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Abstract 

Development of Injectable, Dual Thermally and Chemically Gelling Hydrogels for 
Craniofacial Bone Tissue Engineering  

by 

Tiffany Ngoc Vo 

The objective of this work was to design a novel injectable hydrogel system 

capable of delivering osteoprogenitor cell populations for the minimally invasive 

regeneration of craniofacial bone. To this end, injectable and biodegradable hydrogels 

comprising thermogelling macromers and diamine-functionalized crosslinkers were 

developed that undergo dual thermogelation at physiological temperature and 

concomitant chemical crosslinking. The thermogelling macromers and crosslinker were 

each successfully synthesized and their physicochemical properties such as swelling 

behavior, mechanical properties, and degradation as a function of polymer content, 

crosslinking density, crosslinker length, and degree of hydrogel hydrophilicity were 

established. Each of these factors was found to have no significant effects on hydrogel 

cytocompatibility when tested with cells in vitro, except in the highest concentrations in a 

solution osmolality-dependent manner. Biocompatibility of the acellular hydrogels was 

established in a critical size rat cranial defect through analysis of the tissue response and 

fibrous capsule. The hydrogels also demonstrated an ability to undergo a hydrophobicity-

dependent mineralization and partial bony bridging in vivo despite the absence of cells, 

bioactive factors, or initial mineral content. Further in vitro analysis revealed that the 

hydrogels undergo apatitic mineralization mediated by proteins in the surrounding culture 

environment. To evaluate the hydrogel system as a cell delivery vehicle, hydrogel 
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composites were created through incorporation of gelatin microparticles and rat 

mesenchymal stem cells were encapsulated for a period of 28 days. Cell viability and 

mineralization were enhanced, whereas markers of osteogenic differentiation were 

modulated with gelatin microparticle loading. Altering the cell encapsulation density and 

osteogenic predifferentiation resulted only in short-term effects on in vitro osteogenesis, 

suggesting optimization of cells is required. Investigation of the stem cell-laden 

composite hydrogels in vivo demonstrated significant mineralization, bony bridging, and 

most promisingly, direct bone-implant contact and tissue infiltration that are not 

commonly observed with hydrogels in this orthotopic model. The results suggest that 

these injectable, dual-gelling hydrogels show great potential for stem cell delivery in 

craniofacial bone tissue engineering applications.  
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Chapter 1 

Objective and Specific Aims 

The overall objective of this project is to develop a novel injectable, 

biodegradable hydrogel capable of cell delivery for minimally invasive craniofacial bone 

regeneration. The proposed hydrogel system will consist of two components – a 

thermogelling macromer with hydrolyzable chemical moieties and a water-soluble, 

biodegradable crosslinker – that can be injected as a liquid suspension, rapidly gel in situ 

at 37˚C via physical gelation of the thermoresponsive backbone polymer, and 

subsequently chemically crosslink for enhanced stability.    

 

Specific Aim 1. Synthesis and Characterization of Injectable, Dual-Gelling 

Hydrogels 

Study 1 (Chapter 3). Synthesis of a two-component dual-gelling hydrogel 

combining thermogelling macromers with hydrolyzable lactone rings for 

promoting hydrogel degradation and epoxy groups for secondary chemical 
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crosslinking with biodegradable, diamine-functionalized polyamidoamines to 

enhance hydrogel stability.  

Study 2 (Chapter 3). In vitro characterization of different material parameters 

and formulations and subsequent effects on swelling, degradation, mechanical 

strength and cytocompatibility of the hydrogel system.  

Specific Aim 2. Evaluation of Biocompatibility and Mineralization Potential of 

Injectable, Dual-Gelling Hydrogels 

Study 1 (Chapter 4). In vivo evaluation on biocompatibility and mineralization 

of hydrogels 

Study 2 (Chapter 4). In vitro characterization of conditions facilitating hydrogel 

mineralization 

Study 3 (Chapter 5). Identification and visualization of the type and extent of 

hydrogel mineralization 

Specific Aim 3. In Vitro and In Vivo Investigation of Mesenchymal Stem Cell-Laden 

Hydrogels for Bone Regeneration 

Study 1 (Chapter 6). In vitro investigation of the effects of hydrogel polymer 

density and porogen loading on encapsulated MSC viability and osteogenic 

differentiation.  

Study 2 (Chapter 6). Evaluation of the regenerative capacity of stem-cell laden 

hydrogel constructs in a rat orthotopic model in vivo.  
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Study 3 (Chapter 7). Evaluation of initial seeding density and differentiation 

stage of encapsulated MSCs on the osteogenic potential and mineralization of the 

constructs in vitro. 
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Chapter 2 

Injectable Thermoresponsive Systems for Minimally Invasive Craniofacial Tissue 
Engineering 

Abstract 

Tissue engineering provides promising strategies for the regeneration of 

craniofacial bone defects. Through the combination of biomaterial scaffolds, cells, and 

bioactive factors, tissue engineering approaches can be rationally designed to treat and 

repair lost or injured bone tissue. This chapter discusses the biology of craniofacial 

development and the design criteria for biomaterial scaffolds for craniofacial defects. Of 

particular interest are injectable, thermoresponsive hydrogels, which form three-

dimensional hydrated networks in response to a temperature stimulus. These materials 

can be administered in a minimally invasive manner, and rapidly form in situ to contour 

to and stabilize irregular shaped defects. Thus, these materials show great potential for 

craniofacial applications. 
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2.1.  Motivation 

