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Abstract 
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Musculoskeletal injuries are a major cause of disability affecting millions of people around 

the world and resulting in a significant economic burden of over $14 billion. Surgical 

intervention using autografts and allografts is the current gold standard used in the clinic for the 

repair and regeneration of musculoskeletal injuries, but these treatment options are associated 

with major limitations such as donor-site morbidity, need for multiple surgeries, immune-related 

complications, and risk for disease transmission. Over the past three decades, the development 

and application of tissue engineering strategies for restoration and reconstruction of damaged or 

diseased musculoskeletal tissues have gained considerable momentum as a promising alternative 

treatment option. In this realm, collagen and Bioglass (BG) materials have been often combined 

to generate tissue-mimicking composite scaffolds for use in bone tissue engineering (BTE) and 

interface tissue engineering (ITE) applications. Some of the most common biofabrication 

methodologies used for the generation of these composite scaffolds include freeze-drying and 
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plastic compression, but these techniques offer little control over scaffold shape and yield 

scaffolds with weak mechanical properties. Extrusion-based 3D printing is a rapidly evolving 

layer-by-layer technique that enables the generation of custom-designed 3D scaffolds with well-

defined complex geometries and precise spatial distribution of biological material for use in 

tissue engineering applications. The overarching goal of this dissertation was to develop BG 

incorporated collagen inks for 3D printing of biomimetic tissue constructs that resemble the 

compositional make-up of native tissue (i.e., bone, ACL enthesis) to provide the essential 

biochemical cues to control and direct cell function. Specifically, tissue-mimicking constructs 

were developed in this work to achieve material-directed tissue-specific cellular response in the 

absence of any external factors (e.g., growth factors, drugs).  

 

 Recent work has shown that the addition of methacrylate groups to the collagen structure 

allows for photochemical crosslinking of collagen hydrogels while retaining the basic 

characteristics of native collagen. This in situ photo-crosslinking capability of methacrylated 

collagen (CMA) allows its use as a bioink for 3D printing of collagen constructs. In the first aim, 

a dual crosslinking strategy was developed to improve the mechanical properties, stability, and 

cell viability of 3D printed cell-laden CMA constructs by first photopolymerizing the CMA 

hydrogel followed by chemical crosslinking with genipin. Results showed that use of a dual 

crosslinking strategy with lower amounts of genipin yields mechanically superior, more stable, 

printable, and cell compatible CMA constructs. In the second aim, 3D printing was employed 

for the first time to generate finely controlled biomimetic BG incorporated collagen constructs 

for BTE applications. Results from this work demonstrated that BG incorporation enhances the 

stability, yield stress, percent recovery, and in vitro bone bioactivity of 3D printed CMA 
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constructs. Further, BG incorporation enhances osteogenic differentiation of human MSCs as 

evidenced by an increase in ALP activity and cell-mediated calcium deposition on BG-CMA 

constructs. In the third aim, Raman spectral mapping and 3D printing were coupled together for 

the first time for an innovative ‘design-build-validate’ strategy to develop a continuous 

biomimetic Bioglass gradient-integrated collagen matrix (BioGIM) for use in ACL 

reconstruction. First, Raman spectroscopy was used to generate high-resolution 3D biochemical 

compositional maps for modeling the mineral-collagen distribution of the native rabbit ACL 

enthesis. Next, a continuous biomimetic BioGIM was 3D printed using the Freeform Reversible 

Embedding of Suspended Hydrogels (FRESH) approach to attain a BG gradient construct that 

mimics the native ACL enthesis mineral-collagen composition. Finally, Raman spectroscopy 

was used to validate the replication fidelity of the printed BioGIMs. Preliminary studies using 

human MSCs cultured on BioGIMs showed differences in cell morphology along the length of 

BioGIM. Results for this work demonstrate that ‘design-build-validate’ strategy is a promising 

approach to generate biomimetic tissue constructs for use at the ends of synthetic grafts to enable 

enthesis regeneration and improve the clinical outcomes of ACL reconstruction.  
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Chapter 1  

Introduction 

1.1 Background 

Musculoskeletal system is one of the most complex organ systems of the human body and 

is made up of bones, ligaments, cartilage, tendons, muscles, and other connective tissues. Its 

primary function is to provide shape, support, stability, movement to the body, and protect vital 

organs. Musculoskeletal disorders are common in men and women of all ages and include more 

than a hundred different diseases and syndromes [1, 2]. The most common conditions are 

osteoarthritis, fractures, bone tumors, and anterior cruciate ligament (ACL) ruptures [3]. These 

conditions are associated with severe long-term pain and loss of function affecting millions of 

people globally and are expected to increase by 2040 [4].  Based on a prior report, musculoskeletal 

conditions caused an estimated economic burden of around $14 billion between 2017-2018 [5]. 

Although, some of the musculoskeletal tissues such as bone can self-repair [6];  large bone defects 

resulting from bone tumors and severe nonunion fractures lack the strength and flexibility 

required for bone regeneration [7]. In addition, many severe ACL injuries do not heal after 

complete rupture which occurs at the ‘enthesis’ region where the ligament meets the bone [8,9]. 

Therefore, surgical intervention using grafts is required in such cases for the regeneration of bone 

and functional enthesis.  

 

Current gold standard for treatment of bone defects and ACL reconstruction entails the use 

of autografts and allografts. Autografts are often preferred in the clinic due to advantages such as 

earlier incorporation and no immune rejection or disease transmission, but they are limited by the 

scarcity of tissue, donor site pain, and morbidity [10,11]. On the other hand, allografts include 
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avoidance of donor site morbidity and shorter surgical and rehabilitation time [12,13]. However, 

the major drawbacks of allografts contain slower graft incorporation, higher rupture rates, disease 

transmission, and higher graft cost [14,15]. Therefore, there is a need to develop an alternative 

strategy to eliminate the use of autografts and allografts. In the past three decades, tissue 

engineering has gained considerable momentum for the development of viable tissue grafts for 

use in the repair and regeneration of various musculoskeletal tissues, including bone and ACL. In 

the tissue engineering realm, various biomaterials – both natural and synthetic have been 

employed to develop viable scaffolds and used in combination with cells and/or growth factors 

to augment de novo tissue repair and regeneration. The most common synthetic biomaterials 

include polylactic acid (PLA), polyglycolic acid (PGA)) and polycaprolactone (PCL), whereas 

natural biomaterials comprise collagen, gelatin, chitosan, alginate, and silk.  

 

Among all the biomaterials, collagen type I is an ideal choice for scaffold fabrication due 

to its excellent biocompatibility and availability of cell adhesion sites [16]. In addition, most 

musculoskeletal tissues are composed of dense collagenous fibers (e.g., tendons and ligaments) 

or a combination of collagen and mineral components (e.g., bone), therefore, the use of collagen 

type I allows for the generation of biomimetic scaffolds that are compositionally similar to native 

tissue. However, limitations such as poor mechanical properties, slower gelation, and faster 

degradation exist [17,18]. Chemical crosslinking using genipin or carbodiimide (i.e., EDC-NHS) 

is commonly employed to improve the mechanical properties of collagen scaffolds but potential 

cytotoxicity of the crosslinking agents, as well as challenges associated with cell encapsulation 

within chemically crosslinked scaffolds, are major concerns [19,20]. Recent studies have shown 

that modification of collagen structure via the introduction of methacrylate groups retains the 
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basic characteristics of native collagen and enables photochemical crosslinking of collagen-based 

hydrogels [21, 22]. Methacrylated collagen (CMA) when exposed to UV light in the presence of 

photo-initiators, allows for creation of cell encapsulated hydrogels with minimal release of 

cytotoxic elements [23, 24]. In addition, methacrylation improves the physical and mechanical 

properties of collagen. Further, CMA can be used in combination with other materials such as 

bioactive inorganic ceramics.   

 

Ceramics and glass-ceramics materials like hydroxyapatite (HA), tricalcium phosphate 

(TCP), and bioactive glasses have been extensively investigated for bone restoration and ACL 

reconstruction [25–27]. Prior work has shown that Bioglass 45S5 (BG; 46.1 mol % SiO2, 26.9 

mol % CaO, 24.4 mol % Na2O, 2.5 mol % P2O5) expedites bone restoration in critical size defects 

and retains better replacement at the bleeding site with hemostatic capacity compared to HA [28]. 

This enhanced osteostimulative property of BG is due to its ability to rapidly change the surface 

from an amorphous material to a growing calcium phosphate layer which then crystallizes to form 

the hydroxycarbonate apatite layer when exposed to bodily fluids [29]. Further, BG has been 

shown to stimulate osteoblastic differentiation, cartilaginous tissue differentiation, and bone 

formation due to controlled release of ions (e.g., Ca, Si) [30–32]. In addition, up-regulation of 

genes involved in a matrix formation, inflammatory mediators, angiogenesis, and collagen 

synthesis have been seen with the use of BG [33–35]. Combination of collagen and BG has been 

used  in numerous studies for orthopedic and soft tissue regeneration [36–38].  

 

To date, several fabrication techniques have been employed to generate collagen-BG 

scaffolds for use in musculoskeletal applications which include electrospinning, freeze-drying, 
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and plastic compression [39,40]. Electrospinning method is used to synthesize fibers by applying 

very high voltage to the liquid solution and collector, which allows extrusion of the solution from 

a nozzle forming a jet [41]. The main advantage of electrospinning is the ability to control the 

fiber diameter; but denaturation of collagen and cell encapsulation within the scaffold are major 

drawbacks of the electrospinning method [42]. Freeze drying is a technique that follows the 

principle of lyophilization [43]. In this technique, scaffolds are frozen at very low temperatures 

and dried under high vacuum conditions to allow the solid-gas phase transformation which yields 

highly porous scaffolds with an interconnected porous network. However, the weak mechanical 

properties of freeze-dried scaffolds are a concern. Plastic compression is a technique for 

developing scaffolds via the removal of water from highly hydrated gels by applying fixed 

compressive load onto the hydrogels [44]. Although plastic compression yields dense and 

mechanically competent scaffolds; limitations such as lack of porosity and little control over 

scaffold shape still exist. Therefore, there is a need for an alternative method for the generation 

of biomimetic mechanically viable scaffolds with better control of architecture.  

 

Three-dimensional (3D) printing is an evolving technology in the field of tissue 

engineering and allows the fabrication of complex structures via layer-by-layer deposition of 

polymeric bioinks [45–47]. The advantages of 3D printing over conventional fabrication 

technologies are its ability to fabricate scaffolds by depositing biomaterials with high precision 

in ‘cell-friendly’ conditions and control the porosity of the scaffolds. In addition, 3D printing can 

be used to fabricate scaffolds with superior mechanical properties [48]. Several studies have 

employed 3D printing of collagen-based inks in combinations with ceramics such as HA and TCP 

for tissue engineering applications [49,50]. However, BG has been shown to be more 
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biocompatible and osteostimulative compared to HA and TCP [51,52]. The current study is the 

first attempt to 3D print biomimetic BG incorporated collagen inks for bone tissue engineering 

(BTE) applications. The rationale for the development of biomimetic constructs is to mimic the 

composition of native tissue and provide the essential biochemical cues to control and direct cell 

function in the absence of growth factors. In the context of ACL reconstruction, a continuous 

interface that mimics the intricate compositional and mechanical gradients of native enthesis is 

critical to improve graft integration at the bone-ligament interface [53]. Most studies have 

attempted multi-phasic gradients for the regeneration of ACL enthesis, but they do not mimic the 

physiochemical properties of the native ACL enthesis and have met with limited success [54,55]. 

The current study will be the first one to utilize BG and 3D print a continuous biomimetic Bioglass 

gradient-integrated collagen matrix (BioGIM) with a goal to promote tissue-specific cell response 

for the reconstruction of the ACL enthesis. To summarize, the focus of this dissertation is to: 1) 

enhance the mechanical properties and stability of cell-laden and acellular CMA hydrogels by a 

dual crosslinking approach, 2) employ 3D printing for the generation of biomimetic BG 

incorporated collagen constructs for BTE applications, and 3) develop a tissue-mimicking 

gradient scaffold for use at the ends of synthetic grafts to enable enthesis regeneration and 

improve the clinical outcomes of ACL reconstruction.  

 

1.2 Hypothesis 

In this study, collagen type I has been used because of its excellent biocompatibility, 

bioactivity, and the presence of cell-adhesion sites. However, collagen scaffolds are often 

associated with poor mechanical properties and faster degradation in vivo. Recent studies have 

shown that methacrylation of collagen allows for photochemical crosslinking of the hydrogels 
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with improved intrinsic properties and high cell-viability. In addition, only 20% of the amine 

groups have shown to be modified with the methacrylation process which allows for further 

crosslinking of the remaining 80% amine groups. Therefore, the hypothesis of the current study 

is that the application of dual crosslinking (photochemical crosslinking followed by chemical 

crosslinking) strategy will improve the mechanical properties, stability, and cell viability of 3D 

printed cell-laden CMA hydrogels.  

 

For the second goal, several studies have generated scaffolds using collagen and BG via 

conventional fabrication techniques. However, the scaffolds developed using these techniques are 

associated with limitations that can be addressed by 3D printing which allows layer-by-layer 

deposition of biomaterials with high precision and print fidelity.  In this study, an extrusion-based 

3D printing method was utilized to generate biomimetic BG-CMA constructs for BTE 

applications. Herein, we hypothesize that BG incorporation will maintain the print fidelity of 

CMA constructs and improve rheological properties, bone bioactivity, and osteogenic 

differentiation of human MSCs. 

 

For the third goal, many tissue engineering strategies have been faced with significant 

challenges to reconstruct the damaged ACL. To overcome these challenges, accurate replication 

of compositional biomimicry along the bone-ligament interface is of paramount importance to 

deliver a biomimetic gradient with essential biochemical cues to direct cellular integration, 

differentiation, and tissue remodeling and maturation. Therefore, for the first time, Raman 

spectroscopy and 3D printing will be coupled together for an innovative biomimetic ‘design-

build-validate’ strategy. For this goal, a continuous BG gradient integrated collagen matrices 
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(BioGIMs) will be developed akin to native rabbit ACL enthesis for use in ACL reconstruction 

applications. In this study, we hypothesize that a combination of Raman spectroscopy and 3D 

printing can be utilized for the generation of biomimetic gradients for use at the ends of synthetic 

grafts to achieve the full reconstruction of ACL. 

1.3 Research Objectives 

To test these hypotheses, the current work was divided into three separate aims: 

Aim 1: For this aim, dual crosslinking was performed by first photochemical crosslinking 

of CMA hydrogels using 1% VA-086 and UV exposure followed by chemical crosslinking with 

two distinct concentrations of genipin (i.e., 0.5 mM (low dual) or 1 mM (high dual)). Further, the 

effect of dual crosslinking conditions on gel morphology, compressive modulus, stability, and 

print fidelity was investigated. Additionally, the effect of dual crosslinking on cell viability and 

metabolic activity of hMSCs encapsulated within CMA hydrogels was assessed. Controls 

included uncrosslinked CMA, photochemically crosslinked CMA with 1% VA-086, and CMA 

hydrogels crosslinked with low genipin (0.5 mM) and high genipin (1 mM). Next, the effect of 

dual crosslinking on mechanical and degradation properties was investigated in the acellular 

study, where the CMA hydrogels were devoid of cells and a higher concentration of genipin was 

employed post photochemical crosslinking. Controls included uncrosslinked CMA, 

photochemically crosslinked CMA with 1% VA-086, and CMA hydrogels crosslinked with high 

genipin only.  

 

Aim 2: In this aim, 3D printed BG-CMA constructs were fabricated via the Freeform 

Reversible Embedding of Suspended Hydrogels (FRESH) gelatin method [56] by employing a 

bioink composed of BG, VA-086, and chilled neutralized CMA solution. Further, the effect of 
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BG incorporation on the compressive properties, stability, rheological properties, bone 

bioactivity, and print fidelity was assessed. Additionally, hMSCs were seeded on BG-CMA 

constructs, and the effect of BG incorporation on osteogenic differentiation of hMSCs was 

evaluated. CMA constructs with no BG were used as controls.  

 

Aim 3: To achieve this aim, firstly Rabbit legs were obtained from a local supplier and 

ACL tissue was dissected together with the femoral and tibial ends. Secondly, Raman 

spectroscopy was used to scan the freshly dissected rabbit ACL complexes to generate high 

resolution 3D biochemical compositional maps for modeling the mineral collagen distribution of 

native enthesis. In addition, conventional histological analysis of ACL enthesis was performed 

by hematoxylin and eosin (H&E) staining of the tissue sections for comparison with Raman 

spectral mapping. Thirdly, 3D printing was utilized to fabricate a continuous biomimetic BioGIM 

that compositionally emulates the mineral-collagen distribution of the native ACL enthesis. 

Further, 3D printed BioGIM were scanned to create a Raman map and compared to the original 

3D Raman map model of the ACL tissue to validate the replication fidelity of the native enthesis 

gradient composition. In addition, human MSCs were cultured on BioGIMs to assess the change 

in cell morphology along the length of the BioGIM via cell cytoskeleton staining.   
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Chapter 2  

Literature Review 

2.1 Bone Anatomy and Physiology 

Bone is the major connective tissue of the human body that provides shape and support for 

the body (Figure 2.1). It is predominantly composed of inorganic matrix or mineral phase 

(hydroxyapatite; 50-70%), organic matrix (20-40 %) mainly collagen type I, water (5-10 %), and 

3% lipids. Small traces of carbonate and magnesium are found in the mineral phase. The 

organizational pattern of the inorganic and organic components of bone defines the smooth 

mechanical function of the skeleton. Bone obtains its mechanical rigidity and load-bearing 

capacity from the inorganic component whereas the organic component provides flexibility and 

elasticity. Further, bone has the ability to self-repair where it resorbs the aged bone and forms 

new bone throughout life. This process is controlled by osteoblasts, osteoclasts, and osteocytes 

who have specific functions and roles. Osteoblasts help in generate new bone, osteoclasts resorb 

existing bone whereas osteocytes help in the normal functioning of the skeleton and homeostasis.   

 

In the last decade, the incidence of bone defects and conditions has increased drastically 

due to the increase in obesity and poor physical activity of the human population. Although bone 

can remodel, it is not sufficient to completely heal large bone defects such as trauma, cancer, 

infection, and tumor resection and often require invasive surgical intervention to aid healing. 

Bone is the second most commonly transplanted tissue worldwide, with over 4 million bone 

grafting procedures performed annually, costing about 2.5 billion US dollars every year [57]. This 

number is expected to rise rapidly due to an increase in the aged population [58]. The physical, 
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mental, and monetary burden of these bone defects affects the patient as well as their family 

members.   

 

 

Figure 2.1: Structure of Bone [59] 

2.2 Current Treatment and Modalities 

 Autologous bone grafts (autografts) are the current gold standard for bone repair and 

regeneration. However, harvesting healthy bone tissue from the patient’s body is associated with 

donor site morbidity with minor and major complications. In addition, the availability of 

autografts in case of massive segmental bone loss or a very large cancellous void is a concern 

[10]. Allografts are the second most preferred treatments harvested from cadaveric or living 

sources and are available in relatively greater supply compared to autografts. However, allografts 

are associated with limitations such as disease transmission and immune response [10]. Although 

these limitations can be addressed by many different processes; sterilization will denature some 

of the proteins and remove osteoinductive factors which will reduce their osteogenic potential 

[60]. Clinical use of orthobiologics (e.g., INFUSE – collagen graft with BMP-2) for bone 
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regeneration has demonstrated success but these are associated with limitations that include burst 

release of growth factors, high cost, and suboptimal delivery vehicles [61,62]. Therefore, there is 

a need for an alternative method that has the potential to restore, repair, and regenerate damaged 

bone tissue.      

