl aminopropyl) 

carbodiimide (EDAC)[198]  

Type I collagen     0.5 wt% col-

lagen in acetic acid 

Ultimate tensile strength and per-

centage of elongation 

N/A 

1,6 hexamethylene 

diisocyanate (HDMI)[202] 

Type I collagen from porcine 

dermal hides were decellular-

ized with SDS 

N/A To compare leukocyte activation by com-

mercially available biologic surgical materi-

als 

1,6 hexamethylene diisocyanate 

(HDMI)[201] 

Pepsin solubilized Type I colla-

gen solutions (5% w/v concen-

tration in 0.5M acetic acid)  

Uniaxial tensile testing Scaffold fabrication 

Ribose[203] 1% Type I collagen gel 

(pH=3.5) 

Creep, static compression tests 3D collagen scaffolds 
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Crosslinking Solution Rheological/mechanical charac-

terizations 

Targeted applications 

Ribose[205] 1% Type I collagen solution 

from equine tendon with 

MgHA 

Frequency sweep with dynamic 

mechanical analysis  

Bone tissue regeneration 

Ribose[204] Type I collagen in 0.1% acetic 

acid 

Viscoelastic properties with fre-

quency sweep 

Subsequent interaction with MDA-MB-231 

breast cancer cells 

Glucose[204] Type I collagen in 0.1% acetic 

acid 

Viscoelastic properties with fre-

quency sweep 

Subsequent interaction with MDA-MB-231 

breast cancer cells 

Glucose[206] Type I collagen from rat tail 

tendons and extracted in 0.1% 

sterile acetic acid 

Compressive modulus Independently modulating endothelial cell 

behavior. 

Genipin[207] Type I collagen from  

rat-tail, 9.58 mg/mL in 0.02 M 

acetic acid 

N/A N/A 

Genipin[208] Type I collagen from rat tail 

2mg/mL 

Dynamic viscoelastic properties 

with time sweep at a constant fre-

quency  

Injectable collagen gel scaffold. 

Genipin[162] Type-I collagen derived from 

porcine tendon 

Oscillatory linear shear, complex 

viscosity, temperature sweep, fre-

quency sweep 

3D bioprinting of osteoblast-like cells 

Proanthocyanidin[209] Collagen/KGM (konjac gluco-

mannan 

Dynamic mechanical analysis with 

frequency sweep 

Tissue-engineered graft for vascular applica-

tion 

Tannic acid[211] 2.54% collagen hydrogel. in 

1% acetic solution 

Steady-state shear flow, oscillatory 

measurements under squeezing 

flow, frequency sweep, 

Dressings for wound healing and/or for ob-

taining porous matrices or films 

Photocrosslinking[212] Type I collagen at 4,8,12 

mg/mL and riboflavin (0.5mM) 

Dynamic viscoelastic properties 

with time and frequency sweep 

3D bioprinting 

Thermo-crosslinking[213] Type I bovine collagen concen-

tration 0.5-1.5% in 0.5M acetic 

acid 

Dynamic viscoelastic properties 

with frequency sweep and temper-

ature sweep 

N/A 

Thermo-crosslinking[214] Type I Collagen with Pluronic 

F-127, collagen (1.5 -3 mg/ml), 

Pluronic (20-30% w/v)  

Dynamic viscoelastic properties 

with frequency sweep and temper-

ature sweep 

3D bioprinting 

Thermo-crosslinking[215] Type I 3.5w/v Bovine collagen Steady-state shear flow dynamic 

viscoelastic measurement with 

3D bioprinting of nasal cartilage 
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Crosslinking Solution Rheological/mechanical charac-

terizations 

Targeted applications 

frequency sweep and temperature 

sweep 

Dehydrothermal treatment[216] Freeze-dried collagen-glycosa-

minoglycan slurry 

Compressive and tensile modulus Porous scaffolds 
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Physical crosslinking methods for collagen-based scaffold are short-wavelength UV irradia-

tion[217] and dehydrothermal treatment[213]. For unmodified collagen scaffold, the UV irradia-

tion with short wavelength usually initiated free radical formation on tyrosyl and phenylalanyl 

residues, and these radicals are then bond together and induces intermolecular crosslinking, 

therefore result in better mechanical stability[217]. Dehydrothermal treatment with high vacuum 

and temperature removed the bounded water from collagen molecules exhaustively. The removal 

of water results in condensation reactions between the carboxyl and amino group in the amino 

acid [216, 217]. However, due to the harsh crosslinking procedure, both dehydrothermal and 

short-wavelength UV irradiation can cause the denaturation of collagen molecules and cannot 

used with the presence of cells. To crosslink the cell embedded system, a mild long-wavelength 

UV crosslinking can be used. For example, riboflavin as a photochemical agent can be mixed 

with collagen solution to strengthen the mechanical properties of collagen molecules using 

365nm UV with 10s[212]. Collagen molecule can also be modified to form methacrylate colla-

gen (COLMA), which can be crosslinked using 365nm UV with short curing time[218]. 

2.2.3 Rheological Properties 

The state of fibrillogenesis and crosslinking dictates the rheological and viscoelastic properties of 

collagens, which govern the extruding, stacking, and structural integrity of bioprinted materials. 

Therefore, collagens' relevant rheological and viscoelastic properties will be reviewed first. De-

pending on the collagen solution concentrations, the collagen hydrogel formed by either fibrillo-

genesis or crosslinking showed both elastic and viscous properties to certain degrees, under vary-

ing time scales, temperatures, applied stresses, and strains. Their characterizations by rheological 

measurements are of interest in bioprinting for two reasons discussed below. 
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First, by measuring at least one of the stress components (shear stress, τxy) under extremely sim-

ple and well-defined small deformations or steady-state flow, we can obtain the viscoelastic 

properties or shear viscosity as functions of time, (shear) strain rate, and temperature. These 

properties, which we also call “material functions,” shed light on the structure and organization 

of collagens by the denaturation and renaturation processes, the formation of fibrils, crosslinking, 

and cell inclusion. In addition, the source of feedstock tissues, extractions, and preparations of 

collagens result in sample to sample variations[156]. Meaningful but quick rheological character-

ization methods can also detect those deviations as quality control tools before the laborious 

preparation of cell-laden bioinks and bioprinting.  

Secondly, characterization of material functions by rheological measurements allows us to pre-

dict how collagen gels behave under different stages of bioprinting processes. In addition, mate-

rial functions are also needed to evaluate the development of mechanical strength of printed col-

lagen filaments, which depends on adhesion among stacked filaments, molecular diffusion across 

their boundaries, and crosslinking. Therefore, understanding the interactions between the rheo-

logical properties of collagens and the bioprinting process conditions makes the development of 

bioinks formulations less time-consuming. Careful rheological characterization of collagen hy-

drogels serves as a screening strategy to save time and prevent unsuccessful prints. 

Rheological measurements which are essential in the printing of collagen hydrogels are dis-

cussed here under two groups: 1) steady-state shear flow, and 2) time-dependent dynamic shear 

deformations. Time-dependent shear measurements are performed by applying different proce-

dures such as small and large amplitude oscillatory shear, creep, and stress relaxation meth-

ods[172]. 
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2.2.3.1 Steady-state Shear Flow 

2.2.3.1.1 Shear Viscosity 

Under a simple steady-state flow, the shear stress τxy is the function of only the shear rate �̇�𝑥𝑦. 

The shear rate dependent viscosities 𝜂(𝛾)̇ of collagen solutions and gels can be measured under a 

steady-state Couette flow using a “cone and plate” geometry. Figure 2.4A shows the viscosity vs. 

shear rate curves of Type I collagen in 500 mM acetic solution (pH=2.5) at concentrations up to 

16 mg./mL(~1.6%)  [190]. As discussed in the preceding section, collagen in acetic acid solu-

tions exists in the tropocollagen form. Those collagen solutions exhibited a shear-dependent vis-

cosity above the critical shear rates, depending on collagen concentration. At low shear rates (be-

low a critical shear rate), the shear stress is proportional to the shear rate, and a Newtonian (zero-

shear-rate) viscosity is observed. At higher shear rates, the viscosity decreases with the increas-

ing shear rate. Increasing the collagen concentration steadily would shorten the Newtonian plat-

eau and broaden the shear-thinning segment. Steady-state shear-thinning viscosity is the most 

important property of bioinks during the bioprinting processes. Nevertheless, most studies on bi-

oprinting of collagen measure and use the complex viscosity vs. oscillation frequency (obtained 

under oscillatory measurement within linear deformation range) in the place of steady shear vis-

cosity[214, 219]. We suggest exercising caution about this practice, which will be discussed later 

in this review. 
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Figure 2.4 (a) Steady viscosity (η) against the shear rate of acidic solutions of collagen �̇�(dγ/dt) for vari-

ous collagen concentrations 0.6 mg.ml−1 ≤ c ≤ 16 mg.ml−1 (Collagen concentrations in units of 

mg/mL are marked next to each curve), (b) Reduced viscosity (ηsp/c) against the collagen concen-

tration. (adopted from [190]). 

The effect of collagen concentration on the Newtonian (plateau) viscosity is best described by 

replotting the reduced viscosity as  𝜂𝑟𝑒𝑑 = (
𝜂−𝜂0

𝜂0
)

1

𝑐
  vs. collagen concentration c (Figure 2.4B), 

where 𝜂 is the zero-shear viscosity of collagen solution, and 𝜂0 is the viscosity of the solvent. 

This plot is used to calculate the intrinsic viscosity [η] of collagen (765 ± 110 mL. g−1), which is 

the y intercept of the reduced viscosity vs. collagen mass concentration plot (Figure 2.4B). A 

similar result of [η] (865 mL.g−1) is also obtained for collagen (with Mw=300 kDa) solutions at a 

pH = 3.7 in another study[220]. The critical overlap concentration, c*, is the boundary separating 

the dilute and semi-dilute polymer solution. It can be determined by plotting a linear line 

(slope=1) from the inflection point of the Figure 2.4B, which is between 3-5 mg/mL in this case. 

One can also note that the morphological change from dilute to semi-dilute concentration re-

gimes can also occur at the concentration where volume fractions (ϕ*) = (d/L)2 [221]. This tran-

sition value also corresponds to approximately a concentration of 3 mg.ml-1. A comprehensive 

a b
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flow analysis of collagen solutions is carried out by Gudapati et al. while calculating intrinsic 

viscosities and overlapping concentrations of collagen and fibrinogen[222]. 

The rheological behavior of 35 mg/mL (~3.5%) collagen in a neutral buffer solution is presented 

in Figure 2.5[215]. As expected, the neutralization of the collagen solution at a relatively high 

collagen concentration resulted in thermos-induced sol-gel transition. The neutralization in-

creased in concentration resulted the increases in both zero-shear-viscosity and the shear rate de-

pendent behavior. A well-equipped rheometer with “cone-plate” geometry can only reach down 

to shear rates of 10-3 s-1 accurately. Therefore, a full zero-shear-rate plateau could not be fully ob-

tained. Nevertheless, the zero-shear-rate viscosity of 35 mg/mL in the neutral solution was 

higher than 10,000 Pa.s, a drastic upsurge from the 200 Pa.s viscosity of 5.0 mg/mL collagen in 

the acetic acidic solution. On the other hand, the viscosity of collagen in the neutral solution de-

clined in the order of four hundred times, while the shear rate increased from 10-2 s-1 to 1000 s-1 

and exhibited a straight line with a negative slope on the log-log plot. The viscosity vs. shear rate 

slope is one of the most critical properties of collagen bioinks, which plays a crucial role in the 

bioprinting processes. The slope of the linear section was -0.794, which is consider as a rela-

tively steep values among non-Newtonian fluids. This value is usually between -0.4 and -0.9 for 

specific polymer solutions and melts. The Ostwald-de Waele model of power-law viscosity vs. 

shear rate equation is usually used to describe the log-log straight line segment:  

𝜂 = 𝐾(�̇�)𝑛−1  (1)  

where two parameters: K (with units Pa.sn) and n (dimensionless) are the power-law fit parame-

ters. A smaller value of the flow index (n) indicates a more robust shear-thinning behavior of the 

fluid. Hence, extrusion materials with lower n could be more easily printed as the fluid viscosity 
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is lowered under the shear stress [223]. The consistency index K can also be considered as the 

viscosity at the shear rate of 1.0 s-1. The collagen gel in Figure 2.5 has a K value of 83.3 Pa.sn 

and an n value of 0.214. 

 

Figure 2.5 The viscosity and first normal stress coefficient as a function of shear rate for 35 mg/mL in a 

neutral solution (viscosity vs. share rate are replotted from [215]). 

The two-parameter Ostwald-de Waele equation expresses the descending range of viscosity. 

However, it cannot describe the Newtonian zero-shear-rate viscosity plateau. Hence, the three-

parameter (η0, λ, m) Carreau model has sufficient flexibility to fit the experimental η vs. �̇� 

Curves of collagen solutions and gels. The Carreau model is: 

𝜂

𝜂0
= [1 + (𝜆𝛾)̇2] (m-1)/2   (2)  

where η0 is the zero-shear rate viscosity, λ is a time constant, and m is a dimensionless constant 

and corresponds to the “power-law” index. The collagen gel in Figure 2.5 has η0, λ, m values of 

14,891 Pa.s, 306.2 s, 0.211, respectively. The Carreau model describes not only the zero-shear 

rate viscosity η0 and power-law exponent m, but also the time constant λ, which represents the 

transitional region between the zero-shear rate region and the power law region. 
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The steady-state flow behavior of various collagen solutions and gels fitted to the power law and 

the Carreau model are compiled from the literature and listed in Table 2.2. All collagen solutions 

behaved non-Newtonian shear-thinning fluids. As expected, increasing the collagen concentra-

tion increased its zero-shear-viscosity. Neutralizing collagen solutions resulted in gelation, in-

creased both zero-shear-rate viscosity η0 and increased the shear-thinning (lower n) characteris-

tics [210]. As expected, the power-law and Carreau model give similar n and m values respec-

tively for each collagen solution because the power-law equation is the limited expression of the 

Carreau model at high shear rates. 

Table 2.2 The power-law and Carreau model flow descriptions of collagen gels and solutions. 

 Samples Power-law model Carreau Model 

Source Collagen 

(mg/mL) 

Acetic 

acid (M) 

K 

(Pa.sn) 

n R2 η0 

(Pa.s) 

λ(s) m R2 

X. Lan et al. 

[215]  

35 0.0 158.775 0.20

6 

0.999 14,891 306.1

97 

0.211 0.999 

Yang et 

al.[210] 

10 0.1 39.445 0.18

0 

0.999 534.13 22.8 0.175 0.999 

Yang et 

al.[210] 

10 8.0 10.150 0.38

6 

0.999 64.70 17.52 0.349 0.999 

Another three-parameter (η0, τ1/2, α) equation is the Ellis model, which gives viscosity η in terms 

of shear stress τxy rather than shear rate �̇�𝑥𝑦. After the plateau region, the model again exhibits the 

power-law region. 

𝜂

𝜂0
= 1 + (

𝜏

𝜏1 2⁄
)α-1  (3)  

Data from Lan et al.[215] in Figure 2.5 can be fitted into the Ellis model with η0, τ1/2, α values of 

13,009.5 Pa.s, 50.72 Pa, 3.72 (dimensionless), respectively. The Ellis model’s parameter α and 

power-law parameter are related by n=1/α. The benefits of using the Ellis model in bioprinting 
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processes will be discussed in Section 2.3. Shear viscosities of collagen solutions are also fitted 

to Casson and Bingham models to show the yield stress values in addition to the Carreau model 

by Gudapati et al.[222]  

Crosslinking of dilute collagen solutions increases the low shear rate viscosity and shear-thinning 

behavior. The increase in these properties also depends on the degree of crosslinking, governed 

by the type of crosslinking agent and/or method. For example, by crosslinking with GTA (vary-

ing between 0-10% GTA/collagen), the shear viscosity of collagen increased from 6.15 to 168.54 

Pa·s at 0.1 s−1 shear rate, and the flow index decreased from 0.549 to 0.117[197].  

Bioprinting of collagens is carried out either by incorporating living cells after the post printing 

of collagens or by extrusion with cell-loaded collagen, called bioinks [160].  The resolution of 

printed materials is highly dependent on the rheological properties of extruded hydrogels. Alt-

hough numerous researchers have incorporated cells with collagens in bioprinting, few have re-

ported the rheological properties of cell-laden bioinks.[212, 215, 219]. Diamantides et al. re-

ported the effect of various cell concentrations on collagen’s rheological properties[219]. In the 

range of 0-25 million cells per mL, as the cell concentration increases, the power-law index, n 

slightly decreases, which indicates an enhanced shear thinning behavior. These results agree with 

Lan et al., in which the presence of 10 million/mL nasal chondrocyte enriches the shear-thinning 

effect[215]. In general, incorporating cells in collagen hydrogels slightly reduces the power-law 

index of shear rate-dependent viscosity, depending on the cell type and concentration. Cell pres-

ence may cause the loss of the assembled interconnected collagen fibril network due to the disen-

tanglement of collagens and makes the flow easier at the high shear rates. Nevertheless, as the 

cell concentration increases to 100 million/mL, the power-law index n starts to increase, as 
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shown in the Table 2 in [219]. One possible reason is that the high concentration of cells hinders 

the disassembly of the interconnected collagen fibril at high shear rates. In addition, Diamantides 

et al. [219] reported that the presence of cells results in higher zero-shear viscosity. However, 

Lan et al. observed a drop in low shear rate viscosity after adding the cells[215]. One possible 

reason is incorporating a culture medium during cell mixing and diluting the collagen system. 

Those results suggest that cell-laden collagens can be considered as suspensions of deformable 

particles (cells) in a viscoelastic media (collagen network)[224]. 

Overall, steady-state shear viscosity measurements provide invaluable information regarding the 

processability of collagen structures, and they are better suited to model the capillary extrusion 

stage of bioprinting. Nevertheless, it is less commonly used compared to oscillatory linear shear 

measurements.  

2.2.3.1.2 First Normal Stress Coefficient 

Hydrogel biomaterials as non-Newtonian fluids are expected to exhibit not only shear stress τyx 

but also other non-zero stress components under the shear flow. Normal stresses, τxx and τyy in the 

directions of x and y, are generated by non-Newtonian fluids with a simple shear flow of 

(vx= �̇�yx.y, vy=0, vz=0). Those stresses cannot be measured independently; however their differ-

ence, τxx- τyy , walled the “first normal stress difference,” can be measured while performing 

steady-state Couette flow in a cone-plate rotational rheometer[172]. As another material func-

tion, the first normal stress coefficient 𝛹1(𝛾)̇ is defined as: 

𝛹1(𝛾)̇ =
𝜏𝑥𝑥− 𝜏𝑦𝑦

�̇�𝑦𝑥
2    (4)  
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where 𝜏𝑥𝑥, 𝜏𝑦𝑦 are normal stresses generated in x and y directions, while the shear flow is to the 

x-direction. The shear rate-dependent viscosity and the first normal stress coefficient are called 

“viscometric functions.” One advantage of steady-state shear flow measurements using advanced 

rheometer is that the first normal stress coefficient data and the shear viscosity can be collected 

at the same time. Our group collected Ψ1 vs. �̇� data while measuring η vs. �̇� of 3.5% collagen so-

lution in a neutral buffer solution (Figure 2.5)[215]. According to continuum and molecular con-

stitutive equations, the first normal stress coefficient (Ψ1) should decrease with an increase in the 

shear rate. The decrease of Ψ1 is twice as big as the rate of decrease of η with an increasing shear 

rate predicted for high molecular weight polymer melts[170]. Our results showed that the colla-

gen hydrogel’s first normal stress coefficient confirmed this prediction with the first normal 

stress and viscosity vs. shear rate slopes of -1.99 vs. -0.794, respectively. As discussed briefly 

here, the first normal stress difference of collagens and other hydrogels can easily be acquired 

while measuring the viscosity as a function of shear rate by using modern rotational rheometers. 

However, to our knowledge, this property has never been reported and used to indicate shear 

rate-dependent viscoelasticity by researchers investigating bioinks, including collagen hydrogels. 

We will discuss how hydrogels' first normal stress coefficient affects the micro-extrusion-based 

bioprinting in Section 2.3.1. 

2.2.3.1.3 Extensional Viscosity 

Unlike previous assessments in the literature [157, 225], micro-extrusion based on bioprinting of 

hydrogels biomaterials and bioinks cannot be described solely with a shear rate-dependent vis-

cous flow. Uniaxial extensional deformation, and therefore extensional viscosity of hydrogels, 

can also play a role in an extrusion process [169, 171]. By measuring the first normal stress 
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coefficient, we have already shown that collagen hydrogels exhibit normal stresses in addition to 

the shear stress under the shear flow (Figure 2.5). Under simple elongational stress (τxx- τyy) with 

an extension towards x-direction, polymer melts and solutions exhibit elongational flow, which is 

described by elongational viscosity (𝜂𝐸 =
𝜏𝑥𝑥−𝜏𝑦𝑦

�̇�
) , where 𝜖̇ is the principal extension rate. If 

any extensional flow exists, shear measurements are not enough to characterize the full flow be-

havior in micro-extrusion bioprinting. Moreover, the extensional viscosity of collagen gels will 

be valuable in describing the flow behavior in bioprinting and understand the structure of colla-

gen gels. Cathey and Fuller measured the effective uniaxial extensional viscosities of collagen 

solutions up to the concentration of 0.23% in a 90% glycerin and 10% water solution [226]. At a 

semi-dilute concentration range (0.12%-0.23%), the extensional viscosity of collagen solutions 

exhibits strain-thinning behavior. According to this study, rod-shaped collagen molecules inter-

act with each other more in the isotropic state than during the strong extension. Hence, the exten-

sional viscosity is higher at low strain rates and declines as collagen molecules are aligned in the 

flow direction at higher strain rates. The results also showed that as the strain rates go to zero, the 

extensional viscosity of collagen solutions is very close to three times their respective shear vis-

cosities (ηE = 3η0), as expected by Trouton’s law of viscosity[172]. However, the ratio of the en-

hancement of the extensional viscosity (ηE-3η0) over the Trouton’s law of extensional viscosity 

(3η0) increases, as collagen concentration increases under shear thinning condition. At the high-

est concentration reported, (0.23%), this ratio is around 10 [226]. This extension viscosity data 

taken on the semi-dilute, shear-thinning collagen/glycerol solutions at high stain rate agree with 

the predictions of Batchelor’s theory [226, 227]. Paten et al. investigated the crystallization of 

collagen by extensional flow as a critical mechanism in early tissue formation[228]. The role of 
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extensional flow has never been considered in the bioprinting of collagens. We will discuss the 

effect of extensional flow of collagens in micro-extrusion-based 3D printing in Section 2.3.1. 

2.2.3.2 Oscillatory Shear 

2.2.3.2.1 Small Amplitude Oscillatory Shear (SAOS) 

The dynamic oscillatory shear test is the most commonly used rheological tool to investigate col-

lagen hydrogels and crosslinked systems. The linear viscoelastic properties of the complex colla-

gen fluids can be analyzed using small amplitude oscillatory shear tests within a linear range 

based on a well-established theoretical basis[172]. In this test with a parallel plate geometry, the 

upper plate undergoes small-amplitude sinusoidal oscillations with frequency (ω), while the 

stress-strain relationship is kept linear within the proportionality limit (Hookean). The response 

of shear stress to oscillating strain (𝐺∗ = 𝜏
𝛾⁄ ) is separated into two components to obtain the 

storage (elastic) shear modulus (G’) and loss (viscous) shear modulus (G”). The variations of G’ 

and G’’, as functions of the strain oscillation frequency (ω), are of interest because they describe 

the viscoelastic nature of hydrogels. The mechanical stress spectrum as a function of ω is also 

used to calculate complex viscosity (|η*|=|G*|/ω) and phase angle (tanδ=G”/G’). Those properties 

are also called “linear dynamic-mechanical properties.”  

The dynamic mechanical experiments by sweeping the oscillation frequency at a constant small 

strain amplitude are used to investigate the frequency-dependent stress-strain behavior of colla-

gen gels. This type of test is used to investigate the effects of collagen concentration [190, 213, 

229], acetic acid concentration [210], temperature [213], and crosslinking chemicals [162, 212, 

230, 231] on the viscoelasticity of collagen hydrogels and the shape integrity of the printed 
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material. Complex viscosity measurements as a function of frequency from those small-ampli-

tude linear shear measurements are also used as surrogates to viscosity vs. shear rate measure-

ments under steady-state [232, 233].  

The effects of concentration on the dynamic mechanical properties of collagen solutions and gels 

in 0.1 M acetic acid are investigated within the linear deformation range (under 5% strain) by Lai 

et al. [213]. Complex viscosities (η*) of 0.5, 0.75, 1.0, 1.25 and 1.5% collagen solutions in acetic 

acid are measured as functions of oscillation frequency (ω). Critical overlap concentration (c*) 

was predicted to be around 0.75%, based on an exponential increase in η* above 0.75% [213]. 

This estimate in 0.1 M acetic acid solution is higher than the prediction of overlapping concen-

tration (c*≈0.3-0.5%) in 0.5 M acetic acid solution by Gobeaux et al. [190]. At low frequencies 

(ω), collagen solutions less than 1.25% in 0.5 M acetic acid solution exhibit higher loss modulus 

(G”) than storage modulus (G’), while at higher frequencies, G’ becomes higher than G”. The 

reason for these is that the procollagen molecules do not have enough time to relax, and cause 

G’>G” at high frequencies, which means these solutions have no network structure, and there are 

no links between the collagen molecules. The characteristic relaxation time (λ) associated with a 

large-scale motion (or changes) in the structure of rod-shaped procollagen molecules can be ob-

tained by the inverse of the frequency (1/ω) when G’ becomes equal to G” (crossover point). In-

creasing the collagen concentration from 0.75% to 1.25% results in an increase in λ value from 

around 0.5 s. (at 1.49 Hz) to longer than 100 s (above 0.01Hz). Above the collagen concentration 

of 1.5%, the collagen gel shows rubbery behavior, and G’>G” at all frequency sweep ranges 

[213]. This result agrees with the onset to elasticity concentration of 1.6% reported by Gobeaux 

et al. [190] for collagen in 0.5M acetic acid solutions. 
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According to Rouse’s theory based on a series of beads-spring models, a dilute polymer solution 

at low values of frequency has to show G’ ≈ Gλ2ω2 and G” ≈ η0ω, which means that the slopes of 

log G’ and log G” versus log ω have to be 2 and 1, respectively. According to the same theory, at 

high frequencies, log G’ has to be proportional with 0.5 log ω. Figure 2.6A shows the results of 

the 1.6% collagen solutions of Gobeaux et al. in 0.5 M acetic acid, which are consistent with the 

expectations established based on polymer solutions [190]. Nevertheless, the slope of log G’-log 

ω and log G”-log ω is not more than 0.7 and 0.5, respectively, in the case of Lai et al. [213].  

 

Figure 2.6 Storage G′ (O) and Loss G′′ (△) moduli vs. frequency (a) at 16 mg mL−1; (b) at 27 mg mL−1, 

48 mg mL−1, 112 mg mL−1, and 300 mg mL−1 (from [190]). 

While Lai et al.’s [213] investigation is more focused on viscous semi-dilute concentrations (up 

to 1.5%), Gobeaux et al.’s [190] research on concentrated solutions is extended from 2.7% up to 

30% (Figure 2.6B) in 0.5M acetic acid solutions. For concentrations above 2.7%, both G′ and G″ 

(while G′ > G″) showed a power-law frequency dependency (G′(ω) ∝ G″(ω) ∝ ωβ) with the β 

value of 0.3 +0.02. This behavior is different from the viscoelastic properties of concentrated 

polymer solutions, where G’ has the plateau and G” has non-monotonous frequency dependence 

due to the physical entanglements of macromolecules. The β value of 0.3 was lower than the 

a b
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predicted value from the percolation theory (n ~ 2/3)[234]. However, in a neutral solution, For-

gacs et al. [229] reported that the gel point both G′ and G″ of 0.17% collagen obey a scaling law 

with the critical exponent β = 0.7, and a critical loss angle being independent of frequency as 

predicted by percolation theory.  

Yang et al. investigated the effect of acetic concentration in 1.0% collagen solutions by linear os-

cillatory shear flow [210]. As expected, acetic acid presence significantly affects the structure 

and gelation of collagen solutions. Collagen/acetic acid ratios of 100 (10 mg/mL collagen: 0.1 M 

Acetic acid) and 5 (10 mg/mL collagen: 2 M Acetic acid) resulted in G′ > G″ during the whole 

frequency sweep (from 0.01 to 10 Hz), and suggested gel structures. The 10 mg/mL collagen so-

lution behaved like a dilute polymer solution at higher acetic solutions. 

The effects of temperature and crosslinking on viscoelastic properties of collagens are discussed 

in Sections 2.2.3.2.3 and 2.2.3.2.4, respectively.     

2.2.3.2.2 Cox-Merz Rule 

In some cases, complex viscosities of collagens and other hydrogels are used in the place of 

steady shear viscosity [230, 233]. The shear viscosity (η) and dynamic complex viscosity (η*) 

can be linked by the linear viscoelasticity at comparably low shear rates (�̇�) and oscillation fre-

quencies (ω). Often, these properties show similar shear rates and frequency dependent behaviors 

and have been described with an empirical law, called the “Cox-Merz rule” [172]. This rule is 

proposed for polymer solutions and melts and represents a simple relationship between linear 

and nonlinear viscoelastic properties by overlapping the steady-state shear viscosity, 𝜂(𝛾)̇ with 

the magnitude of complex viscosity, |η*|(ω) while 𝛾 ̇ = ω. However, the Cox-Merz rule does not 
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hold universally. Therefore, we have investigated the validity of the Cox-Merz rule for some col-

lagen solutions by replotting the relevant data.  

Figure 2.7 shows how to verify the validity of the Cox-Merz rule. We superimposed the steady-

shear viscosities 𝜂(𝛾)̇ and the small-strain oscillatory shear complex viscosities |η*|(ω) for 1.0% 

collagen in 2 M and 0.1 M acetic acid solutions data obtained from the literature [210]. In the 

case of 2 M acetic acid solution, there was no overlapping and the Cox-Merz rule did not hold 

(Figure 2.7A). On the other hand, in 0.1 M acetic solution, the shear viscosity overlaps with the 

complex viscosity, and the Cox-Merz rule applies (Figure 2.7B). It is well known that the rule is 

valid for entangled molecules and percolated systems but not for suspensions. On the other hand, 

log Gʹ and log Gʹʹ vs. log ω are obtained for samples in 0.1 M and 2 M acetic acid and stated that 

they indicate the similar structure of collagen aggregates at relatively low acetic acid concentra-

tions [210]. However, testing the Cox-Merz rule showed two different structures. 

There are two implications of testing the Cox-Merz rule on collagen hydrogels. First of all, the 

validity or invalidity of the Cox-Merz rule is a suitable methodology for characterizing structures 

of collagen solutions. Secondly, before verifying the validity of the Cox-Merz rule, using |η*|(ω) 

vs. ω data in the place of 𝜂(𝛾)̇ vs. 𝛾 ̇ , for modeling, the 3D printing process can be erroneous. 
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Figure 2.7 Shear viscosity and complex viscosity against shear rate and oscillation frequency (Cox-Merz 

plots) of 1.0% collagen in acetic acid solutions of (a) 2 M, (b) 0.1 M (adopted from [210]).  

2.2.3.2.3 Temperature Dependence 

Along with the collagen concentration and pH of the medium (neutral or acetic acid solutions), 

the temperature is an important variable affecting collagen gels' morphology and viscoelastic be-

havior through the fibrillogenesis process. Fabrication strategies are designed to control the tem-

peratures of various components of bioprinting devices [162, 235]. 

Figure 2.8 shows the storage modulus (G′) and tan δ values of 4.0% collagen in acetic acid and 

neutral cultured medium for the temperature range between 10-50◦C as reported by Kim et al. 

[162]. In the case of the acetic acid solution, collagen is considered in its procollagen state, and 

its storage modulus decreases drastically above 30◦C due to the collapse of the collagen triple he-

lix to a random coil structure (Figure 2.8A). The corresponding peak in tan δ is the “denaturation 

temperature.” Below 30◦C, the storage modulus of the collagen in acetic acid solution gradually 

decreases, because of the free volume change with temperature.  An opposite behavior is ob-

served in the case of 4.0% collagen in the neutral culture medium (Figure 2.8B), the storage 

modulus has a maximum peak between 30-32◦C and drops drastically above 32◦C because of the 
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breakdown of the collagen structure. Lee et al report that the temperature that able to reach maxi-

mum storage modulus for 5% collagen in neutral solution is 36.2◦C [231]. Reaching the maxi-

mum storage modulus and minimum loss modulus at gelation temperature is able to stabilize the 

bioprinted constructs. The gelation of the collagen is mainly because of the fibrillogenesis pro-

cess, which we have discussed previously in Section 2.2.2. The fibrillogenesis process can be 

summarized into three steps: (1) fibril formation from several tropocollagens; (2) fibril growth in 

a linear direction; and (3) networking and structure formation[236, 237]. 

 

Figure 2.8 Temperature dependence of storage modulus (G') and tangent delta (tan δ) of 4% collagen (a) 

in acetic acid solution, (b) in the culture medium DMEM. (from [162]). 

Kim et al. continued to investigate the gelation process in cell-laden (MG 63 with density=1x106 

cells.ml-1) 3, 5, and 7wt % collagen by measuring the storage modulus and tan δ [162]. Accord-

ing to this study, cell-laden collagens exhibited maximum G’ between 30-40◦C. The gelation 

temperature and the storage modulus of compositions increased as the weight fraction of colla-

gen increased (Figure 2.9).  
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Figure 2.9 Maximum storage modulus and gelation temperature of collagen at different concentrations 

(from [162]). 

During the micro-extrusion, even if the needle wall temperature is kept at the same temperature 

as the hydrogel at the reservoir, the temperature of the hydrogel may still rise due to viscous dis-

sipation[238]. In this case, the viscosity can be calculated by the product of temperature term and 

shear rate-dependent viscosity terms, if the temperature is below the structural change region 

(<28 OC):  

η = H(T)ηT0
(γ̇)  (5)  

An Arrhenius model is usually used for the temperature-dependent term [239]. 

H(T) = exp [α (
1

T
−

1

T0
)]  (6)  

where α is the activation energy. Note that H(T) is 1 at the reference temperature T0. Equation 5 

is useful if the hydrogel has high viscosity. However, in our micro-extrusion analysis, the flow 

was assumed to be isothermal.  
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2.2.3.2.4 Crosslinking and Gelation  

In a bioprinting process, once hydrogel filaments are extruded, stacked, and bonded together, 

fabricated structures must establish higher mechanical properties than the extruded hydrogels 

and maintain the integrity of their shapes. Collagen hydrogels inherently have low mechanical 

properties that result in sagging and collapsing constructed layers and reducing the pore sizes of 

printed meshes. To overcome this problem, collagen hydrogels can be chemically crosslinked by 

immersing printed scaffolds into a crosslinking agent solution. Measurements of viscoelastic 

properties with oscillatory small deformation experiments can be used to evaluate the effects of 

crosslinking on the post-extrusion integrity of printed scaffolds.   

Han et al. used a naturally-occurring proanthocyanidin (PA) obtained from grape seeds as a col-

lagen crosslinking agent [240]. Melting temperature (Tm) was used to indicate the degree of 

crosslinking in those tests. According to that study, an optimal PA concentration of 0.5% in-

creased Tm from 55 to 800C while showing no cytotoxicity. The crosslinking is postulated to 

arise from hydrogen bonds formed between the polyphenolic functional groups of PA and tropo-

collagen collagen.  

Formaldehyde, glutaraldehyde, epoxy compounds, and carbodiimide have also been used as 

crosslinking agents for collagen, but all have certain toxicity levels, and controlling crosslinking 

rates is difficult [241, 242]. The addition of glutaraldehyde results in a reinforced structural 

framework and a substantially larger pore size. Melting temperature of the tendon increases from 

55 to 84 0C with GTA crosslinking. Perez-Puayana et al. reported scaffold pore size and viscoe-

lastic properties of glutaraldehyde crosslinked collagen scaffolds[243]. Figure 2.10 shows that 
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the presence of GTA increases the normal elastic modulus (E’) of 1.0% collagen hydrogel. How-

ever, the increase in E’ is higher at 0.1% than 0.3% GTA presence. 

 

Figure 2.10 Elastic modulus vs. frequency sweep of glutaraldehyde crosslinked collagen scaffolds (from 

[243]). 

Diamantides et al. investigated the linear viscoelastic properties of UV-activated riboflavin (at a 

concentration of 0.5 mM ) in collagen (with concentrations 4,8,12 mg/mL) bioinks before, dur-

ing, and after crosslinking to predict the kinetics of crosslinking, printability and cell viability 

[212]. Viscoelastic properties are measured at 1Hz and 0.5% strain. The data before and after 

crosslinking storage modulus results (G'0 and G'∞) as a function of pH are presented in Figure 

2.11. According to this study, riboflavin crosslinking dramatically increases the storage moduli 

of collagen bioinks. The results from the pH study show that the storage modulus after gelation 

of collagen bioinks is highly dependent on pH, while its storage modulus before gelation 

changed very little with pH. On the other hand, the storage modulus of the bioink before gelation 

was the best predictor of bioink printability. As suggested by these findings, this study concludes 

that the best way to improve the printability of collagen bioinks is to increase the storage modu-

lus of the ink before extrusion. 
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Figure 2.11 The storage modulus of collagen bioink (8 mg/mL in 0.5 mm riboflavin solution) as a func-

tion of pH (a) G'0 of collagen bioink at 4 °C before gelation. (b) G'∞ collagen bioink after complete 

gelation at 37 °C (from [212]).   