Every year, more than 500,000 bone graft procedures are performed to address 

bone fractures and other orthopedic-related injuries resulting from a variety of surgical, 

degenerative and traumatic causes [1, 2].  Injuries to the oral and maxillofacial complex 

are particularly challenging to repair as a variety of tissue types of different embryonic 

origin and morphologically complex structures are damaged. Large craniofacial defects 

involving the loss of bone tissue can be extremely debilitating to both clinical 

reconstruction and patient recovery. Craniofacial bone provides the necessary mechanical 

support to the overlying soft tissue as well as a protective barrier to the intercranial 

organs. Additionally, bone maintains the structure of the head and facial contours, to 

which injury can be devastating on the patient’s overall appearance [3]. Present treatment 

options inadequately address both the functional and aesthetic restoration of craniofacial 

bone. The current gold standard of treatment is autologous bone, harvested primarily 

from the patient’s iliac crest or other locations such as the distal femur, proximal tibia, 

ribs and intramedullary canal [2, 4, 5]. Despite its immunocompatibility and excellent 

osteoconductive properties, autograft bone is of limited supply and presents associated 

donor-site morbidity [6-8]. Allograft bone from human donors/cadavers or xenograft 

bone from a non-human are viable alternative treatments. However, risks of disease 

transmission, infection and host rejection have restricted their use. Tissue engineering 

strategies have emerged as promising methods to provide superior regenerative treatment 

through the combination of biological factors, cells and biomaterial scaffolds.  
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2.2.  Craniofacial Bone Development  

Development and success of craniofacial tissue engineering strategies relies on an 

understanding of bone biology, composition and healing. Bone is a specialized 

connective tissue consisting of organic and inorganic matrix components that enable 

important biological functions including locomotion, protection, blood production and 

mineral homeostasis [9, 10]. The three main cellular components of bone are osteoblasts, 

osteocytes and osteoclasts, which are responsible for bone formation, maintenance and 

resorption, respectively. Along with the blood vessels that supply nutrients, the cells 

make up 10% of bone composition [9]. The other 90% is bone extracellular matrix 

(ECM) comprising of mostly Type I collagen, minor amounts of Type V, VI, VIII and 

XII collagen and mineral salts such as calcium, phosphorus, sodium and magnesium.  

In the event of injury, bone healing and remodeling is accomplished by a 

complex, coordinated effort of cells, bioactive factors and ECM to stimulate the 

proliferation, differentiation and migration of osteoprogenitor cells from the surrounding 

environment [11, 12]. The induction of signaling cascades for tissue repair results from 

the elevated expression of pro-inflammatory, angiogenic and osteogenic growth factors 

such as bone morphogenetic protein (BMP)-2, BMP-7 and insulin-like growth factor-1 

(IGF-1) released by cells in the injury site, many of which have well established roles in 

embryonic development and skeletal homeostasis [13, 14]. The immediate injury 

response (hours to 3 days) is marked by the release of pro-inflammatory cytokines and 

growth factors such as interleukin (IL)-1, IL-6, tumor necrosis factor-α, fibroblast growth 

factor, platelet derived growth factor, and transforming growth factor-β1 (TGF- β1), from 

the systemic circulation and inflammatory cells, initiating the signaling events for matrix 
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deposition and progenitor cell recruitment [15, 16]. Secretion of other growth factors 

including bone morphogenetic protein, growth differentiation factors (GDF), insulin-like 

growth factor, TGF-β and angiogenic molecules from MSC and osteoprogenitor 

populations occurs in the later phases of fracture healing (5-21 days) and returns to 

normal expression levels during remodeling. Although certain growth factors like GDF-5 

and GDF-10 or vascular endothelial growth factor (VEGF) may not play a direct 

regulatory role in osteogenesis like BMPs, they aid in cartilage mineralization during 

endochondral bone formation and induction of new vessels, respectively. The ability to 

recapitulate and manipulate these natural signaling processes on a similar spatiotemporal 

scale could provide specific control over the regenerative process and encourage 

neotissue formation over large-scale defects 

2.3.  Cellular Delivery for Craniofacial Bone Regeneration* 

Bone healing and remodeling is accomplished by a complex, coordinated effort of 

cells, bioactive factors and extracellular matrix to stimulate the proliferation, 

differentiation and migration of osteoprogenitor cells [11, 12]. The induction of signaling 

cascades for tissue repair results from the elevated expression of pro-inflammatory, 

angiogenic and osteogenic growth factors released by cells in the injury site, many of 

	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  
	  

* The following section was published in “Vo TN, Kasper FK, Mikos AG. Strategies for 
Controlled Delivery of Growth Factors and Cells for Bone Regeneration. Advanced Drug 
Delivery Reviews, 64(12), 1292-1309, (2012). 
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which have well established roles in embryonic development and skeletal homeostasis 

[13, 14].  