 

2.3 Bone tissue engineering 

 Bone tissue engineering (BTE) is an evolving field that focuses on fabricating scaffolds to 

circumvent the complications associated with traditional bone grafts. An ideal scaffold should be 

biocompatible and biodegradable, and mimic the various properties (i.e., composition, structure, 

and mechanics) of native bone ECM when implanted. In addition, the scaffold should provide a 

3D environment for the cells to attach, proliferate, and differentiate. Further, high porosity and 

interconnectivity of the scaffolds should assist cell and nutrient migration. In tissue engineering, 

scaffolds can be fabricated using cellular or acellular approach. In the acellular approach, 

scaffolds are developed without cells and implanted into the injured site. It is expected that host 

cells will populate the scaffold and repair the damaged tissue. On the other hand, different types 

of cells can be encapsulated within the scaffolds prior to implantation which can aid in bone 

formation. In addition, growth factors can be incorporated within the scaffolds to promote 

osteogenesis. Therefore, there are many key factors that are associated with bone tissue growth 

like porosity and mechanical properties of the scaffold, cellular differentiation, and growth factors 

selection. However, attaining a successful balance between mechanical integrity and porosity of 

the scaffolds and mimicking the native tissue properties that can favor cell viability and function 

remains a challenge. Some of the other challenges are associated with the FDA approval due to 

the usage of multi-components (scaffolds, cells, growth factors) that hinder the clinical 
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application. Despite these challenges, BTE has made a significant impact on the research world. 

Several studies have focused on developing scaffolds using biomaterials and various fabrication 

technologies for BTE applications [63].  

 

2.4 Biomaterials 

 Selection of biomaterial plays an important role in the properties of bone scaffolds. An 

ideal scaffold should possess mechanical strength and porous architecture that aids cell migration 

and differentiation into the scaffold. Till now, various polymers and bioceramics have been 

investigated for BTE applications. A few of these biomaterials will be reviewed in the following 

section.  

 

2.4.1 Polymers 

Over the years, several synthetic and natural polymers have gained significant interest in 

the field of BTE. Examples of synthetic polymers that are commonly used for BTE applications 

are polycaprolactone (PCL) and poly (lactic-co-glycolic acid) (PLGA) whereas collagen and 

alginate are commonly used natural polymers.   

 

PCL: PCL is a member of biodegradable polyesters and is semi-crystalline in nature. It is 

biocompatible and non-toxic, hence a widely used scaffold for BTE applications. Use of PCL is 

highly advantageous because of its slower degradation rate and high mechanical strength which 

makes it a strong candidate for hard tissue engineering [64]. However, PCL lacks cell-binding 

sites resulting in poor cell attachment. Therefore, they are often combined with other polymers to 
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enhance cell proliferation and osteogenesis [65]. Yet, there are concerns regarding the potential 

toxicity of byproducts released during the degradation of PCL.  

 

PLGA: PLGA is a combination of two synthetic polymers poly-L-lactic acid (PLLA) and 

polyglycolic acid (PGA). The biggest advantage of PLGA is its FDA approval for use in human 

applications. Additionally, biodegradability and ease of processing make PLGA an excellent 

candidate for BTE applications. Further, the degradation rate of PLGA can be controlled by tuning 

the ratio of PLLA and PGA [66]. Moreover, encapsulation of growth factors within the PLGA 

scaffold can be done with ease. However, PLGA is hydrophobic in nature that does not allow 

cells to adhere, proliferate, and differentiate. Further, the acidic products released during PLGA 

degradation can result in bone necrosis and failure of the implant [63].  

 

Alginate: Alginate is an anionic polymer of natural origin and has gained immense 

attention in the field of BTE applications. The advantages of alginate correspond to its 

biocompatibility, biodegradability, and low toxicity. In addition, it has a remarkable ability to 

form gels at physiological conditions which are required for cell and nutrient transport to ensure 

a healthy environment for tissue regeneration [67]. Although beneficial, the major disadvantage 

of alginate is the lack of protein adsorption and cell attachment sites [68]. In addition, the weak 

mechanical properties and immune response of alginate are huge concerns [69]. 

 

Collagen: Collagen forms a triple helical structure composed of three repeating α-chains 

mainly consisting of glycine, proline, and hydroxyproline amino acids. Among all the natural 

polymers, collagen is a preferred choice for BTE scaffolds because 90% of the bone ECM is 
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composed of collagen. Collagen is innately biocompatible, biodegradable, and can promote cell 

adhesion, proliferation, and differentiation by undergoing fibrillogenesis to form collagen 

hydrogels, at physiological pH and temperature [70]. However, weak mechanical properties and 

faster degradation rate are major limitations of collagen hydrogels [17]. Thus, many crosslinking 

methods have been employed to tailor the mechanical and physical properties of collagen [19,21]. 

Despite significant benefits, collagen cannot be used as a sole material for load-bearing 

applications. Therefore, collagen is often combined with bioceramics to generate mechanically 

tough scaffolds for BTE applications. In addition, the combination of collagen and bioceramics 

will mimic the organic and inorganic composition of the bone.  

 

2.4.2 Bioceramics 

In this realm, ceramics and glass-ceramics materials such as HA, TCP, and bioactive glass 

have been extensively investigated for bone restoration.  

 

 HA: HA is a naturally occurring mineral within the human body and is the major inorganic 

component of the bone (50-70 %). It has excellent properties which include biocompatibility, 

bioactivity, osteoconductivity, controlled degradation, and lack of cytotoxicity. Despite these 

benefits, the hardness and high brittleness of HA hinders its use as the sole material for BTE 

applications. To overcome this limitation, several studies have fabricated scaffolds by combining 

HA with other polymeric materials. Calabrese et. al. showed that incorporation of HA into 

collagen enhanced the osteogenic differentiation of MSCs with higher gene expressions, ECM 

production, and mineralization analysis [71]. In another study, bone marrow stromal cells 

(BMSCs) exhibited higher alkaline phosphatase activity and osteoblastic differentiation on HA 
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coated collagen/PCL scaffolds compared to uncoated collagen/PCL scaffolds [72]. These results 

depict HA as a strong candidate for the treatment of bone defects. However, HA has a slower 

degradation rate which can result in the failure of the implant when the load is applied. In addition, 

it takes more than 30 days for the HA to form a bone like apatite layer on the surface in 

comparison to TCP which takes only 14 days when immersed in simulated bodily fluids [73].       

  

TCP: Another prevalent bioceramic is TCP which has been widely used in bone repair and 

regeneration. The release of calcium and phosphate ions in TCP is believed to create more 

precipitation which enhances the protein adsorption capacity and eventually promotes bone 

formation [74]. Similar to HA, TCP cannot be used alone in hard tissue engineering applications 

and needs to be combined with different polymers. Chen et al. displayed incorporation of TCP 

significantly improved the mechanical properties of poly(vinyl alcohol) scaffolds and enhanced 

biocompatibility, favorable for BTE applications [75]. In a different study, collagen-TCP 

scaffolds when implanted in a rabbit model showed superior bone formation after 45 days as 

compared to HA scaffolds [76]. However, the quality of new bone formed is poor due to an 

imbalance between the rate of resorption and osteogenesis in TCP [77]. In addition, research has 

shown TCP to be less biocompatible as compared to bioactive glass [52].  

 

Bioglass: In 1969, Dr. Larry Hench discovered the osteostimulative glass ceramic called 

bioactive glass. Among all the bioactive glasses, 45S5 bioactive glass (BG) is found to be more 

bioactive and is composed of 46.1 mol% SiO2, 24.4 mol% Na2O, 26.9 mol% CaO, and 2.6 mol% 

P2O5. When BG encounters bodily fluids, the slow dissolution of ions (silica and calcium) from 

the surface of BG changes from amorphous material to a hydroxycarbonate apatite layer. The 
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formation of this layer has been shown to promote osteoblast proliferation, differentiation, and 

finally the formation of new bone tissue. In comparison to other bioceramics, BG stimulates bone 

repair and restoration at a faster rate. In a previous study, Oonishi et al. compared the efficacy of 

particulate HA and particulate Bioglass 45S5 (BG) for use as a bone graft substitute in an animal 

model and showed that BG implantation resulted in expedited bone restoration compared to HA 

(i.e., 2 weeks for BG compared to 12 weeks for HA) [51]. The only drawback of BG is its inability 

to be used independently in load bearing applications because of its brittle nature.  

2.5 Fabrication Techniques  

Based on the advantages and disadvantages of biomaterials mentioned in the previous 

section, collagen and BG are the best candidates for BTE applications. To date, numerous 

fabrication techniques have been employed to generate collagen-BG scaffolds which include 

electrospinning, freeze-drying, plastic compression, and 3D printing.  

 

2.5.1 Electrospinning 

 Electrospinning is a technology used to make continuous fibers from polymeric solutions 

[41]. In this technology, a very high voltage is applied to the polymer solution which results in 

the charging and melting of the solution. Following this, the melted polymer is ejected through a 

spinneret to generate a jet and collected on a rotating receiver electrode to create fibers. The 

advantage of electrospinning is its ability to generate fibers with a diameter ranging from 

nanometer to micrometer. However, studies have shown that electrospinning of collagen results 

in the denaturation of the protein [42]. Further, the rate of collagen fiber production through 

electrospinning is slow compared to other methods [78].   
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2.5.2 Freeze-drying  

Freeze-drying is a method that follows the principle of lyophilization. In this technique, 

the scaffolds are frozen at very low temperatures up to -200 °C which forms the ice crystals. 

Further, the ice crystals formed are oven-dried under high vacuum conditions in order to allow 

the solid-gas phase transformation which yields highly porous scaffolds with an interconnected 

porous network. Temperature, polymer solution concentration, freezing time, and freezing 

direction can all be adjusted to modify pore size and orientation [79]. The freeze-drying process 

was employed to create a BG-collagen-phosphatidylserine scaffold that is capable of producing 

calcium and phosphate complexes as well as HA production. It has a number of drawbacks, 

including significant energy consumption, a long-time scale, and the production of small and 

uneven pore sizes. In addition, weak mechanical properties are also a concern [80,81].  

 

2.5.3 Plastic Compression 

 Plastic compression (PC) is a technique developed by Marelli et al. [82]. In this technique, 

the scaffolds are developed by applying a constant compressive load onto the hydrogels to remove 

excess water. This results in the formation of highly dense and mechanically robust scaffolds. 

Studies have demonstrated that PC increases the tensile strength and elasticity of collagen 

hydrogels. Further, BG incorporation has been shown to enhance the osteoconductivity of 

plastically compressed collagen hydrogels [83]. However, lack of porosity and little control over 

scaffold shape are major limitations of the PC technique.  
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2.5.4 3D Bioprinting 

3D bioprinting is an evolving technology and one of the tissue engineering approaches that 

has shown to be effective and promising. It is used to fabricate complex 3D architecture scaffolds 

and has the ability to print scaffolds layer by layer with high precision, reproducibility, and 

repeatability [84–87]. Further, 3D bioprinting permits the control of the porosity of the scaffolds 

with improved mechanical properties. As a result, it's a great alternative strategy for making 

biomimetic scaffolds that mimic the native tissue's natural structure. It may also be utilized to 

create scaffolds with a variety of biomaterials by precisely arranging numerous cell types and 

biofactors at the same time, resulting in the formation of the native tissue or organ [85,88,89]. 

Inkjet, laser-assisted (LAB), and extrusion are the three main types of 3D bioprinting processes.  

 

Inkjet 3D Bioprinting: 

Drop-on-demand printers, often known as inkjet 3D bioprinters, are the most commonly 

used. The bioink solution, which contains biomaterial, growth factors, and cells, is kept in a 

container and then transferred to the ink chamber for droplet ejection onto the print surface with 

precise z-axis position control. Thermal or piezoelectric actuation are two options for inkjet 

bioprinting (Figure 1A and 1B). Inkjet bioprinting has several benefits, including easy access to 

a bioprinting platform, fast processing speed, low cost, and the ability to be easily adjusted. 

However, due to material viscosity, cell density, and mechanical strength, inkjet bioprinters have 

some limitations. Low solution viscosities and low cell concentrations are often suitable with 

these bioprinters, avoiding significant shear stress and nozzle clogging [90,91].   
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Laser-assisted 3D Bioprinting: 

 The principle of laser-induced forward transfer is used in laser-assisted 3D bioprinting 

(LAB) [92]. In comparison to inkjet and extrusion bioprinting, LAB is less widely employed. In 

LAB, a high-intensity laser pulse creates high-pressure bubbles in a thin biomaterial layer 

containing cells, which eject to a predetermined location (Figure 1E). The advantage of LAB is 

that it can be printed with high cell densities and is compatible with a wide range of biomaterials. 

However, low cellular viability in the printed hydrogels is one of the major disadvantages of LAB. 

In addition, high cost, limited control over printing directionality, and slow printing speed are 

other drawbacks of LAB [93,94].  

 

Extrusion Bioprinting: 

Extrusion-based bioprinters are the most prevalent and cost-effective bioprinters. Extrusion 

bioprinting can be accomplished in two ways: pneumatically or mechanically (Figure 1C and 1D). 

Extrusion bioprinters can move in the x, y, and z directions and can control the temperature of the 

biomaterial during printing. Extrusion bioprinters, unlike other bioprinters, can use a variety of 

biomaterials, including high viscosity bioinks and cell aggregates. It also has the potential to 

deposit extremely high cell densities, which is one of the main aims of tissue engineered organs. 

Further, extrusion bioprinting has the ability to print multi-materials, porous constructs, and 

control ejection speed [95,96]. 
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Figure 2.2: Illustration of different types of 3D bioprinting technologies [97] 

 

2.6 Anterior Cruciate Ligament (ACL) Anatomy and Physiology 

ACL is one of the two cruciate ligaments that help to keep the knee joint stable (Figure 

2.3). It is a dense connective tissue band that runs from the femur to the tibia. It has a length of 

22 to 41 mm and a width of 7 to 12 mm. The ACL fibers spread out at the tibial connection 

because of the increase in cross-sectional area from the femur to the tibia. The anteromedial 

bundle (AMB) and the posterolateral bundle (PLB) are the two primary components of the ACL. 

The AMB is found on the proximal and anterior sides of the femoral insertion site, while the PLB 

is found on the posterior and inferior sides. The orientation of the two bundles at the femoral 
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attachment site changes during knee flexion, and the AMB (34 mm) and the PLB (22.5 mm) have 

a significant length difference. Hollis et al. found that the length of the AMB grows by 5% at 30º 

knee flexion and by 12% at 90º knee flexion and becomes tight, but the length of the PLB falls by 

14% at 30º and by 32% at 90º becomes loose [98]. The ACL is made up of many collagen bundles 

(mainly type I) that give rise to the ligament's multifascicular nature. The branches of the middle 

genicular artery are responsible for vascularization of the ACL [99,100]. The ACL's job is to keep 

the knee stable by preventing anterior tibial translation and rotational loads [101]. 

 

 

 

Figure 2.3: ACL Transectional Model [102] 

 

2.7 ACL Injuries and Prevalence 

Anterior cruciate ligament injuries cause tears or sprains in the knee and are taking place 

frequently [103,104]. ACL injuries arise during extreme twisting or when hyperextension forces 

are placed on the knee during football or basketball injuries, which results in severe pain, rapid 

swelling, loss of range of motion, etc. [105].  They can occur at any stage of life but are mostly 
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affecting the young and active population between 14 and 29 years old [106,107]. Over 400,000 

ACL reconstruction surgeries take place in the U.S annually, generating over $1.5 billion in 

healthcare costs, making them the sixth most common procedure performed by orthopedic 

surgeons [108–110]. 

 

2.8 Clinical Challenges in ACL Reconstruction 

Autografts, allografts, and synthetic grafts are the current surgical treatment options in 

ACL reconstruction. Autografts are derived from tendons such as the hamstrings, patella, and 

quadriceps [14,111,112]. Due to the advantages of earlier incorporation and no rejection or 

disease transmission, autografts are the most commonly used procedures in clinics for ACL 

reconstruction, but they are limited by the scarcity of tissue, donor site morbidity, and longer 

surgical times [11,113,114]. Allografts are derived from the tibialis anterior, quadriceps, Achilles 

tendon, hamstrings, and bone-patellar tendon-bone (BPTB) [12,15,115]. The advantages of 

allografts include avoidance of donor site morbidity and shorter surgical and rehabilitation time 

[13,15,116]. However, the major disadvantages of allografts are slower graft incorporation, 

higher rupture rates, disease transmission, and higher graft cost [14,15,113] Therefore, to improve 

patient outcomes and reduce healthcare costs, synthetic grafts were widely used in the 1980s and 

1990s for ACL reconstruction [117–119]. The common synthetic ligaments used are carbon 

fibers, Gore-Tex, Dacron, etc. Despite significant results, the long term applications presented 

some concerns such as fatigue, creep, unwanted wear, cross-infections, and poor host enthesis 

graft site integration at the cellular level [120–122]. 
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Due to these disadvantages associated with both biological and synthetic grafts, the need 

for tissue engineering solutions for ACL reconstruction is emerging [113,123,124] The ideal ACL 

replacement scaffold should be biocompatible, porous, biodegradable, and allow for proper load 

transfer mechanics via robust host tissue integration at the interface of the graft site [120,125–

127]. The main challenge in the field of tissue engineering is regenerating the interface between 

soft tissues and bone. Therefore, there is a significant need to develop a tissue engineered scaffold 

that can promote interface regeneration and aid functional graft to bone integration [128,129]. 

 

2.9 Tissue Engineering of the Enthesis  

A functional enthesis, the interface between a bone and ligament or tendon, is required for 

successful ACL reconstruction. The enthesis region is a complex tissue composed of ligament or 

tendon, unmineralized fibrocartilage (UF), mineralized fibrocartilage (MF), and bone [130–132]. 

Type I collagen, type III collagen, and proteoglycans make up the ligament, which is designed to 

withstand tensile loads. The UF is made up of type I, II, and III collagen as well as proteoglycans, 

which help to resist the compressive loads occurring at the enthesis. Type II and X collagen, as 

well as proteoglycans, are found in the MF. Finally, alkaline phosphatase, osteopontin, and 

osteocalcin are non-collagenous proteins found in bone [130,132–134]. The graded structure of 

collagen molecule alignment increases toward the ligament, whereas mineral content increases 

toward the bone and serves to minimize the formation of stress concentrations and allows load 

transfer from soft tissue to bone [107,128,132,135]. ITE has met with a significant challenge to 

reconstruct the damaged ACL mainly due to the multi-tissue transition from ligament-to-bone. 
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Initial studies mainly focused on bone tissue formation by combining a surgical graft with 

a material to improve the ligament-to-bone insertion. Mutsuzaki et al. coated tendon grafts with 

TCP by soaking them in a series of solutions before implantation [136]. The altered tendon grafts 

were inserted into the rabbit ACL reconstruction model which exhibited enhanced healing process 

and bone formation after 3 weeks of implantation for precoated tendon grafts as compared to 

uncoated. Other studies have focused on incorporating periosteum coated grafts with or without 

growth factors such as BMP-2 into ACL models that showed enhanced osteointegration near bone 

tunnel [137–139]. Despite these significant developments, these studies lack regeneration of 

fibrocartilage interface tissue which is required for functional ACL.  

 

To overcome these challenges, prior work has mainly focused on using homogenous 

isotropic materials or multi-phasic scaffolds for soft-to-hard interface tissue regeneration [131]. 