In another study, tannic acid (TA) was used as a crosslinking agent, and its effect of up to 3% 

concentration was shown on the compressive modulus and cell activities of 3D printed collagen 

structures [231]. The maximum compressive strength of 50 kPa at 30% strain was obtained with 

3% TA crosslinking compared to almost zero compressive strength without any TA crosslinking. 

The TA concentration of 0.5% increased the compressive strength to less than 10 kPa (at 30% 

strain) while offering reasonable biocompatibility. 

Genipin was used as a crosslinking agent in 3D printing of cell-laden collagen hydrogels by Kim 

at al., and cell viability of over 95% was observed [162]. Figure 2.12 shows the storage modulus 

(G') of 5% collagen solution after post-curing of 5 min, 1 h, 3 h and 6 h in 1 mM and 5 mM gen-

ipin solutions. Both genipin solution concentrations in the curing bath and curing time increased 

the modulus significantly. 
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Figure 2.12 Changes in viscoelastic properties of genipin crosslinked collagen (from [162]). 

The cell-laden collagen bioinks exhibit decreased storage moduli after gelation. They also show 

a slower gelation rate with higher cell density since the cells physically block the bindings neces-

sary for collagen fiber’s self-assembly[219]. This observation agrees with Lan et al.'s re-

sults[215].  

2.2.3.2.5 Large Amplitude Oscillatory Shear (LAOS) 

In the preceding four subsections, we discussed the characterization of collagen hydrogels with 

frequency sweeps tests at small (within the linear region) amplitude oscillatory shear strains. 

They have been widely used by employing well-established test protocols to investigate the lin-

ear viscoelastic properties of collagen networks[172]. Nevertheless, under various stages of bi-

oprinting processes, particularly in micro-extrusion deformations are large and rapid and cannot 

be solely described by linear viscoelastic deformations constrained by small strain amplitudes. 

Collagen hydrogel networks exhibit complex nonlinear rheological responses outside the linear 

deformation range in those processes. To characterize the rheological behavior of the transition 
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from linear viscoelastic region to nonlinear viscoelastic region, a large amplitude oscillatory 

shear (LAOS) can be used. LAOS analyses are carried out by a sweeping strain amplitude at a 

predetermined angular frequency while recording the stress and strain data as a function of time. 

Then stress, strain, and time data are analyzed to determine the nonlinear viscoelastic 

coefficients of the material. Well-defined nonlinear test protocols for LAOS are given by Hyun 

et al.[244] and Ewoldt et al. [245] and applied to test hydrogels and other complex fluids [246-

248]. The stress response output measured in the nonlinear region is usually not a perfect sinus-

oid stress with respect to the sinusoidal strain input.  

Unfortunately, there are no collagen hydrogels measurements by using full test protocols of 

LAOS. Oscillatory strains with amplitude sweeps are applied to collagen in addition to fibrin, 

reconstituted basement membrane matrix (rBM), polyacrylamide and agarose gels and their 

shear storage moduli are measured without complete LAOS analysis[249]. Collagen, fibrin, and 

rBM show strain stiffening, but polyacrylamide and agarose were almost linearly elastic without 

significant change in modulus. Another amplitude sweep test with full LAOS protocol is per-

formed to determine the strain (192%) that breaks the hydrogel network in bioprinted constructs 

of partially oxidized hyaluronate (OHA) and glycol chitosan (GC) in the presence of adipic acid 

dihydrazide (ADH) ([OHA2500] = 2 wt %, [GC] = 1, wt %, [ADH] = 0.3 wt %) (Figure 2.13) 

[250]. The authors suggested that full LAOS testing of collagen networks can explain the role of 

crosslinking on the network stiffness, network recovery rates and trade-off between stiffness and 

recovery rate. 
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Figure 2.13 Amplitude sweep carried out up to 250% strain with the OHA2500/GC/ADH hydrogel 

(Adopted from [250]). 

2.2.3.3 Creep and Recovery 

The creep and recovery test method is used to characterize fibrillogenesis and crosslinking of 

collagens by differentiating viscous and elastic responses[188, 190, 196, 197, 200, 203, 210]. As 

discussed previously, the normal stress difference measurement under steady-state shear flow 

measures the shear rate dependency of the elasticity (Section2.2.3.1.2. It is useful while evaluat-

ing the capillary entrance and exit effects in micro extrusion and filament swell (Section 2.3). In 

comparison to normal stress difference, the creep and recovery measure the stress-dependency of 

viscous and elastic components while introducing the response time as an additional parameter 

that is more suitable to evaluate network formation by fibrillogenesis and crosslinking. 

Time-dependent strain is measured while constant stress is applied in creep and released in re-

covery as step changes within the linear viscoelastic region of shear deformation. The strain and 

stress are interrelated with time-dependent compliance by J(t)=γ(t)/τ with a unit of 1/Pa. Usually, 

J(t) of creep data is fitted series of Maxwell and Kevin Voigt model, and J(t) of recovery is fitted 
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to a semi-empirical model. Figure 2.14 with outsourced data from Tian et al. shows the creep and 

recovery compliance data with the applied and released stress of 2 Pa. Collagen solutions are 

crosslinked with various amounts of GTA in 5% collagen solution[197]. An increased GTA con-

centration decreases creep compliance due to increased crosslinking density. Figure 2.14B shows 

the recovery rate once the applied stress is removed. Crosslinking bonds because of GTA addi-

tion hinders the intermolecular slippage, decreases the deformation, and speeds up the recovery 

rate.  

 

Figure 2.14 a)Creep compliance , b)recovery compliance rate curves of collagen solutions crosslinked 

with various GTA/collagen (w/w) ratios a: 0:1, b: 0.01:1, c: 0.03:1, d: 0.05:1, e: 0.1:1) (Adopted 

from [197]). 

2.3 Bioprinting by micro-extrusion 

Micro-extrusion is one of the common deposition-based bioprinting technique. Paxton et al. pro-

posed a two-step initial screening to assess the bioprintability: fiber formation and layer stack-

ing[157]. Here, by extending this approach, we are analyzing the flow and rheology related is-

sues in two separate stages: 1) the extrusion of hydrogel filaments; and 2) stacking the extruded 
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filaments layer by applying polymer engineering science[169, 170]. Our discussion in this sec-

tion is about the bioprinting of hydrogels in general, while bearing in mind the rheological prop-

erties of collagen gels. 

2.3.1 Filament Extrusion 

Filament extrusion is made by filling up the cartridge (also referred to as the “reservoir” or “bar-

rel”) with hydrogel and pushing the gel through the needle (also referred as the “capillary die”). 

By analogy to plastic extrusion, perhaps bioprinting can best be described as gel extrusion. The 

purpose of the gel extrusion is to produce a stable extrudate flow with a uniform filament diame-

ter and smooth surface by precisely controlling the flow rate, pressure, and temperature. The 

flow of hydrogel through the needle can be driven and controlled by a piston movement, a pneu-

matic drive, or a rotating screw (Figure 2.15). The control of hydrogel flow from the cartridge to 

the needle is different in those three cases. In the case of piston movement, the controlled varia-

ble is the flow rate, which means the shear rate on the capillary needle wall. Therefore, to inter-

pret the flow in a piston-driven gel extrusion, a “strain-controlled” measurement mode by a rhe-

ometer is more appropriate to generate viscosity vs. shear rate data. On the other hand, if the hy-

drogel flow is achieved by a pneumatic drive, the controlled variable is the head pressure which 

drives the gel through the needle. In other words, the operation is a “stress vs. flow” mode and 

obtaining viscosity vs. shear stress data from a “stress-controlled” mode of the rheometer is more 

suitable in this case. The flow by the screw motion in the cartridge is more complex than the pre-

vious two. The speed of the screw rotation controls both the pressure and flow rate [171]. The 

stress and shear rate in the needle depends on the coupling of the screw and needle’s characteris-

tics. Screw rotation not only directs flow in an axial direction but also generates transverse flow 
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in the screw channel [171]. A screw operation produces a better-homogenized hydrogel, but its 

impact on cell viability must be considered. Piston- and pneumatic-driven extruders are quasi-

steady-state operations, and they are usually one-time loading which require the placement of 

sufficient gels in the cartridges to finish the bioprinting. On the contrary, a screw-driven opera-

tion is a steady-state operation with continuous gel-feeding. They can handle the fabrication of 

bigger or multiple parts. 

 

 

Figure 2.15 Types of gel drive systems in micro-extrusion 3D-printing 

Cylindrical- or conical-shaped needles are most commonly used as capillary dies in the micro-

extrusion of hydrogels (Figure 2.15). A pressure drop is generated while the hydrogel is pushed 

at a constant flow rate from the large-diameter cartridge through the small-diameter needle and 

then to the atmosphere: 

𝑃0 − 𝑃𝑎 = ∆𝑃𝑐𝑎𝑟𝑡 + ∆𝑃𝑒𝑛𝑡 + ∆𝑃𝑛𝑒𝑒𝑑𝑙𝑒 + ∆𝑃𝑒𝑥𝑖𝑡  (7)  
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where 𝑃0 is the pressure on top of the gel in the cartridge,  𝑃𝑎 𝑖𝑠 the atmospheric pressure at the 

exit of the needle, ∆𝑃𝑐𝑎𝑟 and ∆𝑃𝑛𝑒𝑒𝑑𝑙𝑒  are the pressure drops in the cartridge and needle, respec-

tively, and ∆𝑃𝑒𝑛𝑡 and ∆𝑃𝑒𝑥𝑖𝑡 are exit losses at the entrance and end of the needle, respectively. It 

is worth noting that the flow during the extrusion process is laminar, and the kinetic energy ef-

fect is neglected. The cartridge diameter of the micro-extruder is much larger than the needle di-

ameter. Therefore, the pressure drop ∆𝑃𝑐𝑎𝑟𝑡in the cartridge can be neglected. ∆𝑃𝑒𝑥𝑖𝑡 is expected 

to be small compared to the others and can also be neglected[251].  

2.3.1.1 Needle (capillary die) flow 

Our discussion focuses on the pressure-driven flow, the simplest and most common micro-extru-

sion method. The flow in the needle is discussed by considering the pressure drop along the nee-

dle’s length and the entrance to the needle effect. The temperature rise due the viscous dissipa-

tion is not significant for relatively low viscosity collagen hydrogels. Hence, the micro-extrusion 

of collagen-based bioinks is considered isothermal without any frictional heating (H(T)=1 in 

Equation 5). The process variables that affect the filament extrusion by the pneumatic drive are 

reduced to only two: 1) applied pressure; and 2) needle geometry.  

The pressure drop, ΔPcircular for a straight, circular needle with a length l and diameter d (Figure 

2.16A) can be predicted through the Hagen-Poiseuille Equation for a power-law fluid [171]. 

∆𝑃𝑐𝑖𝑟𝑐𝑢𝑙𝑎𝑟 = 𝐾 [
1+3𝑛

4𝑛

32𝑄

𝜋𝑑3
]

𝑛 4𝑙

𝑑
   (8)  

where K and n are power-law constants described by Equation 1, and Q is the volumetric flow 

rate. The term 
32𝑄

𝜋𝑑3 is called an apparent (nominal) shear rate, 𝛾�̇�. 
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Figure 2.16 Schematics of needle rearrangements used in calculations: (a) straight circular needle; (b) 

converging conical needle. 

The flow in the conical-shaped needle (Figure 2.16B) is best described by Cogswell’s converg-

ing flow model [252]. The flow of non-Newtonian polymeric fluids through non-cylindrical dies 

has been extensively investigated in the literature [169, 171, 172]. The flow model developed for 

power-law viscoelastic polymeric melt has two parts: 1) shear deformation model for power-law 

fluid (𝜂 = 𝐾(�̇�)𝑛−1); and 2) elongational deformation mode. 

∆𝑃𝑐𝑜𝑛𝑖𝑐𝑎𝑙 = {
2

3𝑛𝑡𝑎𝑛𝛼
𝐾 [

1+3𝑛

4𝑛

32𝑄

𝜋𝑑0
3]

𝑛

[1 − (
𝑑0

𝑑𝑒
)

3𝑛

]} +
(𝜂𝐸)𝑡𝑎𝑛𝛼

3
[

32𝑄

𝜋𝑑0
3] [1 − (

𝑑0

𝑑𝑒
)

3𝑛

]  (9) 

where the first term comes from the shear stress effect, and the second term represents the elon-

gational stress contribution. Diameters at the entrance and exit of the conical needle are denoted 

as de and do respectively, the half-angle of the conical needle is α, and the elongational viscosity 

is ηE. In most polymer flow cases, ηE is taken as equal to 3η (Trouton’s law). However, as dis-

cussed in the preceding section, Trouton’s law cannot hold, and the elongational viscosity ηE of 
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collagen hydrogels cannot be assumed as 3η at concentrations and shear rates used in micro-ex-

trusion. Hence, caution has to be taken while modelling and predicting the flow of collagen gels 

in bioprinting. 

Our group investigated the pressure losses due to the entrance effects in a non-tapered cylindrical 

needle and a conical needle by conducting two sets of collagen bioprinting experiments with the 

needle geometries schematically represented in Figure 2.16. For these experiments, 35 mg/mL 

collagens in a neutral solution was used. Its rheological properties were presented in Figure 2.5. 

Head pressure vs. flow rate data was collected for those two micro-extrusion cases and plotted in 

Figure 2.17A and B (designated as “Experiment”). The required head pressure values for meas-

ured flow rates were calculated using Equation 8 in the case of a non-tapered cylindrical needle, 

and Equation 9 in the case of a conical needle, and plotted in Figure 2.16A and B. The differ-

ences between the applied head pressures and the calculations based only on needle flow indicate 

the pressure ∆𝑃𝑒𝑛𝑡 losses due to the entrance effects. As expected,  ∆𝑃𝑒𝑛𝑡 is more significant for 

the contraction from the cartridge to the non-tapered cylindrical needle with a sharp entrance. On 

the other hand, ∆𝑃𝑒𝑛𝑡 is much smaller, but is not negligible in the case of a conical needle with a 

wider connection to the cartridge. Pressure loss at the entrances into the capillary dies from the 

extruder, and capillary rheometer barrels have been investigated for polymer melts both experi-

mentally and theoretically [252, 253]. The convergence flow at the entrance is analyzed in terms 

of its extensional and simple shear flow effects. Reorganization and aligning of the flow streams 

of the hydrogel while moving from the cartridge into the needle cause the pressure drop ∆𝑃𝑒𝑛𝑡. 

This result showed the importance of elastic effects, which were discussed in Section 2.2. 



 

77 

 

 

Figure 2.17 Applied experimental and calculated needle pressures vs. measured flow rate in (a) cylindri-

cal geometry with needle length: 19.0 mm, needle diameter: 0.60 mm; (b) conical geometry with 

needle length: 19.0 mm, entrance diameter: 4.2 mm, exit diameter: 0.41 mm (unpublished results). 

The maximum developed shear stresses in cylindrical and conical needle geometries were calcu-

lated for alginate sulfate-nanocellulose bioinks by flow visualization with COMSOL simulation 

[225]. Figure 2.18 shows the location of high shear areas. As expected, the cylindrical needle 

showed higher wall stresses than the converging conical needle. Similar to polymer melts [169], 

the shear stress at the sharp-edged entrance zone of the straight circular needle was higher than 

the shear stress at the tapered entrance of the conical entrance. The shear stress augments in the 

conical needle towards the exit of the tip. High pressures are needed to extrude the ink in the 

case of cylindrical needle geometries, which resulted in higher maximum shear stresses.  
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Figure 2.18 Computational fluid dynamic analysis of the printing setup. The red/orange colour indicates 

regions of high shear stress in the simulation with apparent differences between the straight and 

the conical needle geometries (adopted from [225]). 

A few comments also can be added by closely inspecting Figure 2.18.  It can be seen that expan-

sion regions are present in the connector between the cartridge and the cylindrical needle, and at 

the connection between the cartridge and the conical needle. There are two possible pathways for 

the hydrogel (or any polymer melt) as it exits and expands from the narrow diameter cartridge 

end. It will either flow as a free jet through the expansion or stick to the wall and fill up the ex-

pansion. Here, the blue colour at the corners suggests the flow of that particular ink is a free jet 

which forms dead-end vortices. These vortices can lead to hydrodynamic instabilities and cell 

survival in the material that stays in the stagnant zones. In the converging conical needle, as dis-

cussed for the polymer melts[254], the flow can be visualized as being elongated by a squeezing 

mechanism from the sides of the conical needle. Therefore, the total pressure loss of the hydrogel 
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in the conical needle is the sum due to extension and that due to shear. The complicated govern-

ing equations involving the converging and extensional flow have often been deterrents to rigor-

ous analysis. Most simulations on polymer melt flow in the converging flow, which is also appli-

cable to hydrogels, are performed with integral type constitute equations or differential constitu-

tive equations containing the derivative of the stress tensor [169]. Whether or not it plays a sig-

nificant role, elasticity can be analyzed based on a dimensional analysis of rheological character-

istics and flow conditions. According to the convected-Maxwell model, the Weissenberg number 

is defined as the ratio of elastic forces over the viscous forces [255]: 

We =
Ψ1(γ)̇γ̇xy 

η(γ)̇  
   (10)  

where 
𝛹1(𝛾)̇ 

𝜂(𝛾)̇  
 is the relaxation time λ, hence We=λ�̇�. The relaxation time λ can also be obtained 

from the oscillatory shear flow. Another dimensionless number is the Deborah number, which is 

defined as the ratio of the fluid characteristic time (λ) to the residence time of the flow (t): 

De =
λ

t
  (11)  

The relation between We and De can be written for the capillary flow for which the average resi-

dence time is Length/Velocity (L/V), and the shear rate is proportional to the velocity/radius 

(V/R). Combining Equations 12 and 13 gives: 

𝑊𝑒 = 𝐷𝑒
𝐿

𝑅
  (12)  
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Deborah number, which includes hydrogels’ viscoelastic properties and process conditions, are 

better suited to evaluate if elasticity plays a vital role in needle flow: If De >> 1, the hydrogel be-

havior is almost purely elastic; if De << 1, elasticity is not significant. 

2.3.1.2 Filament Swell 

Construction of a well-defined object by bioprinting requires a precise filament diameter control 

which depends not only on the exit diameter of the needle but also on the needle geometry and 

viscoelastic properties of the hydrogels and the polymer melts[154].  An extruded filament diam-

eter, as in the case of any other polymer melt processing, exceeds the diameter of the needle (die) 

at the exit. Usually, the diameter of a filament cannot be smaller than 1.2 – 1.5 times the needle’s 

diameter at the exit, as shown in Figure 2.19.  

 

Figure 2.19 The likely streamline rearrangement of fluid after exiting from a capillary. 
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We call the extrudate swell a “filament swell,” also called a “die swell” in polymer processing. 

Within the narrow needle opening, the hydrogel is under stress, storing deformation material 

elastically. This stress is relaxed as the hydrogel leaves the needle and is released to a free sur-

face, allowing the release of the elastically-stored material in the needle tip and subsequently re-

sulting in radial expansion of the melt. The die (filament) swelling ratio χ, is defined as the ratio 

of the maximum diameter of the extruded material to the diameter of the die opening (df/d0). The 

reported range is from ~1.05 to 1.3 for typical extrusion additive manufacturing processes [154, 

155]. Hence, die swell is an elastic stress relaxation phenomenon and results from the combina-

tion of the recoil and normal stresses in the shear flow. Based on this understanding, Tanner has 

derived [256]: `   

χ = 0.12 + {1 + ([
τxx−τyy

τxy
]

2

)

1
6⁄

}  (15) 

Here, we have shown that the first normal stress difference in collagen gels can predict the nee-

dle swell at that particular shear rate. However, we must emphasize that the relationship between 

filament swell and the rheological properties of collagen gels is not known yet. Another im-

portant point to note is the dependence of die swell in the capillary (needle) on L/d (the length to 

the diameter of the die) and the flow rate or the wall shear rate in the die. Like any other poly-

mers, collagen hydrogels have a “memory” of the state in which they were in the die cartridge. 

The fluid memory stays intact in a short capillary, which results in a larger extrudate swell effect. 

For a long capillary, with a L/D ratio greater than 20, the effect of the capillary length can be 

negligible.   
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2.3.1.3 Filament Distortion 

Bio-inks used for 3D bioprinting experience deformation by shear and elongation upon entering 

the conical or axial needle[257]. In a conventional 3D printing process, an extrudate distortion 

with a melt fracture often arises when the polymer is extruded freely out of a needle (die). There 

is a critical flow rate at which the extrudate surface is no longer smooth [171]. This type of flow 

also has been extensively studied in the polymer-processing industry. The extrudate diameter be-

comes rough and no longer uniform, exhibiting various distortions. Figure 2.20 shows the distor-

tion of diameter and melt fracture as extrusion speeds increase. 

 

Figure 2.20 Extrusion of a 0.4% borax solution (A) smooth surface at the lowest speed (We=2.8, (B) de-

velopment of a small roughness at intermediate speed (We=4.9), (C) well-developed melt fracture 

at the highest speed (We=8.4) (from [255]).  

The surface instability often depends on the flow rate and viscoelasticity of the hydrogel. The 

amplitude of the distortions increases with increasing flow rate. As the flow rate is further in-

creased, the extrudate exhibits chaotic distortion.  
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2.3.2 Layer-stacking, Bonding, and Shape integrity 

Extruded hydrogel filaments are laid down on the software-controlled moving tray of the 3D 

printer, and stacked layer by layer to construct the desired piece (Figure 2.21). Construction of a 

three-dimensional piece from stacked filaments involves bonding (welding) of a fresh filament 

on top of a previously laid filament.  Adequate bonding between the filament layers and the dis-

appearance of weld lines are critical to attaining the desired mechanical properties for the con-

structed shape. Welding of two stacked layers is a growing interest not only for the 3D-bioprint-

ing of hydrogels but also for the polymer melts. The research on interlayer bonding in the 3D 

printing process is still in its infancy. Nevertheless, interlayer fusion has been extensively inves-

tigated by polymer melt processors for pipe and film blowing die designs [169]. Welding effi-

ciency depends on good contact between two layers of filament. Extrudate distortion and surface 

roughness, as shown in Figure 2.20, reduce the contact area between two layers of stacked fila-

ments and result in poor bonding. Hence, the elasticity of hydrogels and needle design is ex-

tremely important for the filament extrusion quality and layer bonding. Once an adequate contact 

is established between the layers, polymer chains from two filaments have to connect by a diffu-

sion mechanism. The movement of polymer chains is described by “reptation mechanism”, 

which was developed by de Gennes [258] and Doi Edwards [259], and later applied to the theory 

of healing at the polymer-polymer interface [260]. In the case of rod-like collagen molecules, 

one has to consider the difference between the flexible and rod-like chains. In addition to the dif-

fusion of collagen molecules, other factors such as hydrogen bonding and crystallization also 

play a role during the self-healing of hydrogels [261]. The adaptability of various bioprinting 

processes such as cryogenic printing, in-situ crosslinking, hybrid inks, and high-viscosity 
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collagen solutions on interlayer bonding needs to be investigated based on the self-healing of 

gels approach.  

 

Figure 2.21 (a) Layer-stacking stage of bioprinting, (b) stacking of filament layers, (c) bonding of two fil-

aments. 

The state of gelation is also a determining factor for the shape integrity of the construct. Ouyang 

et al. [233] suggested three gelation states for a printed ink: under-gelation, proper-gelation and 

over-gelation, as shown in Figure 2.22. To investigate the printability under these three different 

states, the authors printed some grid constructs under different temperatures and various concen-

trations of gelatin and alginate gel.  When the ink was in an under-gelation state, a droplet mor-

phology was formed at the needle’s tip. The extruded/printed filament is smooth but demon-

strates a more liquid-like state, and the upper layer effortlessly fuses with the lower layer, creat-

ing circular holes that are different from the designed one. At this state, the time sweep shows 

that the loss modulus is greater than the storage modulus at a steady-state.  For ideal gelation 

conditions, the interconnected channels of the construct would demonstrate a square shape that is 

similar to the designed one. The filament should be smooth and uniform during the extruding 

process, which results in a standard grid construct with distinguished layers. At this state, the 



 

85 

 

frequency sweep data shows that the loss modulus is close to the storage modulus of around 10 

Pa.  If the ink or the bioink was in the over-gelation condition, it would easily show fractured 

morphology, which results in irregular filaments and interconnected channels. Therefore, the bio-

ink should be printed in a proper state to achieve optimum filament morphology and mechanical 

stability. Materials with higher G’ facilitate stronger shape retention for the extruded parts de-

spite the fact that G’ may cause a poor extrusion [262]. Dynamic mechanical loss tangents (tan δ 

=G’’/G’), which indicate predominately elastic or viscous behavior, can help judge shape integ-

rity. In summary, a high tan δ value suggests that the material shows more fluid-like behavior, 

and a low tan δ value means more solid-like behavior with poor fluidity. 

 

Figure 2.22 a) Evaluation of printability under three different states [233], b) Printed construct at different 

concentrations. The printability parameter, Pr, is defined as L2/4A where the L and A is the fila-

ment perimeter and area, respectively (from [233]).  

2.4 Cell Viability 
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The inevitability of shear stress in any dispensing process, including bioprinting via micro-extru-

sion of cell-laden hydrogels for the manufacturing of 3D tissue constructs for tissue engineering 

applications, has prompted much investigation into the factors that regulate it in all printing 

methodologies, and its effect on cell viability in bioprinting[149, 157, 223, 263, 264]. The level 

of shear stress has been reported to be directly influenced by printing parameters such as printing 

pressure, needle size and geometry, and non-Newtonian viscosity of the hydrogel in bioprinting. 

Moreover, shear stress has been identified as factors influencing cell behavior and the differenti-

ation of stem cells. However, excessive shear stress and residence time have detrimental effects 

on cell membrane integrity. Striking a healthy balance between shear stress and cell viability is 

therefore crucial in bioprinting, particularly in the context of improving the resolution of bi-

oprinting with high viscosity hydrogels and small diameter needles.  

Live/dead assay is the predominant choice for assessing cell viability in the bioprinting of cell-

laden hydrogels after gelation[149, 223, 263]. The assay is based on an assessment of cell mem-

brane integrity. Cells with damaged cell membranes appear red under a fluorescence-based con-

focal microscope, and those alive appear green. Since studies on the cell viability of bioprinted 

collagens are limited, gelatin-based hydrogels are also reported[233]. The live/dead assay 

showed ESC viability increased exponentially by decreasing induced shear stress. Therefore, 

lower gelatin concentrations and higher printing temperatures increased the ESC viability by de-

creasing viscosity, which in turn demanded lower head pressure, needle shear rate and stress. 

Commonly reported lower cell viabilities at higher viscosities[265, 266] are due to a need to ap-

ply higher head pressures and resulting shear stresses in needles (see Equations 8 and 9). 
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Blaeser et al.[223] analyzed the viability of L929 mouse fibroblasts after exposure to a wide vari-

ety of needle shear stress (0.7-20 kPa) immediately after printing in alginate-based hydrogels. 

Their data were classified into three groups based on the applied needle shear stress: <5 kPa, 5-

10 kPa and >10 kPa. The viability of the fibroblasts was unaffected at low needle shear stress (< 

5kPa), with a reported 96% cell viability. In contrast, the fibroblasts’ viability declined to 91% at 

medium needle shear stress (5-10 kPa), and 76% viability at high needle shear stress. While the 

data demonstrated that below a critical shear stress level, living cells could be dispensed without 

compromising cell membrane integrity, it also reveals that the applied needle shear stress is re-

lated to cell damage in the short-term.  

The possible long-term effect of needle shear stress on cell viability has been demonstrated after 

seven days of printing human bone marrow mesenchymal stem cells (BM-MSCs)[223]. The 

printing of BM-MSCs in alginate-based hydrogels at three different needle shear stress levels of 

4, 9 and 18 kPa, resulted in a 94% cell viability at 4 kPa, 92% viability at 9 kPa, and 86% viabil-

ity at 18 kPa immediately after printing. After seven days of in vitro culture of the printed con-

structs, regardless of the needle shear stress level at the time of printing, the cell viability in-

creased to 95-97%. However, it was noted that relative to the non-printed cell controls, the via-

bility of the printed BM-MSCs was slightly but significantly lower. These findings are not only 

following the mouse data regarding the immediate effect of printing-induced shear stress but also 

reveal that the direct impact of printing shear stress on cell viability does not linger on to com-

promise the proliferative capacity of the BM-MSCs. It is, however, noteworthy that in another 

study, albeit with limited information on the actual bioprinting protocol and involving the dis-

pensing of bovine meniscus fibrochondrocytes in a collagen-based hydrogel, that the cell 
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viability of the fibrochondrocytes remained unchanged at ~90% immediately post-printing, and 

after over ten days in an in vitro culture[263].  

In addition to the needle shear stresses, due to the conical geometry of the dispensing needle, the 

effect of the extensional flow of the suspension biomaterials/bioinks on cell deformation is also 

responsible for cell membrane damage, leading to cell death at high flow rate conditions[213, 

267-269]. For example, it has been shown that 3T3 fibroblasts can withstand up to 200 Pa of 

fluid stresses without cell damage. At low flow rates, the stress produced by shear flow (> 200 

Pa) is prone to damage cells relative to stresses produced by extensional flow (> 200 Pa). How-

ever, as the flow rates increase, the extensional flow is enhanced, and the corresponding stress 

contributes to cell membrane damage[269]. 

2.5 Concluding Remarks and Future Directions 

Collagen is the most preferred biomaterial for cell-laden 3D bioprinting due to its hydrophilic 

structure with natural binding sites, resulting in high cell   viability and proliferation rates. 3D 

bioprinting offers precise control of the fabrication of tissue-engineered constructs, particularly 

in the context of the production of engineered tissues matching the anatomical shapes of the tis-

sues to be repaired or replaced. While the extrusion of low viscosity collagen solutions is desira-

ble for better cell viability, it requires carefully designed post-3D bioprinting crosslinking to pre-

serve the shape integrity of the finished structures. Therefore, there needs to be a better under-

standing of the rheological properties of the bioprinting of collagen and their impact on extru-

sion, gelling, and crosslinking stages. It is important to note again that required properties at 

those stages do not often go hand-in-hand. More importantly, high cell viability under the 
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extrusion, gelling, crosslinking stages is necessary for the generation of functional tissue-engi-

neered constructs that can be applied clinically to repair and replace damaged tissues.  

In this review, the structures and rheological properties of collagen solutions are first discussed 

extensively, followed by a review of the micro-extrusion-based 3D-printing process. A rigorous 

evaluation and investigation of the 3D-printing process should encompass three separate compo-

nents: 1) micro-extrusion of hydrogel (i.e. collagen), 2) layer-stacking, crosslinking, and building 

3D constructs, and 3) integrity and applicability of the printed construct. To this end, the critical 

flow factors, including shear and extensional flow stresses should be considered during the bi-

oprinting process to avoid cell damage. While Table 2.3 Summary of recent research (2017-

2022) on collagen and its 3D-printing applications, the literatures also showed the lack of a com-

plete and rigorous rheological characterization of 3D-bioprinting process with their impact on 

cell viability. 

Rheological properties of hydrogels, including collagens, need to be measured to serve two ob-

jectives: 1) accurate rheological test and analysis, and 2) utilizing rheological results to predict 

the printability of the hydrogel during the 3D printing process. 

First, rheological methods, especially measuring linear dynamic mechanical properties such as 

oscillatory strain, frequency, time sweeps, and viscosity as a function of temperature and concen-

tration, are beneficial for the characterization of collagen gels and understanding the effect of 

crosslinking agents and strategies. Dynamic viscoelastic measurements are more suited to indi-

cate collagens' structure and organization, fibrils' formation, and the crosslinking of collagen hy-

drogels. However, in most of the work in the literature, complex viscosity vs. oscillation fre-

quency data under the linear deformation range have been used to represent steady shear 
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viscosity vs. shear rate data. The validity of this overlapping linear dynamic deformation vs. 

steady shear flow, or the Cox-Merz rule, may not hold true for specific collagen solutions. The 

validity of the Cox-Merz rule has to be verified to characterize the structures of collagen solu-

tions. Before confirming the validity of the Cox-Merz rule, applying |η*|(ω) vs. ω data in the 

place of 𝜂(𝛾)̇ vs. 𝛾 ̇  to model the 3D printing process can be erroneous. 

Secondly, rheological measurements are used to obtain material functions such as shear viscos-

ity, first normal stress coefficient, and extensional viscosity. These material functions can be 

used to predict the filament extrusion, swell, melt fractures, layer stacking, and shape integrity 

under different pressures, flow rates, residence times, and temperatures. Among these material 

functions, only shear-dependent viscosity has been widely used in the literature to evaluate the 

3D printing of collagens. However, the roles of the first normal stress coefficient and extensional 

viscosity on the 3D printing process must not be underestimated. Most often, the shear rate-de-

pendent characteristics has been described by using a two-parameter power-law equation, which 

is inadequate to describe the Newtonian plateau region. The full description of the viscosity vs. 

shear rate profile with the Carreau model or the viscosity vs. shear stress Ellis model is desirable 

for better characterization of collagen solutions and modelling their extrusion through the capil-

lary needle of bioprinters. 

This review also discussed a comprehensive rheological characterization strategy and the antici-

pated flow conditions during various stages of the 3D printing process. Our goal is to cover the 

critical aspects of collagen bioprinting for tissue engineers who are developing bioinks and bi-

oprinting processes. With our discussion on the rheological properties of collagen as a 
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representative example, we emphasized that material functions should be used for the design of 

collagen and other non-Newtonian hydrogels for bioprinting. 

How the hydrogel behaves during the various stages of 3D bioprinting also depends on the type 

of driving (pushing) systems, such as pneumatic, piston, or screw. It is also crucial to consider 

the capillary needle geometries while modelling the 3D bioprinting process. When modelling ex-

trusion flow through the capillary needle, attention has to be given to pressure losses due to end 

effects. The role of rheological properties and process conditions on the filament-swell and dis-

tortion is best described by the dimensionless Deborah number. 

Shear stresses in the needle due to the geometries of the dispensing needle affect shear viscosity 

and the extensional flow of the hydrogel. Extensional flow, in turn, may affect the cell defor-

mation and be responsible for cell membrane damage leading to cell death at high flow rate con-

ditions. Better characterizations of flow conditions and their effects on shear and extensional de-

formations in collagens and cell viabilities are needed.  

Finally, we discussed the role of flow conditions and crosslinking on cell viability. While these 

discussions are focused on collagens, they are also valid on the 3D bioprinting of other hydro-

gels. 
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Table 2.3 Summary of recent research (2017-2022) on collagen and its 3D-printing applications 

 

Bioprinting 

material for-

mulations 

Collagen 

source 

Rheological 

characteriza-

tions 

Printer type 
Gelation/crosslink-

ing method 

Other characteriza-

tion 
Application Ref. 