Successful bone induction using autologous and allogeneic grafts relies on the 

presence of undifferentiated stem cells with high osteogenic potential to replace injured 

end stage differentiated cells. Stem cells are characterized by their abilities to self renew 

and differentiate into a variety of functional specialized cell types. Most cellular therapy 

strategies for bone regeneration employ adult stem cells, like mesenchymal stem cells 

(MSCs), due to their potential to differentiate into cells of a particular lineage. MSCs are 

culture-adherent, multipotent progenitor cells capable of differentiating into bone, 

cartilage, fat, tendon, muscle and nerve [17, 18]. They have been isolated from various 

sources including bone marrow, adipose tissue, muscle tissue, amniotic fluid, human 

placenta, periosteum, cord blood and even peripheral blood [17, 19-21]. The efficacy and 

survival of MSCs depend on the methods of isolation and ex vivo expansion and 

manipulation prior to transplantation.  

Although MSCs have shown great potential in bone research, the plasticity of 

embryonic stem (ES) cells is highly desired for replacing the various tissue types affected 

in bone injuries, enabling widespread, more integrative repair. ES cells are pluripotent, 

therefore capable of differentiating into cell types from all three germ layers. Despite 

successful bone regeneration with both human and murine ES cells [22-24], safety and 

ethical concerns [18, 25] have limited their use. Recent studies have shown that 

differentiated cells can be genetically reprogrammed to regain their stemness for 

differentiation into other phenotypes not restricted to their tissue type. Induced 

pluripotent stem cells, human marrow isolated multilineage inducible cells and vascular 
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smooth muscle cells have shown promise for bone tissue engineering applications [26-

28]. 

2.3.1.  Cell Therapy 

Cellular regenerative strategies offer a different means to recapitulate the bone 

healing process by providing cell populations that directly participate in the assembly of 

new tissue and secrete trophic factors to regulate local cellular activity for augmented 

repair. Biomaterial carriers for controlled delivery of cells function similarly to those for 

growth factor delivery, in which they act as targeted carriers for delivery as well as 

supportive ECM-like substrates for cell adhesion, migration and growth. Additional 

criteria for cell delivery technologies include carrier permeability, biocompatibility and 

biodegradability to maintain the viability of cells during administration and for the 

duration of the regenerative process [29]. There are four primary approaches for 

engineering MSC-based cell delivery systems with enhanced osteoinductive capacity: 1) 

delivery of cells within an injectable or prefabricated scaffolds 2) pre-culture/co-delivery 

of cells with osteoinductive growth factors or co-culture with other cell types, 3) delivery 

of cellular or acellular bioreactor cultured scaffolds and 4) delivery of genetically 

modified cells for expression of osteogenic genes.  

2.3.2.  Cell-Laden Scaffolds 

The simplest method for cell delivery utilizes scaffolds to provide the appropriate 

physical and chemical properties for controlling the cell response without co-

administration of exogenous growth factors. A variety of cell-compatible scaffolds have 

been formulated with natural and synthetic materials [30-32]. However, injectable 
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ceramic-based composites consisting of calcium phosphate cement (CPC) and 

cytocompatible hydrogels may have better potential as effective bone regenerative 

systems by possessing osteoconductive characteristics for seeded MSCs with the added 

benefit of injectability for simple cell encapsulation and delivery [33]. Ceramic 

composite scaffolds consisting of CPC and cytocompatible hydrogels have demonstrated 

favorable osteoconductive characteristics for seeded MSCs with the added benefit of 

injectability for simple cell encapsulation and delivery. In one study, rat MSCs cultured 

on CPC-chitosan composites showed a several-fold increase in ALP activity in 

comparison to Food and Drug Administration (FDA)-regulated CPC scaffolds and tissue 

culture plastic in vitro, indicating lineage-specific differentiation towards the osteogenic 

phenotype [34]. Another study showed that direct deposition of injectable CPC-alginate 

solutions formed degradable fibrous scaffolds capable of stimulating porosity-dependent 

differentiation of MSCs [35]. In vivo implantation of the porous composite scaffolds 

within a rat critical size calvarial defect showed near complete closing of the defect over 

6 weeks. Other injectable materials like thermoresponsive poly(N-isopropylacrylamide) 

(PNiPAAm) or microsphere formulations also show some potential for directing MSC 

differentiation, without possessing any intrinsic osteoinductivity. Klouda et al. 

demonstrated that PNiPAAm-based constructs were capable of mineralizing in vitro, 

which may provide osteogenic cues for encapsulated cells [36]. 

2.4.  Scaffold Design Criteria 

The controlled delivery of bone regenerative factors can be accomplished via 

biomaterial carrier systems to facilitate local repair at the defect. The optimal carrier 
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should provide four main functions: 1) site specific delivery of regenerative factors to the 

defect, 2) local regulation and retention of released factors, 3) enhanced infiltration and 

proliferation of cells on a three-dimensional substrate and 4) optimized biodegradation 

for complete tissue regeneration. In addition, the carrier system and its soluble 

byproducts should also be biocompatible and non-cytotoxic as to prevent premature 

clearance and/or adverse local tissue responses which may lead to delayed wound 

healing. While there have been many investigations in regards to the material, 

configuration and processing of carriers, the main challenge lies in balancing the design 

elements to preserve the essential functions for successful delivery [29].  