Bi et al. displayed that MSCs seeded on silk-collagen scaffold promoted regeneration of ligament 

and integration of bone at the interface for ACL reconstruction [140]. In a different study, 

Spalazzi et al. fabricated tri-phasic scaffold and seeded interface specific cell types on these 

scaffolds which resulted in the soft tissue graft to bone interface regeneration [141]. Although 

these results are encouraging, few studies have tried to mimic the physicochemical properties of 

the ACL enthesis which may provide the essential biomimetic cues to the cells and therefore may 

be critical to achieve full ACL reconstruction. Therefore, there is a significant need to develop a 

continuous mineral gradient akin to the ACL enthesis that can promote host tissue integration at 

the interface of the graft site.  
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Abstract: Photopolymerization of methacrylated collagen (CMA) allows for 3D bioprinting of 

tissue scaffolds with high resolution and print fidelity. However, photochemically crosslinked 

CMA constructs are mechanically weak and susceptible to expedited enzymatic degradation in 

vivo. The goal of the current study was to develop a dual crosslinking scheme for the generation 

of mechanically viable cell-laden printable constructs for tissue engineering applications. Dual 

crosslinking was performed by first photochemical crosslinking of CMA hydrogels using VA-086 

photoinitiator and UV exposure followed by chemical crosslinking with two different 

concentrations of genipin (i.e., 0.5 mM (low dual) or 1 mM (high dual)). The effect of dual 

crosslinking conditions on gel morphology, compressive modulus, stability and print fidelity was 

evaluated. Additionally, human MSCs were encapsulated within CMA hydrogels and the effect of 

dual crosslinking conditions on viability and metabolic activity was assessed. Uncrosslinked, 

photochemically crosslinked, and genipin crosslinked CMA hydrogels were used as controls. SEM 

results showed that gel morphology was maintained upon dual crosslinking. Further, dual 

crosslinking significantly improved the compressive modulus and degradation time of cell-laden 

and acellular CMA hydrogels. Cell viability results showed that high cell viability (i.e., > 80%) 

and metabolic activity in low dual crosslinked CMA hydrogels. On the other hand, cell viability 

and metabolic activity decreased significantly (p < 0.05) in high dual crosslinked CMA hydrogels. 

Quantitative fidelity measurements showed the measured parameters (i.e., line widths, pore size) 

were comparable between photochemically crosslinked and dual crosslinked constructs, 

suggesting that print fidelity is maintained upon dual crosslinking. In conclusion, application of 

low dual crosslinking is a viable strategy to yield mechanically superior, cell compatible and 

printable CMA hydrogels. 

Keywords: methacrylated collagen, dual crosslinking, cell viability, 3D printing  
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3.1 Introduction  

The advent of 3-D bioprinting has allowed for the rapid creation of variable hydrogel-based 

tissue constructs [142–144]. The physicochemical properties of the constructs can be fine-tuned to 

emulate the natural characteristics of the extracellular matrix (ECM) using highly customizable 

hydrogel-based bioinks [145–147]. Bioinks are solutions made of various components, both 

natural and synthetic, that may be extruded through a needle tip into a prior specified shape and 

solidified into a stable matrix for use in a variety of different tissue engineering applications [145]. 

Many studies investigate combinatorial bioinks using collagen type-I, cellulose, gelatin, alginate, 

and chitosan or synthetic polymers like poly(ethylene glycol) (PEG) [143,145,148]. Often, 

collagen type-I is used for a cellular scaffold with addition of another natural polymer such as 

alginate for structural integrity [148,149]. However, addition of alginate as a structural backbone 

reduces the biomimetic potential of the final scaffold and is associated with limitations such as 

poor cell adhesion and growth [143].  The use of pure collagen-based bioinks to generate a truly 

biomimetic scaffold is more meritorious than combinatorial bioinks due to its superior 

biocompatibility, bioactivity, and the presence of cell-adhesion binding sites [16,150,151]. Yet, 

limitations such as low print fidelity, poor mechanical properties, and slower gelation exist [17,18].  

The print fidelity of pure collagen-based constructs can be improved by using highly concentrated 

collagen bioinks, although loss in cellular viability presents a major obstacle with this approach 

[152]. Therefore, there is a need for an alternative strategy to improve the printability and 

mechanical properties of pure collagen bioinks while retaining high cellular viability and 

functionality within the 3D printed constructs.  
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Chemical crosslinking using agents such as glutaraldehyde and genipin remains a common 

practice in tissue engineering applications under acellular conditions or with cells seeded atop the 

scaffolding due to the ability to remove the unreacted crosslinker after tuning the stiffness of the 

matrix [153,154]. However, for cell-laden 3D bioprinting, cells must interact with the crosslinking 

solution after printing, wherein the cytotoxicity of the crosslinking solution is a major concern.  

Recent studies have shown that methacrylation of collagen retains the natural properties of 

collagen and allows for photochemical crosslinking of collagen-based constructs [155,156].  

Methacrylated collagen (CMA), when associated with a photo-initiators such as I-2959 or VA-

086, may be exposed to UV light to crosslink the collagen fibers with minimal release of cytotoxic 

elements and create a cell-laden CMA construct [23,24,147]. While methacrylation and photo-

crosslinking of collagen matrices provides structural rigidity suitable for 3D bioprinting, the 

printed constructs are still mechanically weak and susceptible to rapid enzymatic degradation than 

that of chemical crosslinking alone [17,156,157].  

 

Application of a dual crosslinking method, that synergizes the advantages of both 

photochemical crosslinking and chemical crosslinking approaches, can be an effective strategy for 

the generation of 3D bioprinted mechanically viable cell-laden collagen constructs. Omobono et 

al. employed photocrosslinking using Rose Bengal photoinitiator together with chemical 

crosslinking using 1-ethyl-3-(3-dimethylaminopropyl) carbodiimide (EDC) and N-

hydroxysuccinimde (NHS) to synthesize mechanically superior cell-laden collagen hydrogels [17]. 

However, in a separate study, Ibusuki et al. reported that the use of Rose Bengal is associated with 

cytotoxicity [158]. Further, utilizing genipin as a chemical crosslinking solution at low 
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concentrations may be more cytocompatible than EDC and NHS to yield cell-laden collagen 

hydrogels [19,159,160].  

 

The primary goal of the current study was to develop a dual crosslinking strategy to 

improve the mechanical and degradation properties of CMA hydrogels while maintaining high cell 

viability, metabolic activity, and print fidelity of 3D bioprinted CMA constructs. The dual 

crosslinking strategy entailed sequential application of photochemical crosslinking followed by 

chemical crosslinking using genipin. Photochemical crosslinking was performed using VA-086 

photoinitiator and UV exposure. Two different genipin concentrations were used – 0.5 mM (low) 

and 1 mM (high). The effectiveness of this dual crosslinking strategy over either genipin or 

photochemical crosslinking strategies alone was evaluated using the following assays: (1) 

Scanning electron microscopy (SEM) to assess the microstructure of the collagen fibers, (2) 

Uniaxial compression testing to determine compressive modulus, (3) Collagenase degradation test 

to assess the stability of CMA gels, (4) live-dead cellular viability assay to assess the cytotoxicity, 

5) Alamar blue assay to assess cell metabolic activity, and 6) Quantitative geometric measurements 

to determine print fidelity of 3D bioprinted constructs.  

3.2 Materials and Methods  

3.2.1 Effect of Genipin Concentration on Cell Viability in 2D Tissue Culture Plate: 

Human MSCs (Lonza; PT-2501; hMSC) were expanded in low glucose-DMEM growth 

medium supplemented with 10% fetal bovine serum (FBS), and 1% penicillin/streptomycin 

(pen/strep). Cells between passage 5-7 were used for all the experiments. 
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To determine the optimal genipin concentration to crosslink cell-laden 3D CMA hydrogels, 

hMSCs were first cultured in 2D tissue culture plates and exposed to different concentrations of 

genipin (0 mM, 0.25 mM, 0.5 mM, 1mM, 5mM and 10 mM). Briefly, hMSCs were seeded in a 

24-well plate at a density of 25,000 cells/cm2 and cultured for 24 h to allow for cell attachment. 

Following this, cells were incubated with different concentrations of genipin in 50 mM HEPES 

buffer for 1 h at 37 °C. Post genipin exposure, cells were washed three times and cultured in alpha-

MEM culture medium supplemented with 10% FBS, 1% penicillin/streptomycin, and 10 mM β-

glycerophosphate for an additional 24 h. At the end of culture, cells were washed with 1x PBS and 

stained with calcein AM and ethidium homodimer (Life Technologies) for 15 min at 37 °C and 

imaged under a fluorescence microscope (Zeiss) to assess the effect of genipin concentration on 

hMSC viability.  

 

3.2.2 Synthesis of Dual Crosslinked 3D CMA Hydrogels: 

Dual crosslinked CMA hydrogels were prepared by adding a mixture of acid solubilized 

methacrylated collagen type I solution (3 mg/ml; Advanced BioMatrix, San Diego, CA), 1% w/v 

VA-086 photoinitiator (Wako, Japan) and 0.1N NaOH (pH = 7.4) into circular rubber washers (7.5 

mm diameter, 2.5 mm height) and incubating the mixture at 37 °C for 30 min to induce gelation. 

After gelation, CMA hydrogels were photochemically crosslinked via UV exposure (365 nm; 17 

mW/cm2) for 1 min. The photochemically crosslinked CMA hydrogels were then subjected to 

genipin crosslinking by incubating them in 0.5 mM genipin (low dual) or 1 mM genipin (high 

dual) in 50 mM HEPES buffer (pH 7.4) for 1 h at 37 °C (Figure 3.1). The upper limit of genipin 

concentration was 1 mM to maintain viability in cell-laden CMA hydrogels. The effects of dual 

crosslinking on morphology, mechanics and stability was performed on 3D CMA hydrogels 



Reprinted with permission from: Kajave N S, Schmitt T, Nguyen T and Kishore V Materials 

Science & Engineering C, 2020, 107 110290 

 

 

31 

because 1) simple and consistent geometry, and 2) structural similarity with extrusion-based 3D 

printed solid constructs. Uncrosslinked CMA hydrogels, CMA hydrogels photochemically 

crosslinked with 1% VA-086 only (1% VA), CMA hydrogels crosslinked with 0.5 mM genipin 

only (low genipin) and 1 mM genipin only (high genipin) were used as controls.  

 

 

Figure 3.1: Schematic illustration of the dual crosslinking strategy for cell-laden and acellular 3D 

CMA hydrogels. 
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3.2.3 Assessment of 3D CMA Hydrogel Morphology using Scanning Electron Microscopy: 

The effect of dual crosslinking conditions on fibril morphology and pore-size distribution 

within CMA hydrogels was evaluated using scanning electron microscopy (SEM).  A rigorous 

sample preparation procedure was employed to minimize the effect of the drying process on fibril 

morphology within the CMA hydrogels [161,162]. Briefly, CMA hydrogels were serially 

dehydrated in different concentrations of ethanol solution (20%, 50%, 75%, and 90%) for 15 min 

each step and treated twice with 100% ethanol for 1 h. Following this, the hydrogels were subjected 

to critical point drying using Denton DCP-1 dryer, sputter-coated with gold and observed at 8000x 

magnification under SEM (JEOL JSM-6380LV). 

 

3.2.4 Effect of Dual Crosslinking on Compressive Properties of 3D CMA Hydrogels: 

Uniaxial compression tests were performed to assess the effect of dual crosslinking 

conditions on the compressive modulus of CMA hydrogels (N = 15/group; DMA Q800, TA 

Instruments, New Castle, DE). Briefly, CMA hydrogels were mounted between compression 

clamps in wet condition and an initial preload force of 0.001 N was applied to engage the 

compression clamp onto the surface of the hydrogel.  Following this, the hydrogels were loaded at 

a rate of 0.01 N/min and the load and the displacement data were collected [156]. Stress was 

calculated by normalizing the load with the cross-sectional area of the hydrogel and strain was 

computed by taking the ratio of displacement over the original thickness of the hydrogel.  Stress-

strain curves were generated and compressive modulus was calculated by determining the slope 

of the 0-10% strain region [163].  
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3.2.5 Effect of Dual Crosslinking on the Stability of 3D CMA Hydrogels: 

To determine the stability of dual crosslinked CMA hydrogels (N = 5/group), an in vitro 

collagenase degradation assay was performed [17]. At first, the hydrogels were hydrated in 

ultrapure water for 30 min. The surface water on the hydrogel was gently blotted off using a 

kimwipe and the initial weight (W0) of the hydrogel was determined. Following this, each CMA 

hydrogel was incubated in 500 µl of collagenase solution (5 U/ml in 0.1M Tris-HCl buffer and 5 

mM CaCl2; pH 7.4) at 37 °C in microcentrifuge tubes. At periodic intervals, each hydrogel was 

weighed (Wt) until it was completely degraded. The percent residual mass of the hydrogel at each 

time point was calculated using the following equation: 

 

 

3.2.6 Cell Encapsulation in Dual Crosslinked 3D CMA Hydrogels: 

To encapsulate cells within the CMA hydrogels, hMSCs (100,000 cells/ml) were first 

suspended in neutralized CMA solution with 1% VA-086. Hundred µl of cell suspension was 

added into each well of a 96-well plate (Corning) and incubated at 37 °C for 30 min to allow for 

gelation. Following this, the hydrogels were dual crosslinked as described in Section 2.2. These 

cell-laden 3D CMA hydrogels are structurally similar to extrusion-based 3D bioprinted solid 

constructs. After crosslinking, the cell-laden hydrogels were washed thrice and cultured in alpha-

MEM medium supplemented with 10% FBS and 1% penicillin/streptomycin for 7 days. Cell-laden 

uncrosslinked CMA, photochemically crosslinked CMA and genipin crosslinked (0.5 mM and 1 

mM genipin) CMA hydrogels were used as controls for cell studies.   
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3.2.7 Effect of Dual Crosslinking on Cell Viability and Metabolic Activity in Cell-laden 3D CMA 

Hydrogels:  

 For cell viability assessment, cell-laden hydrogels (N = 3 hydrogels/group/time point) were 

transferred to a new culture plate, washed with 1x PBS and stained with Calcein AM and ethidium 

homodimer for 45 min at 37 °C. After staining, the hydrogels were imaged under a fluorescence 

microscope (Zeiss) for qualitative assessment for cell viability. In addition, cell viability was 

quantified via image analyses to determine the percentage of live cells within each hydrogel (N = 

5 images/sample/group).  

 

 Cell metabolic activity on dual crosslinked CMA hydrogels was assessed using Alamar 

Blue assay (N = 6 hydrogels/group/time point). At days 1, 4 and 7, cell-laden hydrogels were 

incubated with 10% Alamar Blue solution (Sigma-Aldrich, MO) at 37 °C for 2 h. Following this, 

100 µl aliquots from each well were transferred to another 96-well plate (Greiner) and fluorescence 

was measured at an excitation wavelength of 555 nm and an emission wavelength of 595 nm using 

M2e Spectramax plate reader (Molecular Devices). Relative fluorescence units (RFU) were used 

as a measure of cell metabolic activity of hMSCs encapsulated within CMA hydrogels.  

 

3.2.8 3D Bioprinting of Cell-laden Constructs using CMA Bioinks: 

A REGEMAT 3D (Granada, Spain) modular-head custom bioprinter was utilized for 

bioprinting by using the print parameters summarized in Table 1. Cells were encapsulated within 

a custom bioink solution as described in Section 2.6 and loaded onto the bioprinter. Cell-laden 

constructs were printed using Freeform Reversible Embedding of Suspended Hydrogels (FRESH) 

gelatin method to ensure three-dimensional stability [56]. Post printing, the cell-laden constructs 
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were photochemically crosslinked by exposing them to UV light for 1 min. After UV crosslinking, 

constructs embedded in FRESH media were incubated at 37 °C and 5% CO2 for 45 min to melt 

the gelatin media and recover the printed constructs. Following this, printed constructs were 

subjected to different genipin crosslinking regimen (i.e., low genipin, low dual) in HEPES buffer 

for 1 h. Since low genipin crosslinking yielded comparable compressive properties and better cell 

viability than high genipin crosslinking, high genipin crosslinking was not performed on the 

printed constructs. The effect of different crosslinking conditions on print fidelity was quantified 

using ImageJ analyses (National Institute of Health, Bethesda, MD). Briefly, high magnification 

images of the printed constructs were taken using a DSLR camera (Canon) equipped with a macro 

lens using a fixed distance. The line measurement function in ImageJ was used to quantify the line 

width and pore size of the printed constructs. In addition, circularity of the printed discs was 

measured by taking the ratio of two orthogonal diameters. In addition, the effect of crosslinking 

conditions on cell viability within printed constructs was assessed using live-dead assay.  

     

3.2.9 Dual Crosslinking of 3D CMA hydrogels in an Acellular Approach:  

Since the CMA hydrogels were devoid of cells in the acellular approach, more vigorous 

genipin crosslinking conditions can be employed to further improve the mechanical and 

degradation properties of CMA hydrogels. After photochemical crosslinking, CMA hydrogels 

were crosslinked with 28 mM (i.e., 0.625% w/v) genipin in 90% ethanol for 24 h at 37 °C [164]. 

The effect of different crosslinking conditions on compressive and degradation properties was 

determined as described in Sections 2.4 and 2.5. Uncrosslinked CMA, CMA photochemically 

crosslinked with 1% VA-086 only (1% VA), and CMA hydrogels crosslinked with 28 mM genipin 

only were used as controls. 
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3.2.10 Statistical Analysis: 

Results are expressed as mean ± standard deviation using data combined from at least two 

independent experiments. Statistical analyses was performed using one-way ANOVA with Tukey 

post hoc comparisons (JMP Pro 14). Statistical significance was set at p < 0.05.  

 

3.3 Results 

3.3.1 Effect of Genipin Crosslinking Conditions on Cell Viability in 2D Tissue Culture Plate: 

To determine the most optimal genipin concentration for crosslinking of 3D CMA 

hydrogels, human MSCs were exposed to different concentrations of genipin on a 2D culture plate 

and the effect of genipin concentration on cell viability was determined. Results from the live-dead 

assay showed that cells remain viable up to 1 mM genipin concentration (Figure 3.2A-3.2D). 

However, increasing the concentration of genipin to 5 mM and 10 mM resulted in significant cell 

death indicating that genipin at concentrations higher than 1 mM is cytotoxic (Figure 3.2E, 3.2F). 

Based on these results, two different concentrations – 0.5 mM (low) and 1 mM (high) were selected 

for crosslinking of cell-laden CMA hydrogels in subsequent studies.  
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Figure 3.2: Cell viability in different concentrations of genipin solution assessed via live-dead 

assay: (A) 0 mM, (B) 0.25 mM, (C) 0.5 mM, (D) 1 mM, (E) 5 mM, and (F) 10 mM. Scale bar: 

100m. 

 

3.3.2 Effect of Dual Crosslinking on Morphology of 3D CMA Hydrogels: 

SEM imaging was performed to qualitatively assess the effect of different crosslinking 

conditions on the morphology of CMA hydrogels. Uncrosslinked CMA hydrogels revealed a 

fibrous morphology which is a typical characteristic of collagen hydrogels.  The fibers observed 

were thin and loosely packed possibly due to the low concentration of collagen in the hydrogels 

(3 mg/ml; Figure 3.3A). Upon crosslinking, no differences in fiber size, fiber orientation, and pore 

size distribution were observed (Figure 3.3B-3.3F). Together, SEM analyses revealed that dual 

crosslinking does not change the morphology of CMA hydrogels.    
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Figure 3.3: SEM images show morphology of (A) Uncrosslinked CMA hydrogel and CMA 

hydrogels crosslinked with (B) 1% VA-086, (C) low genipin, (D) high genipin, (E) low dual, and 

(F) high dual crosslinking. Scale bar: 2 µm. 