         

Vascular         

 

Human colla-

gen methacry-

late 

(5mg/mL) 

N/A 

Amplitude sweep, 

time sweep (be-

fore and after 

crosslinking) 

Micro-extru-

sion bi-

oprinting us-

ing FRESH 

bioprinting 

method 

UV crosslinking, 

thermo-gelation 

Porosity, Mechanical 

property (compres-

sion), in vivo cultiva-

tion, histology, immu-

nofluorescent, q-pcr, 

Vascular tis-

sue engineer-

ing 

[270] 

 

Type I Colla-

gen 0.015% 

(w/v) with al-

ginate 2% 

Rat tail N/A 
Micro-extru-

sion 

CaCl2 and 

Thermo-gelation 

In vivo cultivation, his-

tology, immunofluo-

rescence 

Vascular tis-

sue engineer-

ing 

[271] 

 

Type I colla-

gen (around 

2.1 mg/ml or 

4.7mg/mL) 

with xanthan 

gum (4 – 10%) 

Bovine 

Amplitude sweep 

(as a function of 

steer strain) 

Micro-extru-

sion 
Thermo-gelation 

Cell viability, cell pro-

liferation, histology, 

printability 

Vascular tis-

sue engineer-

ing 

[272] 

 

Methacrylate 

collagen 

(0.1%) 

Bovine Frequency sweep 
Micro-extru-

sion 

UV crosslinking, 

thermo-gelation 

Cell viability, immu-

nofluorescence 

Vasculogene-

sis and neurite 

outgrowth 

[273] 

 

Type I Colla-

gen (0-

3mg/mL) with 

sodium algi-

nate (0-1.8%) 

N/A 

 

 

N/A 

Coaxial ex-

trusion    

printing 

CaCl2 and 

Thermo-gelation 

Cell morphology, Live 

dead assay, immuno-

fluorescence, q-PCR 

 

 

Vascular tis-

sue engineer-

ing 

[274] 

 

Type I colla-

gen (0.2, 

0.5%), agarose 

(0.2-0.5%) 

N/A 
Strain sweep, 

shear modulus 

Inkjet based 

printing 
thermo-gelation 

Swelling test, in vitro 

degradation, histology, 

angiogenesis evalua-

tion 

Angiogenesis 

potential 
[275] 

 

Type I colla-

gen (0.16-

0.208%) with 

N/A 
Strain sweep, 

steady state flow 

Micro-extru-

sion bi-

oprinting 

UV gelation 
Cell viability, immu-

nofluorescence 

Promote angi-

ogenesis 
[276] 
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Bioprinting 

material for-

mulations 

Collagen 

source 

Rheological 

characteriza-

tions 

Printer type 
Gelation/crosslink-

ing method 

Other characteriza-

tion 
Application Ref. 

methacrylate 

collagen (3-

5%) 

sweep, shear 

modulus 

         

Bone         

 

Mineralized 

type I collagen 

(12mg/mL) 

Blue 

shark 

Temperature 

sweep, Steady 

state flow sweep, 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation 

Porosity, Cell viability, 

Immunofluorescence, 

Metabolic activity, 

Bone tissue 

engineering 
[277] 

 
Type I colla-

gen 
Porcine 

Temperature 

sweep, frequency 

sweep, 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation 

Cell viability, mechan-

ical test (compression), 

histology, immunoflu-

orescence, q-pcr 

Osteogenic 

Stimulators 
[278] 

 

Type I colla-

gen (0.06 – 

0.18%) with 

methacrylate 

gelation (5%) 

and methacry-

late hyaluronic 

acid (1%) 

Rat tail 

Steady state flow 

sweep, Tempera-

ture sweep, fre-

quency sweep 

Micro-extru-

sion bi-

oprinting 

UV crosslinking, 

thermo-gelation 

Mechanical property 

(compression), printa-

bility, cell viability, 

immunofluorescence, 

q-pcr 

Bone tissue 

engineering 
[279] 

 

Mineralized 

Type I colla-

gen (0-1%) 

and sodium al-

ginate (6-12%) 

Blue 

shark 

Steady state flow 

sweep, frequency 

sweep 

Micro-extru-

sion bi-

oprinting 

CaCl2 and 

Thermo-gelation 

Live/dead assay, cell 

morphology, metabolic 

actability, DNA assay 

Bone tissue 

engineering 
[280] 

 

Type I colla-

gen 

(5.0mg/mL) 

and Tyramine 

derivative of 

hyaluronan 

(25mg/mL) 

Rat tail 

Steady state flow 

sweep, strain 

sweep 

Micro-extru-

sion bi-

oprinting 

Enzymatic crosslink-

ing initiated by H2O2 

and light crosslinking, 

Thermo-gelation 

Cell migration, fibril 

distribution, gene ex-

pression, histology, bi-

ochemistry assay, im-

munofluorescence 

Bone tissue 

engineering 
[281] 

 

Type I colla-

gen (5%) with 

β-TCP (20%) 

Porcine 

Frequency sweep, 

temperature 

sweep, 

Micro-extru-

sion bi-

oprinting 

Genipin, thermo-gela-

tion 

Cell viability, immu-

nofluorescence, me-

chanical property 

Bone tissue 

engineering 
[120] 
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Bioprinting 

material for-

mulations 

Collagen 

source 

Rheological 

characteriza-

tions 

Printer type 
Gelation/crosslink-

ing method 

Other characteriza-

tion 
Application Ref. 

(compression), histol-

ogy, gene expression, 

 

Type I colla-

gen with hy-

droxyapatite or 

deproteinized 

bovine bone 

Bovine N/A 

Micro-extru-

sion bi-

oprinting 

thermo-gelation 

Mechanical property 

(compression prop-

erty), gene expression, 

immunohistochemis-

try, cell proliferation, 

immunofluorescence 

Bone tissue 

engineering 
[282] 

 

Recombinant 

human Type I 

collagen (1%) 

with PLA 

(10%) and β-

TCP (1%) 

Nicoti-

ana taba-

cum 

N/A 

Micro-extru-

sion bi-

oprinting 

Thermoplastic 

Cell viability, mechan-

ical property (compres-

sive), in vitro degrada-

tion, printability, anti-

bacterial property 

Bone tissue 

engineering 
[283] 

 
Type I colla-

gen (2mg/mL) 
Rat Tail N/A 

Laser-as-

sisted bi-

oprinting 

Thermo-gelation 
Printability, immuno-

fluorescence, 

Bone tissue 

engineering 
[284] 

 

Type I colla-

gen (6mg/mL) 

with alginate 

(25mg/mL) 

and fibrin 

(37.5mg/mL) 

Rat tail N/A 

Reactive jet 

impinge-

ment bi-

oprinting 

Thermo-gelation, 

thrombin, CaCl2 

Gene expression, im-

munofluorescence, 

Live/Dead assay, Me-

chanical property 

(compression) 

Bone tissue 

engineering 
[285] 

 

Type I colla-

gen (1, 2, 3 

mg/mL) with 

Hydroxyap-

atite (1%) 

Rat tail 

Steady state shear 

viscosity, fre-

quency sweep 

Micro-extru-

sion bi-

oprinting 

thermo-gelation 

Cell viability, cell pro-

liferation, cell differen-

tiation, in vitro degra-

dation, 

Bone tissue 

engineering 
[286] 

 

Type I colla-

gen (2mg/mL) 

with nano hy-

droxyapatite 

(1.2%) 

Rat tail N/A 

In situ La-

ser-assisted 

bioprinting 

thermo-gelation 

Metabolic activity, in 

vivo cultivation, histol-

ogy 

Bone tissue 

engineering 
[287] 

         

Carti-

lage 
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Bioprinting 

material for-

mulations 

Collagen 

source 

Rheological 

characteriza-

tions 

Printer type 
Gelation/crosslink-

ing method 

Other characteriza-

tion 
Application Ref. 

 
Type I colla-

gen (4%) 
Porcine N/A 

Micro-extru-

sion 
Thermo-gelation 

In vivo cultivation, his-

tology, 

Cartilage tis-

sue engineer-

ing 

[288] 

 

Type I colla-

gen 

(35mg/mL) 

Bovine 

Steady state flow 

sweep, Tempera-

ture sweep 

Micro-extru-

sion bi-

oprinting us-

ing FRESH 

bioprinting 

method 

Thermo-gelation 

Cell viability, cell pro-

liferation, histology, 

immunofluorescent, q-

pcr, 

Cartilage tis-

sue engineer-

ing 

[215] 

 

Type I colla-

gen 

(15mg/mL) 

Rat tail 

Time sweep (be-

fore and after ge-

lation), steady 

state flow sweep, 

thixotropy 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation 

Printability, cell viabil-

ity, biochemistry as-

say, 

Cartilage tis-

sue engineer-

ing 

[219] 

 

Type I colla-

gen (0.1 –

0.2%) with 

agarose (0.5-

1%) 

N/A N/A 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation 

Mechanical property 

(compression), histol-

ogy, biochemistry as-

say, immunofluores-

cence, 

Cartilage tis-

sue engineer-

ing 

[289] 

 

Type I colla-

gen 

(35mg/mL) 

Bovine N/A 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation Live/dead assay 

Meniscus tis-

sue engineer-

ing 

[290] 

 

Type I colla-

gen (3, 

3.75mg/mL) 

and alginate 

(75-80mg/mL) 

N/A N/A 

Micro-extru-

sion bi-

oprinting 

CaCl2, thermo-gela-

tion 

Swelling test, Mechan-

ical property (compres-

sion, tensile), cell via-

bility, immunofluores-

cence, histology, bio-

chemistry, gene ex-

pression 

Cartilage tis-

sue engineer-

ing 

[291] 

         

Skin         

 
Type I colla-

gen (0.75%) 
Porcine 

Steady state flow 

sweep, 

Inkjet print-

ing 
Thermo-gelation 

Cell viability, histol-

ogy, immunofluores-

cence 

Skin tissue en-

gineering 
[292] 
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Bioprinting 

material for-

mulations 

Collagen 

source 

Rheological 

characteriza-

tions 

Printer type 
Gelation/crosslink-

ing method 

Other characteriza-

tion 
Application Ref. 

 
Type I colla-

gen (6mg/mL) 
Bovine N/A 

Micro-extru-

sion bi-

oprinting 

1M sodium bicar-

bonate solution 
Histology 

Biomimetic 

skin 
[293] 

 

Type I colla-

gen (8%) and 

methacrylate 

gelatin (5%) 

doped by Ty-

rosinase (100-

800U/mL) 

N/A 
Time sweep, tem-

perature sweep 

Micro-extru-

sion bi-

oprinting 

Enzyme crosslinking, 

UV crosslinking 

in vitro degradation, 

Cell viability, histol-

ogy, cell migration, in 

vivo wound closure 

analysis, 

Skin tissue en-

gineering 
[294] 

 
Type I colla-

gen (4mg/mL) 
Rat tail N/A 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation 

Cell viability, printa-

bility, swelling test, 

immunofluorescence 

Artificial skin 

model 
[295] 

 

Type I colla-

gen supported 

by PCL mesh 

Porcine N/A 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation 

Contractility test, cell 

viability, histology, 

immunofluorescence 

Skin tissue en-

gineering 
[296] 

         

Wound Healing        

 

Methacrylate 

collagen (0.3, 

1.8, 2 mg/mL) 

with microfat 

Bovine N/A 
Micro-extru-

sion 

UV crosslinking, 

thermo-gelation 

Cell metabolic activity, 

wound healing cyto-

kines, printability 

Wound heal-

ing 
[297] 

 

Type I colla-

gen (5mg/mL) 

and alginate 

(2%) 

Rat tail N/A 

In situ extru-

sion bi-

oprinting 

CaCl2, thermo-gela-

tion 
Cell viability, immu-

nofluorescence, in vivo 

compatibility in por-

cine, histology, printa-

bility, 

Wound heal-

ing 
[298] 

 

Type I colla-

gen (0.25%) 

with fibrino-

gen (1.25%) 

and hyaluronic 

acid (0.25%) 

Thrombin, thermo-ge-

lation 

         

Cornea         
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Bioprinting 

material for-

mulations 

Collagen 

source 

Rheological 

characteriza-

tions 

Printer type 
Gelation/crosslink-

ing method 

Other characteriza-

tion 
Application Ref. 

 

Type I colla-

gen (0.3%) or 

Type I colla-

gen (0.2%)  

and agarose 

(0.5%) blend 

Bovine 
Steady state flow 

sweep 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation 

Cell viability, immu-

nofluorescence, Me-

chanical property 

(compression prop-

erty), 

Corneal trans-

plantation 
[127] 

 

Human type I 

collagen 

(1.2mg/mL) 

with human 

plasma, throm-

bin, and hyalu-

ronic acid 

N/A N/A 

Laser-as-

sisted bi-

oprinting 

N/A 

Cell viability, cell pro-

liferation, immunoflu-

orescence, histology 

Corneal tissue 

engineering 
[299] 

         

Heart         

 

Type I colla-

gen (17.5 

mg/mL) 

Bovine N/A 

Micro-extru-

sion bi-

oprinting us-

ing FRESH 

bioprinting 

method 

Thermo-gelation 

Mechanical property 

(tensile property), his-

tology, immunohisto-

chemistry, immunoflu-

orescence, 

Heart valve 

scaffold 
[125] 

 

Type I colla-

gen 

(24mg/mL) 

Bovine Frequency sweep 

Micro-extru-

sion bi-

oprinting us-

ing FRESH 

bioprinting 

method 

pH crosslinking and 

thermo-gelation 

Printability, cell viabil-

ity, histology, immu-

nofluorescence, 

Heart tissue 

engineering 
[126] 

         

Liver         

 

Methacrylate 

Type I colla-

gen with thio-

late hyaluronic 

acid 

Bovine N/A 

Micro-extru-

sion bi-

oprinting 

UV crosslinking, 

thermo-gelation, co-

valent bond 

Printability, Cell Via-

bility, Histology, im-

munofluorescence, Bi-

ochemistry assay, 

Liver tissue 

engineering 
[300] 

         

Muscle         
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Bioprinting 

material for-

mulations 

Collagen 

source 

Rheological 

characteriza-

tions 

Printer type 
Gelation/crosslink-

ing method 

Other characteriza-

tion 
Application Ref. 

 

Type I colla-

gen 

(5%) 

Porcine 

Frequency sweep, 

Temperature 

sweep, stress 

sweep 

Micro-extru-

sion 

Genipin, Thermo-ge-

lation 

Mechanical property 

(compression), myo-

genic differentiation, in 

vitro cellular activities, 

in vivo cultivation, his-

tology, immunofluo-

rescent, q-pcr, 

Muscle tissue 

engineering 
[301] 

         

Others         

 

Type I colla-

gen (3 mg/mL) 

with glycidyl 

methacrylate 

hyaluronic 

acid (10 

mg/mL) or 

methacrylic 

anhydride hya-

luronic acid 

(10mg/mL) 

Rat tail 

Steady state flow 

sweep, tempera-

ture sweep 

Micro-extru-

sion bi-

oprinting 

UV crosslinking, 

Thermo-gelation 

Printability, Cell mi-

gration test, immuno-

fluorescence, 

Assessing neu-

ral cell re-

sponse 

[302] 

 

Methacrylate 

Type I colla-

gen 

(4.5mg/mL) 

and Thiolate 

hyaluronic 

acid 

(1.5mg/mL) 

Bovine 
Strain sweep, 

thixotropy 

Micro-extru-

sion bi-

oprinting 

UV crosslinking, 

thermo-gelation, co-

valent bond 

Immunofluorescence, 

swelling test, prolifera-

tion assay, drug study, 

Drug metabo-

lism 
[303] 

 

Type I colla-

gen (0.2%) and 

agarose (0.5%) 

N/A Thixotropy 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation 

Printability, histology, 

immunofluorescence, 

cell proliferation, gene 

expression 

Cancer model [304] 

 

Methacrylate 

collagen (0.5, 

1.0. 1.5%) 

N/A 
Time sweep, fre-

quency sweep 

Micro-extru-

sion bi-

oprinting 

Blue light crosslink-

ing, Thermo-gelation 

Swelling ratio, in vitro 

degradation, Mechani-

cal property (compres-

sion), Cell viability, in 

Intrauterine 

Adhesion Pre-

vention 

[305] 
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Bioprinting 

material for-

mulations 

Collagen 

source 

Rheological 

characteriza-

tions 

Printer type 
Gelation/crosslink-

ing method 

Other characteriza-

tion 
Application Ref. 

with methacry-

late gelatin 

vivo cultivation, histol-

ogy 

 
Methacrylate 

collagen (5%) 
Bovine 

Flow sweep, stor-

age and loss mod-

ulus before and 

after UV 

Micro-extru-

sion bi-

oprinting 

UV crosslinking, 

Thermo-gelation 
N/A 

Compare the 

printability of 

Methacrylate 

collagen, gela-

tin, hyaluronic 

acid and algi-

nate 

[306] 

 

collagen (1%) 

and Methacry-

late hydroxy-

butyl chitosan 

(3%) 

Fish Skin 

Steady state flow 

sweep, Tempera-

ture sweep 

Micro-extru-

sion 

UV crosslinking, 

thermo-gelation 

Mechanical property 

(compression), poros-

ity, in vitro degrada-

tion, printability 

N/A [307] 

 
Type I colla-

gen (2mg/mL) 
N/A N/A 

Micro-extru-

sion bi-

oprinting us-

ing FRESH 

bioprinting 

method 

Thermo-gelation 
Cell infiltration, printa-

bility 
N/A [308] 

 

Human colla-

gen (0.5, 1, 3, 

and 6 mg/mL) 

Human N/A 

Micro-extru-

sion bi-

oprinting us-

ing FRESH 

bioprinting 

method 

Thermo-gelation 

Swelling ratio, me-

chanical property 

(compression), Live 

Dead assay 

N/A [309] 

 

Norbornene-

functionalized 

collagen with 

gelatin or algi-

nate 

Bovine 

Time sweep (be-

fore and after 

UV) 

Micro-extru-

sion bi-

oprinting 

UV crosslinking, 

Thermo-gelation 

Mechanical property 

(compression), swell-

ing test, cell viability, 

immunofluorescence, 

printability 

N/A [310] 

 

Type I Colla-

gen and chi-

tosan 

N/A 

Steady state flow 

sweep, stain 

sweep, frequency 

sweep 

Micro-extru-

sion bi-

oprinting 

pH crosslinking, 

Thermo-gelation 

In vitro degradation, 

cytotoxicity assay 
N/A [311] 
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Bioprinting 

material for-

mulations 

Collagen 

source 

Rheological 

characteriza-

tions 

Printer type 
Gelation/crosslink-

ing method 

Other characteriza-

tion 
Application Ref. 

 

Methacrylate 

Type I colla-

gen (3mg/mL) 

Bovine N/A 

Micro-extru-

sion bi-

oprinting us-

ing FRESH 

bioprinting 

method 

UV crosslinking, gen-

ipin crosslinking, 

thermo-gelation 

Cell viability, cell met-

abolic assay, in vitro 

degradation, printabil-

ity, Mechanical test 

(compression) 

N/A [312] 

 

Type I colla-

gen (6mg/mL) 

with or without 

Pluronic-F127 

(60%) 

Rat tail 

Steady state flow 

sweep, Tempera-

ture sweep, 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation and 

thermo-crosslinking 

Printability, Live/dead, 

immunofluorescence, 
N/A [313] 

 

Type I colla-

gen (20, 30, 

40mg/mL) 

Porcine 

Frequency sweep, 

time sweep, tem-

perature sweep 

Micro-extru-

sion bi-

oprinting 

Thermo-gelation 

Mechanical property, 

(compression), printa-

bility, cell viability, 

N/A [314] 

 

Type I colla-

gen (2mg/mL) 

coated with al-

ginate 

Rat tail N/A 

Coaxial ex-

trusion    

printing 

CaCl2, thermo-gela-

tion 

Printability, Cell distri-

bution, immunofluo-

rescence 

N/A [315] 

 

Type I colla-

gen (0.5%) 

with gelatin 

and alginate 

N/A 
Steady state flow 

sweep 

Micro-extru-

sion bi-

oprinting 

CaCl2 

Porosity, swelling test, 

mechanical property 

(compression), cell vi-

ability, immunofluo-

rescence 

N/A [316] 

 

Acidic Type I 

Collagen Hy-

drogel 

(35mg/Ml, cell 

seeded after 

printing) 

Bovine N/A 

Micro-ex-

truction bi-

oprinting us-

ing FRESH 

bioprinting 

method 

pH 
Cell viability, printa-

bility, cell attachment 
N/A [317] 

 

Type I colla-

gen and starch 

blend 

(1.33mg/ml 

collagen with 

1.5-12.5% 

starch) 

Rat tail 

Steady steady 

flow sweep, fre-

quency sweep, 

thixotropy 

Micro-extru-

sion 
Thermo-gelation 

Printability, porosity, 

cell viability, 
N/A [318] 
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Bioprinting 

material for-

mulations 

Collagen 

source 

Rheological 

characteriza-

tions 

Printer type 
Gelation/crosslink-

ing method 

Other characteriza-

tion 
Application Ref. 

 

Type I colla-

gen  

(3mg/mL), or 

Type II colla-

gen (3, 

6mg/mL) 

 

Bovine 
Dynamic viscos-

ity 

Aerosol jet 

printing 
Thermo-gelation 

Mechanical property, 

welling ratio, 
N/A [319] 

 

Type I colla-

gen (4, 8, 

12mg/mL) 

with riboflavin 

(0.5mM) 

Rat tail 

Time and fre-

quency sweep 

(before and after 

UV crosslinking) 

 

Micro-extru-

sion bi-

oprinting 

UV crosslinking, 

thermo-gelation 

Printability, cell viabil-

ity, pH effect for print-

ability, 

N/A [212] 
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3.1 Introduction 

Nasal reconstructive surgery, such as nasal airflow correction, fracture repair, septoplasty, and 

functional rhinoplasty, all require the modification of native nasal cartilages. The goals of nasal 

reconstruction are to restore not only physiological functions but also facial aesthetics. Since na-

tive cartilage tissues are poorly vascularized and have a poor regenerative ability, nasal recon-

structive surgery often requires transplantation of cartilage grafts to replace the original tissues 

[320, 321]. The grafts must be mechanically robust to resist both static forces (e.g. gravity and 

wound healing contracture), and dynamic forces (cyclical nasal valve deformation and muscle 

contraction) [322, 323].Previously used cartilaginous grafts as nasal structural support include 

autografts, allografts, and cell-based tissue-engineered grafts [324-327]. Among these options, 

cell-based tissue-engineered grafts have the potential to mitigate donor-site morbidities and risk 

of infection issues associated with autografts and allografts usage [328-330]. Our group’s previ-

ous work has demonstrated successful in vitro and in vivo chondrogenesis using human nasosep-

tal chondrocytes (NCs) seeded on clinically approved and commercially available semi-porous 

type I collagen and III hybrid membrane scaffold[64]. Despite promising results, the tissue-engi-

neered nasal cartilages were limited to the shape and dimensions of the membrane scaffold and 

to inhomogeneous cell distribution facilitated by manual dispersion of the chondrocytes on to the 

membrane. These limitations may become bottlenecks for further advancements in clinical appli-

cation. More recently, three-dimensional (3D) bioprinting approaches employing layer-by-layer 

additive technique allow the creation of custom anatomically shaped cell-laden engineered carti-

lages, which may be particularly impactful for patients with large nasal cartilage defect or absent 

cartilage structures[150, 331]. Using a computer-aided system (CAD), the 3D bioprinting pro-

cess enables the precise dispensation of the cell-laden supporting biomaterial (also known as 
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“bioink”) into printed biomimetic construct with a high spatial resolution and homogeneous cell 

distribution [83, 332]. 

Hydrogels have been identified as attractive materials for bioinks, due to the resemblance be-

tween hydrogel’s water-swollen networks and cartilage’s functional extracellular matrix 

(ECM)[264, 333, 334]. The most studied hydrogels for 3D-bioprinting are mostly natural poly-

mers, such as collagen [80, 123, 263, 335], hyaluronic acid [80, 335, 336], chitosan [80, 337, 

338], alginate [80, 130, 149, 225, 339, 340], cellulose [149, 225, 264, 339, 341], gelatin [80, 337, 

340], and fibrin [80, 123]. Among these, collagen has been widely explored as a biomaterial for 

regenerating various tissues [175, 342-345]. As the predominant ECM component of cartilagi-

nous tissues, collagen provides cell adhesion motifs, biochemical signals, and induce cellular dif-

ferentiation and migration, therefore further promotes cartilage tissue regeneration [335]. Among 

the different types of collagen, type II collagen is primarily found in hyaline cartilage such as ar-

ticular and nasoseptal cartilages, and is often considered the first choice as a cartilage substitute 

[346]. Unfortunately, type II collagen shows unwanted arthritogenic activities [347, 348]. In con-

trast, type I collagen does not elicit adverse immune reaction particularly in the absence of its 

telopeptides and lacks arthritogenic effects [349, 350].  Additionally, owing to its ubiquitous bio-

compatibility and vast clinical approval, type I collagen is used extensively in cartilage tissue en-

gineering [351]. Therefore, in this study, a type I collagen hydrogel was explored as a scaffold to 

tissue engineer nasoseptal cartilagesvia 3D bioprinting. But type I collagen hydrogel cannot sus-

tain the printed structure due to its low viscosity and elastic modulus, and slow gelation time, 

which greatly limits its application in 3D-bioprinting [352]. To circumvent this limitation in the 

absence of potentially toxic chemical crosslinking agents of any to augment collagen hydrogel 

strength [162], we adopted the freeform reversible embedding of suspended hydrogel (FRESH) 
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method [126, 353-355], to 3D bioprint nasal chondrocyte-laden type I collagen hydrogel for na-

sal cartilage tissue engineering for the first time.  

In the FRESH method, cells can be pre-mixed with pH neutral type I collagen hydrogel and the 

desired anatomical structures can be printed and held within a secondary biocompatible gelatin 

support bath at room temperature. As the printed structure is transferred into a 37 °C incubator, 

the pH neutral type I collagen hydrogel undergoes thermo-induced fibril formation while the sec-

ondary gelatin support bath slowly melts at the same time. Then, chondrogenesis is induced in 

vitro by culture of the cell-laden printed structure in cell growth media supplemented with solu-

ble chondrogenic factors. One key advantage of the in vitro cartilage tissue engineering is that 

the chondrogenic outcome is known based on several metrics of cartilage quality assessment be-

fore surgical implantation, making the engineered cartilage tissue surgery-ready [6]. 

In this work, we report a successful in vitro nasal cartilage tissue engineering method via the 

FRESH 3D-bioprinting. In brief, a commercially available type I collagen hydrogel was pre-

mixed with monolayer-expanded human nasoseptal chondrocytes (NCs) to create a NCs-laden 

construct for the bio-fabrication of tissue engineered nasal cartilages. The effect of the addition 

of nasal chondrocytes on the hydrogel’s rheological properties and printability were also investi-

gated. The NCs-laden constructs were 3D printed, cultured in chondrogenic media, and the re-

sulting engineered tissue’s structural integrity was evaluated along with biochemical and molec-

ular assessments.  
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3.2 Material and Methods 

3.2.1 Human-derived Chondrocyte Isolation   

Nasoseptal cartilage specimens were collected upon the approval of the University of Alberta’s 

Health Research Ethics Board - Biomedical Panel (Study ID: Pro00018778). Human nasoseptal 

cartilage specimen was collected from 4 male donors receiving septoplasty or rhinospetoplasty 

procedures (age 23 to 28 years; Table S1). Male donors were the only available clinical speci-

mens at the time of this study. Human nasal chondrocytes (NCs) were isolated enzymatically as 

previously described [64]. The primary NCs were then plated at a density of 104 cells/cm2 and 

cultured in Dulbecco’s Modified Eagle Medium (DMEM, Sigma Aldrich, Canada) supplemented 

with 10 v/v (%) fetal bovine serum (FBS), 1 ng/mL of Transforming growth factor-β1 (TGF-β1) 

and 5 ng/ml of basic fibroblast growth factor (FGF-2) at 37 °C under 5% CO2 and 95% humidi-

fied atmosphere. Passage 2 (P2) cells were used for the bio-printing. The population doubling 

(PD) of the NCs for each donor were determined as PD = log2 (population final /population ini-

tial). The mean cumulative population doublings (CPD) by the end of P2 was 6.11 ± 0.47. 

3.2.2 Chondrocyte-laden Bioink Preparation 

NCs were trypsinized and then resuspended in a defined serum-free DMEM chondrogenic me-

dium comprising of 100 U/mL antibiotics (penicillin and streptomycin), 2 mM L-glutamine, 100 

mM 4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES), 0.1 µM dexamethasone, 0.1 

mM L-Ascorbic acid 2-phosphate and 0.1 mM L-Proline. Subsequently, the cell suspension was 

mixed with bovine type I collagen gel (the bioink) (3.5 wt%, Lifeink® 200, Advanced BioMa-

trix, LOT:5202-1KIT, USA) to make the cell concentration of 1×107 cells/mL.  
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3.2.3 Rheological Characterization of Bioink and Printability Assessment  

NCs-laden collagen bioink were analyzed for their rheological behaviors within 1 hour of prepa-

ration. The viscosities of bioinks were characterized on the rotatory rheometer (AR-G2, TA In-

strument, USA) with a 25 mm parallel-plate geometry, and the shear rate was defined from 0.001 

to 1000 s-1 at 20 ºC. The temperature sweep was conducted between 4 ºC and 45 ºC at a step of 1 

ºC per minute. The strain and frequency were fixed at 1 % and 10 rad/s, respectively, within the 

linear region. The oscillatory frequency sweep was measured from 1 to 100 rad/s frequency at 20 

ºC and 1% strain. The steady state flow sweep data were analyzed using TRIOS software (TA 

Instrument, USA).  

In order to describe the shear thinning behavior, the two-parameter Ostwald de Waele relation-

ship, also known as the Power Law, was used to fit the viscosity (η) versus shear rate (�̇�) curve. 

In the Power Law model, the relation between viscosity and shear rate can be described in the 

following equation: η = K�̇� n-1, and the Power Law relationship between shear stress (σ) and 

shear rate can be described in the equation: σ = K�̇� n, where K is the flow consistency index, and 

n is the flow behavior index [171]. Flow model of power law fluid along the pipe were combined 

mechanical energy balance to predict the extrusion velocity of bioink through the printer nozzle 

and calculate the theoretical shear stress the bioink was subject to. The details of this theoretical 

model are given in the Supplementary material section 3.6.1. 

3.2.4 3D Bioprinting of type I collagen Hydrogel 

The bioprinted constructs were fabricated on a pneumatic microextrusion-based bioprinter 

(INKREDIBLE+, Cellink, Sweden). The geometry and microstructure of the printed constructs 

were predefined in a commercial design software (Slic3r, USA) and the gelatin support bath 
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(Advanced BioMatrix, USA) was prepared according to manufacturer’s instructions. A 20mm x 

20mm x 3mm square block with 30% infill rate, a 16.04 mm x 20 mm x 9.29 mm human nose 

with 50% infill rate, and a 7 mm diameter, 3.5 mm height cylindrical disc with 70% infill rate 

were bioprinted inside the support bath using collagen hydrogel to show the printability of colla-

gen hydrogel using FRESH method.  

To investigate the cartilage formation of the bioprinted constructs after in vitro chondrogenic 

culture, a disc shape was selected as a model, NCs-laden type I collagen hydrogel are bioprinted 

into cylindrical shape (7 mm × 3.5 mm, diameter × height) with infill rate of 70%. After bi-

oprinting, NCs-laden constructs were kept at 37 ºC for 30 minutes, and then placed in a defined 

serum-free chondrogenic medium containing 10 ng/mL TGF-β3 (4 mL/ construct) for 6 weeks 

under normoxia condition (21% O2; 5% CO2 and 95% humidity)[64]. 

3.2.5 Cell Viability Assay of Bioprinted Construct 

 Cell viability studies were conducted using a Live/Dead viability kit (Thermo Fisher Sci-

entific, Canada). Bioprinted cartilages using 22G needle and 20G needle (after 3 days culture) 

were incubated in 1mL of 4 µM calcein AM and 2 µM ethidium homodimer-1 solution at room 

temperature in the dark for 30 minutes. The bioprinted cartilages were viewed under a Nikon 

confocal laser scanning microscope (Leica TCS SP5). The pictures were quantified using Fuji 

Image J software.  
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3.2.6 Structural Integrity and Microstructural Details Evaluation of Bioprinted Con-

struct. 

Scanning electron microscope (SEM, Model S-4800, Hitachi, Japan) was used to analyze the po-

rosity of the bioprinted constructs as well as the NC morphologies in the bioink after 6-weeks of 

in vitro chondrogenic culture. All the reagents and accessories were obtained from Electron Mi-

croscope Science (Pennsylvania, USA). Each construct was fixed in sodium cacodylate trihy-

drate buffer containing 2% (v/v) glutaraldehyde and 2.5% (v/v) paraformaldehyde overnight at 4 

ºC. Subsequently, samples were halved and washed twice with deionized water for 2 min. The 

samples were further fixed with osmium tetroxide and tannic acid prior to SEM observation.  

3.2.7 Evaluations of the Effectiveness of Cartilage Tissue Formation  

3.2.7.1 Sulfated glycosaminoglycan and DNA quantification 

Total glycosaminoglycan (GAG) matrix content of engineered cartilaginous tissue were meas-

ured by 1,9-dimethylmethylene blue (DMMB, Sigma-Aldrich, Canada) assay with chondroitin 

sulfate (Sigma Aldrich, Canada) as the internal standard [356]. The engineered cartilage con-

structs were first rinsed twice with PBS and frozen at -80°C. The constructs were thawed and di-

gested in Proteinase K (1 mg/mL) solution at 56 ˚C for overnight for 16 hours. Subsequently, to-

tal GAG content was evaluated on the V-max kinetic microplate reader (Molecular Devices, 

USA) at the wavelength of 530 nm. The DNA content from the Proteinase K digests was meas-

ured using the CyQUANT Cell Proliferation Assay Kit (Thermo Fisher Scientific). Measure-

ments were taken according to the manufacturer’s instruction. Calf thymus DNA (Sigma-Al-

drich) was used as a standard. Fluorescence emission was measured at 530 nm (excitation 450 
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nm) on a CytoFluor II fluorescence multi-well plate reader (PerSeptive Biosystems). The quan-

tity of GAG then was normalized to total DNA and wet weight.  

The bioprinted engineered cartilaginous tissue were then compared with the 6 native human na-

soseptal cartilage tissue, the average of GAG/DNA and GAG/wet-weight values measured from 

6 male (age 19-28; see Table S2) donors’ native human cartilage tissues served as the controls.  

3.2.7.2 Histological and Immunolabeling  

For histological analysis, samples were fixed in 10% (v/v) neutral buffered formalin at 4°C over-

night and dehydrated through a series of alcohol washes before paraffin wax embedding. The 

embedded samples were sectioned into slices of 7 μm in thickness and deparaffinized by the xy-

lene substitute. For histological assessment, the sliced sections were rehydrated through a graded 

series of ethanol (100%, 96% v/v, 70% v/v and 50% v/v), rinsed in distilled water and stained 

with Meyer’s Hematoxylin, Green FCF, and Safranin-O. The Bern histological scoring of engi-

neered cartilage that accounts for uniformity and intensity of matrix staining, cell density/matrix 

formation, and cellular morphologies was performed by 6 blinded observers [357].  

The protein expression of human types I and II collagen were examined by immunofluorescence. 

In brief, micro-sectioned slices were first de-paraffinized, rehydrated and then subjected to anti-

gen retrieval methods including the use of protease XXV (AP-9006-005 from Thermo Scientific) 

and hyaluronidase (H6254 from Sigma-Aldrich). After the antigen retriever steps, the rabbit anti-

human type I collagen (CL50111AP-1, Cedarlane, Canada) and mouse anti-type II collagen (II-

II6B3, Developmental Studies Hybridoma Bank (DSHB), USA) primary antibodies were used to 

detect types I and II collagen, respectively. The slices were subsequently incubated for 45 

minutes with secondary antibodies; goat anti-rabbit IgG Alexa Fluor 594 (ab150080) and goat 
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anti-mouse IgG Alexa Fluor 488 (ab150117) from Abcam, USA, after initial treatment with the 

primary antibodies before inspection under a fluorescent microscope. In addition, the sectioned 

slices were also stained with 4’,6-diamidino-2’- phenylindole (DAPI, Thermo Fisher Scientific) 

for 20 minutes at room temperature to examine the nuclei of NCs within each sample. Sections 

were mounted with 1:1 Glycerol: PBS and imaged on a Nikon Eclipse Ti-S microscope coupled 

to a DS-U3/Fi2 Color CCD camera using 100x and 200x objective lenses. 

3.2.7.3 Real-time PCR 

Real-time polymerase chain reaction (PCR) was used to analyze chondrogenic and fibrochondro-

genic specific genes (ACAN, COL1A2, COL2A1, SOX9) and chondrocyte hypertrophy-related 

gene (COL10A1) expressions of the engineered cartilage tissue after in vitro chondrogenic cul-

ture for 42 days (6 weeks). The monolayer-expanded NCs devoid of in vitro chondrogenic cul-

ture from the 4 donors served as negative controls, and the native nasoseptal cartilage specimens 

from 6 donors (n=6) served as positive controls. Total RNA was extracted using Trizol (Life 

Technologies, USA) and examined on the Nanodrop One C (Thermo Fisher Scientific). Subse-

quently, the complementary DNA (cDNA) was synthesized from 100 ng of total RNA using 

GoScript, Reverse Transcriptase kit (Promega, USA) and 1 µg of oligo (dT) primer. Quantitative 

PCR was performed using Takyon DNA polymerase and SYBR Green detection (Eurogentec, 

USA) on a CFX connect Real-time PCR detection System (Bio-Rad Laboratories, USA). 

YWHAZ, a constitutively expressed protein, was used as a housekeeping gene in this study. 

YWHAZ presents in cells at relatively consistent level across different tissues and under different 

experimental conditions. Additionally, YWHAZ is not regulated by a variety of signaling path-

ways. The relative gene expressions in this study were calculated using the 2-ΔΔCt method [358, 

359]. Primer sequences were designed using Primer Express 3.0.1 (Thermo Fisher Scientific). 
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Primer sequences for ACAN, COL1A2, COL2A1, COL10A1, SOX9, and YWHAZ are shown in 

Table 3.1. Transcript levels for ACAN, COL1A2, COL2A1, COL10A1 and SOX9 were normal-

ized to the housekeeping genes YWHAZ using the delta delta CT method (2-ΔΔCT)[358, 359].    