2.5.  Injectable Thermosensitive Hydrogels 

Injectable, in situ forming materials are of great interest in tissue engineering 

since they possess the ability to form three dimensional scaffolds after injection in 

aqueous form. Therefore, they enable minimally invasive and simple delivery of 

regenerative factors without the need for and associated risks of surgical implantation. In 

the case of cell delivery, cells can be easily mixed and injected with a soluble precursor 

solution that forms a supportive cell substrate in vivo. Additionally, injectable materials 

possess the ability to fill and create scaffolds that conform to irregular-shaped defects, 

avoiding the difficulty of prefabricating patient-specific shapes. Although injectable 

materials have been primarily used in the field of drug delivery, injectable materials can 

be fashioned as craniofacial tissue engineering scaffolds by satisfying several design 

requirements. In addition to targeted delivery and local retention of cells, the biomaterial 

should provide a permissible environment to support cell adhesion, migration and 
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growth. The biomaterial and its precursors, leachable and degradation byproducts should 

be biocompatible and non-cytotoxic as to prevent premature clearance and/or adverse 

local tissue responses which may lead to delayed wound healing. Gelation of an in situ 

forming system should also be mild and occur rapidly under physiological conditions to 

maintain encapsulated cell viability and clinical efficacy. The degradation kinetics of the 

system should match that of native tissue regeneration in order to initially provide 

temporary mechanical support and later facilitate natural bone remodeling over time. 

Types of injectable systems that have been previously investigated for bone regeneration 

are described in other reviews [3, 37].  

Injectable materials that crosslink in response to an environmental stimulus such 

as temperature, pH or ionic strength are of great interest to tissue engineers. These 

materials require no additional chemicals to initiate gelation and their phase transition can 

be tuned at the synthesis and fabrication stage to match the conditions of the 

physiological environment. In particular, temperature-sensitive polymers are one of the 

most widely investigated materials for drug delivery and tissue engineering applications 

since gelation is triggered solely by the change from ambient to physiological 

temperature. Poly(N-isopropylacrylamide) (PNiPAAm) [38-40], 

poly(organophosphazenes) [41], PEG-based di/tri block copolymers [42], 

polycaprolactone [43] and their derivatives as well as biomimetic materials like chitosan, 

dextran, cellulose derivatives and elastin-like peptides [44, 45] undergo a phase transition 

at a lower critical solution temperature (LCST) to form physically crosslinked scaffolds. 

The LCST is defined as the critical temperature below which a polymer and solvent are 

completely miscible [37]. Above the LCST, the material becomes hydrophobic due to 
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favorable entropic effects, leading to the formation of an insoluble scaffold. PNiPAAm-

based hydrogels are one extensively studied group of thermosensitive polymers with 

applications ranging from drug delivery, cell delivery and cell sheet culture. PNiPAAm is 

non-biodegradable thermosensitive material that undergoes a reversible coil-to-globule 

collapse at ~32˚C. Below the LCST, PNiPAAm adopts a flexible, extended coil 

formation in aqueous solution.  At and above the LCST, thermally induced release of 

water molecules from the isopropyl groups increases hydrophobicity, which leads to the 

collapse and aggregation of the polymer chains into globules to form an insoluble 

hydrogel [46]. The majority of studies involving PNiPAAm have focused on drug and 

growth factor delivery. The release kinetics of encapsulated factors are dictated by the 

swelling and collapse of the hydrogels in response to a thermal stimulus. Additionally, 

PNiPAAm can be self-polymerized via different initiators or crosslinked with various 

materials in situ to form more mechanically stable hydrogels at 37˚C. The ease in which 

PNiPAAm hydrogels can be synthesized and tuned makes them attractive for a variety of 

applications. 

2.5.1.  Modifying Poly(N-isopropylacrylamide) for Tissue Engineering 

Thermoresponsive materials possess great potential as injectable systems for both 

tissue engineering and drug delivery. Thermoresponsive materials are characterized by 

their ability to gel in response to a temperature stimulus without the aid of additional 

chemical reagents or environmental factors.  The transition from an aqueous solution to 

an insoluble hydrogel is termed the sol-gel transition and occurs at the lower critical 

solution temperature (LCST). The LCST can be experimentally determined by several 

analytical methods including spectroscopy, rheology and differential scanning 
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calorimetry (DSC). The hydrophobic effect is believed to be the main mechanism for 

phase separation for many thermoresponsive materials [37].  For a thermoresponsive 

polymer in aqueous solution, there are three types of molecular interactions: polymer-

polymer, polymer-water and water-water. Temperature elevation is associated with an 

overall drop in hydrophilicity due to the release of water-bound molecules on the 

polymer chains.  The resulting increase in entropy (ΔS), marked by greater water-water 

and polymer-polymer interactions, is much larger than the enthalpy (ΔH) increase, which 

leads to a higher negative free energy (ΔG) of the system, as defined by the 

thermodynamic relation ΔG=ΔH- T(ΔS), where T is temperature. Since the sol-gel 

transition is controlled solely by temperature, gelation is reversible and the polymer will 

revert to soluble form after removal of the stimulus. 

PNiPAAm is one of the most frequently studied thermoresponsive polymers, with 

diverse applications ranging from the fields of chemistry, physics, biology and even 

photography [46].  As stated earlier, PNiPAAm is characterized by its special ability to 

undergo a sharp phase transition at its LCST of ~32˚C to form insoluble hydrogels. 