 

3.3.3 Effect of Dual crosslinking on Compressive Modulus of 3D CMA Hydrogels: 

 Uniaxial compression tests showed that the compressive modulus of uncrosslinked CMA 

hydrogels was around 0.2 kPa (Figure 3.4). Photochemical crosslinking using VA-086 

photoinitiator resulted in a significant increase in the compressive modulus of CMA hydrogels. 

However, crosslinking with genipin only resulted in no change in the compressive modulus of 

CMA hydrogels. Upon dual crosslinking, the compressive modulus of CMA hydrogels increased 

around 2-fold compared to uncrosslinked and genipin only crosslinked hydrogels and around 1.3-

fold compared to VA-086 photochemical crosslinked hydrogels (p < 0.05).  Lastly, the 

compressive modulus of low dual and high dual crosslinked hydrogels was comparable. Together, 
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these results indicate that the dual crosslinking significantly improves the compressive modulus of 

CMA hydrogels.  

 

Figure 3.4: (A) Representative stress versus strain curves of CMA hydrogels. (B) Compressive 

modulus of CMA hydrogels (* denotes p < 0.05 when comparing crosslinked CMA with 

uncrosslinked CMA, # denotes p < 0.05 when comparing between other crosslinked CMA groups 

with 1% VA-086 crosslinked CMA, horizontal lines denote p < 0.05 between connecting groups). 

 

3.3.4 Effect of Dual crosslinking on Stability of 3D CMA hydrogels: 

An in vitro collagenase degradation assay was performed to assess the effect of different 

crosslinking conditions on the stability of CMA hydrogels. Results showed that uncrosslinked 

CMA hydrogels degraded rapidly within 4 hours (Figure 3.5). The stability of CMA hydrogels 

improved upon crosslinking as indicated by a significant increase (p < 0.05) in the degradation 

time. Specifically, the degradation time for CMA hydrogels crosslinked with either 1% VA-086 

or genipin ranged between 6-8 hours suggesting an almost 2-fold improvement in the stability of 

the hydrogels (p < 0.05). Dual crosslinking further enhanced the stability of the CMA hydrogels. 

Degradation time for both low dual and high dual crosslinked hydrogels (i.e., 10 hours) was 

significantly higher (p < 0.05) compared to uncrosslinked, 1%VA-086 and genipin only 
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crosslinked CMA hydrogels. Together, these results indicate that dual crosslinking yields more 

stable CMA hydrogels. 

 

Figure 3.5: Assessment of stability of crosslinked CMA hydrogels using in vitro collagenase 

degradation assay ( denotes p < 0.05 when comparing crosslinked CMA with uncrosslinked 

CMA, # denotes p < 0.05 when comparing between other crosslinked CMA with 1% VA-086 

crosslinked CMA, horizontal lines denote p < 0.05 between connecting groups). 

 

3.3.5 Effect of Dual Crosslinking on Cell Viability and Metabolic activity in 3D CMA Hydrogels:  

Viability of hMSCs encapsulated within crosslinked CMA hydrogels was evaluated using 

live-dead assay at day 1 and day 7. Results showed that greater than 90% of cells were viable on 

uncrosslinked CMA hydrogels (Figure 3.6A). Further, high cell viability was maintained in 1% 

VA-086, low genipin, and low dual crosslinked CMA hydrogels (Figure 3.6B, 3.6C, and 3.6E). 

On the other hand, substantial decrease in cell viability was observed in high genipin and high dual 

crosslinked CMA hydrogels (Figure 3.6D, 3.6F). Quantitative cell viability results obtained via 

image analyses (i.e. the percentage of live vs. dead cells) confirmed the visual observations from 

the fluorescent images (Figure 6G). Cell viability was comparable on all hydrogels at day 1. While 

cell viability was maintained on uncrosslinked, 1% VA-086, low genipin and low dual crosslinked 
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CMA hydrogels from day 1 to day 7, there was a significant decrease in the percentage of live 

cells in high genipin and high dual crosslinked CMA hydrogels. Specifically, cell viability in high 

genipin and high dual crosslinked CMA hydrogels decreased from ~80% at day 1 to 54% and 47%, 

respectively, at day 7 (p < 0.05; Figure 3.6G).  

 

Alamar Blue assay was performed to assess cell metabolic activity within crosslinked 

CMA hydrogels from day 1 to day 7 (Figure 3.7A). Results showed that cell metabolic activity in 

uncrosslinked CMA hydrogels increased significantly from day 1 to day 7 (p < 0.05; Figure 3.7B). 

Upon crosslinking, cell metabolic activity was observed to increase significantly from day 1 to day 

4 and maintain from day 4 to day 7. When comparing between different hydrogels at day 7, cell 

metabolic activity in uncrosslinked and VA-086 crosslinked CMA hydrogels was comparable. 

While genipin crosslinking resulted in a significant decrease (p < 0.05) in cell metabolic activity 

compared to uncrosslinked and 1% VA-086 crosslinking conditions, cell metabolic activity was 

significantly higher (p < 0.05) on low genipin and low dual crosslinked hydrogels compared to 

high genipin and high dual crosslinked hydrogels. Together, these results indicate that low dual 

crosslinking conditions yield cell-laden CMA hydrogels with high cell viability and cell metabolic 

activity.  
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Figure 3.6: (A-F) Live-dead assay to assess the viability of hMSCs encapsulated within 

crosslinked CMA hydrogels (live cells stain green and dead cells stain red). (G) Quantification of 

cell viability plot ( denotes p < 0.05 when comparing crosslinked CMA with uncrosslinked CMA, 
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# denotes p < 0.05 when comparing between other crosslinked CMA with 1% VA-086 crosslinked 

CMA, horizontal lines denote p < 0.05 between connecting groups). Scale bar: 100m 

 

 

Figure 3.7: Quantification of cell metabolic activity on crosslinked CMA hydrogels using 

AlamarBlue assay ( denotes p < 0.05 when comparing crosslinked CMA with uncrosslinked 

CMA at corresponding time point, # denotes p < 0.05 when comparing between other crosslinked 

CMA with 1% VA-086 crosslinked CMA at corresponding time point, ϯ denotes p < 0.05 when 

comparing between CMA hydrogels crosslinked with low concentration of genipin versus high 

concentration of genipin at corresponding time point, brackets denote p < 0.05 between connecting 

groups). 

 

3.3.6 Effect of Dual Crosslinking on Print Fidelity and Cell Viability in 3D Bioprinted Constructs:  

3D bioprinted CMA constructs were qualitatively observed first for deformation compared 

to the 3D model (Figure 3.8A) before removal of FRESH media and post removal. All meshes 

printed with clear mesh structure; however, those that were not photo-crosslinked (Figure 3.8B 

and 3.8D) displayed significant deformation that left fidelity measurements nonviable. Both the 

1% VA photo-crosslinked and dual crosslinked meshes survived removal of FRESH medium with 
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pores visible within (Figure 3.8C and 3.8E). Quantitative fidelity measurements showed no 

significant differences in the measured parameters between photochemically crosslinked and dual 

crosslinked constructs, observing that print fidelity is maintained upon dual crosslinking (Figure 

3.8F-H). Viability staining showed that cells remained viable post-printing in both photo-

crosslinked (Figure 3.8I) and dual crosslinked (Figure 3.8J) cell-laden constructs.  
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Figure 3.8: 3D Bioprinted CMA Construct evaluation: (A) Original 3D Model, (B) Uncrosslinked 

construct, (C) 1% VA Photoinitiated crosslinked construct, (D) Low genipin only crosslinked 
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construct, (E) Dual crosslinked construct, (F) Line width determination of inner mesh, (G) Pore 

size evaluation of inner mesh, (H) Circularity for circular construct, (I) Cell viability for 1% VA 

photochemically crosslinked construct, (J) Cell viability for dual crosslinked construct. Print 

fidelity measurements for uncrosslinked and low genipin crosslinked constructs were not feasible 

because the constructs deformed after melting of the FRESH media.  

 

3.3.7 Effect of Dual Crosslinking on Mechanical Properties and Stability of 3D CMA Hydrogels 

in an Acellular Approach: 

For the acellular approach, higher concentration of genipin was employed to crosslink the 

CMA hydrogels. In addition, instead of HEPES buffer which was used for cell-laden CMA 

hydrogels, genipin crosslinking for the acellular approach was performed in an ethanol-water 

solution. Results showed the uncrosslinked CMA hydrogels degraded within 6 hours upon 

collagenase treatment (Figure 3.9A, 3.9B). Photochemical crosslinking with VA-086 significantly 

increased the degradation time to around 10 hours. Upon genipin crosslinking alone and dual 

crosslinking, there was a sharp increase in degradation time to around 28 hours which was 

significantly higher (p < 0.05) compared to both uncrosslinked and 1% VA-086 photochemically 

crosslinked CMA hydrogels. The total degradation time for CMA hydrogels crosslinked with 

genipin only and dual conditions was comparable. Results from compression tests showed that 

there was an increase in the compressive modulus of CMA hydrogels upon photochemical 

crosslinking and genipin only crosslinking, albeit this outcome was not statistically significant 

(Figure 3.9C). Compressive modulus of dual crosslinked CMA hydrogels was significantly higher 

(p < 0.05) compared to uncrosslinked and 1% VA-086 crosslinked hydrogels. These results suggest 
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that dual crosslinking improves the mechanical properties and stability of acellular CMA 

hydrogels.  

 

 

Figure 3.9: Assessment of stability and compressive modulus of crosslinked CMA hydrogels in a 

cell free approach (A) Line plot showing change in residual mass with time, (B) Comparison of 
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total degradation time between different crosslinked CMA hydrogels, (C) Compressive modulus 

of uncrosslinked, single and dual crosslinked CMA hydrogels with 1% VA-086 and 28 mM 

genipin in 90% ethanol for 24 h ( denotes p < 0.05 when comparing crosslinked CMA with 

uncrosslinked CMA, # denotes p < 0.05 when comparing between other crosslinked CMA with 

1% VA-086 crosslinked CMA). 

 

3.4 Discussion 

Collagen type-I serves as an excellent bioink base for 3D printed scaffolding due to its 

ubiquitous presence in natural body tissues. Recent work has shown that the addition of 

methacrylate groups to the ε-amine groups on the lysine residues of collagen allows for 

crosslinking of hydrogels via photo-initiated strategies. This process results in methacrylation of 

approximately 20% of the total amines and has been shown to retain the structural properties of 

native collagen [21]. However, sole use of photocrosslinking yields hydrogels with limited 

mechanical rigidity and stability. One approach to further enhance the CMA hydrogel properties 

is to employ an additional crosslinking step to chemically bond the free amines (i.e., ~80%) that 

are remaining post methacrylation. Genipin, a primary amine crosslinker derived from gardenia 

fruits, is known to react with amine groups to form a monomeric adduct which subsequently results 

in crosslinking of the collagen protein [164–166]. The current study is the first attempt to employ 

a dual crosslinking scheme that leverages the advantages of both photochemical crosslinking and 

genipin crosslinking methods to enhance the mechanical and degradation properties of 3D printed 

pure collagen constructs while maintaining high cell viability and print fidelity. These cell-laden 

collagen constructs can be printed to resemble the compositional and structural aspects of native 
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tissue and hence have immense biomimetic potential for use in a variety of different tissue 

engineering and regenerative medicine applications.  

 

The impact of genipin on cell viability must be addressed, though prior work has shown 

that genipin is less cytotoxic than other chemical crosslinking solutions [164,167]. Lower 

concentrations of genipin will yield higher cell viability, yet scaffold mechanics suffer for it, 

requiring a delicate balance to maintain both cell viability and mechanical properties of the scaffold 

[154,160]. While an acellular approach allows for the use of far greater genipin concentrations, 

and thus yield greater mechanical stiffness, this becomes nonviable when cells have extended 

contact with the chemical crosslinker. Therefore, to first determine the optimal genipin 

concentration for viable cell encapsulation in CMA hydrogels, hMSCs were directly exposed to 

different genipin concentrations in a 2D culture plate. Results showed an overwhelming cytotoxic 

effect at genipin concentrations greater than 1 mM (Figure 3.2). Further, 1 mM was shown to 

reduce cellular viability to a noticeable degree (Figure 3.2D). For this reason, 0.5 mM (low) and 1 

mM (high) concentrations of genipin were selected for genipin crosslinking of cell-laden CMA 

hydrogels in this study. 

 

SEM imaging showed no observable changes in the microstructure of uncrosslinked and 

crosslinked CMA hydrogels (Figure 3). This finding is consistent with Gaudet and Shreiber’s work 

on photochemically crosslinked CMA using I-2959 photoinitiator [21]. However, recent work has 

shown that photochemical crosslinking of highly concentrated CMA (i.e., 8 mg/ml) may induce 

merging of the collagen fibrils in the microstructure, leading to a reduction in pore size [156]. In 

addition, Yan et al., have shown that genipin crosslinking alters the morphology of 
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collagen/chitosan scaffolds with higher chitosan content [168]. On the contrary, Gaudet and 

Shrieber, as well as the current study, used lower concentration (i.e., 3 mg/mL) of CMA, 

suggesting that the effect of crosslinking on the microstructure of CMA hydrogels may be heavily 

dependent upon the concentration of CMA [21,155,156].  Lower concentration of CMA used in 

the current study may have allowed for greater porosity between collagen fibrils, allowing them to 

remain individualized through the crosslinking process. 

 

Mechanical testing entailed evaluating the effect of different crosslinking conditions on the 

compressive modulus of the CMA hydrogels by determining the slope of the elastic region of the 

stress-strain curve (Figure 3.4) [163,169]. The compressive modulus of the CMA hydrogels was 

observed to significantly increase (p < 0.05) after photochemical crosslinking, with further 

increase upon the addition of genipin crosslinking (Figure 3.4B). Sung et al. observed similar 

results with a dual crosslinking approach involving genipin, carbodiimide, and EDC [170]. The 

collagenase degradation study was utilized to replicate the in vivo enzymatic environment and 

further reinforce the benefit of the dual crosslinking strategy [170]. Both photochemical and 

genipin crosslinked CMA were shown to significantly decrease (p < 0.05) the degradation rate of 

the hydrogels, with dual crosslinking further decreasing (p < 0.05) this rate suggesting that dual 

crosslinking improves the stability of the CMA hydrogels (Figure 3.5). This improvement in the 

properties of CMA hydrogels upon dual crosslinking can be attributed to higher crosslinking 

degree attained via photo-initiated crosslinking of methacrylate groups and genipin mediated 

crosslinking of the free-amine groups within the collagen structure. In addition, the substantial 

improvement in the properties of acellular hydrogels (Figure 3.9) compared to cell-laden  

hydrogels (Figures 3.4 and 3.5) further corroborates that degree of crosslinking of CMA hydrogels 
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can be controlled by modulating the crosslinking conditions of the second step of the dual 

crosslinking scheme (i.e., genipin crosslinking) [164,171]. These results are consistent with 

previous studies that explored the impact of dual crosslinking strategies on the stability of 

collagen-based hydrogels [17,170].  

 

The live-dead assessment of low and high genipin crosslinking with cells embedded in the 

hydrogel, and by extension low and high dual crosslinking, displayed a significant reduction (p < 

0.05) in viability for high genipin crosslinking over that of low genipin (Figure 3.6). Results from 

the AlamarBlue cell metabolic assay displayed a similar trend (Figure 3.7), showing a significant 

decrease (p < 0.05) in the metabolic activity on high genipin crosslinked cell-laden CMA 

hydrogels. These results are consistent with the findings reported by Macaya et al. who showed 

that exposure to 1 mM genipin resulted in a significant decrease in cell viability (i.e., < 60%)  

[153]. On the other hand, Kim et al. showed that cell viability in encapsulated hydrogels remains 

greater than 90% even at 3 mM genipin concentrations after 1 hour [159]. This discrepancy in cell 

viability outcomes may be because the extent of genipin cytotoxicity can vary depending on cell 

type. While Macaya et al. and the current study employed hMSC, the study by Kim et al. used 

human adipose stem cells.  Based on the cell viability results in the current study, employing low 

concentrations of genipin (i.e., <1 mM) is recommended to retain cellular viability within cell-

laden constructs. Cell encapsulation allows for greater biomimicry of the natural ECM through 

three-dimensional scaffolding, and the potential to move towards 3D bioprinting [157–159]. 

 

Perhaps the technology that receives the most benefit from the development of an effective 

dual crosslinking strategy is that of 3D bioprinting. This technology, through application of 
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extruder heads or lithographic techniques, allows for construction of biomimetic scaffolding from 

natural polymers such as collagen type-I [144,147]. However, the layer by layer nature of many 

bioprinting techniques limit the type of bioinks that can be used to those that are, or conjugated to, 

structurally stable polymers [143,172,173]. This can be clearly seen in Figure 3.7B, wherein a soft 

material such as pure 3 mg/mL collagen disintegrates without structural stability to survive melting 

of the FRESH medium. The addition of photochemical crosslinking allows for these constructs to 

survive the printing process (Figure 3.8C), which may then be further stabilized with genipin 

crosslinking (Figure 3.8D and 3.8E), with no significant loss of fidelity (Figure 3.7F-H). A low 

dual crosslinking methodology was also proven to minimally affect cellular viability on these 

hMSC laden constructs (Figure 3.8I and 3.8J).  

 

Although cell-laden scaffolds have the potential to promote accelerated tissue regeneration 

due to the presence of pre-seeded regenerative cell population, acellular scaffolds that rely on host 

cells post implantation are often preferred due to ease of implantation (i.e., no priming of scaffold 

with cells prior to implantation) and relatively less complex regulatory requirements [174,175]. 

While a plethora of different acellular scaffolds have been developed, both natural and synthetic, 

pure collagen-based scaffolds are of singular importance because of their biocompatibility, 

biodegradability, and the presence of bioactive cell-binding sequences (i.e., RGD). In addition, the 

use of pure collagen-based bioinks enables bioprinting of a biomimetic scaffold that resembles the 

physicochemical properties of native tissue. As evidenced in the current study, the generation of 

cell-laden collagen scaffolds mandates careful use of crosslinking agents in order to maintain a 

delicate balance between cell viability and scaffold mechanical properties; however, an acellular 

approach allows for the use of far greater concentrations of genipin, and thus yield scaffolds with 
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significantly greater mechanical and degradation properties. Results from the acellular work 

demonstrate that dual crosslinking resulted in a significant increase (i.e., up to 5-fold) in the total 

degradation time (Figure 3.9B) and compressive modulus (Figure 3.9C) of 3D CMA hydrogels. 

While the use of genipin only can yield similar outcomes, dual crosslinking is essential for 

bioprinting purposes since the 3D printed constructs do not survive the FRESH melting process if 

not photochemically crosslinked (Figure 3.8B and 3.8D). The dual crosslinking strategy developed 

in this study can be leveraged in different additive manufacturing practices for 3D bioprinting of 

mechanically robust and stable collagen-based acellular scaffolds with pre-defined complex 

geometries and controlled pore structure for use in a variety of different tissue engineering 

applications. 