Table 3.1 Primer sequences for real-time PCR 

Genes Forward Primer (5′) Reverse Primer (3′) 

Tyrosine 3 

Monooxy-

gen-

ase/Trypto-

phan 5-

Monooxy-

genase Acti-

vation Pro-

tein Zeta 

(YWHAZ) 

TCTGTCTTGTCACCAAC-

CATTCTT 
TCATGCGGCCTTTTTCCA 

Aggrecan 

(ACAN) 

AGGGCGAGTG-

GAATGATGTT 
GGTGGCTGTGCCCTTTTTAC 

type I colla-

gen 

(COL1A2) 

GCTACCCAACTT-

GCCTTCATG 
GCAGTGGTAGGTGATGTTCTGAGA 

type II colla-

gen 

(COL2A1) 

CTGCAAAA-

TAAAATCTCGGTGTTCT 
GGGCATTTGACTCACACCAGT 

SRY-Box 9 

(SOX9) 

CTTTGGTTT-

GTGTTCGTGTTTTG 

AGAGAAA-

GAAAAAGGGAAAGGTAAGTTT 

Collagen X 

(COL1OA1) 

GAAGTTATAATTTACAC-

TGAGGGTTTCAAA 
GAGGCACAGCTTAAAAGTTTTAAACA 

 

3.2.8 Statistics  

The OriginLab Pro 2020 Education Edition (Massachusetts, USA) was used to perform statistical 

analysis. The unpaired two sample t-test was used to analyze the significance level between the 

sample group and control group (p < 0.05). The results are presented as the mean ± standard de-

viation (SD).   
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3.3 Results 

3.3.1 Bioink Characterization and FRESH 3D Bioprinting 

The rheological properties of the commercially available type I collagen hydrogel/ bioink were 

first studied to determine suitable 3D bioprinting parameters. As shown in Figure 3.1A, the 

measured rheological results for the cell free and NCs-laden hydrogels are plotted and fitted by 

Power Law (Power Law constants, K and n are provided in Table 3.2). Figure 3.1A showed that 

the shear thinning behavior of the collagen hydrogel was preserved despite the addition of the 

NCs. Using mechanical energy balance and power law fluid model, the printer needle was suc-

cessfully modeled to allow the prediction of suitable printing parameters (see 3.6.1 supplemen-

tary information). From this model, the pneumatic pressure and nozzle diameter were identified 

to be the determining factors for extrusion velocity and shear stress. Two standard printer needle 

sizes were first evaluated, including a larger needle (20 Gauge; 20G, diameter = 603 μm), and a 

smaller needle (22 Gauge; 22G, diameter = 410 μm). As shown in Figure 3.1B, the predicted ex-

trusion velocity was higher in the NCs-laden hydrogel than the NCs-free hydrogel. In addition, 

the larger needle yielded a higher extrusion velocity than the smaller one under the same pneu-

matic pressure. In Figure 3.1C, the wall shear stress experienced by the filament was found to be 

proportional to the extrusion velocity. Under the same velocity, the NCs -laden hydrogel bioink 

experienced lower wall shear stress than the NCs-free one. Additionally, the wall shear stress 

was slightly higher in the smaller nozzle under the same extrusion velocity. The data above indi-

cated that the larger needle (20G) was more suitable for this application due to lower shear stress 

and higher extrusion velocity. To validate the mathematical model, the theoretical extrusion ve-

locity was compared with experimental measured values using 20G needle and NCs-free colla-

gen hydrogel. The measured extrusion velocity is calculated by measuring the weight of extruded 



 

114 

 

hydrogel (𝑣 =
𝑄

𝐴
). The results showed that the model closely matched the measured results. 

Therefore, the wall shear stress experienced by the cell can be predicted by the model.  

 

Figure 3.1 Printability characteristics of cell-free and cell-laden collagen hydrogel. (A)  Steady state flow 

sweep from shear rate of 0.001 s -1 to 1000 s -1. The dash line represents the linear fit based on 

Power Law model; (B) The theoretical extrusion velocity as well as the measured extrusion veloc-

ity vs. input pressures; (C) The theoretical wall shear stress vs. the extrusion velocity. 

Table 3.2 The Power Law fit of viscosity vs. shear rate curve 

 K n R2 

Cell-free bioink 158.775 0.206 0.999 

Cell-laden bioink 81.233 0.174 0.999 

The changes of storage (G′) and loss (G′′) modulus with temperature are provided in Figure 

3.2A. The storage modulus of NCs-free hydrogel remained constant at approximately 650 Pa 

from 4 ºC to 30 ºC and increased dramatically to 2746 Pa near 40 ºC. Similarly, the storage mod-

ulus curves of NC-laden bioink followed the same pattern; however, the initial and maximum 

storage modulus were much lower in NC-laden bioink comparing to the NCs-free one. In con-

trast, to the collagen hydrogel/ bioink, the G′ of gelatin support bath remained constant up to 30 

°C and decreased afterwards. In addition, both NCs-free and NC-laden hydrogels showed a sharp 

decline in storage modulus when the temperature was further increased above 40 °C. In Figure 

3.2B, the moduli of the collagen hydrogel were closely related to the oscillatory frequency. G’’ is 

initially higher than G’ for NCs-free and NC-laden bioinks, as both storage and loss moduli in-

creased with increasing oscillatory frequency, G′ and G′′ of both bioinks were crossed at the 
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frequency of 100 rad/s, implying that the type I collagen bioink demonstrated “weak-gel” behav-

iors. The results also indicate that the NCs-free collagen bioink showed much higher storage 

modulus than NCs-laden bioink.  

 

Figure 3.2 Rheological characterization of cell-free and cell-laden collagen hydrogel. (A) Oscillatory tem-

perature sweep results of bioinks and gelatin bath at 1 Hz and 1% strain, from 4°C to 45 °C. G’ 

represents the storage modulus and G’’ stands for the loss modulus; (B) The frequency sweep re-

sults of NCs-laden and NCs-free bioinks from 1 rad/s to 100 rad/s at 1% strain and 20 °C. 

Porous constructs were printed by the FRESH method in this study, the gelling and dissolution 

process of the type I collagen hydrogel as well as the gelatin support bath was captured by digital 

camera and depicted in Figure 3.3A. As shown in Figure 3.3A, designed structures were success-

fully bioprinted inside the gelatin bath using the FRESH method. As the temperature increased 

up to 37 °C, the gelatin support bath started to dissolve, and the bioprinted structure maintained 

its integrity after the gelatin support bath melted completely.  

The LIVE/DEAD assay images (with respect to NCs from donor 1) after FRESH bioprinting us-

ing 20G and 22G needle are shown in Figure 3.3B, with a cell viability of 95±1%, and 81±3%, 

respectively. The LIVE/DEAD images from two additional donors are shown in Figure S3.3 and 

Figure S3.4.  Therefore, the 20G needle was chosen for the remainder of the in vitro experiment. 

In the following in vitro cartilage tissue formation experiments, NCs-laden type I collagen hy-

drogel were bioprinted into cylindrical shapes. After 6-weeks of in vitro chondrogenic culture of 

the NC-laden type I collagen hydrogel cylindrical discs, originally of 7 mm in diameter showed 
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only 0.43% (~ 0.03 mm) diameter decrease. The bioprinted discs’ appearance changed from 

semi-transparent to opaque, which perhaps indicates the formation and deposition of cartilagi-

nous matrix by the inherent NCs under in vitro chondrogenic culture (Figure 3.3C).  

 

Figure 3.3 Gross appearance and cell-viability assessment of FRESH structures of (A) 3D model of the 

square block, human nose, and cylindrical disc parts are imported to Slic3r and the previews of the 

sliced parts are displayed. Image of 3D bioprinted structures in gelatin support bath (GSB) 
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captured before incubation. After 30 minutes of incubation, image of the 3D bioprinted structures. 

The support bath was carefully aspirated, and PBS was added.  (B) LIVE/DEAD assay of 20G and 

22G needles, after 3 days of chondrogenic culture. The green color represents the viable cells, red 

color represents the dead cells. (C) Gross morphology of FRESH bioprinted construct before and 

after 6 weeks of culture. 

 

3.3.2 Assessment of Tissue Engineered Nasal Cartilage   

The safranin-O staining results showed that most of NCs exhibited round-shaped chondrocyte 

morphology embedded within the lobules to form round lacuna structures(Figure 3.4). Compar-

ing to the NCs-free constructs, the bioengineered cartilage stained intensely with safranin-O, sig-

nifying strong evidence of cartilage ECM formation and deposition by the NCs. This observation 

indicated that the monolayer-expanded NCs have been successfully re-differentiated into chon-

drocyte phenotype. As shown in Figure 3.4B-E, the safranin-O staining was uniform through the 

entirety of the cross-sections of samples engineered from all 4 donors of NCs, with their intensi-

ties resembling that of the native tissue. Furthermore, a semiquantitative histological scoring of 

engineered cartilage based on Safranin O staining of cartilage ECM, the Bern score ([357]; see 

Supplementary information 3.6.4), was performed by 6 blinded observers (  
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Table S3.3) The histological assessment results showed that the mean total score ± SD of the bi-

oengineered nasal cartilage was statistically indifferent from that of the native tissue (Figure 

3.4M).  

 

Figure 3.4  Safranin O histological assessment of native and bio-printed cartilage quality. The Safranin-O 

staining of NCs-free and NCs-laden constructs and the native cartilage tissue after 6-week in vitro 

culture (A – L); (M) The semi-quantitative analysis of cartilaginous tissue formation based upon 

the Bern Score. (n = 6 blinded individual observers).   Scale bar = 100 µm. 

To quantitatively analyze GAG formation after the 6-week culture, DMMB assay was performed 

to measure the GAG content, and DNA florescent assay was used to measure the DNA content 

for each bioprinted nasal cartilage sample. The GAG per DNA (GAG/DNA),GAG per wet 

weight (GAG/WW) and DNA per wet weight (DNA/WW) of both bioengineered cartilage and 

native tissue are presented in Figure 3.5A, Figure 3.5B, Figure 3.5C, respectively. Both 

GAG/DNA, GAG/WW, and DNA/WW values indicated no significant difference between the 

bioengineered cartilage and the native tissue. Therefore, the above results implied that the GAG 

of the bioengineered cartilage after 6-week culture closely resembled to that of the native tissue 

and the cellularity of the in vitro engineered nasal cartilage is similar to the one of native na-

soseptal cartilage.  
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Figure 3.5 Wet weight and biochemical quantification of cartilage matrix production. The nor-

malized values of GAG quantities between bioprinted scaffolds and the native cartilage 

tissue with respect to the total quantity of DNA (µg/µg) and the total wet weight of speci-

men (µg/mg). The asterisk symbol (*) indicates that values are significantly different at p 

< 0.05. (n = 4 donors for bioprinted scaffolds and 6 for native cartilage tissues) 

The depositions of collagens I and II in the NCs-free constructs, bioprinted cartilage, as well as 

native cartilage tissue were examined by immunofluorescence (IF), as shown in Figure 3.6. The 

NCs-free constructs showed only faint type I collagen (COL1) staining (Figure 3.6G) and no 

type II collagen (COL2) was detected (Figure 3.6A). The bioprinted cartilages for all four donors 

stained for both collagens I and II but with type II collagen being much more evident (Figure 

3.6H-K, Figure 3.6B-E), which exhibited similar IF characteristics as the native tissue (Figure 

3.6F, I, R).  
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Figure 3.6 Type I and II collagen immunofluorescence of native and bio-printed cartilage. The 

immunofluorescence results of NCs-free, NCs-laden constructs and the native cartilage 

tissue after 6-week in vitro culture.  The blue color from DAPI staining indicates cell nu-

clei, the red and green colors represent the presence of type I and type II collagens, respec-

tively. Scale bar = 100 µm. 

The SEM images of the cell free and NC-laden bioinks after 6 weeks of in vitro culture in chon-

drogenic media are depicted in Figure 3.7. Figure 3.7A and Figure 3.7B depict the surface SEM 

view of the cell free bionk’s interwoven connectivity of collagen fibrils with variable spatial po-

rous structures, while its cross-sectional SEM view in Figure 3.7C and Figure 3.7D display the 

3D inter-connectivity of the fibrils alongside the spatial variable porous structure. In contrast, the 

SEM surface view of the NC-laden bioink displays large bundles of intercrossing collagen fibrils 

over round-shaped NCs and with little evidence of microporous structures within (Figure 3.7E 

and Figure 3.7F). Similarly, the cross-sectional SEM view of the NC-laden after the 6 weeks of 
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in vitro culture, revealed round chondrocyte-like morphology of NCs within small and large col-

lagen fibril diameter connectivity with microporous implying the formation of extracellular ma-

trix (ECM) after 6-week in vitro culture.   

 

Figure 3.7 Ultrastructural characterization of bio-printed of cell-free and cell-laden collagen hydrogel.  

The microstructures of NCs-free (A-D) and NCs-laden (E-H) constructs after 6-week in vitro cul-

ture taken by SEM; (A, B, E & F) show the microstructure on the construct surface and (C, D, G & 

H) show the cross-section of the construct. Scale bar = 5 µm. 

The fold changes of chondrogenesis-related (ACAN, COL1A2, COL2A1 and SOX9) and hyper-

trophic chondrogenesis-associated gene (COL10A1) and their significant levels are depicted in 

Figure 3.8. In Figure 3.8A, all genes were significantly upregulated (≥ 2-fold change; p < 0.05) 

in the NCs-laden group as compared to the non-chondrogenically stimulated NCs monolayer 

control. However, the comparison of the NC-laden bionk after the 6 weeks of in vitro culture in 

chondrogenic media revealed a significant upregulation of COL1A2, COL2A1, and COL10A1 

with the exception of SOX9 and ACAN which were downregulated and unchanged, respectively, 

relative to the native cartilage control group (Figure 3.8B).  
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Figure 3.8 Molecular gene expression characteristics of native and bio-printed cartilage. (A) The fold 

changes of genes expressed in the bioengineered cartilage scaffold of 6-week in vitro culture as 

compared to the monolayer of NCs; (B) The fold changes of genes expressed in the bioengineered 

cartilage scaffold of 6-week in vitro culture as compared to the native cartilage tissue. Genes with 

fold changes increased by 2-fold or reduced by one-half are defined as significant upregulated or 

downregulated, respectively. (p < 0.05) 

3.4 Discussion 

In this present work, we report a novel method to biofabricate tissue engineered nasal cartilage 

with uniformly deposited cartilage ECM from in vitro expanded NCs-laden type I collagen hy-

drogel relative to nonuniformly distributed cartilage ECM in engineered nasal cartilage from 

NCs seeded porous collagen membrane scaffolds [360, 361].  

In the steady-state flow sweep test (Figure 3.1A), both NCs-free and NCs-laden hydrogels 

showed shear-thinning properties which may be attributed to the break-down of hydrogen bond-

ing between collagen molecules [362].  Based on the steady-state flow sweep result, we found 

that the presence of NCs in the hydrogel reduced the zero-shear viscosity, and enhanced shear-

thinning effect. The decreased zero-shear viscosity may have resulted from the dilution of the 

collagen concentration by culture media. The increased shear thinning behavior may have been 

caused by the incorporation of the NCs, and thereby causing the disassembly of interconnected 

collagen fibril network at high shear rate.   
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Moreover, the temperature sweep results (Figure 3.2A) indicated that the collagen molecules 

were able to form collagen fibrils in both NCs-free and NCs-laden hydrogels [363]. However, 

when the temperature was above 40 °C, the denaturation of collagen occurred, and the storage 

modulus (G′) reduced dramatically, implying that the hydrogel became viscous. The tempera-

ture-dependent viscoelastic behavior of collagen is attributed to the transition of the molecular 

arrangement of collagen triple helices [364, 365]. The collagen triple helices are in a random 

rod-like conformation at 10 °C in a dilute solution. This conformation starts to change when the 

temperature rises above 15 °C, and the formation of collagen fibrils [366] can be observed. With 

the temperature further increased above the physiological temperature (~37 °C), weak intermo-

lecular bonding that holds collagen triple helices intact will be broken up, and individual colla-

gen molecules exhibit the random coil conformation. Therefore, based on the type I collagen hy-

drogel’s rheological characteristics, the optimal temperature window for 3D bioprinting should 

be between 4 ~ 28 °C.  

A successful 3D bioprinted structure depends on the printability of bioink and, more importantly, 

the cell viability after printing. Sometimes, these two requirements are competing. A recent study 

[367], reported that controlling shear stress in 3D bioprinting process is a key factor to balance 

printing resolution and cell integrity. In this study, we characterized the rheological properties of 

the used collagen hydrogel in the presence and absence of NCs, then fitted it with the power law 

fluid model, and predicted the extrusion velocity and wall shear stress of these bioinks based on 

the mechanical energy balance and power law fluid equations.  

A LIVE/DEAD assay was performed to further investigate the effect of shear stress on cell via-

bility of the bioprinted construct using 20G and 22G needles. A relatively low printing speed 

(10mm/s) was selected as an input parameter, based on the fluid model, printing pressure of 30 
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kPa and 50kPa were used for 20G and 22G needle respectively, the cell viability result of 20G 

needle (95±1%) is significant higher than the cell viability results of 22G needle (81±3%), which 

further confirmed that the shear stress in 3D bioprinting process effect the cell viability.  Due to 

the higher cell viability of the 20G needle, the 20G needle was chosen for the following in vitro 

experiment. 

Comparing to our group’s previous work, the bioprinted engineered nasal cartilage not only gen-

erated homogeneous distribution of cartilaginous tissue but also produced similar quantity of 

GAG matrix to native cartilage tissue (male, 39.87 ± 9.86 µg/mg in bioengineered cartilage vs. 

46.62 ± 7.28 µg/mg of native nasal cartilage)[361]. The upregulated expression of ACAN, 

COL1A2, COL2A1, SOX9 and COL10A1 along with collagens I and II detection within the bio-

printed engineered nasal cartilage after in vitro chondrogenic culture confirmed the redifferentia-

tion of the dedifferentiated monolayer-expanded NCs and synthesis of nasal cartilage ECM. The 

ACAN, COL1A2, COL2A1, SOX9 and COL10A1 genes have been reported to be expressed and 

translated in engineered nasal cartilage from monolayer-expanded dedifferentiated NCs after in 

vitro chondrogenesis [361].  Moreover, the expression of these genes in the bio-printed engi-

neered nasal with respect to their expression in native nasal cartilage confirmed the chondrogenic 

redifferentiation of the monolayer-expanded NCs to a phenotype that is characteristic of primary 

nasal chondrocytes. However, the notable upregulation of COL1A2, COL2A1 and COL10A1, and 

downregulation of SOX9 in the bio-printed engineered nasal cartilage relative to their expression 

in the native cartilage suggests that the performed in vitro chondrogenesis protocol and accompa-

nying culture conditions may not have been optimal for chondrogenic redifferentiation. The criti-

cal role of SOX9 in chondrogenesis as reported by several investigators [368-370] and its low-

ered expression in the bioprinted engineered nasal cartilage supports the suboptimal process of in 
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vitro chondrogenesis. Moreover, the expression of COL10A1, a marker of hypertrophic chondro-

cytes during endochondral ossification [371] also supports this view. It is probable that optimal 

cartilage formation may be achieved through transduction of SOX9 [372] or through a combined 

transduction of the SOX trio; SOX5, SOX6 and SOX9, which have been reported to form perma-

nent cartilage [373].  Inclusion of parathyroid hormone-related protein (PTHrP) during in vitro 

chondrogenesis to suppress COL10A1 may further enhance non-hypertrophic cartilage formation 

[374, 375]. While the induction of COL10A1 in the bioprinted engineered cartilage may suggest 

the potential risk of bone-like tissue transformation after in vivo implantation as per the correla-

tion of premature induction of chondrocyte hypertrophy markers with endochondral ossification 

[371], our previous work with in vitro expanded NCs on collagen membrane and with similar in-

duction of COL10A1 lacked evidence of such transformation after a 5-week subcutaneous im-

plantation in immunodeficient nude [361]. 

For a successful mimic of native tissue, the microstructural resemblance is as important as the 

compositional similarity. Further analysis by SEM showed the ultrastructure of the engineered 

nasal cartilage particularly at high magnifications were consistent with high magnification im-

ages of native human nasoseptal cartilage reported by Holden et al [376]. Comparison of our data 

at a magnification of 2000x (Figure 3.7E, Figure 3.7G) as similarly reported by Holden et al re-

vealed random thick collagen fibrils arranged linearly around lacunae as in native nasoseptal car-

tilage. Based upon the above observation from SEM and histology, our bioengineered nasal car-

tilage demonstrated a very close structural resemblance to native nasal cartilage. However, it is 

unclear how immature or mature the bioengineered nasal cartilage is as the degree of maturity 

has implications on how readily it will or otherwise integrate with surrounding tissue[377]. Fur-

ther studies are therefore merited to determine the maturity of the bioengineered tissue. 
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Moreover, while the focus of our study is to replace nasal cartilage in skin cancer patients with 

lesions on their noses, it is noteworthy that bioengineered nasal cartilage as fabricated herein has 

utility in joint articular cartilage reconstruction[378, 379]. 

3.5 Conclusions        

We have successfully used FRESH bioprinting method to generate engineered nasoseptal carti-

lage tissue with molecular, biochemical, histological and ultrastructural characteristics of native 

nasoseptal cartilage after a 6-week in vitro culture period. These results warrant future mechani-

cal characterization and animal studies in which the bioprinted engineered nasal cartilage will be 

tested for flexural properties, implanted and their in vivo effectiveness as nasal cartilage substi-

tutes will be further investigated.  To this end, the combination of human nasoseptal chondro-

cytes with type I collagen hydrogel for FRESH-inspired bioprinting of engineered nasal cartilage 

is a promising strategy to explore further for the provision of autologous nasal cartilages for na-

sal cartilage reconstructive surgeries. 
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3.6 Supplementary material 

3.6.1 Fluid Dynamic Modelling of Bioprinter 

The fluid dynamic modeling of a micro-extrusion bioprinter was achieved by performing 

mechanical energy balance on a printer-head. The pressure loss in cartridge is assumed to be 

negligible. The geometry of the printer head is simplified to a pipe-flow with three sections: (1,2) 

syringe, and (3) needle, as shown in Figure S3.1. 

 

Figure S3.1 Schematic illustration of a printer head divided into four sections. 

The two-printing needle were used for mathematical calculations are shown in Figure S3.2.  
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Figure S3.2 Needle tip geometries, Pink 20G, Blue 22G 

Unsteady Bernoulli Equation for the pipe flow can be written as: 

 ∫ 𝜌
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The flow in each section can be described by Unsteady-Bernoulli-Equation as follows: 
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where ℎ3 and  𝑝3 is the outlet height and pressure with can be assume to 0. Then, combine 

Equation 2 to 4: 
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From continuity law (mass balance): 
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By applying mass balance to the system, 
𝜕𝑣3

𝜕𝑡
 can be expressed as: 
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The pressure drops across the syringe (∆𝑝1, ∆𝑝2, ∆𝑝3) can be predicted using Power Law fluid 

loss along a pipe [171]: 
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𝐷𝑛+1   (10) 

Combine Equation 9 and 10:  

 
𝜕𝑣3

𝜕𝑡
=

1

𝜌𝐴3(
𝐿1
𝐴1

+
𝐿2
𝐴2

+
𝐿3
𝐴3

)
[𝑝0 + 𝜌𝑔ℎ0 +

1

2
(

𝐴3

𝐴0
)

2

𝜌𝑣3
2 −

1

2
𝜌𝑣3

2 − (
2𝑛+2(

3𝑛+1

𝑛
)

𝑛

 
𝐿1𝐾(

𝐴3
𝐴1

𝑣3)
𝑛

𝐷1
𝑛+1 +

2𝑛+2(
3𝑛+1

𝑛
)

𝑛

 
𝐿2𝐾(

𝐴3
𝐴2

𝑣3)
𝑛

𝐷2
𝑛+1 +

2𝑛+2(
3𝑛+1

𝑛
)

𝑛

 
𝐿3𝐾𝑣3

𝑛

𝐷3
𝑛+1 ]  (11) 

Assuming an input pressures 𝑝0, the steady-state extrusion velocity can be obtained by plot-

ting Equation 14. By assuming varies input pressures, the extrusion velocity of the bioink can be 

plotted as Figure 3.1c. Then, using the steady-state extrusion velocity, the maximum shear stress 

at the printer nozzle can be calculated through Power Law model using the equation below: 

 𝜏𝑤 = −
1

2
 𝑅

𝑑𝑝

𝑑𝑧
=

1

2
 𝑅 [
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𝑛
)

𝑛

 
𝐾𝑣3

𝑛

𝐷3
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3.6.2 LIVE/DEAD results 

 

Figure S3.3 LIVE/DEAD images for bioprinted structures using 20G needle. NCs from: (a) donor 2 (age 

26 years); (b) donor 3 (age 23 years); and (c) donor 1 (age 28 years). 

 

Figure S3.4  LIVE/DEAD images for bioprinted structures using 22G needle. NCs from: (a) do-

nor 2 (age 26 years); (b) donor 3 (age 23 years); and (c) donor 1 (age 28 years). 

3.6.3 Donor Information  

Donor information of tissue engineered cartilage is shown in Table S3.1 . Donor information for 

the native cartilage control is shown in  

Table S3.2 
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Table S3.1 Donor information for bioprinted cartilage 

Donor Biological sex Age Medical history Days in P1 Days in P2 

 

1 
 

Male 
 

28 
 

Deviated septum, hypertrophied turbinate 
 

5 
 

4 

 

2 
 

Male 
 

26 
 

Deviated septum, hypertrophied turbinate 
 

5 
 

4 

 

3 
 

Male 
 

23 
 

Unknown 
 

6 
 

4 

 

4 
 

Male 
 

28 
 

Nasal obstruction 
 

6 
 

4 

 

Table S3.2 Donor information for native nasal septal cartilage as positive controls 

Donor Biological sex Age Medical history 

1 Male 29 Nasal obstruction 

2 Male 26 Nasal obstruction 

3 Male 18 Unknown 

4 Male 28 Right chronic rhinosinusitis 

5 Male 22 Deviated nasal septum 

6 Male 19 Deviated nasal septum 

3.6.4 Bern score – a semi-quantitative scale to evaluate neocartilage 

 Bern Score is a semi-quantitative scaling method to evaluate the Safranin O-Fast green 

stained neocartilage[357]. The Bern score was evaluated by 7 blinded observers: 2 trained lab 

technicians, 3 PhD trainees, 1 postdoc trainee, and 1 professor, all working in orthopedic basic 

research lab) are shown in Supplementary Table S3.  
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Table S3.3 Bern scores from 6 blinded observers 

  Donor Uniformity 

and Dark-

ness of Saf-

ranin O-fast 

green stain-

ing 

Distance be-

tween cells of 

matrix accumu-

lation 

Cell morphol-

ogy repre-

sented 

Total Score 

Observer 1 Donor 1 3 3 3 9 

Donor 2 3 3 3 9 

Donor 3 3 3 3 9 

Donor 4 3 3 3 9 

Native Tissue 3 3 3 9 

Observer 2 Donor 1 3 3 3 9 

Donor 2 3 3 3 9 

Donor 3 3 3 3 9 

Donor 4 2.5 3 2.5 8 

Native Tissue 3 3 3 9 

Observer 3 Donor 1 3 3 3 9 

Donor 2 3 2.5 2.5 8 

Donor 3 3 3 3 9 

Donor 4 2.5 2.5 2.5 7.5 

Native Tissue 3 3 3 9 

Observer 4 Donor 1 3 3 3 9 

Donor 2 3 2.5 3 8.5 

Donor 3 3 3 3 9 

Donor 4 3 3 3 9 

Native Tissue 3 3 3 9 

Observer 5 Donor 1 3 3 3 9 

Donor 2 3 3 3 9 

Donor 3 3 3 3 9 

Donor 4 3 3 2.5 8.5 

Native Tissue 3 3 3 9 

Observer 6 Donor 1 3 3 3 9 

Donor 2 3 3 3 9 

Donor 3 3 3 3 9 

Donor 4 3 3 3 9 

Native Tissue 3 3 3 9 

 



 

133 

 

CHAPTER 4. In vitro maturation and in vivo stability of bi-

oprinted human nasal cartilage  

 

Contributing authors: Xiaoyi Lan, Yan Liang, Margaret Vyhlidal, Esra J.N. Erkut, Melanie 

Kunze, Aillette Mulet-Sierra, Martin Osswald, Khalid Ansari, Hadi Seikaly, Yaman Boluk, 

Adetola B. Adesida 

Chapter 4 has been published in parts as: Xiaoyi Lan, Yan Liang, Margaret Vyhlidal, Esra JN Er-

kut, Melanie Kunze, Aillette Mulet‐Sierra, Martin Osswald, Khalid Ansari, Hadi Seikaly, Yaman 

Boluk, and Adetola B Adesida, “In vitro maturation and in vivo stability of bioprinted human na-

sal cartilage” Journal of Tissue Engineering, vol.13, p.20417314221086368, 2022. 
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4.1  Introduction 

Non-melanoma skin cancers (NMSCs), including basal cell carcinoma (BCC) and squamous cell 

carcinoma (SCC), are the most frequent malignant skin cancers in the Caucasian population[380, 

381]. Since 1960, it has been reported that there has been a 3-8% yearly increase in the incidence 

of NMSCs worldwide[380]. In the USA, it’s estimated that the incidence of NMSCs is more than 

1,000,000 cases per year[380]. Among the NMSCs cases, roughly 36% include the nasal alar 

lobule, which accounts for the highest regional frequency[6]. Therefore, it is  not uncommon for 

the fibromuscular tissue around the alar lobule and nasal septal cartilage to be removed during 

tumor resection to establish clear margins[6]. After the tumor resection, nasal reconstructive sur-

gery is usually necessary for restoring structural support and facial aesthetic[6, 322, 323, 382]. In 

particular, the critical structural support restoration step during nasal reconstruction is currently 

achieved by inserting an allogeneic, synthetic, or autologous cartilage graft[6]. Despite being 

clinically used; these materials have shown drawbacks that are yet to be resolved.  

Allogeneic grafts are decellularized specimens that have been harvested from live or cadaveric 

donors. These grafts appear attractive since they are biocompatible and theoretically non-immu-

nogenic[383]. However, the main drawback of allogeneic grafts is their high resorption rates. It 

was found that allogeneic costal cartilage grafts experienced a resorption rate of 31%[384] com-

pared to 3% in the autologous tissue[385]. Synthetic grafts have also been explored due to their 

low immunogenicity and lack of donor-site morbidity. Materials that commonly have been used 

include silicon, porous high-density polyethylene (MedPor), or expanded polytetrafluoroethylene 

(Gore-tex)[386]. The drawbacks of synthetic materials, however, include infection, resorption, 

dislocation, and extrusion. For instance, the infection rate that has been associated with silicone, 

MedPor, and Gore-tex grafts are 3.9%, 20%, and 5.3% respectively[386]. Autologous grafts are 
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currently the golden standard used in nasal reconstructive surgery due to the absence of immuno-

genicity[6]. However, due to a lack of septal cartilage, sourcing cartilage from other body parts 

such as the ear and ribs, is common. Extracting cartilage from other areas presents the issue of 

donor-site morbidity. Also, some extracted tissues are considered to have inferior handling quali-

ties and present the issue of warping (such as with costal cartilage)[387]. 

More recently, cell-based engineered cartilage grafts have shown the potential to overcome these 

drawbacks associated with the use of conventional cartilage grafts[3, 6]. Previous studies have 

shown that dedifferentiated NCs are a promising cell source with a redifferentiation capacity to 

generate hyaline-like cartilages[6, 23, 64, 388-390]. A large number of autologous NCs can be 

generated from a small cartilage biopsy taken from the nasal septum by expanding the cells in 

the presence of specific growth factors and autologous serum[3, 6]. Together with appropriate 

biomaterials, biochemical factors, and mechanical stimuli, it is possible to achieve cellular differ-

entiation and thus, cartilage graft generation that can be subsequently implanted without an im-

mune reaction[3, 6]. The first human trial implementations of engineered cartilage from NCs us-

ing the clinically approved collagen scaffold, Chondro-Gide, have already been successfully 

demonstrated[6]. However, despite these early successes, there are still some prominent draw-

backs associated with the use of engineered constructs, such as the limited shapes of commer-

cially available scaffolds and the inhomogeneous distribution of NCs during manual dispersion 

of NCs.  

Three-dimensional (3D) bioprinting approaches allow a rapid additive fabrication of patient spe-

cific, anatomically, or surgical ready shaped engineered functional tissue by cooperate tissue en-

gineering technique[79, 80]. Through computer aided design (CAD) tools, the 3D bioprinting 

process enables the precise dispensation of the  hydrogels and living cells (known as bioink) 
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from a movable printing head into a biomimetic scaffold with homogeneous cell distribution[83, 

332]. Bioink can be considered one of the most important aspects of the bioprinting process since 

an ideal bioink should satisfy both cell compatibility for tissue regeneration and printability to 

support the printing process.  In 3D bioprinting of nasal cartilage, bioinks that are successfully 

used in 3D bioprinting application include natural polymers such as collagen[215], gelatin[391], 

alginate[130], cellulose[146, 149, 264, 392], agarose[393].  

To this date, the results from recent research did not provide enough in vivo evidence that cus-

tomized 3D bioprinted engineered nasal cartilage could achieve similar clinical promises to that 

of the commercial Chondro-Gide scaffold[146, 389, 392]. In the work of Yi et al., a 3D-printed 

PCL scaffold using human adipose stem cell-laden cartilage-derived hydrogels, was implanted 

subcutaneously in a nude mice model[389]. Unfortunately, the in vivo stability of the constructs, 

including calcification, vascularization, and bone formation, were not studied. Gatenholm’s 

group utilized cellulose-based hydrogels with NCs to bioprint neocartilages which were im-

planted in a mice model[146, 392, 394]. Yet, the quantitative biochemical and biomechanical 

data, and in vivo stability were not reported in this study.  

In our previous study, we successfully generated engineered nasal septal cartilage using type I 

collagen hydrogel via the freeform reversible embedding of suspended hydrogels (FRESH) bi-

oprinting method, where the in vitro biochemical results highly resembled that of native tis-

sue[215]. To further support its potential for clinical application and formation of patient-specific 

surgical - ready shapes, the mechanical characterization and in vivo stability of the engineered 

nasal cartilage substitutes is needed. Herein, we first demonstrated the ability to 3D bioprint pa-

tient-specific lower lateral cartilage from Computed tomography (CT) scans. We then investi-

gated the effects of chondrogenic culture on the biochemical and mechanical properties of 
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bioprinted constructs of NCs in vitro and in vivo in nude mice. Engineered nasal cartilage from 

NCs seeded on clinically approved type I/III collagen membrane scaffolds (Chondro-Gide) 

served as a control. 

4.2 Materials and Methods 

4.2.1 Ethics 

Human nasal septal cartilage specimens were collected from surgical discards of patients under-

going nasal reconstructive surgeries with the approval of the University of Alberta’s health re-

search ethics board – biomedical panel (Study ID: Pro00018778).  The animal research work was 

conducted and approved in accordance with the protocol approved by the University of Alberta 

Animal Care User Committee (Study ID: AUP00001363). 

4.2.2 Human nasal chondrocyte isolation 

Human nasal septal cartilage specimens were collected from 6 male donors undergoing septo-

plasty or rhinoplasty. Donors ranged from 21 to 48 years old with a mean ± standard deviation 

(SD) of 32.83 ± 10.49 years (refer to Table 4.1 for donor information).  The isolation and expan-

sion of NCs were performed as previously described[395]. In brief, nasal cartilage specimens 

were digested with 0.15% (w/v) collagenase II solution (300 units/mg) for 22 hours at 37°C in an 

incubating shaker.  NCs were then harvested and plated at a density of 104 cells/cm2 and cultured 

in a standard medium: Dulbecco’s Modified Eagle Medium (DMEM) supplemented with 10% 

(v/v) FBS, 1 ng/ml of transforming growth factor beta 1 (TGF-β1), and 5 ng/ml of fibroblast 

growth factor 2 (FGF-2) in a normoxic humidified incubator (21% O2, 5% CO2). The media was 

changed twice per week. The gross morphology of the nasal chondrocytes during the monolayer 
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expansion are shown in Figure S4.1.  Passage 2 (P2) cells were used for bioprinting. The popula-

tion doubling (PD) of NCs for each donor were calculated by the equation: PD = log2 (population 

final /population initial) for each passage. The cumulative PD (CPD) is the sum of PD at passage 1 

and passage 2. The CPD reflects the total number of times primary NCs from the donors have 

doubled.  The CPD and CPD/day for each donor is provided in Table S4.1.  

Table 4.1. Donors Information 

Do-

nor 

Bio-

logical 

Sex 

Age Medical History 

In vivo Implan-

tation 

1 Male 21 Asthma Yes 

2 Male 25 Deviated Septum No 

3 Male 30 N/A Yes 

4 Male 30 Deviated Septum No 

5 Male 43 Deviated Septum No 

6 Male 48 N/A Yes 

 

4.2.3 Nasal chondrocyte-laden bioink preparation 

NCs were trypsinized and resuspended in a defined serum-free chondrogenic media (SFM) com-

posed of DMEM, 100 U/ml penicillin and streptomycin with 2 mM L-glutamine (Life Technolo-

gies, all), 100 mM HEPES, insulin-transferrin-selenium (ITS) +1, 0.1 µM dexamethasone, 0.1 

mM ascorbic acid 2-phosphate and 0.1 mM L-proline at a concentration of 0.875x107 cells/ml. 