Therefore, there is great interest in the bioengineering field to develop injectable 

PNiPAAm-based hydrogels as tissue engineering vehicles for regenerative factors. The 

gelation of PNiPAAm-based hydrogels and copolymers at body temperature can be tuned 

by the copolymerization of hydrophilic and hydrophobic monomers, pH and presence of 

salts [37]. Numerous studies have demonstrated success in delivering and releasing 

growth factors such as BMP-2, TGF-β3, IGF-1 and bFGF-1 in PNiPAAm hydrogels [47-

49]. However, cellular delivery with PNiPAAm is less common.  Although PNiPAAm 

has been shown to be a suitable substrate for cell attachment and proliferation, as 
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indicated by cell sheet cultures [50], PNiPAAm studies in the literature have been limited 

to in vitro viability studies with articular chondrocytes, adipose stem cells and MSCs [36, 

51-53]. PNiPAAm hydrogels have two shortcomings that prevent further in vivo 

investigation: syneresis and non-degradability. Syneresis, or shrinkage of the hydrogel 

over time, can reduce oxygen and nutrient diffusion to encapsulated cells.  Additionally, 

hydrogel shrinkage would minimize hydrogel-tissue contact within the defect, limiting 

the potential for tissue integration. Biodegradation is also important, as non-degradable 

materials present a physical barrier to further tissue repair and increase the chances of an 

inflammatory response. Rational design of PNiPAAm hydrogels to address both factors 

can drastically improve the properties of these materials for tissue engineering 

applications. 
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Chapter 3 

Synthesis, Physicochemical Characterization, and Cytocompatibility of 
Bioresorbable, Dual-Gelling Injectable Hydrogels† 

Abstract 

Injectable, dual-gelling hydrogels were successfully developed through the 

combination of physical thermogelation at 37°C and favorable amine:epoxy chemical 

crosslinking. Poly(N-isopropylacrylamide)-based thermogelling macromers with a 

hydrolyzable lactone ring and epoxy pendant groups, and a biodegradable diamine-

functionalized polyamidoamine crosslinker were synthesized, characterized, and 

combined to produce non-syneresing and bioresorbable hydrogels. Differential scanning 

calorimetry and oscillatory rheometry demonstrated the rapid and dual-gelling nature of 

the hydrogel formation. The post-gelation dimensional stability, swelling, and mechanical 

	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  
	  

† This chapter was published as T.N. Vo, A.K. Ekenseair, F. Kurtis Kasper, A.G. Mikos, 
“Synthesis, Physicochemical Characterization, and Cytocompatibility of Bioresorbable, 
Dual-Gelling Injectable Hydrogels,” Biomacromolecules, 15, 132-142, (2014). 
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behavior of the hydrogel system were shown to be easily tuned at the synthesis and 

formulation stages. The leachable products were found to be cytocompatible at all 

conditions, while the degradation products demonstrated a dose- and time-dependent 

response due to solution osmolality. Preliminary encapsulation studies showed MSC 

viability could be maintained for 7 days. The results suggest that injectable, thermally 

and chemically crosslinkable hydrogels are promising alternatives to prefabricated 

biomaterials for tissue engineering applications, particularly for cell delivery.  

3.1.  Introduction 

Injectable, in situ forming hydrogels are a promising alternative to implantable 

prefabricated scaffolds investigated for craniofacial tissue engineering. Due to their 

ability to form three-dimensional, highly hydrated substrates in a minimally invasive 

manner, this versatile class of polymer-based biomaterials can enable local delivery of 

growth factors and cells, can easily create scaffolds that fill and conform to complex 

configurations, and provide a supportive environment for cell migration and proliferation. 

The benefits of and approaches towards designing injectable hydrogels for tissue 

engineering have been recently reviewed [3, 54-58]. 

Thermoresponsive polymers are particularly attractive injectable materials, since 

gelation to a physically crosslinked hydrogel is triggered solely by temperature elevation 

to and above the lower critical solution temperature (LCST). Hydrogels based on one 

polymer, poly(N-isopropylacrylamide) (PNiPAAm), have been widely investigated for 

various biomedical applications, as it undergoes a sol-gel transition at its LCST of 32°C 

[46]. Previous work has determined various means to tune and modulate the gelation 

kinetics [59] and has demonstrated controlled environmentally-responsive drug and 



18	  
	  

	  

growth factor delivery [48, 49]. Additionally, PNiPAAm-based hydrogels have been 

successfully used for the encapsulation of articular chondrocytes in vitro [60]. However, 

the main challenges associated with PNiPAAm-based hydrogels have been syneresis and 

non-degradability, limiting their efficacy for tissue engineering applications. Syneresis, or 

shrinkage of the hydrogel over time, can reduce nutrient diffusion to encapsulated cells. 

Additionally, hydrogel shrinkage would minimize hydrogel-tissue contact within the 

defect, impeding tissue integration. Biodegradation is also important, as non-degradable 

materials present a physical barrier to further tissue repair and increase the chances of an 

inflammatory response. Thus, rational design of PNiPAAm hydrogels to address both 

factors can drastically advance the properties of these materials for controlled delivery 

and improved integration in tissue engineering applications [61]. 