 

The use of pure collagen-based solutions as bioinks reduces bioink material requirements 

for structural stability and thus opens up a plethora of different prospects for the development of 

biomimetic scaffolds for tissue engineering applications [143,176]. Results from this study 

demonstrate that sequential application of photochemical crosslinking and genipin crosslinking 

have the potential to overcome limitations associated with weak mechanical properties and fast 

degradation that are inherent to constructs fabricated using low concentrations of collagen. While 

application of dual crosslinking resulted in substantial improvement in the mechanical and 

degradation properties of acellular CMA hydrogels, it is important to note that this strategy may 

not be immediately applicable for tissue engineering purposes with cell-laden hydrogels due to a 

relatively small improvement in CMA hydrogel properties. Nevertheless, results from the current 

study provide a solid and statistically significant foundation to warrant further investigation on the 

development of alternative strategies to improve the mechanical and degradation properties of cell-
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laden CMA hydrogels for their clinical use. These strategies can include identifying alternative 

biocompatible crosslinking regimens or in vitro culturing of cell-laden hydrogels to enable cell-

mediated remodeling of the hydrogel prior to implantation. Overall, dual crosslinking strategy 

developed in this study is a promising approach for 3D bioprinting of mechanically viable cell-

laden collagen-based constructs. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 



Reprinted with permission from: Kajave N S, Schmitt T, Nguyen T, Gaharwar A K and Kishore 

V Biomedical Materials, 2021, 16 (3), 035003 

 

55 

Chapter 4  

Bioglass Incorporated Methacrylated Collagen Bioactive Ink for 3D 

Printing of Bone Tissue 

 
Nilabh S. Kajave1, Trevor Schmitt1, Thuy-Uyen Nguyen2, Akhilesh K. Gaharwar2,3,4, Vipuil 

Kishore1* 

 

 

 

1Department of Biomedical and Chemical Engineering and Sciences, Florida Institute of 

Technology, Melbourne, FL 32901 

 
2Department of Biomedical Engineering, Texas A&M University, College Station, TX 77843 

 
3Department of Materials Science and Engineering, Texas A&M University, College Station, TX 

77843 

 
4Center for Remote Health Technologies and Systems, Texas A&M University, College Station, 

TX 77843 

 

 

 

 

 

 

 

* Corresponding Author:  

  Department of Biomedical and Chemical Engineering and Sciences,  

  Florida Institute of Technology,    

  150 W. University Blvd, Melbourne, FL 32901 

  Tel: 1-(321)-674-8847 

  Email: vkishore@fit.edu 

mailto:vkishore@fit.edu


Reprinted with permission from: Kajave N S, Schmitt T, Nguyen T, Gaharwar A K and Kishore 

V Biomedical Materials, 2021, 16 (3), 035003 

 

56 

Abstract: Bioactive 3D printed scaffolds are promising candidates for bone tissue engineering 

(BTE) applications. Here, we introduce a bioactive ink composed of Bioglass 45S5 (BG) and 

methacrylated collagen (CMA) for 3D printing of biomimetic constructs that resemble the organic 

and inorganic composition of native bone tissue. A uniform dispersion of BG particles within the 

collagen network improved stability and reduced swelling of collagen hydrogels. Rheological 

testing showed significant improvement in the yield stress and percent recovery of 3D printed 

constructs upon BG incorporation. Further, addition of BG improved the bone bioactivity of 3D 

printed constructs in stimulated body fluid. BG incorporated CMA (BG-CMA) constructs 

maintained high cell viability and enhanced alkaline phosphatase activity of human mesenchymal 

stem cells. In addition, cell-mediated calcium deposition was significantly higher on BG-CMA 

constructs, compared to CMA alone. In conclusion, 3D printed BG-CMA constructs have 

significant potential for use in BTE applications. 

 

Keywords: collagen, Bioglass, 3D printing, bone tissue engineering, human MSCs  
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4.1 Introduction 

Three-dimensional (3D) bioprinting is an emerging layer-by-layer approach for 

engineering patient-specific custom scaffolds with high shape fidelity and porous architecture 

[90,177]. Hydrogel based bioinks such as alginate, gelatin and gellan gum are commonly used for 

3D bioprinting of tissue engineered constructs due to advantages such as high water content, good 

biocompatibility, and smooth viscosity transitions (i.e., shear thinning) [178–180]. Recently, use 

of collagen-based bioinks for 3D printing has garnered significant interest because of superior 

biocompatibility, presence of cell adhesion sites, and ability to print biomimetic constructs that 

resemble native tissue extracellular matrix (ECM) properties [181,182]. However, constructs 

printed using low concentration collagen bioinks tend to collapse and deform under their own 

weight resulting in significant loss in print fidelity. Further, gelation of collagen is a thermally 

driven time-dependent process, which limits its use as an ink for 3D printing applications.  

 

To address these limitations, Hinton et al. reported on a new freeform reversible embedding 

of suspended hydrogels (FRESH) printing technique that employs a thermo-reversible support bath 

comprised of gelatin microparticles which hinders the spreading of the bioink post printing and 

allows for 3D printing of soft hydrogel-based constructs by integrating the printed layers without 

clogging the nozzle [56]. Further, methacrylation of collagen enables in situ photochemical 

crosslinking of the printed construct in the FRESH bath to improve the physical and mechanical 

properties of collagen constructs [21]. We have recently shown that it is feasible to print pure 

collagen constructs with good print fidelity and high cell viability using a low concentration 

methacrylated collagen (CMA) bioink (i.e., 3 mg/ml) and the FRESH printing technique [22]. The 

goal of the current study is to employ the FRESH printing technique to generate collagen-based 
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hybrid constructs that resemble the organic and inorganic composition of native bone for use in 

bone tissue engineering (BTE) applications. These biomimetic constructs may provide key 

compositional cues to direct and control cellular function (i.e., osteogenic differentiation, matrix 

mineralization) and thereby enable enhanced bone regeneration.  

 

Bioglass 45S5 (BG) is an osteostimulative biomaterial that can chemically bond to hard 

and soft tissue [29,183]. Combination of collagen and BG has been extensively used for the 

generation of viable scaffolds for BTE applications [39]. However, most existing scaffold 

fabrication methodologies are associated with limitations that deter the clinical translation of BG 

incorporated collagen constructs. For example, freeze-drying yields highly porous BG 

incorporated collagen scaffolds but weak mechanical properties of freeze-dried scaffolds are a 

concern. Plastic compression entails the application of a fixed compressive load onto a BG 

incorporated collagen hydrogel in order to densify the collagen microstructure and improve the 

stiffness of the collagen hydrogels [44]. However, lack of porosity and little control over scaffold 

shape are possible limitations. Therefore, there is a need for an alternative biofabrication 

methodology for the generation of mechanically viable BG incorporated collagen scaffolds with 

better control of scaffold shape and architecture. Use of mechanically viable scaffolds will aid in 

seamless implantation of the scaffold, enable earlier mobilization of the injured site, and may 

expedite the bone healing process [184]. In addition, matrix elasticity of the initial scaffold is an 

important parameter known to guide stem cell differentiation [185]. 

 

While 3D printing of collagenous constructs using collagen-based inks in combination with 

hydroxyapatite (HA) and tricalcium phosphate (TCP) have been previously reported [186,187]; to 
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the best of our knowledge, the current study is the first attempt to 3D print BG incorporated 

collagen constructs for BTE applications.  Herein, an extrusion-based printing method using CMA 

and FRESH support media was employed to generate biomimetic BG incorporated methacrylated 

collagen (BG-CMA) constructs. The rationale for the design of a biomimetic scaffold that is 

compositionally similar to native bone is to recreate the natural ECM microenvironment and 

provide the essential physicochemical cues to enable material-directed cell differentiation as a 

growth-factor free approach for BTE applications. The effect of BG incorporation on mechanical 

and rheological properties, stability, fluid uptake properties, and bone bioactivity of CMA 

constructs was investigated. Further, human mesenchymal stem cells (hMSCs) were seeded onto 

the printed constructs and the effect of BG incorporation on cell viability, morphology, 

proliferation, ALP activity, and cell-mediated mineralization was assessed.    

 

4.2 Materials and Methods  

4.2.1 Materials: 

Methacrylated collagen type I (Photocol) was purchased from Advanced Biomatrix (San 

Diego, CA). Bioglass 45S5 (BG; 46.1 mol % SiO2, 26.9 mol % CaO, 24.4 mol % Na2O, 2.5 mol 

% P2O5; ∼1 µm particle size) was purchased from MO‐SCI Corporation (Rolla, MO). Live-dead 

assay kit was purchased from Life technologies (Carlsbad, CA). Quant-iT Picogreen dsDNA kit 

was purchased from Invitrogen (Carlsbad, CA). SensoLyte pNPP alkaline phosphatase (ALP) 

assay kit was purchased from AnaSpec (Fremont, CA). Calcium (CPC) Liquicolor kit was 

purchased from Stanbio (Boerne, TX). All other chemicals and reagents were purchased from 

Fisher Scientific (Watham, CA) unless stated otherwise. 
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4.2.2 Effect of BG Incorporation on Compressive Modulus, Degradation and Swelling Ratio of 

CMA Hydrogels: 

To assess the effect of BG incorporation on compressive modulus, stability and swelling 

ratio, 3D casted CMA hydrogels were used because of their similarity to extrusion-based 3D 

printed solid constructs.  BG-CMA hydrogels were synthesized by adding a mixture of acid soluble 

CMA (6 mg/ml), BG (50% w/w), 2,2‐Azobis (2‐methyl‐N‐(2‐hydroxyethyl)propionamide) 

photoinitiator (VA-086; 1% w/v; Wako, Japan) and 0.1N NaOH into rubber washers (7.5 mm 

diameter, 2.5 mm height). Following this, the hydrogels were crosslinked by UV exposure for 1 

min (365 nm; 17 mW/cm2) and incubated at 37 C for 30 min. CMA hydrogels were made in a 

similar manner but without the addition of BG. Unconfined compression tests were performed to 

assess the effect of BG incorporation on the compressive modulus of CMA hydrogels (N = 

10/group; DMA Q800, TA Instruments, New Castle, DE). Briefly, the hydrogels were mounted in 

a hydrated state between compression clamps and an initial preload force of 0.001 N was applied 

to engage the compression clamp onto the surface of the hydrogel. Following this, load and the 

displacement data were collected by loading the hydrogels at a rate of 0.01 N/min until the 

compression clamp reached the end position. Stress was calculated using the load and the initial 

cross-sectional area of the hydrogel whereas strain was computed by taking the ratio of 

displacement to the original thickness of the hydrogel. Stress-strain curves were generated, and 

compressive modulus was calculated by taking the slope of the stress-strain curve between 0-10% 

strain [163]. Stability of BG incorporated CMA hydrogels (N = 5/group) was analyzed by 

performing an in vitro collagenase degradation assay [188]. Briefly, the hydrogels were hydrated 

in ultrapure water for 30 min. The initial weight (W0) of the hydrogel was determined after 
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removing the excess water from the hydrogel by gently blotting on a Kim wipe. Following this, 

hydrogels were incubated in 500 l of collagenase solution (5 U/ml in 0.1 M Tris-HCl buffer and 

5 mM CaCl2; pH 7.4) at 37 C in microcentrifuge tubes. At periodic intervals, the hydrogels were 

removed from the collagenase solution and weighed (Wt) until the hydrogels were completely 

degraded. Residual mass of the hydrogels was calculated by using the following equation: 

 

Residual mass (%) = 
𝑊𝑡

𝑊0
 𝑥 100                            (1)         

 

To assess the effect of BG incorporation on swelling ratio, the hydrogels were vacuum 

dried overnight and weighed to attain the initial dry weight (Wd). Following this, the hydrogels 

were hydrated in 500 l of 1x PBS at room temperature for 24 h and wet weight (Ww) of the 

hydrogels was measured. Swelling ratio was determined by using the following equation:  

Swelling ratio (%) = 
𝑊𝑤− 𝑊𝑑

𝑊𝑑
 𝑥 100                   (2) 

 

4.2.3 Preparation of FRESH Support Bath:  

The FRESH support media was prepared by following a previously published protocol 

[56]. Briefly, 250 ml of 1x Phosphate Buffer Saline (PBS) was added to a Mason jar and heated to 

55 °C. To this, 10 g of gelatin type A (Thermo Fisher Scientific, Waltham, MA) was added and 

mixed until completely dissolved. The jar was then placed at 4 C overnight. Following this, 

chilled 1x PBS was added and filled to the brim of the gelatin containing jar and left to freeze at -

20 ⁰C for about 1 h. The frozen mixture was then blended in the same container for 60 seconds 
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using a consumer-grade blender. The blended mixture was then transferred to 50 ml tubes and 

centrifuged at 3000 g for 5 min at 4 C. The supernatant was discarded, and the tubes were filled 

up to 45 ml with chilled 1x PBS and vortexed to resuspend the gelatin. The centrifugation step was 

repeated three times to ensure complete removal of soluble gelatin and stored at 4 C until use. For 

3D printing, the FRESH media was prepared by adding the gelatin mixture in two separate 60 ml 

capped syringes and centrifuging at 300 g for 5 min at 4 C. The supernatant was discarded, and 

the mixture was transferred from one syringe to the other using a plunger. Air bubbles were 

removed by centrifuging the syringe at 300 g for 5 min. The ready to use FRESH was then extruded 

into Petri dishes, gently tapped with a Kim wipe to take out the excess water and mounted on the 

stage of the 3D printer. 

 

4.2.4 3D Printing of BG Incorporated Methacrylated Collagen (BG-CMA) Constructs: 

BG-CMA constructs were fabricated via Freeform Reversible Embedding of Suspended 

Hydrogels (FRESH) gelatin method (Fig. 4.2A) [56]. Briefly, BG-CMA inks were prepared by 

mixing chilled CMA solution (6 mg/ml), BG (50% w/w BG:CMA) and 1% w/v VA-086 in a 

syringe. The syringe was mounted onto a 3D REGEMAT bioprinter (Granada, Spain) and the BG-

CMA constructs were printed into the FRESH bath by extruding the ink using the parameters 

summarized in Table 1. Post printing, photochemical crosslinking of BG-CMA constructs was 

performed by exposing them to UV light for 1 min. After UV crosslinking, the constructs 

embedded in FRESH media were incubated at 37 C for 45 min to melt the gelatin support media 

and allow for collagen fibrillogenesis. Following this, the printed constructs were washed 

thoroughly with ultrapure water to ensure complete removal of gelatin. CMA constructs printed 

under the same conditions but without BG were used as controls.  



Reprinted with permission from: Kajave N S, Schmitt T, Nguyen T, Gaharwar A K and Kishore 

V Biomedical Materials, 2021, 16 (3), 035003 

 

63 

Table 4.1: Parameters for 3D printing of CMA and BG-CMA constructs 

Parameters Value Description 

Tip Diameter 0.25 mm A blunt syringe tip for the print head 

Tip Gauge 25 g Nozzle size to allow for printing of BG 

Print Shape Cube Outer limit of the construct is square 

Infill Pattern Mesh Cross-hatched inner pattern 

Infill % 5% Solid fraction of the inner pattern  

Infill Angle 45⁰ Extrusion angle of the ink 

Flow Speed 5 mm/s Extrusion speed for optimal density 

Crosslink Power 17 mW/cm2 UV light power 

Crosslink Time 1 min Exposure of UV for crosslinking 

 

 

4.2.5 Confirmation of BG Incorporation and Assessment of Print Fidelity of BG-CMA Constructs:  

Alizarin Red S is an anionic dye that stains calcium ions and hence can be used to confirm 

the presence and distribution of BG (rich in calcium ions) in CMA constructs. BG-CMA constructs 

were stained with 40 mM Alizarin red S (pH 4.1) for 20 min at room temperature. Following this, 

the constructs were washed with copious amounts of ultrapure water to remove the excess stain 

and the constructs were imaged using a DSLR camera (Canon) equipped with a macro lens to 

obtain high magnification images of the stained BG-CMA constructs. For print fidelity assessment, 

ImageJ analyses (National Institute of Health, Bethesda, MD) was performed on 3D printed CMA 

and BG-CMA constructs. Briefly, high quality images of the printed constructs were taken from a 

fixed distance using a DSLR camera. Line measurement tool on ImageJ was used to measure the 
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line width and pore size of the printed BG-CMA constructs and the measurements were compared 

with CMA constructs to determine the effect of BG incorporation on print fidelity.  

 

4.2.6 Rheological Analysis of BG-CMA Bioactive Ink: 

Rheological analysis was performed on CMA and BG-CMA inks using a stress-controlled 

Discovery Hybrid Rheometer 2 (DHR-2, TA Instrument, New Castle, DE). Briefly, the precursor 

ink solution was loaded on the sample stage and a 40 mm parallel plate was applied on the sample 

with a gap of 0.3 mm. A solvent trap was installed to prevent sample evaporation. Except for 

temperature sweeps and UV rheology analyses, all samples were tested at 4 C. The shear thinning 

properties of the inks were determined according to the power-law flow of fluid (Eq 3) with the 

flow index of n < 1 for shear thinning fluid (n = 1 is Newtonian fluid and n > 1 is shear thickening 

fluid). To investigate the flow behavior of the CMA and BG-CMA inks, shear rate sweeps were 

performed by varying the shear rate from 10-3 to 104 s-1. To determine yield stress of each ink, 

oscillation stress sweeps were performed at 1 Hz frequency and the stress rate was varied from 10-

2 to 103 Pa. The yield stress is defined at the point where the loss modulus G” becomes greater 

than the storage modulus G’ (intercept between G” and G’). To assess the recoverability of the 

precursor ink solution, rotational time sweeps were performed at three consecutive shear rates: 

0.023 s-1 for 60 s, 3000 s-1 for 5 s, and 0.015 s-1 for 120 s and the percent recovery was determined 

via the viscosity difference before and after holding the solution at rest. In addition, photochemical 

crosslinking kinetics were characterized using oscillatory time sweeps at constant stress of 1 Pa 

and 1 Hz frequency. UV light (15 mW/cm2) was applied to the sample after 30 s into the test and 

the change in storage modulus in each group was observed. Finally, to investigate the gelation 
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kinetics of the precursor solution, temperature sweeps at a rate of 0.5 °C/s were conducted from 4 

to 40 °C and changes in viscoelastic moduli were observed.  

 = o + kn               (3) 

 

: shear stress (Pa) 

o: yield stress (Pa) 

: shear rate (1/s) 

k: consistency index (Pa.s) 

n: flow index 

 

4.2.7 Assessment of Bone Bioactivity of BG-CMA Constructs using Simulated Body Fluid (SBF):  

Bone bioactivity was assessed by incubating CMA and BG-CMA constructs in SBF [189]. 

Printed constructs were incubated in sterile SBF (pH 7.4) in a 60 mm petri dish at 37 °C for 7 days 

(N = 3/group/timepoint). SBF solution was replaced every 2 days to ensure the fresh supply of 

ions. At specific intervals (days 1, 3 and 7), the constructs were removed from SBF solution and 

washed with ultrapure water. Morphological characterization of the surface of the printed 

constructs was done using scanning electron microscopy (SEM). Briefly, constructs were serially 

dehydrated with different concentrations of ethanol solution (20%, 50%, 75% and 90%) for 15 

min each step and twice with 100% ethanol solution for 1 h. Following this, the constructs were 

dried using Denton DCP-1 critical point dryer, sputter coated with gold and observed under SEM 

(JEOL JSM-6380LV).   
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Chemical characterization of the SBF conditioned printed constructs was performed using 

X-ray diffraction (XRD) and Raman spectroscopy. For XRD, the constructs (days 0, 1, 3, and 7; 

N = 3/group/time point) were serially dehydrated in ethanol and immersed twice in the 

hexadimethyldisilazane (HMDS) solution for 15 min. Following this, the constructs were air dried 

for 15 min and used for XRD analysis. XRD (Bruker) spectra for all the constructs were recorded 

from 6 to 600 2 at 30 kV and 10 mA and the spectra obtained were analyzed using EVA software 

(Bruker).  