The cell suspension was diluted in a 1:10 ratio with type I collagen gel (3.5wt%, Lifeink 200, 
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Advanced Biomatrix, LOT: 5202-1KIT, USA) to create a final concentration of 8.75x106 

cells/ml. The resulting cell-laden bioink is a neutralized type I collagen solution that is thermo-

responsive and can polymerize at 37 ºC. 

4.2.4 3D bioprinting of type I collagen hydrogels and cell seeding of Chondro-Gide scaf-

folds 

The bioink is then used to fabricate patient-specific lower lateral nasal cartilage shapes, using a 

micro-extrusion base bioprinter INKREDIBLE+ (CELLINK, Sweden). The sterile gelatin sup-

port bath (LifeSupport, Advanced Biomatrix, USA) was prepared according to the manufac-

turer’s instructions. The filaments and the microstructures of the printed constructs were pre-de-

fined in a 3D bioprinting software (Slic3r, USA). A CT-scanned patient-specific right lower lat-

eral nasal cartilage with 90% infill rate, was first bioprinted inside support bath using type I col-

lagen bioink, to show the printability of autologous cartilage. In order to compare the mechanical 

and in vivo behaviors of the bioprinted constructs with the cell-seeded clinically approved 

Chondro-Gide scaffolds, the collagen bioink was the bioprinted into a strip shape with a dimen-

sion of 25 mm length * 6 mm width * 2 mm height (same dimensions as Chondro-Gide). These 

3D bioprinted cell-laden strip shaped constructs were then cultured in serum-free chondrogenic 

medium (4 ml per construct and changed twice per week) in normoxia for 3, 6, and 9 weeks.  

Clinically approved type I/III collagen membrane scaffolds (Chondro-Gide, Geistlich Pharma, 

Wolhusen, Switzerland) served as the control group. Chondro-Gide scaffolds (25mm (length) x 

6mm (width) x 2 mm (thickness)) were cut with scalpels from the same lot to control the lot-to-

lot variability. 2.625 million NCs were seeded onto the porous side of the scaffolds (same cell 
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number as bioprinted scaffold) and then cultured in 4ml of defined serum-free chondrogenic me-

dium with TGF-β3. The schematic experimental setup is shown in Figure 4.1. 

 

Figure 4.1. Schematic diagram of experimental design 

 

4.2.5 Culture condition 

4.2.5.1 In vitro culture condition 

Both 3D bioprinted type I collagen hydrogel constructs and Chondro-Gide scaffolds (control 

group) were cultured in normoxic humidified incubators. Media changes were performed twice a 
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week (5mL per change). To provide sufficient time for the constructs and scaffolds to develop 

mechanical strength before in vivo culture, three culture periods were first evaluated, including 3 

weeks, 6 weeks, and 9 weeks. Only the constructs and scaffolds cultured from one of the selected 

periods, which showed best mechanical strength and chondrogenic phenotype, were then sub-

jected to further in vivo study.  

4.2.5.2 In vivo culture condition 

To study the in vivo behavior of engineered nasal cartilage, the in vitro cultured bioprinted type I 

collagen hydrogel constructs and Chondro-Gide scaffolds were divided into two experimental 

groups (n=3, three donors). Experimental group I involved five additional weeks of in vivo cul-

ture after being implanted subcutaneously in nude mice, whereas experimental group II involved 

five additional weeks of in vitro culture in chondrogenic media to serve as a comparison group. 

For experimental group I, the in vitro cultured constructs and scaffold was first cut into smaller 

sizes to reduce the size of the implants. Then in vitro cultured constructs and scaffolds were im-

planted into the back of athymic CD-1 nude mice (n=7, seven mice, six-week-old, Charles River, 

Wilmington, USA) as previously described[64]. Each mouse received a pair of in vitro cultured 

bioprinted construct and Chondro-Gide scaffold, and the engineered cartilage from same experi-

mental group were implanted in different mice. Six nude mice were implanted with the engi-

neered nasal cartilages, with a total of 6 bioprinted constructs and 6 Chondro-Gide scaffolds. 

One additional mouse served as a control and received empty scaffolds (cultured bioprinted con-

struct and Chondro-Gide scaffold without cells). Two small caudal subcutaneous incisions (4-5 

mm) were dissected on the skin of each mouse. The constructs and scaffolds were then implanted 

in the subcutaneous pockets. Incisions were closed with suture and cyanoacrylate tissue 
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adhesive. No post-surgical complications were observed. Five weeks following the implantation, 

the mice were euthanized by CO2 inhalation, and the constructs and scaffolds were macroscopi-

cally dissected from the murine subcutaneous tissues. Gross morphology pictures were taken be-

fore and after implantation. 

4.2.6 Live/Dead Assay 

Cell viability analysis was conducted using a live/dead viability kit (ThermoFisher, USA). The in 

vitro cultured constructs and scaffolds from 3 donors (at day 0, 3 weeks, 6 weeks, and 9 weeks of 

culture) were incubated in 1 ml of 4 µM Calcein AM and 1 ml of 2 µM ethidium homodimer-1 

solution at room temperature in the dark for 30 minutes. They were then examined under a Ni-

kon con-focal laser scanning microscope (Leica TCS SP5, German). The cell viability was quan-

tified using Fuji Image J software. 

4.2.7 Evaluation of cartilage formation 

4.2.7.1 Sulfated glycosaminoglycans per DNA quantification  

To measure the glycosaminoglycan (GAG) matrix content and the DNA content of the in vitro 

cultured engineered cartilages, the bioprinted constructs and Chondro-Gide scaffolds were 

weighed, cut into smaller pieces, and rinsed twice with Phosphate Buffered Saline (PBS), and 

then frozen at -80 °C. They were then thawed and digested in Proteinase K solution (1 mg/ml) at 

56 °C overnight for 16 hours. 

The GAG matrix content of the engineered cartilages was measured by a 1,9-dimethylmethylene 

blue (DMMB, Sigma Aldrich, Canada) assay with chondroitin sulfate (Sigma Aldrich, Canada) 
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used as the internal standard[396].  The GAG contents were evaluated on the V-max kinetic mi-

croplate reader (Molecular Devices, USA) at a wavelength of 530 nm.  

The DNA contents were measured using the CyQUANT Cell Proliferation Assay Kit (Thermo 

Fisher). Calf thymus DNA (Sigma) was used as the standard. Fluorescence emission was meas-

ured at 580 nm (excitation 450 nm). The DNA contents were measured on a CytoFluor II fluo-

rescence multi-well plate reader (PerSeptive Biosystems). 

The quantity of GAG was then normalized to the total DNA content and wet weight of each en-

gineered cartilage for the 6 donors. 

4.2.7.2 Histology and Immunofluorescence 

For both in vitro and in vivo engineered cartilages, the samples were fixed in 10% (v/v) neutral 

buffered formalin at 4°C overnight, dehydrated through a series of alcohol washes, and then em-

bedded in paraffin wax. The embedded samples were sectioned into 5 um thick slices and depar-

affinized by xylene substitute. The sliced sections were rehydrated through a graded series of 

ethanol (100%, 96%, 70% and 50% (v/v)), and rinsed in distilled water. Then, the prepared sam-

ples were evaluated for histology staining including Safranin-O/Fast Green, Masson Trichrome, 

and Alizarin Red, as well as immunofluorescence stains including type I and II collagen, type X 

collagen, CD31, Bone Sialoprotein (BSP), and F4/80 (BM8). Imaging was carried out using Ni-

kon Eclipse Ti-S microscope coupled to a DS-U3/Fi2 Color CCD camera using 100x objective 

lenses. 

For Safranin-O/Fast Green assessment, the prepared samples were stained with Meyer’s Hema-

toxylin, Green FCF, and Safranin-O. For Masson Trichrome assessment (NovaUltra™ Masson 
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Trichrome Stain Kit, USA.), the samples were stained with Weigert’s Iron Hematoxylin, Bie-

brich Scarlet-Acid Fuchsin, phosphomolybdic-phosphotungstic acid, aniline blue, and acetic acid 

solutions. For Alizarin red assessment, the samples were immersed in 2% (w/v), pH 4.1-4.3 Aliz-

arin red (Sigma-Aldrich, Canada) solution for 2.5 minutes. After each of the histology staining, 

the stained slides were rinsed with distilled water and then dehydrated again with ethanol (95% 

(v/v) and 100%). The slides were mounted with mounting media (Richard-Allan Scientific, 

Thermo Scientific) to prepare for imaging.  

Type I and II collagen protein expressions were examined by immunofluorescence. The slides 

were first de-paraffinized, rehydrated and then subjected to antigen retrieval methods including 

the use of protease XXV (AP-9006-005 from Thermo Scientific) and hyaluronidase (H6254 from 

Sigma-Aldrich). After antigen retrieval, slides were incubated with rabbit anti-type I collagen 

(CL50111AP-1, Cedarlane, Canada) and mouse anti-type II collagen, both primary antibodies 

are diluted in 1:200 ratio (II-II6B3, Developmental Studies Hydroma Band, USA.) overnight to 

allow for type I and II collagen bindings, respectively. Secondary antibodies (goat anti-rabbit 

IgG Alexa Fluor 594, ab150080; goat anti-mouse IgG Alexa Fluor 488, ab150117; Abcam, 

USA.) were incubated with the slides for 45 minutes, both secondary antibodies are diluted in 

1:200 ratio. Sectioned slides were additionally stained with 4’,6-diamidino-2p-phenylindole 

(DAPI, ThermoFisher, USA) for 20 minutes at room temperature to observe the nuclei of NCs 

within each sample. Sections were mounted with 1:1 Glycerol: PBS to prepare for imaging. The 

same DAPI staining and mounting methods applies to all immunofluorescence staining prepara-

tions. 

The protein expression of type X collagen was also examined by immunofluorescence. The anti-

gen retriever steps are similar as the type I/II immunofluorescence. Slides were incubated 



 

145 

 

overnight with rabbit anti-type X collagen antibodies in 1:100 dilution ratio (rabbit polyclonal to 

type X collagen, ab58632, Abcam, USA) to bind type X collagen and subsequently labeled by 

secondary antibody (goat anti-rabbit IgG Alexa Fluor 594, ab150080, Abcam, USA). 

Immunofluorescence imaging was also used to assess the vascular invasion protein, CD31. For 

antigen retriever,  the slides were incubated in the 0.01M of citric acid at a high temperature 

(around 90-100 °C) for 10 minutes. The primary antibody used was anti-mouse CD31 

(CD31/PECAM Biotinylated Antibody, BAF3628, R&D systems, USA) in 1:100 dilution ratio, 

then Alexa Fluor 488 conjugated streptavidin in 1:100 dilution ratio (S32354, Life Technology, 

USA) was used to label the biotinylated primary antibody.  

Immunofluorescence was further used to examine the bone associated protein, bone sialoprotein 

(BSP). The antigen retriever steps are similar as the type I/II immunofluorescence. The primary 

antibody was anti-bone sialoprotein, diluted in 1:100 ratio (ab195426, Abcam, USA), and was 

labeled by secondary antibody, goat anti-rabbit IgG Alexa Fluor 594 (ab150080, Abcam, USA) 

in 1:200 dilution ratio.  

The F4/80 (BM8) molecule, solely expressed on the surface of macrophages, was examined by 

immunofluorescence. Following antigen retrieval described by Lee et al[397], slides were incu-

bated with Biotinylated F4/80 (BM8) primary antibody (13-4801-82, ThermoFisher Scientific, 

Canada) in 1:100 dilution ratio. Slides were then incubated with streptavidin in 1:100 dilution 

ratio (S32354, Life Technology, USA), Alexa Fluor 488 conjugate in 1:200 dilution ratio 

(S32354, Life Technology, USA) prior to imaging.  
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4.2.7.3 Real-time RT-qPCR 

RT-qPCR was used to measure relative gene expression of chondrogenic (e.g., ACAN, COL2A1, 

SOX9), fibrogenic (e.g., COL1A2), hypertrophic (e.g., COL10A1, RUNX2), and angiogenic 

markers (e.g., PPARγ), of NCs after 3, 6, and 9 weeks of culture. Expression of the collagen 

cross linking enzyme (LOX) was also analyzed by RT-qPCR at each of the culture times. Total 

RNA was extracted with Trizol reagent (Life Technologies) according to the manufacture in-

structions. RNA was immediately transferred to Trizol upon harvesting to prevent changes in 

gene expression. The purity and concentration of isolated RNA were examined with Nanodrop 

One C. 100ng total RNA was reverse transcribed to cDNA by GoScript reverse transcriptase 

(Promega Corporation, WI, USA.) with 1 µg of oligo (Dt) primers (Promega Corporation, WI, 

USA). RT-qPCR was performed as we have previously described[398] (primers sequences are 

presented in Table 4.2). The mRNA expression levels for each primer set were normalized to the 

housekeeping genes, β-actin (ACTB), Beta-2 microglobulin (B2M) and Tyrosine 3-Monooxygen-

ase/Tryptophan 5-Monooxygenase Activation Protein Zeta (YWHAZ), using the 2−ΔCt  method. 

The use of multiple housekeeping genes helps to increase the accuracy and reliability of the re-

sults, as it allows researchers to confirm that the normalization of the data is not affected by the 

specific housekeeping gene chosen[399]. 

Table 4.2. Primer Sequences for Real-Time RT-qPCR 

Genes Forward Primer (5′) Reverse Primer (3′) 

Beta-actin (ACTB) AAGCCACCCCACTTCTCTCTAA AATGCTATCACCTCCCCTGTGT 

Beta-2 micro-

globulin (B2M) 
TGCTGTCTCCATGTTTGATGTATCT TCTCTGCTCCCCACCTCTAAGT 

Tyrosine 3-Mono-

oxygenase/Trypto-

phan 5-monooxy-

genase activation 

TCTGTCTTGTCACCAACCATTCTT TCATGCGGCCTTTTTCCA 
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protein Zeta 

(YWHAZ) 

Aggrecan (ACAN) AGGGCGAGTGGAATGATGTT GGTGGCTGTGCCCTTTTTAC 

type I collagen 

(COL1A2) 
GCTACCCAACTTGCCTTCATG GCAGTGGTAGGTGATGTTCTGAGA 

type II collagen 

(COL2A1) 
CTGCAAAATAAAATCTCGGTGTTCT GGGCATTTGACTCACACCAGT 

SRY-Box 9 

(SOX9) 
CTTTGGTTTGTGTTCGTGTTTTG 

AGAGAAA-

GAAAAAGGGAAAGGTAAGTTT 

Collagen X 

(COL10A1) 

GAAGTTATAATTTACAC-

TGAGGGTTTCAAA 
GAGGCACAGCTTAAAAGTTTTAAACA 

Runt related tran-

scription 

factor 2 (RUNX2) 

GGAGTGGACGAGGCAAGAGTTT AGCTTCTGTCTGTGCCTTCTGG 

Peroxisome prolif-

erative 

activated receptor 

gamma (PPARγ) 

AAGCTGCTCCAGAAAATGACAGA CGTCTTCTTGATCACCTGCAGTA 

Lysyl Oxidase 

Like 2 (LOXL2) 
ACGGCCACCGCATCTG TCCGTCTCTTCGCTGAAGGA 

 

4.2.8 Mechanical properties of cell seeded Chondro-Gide scaffolds and bioprinted con-

structs 

After 3, 6, and 9 weeks of chondrogenic culture,  suture tests were performed for both type of en-

gineered cartilages at each time point. Briefly, to test the durability of the cartilages, a single 5-0 

PROLENE suture was introduced through each engineered cartilage and a knot was tied. Subse-

quent knots were then made if the cartilages were strong enough.     

Three-point bending results were measured by Dynamic Mechanical Analysis Q800 (TA instru-

ment, USA). Small 5 mm three-point bending clamps were used for the test. Engineered cartilage 

tissues were placed on top of the 5mm stationary clamp, and a movable clamp moving 0.1N/s 

was used to measure the force responses. The bending modulus is determined by the Equation: 

𝐸 =
∆𝐹

∆𝑑
 

𝑙3

48𝐼3
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where F is the applied force, and d is the bending deflection in the force direction. I is the second 

moment of area of the beam. The bioprinted cartilage and the Chondrogide scaffold were as-

sumed as a rectangular section with width b and height d. The second moment of area is deter-

mined below:  

𝐼 =
𝑏𝑑3

12
 

 

4.2.9 Microstructure of cell seeded Chondro-Gide scaffolds and bioprinted constructs 

The ultrastructure of the 3D bioprinted constructs and Chondro-Gide scaffolds at each in vitro 

culture period (3, 6, and 9 weeks) were investigated by scanning electron microscopy (SEM, Hi-

tachi, JA, Model S-4800). All reagents and accessories used were from Electron Microscope Sci-

ence, PA, USA. Each construct and scaffold were fixed with 2 % (v/v) glutaraldehyde and 2.5% 

(v/v) paraformaldehyde in sodium cacodylate trihydrate buffer at 4 ºC overnight. Constructs and 

scaffolds were then cut in half using scalpels and washed with Milli-Q water twice for 2 minutes 

each the next day. The constructs and scaffolds were then post fixed in 2% (w/v) osmium tetrox-

ide (OsO4) and 2% (w/v) tannic acid. Post fixing and dehydration steps were as we have previ-

ously described[395]. The images of the engineered cartilages were captured using SEM (Zeiss 

Sigma 300 VP-FESEM). 

4.2.10 Semi-quantitative Analysis 

Safranin-O staining of in vitro engineering cartilages is evaluated using the Bern score semi-

quantitative method, which accounts for uniformity and darkness of the staining, the distance 
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between cell and matrix, as well as cell morphology. In this study, the Bern scores are evaluated 

by four blinded observers [400].The immunofluorescence staining of Type I and II collagens is 

semi-quantified using python. The immunofluorescence intensities are normalized by cell num-

ber (DAPI). 

4.2.11 Data Analysis and Statistical Methods 

For biochemistry, gene expression, and mechanical test analysis, a repeated measures two-way 

analysis of variance (RM-ANOVA) test was used to assess for interaction between culture time 

and scaffold type. Culture time and scaffold type were treated as within-subject factors, the do-

nors were treated as repeated measurements. If the interaction was non-significant, the main ef-

fects of culture time and scaffold type were reported. If the interaction was significant, the p-

value was reported. Bonferroni post hoc tests were performed for the pairwise comparisons to 

compare within culture time and scaffold type. Cell viability was analyzed by pairwise compari-

sons between day 1 and 3 weeks, 3 weeks and 6 weeks, 6 weeks, and 9 weeks. Data are pre-

sented as mean ± SD. All analyses were performed using GraphPad Prism 8. A p-value of 

p<0.05 was considered statistically significant. A p-value between 0.05 and 0.1 was considered 

borderline significant. 

4.3 Results 

4.3.1 3D bioprinting of engineered cartilage with autologous shapes 

A patient-specific right lower lateral nasal cartilage was bioprinted using the FRESH method to 

demonstrate the ability of fabricating autologous shaped cartilages. Figure 4.2A shows the STL 

image generated from CT, and the internal structure of the bioprinted cartilage in Figure 4.2B. 
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Figure 4.2C and Figure 4.2D show the 3D bioprinted nasal cartilage before and after the gelatin 

support bath melted, respectively. As temperature increased to 37°C, the construct printed in the 

FRESH support bath started to dissolve and caused the bioprinted collagen bioink to self-assem-

ble and form a hydrogel to maintain its structural integrity.  

 

Figure 4.2. Gross morphology of the FRESH printed structure. (A) 3D model of a right lower lateral nasal 

cartilage from CT imaging and (B) the preview of the sliced nasal cartilage using Slic3r software. 

(C) 3D bioprinted lower lateral nasal cartilage in gelatin support bath before and (D) after 30 

minutes incubation in 37 °C. Following the 30-minute incubation, the support bath was aspirated, 

and PBS was added.  

4.3.2 Live/Dead analysis of bioprinted constructs 

A Live/Dead fluorescent assay was used to assess the cell viability of the constructs following 

3D bioprinting. The cell viability of constructs cultivated for 1 day, 3 weeks, 6 weeks, and 9 

weeks were 85.5±3.9, 93.9±2.3, 93.8±3.1, 87.9±4.9, respectively (Figure 4.3). Post-hoc test for 
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the interested groups were conducted between day 1 and 3 weeks, 3 weeks and 6 weeks, and 6 

weeks and 9 weeks. There was no significant difference in cell viability between 3 weeks and 6 

weeks of culture (p=0.9765). Between 1 day and 3 weeks (p=0.0133), and 6 weeks and 9 weeks 

(p=0.0370), a significant increase and decrease in cell viability was observed, respectively. 

 

Figure 4.3. (a) Live/dead assay (b) cell viability over culture time. Paired t-tests were done to compare 

cell viability between Day 1 vs. 3 weeks, 3 weeks vs. 6 weeks, and 6 weeks vs. 9 weeks. * Repre-

sents 0.01<p <0.05. Scale bar: 100µm 

4.3.3 Histological analysis of in vitro engineered cartilages 

After 3, 6, and 9 weeks of chondrogenic culture, bioprinted, Chondro-Gide, and non-cellular 

cartilages, were processed, embedded in paraffin, cut, and then stained with Safranin-O/Fast 

Green staining and Masson Trichrome staining. Safranin-O was used to stain sulphated proteo-

glycans while Fast Green served as a counter stain for protein[401]. Weigert’s Hematoxylin, 
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Aniline blue, and Biebrich scarlet-acid fuschin of the Masson Trichrome stain, were used to 

stain for nuclei, collagen, and cytoplasm/keratin, respectively[402]. Empty scaffolds did not 

show evidence of matrix synthesis, denoted by the absence of positive Safranin-O staining for 

proteoglycans. Only background staining for Fast Green was present in empty scaffolds. 

Chondro-Gide scaffolds were shown to have two different layers following Safranin-O/Fast 

Green staining, corresponding to the compact and porous layers. The porous layer was the cell 

seeding side. At 3 weeks of culture, both bioprinted constructs and Chondro-Gide scaffolds 

showed proteoglycan rich matrix deposition denoted by positive Safranin-O staining (Figure 

4.4A). As culture time increased from 3 to 9 weeks, the intensity of Safranin-O staining in-

creased in both engineered cartilages (Figure 4.4A, Safranin-O for all donors after 3, 6, 9 weeks 

culture are shown in Figure S4.2, Figure S4.3, and  

Figure S4.4, respectively).   

For the Masson Trichrome staining, the empty bioprinted constructs showed only faint blue 

staining for collagen. Chondro-Gide empty scaffolds, however, showed both Aniline blue and 

Scarlet red staining corresponding to collagen and cytoplasm/keratin, respectively. The layers 

staining red, and blue were the compact and cell seeding layers, respectively. Collagen deposi-

tion was consistent with Safranin-O staining and appeared at 3 weeks in both engineered carti-

lages (Figure 4.4B). The enhanced red staining and size of the Chondro-Gide scaffolds at 3 

weeks, compared to the empty scaffold, was likely due to swelling of the scaffolds due to pro-

teoglycan deposition. Bioprinted constructs overall, showed a more homogeneous distribution 

of ECM throughout the structure than Chondro-Gide. Since cells were only seeded on the po-

rous surface of each Chondro-Gide scaffold, matrix deposition was limited to the porous sur-

face. To characterize the collagen distribution, immunofluorescence for type I and II collagen 
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was performed. Type I and II collagens were observed in both bioprinted constructs and 

Chondro-Gide scaffolds across the three culture times (Figure 4.5A, and Figure S4.6A). Type 

II collagen was predominantly expressed in both engineered cartilages and was more homoge-

neous in bioprinted constructs. The intensity of type II collagen expression became more pro-

nounced as culture time increased, which was consistent with Aniline blue  (Figure S4.6B). 

The distribution of type II collagen expression was also like Aniline blue positive matrix for-

mation in both the bioprinted constructs and Chondro-Gide scaffolds. Additionally, to assess 

for the presence of a bone forming phenotype, hypertrophic collagen marker, type X collagen, 

immunofluorescence was performed. Type X collagen was observed in both bioprinted con-

structs and Chondro-Gide scaffolds across the three culture times (Figure 4.5B, and Figure 
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S6a). Similarly, to type II collagen, the expression of type X collagen became more pro-

nounced with culture time (Figure S4.6B).  

 

Figure 4.4. Histological and biochemical analysis of in vitro constructs across culture time. (a) Safranin-

O/Fast green Staining, (b) Masson’s Trichrome staining, and (c) GAG/DNA of in vitro constructs. 

Black arrows indicate tissue areas that have (a) positive Safranin-O staining for aggrecan or (b) 

positive aniline blue for collagen (b). Data were analyzed by two-way ANOVA and corrected with 

the Bonferroni post hoc test. GAG; glycosaminoglycan, NS; non-significant, WW; wet weight. 

Scale bar: 100µm. Star (*) represent the significant difference with regarding of culture time after 

Bonferroni post hoc correction: * represents 0.01<p <0.05, ** represents 0.001<p<0.01, *** repre-

sents 0.0001<p<0.001, **** represents p<0.00001. Pound (#) represent the significant difference 

with regarding of scaffold type after Bonferroni post hoc correction: # represents 0.01<p <0.05, ## 

represents 0.001<p<0.01, ### represents 0.0001<p<0.001, #### represents p<0.00001. 
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Figure 4.5. Immunofluorescence of in vitro constructs across culture time. (a) Type I (red) and II (green) 

collagen, and (b) Type X collagen (red). The blue color is from DAPI staining, which indicate cell 

nuclei. Scale bar: 100µm 

4.3.4 GAG/DNA quantification of in vitro engineered cartilages 

Biochemical analyses were performed in duplicates to quantify the GAG and DNA contents of 

scaffolds following each culture period (3, 6, and 9 weeks, n=6). The GAG/DNA ratios of 

Chondro-Gide scaffolds at 3, 6, and 9 weeks were 25.2±4.7, 46.0±9.0, and 59.2±16.4 respec-

tively. GAG/DNA ratios of bioprinted constructs at 3, 6 and 9 weeks were 39.6±8.9, 59.8±10.8, 

and 71.7±21.7, respectively. Within both bioprinted and Chondro-Gide groups, culture time was 

shown to have a significant effect on GAG/DNA content (p<0.0001, Figure 4.4C). A significant 

difference in GAG/DNA ratios was observed between 3 weeks and 6 weeks (p=0.0040 for 

Chondro-Gide, p=0.0113 for bioprinted), and 3 weeks and 9 weeks (p=0.0120 for Chondro-

Gide, p=0.0168 for bioprinted) for both scaffold types. However, there was no significant differ-

ence in GAG/DNA ratios between 6 and 9 weeks of culture (p=0.1863 for Chondro-Gide, 

p=0.2718 for bioprinted). There was a borderline significant difference in GAG/DNA content 

between scaffold types (p=0.0519), with bioprinted constructs showing higher GAG/DNA ratios 
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than Chondro-Gide scaffolds (significant higher at 3 weeks with p=0.0269). The Bern score 

evaluation is well correlated with the GAG/DNA assay (Figure 4.4D, Figure S4.5).  

 

4.3.5 Mechanical properties of in vitro engineered cartilages 

To assess the suturability of bioprinted constructs and Chondro-Gide scaffolds, a suture test was 

performed. A single 5-0 PROLENE suture was made on the edge of each construct and scaffold 

and then subsequently observed for damage. Chondro-Gide scaffolds were able to withstand su-

turing at all time points (Figure 4.6A). Bioprinted constructs, however, were only able to with-

stand suturing at 9 weeks of culture. To assess the bending modulus of the engineered cartilages, 

a Three-Point bending test was performed on the constructs and scaffolds at each culture time. 

Both bioprinted constructs and Chondro-Gide scaffolds became more robust overtime. The bend-

ing modulus of Chondro-Gide scaffolds at 3, 6, and 9 weeks of culture were 0.0675±0.00995, 

0.213±0.0233, and 0.287±0.0513 MPa, respectively. For bioprinted constructs, the bending mod-

ulus was 0.0309±0.00704, 0.177±0.0557, and 0.298±0.0577 MPa at 3, 6, and 9 weeks, respec-

tively. Bending modulus was found to increase significantly with increasing culture time for both 

scaffold types (p<0.0001, Figure 4.6B). The mean difference between Chondro-Gide and bi-

oprinted bending modulus was 0.0366 MPa at 3 weeks, 0.0360 MPa at 6 weeks, and -0.0114 

MPa at 9 weeks. Chondro-Gide scaffolds were almost twice that of bioprinted constructs at 3 

weeks, but at 9 weeks, the bioprinted constructs showed a slightly higher bending modulus com-

pared to Chondro-Gide. Due to non-sufficient donor numbers for bending modulus testing (n=3), 

no significant differences between scaffold types were observed. Bending modulus was also 
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shown to increase with culture time to a greater degree in bioprinted constructs than Chondro-

Gide scaffolds.   

 

Figure 4.6. (a) Suturability of Chondro-Gide scaffolds and bioprinted constructs across culture time. Im-

ages are taken at 0.65x and 1.60x magnification. (b) Bending modulus of in vitro constructs across 

culture time. Data was analyzed by two-way ANOVA and corrected with the Bonferroni post-hoc 

test. NS; non-significant. Scale bars: 6 mm and 3 mm for 0.65x and 1.60x, respectively. Star (*) 

represent the significant difference with regarding of culture time after Bonferroni post hoc correc-

tion: * represents 0.01<p <0.05, ** represents 0.001<p<0.01, *** represents 0.0001<p<0.001, 

**** represents p<0.00001. Pound (#) represent the significant difference with regarding of scaf-

fold type after Bonferroni post hoc correction: # represents 0.01<p <0.05, ## represents 

0.001<p<0.01, ### represents 0.0001<p<0.001, #### represents p<0.00001. 

4.3.6 SEM of in vitro engineered cartilages 

SEM was used to visualize the ultrastructural differences between bioprinted constructs and 

Chondro-Gide scaffolds across the different cultivation times. At 3 weeks of culture, both bi-

oprinted constructs and Chondro-Gide scaffolds showed evidence of remodelling, denoted by the 

presence of fibrous structures on the surface of the cartilages (Figure 4.7). Chondrocytes were 

also found inside the lacuna structures at 3 weeks in the bioprinted constructs. After 6 weeks of 

culture, the distribution of ECM fibers increased and became more even in both bioprinted con-

structs and Chondro-Gide scaffolds, and by 9 weeks, both engineered cartilages were completely 
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covered by a uniform layer of ECM. Bioprinted constructs at 3 weeks were shown to resemble 

native tissue most closely. This resemblance however was lost at 6 weeks as more ECM was de-

posited on the surface of the structures. 

 

Figure 4.7. SEM imaging of in vitro constructs across culture time. Magnification of images is 35x, 100x, 

1000x, and 2000x. Scale bars are 100µm, 10µm, and 2µm for 35x/100x, 1000x, and 2000x, re-

spectively. 

4.3.7 Gene expression of in vitro engineered cartilages 

RT-qPCR was used to quantify the expression of chondrogenic (ACAN, SOX9, COL2A1, 

CO1A2), hypertrophic (COL10A1), osteogenic (RUNX2), and adipogenic genes (PPARγ), Addi-

tionally, the expression of the collagen cross linking enzyme (LOX) was quantified as well. The 

results were analyzed by two-way ANOVA and corrected with Bonferroni post-hoc tests.            

The expression of chondrogenic-related genes was all found to be affected by culture time. Only 

ACAN expression was shown to have a significant interaction between scaffold type and culture 

time (p=0.0088, Figure 4.8). For bioprinted constructs, the expression of ACAN was found to in-

crease with increasing culture time, with significant differences in expression between 3 and 6 

weeks, 3 and 9 weeks. However, for Chondro-Gide scaffolds, ACAN expression was found to 
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increase only from 3 to 6 weeks and then decrease from 6 to 9 weeks (no significant differences). 

A significant difference was found at 9 weeks between bioprinted construct and Chondro-Gide 

ACAN expression. Both the expression of COL2A1 and SOX9 were significantly affected by cul-

ture time (p<0.0001 and p=0.0006, respectively), as the expression for both genes increased with 

increasing culture time. COL1A2 expression was also significantly affected by culture time 

(p=0.0004), but instead, expression decreased with increasing culture time. There were no signif-

icant differences in COL2A1, SOX9, and COL1A2 expressions between bioprinted constructs and 

Chondro-Gide scaffolds. The expression of COL10A1 was significantly upregulated as the cul-

ture time increased (p<0.0001), with no significant differences between scaffold types. There 

was also a significant decrease in PPARγ expression (p<0.0001) with culture time, with no sig-

nificant differences between scaffold types. A significant interaction was also found between 

scaffold type and culture time for LOX (p=0.0006). For bioprinted constructs and Chondro-Gide 

scaffolds, the expression of LOX was shown to increase and decrease significantly with culture 

time, respectively. The expression of RUNX2 was not affected by either culture time or scaffold 

type. 
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Figure 4.8.  Gene expression of in vitro constructs. Values shown are 2-ΔCt values from RT-qPCR. Sta-

tistics were done using ΔCt values. Data was analyzed by two-way ANOVA and corrected with 

the Bonferroni post-hoc test. Housekeeping genes used were ACTB, B2M, and YWHAZ. n=6 do-

nors (in duplicate). NS; non-significant.  Star (*) represent the significant difference with regard-

ing of culture time after Bonferroni post hoc correction: * represents 0.01<p <0.05, ** represents 

0.001<p<0.01, *** represents 0.0001<p<0.001, **** represents p<0.00001. Pound (#) represent 

the significant difference with regarding of scaffold type after Bonferroni post hoc correction: # 

represents 0.01<p <0.05, ## represents 0.001<p<0.01, ### represents 0.0001<p<0.001, #### repre-

sents p<0.00001. 
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4.3.8 Gross morphology of engineered cartilages after in vivo implantation in nude mice 

Following implantation in nude mice, the gross morphologies of the engineered cartilages were 

assessed for macroscopic differences. After 5 weeks of implantation, both bioprinted constructs 

and Chondro-Gide scaffolds maintained their original size and shape (Figure 4.9A). Both engi-

neered cartilages were smooth and opaque following in vivo culture compared to the gluey and 

formless appearance of non-precultured engineered cartilages (empty scaffolds). 
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Figure 4.9. (a) Gross morphology of constructs and scaffolds before and after implantation (b) Histology 

and immunofluorescence of in vivo bone formation proteins, including type X collagen (red repre-

sents positive type X collagen, which is a marker of chondrocyte hypertrophy), CD31 (green rep-

resents positive CD31, CD31 is a marker of angiogenesis), BSP (red represents positive bone si-

aloprotein formation), and Alizarin Red (Orange color represents positive calcification). COL10; 

type X collagen, CD31; cluster of differentiation 31, BSP; bone sialoprotein. Scale bar: 100µm.  
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4.3.9 Histology and immunofluorescence after in vivo implantation 

To characterize the nature of the ECM following implantation, Safranin-O and Masson’s tri-

chrome staining were performed to assess and compare the matrix composition of in vivo cul-

tured engineered cartilages to in vitro controls. Following in vivo culture, both cell-laden bi-

oprinted constructs and Chondro-Gide scaffolds showed peripheral loss of proteoglycan-rich ma-

trix, denoted by the loss of Safranin-O staining (Figure 4.10, all the explanted donors are shown 

in Figure S4.7). The intensity of Safranin-O staining was overall fainter in the in vivo cartilages 

compared to the in vitro cartilages. No matrix deposition was observed in empty scaffolds. Colla-

gen deposition, denoted by aniline blue, was slightly different between in vitro and in vivo carti-

lages. Engineered cartilages implanted in vivo appeared to have a more intense collagen staining 

in the periphery that contrasted Safranin-O staining, like native tissue. However, in vitro carti-

lages appeared to have a more diffuse and generalized distribution of collagen staining. Bi-

oprinted constructs overall had more collagen staining than Chondro-Gide in both the in vitro 

and in vivo conditions. Collagen deposition that was observed in both empty scaffolds was most 

likely due to mouse skin cell infiltration, which is supported by the presence of cell nuclei and 

lack of human specific collagen expression detected by immunofluorescence (Figure 4.10). To 

characterize and compare the collagen deposition in the in vivo cultured engineered cartilages to 

those cultured in vitro, types I and II collagen immunofluorescence were performed. The expres-

sion of type I and II collagens were shown to be maintained in the cell-laden engineered carti-

lages following in vivo culture (all the explanted donors are shown in Figure S4.8), with type II 

collagen expression being the most pronounced. Type II collagen expression was also more in-

tense in in vivo than in vitro cartilages. To determine whether macrophages contributed to the 

loss of the proteoglycan-rich matrix in vivo, BM8 immunofluorescence was performed (Figure 
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S4.10). Macrophages were observed in both in vivo cultured engineered cartilages, suggesting a 

phagocytic role of macrophages in proteoglycan loss. To assess the extent of bone formation in 

the in vivo cartilages, a few different analyses were performed. CD31, BSP, type X collagen im-

munofluorescence, and Alizarin Red S staining were performed to detect blood vessel invasion, 

bone ossification, chondrocyte hypertrophy, and calcium deposition in the in vivo cartilages, re-

spectively. There was no evidence of blood vessel invasion, bone growth, or mineralization in 

either the cell-laden bioprinted constructs or Chondro-Gide scaffolds (Figure 4.9B, Alizarin Red 

S for explanted scaffolds and native tissue are shown in Figure S4.9). Empty scaffolds implanted 

in vivo showed some evidence of blood vessel invasion. In vitro parallel-cultured engineered car-

tilages served as a negative control for both BSP and Alizarin Red S staining. Type X collagen 

expression was observed in both bioprinted constructs and Chondro-Gide scaffolds in vivo, how-

ever, this staining was like in vitro controls. 
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Figure 4.10. Histology and immunofluorescence of chondrogenic related proteins, including Safranin-

O/Fast Green straining, Masson’s Trichrome staining, and type I and II collagens immunofluores-

cence. Scale bar: 100µm 

4.3.10 Mechanical property after in vivo implantation 

To assess the effects of in vivo culture on the mechanical properties of engineered cartilages, a 

three-point bending test was performed before and after implantation in nude mice. Bending 

modulus was shown to increase from 0.287±0.0513 to 0.534±0.189 MPa in Chondro-Gide and 

from 0.298±0.577 to 0.582±0.0444 Pa in bioprinted constructs. All three donors showed an in-

crease in bending modulus after implantation. The size of the implanted Donor #1 is untestable 

due to the size limitation. 
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Table 4.3. Bending modulus before and after implantation 

Scaffold Type 

Before implantation (Pa) After implantation (Pa) 

21/M 

Donor #1 

30/M 

Donor#3 

48/M 

Donor#6 

21/M 

Donor #1 

30/M 

Donor#3 

48/M 

Donor#6 

Chondro-Gide 227627 312329 320105 448666 751396 402828 

Bioprinted 248587 284047 361490 N/A 549189 611978 

 

4.4 Discussion 

In this study, we have used human nasoseptal chondrocytes (NC)-laden bovine type I collagen 

hydrogel to 3D bioprint engineered nasal human cartilage. Our results supported the biofabrica-

tion of a robust and mechanically suturable engineered human nasal cartilage that is comparable 

if not better than engineered human nasal cartilage graft from NC-seeded porcine type I and III 

collagen membrane scaffold, Chondro-Gide.  The bioprinted tissue was characterized by in-

creased cellular viability from the time of biofabrication to the endpoint of 9 weeks of in vitro 

tissue development at which point there was a fall in the measured cellular viability relative to 3- 

and 6-weeks time points. The reason for the decline is unclear but the majority of the cells’ mor-

phology at 9 weeks seem to be consistent with the adhesive model of cell migration in 3D colla-

gen lattices, suggesting that a number of cells may have migrated out of the engineered tissue 

construct after the 9 weeks long of ECM accumulation and matrix remodeling[403]. However, 

this would need to be verified in future studies.  