A number of groups have attempted to enhance bioresorbability of PNiPAAm 

polymers by copolymerizing complex pendant groups such as lactate ester [62, 63] or 

polyester [64] side groups, 2-methylene-1,3-dioxepane [65], poly(amino acid) [66], or 2-

hydroxyethylmethacrylate-6-hydroxyhexanoate [67] that modulate the LCST over time. 

The materials became increasingly resorbable when the LCST of the polymer rose 

sufficiently above body temperature. In these cases involving polyesters, lactate side 

chains, or poly(amino acids), the monomers also produced soluble degradation products 

that may be toxic to encapsulated cells and raise the pH of the local microenvironment. In 

a different study, Cui et al. achieved PNiPAAm biodegradation without toxic byproducts 

through incorporation of dimethyl-γ-butyrolactone acrylate (DBA), a hydrolyzable 

lactone ring [68, 69]. Hydrolysis of the ester group in the ring structure resulted in the 

formation of hydroxyl and carboxyl groups, which increased the hydrophilicity, and 
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subsequently, the LCST of the polymer. Cui et al. demonstrated that the pre- and post-

hydrolysis LCST was linearly controlled with the DBA mol content [69] and could be 

tuned with addition of other hydrophilic comonomers [68]. 

Our laboratory has previously reported the development of a novel class of 

PNiPAAm-based hydrogels with dual gelation mechanisms to create non-shrinking, 

thermally responsive, and chemically crosslinked hydrogels for craniofacial tissue 

engineering applications [70, 71]. The two component system consisted of a non-

degradable thermogelling macromer (TGM) with epoxy pendant rings and a water 

soluble, hydrolytically degradable, diamine-functionalized polyamidoamine (PAMAM) 

crosslinker. The macromer was designed to rapidly form physically crosslinked 

hydrogels slightly below physiological temperature, followed by slower chemical 

crosslinking in situ through the epoxy ring – amine group reaction. The main advantage 

of this system is that the thermal gelation and favorable epoxy crosslinking reaction occur 

through mild processes and require no exogenous, cytotoxic initiators, thus allowing for 

cell delivery in irregular shaped, non-loading bearing defects such as in the craniofacial 

bone. Syneresis of the hydrogels was eliminated in a PAMAM concentration-dependent 

manner [71], and extensive in vitro testing demonstrated the tunability of the hydrogel 

parameters and hydrolytic degradation under accelerated conditions to achieve targeted 

material properties and partially soluble degradation products, respectively [70]. 

In order to improve upon the previous hydrogel system and enable the 

hydrophobic TGM chains to be more readily cleared from the body, the objective of this 

study was to develop and characterize injectable, thermally responsive, chemically 

crosslinkable, and fully bioresorbable hydrogels comprising TGMs based on PNiPAAm, 
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glycidyl methacrylate (GMA), DBA, and acrylic acid (AA) and diamine-functionalized 

PAMAM crosslinkers. Physical and chemical crosslinking would be achieved via 

thermogelation of the PNiPAAm upon temperature elevation to 37˚C and favorable 

crosslinking of the GMA pendant epoxy rings with the amine groups of the PAMAM 

crosslinker. Time-dependent degradation of hydrogel would be accomplished through the 

incorporation of the DBA hydrolyzable lactone ring, which would enable the polymer to 

resolubilize over time via LCST modulation. Lastly, the addition of hydrophilic AA 

compensated for the hydrophobicity of both the GMA and DBA comonomers and tuned 

the initial LCST between room and physiologic temperature. We hypothesized that the 

copolymerization of NiPAAm, a chemically crosslinkable epoxy pendant group and 

hydrolyzable lactone ring, allowing for the modulation of the LCST in situ, would 

produce non-shrinking, injectable hydrogels with fully soluble degradation products. The 

effects of LCST modulation by DBA content and varying hydrogel parameters on the 

physicochemical properties, material behavior and in vitro cytocompatibility were 

evaluated. Additionally, a preliminary encapsulation was performed with mesenchymal 

stem cells (MSCs) to evaluate the hydrogel’s potential for cell delivery in tissue 

engineering applications. 

3.2.   Materials and Methods 

3.2.1.  Materials 

NiPAAm, DBA, GMA, AA, 2,2’-azobis(2-methylpropionitrile) 

(azobisisobutyronitrile, AIBN), N,N’-methylenebisacrylamide (MBA), and piperazine 

(PiP) were purchased from Sigma Aldrich (Sigma, St. Louis, MO) and used as received. 

Anhydrous 1,4-dioxane, diethyl ether, and acetone in analytical grade; water, acetonitrile, 
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chloroform, and methanol in HPLC-grade; and 1 N sodium hydroxide (NaOH) were 

purchased from VWR (Radnor, PA) and used as received. PBS (powder, pH 7.4) was 

obtained from Gibco Life, Grand Island, NY. Ultrapure water was obtained from a 

Millipore Super-Q water system (Millipore, Billerica, MA). 