 

For Raman spectroscopy, a Renishaw (Wotton-under-Edge, UK) InVia Raman 

Spectrometer with coupled Leica (Wetzlar, Germany) DM2500 microscope with a 785 nm 

excitation source was used to evaluate the change in mineral component density of the SBF treated 

constructs with time. Briefly, at periodic intervals (day 1, 3, and 7; N = 3/group/time point), 

constructs were removed from SBF and placed upon roughened aluminum slide to minimize the 

ambient noise. Raman spectra were collected by exposing the constructs for 3 seconds, with 3 

acquisitions per spectrum. The Renishaw WiRE 4.4 software package was used for the removal of 

cosmic rays, normalization and averaging of the spectra.  

 

4.2.8 Cell Culture: 

Human MSCs (Lonza; PT-2501; hMSC) were cultured in 75 cm2 flasks and maintained in 

low glucose-DMEM growth medium supplemented with 10% (FBS) and 1% 

penicillin/streptomycin in 5% CO2 at 37 °C. Passage-5 cells were used for all the experiments. 

Constructs were sterilized with 70% ethanol for 30 min, washed 3 times with 1x PBS, and placed 

in a 6-well ultralow attachment plate (Corning). For cell viability and morphology assessment, 
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cells were seeded on the constructs at a density of 5,000 cells/cm2 (based on the area of the well) 

[190] and cultured for 7 days. Due to MSC induced contraction of the collagen constructs, a lower 

cell seeding density of 500 cells/cm2 was used for the cell differentiation experiments and day 17 

was selected as the end point. Culture medium composed of alpha-MEM (Gibco) supplemented 

with 10% FBS, 1% penicillin/streptomycin, and 10 mM -glycerophosphate. The culture medium 

was replaced after 6 h to remove the unattached cells and then periodically every three days.  

 

4.2.9 Assessment of BG Incorporation on hMSC Viability and Morphology: 

 Cell viability was assessed on day 1 and day 7 (N=3/group/time point) by washing the 

constructs with 1x PBS and staining with calcein AM and ethidium homodimer for 15 min at 37 

°C. After staining, the constructs were imaged under a fluorescence microscope (Zeiss).  For cell 

morphology assessment (day 1 and day 7), the constructs (N = 3/group/timepoint) were washed 

with 1x PBS and fixed with 3.7% formaldehyde solution for 15 min at room temperature. Further, 

the constructs were washed twice with 1x PBS and incubated in permeabilization buffer (0.1% 

Triton-X 100 in 1x PBS) at room temperature for 15 min. After permeabilization, the constructs 

were washed with 1x PBS and incubated in blocking buffer (1% bovine serum albumin and 0.05% 

Triton-X 100 in 1x PBS) at room temperature for 30 min. Following this, the constructs were 

stained with AlexaFluor-488 Phalloidin solution (1:25 dilution) for 30 min, washed with 1x PBS, 

and imaged under an inverted confocal microscope (Nikon Eclipse Ti Multi-spectral). 

 

4.2.10 Effect of BG incorporation on Cell Proliferation and ALP Activity: 

Cell proliferation was assessed via quantification of total DNA amount using Quant-iT 

Picogreen dsDNA kit at days 1, 7 and 17 (N=3/group/time point). Briefly, cells were scraped off 
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the constructs using a cell scraper and lysed with 1x Assay buffer in a centrifuge tube. Following 

this, 50 l of the cell lysates from each sample and equal volume of dsDNA reagent was added 

into individual wells of a 96 well plate. The plate was covered with aluminum foil to protect from 

light and incubated at room temperature for 5 min. After incubation, fluorescence was measured 

at an excitation wavelength of 480 nm and emission wavelength of 520 nm using M2e Spectramax 

plate reader (Molecular Devices). DNA concentration in the cell lysates was determined from a 

standard curve generated by using known concentrations of DNA. 

 

Alkaline phosphatase (ALP) is known to be an early marker for osteogenic differentiation 

of MSCs [191]. ALP activity on CMA and BG-CMA constructs was measured at days 1, 7 and 17 

(N=3/group/time point) using the SensoLyte pNPP alkaline phosphatase assay. Cell lysates 

prepared for the DNA quantification assay were also used for the ALP assay. Briefly, 50 l of the 

cell lysates from each sample and equal volume of pNPP solution was added into individual wells 

of a 96 well plate. Samples were incubated for 60 min at room temperature and absorbance was 

measured at 405 nm using a microplate reader. The measured ALP activity for each sample was 

normalized by the corresponding DNA amount to account for differences in cell number between 

the constructs.  

 

 4.2.11 Assessment of Cell-Mediated Mineralization using Calcium Assay: 

Cell-mediated calcium deposition on the CMA and BG-CMA constructs cultured with 

hMSCs was quantified using calcium liquicolor kit at day 17 (N = 3/group/time point). Briefly, 

constructs were gently rinsed with ultrapure water and incubated with 500 µl of 0.5 N HCl at 4 C 

overnight to homogenize and extract calcium from the constructs. Then, 1 l of the extract from 
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each sample and 99 l of calcium reagent working solution was added into individual wells of a 

96 well plate and incubated for 5 min at room temperature.  Absorbance was measured at 550 nm 

using a microplate reader. Absorbance measurements of extracts from CMA and BG-CMA 

constructs without cells were used to subtract the background. Calcium content in each construct 

was determined by generating a standard curve with known amounts of calcium.  

 

4.2.12 Statistical Analysis: 

Results are expressed as mean ± standard deviation. Statistical analyses for the normally 

distributed data were performed using one-way ANOVA method with Tukey post hoc 

comparisons and non-normal data were analyzed using the nonparametric Wilcoxon test (JMP Pro 

14). Statistical significance was set at p < 0.05.  

 

4.3 Results 

4.3.1 Effect of BG Incorporation on Compressive Modulus, Stability and Swelling Ratio of CMA 

Hydrogels: 

 Uniaxial compression tests were performed to determine the effect of BG incorporation on 

the compressive modulus of CMA hydrogels. Figure 4.1A shows the typical stress-strain curve for 

CMA and BG-CMA hydrogels. The compressive modulus of CMA hydrogels was 3.08 ± 0.26 kPa 

and BG-CMA hydrogels was 3.32 ± 0.11 kPa indicating that BG incorporation had no effect on 

the compressive properties of the CMA hydrogels (Fig. 4.1B). Results from the in vitro collagenase 

degradation assay showed that CMA hydrogels took merely 4 h to degrade completely (Fig. 4.1C). 

However, upon BG incorporation, the stability of CMA hydrogels improved significantly (p < 
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0.05) as indicated by a two-fold increase in the degradation time. In addition, BG incorporation 

resulted in a significant decrease (p < 0.05) in the swelling ratio for CMA hydrogels (Fig 4.1D). 

Together, these results indicate that BG incorporation yields more stable CMA hydrogels with 

reduced swelling characteristics.  

 

 

Figure 4.1: (A) Representative stress versus strain curve for 3D printed CMA and BG-CMA 

constructs, (B) Compressive modulus, (C) In vitro collagenase degradation with time, and (D) 

Swelling ratio of CMA and BG-CMA hydrogels. (* indicates statistical significance p < 0.05 

between CMA and BG-CMA hydrogels). 
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4.3.2 ARS Staining and Print Fidelity:  

 CMA constructs with no BG exhibited very faint ARS staining possibly due to the dense 

collagen layer around the edges of the construct (Fig 4.2B). On the other hand, BG-CMA 

constructs were richly stained with ARS confirming the presence of BG within the printed BG-

CMA constructs (Fig. 4.2B).  BG particles (rich in calcium ions) are stained dark red and uniformly 

incorporated throughout the volume of BG-CMA constructs. For print fidelity assessment, 

qualitative assessment of the printed constructs indicated that they were comparable to the initial 

3D model with minimal signs of deformation. Quantitative fidelity measurements indicated that 

the line width and pore size measurements were comparable between CMA and BG-CMA 

constructs indicating that print fidelity of CMA constructs is maintained upon BG incorporation 

(Fig. 4.2C and 4.2D).  
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Figure 4.2: (A) Schematic illustration of 3D printing and photochemical crosslinking of BG-CMA 

constructs using FRESH technique. (B) Alizarin Red S Staining confirms BG incorporation into 

CMA constructs. (C, D) Assessment of print fidelity of CMA and BG-CMA constructs via line 

width (C) and pore size (D) measurements. 

 

4.3.3 Effect of BG Incorporation on Rheological Properties of CMA Bioactive inks: 

For 3D printing, the flow behavior of the precursor ink is an important parameter to 

optimize print fidelity. Results from the shear rate sweeps revealed that both CMA and BG-CMA 

inks displayed shear thinning behavior and followed Herschel-Bulkley model with the flow index 

of less than 1 for both CMA and BG-CMA inks (Fig. 4.3A). In addition, UV rheology in tandem 

with oscillatory time sweeps were performed to observe the photochemical crosslinking kinetics 

of the ink solution. The results showed that both the precursor inks were able to form fibrillar 
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structure under UV light after 120 s exposure time as evidenced by the increase in the storage 

modulus (Fig. 4.3D). The ability of the precursor ink solution to gel under temperature change was 

also investigated via temperature sweep tests and the results were similar to UV rheology tests in 

which the inks were shown to be able to undergo fibrogenesis when temperature increased from 4 

°C to 37 °C as evidenced by the increase in the viscoelastic moduli (Fig. 4.3B). When comparing 

between groups, the increase in viscoelastic moduli in both tests were similar (p > 0.05) indicating 

that BG incorporation did not interfere with the fibrogenesis of collagen molecules. Results from 

oscillation stress sweeps revealed that BG incorporation significantly improved the yield stress for 

the CMA inks (p = 0.03; Fig. 4.3E & 4.3F). Furthermore, results from rotational time sweeps also 

showed higher percent recovery of BG-CMA inks (91 ± 10 % vs. 68 ± 8 %, p = 0.03; Fig. 4.3C & 

4.3F) compared to CMA inks suggesting that BG incorporation improves the recoverability of the 

CMA ink. Together, these results suggest that BG incorporation improves the rheological 

properties of CMA bioactive inks. 
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Figure 4.3: Rheological assessment of CMA and BG-CMA inks. (A) Shear rate sweep revealed 

shear thinning behavior of the precursor solution. (B) Temperature sweep showed the gelation of 

the inks as respect to temperature change. (C) Rotational time sweeps demonstrate the 

recoverability of the precursor ink solution. (D) UV rheology confirmed the gelation of the inks 

under UV exposure. (E) Oscillatory stress sweep. (F) Comparison plots show improvement in 

yield stress and percentage recovery of CMA inks upon the incorporation of BG. 

 

4.3.4 Effect of BG Incorporation on Bone Bioactivity of CMA Constructs using SBF: 

   SEM was used to visually evaluate the bone bioactivity of CMA and BG-CMA constructs 

via assessment of the formation of hydroxycarbonate apatite (HCA) layer upon incubation in SBF. 

Lower magnification SEM images of CMA (Fig. 4.4A) and BG-CMA (Fig. 4.4D) constructs show 

the 3D printed scaffold morphology. At day 1, SEM images for both CMA and BG-CMA 

constructs showed a fibrous microstructure (Fig. 4.4B, 4.4E). On day 3, clear evidence of the 

formation of hydroxycarbonate apatite (HCA) layer was observed on the BG-CMA constructs 

(data not shown), which was observed to progressively increase by day 7 (Fig. 4.4F). On the other 
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hand, no evidence of HCA layer formation was observed on CMA constructs without BG 

throughout the 7-day incubation period (Fig. 4.4B, 4.4C). XRD results showed no change over 

time on CMA constructs. On the other hand, on the BG-CMA constructs, a clear peak at 

approximately 26 two theta was observed at day 1 which appeared to increase in intensity over 

time (Fig. 4.4G). Raman scattering data showed a similar outcome wherein a broad spectrum 

centered at 961 cm-1 (PO4
3-) was observed on BG-CMA constructs at day 3 which increased in 

intensity and became narrower by day 7. Together, these results indicate that BG incorporation 

enhances the bone bioactivity of CMA constructs. 

 

Figure 4.4: Assessment of bone bioactivity of CMA and BG-CMA constructs after incubation in 

SBF for 7 days. (A-C) SEM images of 3D printed CMA construct - (A) low magnification CMA 

construct, (B) day 1 CMA, (C) day 7 CMA. (D-F) SEM images of 3D printed BG-CMA construct 
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- (D) low magnification BG-CMA construct, (E) day 1 BG-CMA, (F) day 7 BG-CMA. Scale bar: 

1 mm for (A, D) and 5 µm for (B, C, E, and F). (G, H) XRD patterns (G) and Raman scattering 

(H) of CMA and BG-CMA constructs.  

 

4.3.5 Effect of BG Incorporation on Cell Viability and Morphology: 

 Results from cell viability assay showed that cells were viable on both CMA and BG-CMA 

constructs at day 1 and day 7 (Fig. 4.5A-4.5F). Low magnification live-dead images indicate that 

the cells were viable throughout the 3D printed CMA and BG-CMA constructs (Fig. 4.5A, 4.5D). 

Higher magnification images confirmed this outcome and also showed increased cell spreading 

with time on both constructs (Fig. 4.5B, 4.5C, 4.5E, 4.5F). In order to assess cell morphology on 

CMA and BG-CMA, cell cytoskeleton was stained and imaged via confocal microscopy. Confocal 

images revealed that most of the cells appeared round at day 1, whereas, a more elongated 

morphology was observed by day 7 confirming a change in cell morphology over time on both 

CMA and BG-CMA constructs (Fig. 4.6A-4.6D). In addition, a visible increase in cell number was 

observed on both constructs by day 7 (Fig. 4.6C and 4.6D). Together, these results suggest that 

cell viability and morphology on CMA constructs is maintained upon BG incorporation. 
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Figure 4.5: Assessment of cell viability via live-dead assay. (A-C) Live-dead assay images of 

CMA construct - (A) low magnification image at day 1, (B) high magnification at day 1, (C) high 

magnification image at day 7. (D-F) Live-dead assay images of BG-CMA construct - (D) low 

magnification image at day 1, (E) high magnification at day 1, (F) high magnification image at 

day 7. Scale bar:  400 µm for (A, D) and 100 µm for (B, C, E, and F). 
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Figure 4.6: Assessment of cell morphology via cytoskeleton staining using Alexa Fluor Phalloidin 

488. (A) Day 1 CMA construct, (B) Day 1 BG-CMA construct, (C) Day 7 CMA construct, and 

(D) Day 7 BG-CMA construct. Scale bar: 100 µm. 

 

 

4.3.6 Effect of BG Incorporation on Cell Proliferation, ALP Activity and Cell-Mediated 

Mineralization: 

 Results from the DNA quantification assay showed a comparable increase in cell number 

with time on both CMA and BG-CMA constructs (Fig. 4.7A). Osteogenic differentiation potential 

of human MSCs was evaluated by quantification of ALP activity.  For CMA constructs, no change 

in ALP activity was observed from day 1 to day 7 followed by a decrease in ALP activity at day 

17 (p > 0.05; Fig. 4.7B). On the other hand, a significant increase (p < 0.05) in ALP activity was 

observed on BG-CMA constructs from day 1 to day 7. At day 17, ALP activity on BG-CMA 
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constructs was significantly lower compared to day 1 and day 7. Results from calcium 

quantification assay showed that cell-mediated calcium deposition on CMA constructs was 

negligible (Fig. 4.7C). Conversely, significantly higher (p < 0.05) cell-mediated calcium 

deposition was observed on BG-CMA constructs indicating that BG incorporation stimulates 

osteogenic differentiation and mineralization in human MSCs. Together, increase in ALP activity 

and enhanced cell-mediated mineralization suggest that BG incorporation enhances osteogenic 

differentiation of human MSCs on 3D printed CMA constructs. 

 

Figure 4.7: (A-C) Assessment of BG incorporation on cell proliferation (A), ALP activity (B) and 

cell-mediated calcium deposition (C) (* indicates p < 0.05 when comparing with day 1 and # 

indicates p < 0.05 when comparing between CMA and BG-CMA constructs).  

 

4.4 Discussion 

Despite significant osteostimulative potential, high brittleness and low toughness of BG 

limits its use as a sole biomaterial for load-bearing bone regeneration. Therefore, BG is often 

combined with polymeric biomaterials to generate mechanically tough scaffolds for use in BTE 

[192]. In the past decade, several studies have used 3D printing to fabricate BG incorporated 

polymeric scaffolds [193]. Alginate-gelatin hydrogel bioinks were combined with bioactive 

glasses to print 3D scaffolds with enhanced cell-mediated mineralization [194]. Recently, Ojansivu 
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et al. incorporated wood-based cellulose nanofibrils and bioactive glass within alginate-gelatin 

bioinks and reported that addition of bioactive glass resulted in an increase in alkaline phosphatase 

(ALP) activity in human mesenchymal stem cells (hMSCs) [195]. Although combination of 

alginate and gelatin yields a viable bioink for 3D printing applications, challenges exist due to 

slow and inconsistent degradation of alginate [196]. Recent work has shown that the addition of 

methacrylate groups to collagen allows for the photochemical crosslinking of the construct post-

printing and thereby improve mechanical properties and retain the shape fidelity of the printed 

construct [21,22]. The current study is the first attempt to combine BG and CMA ink for 3D 

printing of biomimetic multilayered collagen-based constructs for BTE applications.  

 

An ideal bone scaffold must possess sufficient mechanical strength and stability to preserve 

3D structure of the scaffold and enable new bone regeneration [197,198]. While previous studies 

have shown that BG incorporation improves the mechanical properties of collagen-based scaffolds 

[199,200], results from the current work showed no difference in the compressive modulus of 

CMA and BG-CMA hydrogels (Fig. 4.1B). One possible reason for the comparable mechanical 

properties may be attributed to the opacity of the BG-CMA hydrogels resulting in limited 

photocrosslinking upon UV exposure [201]. Results from the collagenase assay suggest that BG 

incorporation can help delay enzymatic degradation of CMA constructs and thereby yield a more 

stable construct (Fig. 4.1C). Increase in the stability of BG-CMA constructs may be due to 

intermolecular interactions between BG and collagen resulting in the reinforcement of the collagen 

microstructure [199,200]. This outcome is highly beneficial because BG incorporation can help 

resist proteolytic enzyme mediated degradation of collagen constructs upon in vivo implantation 

[202]. Decrease in the water absorption capability of BG-CMA hydrogels compared to CMA 
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hydrogels can be attributed to the reduction in the hydrophilic properties of collagen due to BG 

incorporation which is slightly hydrophobic in nature [199].  

 

For extrusion based bioprinting, hydrogels are commonly used as bioinks due to their shear 

thinning property, which is important to not only extrude the bioink through the syringe but also 

to maintain the shape fidelity of the printed constructs [203,204]. The current study employed a 

25-gauge needle to prevent clogging of the syringe with the BG particles and enable seamless 

printing of the 3D construct. The CMA ink used in this study was relatively low in concentration 

(i.e., 6 mg/ml) and viscosity; therefore, it is likely that BG particles settle in the syringe resulting 

in a heterogenous composition of the ink. To circumvent this issue, BG particles suspended in the 

ink were well-mixed by pipetting in and out multiple times in the syringe while ensuring that no 

bubbles are created in the ink during the mixing process. Uniform distribution of BG (rich in 

calcium) within the printed construct was confirmed via ARS staining which is commonly used to 

identify the presence of calcium ions in tissue sections (Fig. 4.2B). Further, due to the possibility 

that fluid properties of the CMA ink may change upon BG addition, the fidelity of the printed 

constructs was assessed via a quantitative approach using ImageJ. Results from the ImageJ 

revealed that line width and pore size measurements of CMA and BG-CMA constructs were 

comparable suggesting that addition of BG does not alter the print fidelity of the constructs (Fig. 