Furthermore, our results emphasize the capacity of the extensively cell culture expanded NCs, up 

to six cell population doublings, in cell growth media supplemented with TGF-β1 and FGF-2 of 

been able to synthesize and organize cartilage ECM within the NCs-laden type I collagen hydro-

gel for bioprinting and within the type I/III collagen membrane scaffold. These results are 
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consistent with our previous works[64, 215] and Fulco et al’s[6] work using the collagen mem-

brane scaffold. Since the functional component of cartilage is its ECM[404], we evaluated the 

progression of tissue maturation over time. After 3, 6, and 9 weeks of chondrogenic culture, we 

first analyzed for cartilaginous ECM formation by visualizing sulfated proteoglycan via Safra-

nin-O staining, collagen deposition via Masson Trichrome staining, human types I and II colla-

gen via immunofluorescence (Figure 4.4A, Figure 4.3B). The bioprinted constructs showed a 

uniform distribution of Safranin O positive, collagen, and human types I/II collagen distribution 

relative to the same ECM distribution in the porcine-derived type I/III collagen membrane scaf-

folds. Thus, one benefit of the bioprinting approach for fabrication of the engineered nasal carti-

lage graft is that it allowed the NCs to be homogenously distributed within the bovine-derived 

type I collagen hydrogel before the 3D layer-by-layer deposition of the NCs-laden hydrogel. In 

contrast, the distribution of the NCs synthesized cartilaginous ECM appeared to be less uni-

formly distributed and restricted to the porous layer of the porcine-derived type I/III collagen 

membrane scaffold albeit with some evidence of the ECM extending into the smooth compact 

layer of the membrane over the course of the in vitro tissue maturation.   

Quantitative measures of the chondrogenic capacity (i.e., GAG/DNA) of the NCs within the two 

matrices used in this study supports the superiority of the microenvironment of the hydrogel in 

facilitating the chondrogenic redifferentiation of the NCs. The GAG/DNA values for the bi-

oprinted engineered nasal cartilage were higher than in the porcine-derived type I/III collagen 

membrane scaffolds with magnitudes of 14.38, 13.74, 12.48 µg/µg for 3, 6, and 9 weeks, respec-

tively. This superiority is consistent with reports that the branched network of loose bundles of 

collagen fibers as found in collagen hydrogels as supposed to the membrane-like flatten wall in-

ternal structure of the fibers presented in the porous collagen sponges supports the round 
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chondrocytic phenotype of chondrocytes[405-407]. However, it is interesting to note that while 

the chondrogenic capacity of the NCs within the hydrogel matrix was superior relative to the col-

lagen membrane scaffold, the gene expression of types I and X collagen were not different be-

tween the hydrogel and membrane scaffold as previously reported between the different internal 

structures of chitosan-based scaffold forms of sponges and hydrogels[405]. To that end, our find-

ing seems to suggest that both the internal structure and composition of scaffolds play a role in 

the phenotypic expression of the cells in any given scaffold. The higher GAG/DNA contents in 

type I collagen bioink group may be attributed to a superior display of synthetic capacity of the 

NCs within the hydrogel microenvironment as well the entrapment of the synthesized ECM 

within the hydrogel matrix.  

Given the fact that the mechanical strength of cartilaginous structures is by reason of their 

ECM’s composition and organizational structure, it is no surprise that as the ECM synthesized 

by the NCs increased and accumulated with in vitro culture duration within the bioprinted con-

structs that it played a vital role in the development of its tensile properties (Figure 4.6A). As the 

images (Figure 4.6A) demonstrate, after 3 weeks of culture, the bioprinted constructs were una-

ble to hold surgical sutures an indication of a weak tensile strength. However, it was not until af-

ter 9 weeks of in vitro culture that the bioprinted constructs’ tensile properties was adequate to 

hold the surgical sutures without failure. In contrast, the high tensile strength of the collagen 

membrane was adequate to hold surgical sutures regardless of the in vitro culture duration of the 

due to the arrangement of its collagen fibres[6]. It is interesting to note that the ultrastructure of 

native human septal cartilage and that of the collagen membrane-derived engineered nasal carti-

lage looked very similar regardless of the in vitro culture maturation time with obvious tightly 

organized collagen fibres, while porous spaces are evident in the bioprinted constructs of 
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engineered cartilage at 3 and 6 weeks but not at the 9 weeks culture time when the ultrastructure 

looked similar to the ultrastructure of the native septal cartilage and collagen membrane-derived 

engineered cartilage. To that end, it is reasonable to speculate that the subsequent filling or re-

modeling of the spaces contributed to the augmented tensile strength of the bioprinted construct 

after 9 weeks. The increased lysyl oxidase (LOX) expression which relatively peaked at 9 weeks 

coincided the improved tensile strength (Figure 4.8). Thus,  given LOX’s functionality in cross-

linking collagen and improving mechanical strength of engineered cartilage,  we speculate that 

LOX contributed to the augmented tensile strength after the 9 weeks of maturation[408, 409]. 

The mechanism underlying the observed upregulation of LOX in the bioprinted constructs and its 

decline in the collagen membrane-derived constructs is unclear but may be associated with alter-

ations in local hypoxia microenvironment as the cartilaginous ECM is deposited and remodeled 

within the cell-laden constructs.  Makris et al has shown that LOX expression could be induced 

through hypoxia[408]. One possibility is a limited access of the NCs-media contact in the com-

pact layer of the collagen membrane scaffold which may have led to a local hypoxic environ-

ment, resulting in a higher LOX gene expression at 3 weeks. However, as culture time increased, 

the de novo synthesized and deposited ECM by the NCs remodeled with extension into the com-

pact layer leading to a disruption of the local hypoxic microenvironment with concomitant de-

cline in LOX gene expression. In contrast, the NCs within the bioprinted hydrogel constructs had 

high initial cell-media contact that permitted a homogenous access of media dissolved oxygen to 

the NCs. But as the NCs within the bioprinted construct synthesized, deposited, and remodeled 

the de novo ECM during maturation local hypoxic microenvironments emerged leading to in-

creased LOX expression.  



 

170 

 

In addition to the bioprinted engineered cartilage improved tensile characteristics as judged by its 

suturability, the bending modulus of the bioprinted cartilage experienced a larger increase with 

culture maturation time than the collagen membrane-derived engineered cartilage constructs. 

This finding further supports the concept that the gradual improvement in the tensile strength and 

suturability of the bioprinted engineered cartilage aligned with increased ECM production and 

accumulation within the hydrogel scaffold.  

Monolayer expanded chondrocytes expressed adipogenic, chondrogenic and osteogenic markers 

genes and encoded proteins after respective inductions[410, 411]. Therefore, we investigated the 

expression of adipogenic, chondrogenic and osteogenic marker genes to assess in vitro pheno-

typic stability of the chondrogenically stimulated monolayer-expanded NCs. Our findings 

showed a gradual decline in adipogenic (PPARγ) and fibrogenic (COL1A2) marker gene expres-

sion regardless of whether the collagen membrane or hydrogel scaffold was used during in vitro 

maturation of the engineered cartilage constructs. In contrast, chondrogenic markers’ gene ex-

pression (COL2A1, SOX9, ACAN) increased with culture time in the cell-laden hydrogel bi-

oprinted constructs and to some extent similarly in the collagen membrane albeit with a notable 

drop in ACAN expression at 9 weeks. These results further reinforce the superiority of the hydro-

gel microenvironment in the enhancing the chondrogenic phenotype of the chondrogenically 

stimulated monolayer-expanded NCs. 

The expression of COL10A1, a marker of hypertrophic chondrocyte has been shown to correlate 

with the propensity of chondrogenically induced bone marrow mesenchymal stem cells to un-

dergo transformation akin to endochondral ossification[61]. As such, we investigated the expres-

sion of COL10A1 and observed its upregulation with culture maturation time in both the cell-

laden bioprinted and the collagen membrane constructs. Furthermore, its encoded protein, type X 
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collagen, was evident via immunofluorescence in the constructs (Figure 4.5B). To ensure that the 

engineered cartilage constructs were stable phenotypically in vivo without the risk of undergoing 

ossification, the constructs after 9 weeks of in vitro maturation were subcutaneously implanted in 

immunodeficient nude mice.  There was no evidence of ossification regardless of whether the en-

gineered cartilage construct was bioprinted or collagen membrane-derived after 5 weeks of im-

plantation in the mice. This finding was consistent with our previous findings in regard to engi-

neered cartilage in the collagen membrane scaffold[64]. Interestingly, Aksoy et al showed native 

nasal septal cartilage contain small amounts of Type X collagen[38]. Thus, it is reasonable to 

speculate that compositionally our engineered cartilage constructs resemble native nasoseptal 

cartilage.  

In vivo preservation of the engineered cartilage constructs poses several challenges: the shrink-

age and deformation of the construct due to the skin tension[412-414], the calcification of tissue-

engineered cartilage[61, 64, 412, 415], and the preservation of cartilage-like ECM after implan-

tation[388]. In this study, the bioprinted constructs were able to maintain their gross morphology 

even after 5 weeks of implantation. However, the gross morphology of the cell-free scaffolds de-

formed and shrunk suggesting some sort of remodeling or cell-mediated contraction had taken 

place (Figure 4.9). Following other histological and immunofluorescence assessments in addition 

to the above-mentioned assessment for bone formation after in vivo implantation, positive CD31 

fluorescence were evident in the cell-free scaffolds suggesting an invasion of endothelial cells 

which may contributed to the observed shrinkage through cell-mediated contraction of the scaf-

fold.  Moreover, Safranin-O positive ECM staining was notably reduced after in vivo implanta-

tion, but the fluorescence of types I and II collagen remained unchanged as prior to in vivo im-

plantation. These findings are consistent with previous studies of implanted engineered nasal 
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cartilages[64, 416]. But it is unclear the underlying mechanism of the decline of the Safranin O 

positive ECM. We reasoned it could be due to macrophage invasion from the nude mouse[417-

419]. Thus, we assessed the presence of macrophage with anti-F4/80, a unique marker of murine 

macrophages in the explanted tissue engineered constructs[420], the F4/80 immunofluorescent 

results are shown in Figure S4.10. The assessment proved positive for the presence of macro-

phages and supported the mechanistic possibility that the decline of the Safranin O positive ECM 

may have been mediated by macrophage secreted matrix metalloproteinases as previously re-

ported[419, 421, 422]. 

The mechanical strength of both engineered cartilage constructs increased almost 2-fold after in 

vivo implantation as shown in Table 4.3. Bending modulus before and after implantation. This 

finding suggested that the constructs underwent further remodeling or maturation in vivo after 9 

weeks of in vitro maturation. This finding therefore raises the question; what is an adequate dura-

tion for in vitro maturation of engineered cartilage to achieve mechanical robustness for surgical 

handling prior to reconstructive surgery? Previous work, albeit in articular cartilage repair, indi-

cated that 2 weeks of in vitro maturation of engineered cartilage resulted in better integrative re-

pair relative to 6 weeks of in vitro maturation[423]. To this end, it is reasonable to suggest that a 

timeframe that enables suturability or mechanical handling during reconstructive surgery is ap-

propriate given that further in vivo maturation is inevitable.  

A potential limitation of our study was that only male donors were included which was due to 

the limited donor supply from the hospital. Previous research has not shown any significant dif-

ferences between males and females in terms of nasal cartilage compositions and shapes[39, 

424]. A pilot study might be worth future investigation to compare the effects of sex on the com-

positions of engineered cartilage tissues. 
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4.5 Conclusion 

This study demonstrated the perspective of bioprinting engineered cartilage grafts with similar 

histological, molecular, and mechanical characteristics as those derived from the use of clinically 

approved type I/III collagen membrane scaffolds both in vivo and in vitro. Moreover, the me-

chanical characteristics of the bioprinted engineered grafts increased after in vivo implantation. 

Overall, this study showed strong evidence of the potential to engineer human nasal cartilage 

grafts for nasal reconstructive surgery via 3D bioprinting. 
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4.6 Supplementary Material 

Table S4.1 Population Doubling for donors 

Donor Age/biological sex Cumulative PD PD/ day 

1 21/M 6.610599 0.508508 

2 25/M 6.888371 0.529875 

3 30/M 6.541156 0.503166 

4 30/M 6.517763 0.501366 

5 43/M 6.613922 0.508763 

6 48/M 6.57086 0.505451 
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Figure S4.1 Gross morphology of the nasal chondrocytes (a) after one day of isolation, (b) after confluent 

 

Figure S4.2 Safranin-O staining for proteoglycan (red) in all in vitro donors after 3 weeks implantation 

(n=6). Scale bar: 100µm 
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Figure S4.3 Safranin-O staining for proteoglycan (red) in all in vitro donors after 6 weeks implantation 

(n=6). Scale bar: 100µm 

 

 

Figure S4.4 Safranin-O staining for proteoglycan (red) in all in vitro donors after 9 weeks implantation 

(n=6). Scale bar: 100µm 
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Figure S4.5 The semi-quantitative analysis of Bern Scores for each individual category (n=6). Bern scores 

are evaluated by 4 blinded individual observers. 
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Figure S4.6 The semi-quantitative analysis of in vitro Types I, II and X collagens formation based upon 

immunofluorescence assay (n=3). Star (*) represent the significant difference with regarding of 

culture time after Bonferroni post hoc correction: * represents 0.01<p <0.05, ** represents 

0.001<p<0.01, *** represents 0.0001<p<0.001, **** represents p<0.00001. Pound (#) represent 

the significant difference with regarding of scaffold type after Bonferroni post hoc correction: # 

represents 0.01<p <0.05, ## represents 0.001<p<0.01, ### represents 0.0001<p<0.001, #### repre-

sents p<0.00001. 
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Figure S4.7 Safranin-O staining for proteoglycan (red) in all in vivo implanted donors (n=3).  Scale bar: 

100µm 

  

Figure S4.8 Immunofluorescences staining for Type I (red) and II (green) collagen in all in vivo implanted 

donors (n=3).  Scale bar: 100µm 
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Figure S4.9 Alizarin Red S staining for calcium deposition (orange/red) in all in vivo implanted donors 

(n=3).  Scale bar: 100µm 

 

Figure S4.10 Immunofluorescence of F4/80 staining (green), aggrecan staining(red), and nuclei(blue) for 

all in vivo implanted constructs. Scale bar: 100µm 
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CHAPTER 5. Pre-crosslinked hyaluronic acid and collagen bio-

ink for cartilage tissue engineering 
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5.1  Introduction 

Hyaline cartilage is a dense connective tissue that can be found in rib, nose, articular cartilage, 

larynx, and trachea, and serves various structural or functional purposes to the human body. Un-

fortunately, hyaline cartilage defects occur in orthopedic (articular cartilage) and craniomaxillo-

facial (nasal cartilage) sites, caused by trauma, cancer removal, aging, or congenital disease. The 

most common cartilage defect in the craniomaxillofacial region is the deviated nasal septum, 

which has been observed in 80% of the general population[3]. The most common cartilage dis-

ease in orthopedic medicine is osteoarthritis (OA), which is a progressive and degenerative joint 

disease that leads to the loss of hyaline cartilage. Due to the avascular nature of the hyaline carti-

lage, damaged cartilage has limited spontaneous self-repair and regenerative capabilities[2]. The 

current treatment method for cartilage repair and regeneration includes autologous chondrocyte 

implantation (ACI), human mesenchymal stem cell (MSC) injection, and grafts (allograft, auto-

graft, synthetic material)[4, 6, 425]. Although these treatment methods achieved some success, 

each method still showed some limitations, such as fibrocartilage formation, hypertrophic differ-

entiation of MSC, lack of integration, donor-site morbidity, and unmatched mechanical proper-

ties of the repaired region[4, 425]. 

Recently, advancements in bioprinting enabled the straightforward extrusion of cell-laden bio-

materials (known as “bioink”) and became the new solutions to tissue regeneration. Large num-

bers of autologous cells can be generated from a small tissue biopsy by monolayer cell expansion 

of the isolated primary cells in vitro. The expanded cells are then mixed with bioinks and bi-

oprinted into specific geometry to form functional tissues to fit patients’ needs. Bioink is consid-

ered one of the most important aspects of the bioprinting process since an ideal bioink should be 

biocompatible and printable. Hydrogels have been used as bioinks to provide a biocompatible 
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environment to encapsulate cells and build 3D structures. A suitable hydrogel used in 3D bi-

oprinting process need to be sufficiently viscous for bioprinting as well as crosslinkable to stabi-

lize printed structure and encapsulate the cells. At the same time, to create a tissue-engineered 

construct, the bioink needs to have cell adhesive motifs for cells to migrate, attach, and differen-

tiate. Commonly used bioinks include polysaccharide-based biomaterials, such as alginate, aga-

rose, chitosan, and cellulose. These bioinks are biologically inert and non-adhesive for cells. Bio-

inks that are based on constituents of the ECM of cartilage, for example hyaluronic acid (HA) or 

type I collagen, have cell adhesion motifs which support cell growth and differentiation for carti-

lage formation [335]. Unfortunately, HA and type I collagen exhibit a poor rheological property, 

low storage modulus, and slow crosslinking behaviour that are not suitable for bioprinting. Re-

cently, photocurable arylated collagen bioinks to enable fast crosslinking using long wavelength 

UV light have been explored[95, 276]. To mimic the native ECM environment and/or improve 

the mechanical property of methacrylated collagen, several studies have incorporated chemically 

modified thiolated HA (THA) for tissue engineering or drug screening applications[300, 303, 

426-429].  

In this study, methacrylate type I collagen (COLMA) is combined with THA to produce a func-

tional bioink material for 3D bioprinting of nasal cartilage grafts. Poly (ethylene glycol) diacry-

late (PEGDA) that contains two arylate bond, is used as an additional crosslinker and to augment 

the printability.  As described in Figure 5.1, any of two (meth)acrylate functional groups on 

COLMA or PEGDA can form a covalent bond through chain-polymerization by UV curing, at 

the same time, the (meth)arylate groups can crosslink with thiolate moiety to form a thiol-ene 

bond through a step-grown click reaction spontaneously or by UV curing[430]. The thiolated 

group in THA can also be crosslinked via self-gelation at ambient conditions, which is the 
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disulfide bond crosslinking between two thiolated groups[431]. To improve zero-shear viscosity 

and storage modulus that is suitable for bioprinting, the methacrylate group of COLMA and 

PEGDA was first reacted with the THA spontaneously at room temperature for pre-crosslinking. 

We then compared COLMA-only bioink, COLMA+THA bioink, and COLMA+THA+PEGDA 

bioinks in terms of their printability and cell viability. Furthermore, a cartilage tissue model was 

cast using these three bioinks to assess their capacity to support in vitro cartilage formation.  

  

Figure 5.1 Reaction mechanism of the COLMA, COLMA+THA, COLMA+PEGDA bioinks 
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5.2 Materials and Methods 

5.2.1 Human nasal chondrocyte isolation and expansion 

Human nasal septal cartilage specimens were collected from surgical discards of . five (5) male 

donors with an age range from 20-56 years old undergoing nasal reconstructive surgery. The 

University of Alberta’s health research ethics board – biomedical panel (Study ID: Pro00018778) 

approved the collection of the surgical discards. Nasal chondrocytes (NC) were isolated from the 

cartilage specimen and expanded in monolayer culture as previously described [42, 142]. Briefly, 

surgical discarded cartilages were digested in 0.15% (w/v) type II collagenase (300 units/mg 

solid) in Dulbecco’s Modified Eagle Medium (DMEM) with 5% (v/v) FBS at 37 ℃ to extract 

the primary nasal chondrocytes. The primary nasal chondrocytes were expanded to passage 2 

(P2) in DMEM-complete media (DMEM supplemented with 10 % (v/v) of fetal bovine serum, 

100 U/mL penicillin, 100 μg/mL streptomycin, 2 mM L-glutamine, and 10 mM 4-(2-hydroxy-

ethyl)-1-piperazineethanesulfonic acid (HEPES)) with 1ng/mL transforming growth factor β1 

(TGF-β1) and 5 ng/mL of basic fibroblast growth factor 2 (FGF2). 

Table 5.1.Donors Information 

Donor Biological Sex Age Medical History Total PD Total PD/day 

1 Male 20 N/A 7.55 0.58 

2 Male 24 Septoplasty 7.02 0.54 

3 Male 32 Deviated nasal septum 7.90 0.61 

4 Male 34 Deviated nasal septum 7.33 0.61 

5 Male 56 Deviated nasal septum 7.31 0.56 

 The overview of the experimental setup is provided in Figure 5.2. Briefly, the expanded NC 

were mixed with each bioink. The rheology property was first determined, followed by 3D 
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bioprinting. The cell viability was tested after the bioprinting process. The bioinks were then cast 

into a 96-well plate for biological assessment including cell viability. After 6 weeks of in vitro 

chondrogenic culture, the engineered cartilage constructs were accessed under histology, immu-

nofluorescence, biochemical assay, biomolecular assay, and mechanical testing.  

 

Figure 5.2 Schematic Diagram of the experimental setup 
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5.2.2 Nasal chondrocyte-laden bioink preparation 

Bioink materials were prepared using the stock solutions of COLMA, THA, and PEGDA (illus-

trated in Figure 5.1) at 8 mg/mL under sterile conditions. The 8 mg/mL neutralized COLMA 

stock (CELLINK, USA) was dissolved in 20mM acetic acid, with 0.1% (w/v) of Lithium phenyl-

2,4,6-trimethylbenzoylphosphinate (LAP) photo-initiator, and the pH was adjusted to around 7.5. 

The 8 mg/mL thiolated HA stock solution (Hystem, Advanced Biomatrix, USA) was prepared by 

dissolving with deionized water with 0.1% w/v of LAP photo-initiator. To prepare the 

COLMA+THA bioink, the COLMA was mixed with THA with a ratio of 1:1. To prepare the 

COLMA+THA+PEGDA solution, the solid PEGDA (Hystem, Advanced Biomatrix, USA) was 

first mixed with COLMA, then mixed with THA. The ink formulations for each group are sum-

marized in Table 5.2.  

Table 5.2 Formulation of each group of bioink 

 COLMA

: THA: 

PEGDA 

COLMA 

concentra-

tion 

THA 

concen-

tration 

PEGDA 

concentra-

tion 

LAP con-

centration 

Total bi-

opolymer 

concentra-

tion 

Total 

solid con-

centration 

COLMA bioink 1:0:0 8mg/mL 0 0 0.1% w/v 8mg/mL 8mg/mL 

COLMA+THA 

bioink 

1:1:0 4mg/mL 4mg/mL 0 0.1% w/v 8mg/mL 8mg/mL 

COLMA+THA+

PEGDA bioink 

1:1:0.5 4mg/mL 4mg/mL 2mg/mL 0.1% w/v 8mg/mL 10mg/mL 

5.2.3 Rheology characterization and 3D bioprinting process 

A rotatory rheometer (AR-G2, TA Instrument, USA) with a 25 mm parallel plate was used to 

evaluate the rheology property of the bioinks. For steady-state flow sweep, shear rates were set at 

10-3 to 103 s-1 under 16 ℃. The temperature sweep was set between 16 ℃ and 40 ℃ with a ramp 

rate of 1 °C with fixed strain (1%, within the linear viscoelastic envelope) and frequency (10 

rad/s). For oscillatory frequency sweep, a frequency of 1 to 100 rad/s with fixed strain (1%) was 
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used under 16 ℃. TRIOS software (TA Instruments, United States) was used to analyze the re-

sulting data. 

Micro-extrusion-based bioprinter, BIO X (CELLINK, Sweden), was used to print the construct 

into a petri-dish. The cells were first mixed with the bioink material with a cell concentration of 

10 million/mL. The bioinks were then rested in the fumehood for 1 hour. The bioinks were then 

loaded into the cartridge. A 2 cm*2 cm*0.2cm constructs with a 30% infill rate were bioprinted 

in the petri-dish. The bioprinted constructs were then crosslinked by UV for 90 seconds. 

5.2.4 Live/Dead Assay 

The NCs cell viability after printing was assessed by Syto 13/Propidium iodide (PI) staining, 

Syto 13 (S7575, Thermo Fisher Scientific, Canada) stains the live-cell in green fluorescent, and 

PI (P3566, Thermo Fisher Scientific, Canada) stains the dead-cell in red fluorescent. After bi-

oprinting, the constructs (before and after UV curing) were cultured in a chondrogenic me-

dium(100 U/mL penicillin, 100 μg/mL streptomycin, 2 mM L-glutamine, 10 mM HEPES, 

ITS + 1 premix, 10 ng/mL transforming growth factor β3, 100 nM dexamethasone, 365 μg/mL 

ascorbic acid 2-phosphate, 125 µg/mL human serum albumin and 40 μg/mL L-proline) for 1 day, 

then incubated in 1mL PBS solution with 6.25 µM Syto 13 and 15 µM PI at room temperature in 

the dark for 30 minutes. A Nikon Eclipse TiS microscope coupled to a DS-U3/Fi2 Color CCD 

camera was used to view the viability of bioprinted constructs. Fuji Image J software was used to 

quantify. 
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5.2.5 Evaluation of cartilage formation 

To compare and evaluate the cartilaginous ECM formation of each bioink material after in vitro 

culture, each of the three bioinks was mixed with NCs with a cell concentration of 10 million/mL 

and then cast in low attachment flat-bottom 96-well plates (Sarstedt, Germany). 75 µL of cell-

laden bioink materials was added into each well. The chondrogenic medium containing 10 

ng/mL of TGF-β3 was used for in vitro tissue culture for 6 weeks under normoxia condition 

(21% O2). In the first two weeks, 250 µL/construct of the chondrogenic medium was used for tis-

sue culture; the medium was changed every day in the first two weeks. The constructs were then 

transferred into 24 well plates in the following four weeks with 2 mL/constructs of the chondro-

genic medium; the medium was changed twice per week.  

5.2.5.1 Gross morphology pictures and the contraction/swelling ratio 

After six weeks of chondrogenic culture, the shape and the size of the engineered cartilage con-

structs were recorded a Zeiss stereo microscope. The surface area of the constructs was measured 

through Image J software. As the initial cast area of the 96-well plate is 29 mm2, the contrac-

tion/swelling ratio was calculated as 

𝐶𝑜𝑛𝑡𝑟𝑎𝑐𝑡𝑖𝑜𝑛

𝑠𝑤𝑒𝑙𝑙𝑖𝑛𝑔
𝑟𝑎𝑡𝑖𝑜 (%) =

 𝐴 𝑎𝑓𝑡𝑒𝑟 𝑐𝑢𝑙𝑡𝑢𝑟𝑒 − 29 𝑚𝑚2

29 𝑚𝑚2
 

The negative value indicates a contraction of the scaffold, and the positive value indicates a 

swelling of the scaffold.  
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5.2.5.2 Sulfated glycosaminoglycans per DNA quantification  

A 1,9–dimethylmethylene blue (DMMB, Sigma-Aldrich, Canada) assay with chondroitin sulfate 

(Sigma Aldrich, Canada) as standard was used to measure the glycosaminoglycan (GAG) con-

tent of the bioprinted cartilage. Firstly, PBS was used to rinse the bioprinted cartilage twice. The 

bioprinted cartilage was then stored at - 80 ℃.  Then, the constructs were thawed and digested in 

Proteinase K (1 mg/ml) solution for 16 hours at 56 ℃. The V-max kinetic microplate reader 

(Molecular Devices, USA) was used to evaluate the total GAG content at a wavelength of 530 

nm.  

To measure the DNA content of the constructs, a DNA assay was performed using the 

CyQUANT Cell Proliferation Assay Kit (Thermo Fisher Scientific). A standard curve was cre-

ated using calf thymus DNA (Sigma-Aldrich).  CytoFluor II fluorescence multi-well plate reader 

(PerSeptive Biosystems) was used to measure fluorescence emission at 530 nm (excitation 450 

nm). Lastly, GAG content was normalized to total DNA and wet weight (WW) of the construct. 

5.2.5.3 Histology and Immunofluorescence 

After 6 weeks of in vitro culture, the engineered cartilage samples were fixed in 10% (v/v) neu-

tral buffered formalin (Fisher Scientific, MA, USA) overnight at 4 ℃. The samples were then 

paraffin-embedded and sectioned into 5 µm thickness slices. To perform the staining, the sec-

tioned slides were deparaffinized using a Ultraclear (xylene substitute) and rehydrated using a 

graded series of 100%, 96% v/v, 70% v/v, and 50% v/v alcohol and distilled water. Then the sec-

tions were stained for histology using Safranin-O/Fast Green and immunofluorescence using 

type I/ type II and type X collagen antibodies.   
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For Safranin-O/Fast green histology staining, sections were first stained by Haematoxylin 

(Sigma-Aldrich, United States) for cell morphology, then stained by Fast Green (Sigma-Aldrich, 

USA) stained for histones and proteins, and finally stained by Safranin-O (Sigma-Aldrich, USA) 

for sulfated glycosaminoglycan. 

For immunofluorescence staining, the sections were first gone through antigen retriever step de-

scribed previously[398]. Sections were then incubated with primary type I (Rabbit anti-human 

type I collagen, CL50111AP-1, Cedarlane, Canada), type II (mouse anti-type II collagen, II-

II6B3, Developmental Studies Hybridoma Bank, USA), and type X collagen (rabbit anti-human 

collagen X, Abcam, UK, #ab58632) with 1:200 dilution overnight at 4°C. The secondary anti-

bodies (goat anti-rabbit IgG Alexa Fluor 594 #ab150080; goat anti-mouse, IgG Alexa Fluor 488 

#ab150117, Abcam, UK) with 1:200 dilution was incubated with the slides for 45 minutes to vis-

ualize the bound primary antibodies. The sections on the slides were stained with DAPI (4′, 6-

diamidino-2-phenylindole, Cedarlane) to visualize the cell nuclei. Nikon Eclipse TI-S micro-

scope was used to examine the stains and capture images.  

5.2.5.4 Real-time qRT-PCR 

Tissue constructs (n = 2 for each donor and N =10) were preserved in Trizol (Life Technologies, 

United States) immediately upon harvesting and stored at −80°C for RNA extraction. Total RNA 

was extracted with PuroSPIN Total DNA Purification KIT (Luna Nanotech, Canada) following 

the manufacturer’s protocol. The purity and concentration of the extracted RNA were immedi-

ately examined using Nanodrop One C (Thermo Fisher Scientific). 100ng of total RNA was re-

versely transcribed into cDNA. The genes of interest were amplified by quantitative real-time 

polymerase chain reaction (RT-qPCR) using their specific primers (Table 5.3).  
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The mRNA expression level for genes of interest was normalized to the housekeeping genes β-

actin (ACTB), Beta-2 microglobulin (B2M), and Tyrosine 3-Monooxygenase/Tryptophan 5-

Monooxygenase Activation Protein Zeta (YWHAZ), using the 2−∆Ct method. 

Table 5.3 Primer Sequences for Real-Time qRT-PCR 

Genes Forward Primer (5′) Reverse Primer (3′) 

Beta-actin (ACTB) AAGCCACCCCACTTCTCTCTAA AATGCTATCACCTCCCCTGTGT 

Beta-2 microglobulin 

(B2M) 
TGCTGTCTCCATGTTTGATGTATCT TCTCTGCTCCCCACCTCTAAGT 

Tyrosine 3-Mono-oxygen-

ase/Tryptophan 5-

monooxygenase activation 

protein Zeta (YWHAZ) 

TCTGTCTTGTCACCAACCATTCTT TCATGCGGCCTTTTTCCA 

Aggrecan (ACAN) AGGGCGAGTGGAATGATGTT GGTGGCTGTGCCCTTTTTAC 

type I collagen (COL1A2) GCTACCCAACTTGCCTTCATG 
GCAGTGG-

TAGGTGATGTTCTGAGA 

type II collagen (COL2A1) CTGCAAAATAAAATCTCGGTGTTCT GGGCATTTGACTCACACCAGT 

SRY-Box 9 (SOX9) CTTTGGTTTGTGTTCGTGTTTTG 
AGAGAAA-

GAAAAAGGGAAAGGTAAGTTT 

Collagen X (COL10A1) 
GAAGTTATAATTTACAC-

TGAGGGTTTCAAA 

GAGGCACAGCTTAAAAGTTTTAA

ACA 

Runt related transcription 

factor 2 (RUNX2) 
GGAGTGGACGAGGCAAGAGTTT AGCTTCTGTCTGTGCCTTCTGG 

Peroxisome proliferative 

activated receptor gamma 

(PPARγ) 

AAGCTGCTCCAGAAAATGACAGA CGTCTTCTTGATCACCTGCAGTA 

Alpha smooth muscle Ac-

tin (ACTA2) 
CTATGCCTCTGGACGCACAACT CAGATCCAGACGCATGATGGCA 

Transgelin (TAGLN) AGTGGGGGAGGCTGACAT TCGCAGGAAGGAGTGAAGAC 

Lysyl Oxidase Like 2 

(LOXL2) 
ACGGCCACCGCATCTG TCCGTCTCTTCGCTGAAGGA 

 

5.2.6 Mechanical properties of engineered cartilage tissue 

A stepwise stress relaxation test was used to assess the unconfined compressive modulus of tis-

sue constructs using the BioDynamic 5210 system (TA Instruments, USA). Constructs were first 

preconditioned by 15 cycles of sine wave dynamic loading with an amplitude of 5% tissue height 

at the frequency of 1 Hz. The following stress relaxation test consisted of 3 incremental strain 
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steps with a 10% strain ramp in each step at the rate of 50% strain/sec followed by 5 min relaxa-

tion to reach equilibrium under constant strain. The cross-section areas of tissue constructs were 

measured before mechanical tests. Stress at each step was calculated by normalizing the com-

pressive force to the cross-section area. The peak modulus was calculated by dividing the peak 

stress at each strain step by the corresponding strain increment (10%). The equilibrium modulus 

was determined by utilizing the equilibrium stress value obtained at the conclusion of the relaxa-

tion period for each strain increment. 

5.2.7 Data analysis and statistical method 

One-way ANOVA (donor was treated as repeated measurements) was used to compare the 

GAG/DNA, wet weight, gene expression, change of area, and compressive modulus at each 

strain level. Tukey’s post hoc test was performed for the pairwise comparisons in bioink types. 