3.2.2.  TGM Synthesis and Characterization 

Synthesis of P(NiPAAm-co-GMA-co-DBA-co-AA) TGM was performed 

according to established protocols [68, 71], as shown in Scheme 3-1. In a typical reaction, 

10 g of NiPAAm, GMA, DBA and AA was dissolved in anhydrous 1,4-dioxane under 

nitrogen at 65˚C. AIBN in dioxane was added at 0.7% of total mol content to initiate free 

radical polymerization and the reaction mixture was stirred for 16 h. After solvent 

removal by rotary evaporation, the material was re-dissolved in acetone and purified 

twice via dropwise precipitation in excess diethyl ether. The recovered polymer was air-

dried overnight and transferred to a vacuum oven for several days prior to elemental 

analysis. The chemical composition of the TGMs was determined by proton nuclear 

magnetic resonance spectroscopy (400 MHz 1H NMR, Bruker, Switzerland). The 

polymer was dissolved in D2O at a concentration of 20 mg/mL that contained 0.75 wt% 

3-(trimethylsilyl)propionic-2,2,3,3-d4 acid, sodium salt as an internal shift reference 

(Sigma-Aldrich, St. Louis, MO) and the data were analyzed using the MestRe-C NMR 

software package (Mestrelab Research S.L., Spain) and quantitative NMR analysis. Acid 

titration was performed in conjunction with 1H NMR to determine the AA content of the 

TGMs before hydrolysis. Aqueous gel permeation chromatography (GPC) using a Waters 

Alliance HPLC system (Milford, MA) and differential refractometer (Waters, model 410) 

equipped with a series of analytical columns (Waters Styragel guard column 20 mm, 4.6 
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x 30 mm; Waters Ultrahydrogel column 1000, 7.8 x 300 mm) was used to determine the 

molecular weight distributions of the synthesized TGMs [72]. The TGM was first 

hydrolyzed in accelerated conditions (see Before and After Hydrolysis LCST section) to 

remove its thermogelling properties. The weight average molecular weight (Mw), number 

average molecular weight (Mn), and polydispersity index (PDI = Mw/Mn) of the 

hydrolyzed polymer were determined by comparison to commercially available narrowly 

dispersed molecular weight poly(ethylene glycol) (PEG) standards (Waters, Mississauga, 

ON).  

Scheme 3-1. Synthesis of P(NiPAAm-co-GMA-co-DBA-co-AA) thermogelling 

macromer (TGM) via radical copolymerization of N-isopropylacrylamide 

(NiPAAm), glycidyl methacrylate (GMA), dimethyl-γ-butyrolactone acrylate (DBA), 

and acrylic acid (AA).  

 

3.2.3.  PAMAM Synthesis and Characterization 

PAMAM was synthesized by the polyaddition of PiP and MBA  at a 

stoichiometric ratio of [MBA]/[PiP] = 0.75 or 0.85 following previously reported 

protocols [71]. Molecular weight distributions of the synthesized PAMAM crosslinkers 

were analyzed using time-of-flight mass spectroscopy with positive-mode electrospray 

ionization on a Bruker microTOF ESI spectrometer (Bruker Daltonics, Billerica, MA) 
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equipped with a 1200 series HPLC (Agilent Technologies, Santa Clara, CA) to deliver 

the mobile phase (50:50 HPLC-grade water and methanol). After data acquisition, all 

peaks (including degradation and secondary reaction products) were identified using 

microTOF Control software (Bruker) following published procedures [71]. The peaks 

were corrected for charge state (generally with H+ or Na+ and rarely K+ ions), and 

quantified for calculation of Mn, Mw, and PDI. 

3.2.4.  Before and After Hydrolysis LCST 

The LCSTs of the TGMs before and after hydrolysis were determined by 

differential scanning calorimetry (DSC). Unhydrolyzed and hydrolyzed polymers were 

dissolved in PBS pH 7.4 to create 10 wt% solutions. Hydrolyzed polymers were created 

by dissolving TGM in ultrapure water or PBS pH 7.4 at 4˚C in 4 mL glass vials followed 

by addition of 50 µL of 0.1 N NaOH solution. The solutions were dialyzed against water 

and were used immediately for DSC. 

14 µL of each polymer solution was pipetted into an aluminum volatile sample 

pan (TA Instruments, Newcastle, DE) and capped/crimped. Thermograms were recorded 

on a TA Instruments DSC 2920 equipped with a refrigerated cooling system against an 

empty sealed pan as reference. The oven was equilibrated at 5°C for 10 min and then 

heated to 80°C at a heating rate of 5°C/min. The LCST was determined both as the onset 

and peak temperature of the endothermic peak in the thermogram using the Universal 

Analysis 2000 software provided with the DSC system.  
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3.2.5.  Hydrogel Fabrication 

Hydrogels (6 mm in diameter, 3 mm in height) were fabricated by combining the 

TGM and PAMAM crosslinker. Individual solutions of TGM and PAMAM crosslinker 

were prepared at twice the desired concentrations in PBS pH 7.4 and placed on a shaker 

table at 4˚C until dissolved. The PAMAM solution was pipetted into the TGM solution 

using cold pipet tips and the resulting solution was manually mixed in the glass vial. 90 

µL injections were transferred to 6 mm diameter x 3 mm height cylindrical Teflon molds 

at 37˚C and allowed to gel for 24 h. To evaluate the macroscopic properties of the 

hydrogel system, the hydrogels were fabricated as stated in the above section, except that 

after manual mixing, the glass vial was transferred to a water bath at 37˚C for immediate 

observation of the thermogelling properties. Syneresis was qualitatively evaluated after 

24 h at 37˚C.  