4.2C and 4.2D). 

  

Flow properties, elastic modulus, shear thinning behavior and viscoelasticity of the 

materials are important parameters of the printing process that determines the ultimate structure 

and functionality of the printed construct [205]. These properties are studied by measuring the 
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mechanical response of the inks to different stresses and strains by conducting a thorough 

rheological analyses. Results displayed a comparable shear thinning behavior for both CMA and 

BG-CMA inks which is desirable for smooth extrusion of the ink through the syringe and to limit 

chain entanglement (Fig. 4.3A). Further, there was no alteration in the gelation kinetics and 

fibrillar structure of the CMA inks upon BG incorporation (Fig. 4.3B and 4.3D). Incorporation of 

BG resulted in a significant increase in the yield stress of CMA constructs possibly due to an 

increase in the ionic strength of the ink (Fig. 4.3E and 4.3F) [206]. In addition, the recovery 

behavior of the inks is an important aspect to determine if the constructs can withstand the cyclic 

mechanical forces and retain their shape post printing for use in tissue engineering applications 

[207]. Further, the ability of the CMA inks to fully recover to their original state is enhanced by 

incorporation of BG as observed by the significant increase in the recovery of CMA inks from 

70% for CMA inks to 95% for BG-CMA inks (Fig. 4.3C-4.3F).  

 

In vitro bone bioactivity of BG incorporated constructs can be predicted by the formation 

of the HCA layer on the surface of the construct when conditioned in SBF [208,209]. Formation 

of the HCA layer upon implantation and contact with physiological fluids is critical for bonding 

of the BG construct with the surrounding bone tissue [47,209]. SEM images showed the typical 

globular cauliflower morphology of the HCA layer on the surface of the BG-CMA constructs as 

early as day 3 which appeared to progressively increase by day 7 possibly via nucleation and 

growth of calcium phosphate crystals (Fig. 4.4D-4.4F). On the other hand, no evidence of HCA 

layer formation was observed on the CMA constructs (Fig. 4.4A-4.4C). Furthermore, increase in 

the intensity and narrowing of the XRD peak at 26⁰ two theta confirms the formation of a 

crystalline phase (i.e., HCA layer) on the surface of BG-CMA constructs in SBF (Fig. 4.4G). 
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Raman spectra further corroborated this finding and showed an increase in crystallinity of the HCA 

layer with time as indicated by the increase in the intensity of the peak centered at 961 cm-1 (PO4
3- 

) (Fig. 4.4H). These results are in agreement with previous work using BG incorporated constructs 

and can be attributed to the interactions between the BG surface and the surrounding body fluid 

which involves ionic dissolution from the BG surface followed by crystallization of calcium and 

phosphorous nucleation sites by recruitment of these ions from the surrounding body fluid 

[29,44,210]. 

 

Results from the cell studies showed that cells remain viable and proliferate on both CMA 

and BG-CMA constructs (Fig. 4.5, 4.6, and 4.7A). In the current study, cell seeding was performed 

on top of the construct after the printing process because it was not feasible to encapsulate human 

MSCs within the BG-CMA construct due to alkalinity of the local environment triggered by ionic 

dissolution from the high concentration of BG. ALP, an early marker for osteogenic 

differentiation,  was observed to increase significantly from day 1 to day 7 on BG-CMA constructs 

followed by a significant decrease from day 7 to day 17 (Fig. 4.7B). These results are in agreement 

with a recent study by Ojansivu et al. using BG with gelatin-alginate bioinks [195]. To precisely 

measure the amount of calcium deposited by cells, constructs without cells were included in the 

study to negate the calcium present in BG as well as account for acellular mineralization of the 

constructs during culture. Cell-mediated calcium deposition was augmented on BG-CMA 

constructs (Fig. 4.7C), a finding that is consistent with previous work using BG incorporated 

poly(d,l-lactic acid) membranes and poly (octanediol citrate) composite fibers and may be 

attributed to the sustained release of ions from the BG surface [211–213]. Higher ALP activity and 
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increase in cell-mediated calcium deposition signifies the advantages of BG incorporation in CMA 

constructs to guide MSC differentiation along the osteogenic pathway. 

 

Biomimetic constructs developed in this work have significant potential to be used in 

acellular tissue engineering approaches wherein the host cells surrounding the implanted construct 

can populate and remodel the construct for bone regeneration. Cells were seeded on top of the 

printed constructs to assess the potential of BG-CMA constructs to maintain cell viability and 

proliferation, and guide differentiation of MSCs. It is important to note that the culture medium 

used in the current study was devoid of external factors such as BMP-2 and dexamethasone, which 

are known to be associated with potential side effects including tumor, osteoporosis, and 

osteonecrosis [214,215]. Achievement of material-directed differentiation of MSCs, as evidenced 

in the current study, has significant promise, and may aid in the development of highly effective 

growth-factor free strategies for BTE applications. For cell-based approaches, the amount of BG 

may need to be decreased to allow cell encapsulation within the 3D printed construct [200,216]. 

These studies will necessitate modulating the BG concentration to determine the optimal 

composition of BG and collagen needed for 3D printing of cell-laden tissue constructs. 

 

In conclusion, results from this work demonstrate that BG can be incorporated within CMA 

inks to 3D print biomimetic tissue constructs for bone repair. Addition of BG improves the 

rheological properties, stability, and in vitro bone bioactivity of CMA constructs. Further, BG 

incorporation enhances osteogenic differentiation of human MSCs as evidenced by increase in 

ALP activity and higher cell-mediated calcium deposition on BG-CMA constructs. Overall, 3D 

printed BG-CMA constructs have considerable potential to be used for BTE applications.
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Chapter 5  

Design Build and Validate Strategy to 3D Print Biomimetic Bioglass 

Gradient Matrices for ACL Reconstruction 

5.1 Introduction 

Anterior cruciate ligament (ACL) tears and ruptures are the most common knee ligament 

injuries, with over 400,000 ACL reconstruction surgeries taking place each year in the US alone, 

costing over $1.5 billion [217]. Autografts and allografts are currently used for the treatment of 

ACL reconstruction; however, limitations such as donor site morbidity and immune rejection are 

major concerns [14]. Therefore, to improve patient outcomes and reduce healthcare cost, synthetic 

grafts (e.g., Gore-Tex, dacron) are widely used for ACL reconstruction [117,119]. Although the 

preliminary results were encouraging, the long-term results presented some issues such as stress-

shielding, fiber ‘fraying’, unwanted wear, cross-infections from material and poor graft site 

integration at the bone-ligament interface (i.e., enthesis) [121]. Therefore, interface tissue 

engineering (ITE) using bioactive materials is a promising alternative approach to recreate the 

heterogenous enthesis region that may enable better stress dissipation and load transfer, promote 

cell migration and differentiation, and allow for seamless graft-host integration [107,218].  

 

In the early stages, studies mainly focused on bone tissue growth by fusing a surgical graft 

with a material to improve ligament graft to bone insertion.  For example, Tien et al. showed that 

the addition of calcium phosphate cement to the tendon-to-bone interface in a rabbit ACL 

reconstruction study resulted in an early and massive bone ingrowth [219]. In a similar study, 

injectable tricalcium phosphate was used to fill the interface region in a dog ACL reconstruction 
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model which expedited the tendon-bone healing process compared to the control side [220]. 

Although these studies have shown to enhance the bone tunnel osteointegration, they do not focus 

on the fibrocartilage interface regeneration. The interface tissue exhibits a gradient in composition, 

structure, and mechanics along with the controlled spatial variations in the cell types. Therefore, 

single phase ACL grafts cannot be used for the regeneration of interface tissues in the body due to 

their complex structures and properties [53].  

 

To address these challenges, recent studies have focused on using multi-phasic scaffolds 

for the regeneration of soft-to-hard tissue interface. Jiang et al. exhibited directed differentiation 

of MSCs on electrospun gradient scaffolds developed using PLGA, BMP-2, and 

nanohydroxyapatite for ligament-bone osteointegration [54]. In a different study, triphasic silk 

based scaffold coated with hydroxyapatite when implanted in a defected rabbit ACL model showed 

augmentation of ligament-to-bone interface [221]. Despite these promising approaches, few 

studies have attempted to develop a continuous mineral gradient akin to the ACL enthesis which 

may be critical to achieve full functionality of the ACL tissue post reconstruction. Therefore, there 

is a need to design a scaffold that would resemble the compositional makeup of the native ACL 

enthesis and hence provide the essential biochemical cues to promote cell migration and 

recruitment, direct tissue-specific cell differentiation, and achieve de novo tissue remodeling and 

regeneration along the length of the interface.  

 

The goal of the current study is to develop a ‘design-build-validate’ strategy using Raman 

spectroscopy and 3D printing for the biomimetic design of continuous Bioglass (BG) gradient 

integrated collagen matrices (BioGIMs) that are compositionally similar to the enthesis for use in 
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ACL reconstruction applications. Herein, a non-destructive Raman spectroscopy technique was 

employed in a ‘design’ phase, to generate high resolution 3D compositional maps of the mineral 

and collagen distribution of the native rabbit ACL enthesis. In addition, conventional histological 

analysis of ACL enthesis was performed by hematoxylin and eosin (H&E) staining of the tissue 

sections for comparison with Raman spectral mapping. Following this, a continuous biomimetic 

BioGIM was ‘built’ utilizing an extrusion-based 3D printing method via FRESH approach that 

compositionally emulates the mineral-collagen distribution of the native ACL enthesis. Further, in 

the ‘validation’ phase, Raman spectroscopy was utilized to confirm the compositional replication 

fidelity in the 3D printed BioGIM. Lastly, hMSCs were cultured on the BioGIMs and the effect of 

change in composition on cell morphology along the length of the BioGIM was assessed.  

 

5.2 Materials and Methods 

5.2.1 Materials 

Methacrylated collagen type I (CMA) was purchased from Advanced Biomatrix (San 

Diego, CA). Bioglass 45S5 (BG; 46.1 mol % SiO2, 26.9 mol % CaO, 24.4 mol % Na2O, 2.5 mol 

% P2O5; ∼1 µm particle size) was purchased from MO‐SCI Corporation (Rolla, MO). 

Hydroxyapatite was obtained from Sigma-Aldrich (MO). 2,2-Azobis (2-Methyl-N-(2-

hydroxyethyl) propionamide) photoinitiator (VA-086) was purchased from Wako (Japan). All 

other chemicals and reagents were purchased from Fisher Scientific (Watham, CA) unless stated 

otherwise. 
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5.2.2 Scanning Electron Microscopy 

Scanning electron microscopy (SEM) was used to assess the morphology of CMA, BG-

CMA, pure BG, and hydroxyapatite. CMA and BG-CMA hydrogels were synthesized by adding 

a mixture of acid-soluble CMA (6 mg/ml), BG (50% w/w), 1% VA-086 photoinitiator, and 

neutralization solution into rubber washers (7.5 mm diameter, 2.5 mm height). Further, hydrogels 

were incubated at 37 °C for 30 min to induce gelation. Post gelation, hydrogels were crosslinked 

by UV exposure for 1 min (365 nm; 17 mW/cm2). Next, hydrogels were fixed in 2.5% 

glutaraldehyde solution (in 1x PBS) and subjected to dehydration in a series of different ethanol 

solutions (20%, 50%, 75%, 90%) for 15 min each, followed by 100% ethanol for 1 h. The 

hydrogels were then dried in a Leica Critical Point Drying System (Leica EM CPD3000, 

Germany). Following this, hydrogels, pure BG, and hydroxyapatite were put on stubs, sputter-

coated with gold, and observed at 3000x magnification under SEM (JEOL JSM-6380LV).  

 

5.2.3 Construction of the Raman Spectral Library for Collagen and Bioglass 

Spectral data was collected with a Renishaw (Wotton-under-Edge, UK) InVia Raman 

Spectrometer with a coupled Leica (Wetzlar, Germany) DM2500 microscope and automated XYZ 

stage. A 785nm NIR diode laser was used as an excitation source. A 1200 mm⁻¹ grating with a 1” 

Deep Depletion CCD camera were utilized in conjunction for spectral imaging. The objective lens 

primarily used was a 0.9 NA, 63x water immersion objective from Leica.  The base of the 

measurement sample consisted of either roughed aluminum or MgF2 slides to avoid interference 

from glass or other materials in the spectra. Steel substrates were weighed down using aluminum 

washers and submerged in nanopure water.  The Renishaw WiRE 4.4 software was used in 

acquisitions of all spectra. All substrate maps were taken using the “Map Image 
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Acquisition” function of measurements. This allowed for large areas of the plane to be measured 

automatically.  Each map consisted of a 10x10 matrix of collections, with each collection lasting 

3 seconds with 3 acquisitions and a 5μm step size. Approximately 3 maps were taken at random, 

non-overlapping locations on 3 different substrates for each condition, totaling 900 

spectra.  This was performed for each of the 5 concentration conditions: 100% collagen, 75% 

collagen-25% Bioglass, 50% collagen-50% Bioglass, 25% collagen-

75% Bioglass, and 100% Bioglass.  The number of spectra used for the classification totaled 4,500 

spectra with 944 wavenumbers.  

 

5.2.4 Rabbit ACL Dissection and Raman Spectroscopy 

Rabbit legs were obtained from a local supplier and ACLs were dissected from the joint, 

retaining the distal femoral head and proximal tibial condyle. Raman spectral mapping, as outlined 

previously, was used to capture the hard tissue, soft tissue, and enthesis regions of the ligament. 

The 785 nm NIR laser diode was used for collection of spectra along the length of the enthesis, 

totaling 2220 nm in 30 nm increments. The multivariate empty modeling function was performed 

to create a heatmap of the components within a condition, allowing for visualization of spectra 

based on the hard tissue, the soft tissue, and the transition region between.   

 

5.2.5 Histological Analysis  

Conventional histological analysis of ACL enthesis was performed by hematoxylin and 

eosin (H&E) staining of the tissue sections for comparison with Raman spectral mapping. Briefly, 

dissected rabbit ACL knees (N = 4) were fixed in 10% formalin for 48 h, decalcified in 9% formic 

acid for 24 h, and shipped to Saffron scientific histology services in cold 1x PBS overnight. 
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Further, knees were embedded in paraffin, 5 µm thickness sections were transferred to glass slides, 

stained with hematoxylin and eosin, and imaged under a fluorescence microscope (Zeiss).  The 

line measurement tool on ImageJ software was used to quantify the length of the ACL enthesis 

region from 4 different sections (N=4). 

 

5.2.6 Preparation of FRESH support bath 

The FRESH support bath was prepared by following a protocol from previously published 

literature [56]. Briefly, 250 ml of 1x PBS was added to the Mason jar and heated to 55 °C. Further, 

10 g of gelatin type A (Thermo Fisher Scientific, Waltham, MA) was added to 1x PBS. The jar 

was then autoclaved and placed at 4 °C overnight. Following this, chilled 1x PBS was added and 

filled to the brim of the gelatin-containing jar and left to freeze at -20 °C for about 1 h. The frozen 

mixture was then blended in the same container for 60 s using a household blender. The blended 

mixture was then transferred to 50 ml tubes and centrifuged at 3000 g for 5 min at 4 °C. The 

supernatant was discarded, and the tubes were filled up to 45 ml with chilled 1x PBS and vortexed 

to resuspend the gelatin. The centrifugation step was repeated two times to ensure the complete 

removal of soluble gelatin. The gelatin was distributed evenly by mixing the individual tubes and 

stored at 4 °C until use. For 3D printing, the FRESH media was prepared by transferring two tubes 

of gelatin mixture into two 60 ml capped syringes and centrifuging at 300 g for 5 min 4 °C. The 

supernatant was discarded, and the mixture was transferred from one syringe to another using a 

plunger. Air bubbles were removed from the syringe by centrifuging at 300 g for 5 min. The ready-

to-use FRESH was then extruded into Petri dishes, gently tapped with Kim wipe to remove the 

excess water and placed on the stage of the 3D printer.  
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5.2.7 3D printing of BioGIM    

Extrusion-based 3D printing approach was utilized to build a continuous biomimetic 

BioGIM that compositionally emulates the mineral-collagen distribution of the native ACL 

enthesis via the FRESH gelatin method (Figure 5.1). Briefly, 4 different inks composed of Bioglass 

(BG), 1% w/v VA-086 photoinitiator, and methacrylated collagen (8 mg/ml) were prepared in a 

syringe and the syringes were loaded serially onto a 3D REGEMAT bioprinter (Granada, Spain). 

The bone side of the BioGIM was printed using a mixture of Bioglass (BG) and methacrylated 

collagen ink (CMA; 70% w/w BG) and the ligament side was printed adjacent to the bone side 

using pure collagen ink. The interfacial region (40% w/w and 10% w/w BG:collagen) was crafted 

by overlapping the bone and ligament prints, respectively. Next, BioGIM was stabilized via 

photochemical crosslinking by exposing it to UV light for 1 min. Post UV crosslinking, BioGIM 

printed in FRESH media was incubated at 37 °C for 45 min to melt the gelatin support media and 

allow for collagen fibrillogenesis. Following this, BioGIM was washed persistently with ultrapure 

water to remove excess gelatin.  
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Figure 5.1: Schematic illustration of 3D printed biomimetic BioGIM using FRESH technique. 

 

5.2.8 Confirmation of compositional gradient via Alizarin Red S staining      

Alizarin Red S (ARS) is commonly used to stain calcium ions. BG is rich in calcium ions 

and therefore ARS can be used to confirm the fabrication of the continuous gradient from mineral 

phase (70% BG) to a pure collagen (ligament) phase. BioGIM were stained with 40 mM ARS (pH 

4.1) for 20 min at room temperature with gentle shaking and washed with large volumes of 

ultrapure water to remove excess stain. Following, high magnification images of the stained 

BioGIM were captured using a DSLR camera (Canon) equipped with a macro lens. 
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5.2.9 Raman Spectroscopy to validate the replication of Enthesis 

Raman spectroscopy was used to validate the compositional gradient in the 3D printed 

BioGIM as described in the section 5.2.3. Briefly, BioGIM was transferred to the roughed 

aluminum slide and was weighed down using steel washers submerged in ultrapure water. A 785 

nm NIR diode laser and 63x water immersion objective lens was used for all spectral acquisitions 

from 700 - 1800 cm⁻¹ wavenumber range. Three different regions (CMA, Interface, BG) of 

BioGIM were mapped separately at three different locations and consisted of a 12 x 10 matrix of 

collections, with 5 acquisitions for 5 seconds and a 10 μm step size. Further, Raman spectra was 

processed using cosmic ray removal, signal smoothing, and baseline subtraction for background 

removal using WiRE 4.4 software.  