Two-way ANOVA (donor was treated as repeated measurements) was performed to assess the 

cell viability before and after UV curing within the three bioink groups. Tukey’s post hoc tests 

were performed for the pairwise comparisons to compare two variables. Data are presented as 

mean ± standard deviation (SD). All analyses were performed using GraphPad Prism 8. A p-

value < 0.05 was considered statistically significant, and a p-value between 0.05 and 0.1 was 

considered borderline significant. 
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5.3 Results 

5.3.1 Rheology characterization and 3D bioprinting of engineered cartilage with autolo-

gous shapes   

The rheological property of each bioink group was studied to estimate the printability of the po-

tential bioinks. After mixing, the bioinks were rested in the hood before printing to allow for any 

crosslinking reactions. The flow sweep (viscosity vs. shear rate) of all three bioinks is shown in 

Figure 5.3A. All three bioinks exhibited shear-thinning behavior, where the viscosity of the bio-

inks decreased as the shear rate increased. The COLMA demonstrated lower zero share viscosity 

than both COLMA+THA and COLMA+THA+PEGDA bioinks.  

Collagen solutions exhibit thermo-induced fibril polymerization behavior as temperature in-

creased. Since the tissue culture incubator has a temperature of 37°C, the temperature range of 

16-40 °C was selected to measure the thermos-induced fibril polymerization profile of three bio-

inks. The changes in storage modulus (G’) from a temperature range of 16-40 °C are shown in 

Figure 5.3B. All three bioinks displayed different polymerization profiles as the temperature in-

creased. COLMA showed the least storage modulus at the lower temperature (16°C). As the tem-

perature increased, a dramatic increase in storage modulus was shown from around 25 to 35°C, 

then gradually plateaued after 35°C. The COLMA+THA and COLMA+THA+PEGDA required 

a higher temperature to respond to the fibril polymerization. After the polymerization, the 

COLMA+THA and COLMA+THA+PEGDA showed a slower increase in storage modulus and 

smaller maximum storage modulus in the selected temperature range. 

A frequency sweep is used to compare the bioink microstructure before and after cross-linking. 

Storage moduli (G’) indicate the elastic behavior of the bioink, and loss moduli (G’’) indicate the 
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viscous behavior. In Figure 5.3C, for all three bioinks, the G’ is higher than the G’’, meaning that 

all three bioinks showed a gel-like behavior before cross-linking. The difference between the 

storage and loss modulus of COLMA is less significant than in the COLMA+THA and 

COLMA+PEGDA, and both G’ and G’’ are smaller than the other two bioinks and are highly de-

pendent on the frequency. COLMA+THA and COLMA+THA+PEGDA showed similar G’ and 

G’’ profiles under frequency sweep. COLMA+THA+PEGDA showed slightly higher G’ than 

COLMA+THA. Figure 5.3D shows the G’ and G’’ of the bioinks after 90 seconds of UV cross-

linking. The G’ of COLMA, COLMA+THA and COLMA+THA+PEGDA increase around 17.5-

fold, 10.1-fold, and 5.4-fold, respectively. Both G’ and G’’ are almost independent of frequency 

for all bioinks after the UV crosslinking.  

Grid structures were then printed to demonstrate and compare the printability between each bio-

ink group. The bioprinted constructs are shown in Figure 5.3E. Relative to COLMA, the 

COLMA+THA and COLMA+THA+PEGDA showed better printability regarding post-printing 

diameter. The COLMA+THA+PEGDA showed the best printing fidelity with the finest filament 

diameter after printing. 

After bioprinting, the cell viabilities for COLMA, COLMA+THA, COLMA+THA+PEGDA was 

determined to be 90.9 ± 0.5%, 89.5% ± 1.5%, and 85.71% ± 0.6%, respectively (Figure 5.3F and 

Figure 5.3G). No significant difference was observed between COLMA vs. COLMA+THA 

groups and COLMA+THA vs. COLMA+THA+PEGDA group, while a significant difference 

was observed between COLMA and COLMA+THA+PEGDA group (adjusted p value = 0.0268). 

After UV curing, the cell viability for COLMA, COLMA+THA, and COLMA+THA+PEGDA 

were determined to be 62.3% ± 5.8%, 85.7% ± 1.2% and 83.3% ± 1.2%, respectively. A signifi-

cant drop in cell viability was observed in the COLMA group (adjusted p value <0.0001) with a 



 

196 

 

mean difference of -23.4%. The other two groups observed no significant difference before and 

after UV curing. The cell viability after curing for COLMA is significantly lower than 

COLMA+THA and COLMA+THA+PEGDA (adjusted p value <0.0001 for both).  

 

Figure 5.3 3D-bioprinting related rheological and cell viability characterization. (A) The steady state flow 

sweeps of three bioinks, strain rate from 0.001 to 1000 s-1, at 16°C (without UV crosslinking) (B) The 

temperature ramp sweep of three bioinks from 16°C to 40°C at 10 rad/s (without UV crosslinking) (C) 

The frequency sweep of three bioinks, angular frequency from 1-100 rad/s (without UV crosslinking) at 

16°C (D) The frequency sweep of three bioinks, angular frequency from 1-100 rad/s (after UV crosslink-

ing) at 16°C (E) 3D bioprinted mesh structure using three bioinks. Scale bar: 1 cm  (F) Quantified cell vi-

ability of bioprinted constructs before and after UV crosslinking (n=4), Star (*) represent the significant 

difference with regarding of types of bioink after Tukey’s post hoc correction: * represents 0.01<p <0.05, 

** represents 0.001<p<0.01, *** represents 0.0001<p<0.001, **** represents p<0.0001. Pound (#) repre-

sent the significant difference with regarding of the effect of UV curing after Tukey’s post hoc correction: 

# represents 0.01<p <0.05, ## represents 0.001<p<0.01, ### represents 0.0001<p<0.001, #### represents 
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p<0.0001. (G) Live/dead images after bioprinting, with and without UV crosslinking, live cell appears 

green and dead cell appears red, Scale bar: 100µm  

5.3.2 Gross morphology and contractility of in vitro engineered cartilage 

To investigate the potential of the bioinks to support in vitro chondrogenesis of the encapsulated 

nasal chondrocytes, the bioinks with cell content were cast into 96-well plates and cultured under 

normoxia conditions for 6 weeks.  The size of the casted scaffold varied between donors (Figure 

5.4A). In general, the addition of crosslinker (PEGDA) resulted in no contraction, which was ob-

served for all 5 donors after 6 weeks of in vitro chondrogenic culture. The 

COLMA+THA+PEGDA also swelled more compared to the other groups, with an average 

swelling ratio of 27.7% (Figure 5.4B). For the COLMA only group, all the constructs were sig-

nificantly contracted with a contraction ratio of 49.7% (Figure 5.4B).  For COLMA+THA group, 

the contraction/swelling of the constructs was highly dependent on the  nasal chondrocytes’ do-

nor: three constructs swelled, and two  contracted. The average change area (absolute value) was 

31.4% (Figure 5.4C). In general, the COLMA+THA+PEGDA retained the casted morphology, 

displayed a predictable swelling pattern, and was the least unchanged in surface area regardless 

of donor variability.  

 

Figure 5.4 (A) Gross morphology of engineered cartilage using COLMA, COLMA+THA, 

COLMA+THA+PEGDA bioink materials with nasal chondrocytes after 6 weeks of in vitro chondrogenic 

culture. Scale bar: 2mm (B) The contractility (negative -) and the swelling (positive +) of the construct 
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compared to the initial casting area (29mm2). (C) the absolute area changes of the constructs before and 

after in vitro culture. 

5.3.3 Histological analysis of in vitro engineered cartilages 

The empty bioink showed positive Fast Green staining, but no positive Safranin-O or type I col-

lagen stained (data not shown).  

After 6 weeks of chondrogenic culture, all constructs showed positive Safranin-O staining 

throughout the construct (Figure 5.5A). Most NCs exhibited round chondrocyte morphology 

within the bioink to form round lacuna structures in all three groups. Type I collagen (red) and II 

(green) immunofluorescence was performed for each group, as shown in Figure 5.5A. All con-

structs show positive type I and II collagen staining, with type II collagen being much for evident 

throughout the construct and type I collagen is mainly on the paraffin of the tissue. A variation 

was observed between the donors. No type X collagen was stained for all three groups.  

 

Figure 5.5 Qualitative histology and immunofluorescence investigation of cartilaginous ECM for engi-

neered cartilages (A) Safranin-O staining (red or pink represents proteoglycan, green represents collagen-
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based protein), type I collagen and II staining (red represents type I collagen, green represents type II col-

lagen, blue represents DAPI), Collagen X staining (red represents collagen X, blue represents DAPI). 

Quantitative physical and biochemical analysis of engineered cartilages (B) DNA content in the con-

structs (C) GAG/DNA (D) Weight wet (WW) (E) GAG/WW. p values are from one-way ANOVA with 

Tukey’s post hoc test. Star (*) represent the significant difference with regarding of types of bioink after 

Tukey’s post hoc correction: * represents 0.01<p <0.05, ** represents 0.001<p<0.01, *** represents 

0.0001<p<0.001, **** represents p<0.0001.  

5.3.4 GAG/DNA quantification of in vitro engineered cartilages 

To quantitatively analyze GAG formation for each bioinks after 6 weeks of chondrogenic cul-

ture, a DMMB blue assay was performed to measure the GAG content, and CyQuant DNA assay 

was performed to measure the DNA content for each group. The DNA content, GAG per DNA 

(GAG/DNA), weight wet (WW), GAG per WW (GAG/WW) are presented in Figure 5.5B, C, D 

and E, respectively.  

The DNA content was measured to investigate the cell amount and proliferation. The DNA con-

tent is generally constant throughout all three groups (One-way ANOVA p=0.3247). The accu-

mulated GAG content was measured and normalized to DNA content for each engineered carti-

lage construct to assess the ability of the nasal chondrocytes to produce GAG in the different bio-

inks. The COLMA+THA+PEGDA group showed significantly higher GAG/DNA than the 

COLMA and COLMA+THA (Tukey’s adjusted p=0.0362, p=0.0473 respectively), while no sig-

nificant difference was observed between COLMA and COLMA+THA group.  

The total wet weight (WW) of the engineered constructs includes the ECM and water. COLMA 

group showed a significantly lower WW compared to COLMA+THA and 

COLMA+THA+PEGDA (adjusted p=0.0003, p=0.0038, respectively). The GAG contents were 

then normalized by WW for each engineered cartilage. COLMA showed the highest GAG/WW 
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among the groups (adjusted p=0.0177 compared to COLMA+THA, p=0.0379 compared to 

COLMA+THA+PEGDA).  

5.3.5 Mechanical properties of in vitro engineered cartilages 

The compressive modulus (peak) for each experimental group was measured by an unconfined 

compression test. Figure 5.6 shows the compressive modulus of the engineered cartilage con-

structs. COLMA group showed a significantly higher compressive modulus compared to the 

COLMA+THA and COLMA+THA+PEGDA at 10% (adjusted p = 0.0386, 0.0225 respectively), 

20% (adjusted p = 0.0353, 0.0222 respectively) and 30% (adjusted p = 0.0148, 0.0090 respec-

tively) stain levels. No significant difference was observed between COLMA+THA and 

COLMA+THA+PEGDA groups.  

 

Figure 5.6 Mechanical property of the bioinks, (A) Example of strain steps and data acquisition of the un-

confined compression test (B) Equilibrium modulus as a function of the cumulative strain (n=5) (c) Peak 

modulus as a function of the cumulative strain (n=5). Star (*) represent the significant difference with re-

garding of types of bioink after Tukey’s post hoc correction: * represents 0.01<p <0.05, ** represents 

0.001<p<0.01, *** represents 0.0001<p<0.001, **** represents p<0.0001. 

5.3.6 Gene expression of in vitro engineered cartilage 

The gene expression data of the engineered cartilage is shown in Figure 5.7A. The engineered 

cartilage in the different bioinks significantly differed in chondrogenic gene expression (ACAN, 

COL2A1, SOX9) and hypertrophic gene expression (COL10A1, RUNX2). COLMA demonstrated 

the highest expression of selected chondrogenic genes (ACAN, COL2A1, and SOX9) among all 
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three groups, with statistically significant results.At the same time, COLMA showed a relatively 

high hypertrophic gene expression (COL10A1, RUNX2) among all three groups with borderline 

significance. No significant difference was observed in the fibrocartilage-related gene (COL1A2) 

and adipogenic-related gene (PPARγ). To investigate the contractility/swelling of the tissue, the 

expression of ACTA2 and TAGLN as genes known to be associated with the contractile pheno-

type of dedifferentiated chondrocytes were measured. However, there was no significant differ-

ence in the expression of these genes  between the three bioinks. Similarly, there was no signifi-

cant difference in the expression of the collagen cross-linking enzyme (LOX) between the three 

bioinks.  

To better understand the difference between these three different bioinks, a Pearson correlation 

heatmap was generated for the three bioinks cohort with all factors of interest (Figure 5.7B). For 

all three bioinks, the area of the constructs positively correlated with the GAG/DNA and WW. 

For COLMA and COLMA+THA, the size of the constructs was negatively correlated with the 

contractile genes ACTA2 and TAGLN. On the other hand, by adding the additional crosslinker to 

the bioink, COLMA+THA+PEGDA did not show this correlation. For COLMA and 

COLMA+THA groups, the area of the construct showed a strong negative correlation with the 

compressive modulus, which means the more the construct contracted, the higher the compres-

sive modulus of the engineered cartilage, while this is not observed in the COLMA+THA+PEG. 

The GAG/DNA value of the COLMA and COLMA+THA are positively correlated with the 

chondrogenic gene expression, while the COLMA+THA+PEGDA did not. Overall, the correla-

tion analysis yielded different patterns among each bioink cohort.  
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Figure 5.7 (a) Hyaline cartilage related gene expression of the engineered cartilage after 6 weeks of in 

vitro chondrogenic culture (n=5). (b) Pearson correlation heatmap of analyzed factors. Star (*) represent 

the significant difference with regarding of types of bioink after Tukey’s post hoc correction: * represents 

0.01<p <0.05, ** represents 0.001<p<0.01, *** represents 0.0001<p<0.001, **** represents p<0.0001.  
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5.4 Discussion 

In this present work, we did a proof-of-concept study by preparing a pre-crosslinked (arylate – 

arylate, arylate – thiol, thiol - thiol) collagen – hyaluronic acid – PEGDA bioink for cartilage tis-

sue engineering. Three groups of bioinks, including COLMA-only, COLMA+THA, and 

COLMA+THA+PEGDA, were compared regarding support for in vitro cartilage ECM for-

mation, gross morphology, gene expression and mechanical property.  

The arylate-thiol reaction could happen slowly without any crosslinker, and the disulphide-linked 

network (thiol-thiol) can result from the oxidation of the thiols in THA to molecular oxygen in 

ambient air (Figure 5.1). These two reactions increase the solid-like behavior of the 

COLMA+THA and COLMA+THA+PEGDA bioinks. The frequency sweep test without UV 

curing (Figure 5.3C) further validates the gel formation. Even all bioinks showed a predomi-

nance of G’ over G’’ (G’>G’’), indicating gel-like behavior. The G’ and G’’ for COLMA+THA 

and COLMA+THA+PEGDA are more frequency independent than the COLMA bioink, and the 

G’ of these two bioinks are much higher than COLMA. The frequency independence of G’ and 

G’’ indicates a large relaxation time, which characterizes more solid-like behavior [432]. There-

fore, the COLMA showed weaker gel behavior compared to the other two bioinks. The stronger-

gel behavior in COLMA+THA and COLMA+THA+PEGDA gave better dimensional stability of 

the printed structure and more precise filament diameter than COLMA bioink, which allows the 

bioink to hold its shape for some time following printing and before UV crosslinking (Figure 

5.3E). 

Shear-thinning property can alleviate shear stresses acting on the cells during the flow through in 

the printing nozzle. Therefore, this is an important property for bioinks used in extrusion-based 
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bioprinting[432]. In the steady state flow sweep test (Figure 5.3A), all three bioinks exhibited a 

shear-thinning behavior – decreasing viscosity as the shear rate increased.  Both collagen and 

HA are long-chain biopolymers. The shear thinning behavior may be attributed to the biopoly-

mer chain's disentanglement and the break of structured chain-chain interactions during flow. As 

the shear rate increases, the entanglement, as well as the interactions of the hydrogel network, is 

weakened, and the entrapped liquid that resists the flow is released, and therefore the viscosity 

decreases.  

As collagen exhibits a thermosensitive property, a temperature sweep test was used to investigate 

the behavior of thermo-responsive G. The pre-crosslinking increased the initial G’ at a low-tem-

perature range but flattened the sol-gel transition of the bioink and yielded a weaker thermosensi-

tive network. This may be due to the dilution of the collagen concentration by THA since the 

collagen concentration is known to affect the fibrillogenesis process[188]. For COLMA-only bi-

oink, collagen concentration was 8 mg/mL, while by adding the HA biopolymer in a 1:1 ratio, 

the collagen concentration was diluted into 4 mg/mL for COLMA+THA and 

COLMA+THA+PEGDA.  

After 90 seconds of UV crosslinking, the G’ of COLMA increased about 17.5-fold, while the G’ 

of COLMA+THA and COLMA+THA+PEGDA increased about 10.1-fold and 5.4-fold, respec-

tively. This may be attributed to the pre-crosslinking of COLMA+THA and 

COLMA+THA+PEGDA. Even though UV curing can accelerate the thiol-ene click reaction, 

some binding sites (acylate and thiol) for the structure assembly have been consumed in the pre-

crosslinking stage before UV curing. The COLMA+THA+PEGDA still showed the highest G’ 

among all three bioinks after UV curing at 16 °C.  
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In addition to printability, cell viability after printing and crosslinking also plays a vital role in 

the success of 3D bioprinting. A LIVE/DEAD assay was performed to investigate the cell viabil-

ity after bioprinting and after UV curing. COLMA showed the highest cell viability after bi-

oprinting (without UV curing) compared to the other two bioinks. As the COLMA bionk is the 

least viscous among the three groups, it generated the smallest shear stress during the printing 

process and leading to higher cell viability. However, COLMA showed a significantly reduced 

cell viability after the UV crosslinking process, while no significant difference was observed for 

COLMA+THA and COLMA+THA+PEGDA. Through UV crosslinking, (meth)acrylate groups 

were photo-crosslinked through radical chain-growth reaction to from arylate-arylate bond, while 

the UV crosslinking can also accelerate thiol-ene radical step-growth reaction between the 

(meth)acrylate group and thiol group. This means that there are different polymerization reaction 

models in these three bioinks. Both COLMA+THA and COLMA+THA+PEGDA achieve the ge-

lation by a mixed model of chain-growth and step-growth reaction, while the COLMA group 

only involved the chain-growth reaction. Previous research has reported the influence of chain-

growth and step-growth polymerization reactions on cell viability and protein activity after in 

situ UV cross-linking. Lin et al. showed that the step-growth thiol-ene photo-click gelation in a 

PEG-based hydrogel showed more cytocompatibility than chain-growth polymerization for in 

situ pancreatic β-cells[433]. Monoz et al. reported that the thiol-ene reaction showed signifi-

cantly higher cell viability for in situ human mesenchymal stem cells (MSC) encapsulation than 

the chain-growth arylate reaction [434]. Mũnoz et al suggests that propagating acrylate chain 

growth reactions are more reactive than the thiol-ene step growth, which may lead to damaging 

reactions with protein and/or lipids in the cell membrane[435]. Previous studies have also con-

firmed that arylate chain growth reaction may cause lipid peroxidation of the cell membrane in 
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chondrocytes, which leads to intracellular reactive oxygen species (ROS) generation[436]. We, 

therefore, hypothesize that the significant decrease in cell viability in COLMA group may be due 

to the propagation of acrylate-based radical attack of the chondrocytes during crosslinking, lead-

ing to upregulation of intracellular ROS, further causing the increase in cell death in the COLMA 

bioink [437].  

The spreading of cells will generate a traction force in hydrogel, and as the mechanical strength 

of the hydrogel network cannot resist the force, a cell mediated contraction can occur[438]. 

Chondrocytes exhibit a contractile property in collagen hydrogel, which is considered one of the 

significant obstacles to the application in cartilage tissue engineering[439]. In COLMA only 

group, a significant contraction was observed, while partial contraction was observed in 

COLMA+THA group, and no contraction was observed in the COLMA+THA+PEGDA group. 

This may be attributed to two reasons n: 1) differences in the polymerization model may contrib-

ute to the difference in contractile properties for the engineered cartilage constructs; 2) specific 

ECM components with different ECM ligands may contribute to the different contractile proper-

ties in each bioink. The step-growth polymerization can form a more homogeneous and struc-

tured polymer network compared to chain-growth polymerization, which leads to a less contrac-

tile property[440]. By adding a thiol crosslinker, PEGDA, a higher crosslinking density in step-

growth hydrogel can be achieved. The higher crosslinking density will further enhance the poly-

mer structured network, making the network more stable and improving restriction on the 

spreading of the chondrocytes, thereby reducing the contraction [441]. Biologically, the cell ad-

hesion motif in COLMA includes the GxOGER and RGD peptide, with which chondrocytes can 

interact through integrin receptors, while for COLMA+THA and COLMA+THA+PEGDA bio-

inks, the chondrocytes are able to recognize both collagen and hyaluronic acid through integrin 
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and CD44 receptors, respectively. This observation aligns well with previous literature. Yang et 

al. found that HA showed no shrinkage, while the type I collagen hydrogel showed significant 

contraction under in vitro chondrogenic culture of bone marrow stem cells (BM-MSC)[438]. By 

adding hyaluronic acid to the collagen I hydrogel, there was a significant reduction in contraction 

[442]. A study with bovine chondrocytes demonstrated that β1 integrin plays an essential role in 

collagen gel contraction by mediating signals leading to matrix metalloproteinase (MMP) pro-

duction and collagen remodeling [443]. The entrapment of water by the negatively charged HA 

may also be a reason that resists the contraction by the cell[444]. In addition, as the cell surface 

is negatively charged, the negatively charged HA may cause electrostatic repulsion to cells, 

which was not conducive to spreading, therefore leading to a weaker cell traction force. 

All three bioinks showed positive cartilaginous ECM staining (sulphated GAG and type II colla-

gen) without hypertrophic protein formation (type X collagen) throughout the constructs. This 

indicates that all three bioink supported cartilaginous tissue formation. COLMA+THA+PEGDA 

showed the highest GAG/DNA, which meant that the nasal chondrocytes in the 

COLMA+THA+PEGDA bioink had a better GAG synthetic capacity. The GAG/DNA result 

matched well with the gross appearance of the safranin-O stained sections, where the staining of 

the sections from the COLMA+THA+PEGDA engineered cartilage constructs were homoge-

nously evident throughout the whole constructs developed from the nasal chondrocytes of all 

five donors. It is highly probable that the homogenous deposition of the GAG matrix within the 

COLMA+THA+PEGDA bioink was in part due to the bioink’s capacity to resist cell-mediated 

contraction which allowed them to maintain a more porous microstructure that was beneficial for 

nutrient transport.  
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The wet weight of both COLMA+THA and COLMA+THA+PEGDA were significantly higher 

than COLMA while the GAG/WW of COLMA was significantly higher than COLMA+THA 

and COLMA+THA+PEGDA. This may be due to the presence of HA in the bioink since the 

abundant carboxyl groups in HA can easily interact with water to form hydrogen bonds, making 

it a super hydrophilic molecule that can absorb large amounts of water. HA can significantly in-

crease the wet weight, leading to a lower GAG/WW for the THA-incorporated bioniks[444]. The 

higher GAG/WW results in more GAG molecules in unit mass of engineered cartilage tissue, 

with a denser GAG distribution, which agrees with the contractile gross morphology of the 

COLMA bioink.  

The higher compressive modulus of the engineered cartilages via COLMA bioink relative to the 

engineered cartilage in the COLMA+THA and COLMA+THA+PEGDA bionks is most likely 

due to the significant cell-mediated contraction in the COLMA bioink. The compressive moduli 

for COLMA and COLMA+THA are strongly negatively correlated to the area of the scaffold 

(Pearson r = -0.9 and -1, respectively), meaning that the more the scaffold contracts, the higher 

the compressive modulus. This further proved that the contraction led to a denser tissue for-

mation, further increasing mechanical properties.  

ACTA2 and TAGLN are characteristics of the contractile phenotype in dedifferentiated articular 

chondrocytes, in which their activity is associated with cytoskeletal composition and struc-

ture[445, 446]. ACTA2 and TAGLN expression negatively correlated with the area of engineered 

cartilage constructs and positively correlated with the compressive modulus in both COLMA and 

COLMA+THA bioinks. These correlations suggests that the expression of ACTA2 and TAGLN 

are associated with the contractile phenotype of the nasal chondrocytes in the COLMA and 

COLMA+THA bioinks. Furthermore, it is probable that the myocardin-related transcription 
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factor-a (MRTF-A) is involved in regulating this contractile phenotype. MRTF-A has been 

shown to upregulate ACTA2 and TAGLN expression in the acquisition of the contractile pheno-

type articulated chondrocytes[446]. For the enhanced crosslinking group, 

COLMA+THA+PEGDA, since no contraction of the engineered cartilage was observed, there 

are no correlations between the mechanical property and the contractile gene expression. To fur-

ther improve the mechanical property of COLMA+THA+PEGDA for bioprinting, low cytotoxic 

crosslinkers such as genipin, transglutaminase, and lysl oxidase can be used to further improve 

the mechanical property of engineered cartilage after bioprinting or during the culture period. 

Even though the GAG/DNA of the COLMA+THA+PEGDA are significantly higher than the 

other two bioink groups, the COLMA group showed the highest gene expression in all chondro-

genic-related genes of interest (ACAN, COL2A1, and SOX9). The reason for the unmatched gene 

expression profile with the GAG/DNA is unclear and will require future investigation. But a sim-

ilar observation was reported by Yang et al [438]. Yang and co-authors found that in vitro chon-

drogenic culture of BM-MSC in HA hydrogel displayed the lowest SOX9 and COL2A1 expres-

sion relative to their in type I collagen hydrogel, but with similar GAG content. It is probable 

that the cell-mediated contraction in the type I collagen hydrogel recapitulated to some extent the 

cellular condensation during the early stages of chondrogenic differentiation. While the minimal 

or lack of cell-mediated contraction in the HA hydrogel enabled space for the chondrogenically 

induced BM-MSC to secrete cartilage-related ECM. Therefore, we speculate that the extensive 

cell-mediated contraction of the COLMA bioinks enable cellular condensation leading to an in-

crease of chondrogenic gene expression. However, the contracted bio-ink resulted in a limited 

volumetric space for the accumulation of GAG matrix. A future time course study can be con-

ducted to investigate the chondrogenic potential of these three bioinks in gene expression and 
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cartilage ECM secretion at different time points, and this can give us more information on the 

cartilaginous development in these bioinks.  

5.5 Conclusion 

In this work, we developed a novel strategy to enhance collagen-based biomaterial using THA 

and PEGDA. Overall, the COLMA+THA+PEGDA showed better printability, cell viability and 

cartilaginous ECM production (GAG/DNA), with no contraction after chondrogenic culture in 

vitro, compared to the other two bioinks. These results warrant future animal studies where the 

bioprinted engineered hyaline cartilage could be implanted, and the in vivo effectiveness as hya-

line cartilage substitutes will be further investigated. A formulation study can also be conducted 

to determine the optimal ratio of COLMA:THA:PEGDA bioink to yield the best printability and 

cartilaginous tissue formation. To this end, the 3D bioprinting of pre-crosslinked 

COLMA+THA+PEGDA bioink with nasal chondrocytes can be explored further as a substitute 

for autologous cartilage sources for hyaline cartilage defects. 
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CHAPTER 6. Conclusion and Future Work 

6.1  Major Conclusions and Contributions 

This thesis was focused on exploring strategies to allow the bioprinting of soft collagen bioink to 

create functional neocartilage tissue. The focus of this thesis was on investigating methods to en-

able the bioprinting of soft collagen bioink for the purpose of creating functional neocartilage tis-

sue. The study aimed at exploring strategies to overcome the challenges that arise when utilizing 

collagen as a bioink, with regards to the creation of soft tissue constructs that mimic the extracel-

lular matrix of native cartilage. The major conclusions and original contributions are listed be-

low:   

(I) Chapter 3 study have successfully demonstrated the generation of engineered nasoseptal carti-

lage tissue with molecular, biochemical, histological and ultrastructural characteristics of native 

nasoseptal cartilage after a 6-week in vitro culture period using FRESH bioprinting method. 

These results warrant future mechanical characterization and animal studies in which the bi-

oprinted engineered nasal cartilage will be tested for flexural properties, implanted and their in 

vivo effectiveness as nasal cartilage substitutes will be further investigated.  The combination of 

human nasoseptal chondrocytes with type I collagen hydrogel for FRESH-inspired bioprinting of 

engineered nasal cartilage is a promising strategy to explore further for the provision of autolo-

gous nasal cartilages for nasal cartilage reconstructive surgeries. 

(II) Chapter 4 study demonstrated the perspective of bioprinting engineered cartilage grafts with 

similar histological, molecular, and mechanical characteristics as those derived from the use of 

clinically approved type I/III collagen membrane scaffolds both in vivo and in vitro. No in vivo 

calcification was observed. Moreover, the mechanical characteristics of the bioprinted 
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engineered grafts increased after in vivo implantation. Overall, this study showed strong evidence 

of the potential to engineer human nasal cartilage grafts for nasal reconstructive surgery via 3D 

bioprinting. 

(III) Chapter 5 study demonstrated a novel bioink, which combines methacrylate type I collagen 

with thiolate hyaluronic acid and PEGDA, can resist contraction, have better printability and cell 

viability compared to the methacrylate type I collagen-only bioink. This work demonstrated that 

the 3D bioprinting of pre-crosslinked COLMA+THA+PEGDA bioink with nasal chondrocytes 

can be to explore further as a substitute of autologous cartilage source for hyaline cartilage de-

fects. 

6.2  Future Work 

There are still several challenges associated with the translation of bioprinted cartilage into the 

clinic. First, creating bioprinted neocartilage that mimicking the properties of native cartilage is 

challenging. It is difficult to reproduce mechanical properties, such as stiffness and elasticity of 

nature cartilage. Second, manufacturing bioprinted cartilage at scale for clinical use is challeng-

ing. It requires the development of automated and efficient manufacturing process that can pro-

duce large numbers of functional structures. Third, obtaining regulatory approval for the use of 

bioprinted cartilage in humans is a lengthy and complex process, and it requires extensive pre-

clinical testing and clinical trials to demonstrate safety and efficacy. Lastly, there is limited 

knowledge about the long-term effects of bioprinted cartilage on human body. Addressing these 

challenges is crucial for the widespread adoption of 3D bioprinting in the clinical setting. 

To advance the 3D bioprinted cartilage for clinical use, it is important to improve mechanical 

property of the bioprinted cartilage graft to further shorten the culture period. In Chapter 4, 
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despite the bioprinted engineered cartilage graft shows similar mechanical property as those de-

rived from clinical approved scaffold (Chondro-Gide), it required 9 weeks of culture for the 

grafts to be strong enough to hold sutures, compared to the 3 weeks of culture for Chondro-Gide. 

To accelerate the maturation and shorten the required culture time of the bioprinted nasal carti-

lage grafts, an adequate crosslinker with good biocompatibility and less in vivo toxicity can be 

used. The potential crosslinkers can be used in future are discussed in Chapter 1 and 2. 

As collagen hydrogel has relatively low zero-shear viscosity and elastic modulus, a FRESH 

printing method (Chapter 3 and Chapter 4), or crosslinking (Chapter 5) is required for a success-

ful bioprinting. To improve the printability and retain the filament diameter and the post-printing 

shape of the collagen hydrogel, a viscous contributor material can be used to combine with colla-

gen bioink, such as cellulose nanofiber (CNF), sodium alginate (ALG) etc. A proof-of-concept 

study using CNF/ALG bioink showed excellent printability are shown in Appendix A. 

Additionally, an optimum culture condition, cell seeding density and stimulation method can be 

determined in future studies. In Chapter 3 and Chapter 4, a higher cell concentration (10 mil-

lion/mL vs. 8.75 million/mL, respectively) and more medium (29 mL/million per week vs. 3.8 

mL/million per week, respectively) was used in these two different studies, the GAG/DNA value 

at 6 weeks of in vitro culture showed a significant difference (~225ug/ug vs. ~45ug/ug, respec-

tively). As the TGFβ-3 supplemented chondrogenic medium volume increase, the GAG produc-

tion per cell increase. The effect of nutrient consumption and cell sending density in articular 

chondrocytes has been well studied and reported in the literature[447-449]. However, such study 

has not been investigated in the nasal chondrocytes. Therefore, the effects of cell density or 

chondrogenic medium consumption on neocartilage formation can be studied in the future.  
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Despite advancements in the development of bioinks and printing methods that aim to create 

functional tissue constructs with improved mechanical properties and enhanced cell viability, a 

significant challenge remains in the lack of standardization in the production of functional and 

viable tissue at a scale suitable for clinical application. This lack of standardization poses chal-

lenges in ensuring consistency and reproducibility in bioprinted tissue. To overcome this chal-

lenge, adherence to Current Good Manufacturing Practices (cGMP) is critical in ensuring the 

quality control of manufactured biological entities, including the use of clinically acceptable bio-

materials, cross-linkers, and culture media.  

Additionally, extensive preclinical testing to demonstrate the long-term safety, efficacy, and re-

producibility of 3D bioprinted cartilages need to be conducted to advance 3D bioprinting into 

clinical setting. This includes in vivo studies in mice and large animals such as porcine or Non-

human primates. Once preclinical testing is complete, researcher must obtain regulatory approval 

for clinical use by submitting data to regulatory bodies such as the FDA or the European Medi-

cines Agency. The clinical trials must be conducted to test the safety and efficacy of 3D bi-

oprinted cartilage in humans, at the same time, establishing manufacture and distribution pro-

cesses to produce the 3D bioprinted structures at scales for clinical use. The process required col-

laboration between researchers, clinicians, regulatory agencies, and industry.   

Other than hyaline cartilage, 3D bioprinting technique can also be implemented for other carti-

lage cell sources, such as meniscus fibrochondrocytes, mesenchymal stem cells, and auricular 

chondrocytes. Daly et al. has showed that the type of encapsulated cell and biomaterial in the bi-

oink has a potent effect on the cartilaginous tissue formation[450]. Future studies can be focused 

on discovering the optimal bioinks formations for the engineering of other cartilage tissues.  
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Appendix A. TEMPO-oxidized cellulose nanofiber-alginate hy-

drogel as a bioink for human meniscus tissue engineering  

 

Appendix A has been published in parts as: Xiaoyi Lan, Zhiyao Ma, Alexander R. A. 

Szojka, Melanie Kunze, Aillette Mulet-Sierra, Margaret Vyhlidal, Yaman Boluk and Adetola 

B Adesida, “TEMPO-Oxidized Cellulose Nanofiber-Alginate Hydrogel as a Bioink for Hu-

man Meniscus Tissue Engineering” Frontiers in bioengineering and biotechnology, p.1033, 

2021.  
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A.1 Introduction 

The menisci are a pair of C-shaped fibrocartilages that withstand compressive and tensile forces 

[395, 451, 452]. They are essential for mechanical load distribution and transmission, lubrica-

tion, and stability of the knee joint [395, 453, 454]. The biomechanical properties are attributed 

to the presence of functional extracellular matrix (ECM) [395, 451, 452, 455]. The menisci ex-

hibit regional and zonal variations in their ECM and cellular compositions, reparative capacities, 

and vascularity with age [456-459]. Type I collagen is found throughout the entire meniscus; 

type II collagen and aggrecan are usually only found in the inner regions of the meniscus [458, 

460, 461]. The outer region of the meniscus are contain of type I collagen fibre bundles that 

aligned in the circumferential direction, exhibiting a fibrous connective tissue (ligament and ten-

don-like) phenotype and a peripheral blood supply (1/3 or less in adults) that provides some heal-

ing capacity [458, 460, 461]. The cell population in the outer meniscus is predominantly fibro-

blast-like. In contrast, the middle and inner regions (2/3 or more) of the meniscus have a fibro-

cartilage phenotype that is avascular and non-healing [458, 460, 461]. The cell population for the 

inner region of the meniscus are human fibrochondrocytes (hMFC), which are a mix of fibroblast 

and chondrocyte-like cells [458, 460, 461]. 

Due to the limited healing capacities of meniscus, patients with meniscus defects or injuries of-

ten undergo partial or total meniscectomy, which is known to cause biomechanical changes to 

joint function with a risk for early knee osteoarthritis development [462-464]. Cell-based menis-

cus tissue engineering is a promising technology to circumvent this challenge by creating menis-

cus tissue replacements [465]. 3D bioprinting with a “bioink” composed of a biomaterial and 

cells, can create patient-specific tissues for reconstructive surgery [79, 466, 467]. 3D bioprinting 

can spatially control the placement of cells, biomaterial, and growth factors in a construct. 
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Therefore, it has the potential to accurately mimic the structure and morphology of tissues and 

organs [79, 83]. Natural hydrogel precursors are attractive for bioinks because of their favourable 

biocompatible properties and high-water content like human ECM [149, 264, 468]. To be suita-

ble for printing, the rheological behaviour of the bioink is critical [94, 367]. The bioink must 

have shear thinning properties, which allows extrusion through small orifices with a decrease in 

shear to maintain cell viability. The bioink also needs a high zero-shear viscosity to retain its 

shape during and after printing [94, 367]. Beyond rheological properties, the bioink needs to be 

crosslinkable to retain 3D structures and provide appropriate mechanical properties to the bi-

oprinted constructs [149, 367]. Alginate has been proven as a promising crosslinkable material 

for 3D bioprinting [87, 149, 150, 225, 339, 341, 469-475]. It can form a stable hydrogel in the 

presence of divalent cations such as Ca2+
 and Ba2+ due to the ionic interaction between the cation 

and the carboxyl functional group by forming “egg-box”-calcium linked junctions [476]. Algi-

nate is usually mixed with other biomaterials to achieve higher printing resolution [149, 225, 

339, 470-472]. 

Cellulose, the most abundant renewable biopolymer found in nature, is a linear polysaccharide 

composed of β (1→4) linked D-glucose units [477-479]. The term nanocellulose refers to pro-

cessed cellulose extract with one dimension in the nanometer range [341, 478, 479]. Depending 

on the sources and the preparation method, nanocellulose materials can be categorized into three 

main groups: bacteria cellulose (BC), cellulose nanofiber (CNF), and cellulose nanocrystal 

(CNC) [480]. The most common nanocellulose used in 3D bioprinting applications is CNF 

[480]. CNFs exhibit shear-thinning behaviour and a high zero shear viscosity, making them  use-

ful as a viscous contributor for the bioink. CNFs can be extracted from raw materials by a combi-

nation of chemical (e.g., acid hydrolysis, enzymatic reaction, TEMPO oxidation) and mechanical 
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treatments (e.g., high-pressure homogenization and grinding) [480]. TEMPO-oxidized CNFs 

(TCNFs) exhibit a high concentration of carboxyl groups and the new TEMPO-induced carboxyl 

groups in TCNFs are able to support alginate in the construction of crosslinked network, which 

enhances the scaffold mechanical strength, porosity, water absorption, and structural integrity 

[481]. 

This study incorporates hMFCs with TEMPO-oxidized CNF and alginate (TCNF/ALG) precur-

sors to create tissue-engineered meniscus constructs. First, we evaluated the printability and the 

rheology properties of various formulations of TCNF/ALG precursors as potential bioinks. Then, 

we evaluated the biological functionality of 3D bioprinted meniscus-like tissue constructs using 

the optimal formulations, followed by 6 weeks of in vitro chondrogenic culture in low oxygen 

tension (i.e., hypoxia of 3% O2). type I collagen, the major component of the meniscus fibrocarti-

lage’s ECM served as a reference biomaterial. Hypoxia was used since it has been proven as a 

stimulus for the maturation of meniscus fibrochondrocytes [482]. Our previous research has 

found that hypoxia and TGF-3 synergistically mediated the inner meniscus-like tissue matrix 

formation [483]. The schematic diagram of the experimental design is shown in Figure A.1. 
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Figure A.1 Schematic diagram of the experimental design. (A) Biomaterial formation and characteriza-

tion, (B) engineered tissue formation, and (C) evaluation of engineered tissues. 

 

A.2 Materials and Methods 

A.2.1 TCNF Synthesis and Preparation of TCNF/ALG Precursors 

Cotton cellulose (10 g, Whatman No.1 filter paper) was cut into small pieces and immersed in 

deionized water (DI) water to make 1 liter of 1% w/w cellulose pulp slurry. 0.189 g of TEMPO 

(Sigma Aldrich, Canada), 1.178 g NaBr (Sigma Aldrich, Canada), 50 mL of 1.8 M NaClO 

(Sigma Aldrich, Canada) were added into the cellulose slurry under continuous stirring until dis-

solved. The pH of the reactants in the flask was maintained at pH=10.5 by adding 0.5 M NaOH 

until the pH of the reactant were stable at 10. The TEMPO-oxidized cellulose was then washed 
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with DI water for 15 times until the conductivity for supernatant was constant (~ 12.5 µs/cm). 

The TEMPO-oxidized cellulose nanofiber (TCNF) was prepared by blending the TEMPO-oxi-

dized cellulose for 7 minutes. The carboxylate content for the TCNF was 0.84 mmol/g. The 

TCNF was centrifuged and adjusted to 3.5% w/v solid content. Freeze-dried cellulose pulp slurry 

(pure cellulose) and TCNF were characterized by Fourier Transform Infrared spectroscopy 

(FTIR). 

Sodium alginate (ALG, Alfa Aesar, J61887, USA) was prepared into a 3.5% w/v solution. The 

concentrated TCNF and the ALG solution were sterilized by autoclave. The TCNF and ALG are 

mixed into various printing formulations (Table A.1) with a final solid content of 3.5% w/v.  

Table A.1 TCNF/ALG precursor formulations 

Precursors Composition Formulation (% w/v) Solid content (% w/v) 

0100  100% of ALG solution ALG: 3.5 3.5 

2080 
20% TCNF 

80% ALG 

TCNF: 0.7 

ALG: 2.8 
3.5 

5050 
50% TCNF 

50% ALG 

TCNF: 1.75 

ALG: 1.75 
3.5 

6040 
60% TCNF 

40% ALG 

TCNF: 2.1 

ALG: 1.4 
3.5 

7030 
70% TCNF 

30% ALG 

TCNF: 2.45 

ALG: 1.05 
3.5 

8020 
80% TCNF 

20% ALG 

TCNF: 2.8 

ALG: 0.7 
3.5 

9010 
90% TCNF 

10% ALG 

TCNF: 3.15 

ALG: 0.35 
3.5 

 

A.2.2 Rheological Characterization of TCNF/ALG Precursors as Potential Bioink Materi-

als 

The rheological properties of all the TCNF/ALG precursors were characterized using a rotatory 

rheometer (AR-G2, TA Instrument, USA) with a 25 mm parallel-plate geometry. The steady-
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state flow sweep was characterized under the shear rate from 0.001 to 1000 s-1 at room tempera-

ture. The oscillatory frequency sweep was measured under 1% strain (within the linear viscoelas-

tic region) and 1 to 100 rad/s frequency. The thixotropy tests were done by first fixing the shear 

rate at 0.001 s-1 for 100 s, followed by a sudden increase in the shear rate to 1000 s-1, and then a 

sudden drop in the shear rate to the initial state (0.001 s-1). The rheology data was analyzed using 

TRIOS software (TA Instruments, USA). 

A.2.3 Assessment of Printing Fidelity Before and After Crosslinking 

To assess the printability of the TCNF/ALG precursors, 20 mm x 20 mm x 3 mm blocks with a 

30% infill were bioprinted using an extrusion-based bioprinter (INKREDIBLE+, CELLINK, 

Sweden). The geometry and printing parameters of the printed constructs were predefined in 

commercial design software (Slic3r, U.S.A.). The needle inner diameter was 0.413 cm (22G). 

The printing speed was 10 mm/s with each layer height of 0.5 mm (6 layers in total).  After bi-

oprinting, a 100 mM CaCl2 solution was added over the bioprinted TCNF/ALG constructs for 3 

minutes followed by a phosphate buffered saline (PBS) rinse. After crosslinking, the precursors 

with the best printing fidelity were used for further biological functionality evaluation. A com-

mercially available bovine type I collagen gel with similar solid content to the TCNF/ALG pre-

cursors was used as a control (3.5% w/v, Advanced Biomatrix, USA). The type I collagen gel 

was printed at room temperature and spontaneously polymerized at 37°C. The fidelity parameter 

(side length of the square blocks (L) before and after the crosslinking, filament diameter) were 

quantified using Image J (Fiji, USA). The contractility from the crosslinking process was calcu-

lated as:  

contractility = (L before crosslinking – L after crosslinking)/L before crosslinking. 
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A.2.4 Isolation of Human Meniscus Fibrochondrocytes 

Meniscus specimens from three (3) male donors were collected from partial meniscectomy sur-

geries with the approval of the University of Alberta’s Health Research Ethics Board - Biomedi-

cal Panel (Study ID: Pro00018778). Human meniscus fibrochondrocytes (hMFCs) were isolated 

enzymatically using collagenase digestion as previously described [398]. The primary hMFCs 

were plated at a density of 104 cells/cm2 and expanded to passage 2 (P2) in monolayer culture in 

high glucose Dulbecco’s Modified Eagle Medium (DMEM, Sigma Aldrich, Canada) supple-

mented with 10 v/v (%) fetal bovine serum (FBS), 1 ng/mL of TGF-β1 and 5 ng/ml of FGF-2 at 

37 °C in normoxia (~20% O2) conditions [398]. Donor information is shown in Table A.2 Me-

niscus donor information. The cumulative population doublings of the hMFCs at the end of P2 

was 7.04 ± 0.21 (mean ± standard deviation). 

Table A.2 Meniscus donor information 

Donor  Sex Age Medical history 
Anatomical site 

Cumulative popula-

tion doubling 

1 Male 30 ACL reconstruction Right knee medial 
7.0 

2 Male 27 Healthy Left knee medial 
7.3 

3 Male 16 ACL tear Right knee lateral 6.8 

 

A.2.5 3D Bioprinting of TCNF/ALG and Collagen Bioinks 

hMFCs at P2 were resuspended in a standard serum-free chondrogenic medium containing 10 

ng/ml TGF-β3 [398]. The cell suspension was mixed with 7030, 8020 precursors  (7030, 8020 

bioinks), and type I collagen gel (COL bioink) to a cell density of 107 cells/mL.  



 

253 

 

To investigate the fibrocartilage formation of the bioprinted constructs after in vitro chondro-

genic culture, hMFC-laden TCNF/ALG bioinks and COL bioink were bioprinted into cylindrical 

shapes (7 mm diameter, 3.5 mm height) with an infill rate of 70%. Then bioprinted constructs 

were crosslinked as before. At the same time, the hMFC-laden COL bioink were kept in a 37 ºC 

incubator for 30 minutes and then placed in a serum-free chondrogenic medium containing 10 

ng/mL TGF-β3 (2 mL/ construct, twice per week) for 6 weeks under hypoxic conditions (3% 

O2). 

A.2.6 Viability in Bioprinted Constructs 

hMFCs viability was assessed using Syto 13/Propidium iodide (PI) staining. Syto 13 (S7575, 

ThermoFisher, U.S.A.) is a green live-cell fluorescent nucleic acid stain, and PI (P3566, Ther-

moFisher) is a red dead-cell fluorescent nuclear and chromosome counterstain.  The Syto 13 and 

PI concentrations in PBS were 6.25 μM and 15.0 μM, respectively. 

Bioprinted constructs of TCNF/ALG (8020, 7030 bioinks) and COL bioinks after 1-day culture 

were incubated in Syto 13 and PI solution at room temperature for 30 minutes in the dark. The 

cell viabilities were viewed under a Nikon confocal laser scanning microscope (Leica TCS SP5). 

Fluorescence was quantified using Python.  

A.2.7 Structural Integrity and Microstructural Evaluation of Bioprinted Constructs 

Scanning electron microscopy (SEM., Zeiss Sigma 300 VP-FESEM) was used to observe the 

TCNF fibre diameter and the ECM formation of the bioprinted constructs after 6 weeks of in 

vitro culture. Each construct was fixed in sodium cacodylate trihydrate buffer containing 2% v/v 

glutaraldehyde and 2.5% v/v paraformaldehyde overnight. The samples were then cut in half and 
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washed twice with deionized water to wash away the fixation solution. The samples were further 

treated with osmium tetroxide and tannic acid before SEM observation. All the reagents were 

purchased from Electron Microscopy Sciences (Pennsylvania, USA). 

A.2.8 Histological and Immunofluorescent Evaluation of Matrix Formation 

Bioprinted constructs for three experiment groups (8020, 7030, COL) from the same donor were 

fixed in 10% (v/v) neutral buffered formalin, dehydrated through a series of alcohol washes, and 

then embedded in paraffin. The embedded samples were cut into 5 μm sections cross-sectionally. 

For histological assessments, the sections were deparaffinized by the xylene substitute, then re-

hydrated and stained with Safranin-O/Fast Green. Collagens I, II, and X as well as aggrecan were 

examined by immunofluorescence. In brief, sections were prepared as above. Collagens I and II 

were counterstained in one slide. Collagen X and aggrecan were stained separately in two slides. 

The primary antibodies for collagens I and II were rabbit anti-human type I collagen 

(CL50111AP-1, Cedarlane, Canada) and mouse anti-human type II collagen (II-II6B3, Develop-

mental Studies Hybridoma Bank (DSHB), USA). The primary antibody for type X collagen (col-

lagen X) was rabbit anti-human collagen X (rabbit polyclonal to collagen X, ab58632, Abcam, 

USA), and the primary antibody for aggrecan was a rabbit anti-human aggrecan (recombinant 

monoclonal to aggrecan, MA5-32695, ThermoFisher, USA). 

After incubation with primary antibodies, the slides were incubated with secondary antibodies 

for 45 minutes. The secondary antibodies used for collagens I and II are goat anti-rabbit IgG 

Alexa Fluor 594 (ab150080, Abcam, USA) and goat anti-mouse IgG Alexa Fluor 488 

(ab150117, Abcam, USA). The secondary antibodies used for collagen X and aggrecan were 
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goat anti-rabbit IgG Alexa Fluor 594 (ab150080, Abcam, USA). In addition, all the slides were 

also stained with 4’,6-diamidino-2’- phenylindole (DAPI, Thermo Fisher Scientific) for 20 

minutes at room temperature to examine the nuclei of hMFCs in each sample. A Nikon Eclipse 

Ti-S microscope coupled to a DS-U3/Fi2 Color CCD camera with 100x and 200x total magnifi-

cation was used to capture the histological and immunofluorescent images. 

A.2.9 Gene Expression Analysis  

Quantitative real-time polymerase chain reaction (qRT-PCR) was used to analyze expression of 

genes that are chondrogenic and fibrochondrogenic specific (ACAN, COL1A2, COL2A1, SOX9) 

and chondrocyte hypertrophy-related (COL10A1, MMP13, ALPL, RUNX2). The analysis was 

conducted after 6 weeks (42 days) of in vitro chondrogenic culture. Total RNA was extracted us-

ing TRIzol (Life Technologies, USA). The complementary DNA (cDNA) was synthesized from 

100 ng of total RNA using GoScript, Reverse Transcriptase kit (Promega, USA) and 1 µg of ol-

igo (dT) primer. Primer sequences for qPCR were designed using Primer Express 3.0.1 (Thermo 

Fisher Scientific). Transcript levels for the interested genes were normalized to the housekeeping 

genes: β-actin, B2M, and YWHAZ using the delta CT method (2-ΔCT). Primer sequences are 

shown in Table A.3. 

Table A.3 Primer sequences for quantitative real-time polymerase chain reaction 

Gene Forward Primer (5′) Reverse Primer (3′) 

Β-actin 
AAGCCACCCCAC-

TTCTCTCTAA 
AATGCTATCACCTCCCCTGTGT 

B2M 
TGCTGTCTCCATGTTT-

GATGTATCT 
TCTCTGCTCCCCACCTCTAAGT 

YWHAZ 
TCTGTCTTGTCACCAAC-

CATTCTT 
TCATGCGGCCTTTTTCCA 

ACAN AGGGCGAGTGGAATGATGTT GGTGGCTGTGCCCTTTTTAC 

COL1A2 GCTACCCAACTTGCCTTCATG GCAGTGGTAGGTGATGTTCTGAGA 

COL2A1 
CTGCAAAA-

TAAAATCTCGGTGTTCT 
GGGCATTTGACTCACACCAGT 
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SOX9 
CTTTGGTTT-

GTGTTCGTGTTTTG 
AGAGAAAGAAAAAGGGAAAGGTAAGTTT 

COL10A1 
GAAGTTATAATTTACAC-

TGAGGGTTTCAAA 
GAGGCACAGCTTAAAAGTTTTAAACA 

RUNX2 
GGAGTGGACGAGGCAAGAG-

TTT 
AGCTTCTGTCTGTGCCTTCTGG 

VCAN TGCTAAAGGCTGCGAATGG AAAAAGGAATGCAGCAAAGAAGA 

MMP13 
AAAAAGGAATGCAGCAAA-

GAAGA 
CGGAGACTGGTAATGGCATCA 

ALPL 
GCTGTAAGGACATCGCC-

TACCA 
CCTGGCTTTCTCGTCACTCTCA 

 

A.2.10 Biomechanical Characterization by Stress Relaxation Tests 

The mechanical properties of bioprinted constructs were assessed using a stepwise stress relaxa-

tion test using a Biodynamic 5210 system (TA Instruments, USA). For each experimental group, 

constructs from n=3 donors were tested. The constructs were preconditioned by 15 cycles of sine 

wave dynamic compressive loading with an amplitude of 5% tissue height at a frequency of 1 

Hz. The following stress relaxation test consisted of 4 incremental strain steps. In each step, the 

constructs were subjected to a 10% strain ramp at the rate of 50% strain/s and followed by 20 

min relaxation under constant strain. All tested constructs reached equilibrium in the given relax-

ation period. Forces were recorded as a function of time, and stress was calculated by normaliz-

ing force to construct cross-section area. The peak modulus was calculated by dividing the maxi-

mum stress increment immediately after the compression increment by 10%, the strain incre-

ment. 

A.2.11 Statistical Analysis 

GraphPad Prism 8 was used to perform statistical analysis. The paired two-sample t-test was 

used to analyze the significance level between each sample group (8020 vs. COL, 7030 vs. COL, 
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7030 vs. 8020) in cell viability and in gene expression after taking the replicate means within do-

nors. Two-way ANOVA was used to determine the statistical differences in stress relaxation 

tests for various bioinks at different strains with Tukey’s test for multiple comparisons. The re-

sults were presented as mean ± standard deviation (SD).   

A.3 Results 

A.3.1 Rheology, and Printing Fidelity of TCNF/ALG Precursors  

Figure A.2 presents the FTIR spectra of unmodified pure cellulose and TCNF. After TEMPO-

oxidation, the characteristic absorption band of carboxyl group (C==O) stretching appeared 

around 1650 cm-1, which is assigned to the formation of COO groups  after the oxidation and re-

lease of nanofibers [484]. The enhancement of the -OH stretching group around 340 cm-1, C-H at 

around 2900 cm-1, and C-O-C at around 1050 cm-1 were also observed in TCNF, which indicated 

more -OH, C-O-C group are exposed. 
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Figure A.2 Fourier transform infrared spectroscopy of the pure cotton cellulose and TCNF. 

The rheology data of the TCNF/ALG precursors were measured to pre-estimate the printability 

as potential bioink materials. The viscosity vs shear rate (steady-state flow sweep) of all the 

TCNF/ALG precursors is shown in Figure A.3A. All TCNF/ALG precursors exhibited shear-

thinning behaviour, in which the viscosity decreased as the shear rate increased. The Power Law 

model was also used to fit the viscosity vs shear rate curve (0.01 to 1000 s-1) to describe the 

shear-shinning behaviour. The printing pressure of each TCNF/ALG precursors are shown in Ta-

ble A.4. The viscosity and shear rate relationship can be described in the equation of the η=K�̇�n-1, 

where η is viscosity, �̇� is the shear rate, K and n are the empirical curves fitting parameters, 

known as the flow consistency index and flow behaviour index [171]. The fitted power-law pa-

rameters (K and n) are shown in Table A.4. For shear thinning fluid, n always less than 1. The 

lower the n, the better the shear-thinning behaviour responding to the increase of shear rate. 

TCNF, 8020, 9010 exhibited the highest zero-shear viscosity and the best shear thinning behav-

iour. 5050 exhibited the lowest zero-shear viscosity and the worst shear-thinning behaviour. 



 

259 

 

Table A.4 Fitted Power-Law parameters, thixotropy recovery rate, printing pressure, filament diameter 

and contractility after crosslinking 

 ALG 2080 5050 6040 7030 8020 9010 TNCF 

K 432.90 503.13 232.78 194.70 237.04 137.63 155.43 156.43 

n 0.24 0.23 0.25 0.19 0.18 0.13 0.14 0.16 

Recov-

ery (%) 
81.6±5.6 75.2±2.0 53.4±1.6 50.2±13.0 63.7±4.6 71.8±4.1 62.1±2.1 45.1±3.6 

Pres-

sure 

(kPa) 

200 155 125 75 75 55 55  

Fila-

ment 

Diame-

ter 

  0.88±0.02 1.04±0.08 0.79±0.02 0.72±0.00 0.76±0.02  

Con-

trac-

tion 

(%) 

29.5% 28.8% 15.3% 10.2% 9.5% 4.3% 1.0% 

 

*The filaments of the mesh printed by pure ALG and 2080 bioink material fused together and their 

diameter could not be measured 

 

The recovery and thixotropic properties were determined by applying a steady shear rate of 1 s-1 

for 100 s suddenly increasing the shear rate to 1000 s-1 for 100 s, and then reducing it to 1 s-1 for 

100 s. Figure A.3B depicts the thixotropic behaviour of the prepared hydrogels. The viscosity of 

the all the TCNF/ALG precursors rapidly dropped with an applied shear (printing stage) and re-

covered quickly after the shear force was removed (post-printing stage). However, all the sam-

ples were thixotropic and decreased in viscosity after recovery. The average viscosities of the 

TCNF/ALG precursors under the three shear rate stages are recorded in Table S1. The recovery 

rates (initial/final viscosity) are shown in Table A.4.  

The frequency sweep tests were performed within the linear viscoelastic deformation region. 

Loss tangent (tan δ), the ratio of loss moduli (G’’) and storage moduli (G’’) for TCNF/ALG pre-

cursors as a function of frequency are shown in Figure A.3C. The loss tangent (tan δ) determines 

if a material is solid-like or liquid-like. All the TCNF/ALG precursors showed a solid-like 
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behaviour (G’>G’’, tan δ<1). The pure TCNF, 8020, and 9010 showed the most solid-like behav-

iour followed by 6040, 7030, 2080, and pure ALG and 5050 showed the least solid-like behav-

iour.  
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Figure A.3 The rheology behaviors of the TCNF/ALG precursors. (A) the steady state flow sweeps, strain 

rate from 0.001 to 1000 s-1 (B) three-step recovery and thixotropic behavior, low shear rate at 1 s-

1 for 100 s for initial and final step, high shear rate at 1000 s-1 for 100s for middle step, (C) loss 

tangent of the TCNF/ALG precursors from 1 to 100 rad/s. The formulations are described in Table 

A.1. 
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The TCNF/ALG precursors were then bioprinted into mesh shapes and crosslinked using 100 

mM of CaCl2 solution. The bioprinted constructs before and after crosslinking are shown in Fig-

ure A.4A. The printing pressure, filament diameter and contractility after crosslinking are shown 

in Table A.4. Apparent size and shape contractions are observed in the TCNF/ALG precursors 

with low or no TCNF content (0100, 2080, 5050, 6040). On the other hand, the 7030, 8020, and 

9010 showed the lowest contractility (≤10%) and best printing fidelity (finest filament diameter). 

Due to the relatively low alginate content, the 9010 was too soft to retain its shape during trans-

fer or movement of the construct. Therefore, the 7030 and 8020 formulations were selected as 

bioinks to mix with hMFCs for further biochemical and biomechanical evaluations. 

The LIVE/DEAD assay images after bioprinting using a 22 G needle are shown in Figure A.4B. 

No statistically significant difference was observed between 7030 and 8020 bioinks. The type I 

collagen bioink showed a significantly higher cell viability compared to the 8020 bioink. 
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Figure A.4 (A) Printed mesh structures using different formulations of TCNF/ALG precursors (B) 

Live/dead images of the (B1) 7030, (B2) 8020, and (B3) COL bioinks. Live cells appear green and 

dead cells red. (C) Quantitative cell viability of the Live/Dead assay images 

A.3.2 Histological and Biochemical Assessments 

It is commonly understood that Safranin-O would only stain when sulfated GAG is present 

within the sample. Interestingly, we discovered that cellulose nanofibers (TCNF) could also be 

stained by Safranin-O despite lacking sulfated GAG, as shown in Figure S1 in supplemental ma-

terials. Previous studies which used CNFs as biomaterials for meniscus tissue engineering did 

not report this phenomenon [339]. Through comparing against cell-free CNF samples, it was still 

possible to distinguish the Safranin-O positive matrix throughout the histological sections of two 

TCNF/ALG bioink (Figure A.3A/B). In contrast, the bioprinted COL bioink did not show any 

positive safranin-O positive matrix deposition throughout the section (Figure A.5E, F).  



 

264 

 

 

Figure A.5 Safranin-O staining (red, stained negatively charged proteoglycans and the TCNF) with Fast 

Green counterstain (green, stained proteins) and cells stained with hematoxylin of (A & B) 7030, 

(C & D) 8020, and (E & F) COL I bioinks. Scale bar is 100 μm. 

Positive aggrecan immunofluorescent staining was shown in both TCNF/ALG bioinks (Figure 

A.6A&B) but not in the COL bioink (Figure A.6C), which was consistent with the Safranin-O 

staining results. The immunofluorescence staining also showed a universal presence of type I 

collagen in two TCNF bioinks (Figure A.6D&E) and the COL bioink (Figure A.6F). The COL 

bioink showed more densely packed type I collagen compared to the two TCNF/ALG bioinks.  

However, type II collagen was present in the two TCNF/ALG bioinks (Figure A.6D&E) and not 

in the COL bioink (Figure A.6F). The type II collagen matrix was most concentrated at the outer 

edges of the constructs. There was no detectable collagen X immunofluorescence in any con-

structs (6G, 6H and 6I). The SEM images of the 7030 and 8020 bioinks after 6 weeks of in vitro 

chondrogenic culture are depicted in Figure A.7. Newly synthesized ECM was observed on the 

surface of the bioprinted constructs for both 7030 and 8020 bioinks. The TCNF material was vis-

ible under the ECM.  
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Figure A.6 Immunofluorescent staining of (A, B, & C) of aggrecan (red), (D, E & F) collagens I and II 

(red and green, respectively), and (G, H & I) collagen X. The staining of nuclei is blue. Scale bar is 

100 μm 

 

Figure A.7 SEM images of the bioprinted constructs after 6 weeks of in vitro culture, (A & B) the cross-

section of the 7030 bioink (C & D) surface of the 7030 bioink, (E & F) cross-section of the 8020 

bioink, (G & H) surface of the 8020 bioink 
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The mRNA expression of fibrocartilage-related (ACAN, COL1A2, COL2A1, SOX9, and VCAN) 

and bone-related (COL10A1, MMP13, ALPL, RUNX2) genes are shown in Figure A.8. For all 

these genes, no significant differences were observed between the 7030 and 8020 bioinks. The 

fibrous markers, COL1A2 and VCAN in the COL bioink were higher than in 7030 bioinks with 

near statistical significance (i.e., p=0.086 and p=0.077, respectively). The cartilaginous marker 

COL2A1 in the COL bioink was significantly lower compared to the 7030 bioink. No statistically 

significant difference was observed among the three bioinks in gene expression of ACAN and 

SOX9. No significant difference was noted in ALPL, and RUNX2 among the three groups for 

these bone formation-related genes. On the other hand, there was an upregulation of MMP13 in 

the COL bioink compared to 7030 and 8020 with near statistical significance (i.e., p=0.066 and 

p=0.076, respectively). The expression of COL10A1 expression in the COL bioink for each do-

nor increased but with no detectable significant difference. 
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Figure A.8 Fibrocartilage related gene expression of bioprinted constructs after 6 weeks of in vitro chon-

drogenic culture (n=3). * represents p<0.05 

After the strain-controlled unconfined compression test, the peak modulus (instantaneous modu-

lus) was calculated using the force change between the peak and equilibrium forces at each re-

laxation period. The calculated values were normalized by the cross-sectional area of the 3D bio-

printed tissues. The stepwise stress-relaxation as a function of time of one donor (0-10%, 10-

20%, 20-30%, and 30-40% strain for each force jump) and the peak modulus as a function of the 

cumulative strain is shown in Figure A.9A and B. No significant interaction was observed be-

tween material type and strain in the two-way ANOVA. Therefore, only the main effects of each 

factor, i.e. strain and bioink material, were tested. Strain was the only significant main effect for 
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the compressive modulus, with the significant differences between each strain level, except for 

30% vs, 40%.  

 

Figure A.9 Mechanical properties of the bioprinted constructs: (A) an example of data acquisition of the 

strain-controlled unconfined compression test (B) the peak modulus as a function of the cumula-

tive strain (n=3). * represents p<0.05 

A.4 Discussion 

The newly appeared carboxyl group (C=O) indicated the successful oxidation of the cellulose us-

ing TEMPO. The exposure of O-H and C-O-C groups may be due to the mechanical processing 

of the cellulose. The smaller size of the cellulose fibres allowed for exposure of more surface 

groups. 

In the steady-state flow sweep test (Figure A.3A), all TCNF/ALG precursors exhibited a shear-

thinning behaviour, which may be attributed to the loss of chain entanglement as well as the 

alignment of polymeric chains/fibre under steady-state shear. As the shear rate increases, the en-

tanglement of the hydrogel networks is weakened and the entrapped liquid that resists the flow is 

released, therefore induce decreased viscosity. Better shear-thinning behaviour is desired for the 

3D bioprinting process, since under fixed printing speed and needle size lower bioink viscosities 

in the printing needle will result in lower shear stress experienced by cells, resulting in better cell 

viability. The formulation of the TCNF/ALG precursors has a strong effect on the shear-thinning 
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behaviour. For alginate rich TCNF/ALG precursors (TCNF content between 0 to 50%), increas-

ing the TCNF content did not show an significant change in the shear thinning behavior of the 

fluid. In contrast, for TCNF-rich TCNF/ALG precursors (TCNF content between 50 to 100%), a 

higher TCNF content led to better shear-thinning behaviour. Under fixed printing speed, the re-

quired printing pressure decreased dramatically as the TCNF content increased due to the en-

hanced shear-thinning effect (Table A.4). 

The thixotropic property is an important parameter to predict printing fidelity. Abouzeid et al 

found that the higher the recovery rate (initial/finial viscosity) of the bioinks, the better the print-

ing fidelities. They found the printed scaffolds had the best printing fidelity with the most uni-

form widths and stable shapes at 66% recovery rate, which is the highest recovery rate among 

the investigated bioink formulations [485]. However, our results only partially agreed with their 

findings. The pure ALG (81.6%), 2080 (75.2%), 8020 (71.8%), 7030 (63.7%), and 9010 (62.1%) 

showed a relatively high recovery rate (recovery > 60%). Only 7030, 8020, and 9010 exhibited 

uniform width and clear edges throughout the printed shape. The filaments printed by pure algi-

nate precursors, which has the highest recovery rate, collapsed and fused with neighbouring fila-

ments. These results show that there are some other rheology parameters can affect printability 

as well. Gao et al stated that the loss tangent is an important parameter for predicting structural 

integrity and extrusion uniformity [486]. For pure alginate precursors, the tan δ is 0.41 in the 

low-frequency range (10 rad/s), which is in the relatively high loss tangent range stated by Gao 

et al [486]. The high loss tangent represents lower structural integrity (the collapse and fusion of 

the bioprinted structure), but better extrusion uniformity. The high tan δ explains the reason why 

pure alginate exhibits poor printing fidelity even it has a high thixotropic recovery rate. This 

statement is further validated in the bioprinting of type I collagen gel. In our previous study, the 
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type I collagen gel showed more liquid-like behaviour, requiring it to be printed in a support bath 

[215]. In this study, we directly printed the type I collagen gel without the supporting bath to 

compare the printability with TCNF/ALG precursors. We found that the printed type I collagen 

filaments tend to spread out after bioprinting, which resulted in poor printing fidelity. 

It is also important for the bioink to retain its original shape during the crosslinking stage. We 

found that the alginate-rich TCNF/ALG precursors (0100, 2080, 5050, 6040) all exhibited high 

contractility after printing (≥10%). The contraction of the bioprinted constructs may contribute to 

the stability of the swelled alginate polymer chains in water after crosslinking. The alginate poly-

mers are firstly dispersed and swelled in water. By adding the Ca2+ ions to alginate, the Ca2+ cati-

ons are coordinately bound to the COO- group in the alginate polymer chain and arranged into an 

“egg-box” model[487, 488]. The 7030, 8020, and 9010 showed the best printing fidelity and 

lowest contractility after bioprinting. Due to the low alginate content of 9010, changing in shape 

is observed during transporting the bioprinted construct using 9010 (the distortion of the printed 

shape); therefore, only 7020 and 8020 were mixed with hMFCs (7030, 8020 bioinks) to generate 

tissue-engineered fibrocartilages. 

A LIVE/DEAD assay was performed to investigate the biocompatibility of the bioprinted con-

structs. The COL bioink showed higher cell viability and higher cell numbers compared to the 

TCNF/ALG bioinks. It is speculated that the higher cell viability with the COL bioink is due to 

the relatively lower printing pressure, the presence of cell adhesive motifs in the protein-based 

hydrogel, and that the hMFCs’ natural host material is type I collagen.  

After 6 weeks of culture, hMFC-deposited ECM was observed in both 7030 and 8020 bioinks 

under SEM (Figure A.7). A dense layer of ECM covered the cellulose nanofibers.  The histology 
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and immunofluorescence results further confirmed the ECM formation in the 7030 and 8020 bio-

inks. The staining results suggest that the hMFC-laden TCNF/ALG bioinks (7030, 8020) support 

development of a more inner meniscus fibrocartilage-like phenotype (presence of sGAG, type I 

and II collagens), while the (bovine) COL bioink supports a more outer meniscus phenotype of 

no Safranin-O positive ECM with the presence of newly-synthesized human type I collagen. Nei-

ther the cellulose nanofibers nor the alginate present a natural cell binding site. The lack of a 

cell-binding site forces the monolayer-expanded hMFCs into a round shape which is known to 

promote a chondrogenic phenotype [450]. In contrast, type I collagen presents natural cell-bind-

ing motifs through its interaction with the integrins that provide focal adhesion points to the 

hMFCs [489]. The focal adhesions can support cell spreading, which may facilitate the develop-

ment of more outer meniscus-like phenotypes.  The fibrocartilage matrix phenotypes at the 

mRNA level also agree with the histological and immunofluorescence findings (Figure A.8). 

Our observations agree with Daly et al’s finding that alginate and agarose bioinks (bioinks with-

out cell-binding sites) support the development of hyaline-like cartilage tissue, while GelMA and 

PEGDA bioinks (bioinks with a native binding site) better support the development of fibrocarti-

lage-like tissue [450]. As shown in Figure A.8, the lack of cell-binding sites in the TCNF/ALG 

bioinks correlated with reduced expression of COL10A1 and MMP13 (indicators of hypertrophic 

chondrocytes during endochondral ossification). The upregulation of these two genes is more 

likely to occur when integrin-binding (α2 integrin) between hMFCs and type I collagen is pre-

sent. The α2 integrin is a subunit of the most known type I collagen receptor (α2β1). The interac-

tion between this α2 integrin subunit and type I collagen facilitates osteoblastic differentiation, 

an important event in the expression of the osteogenic phenotype [490, 491].  
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Although proteoglycans mainly contribute to a tissue's compressive strength, the bioprinted 

TCNF/ALG bioink constructs did not show a higher compressive modulus compared to the COL 

bioink-based constructs. The average compressive modulus at the 30-40% strain step was higher 

than in the two TCNF/ALG bioinks, but no significant difference was observed. Hence, the engi-

neered matrix composition does not fully correspond to the mechanical properties of the engi-

neered tissue. One plausible explanation is that the crosslinking of the COL bioink constructs 

was augmented via endogenous lysyl oxidase expression, which can be induced by hypoxic cul-

ture [492]. The cations that crosslink alginate chains may also be released into the culture media 

and washed away during the media changes, which may diminish the mechanical properties of 

the TCNF/ALG constructs.  

One limitation of the present study is the low number of human meniscus donors used, leaving 

uncertainty regarding donor-to-donor differences. Another limitation is the lack of an in vivo 

study of the bioprinted constructs. The in vivo stability of the deposited ECM within the con-

structs in regard to in vivo calcification, bone formation, vascularization, and the retention of the 

Safranin-O positive ECM after implantation merits future investigation. 
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A.5 Supplementary material  

 

 

Figure A.S 1 Safranin-O staining of the empty TCNF/ALG scaffold (A) 7030 (B) 8020. Scale bar is 100 

μm 

 

 

Table A.S 1 Thixotropic viscosities of TCNF/ALG bioinks. The η is the measured viscosity for each 

shear step 

 
Pure ALG 

(0100) 
2080 5050 6040 7030 8020 9010 

Pure 

TCNF 

Initial low strain 

phase η (Pa*s) 

Shear rate �̇� = 1 s-1 

367.0±47.3 277.6±25.5 191.3±15.7 161.8±52.0 117.2±2.5 131.6±6.3 120.0±17.0 88.9±5.3 

High strain phase η 

(Pa*s) 

Shear rate �̇� = 1000 

s-1 

1.8±0.2 1.4±0.1 0.8±0.0 0.6±0.1 0.5±0.0 0.30±0.0 0.3±0.1 0.2±0.0 

Finial low strain 

phase η (Pa*s) 

Shear rate �̇� = 1 s-1 

301.5±54.0 209.3±23.4 102.0±6.0 82.9±36.4 74.5±2.8 94.5±5.6 74.9±12.4 40.2±4.6 
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