 

5.2.10 Cell Culture 

Human MSCs (Lonza; PT-2501; hMSC) were cultured in 75 cm2 tissue culture flasks and 

expanded in low glucose-DMEM growth medium supplemented with 10% fetal bovine serum 

(FBS), and 1% penicillin/streptomycin (pen/strep). Passage 5 cells were used for all the 

experiments. 3D printed BioGIM were sterilized with 70% ethanol for 30 min, transferred to an 

ultra-low attachment 6-well plate (Corning), and washed three times with sterile 1x PBS. hMSCs 

were seeded on top of the BioGIM at a density of 5000 cells/cm2 for cell morphology assessment 

and cultured for 7 days. Cells were maintained in the culture medium composed of Minimum 

Essential Medium Eagle - Alpha Modification (α-MEM) containing 10% FBS, 10 mM beta-

glycerophosphate, and 1% penicillin/streptomycin. The culture medium was replaced after 6 h 

post-seeding to remove unattached cells and then every 3 days periodically.  
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5.2.11 Assessment of hMSC morphology on 3D printed BioGIM 

Cell morphology was assessed on day 1 and day 7 (N = 3/group/time point) by washing 

the BioGIM with 1x PBS and fixing them with 3.7% formaldehyde solution for 15 min at room 

temperature. Then, BioGIM were washed twice with 1x PBS and incubated in permeabilization 

buffer (0.1% Triton X-100 in 1x PBS) at room temperature for 15 min. Post permeabilization, 

BioGIM were washed with 1x PBS and incubated in a blocking buffer (1% bovine serum albumin 

and 0.05% Triton X-100 in 1x PBS) at room temperature for 30 min. Following this, BioGIM were 

washed with 1x PBS and stained with a solution of AlexaFluor 488 phalloidin (1:25 dilution in 1x 

PBS) (Invitrogen, CA) for 30 min. The stain was then removed, washed with 1x PBS, and imaged 

under fluorescence microscope (Zeiss). 

 

5.3 Results and Discussion  

5.3.1 Creation of Raman Library  

SEM images revealed a distinct morphology for all the samples. A typical characteristic of 

fibrous morphology was exhibited by 100% collagen hydrogels (Figure 5.2A). Collagen-BG 

(50:50; w/w) hydrogels displayed the distribution of BG particles within the collagen fibers (Figure 

5.2B). BG and hydroxyapatite powder exhibited an irregular shape and were largely agglomerated 

(Figure 5.2C-5.2D). Further, Raman spectroscopy was used to construct the spectral library for the 

initial characterization of pure collagen, BG incorporation within collagen (50:50; w/w), pure BG, 

and pure hydroxyapatite (Figure 5.2E). Results from the pure collagen spectra showed 4 common 

peaks centered at 855 cm-1, 938 cm-1, 1245 cm-1, and 1670 cm-1 which are assigned to proline ring, 

C-C stretching vibration, amide III band, and amide I band, respectively. These results are in 
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agreement with several studies that have depicted similar Raman spectra for collagen type I 

[222,223]. Further, a very sharp peak was observed at 960 cm-1 for the hydroxyapatite which is a 

typical Raman spectra of hydroxyapatite powder. In addition, a significant increase in the 960 cm-

1 peak was observed as the concentration of BG increased, reflecting the uniform distribution of 

BG within the collagen matrix. The increase in the 960 cm-1 peak is indicative of phosphate 

stretching mode and is associated with the mineral component [224]. Together, these results 

indicate that Raman spectroscopy can detect changes in the composition of collagen-BG matrices.   
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Figure 5.2: SEM images show morphology of (A) 100% Col, (B) Col-BG (50:50; w/w), (C) 100% 

BG powder, and (D) Hydroxyapatite powder. Red arrow heads point to BG particles. (E) Raman 

spectra of 100% Col, Col-BG (50:50; w/w), BG powder, and Hydroxyapatite powder. Scale bar: 

10 µm 
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5.3.2 Raman spectroscopy of Rabbit ACL 

Raman spectroscopy is a non-destructive technique and can be used for biochemical 

compositional spatial distribution mapping of native, hydrated tissue without disrupting intricate 

tissue structure [225]. Rabbit ACL tissue was dissected together with the femoral and tibial ends 

(Figure 5.3A-5.3B). A spatially co-localized spectra were created by overlaying a false color image 

of the compositional gradient and the colors were assigned to match the spectra with the library 

data (Figure 5.3C). The dense fibers within the filamentous region (blue) of the ACL can be 

observed as opposed to the bone side (black). A proprietary unsupervised learning algorithm was 

used for the automated extraction of characteristic Raman spectra at three different regions of 

rabbit ACL (Figure 5.3D). Results displayed a sharp peak at 960 cm⁻¹ (PO₄³⁻) for the bone side 

which is associated with the inorganic component. The peaks observed at 1245 cm-1 and 1670 cm-

1 for the ligament side are mainly due to the presence of collagen. On the other hand, a rise in the 

960 cm-1 peak was observed for the enthesis region compared to the ligament region which 

signifies an increase in the mineral component. Kazanci et. al. and Tarnowski et, al. utilized a 

similar technique to determine the spatial composition of mineral environments within human 

cortical bone and mouse calvaria, respectively [226,227]. Together, these results depict that Raman 

Spectroscopy can delineate compositional differences along ACL enthesis.  
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Figure 5.3: (A) Rabbit knee joint, (B) Dissected rabbit ACL, (C), Spatially co-localized spectra, 

and (D) Raman spectra at three different regions of rabbit ACL 

 

5.3.3 Comparison of enthesis region via Raman spectroscopy and Histology 

The individual Raman peaks cannot be utilized to determine the composition of an organic 

and inorganic components in the ACL tissue due to variability of the biological material surface 

that substantially affects the intensity of the peaks [228]. Therefore, the compositional gradient 

was delineated by taking the ratio of 960 cm⁻¹ peaks with the surrounding peaks because of the 

possible differences between the sample and objective (Figure 5.4A). A smooth transition from 
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collagen to the mineral can be observed over the length of the enthesis region. Further, H&E 

stained histological analyses of the ACL revealed a gradual transition from bone to mineralized 

fibrocartilage (MFC) region to non-mineralized fibrocartilage (NFC) region to the ligament 

(Figure 5.4B). The average thickness of the enthesis region from the Raman mapping was around 

330 µm whereas histological analyses showed a thickness of up to 230 µm (Figure 5.4C). The 

difference of 100 µm in thickness of the enthesis region between Raman spectroscopy and 

histology may be attributed to possible drying of the tissue during harsh histological processing 

steps (e.g., fixation, sectioning, and staining) and age-related tissue heterogeneity in rabbit [229]. 

Together, these results suggest that Raman spectroscopy allows for noninvasive and accurate 

determination of ACL enthesis composition.  

 

 

Figure 5.4: (A) Overlaid graph of average and normalized % composition of collagen (blue) and 

hydroxyapatite (orange) based upon the 940 cm-1 and 960 cm-1 Raman peaks, (B) Rabbit ACL 

enthesis stained with H&E (White arrow: enthesis), and (C) Enthesis region thickness comparison. 

 

5.3.4 Validation of compositional gradient via ARS staining and Raman spectroscopy 

ARS staining confirmed the presence of a continuous BG gradient within the 3D printed 

BioGIM by the transition of dark red color (BG) to a lighter red (CMA) through the interface 

(Figure 5.5A). This method has been used in previous studies to confirm the uniform distribution 
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of BG within the matrices [83,230]. The multivariate empty modeling function was performed to 

create a heatmap of the components within a condition, allowing for visualization of Raman 

spectra (Figure 5.5B). Results from the Raman spectroscopy showed the peak at 960 cm⁻¹ which 

is indicative of phosphate stretching mode, on the interface region which increased in intensity and 

became narrower on the BG side of the BioGIM. On the other hand, no 960 cm⁻¹ peak was 

observed on the collagen side, as would be expected. Together, these results confirm and validate 

the replication of the compositional gradient akin to the rabbit enthesis.  

 

 

Figure 5.5: (A) Alizarin Red S stained 3D printed BioGIM protoype, (B) Raman spectra of 3D 

printed BioGIM 

 

5.3.5 Assessment of Cell Morphology on 3D Printed BioGIM 

Cell morphology on the 3D printed BioGIM was assessed via cell cytoskeleton staining 

and fluorescence microscopy. Microscopy images showed little or no cell spreading on day 1 along 

the length of BioGIM (Figure 5.6A-5.6C). On day 7, a typical spindle-shaped hMSC morphology 

was observed on the CMA side (Figure 5.6 D) whereas greater cell spreading with cuboidal 
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morphology was noticed on the interface and BG side (Figure 5.6E-5.6F). In addition, the higher 

cell number was visible on the CMA side compared to the BG incorporated side of the gradient 

(Figure 5.6G).        

 

 

Figure 5.6: Assessment of cell morphology via cytoskeleton staining using Alexa Fluor 488. 

Confocal microscopy images along the length of BioGIM - (A) Day 1 CMA side, (B) Day 1 

Interface side, (C) Day 1 BG side, (D) Day 7 CMA side, (E) Day 7 Interface side, (F) Day 7 BG 

side. (G) Image of continuous gradient of 3D Printed BioGIM. Scale bar: 200 µm 
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Chapter 6  

Conclusions and Future Work 

6.1 Conclusions 

CMA has immense potential to be used as a bioink for 3D bioprinting of tissue-engineered 

scaffolds due to its tunable physical properties while still retaining basic characteristics of native 

collagen. The CMA hydrogel is synthesized via the binding of methacrylated groups to the amine 

groups on the lysine residues of collagen molecules, which allows for photopolymerization of 

CMA gel and thereby help maintain the print fidelity and resolution of the 3D-printed construct. 

However, weak mechanical properties and rapid enzymatic degradation are limitations that can 

impede the use of photochemically crosslinked CMA constructs for tissue engineering 

applications. To overcome these limitations, a dual crosslinking strategy (photo-chemical 

crosslinking followed by chemical crosslinking) was developed in the first aim. Results from SEM 

showed that CMA hydrogel morphology (i.e., fiber diameter, pore size, porosity) is maintained 

post crosslinking. In addition, the dual crosslinking enhances the stiffness, stability, and print 

fidelity of CMA hydrogels. Further, cells encapsulated within CMA hydrogels maintain high cell 

viability and metabolic activity at low dual crosslinking conditions. Moreover, application of dual 

crosslinking strategy significantly increased (up-to 5-fold) the degradation time and compressive 

modulus of acellular CMA hydrogels. Overall, a fine balance between cell viability and 

mechanical properties is important while utilizing a dual crosslinking strategy to develop cell-

laden CMA hydrogels. On the other hand, higher concentration of genipin can be employed on 

acellular CMA hydrogels to significantly improve the mechanical and degradation properties.    
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 Biomimetic scaffolds using collagen and BG are promising candidates for BTE 

applications. Numerous fabrication techniques (e.g., freeze-drying, plastic compression) have been 

employed to generate collagen-BG constructs, but lacks control over the 3D structure, porosity, 

and cell distribution. These limitations can be overcome by 3D bioprinting which allows for 

engineering of patient-specific custom scaffolds with high shape fidelity and porous architecture. 

While collagen-based bioinks have been used for 3D bioprinting in combination with ceramics 

such as HA and tricalcium phosphate; to the best of our knowledge, the current study is the first 

attempt to employ 3D printing for the generation of finely controlled biomimetic BG-CMA 

constructs for BTE applications. Results from this study demonstrated that BG can be uniformly 

dispersed within CMA bioinks to generate biomimetic constructs. Upon BG incorporation, 

rheological testing revealed a significant improvement in yield stress and percent recovery of CMA 

constructs. Furthermore, adding BG to 3D printed constructs increased their bone bioactivity in 

SBF. BG incorporated 3D printed constructs maintained high cell viability and enhanced ALP 

activity of hMSCs. In addition, cell-mediated calcium deposition was significantly higher on BG-

CMA constructs. Overall, BG-CMA can be used for the generation of photocrosslinkable bioactive 

scaffolds for BTE applications. 

 

 A rupture of the ACL is one of the most serious musculoskeletal injuries affecting the 

young and active population. Current surgical treatment options for the reconstruction of ACL 

injuries include the use of autografts, allografts or synthetic grafts. However, they suffer from 

major drawbacks such as donor site morbidity, concerns with immune rejection, and poor host 

enthesis graft site integration. Therefore, a ‘design-build-validate’ strategy was employed by 

combining 3D Raman spectral mapping and 3D printing to develop a tissue engineered scaffold 
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that can promote interface regeneration and facilitate functional graft to bone integration. Results 

from the Raman spectroscopy on rabbit ACL showed that it is a highly efficient non-destructive 

technique to determine the biochemical composition of native ACL enthesis. The average 

thickness of the enthesis region from the Raman map was around 330 µm. Histological analyses 

of the enthesis revealed a gradual transition from bone to the ligament, with a thickness of up to 

230 µm. 3D printing allowed for the fabrication of BG gradient constructs with a transition region 

confirmed by ARS staining. Further, Raman spectroscopy validated replication of ACL enthesis 

composition in BioGIM. In addition, confocal microscopy images revealed higher cell number and 

less cell spreading on the collagen side whereas greater cell spreading on the interface and BG side 

was observed. Overall, the “Design Build and Validate” strategy has considerable potential to 

generate biomimetic tissue constructs for use at the interface regions of synthetic grafts to promote 

better host integration and achieve full reconstruction of the ACL.   

 

6.2 Future Work 

 From the first study, it can be concluded that the application of photochemical crosslinking 

followed by genipin crosslinking improves the mechanical and degradation properties of collagen 

constructs. In addition, this strategy can be employed in 3D printing of stable collagen-based cell-

laden constructs with potential for use in various tissue engineering applications. Although a 

substantial increase in the mechanics and stability of acellular CMA hydrogels was observed, the 

dual crosslinking strategy developed in this study may not be immediately applicable in tissue 

engineering approaches using cell-laden hydrogels due to the relatively smaller increase in the 

mechanical and degradation properties of the hydrogels. Therefore, future work should focus on 

developing alternative crosslinking strategies with more efficient and cytocompatible 
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photoinitiators and/or chemical crosslinkers to further enhance the mechanics and stability of cell-

laden CMA hydrogels for use in clinical applications.  

 

 The results from the second study demonstrated that BG incorporation into CMA inks is a 

viable strategy to 3D print biomimetic scaffolds for BTE applications. The constructs developed 

in this study can be used for acellular approaches in the tissue engineering field where it relies on 

host cells to populate and remodel the implanted construct for bone regeneration. Encapsulation 

of cells within these constructs was not feasible due to the ionic dissolution from the high 

concentration of BG and the resultant change in the pH of the solution which may significantly 

affect cell viability. Future work should focus on modulating the concentration of BG that will 

allow the 3D printing of cell-laden BG-CMA constructs. In addition, use of the different 

bioceramics such as laponite (i.e., nanosilicate) allows for cell encapsulation at higher 

concentration of laponite and can be incorporated to fabricate scaffolds that has shown to trigger 

differentiation in MSCs [231].    

  

 Results from the third study demonstrated that the ‘design-build-validate’ approach using 

a combination of Raman spectroscopy and 3D printing is a viable strategy for the generation of 

biomimetic gradients for use at the ends of synthetic grafts to promote better host integration and 

achieve the full reconstruction of the ACL. Future work needs to focus on assessing material-

directed differentiation and de novo cell-mediated matrix reorganization of hMSCs seeded on these 

BioGIMs. Further, BioGIM performance in an in vivo rabbit ACL model needs to be investigated. 

In addition, a tensile test needs to be performed to investigate the specific location of the BioGIM 

failure. Moreover, there were some challenges in 3D printing of the BioGIM such as gelation of 
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BG incorporated bioink inside the syringe during printing due to the continuous release of ions 

and change in pH of the ink. One approach to improve this outcome can be to build a jacket around 

the syringe that will control the temperature of the bioink during printing. Another challenge 

encountered was in the conversion of Raman ACL enthesis compositional data to .stl files for 3D 

bioprinting of BioGIMs due to the availability of limited computing power and inefficient python 

code. Future work should focus on converting Raman data to .stl files to replicate the native ACL 

enthesis compositional gradient more accurately in 3D printed BioGIM’s for use in ACL 

reconstruction.  
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Appendix A  

In Vitro Characterization of Xeno-Free Clinically Relevant Human 

Collagen and Its Applicability in Cell-laden 3D Bioprinting 
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Abstract 

Collagen type I, commonly derived from xenogenic sources, is extensively used as a 

biomaterial for tissue engineering applications. However, the use of xenogenic collagen is 

typically associated with species specific variation in mechanical, structural, and biological 

properties that are known to influence cellular response and remodeling. In addition, 

immunological complications and risks of disease transmission are also major concerns. The goal 

of this study is to characterize a new xeno-free human skin-derived collagen and assess its 

applicability as a bioink for cell-laden 3 D bioprinting. Four different concentrations of human 

collagen (i.e., 0.5 mg/mL, 1 mg/mL, 3 mg/mL and 6 mg/mL) were employed for the synthesis of 

collagen hydrogels. In addition, bovine collagen was used as a xenogenic control. Results from 

SDS-PAGE analysis showed the presence of α1, α2, and β chains, confirming that the integrity of 

type I human collagen is maintained post isolation. Polymerization rate and compressive modulus 

increased significantly with increase in the concentration of human collagen. When comparing 

two different sources of collagen, the polymerization rate of xenogenic collagen was significantly 

faster (p < 0.05) than human collagen while the compressive modulus was comparable. Raman 

spectroscopy showed a large peak in the Amide I band around 1600 cm-1, indicating a dense and 

supraorganized fibrillar structure in human collagen hydrogels. Conversely, Amide I band 

intensity for xenogenic collagen was comparable to that of Amide II and Amide III bands. Further, 

the use of 6 mg/mL human collagen as a bioink yielded 3 D printed constructs with high shape 

fidelity and cell viability. On the other hand, xenogenic collagen failed to yield stable 3 D printed 

constructs. Together, the results from this study provides an impetus for using human-derived 

collagen as a viable alternative to xenogenic sources for 3 D bioprinting of clinically relevant 

scaffolds for tissue engineering applications.
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Appendix B  

Optimization of Freeze-FRESH Methodology for 3D Printing of 

Microporous Collagen Constructs 
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Abstract 

Freeform reversible embedding of suspended hydrogels (FRESH) is a layer-by-layer 

extrusion-based technique to enable three-dimensional (3D) printing of soft tissue constructs by 

using a thermo-reversible gelatin support bath. Suboptimal resolution of extrusion-based printing 

limits its use for the creation of microscopic features in the 3D construct. These microscopic 

features (e.g., pore size) are known to have a profound effect on cell migration, cell–cell 

interaction, proliferation, and differentiation. In a recent study, FRESH-based 3D printing was 

combined with freeze-casting in the Freeze-FRESH (FF) method, which yielded alginate 

constructs with hierarchical porosity. However, use of the FF approach allowed little control of 

micropore size in the printed alginate constructs. Herein, the FF methodology was optimized for 

3D printing of collagen constructs with greater control of microporosity. Modifications to the FF 

method entailed melting of the FRESH bath before freezing to allow more efficient heat transport, 

achieve greater control on microporosity, and permit polymerization of collagen molecules to 

enable 3D printing of stable microporous collagen constructs. The effects of different freezing 

temperatures on microporosity and physical properties of the 3D-printed collagen constructs were 

assessed. In addition, finite element (FE) models were generated to predict the mechanical 

properties of the microporous constructs. Further, the impact of different micropore sizes on 

cellular response was evaluated. Results showed that the microporosity of 3D-printed collagen 

constructs can be tailored by customizing the FF approach. Compressive modulus of microporous 

constructs was significantly lower than the non-porous control, and the FE model verified these 

findings. Constructs with larger micropore size were more stable and showed significantly greater 

cell infiltration and metabolic activity. Together, these results suggest that the FF method can be 

customized to guide the design of 3D-printed microporous collagen constructs.
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