3.2.6.  Rheological Characterization 

A thermostatted, oscillating rheometer (Rheolyst AR1000, TA Instruments, New 

Castle, DE) equipped with a 6 cm steel cone (1 degree) with a gap size of 26 µm at a 

frequency of 1 Hz and displacement of 1x10-4 rad was used to evaluate the elastic 

response of the hydrogels. Hydrogel formulations in pH 7.4 PBS were pipetted onto the 

rheometer, and the dynamic viscoelastic properties of the solutions, namely, the dynamic 

shear storage (G’) and loss (G”) moduli, complex viscosity (|η*|), and loss angle (δ), were 

recorded using the TA Rheology Advantage software (TA Instruments). The solution was 

maintained at 4°C followed by elevation to and maintenance at 37°C for 3 h to monitor 

the crosslinking reaction. 
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3.2.7.   In Vitro Degradation  

Accelerated degradation studies were performed in accordance with ISO 10993 

standards [73]. Hydrogels were fabricated in 6 mm diameter x 3 mm height cylindrical 

Teflon molds. Hydrogels were weighed at formation (Wf) and then frozen and 

lyophilized. After initial dry weight was measured (Wi), gels were reswollen in 4 mL 

glass vials with 4 mL of PBS pH 10.5 at 70˚C, and weekly solution changes were 

performed. At each timepoint, the samples (n = 6) were carefully blotted, weighed (Ws) 

and lyophilized. The dry weight was measured (Wd) and percent of polymer loss was 

calculated through the difference between the initial and final dry weights divided by the 

initial dry mass ((Wi-Wd)/Wi*100) [74]. 

3.2.8.  Hydrogel Swelling 

Hydrogel swelling behavior was assessed in a 24 factorial experimental design 

with formulations of varying TGM wt%, DBA mol content, PAMAM molecular weight, 

and amine:epoxy mol ratio. The individual solutions were fabricated as previously 

described in 6 mm diameter x 3 mm height cylindrical molds at 37˚C. After 24 h, the 

hydrogels were weighed on a balance and placed in excess PBS for 24 h at 37˚C. 

Hydrogels were then weighed after swelling, frozen at -80˚C, lyophilized and reweighed 

when dry. The hydrogel swelling ratio at formation (qformation) and equilibrium (qequilibrium) 

were calculated as the difference between the swollen and dry mass divided by the dry 

mass [74]. 
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3.2.9.  Mechanical Testing 

Hydrogel formulations with varying TGM wt% and amine:epoxy mol ratio (n = 6 

per group) were fabricated as previously described. Mechanical testing on a TA 

Instruments Thermomechanical Analyzer 2940 (TA Instruments, Newcastle, DE) 

equipped with a wide compression probe (diameter of 6 mm) was performed to assess the 

unconfined compressive Young’s modulus of the hydrogels. Samples were first placed 

onto the prewarmed stage, and sample height was measured by the probe. The stage was 

then re-equilibrated to 37˚C and the sample was compressed at a rate of 0.001 N/min to 

0.05 N. The unconfined Young’s modulus was determined to be the initial slope of the 

engineering strain versus engineering stress curve.  

3.2.10.  Cytocompatibility Testing  

3.2.10.1.  Cell Culture 

A rat fibroblast cell line (ATCC, CRL-1764) was chosen for the in vitro 

cytocompatibility tests. The cells were cultured on T-75 flasks using Dulbecco’s 

modified Eagle medium (DMEM; Gibco Life, Grand Island, NY) supplemented with 

10% (v/v) fetal bovine serum (FBS; Cambrex BioScience, Walkersville, MD) and 1% 

(v/v) antibiotics containing penicillin, streptomycin and amphotericin (Gibco Life). Cells 

were cultured in a humidified incubator at 37°C and 5% CO2. Cells of passage number 3-

5 were used. 



27	  
	  

	  

3.2.10.2.   In Vitro Cytocompatibility 

The leachables and degradation products assays for cytocompatibility were 

performed following established protocols [71, 75, 76]. Solutions of hydrogels were 

prepared at the appropriate concentrations by dissolving TGM and PAMAM in serum-

free DMEM at 4˚C. The hydrogels were fabricated in 6 mm diameter x 3 mm height 

Teflon molds and allowed to gel for 24 h in a 37°C incubator. Hydrogels were then 

processed for the leachables or degradation products assay and the test media were 

diluted to 1, 10, and 100 times original concentration. Cultured fibroblasts were passaged 

at 80-90% confluency and 96-well plates were seeded at a cell density of 10,000 

cells/well and cultured for 24-48 h until 90% confluent. The test media and its dilutions 

were fed at 100 µL/well to the cells (n = 6), replacing the original media, and incubated 

for two established timepoints, 2 or 24 h, at 37°C, 95% relative humidity, and 5% CO2 

[71, 75, 76]. Cells fed serum-free media (without polymer) served as a positive (live) 

control and cells exposed to 70% ethanol for 10 min were used as a negative (dead) 

control. 

After incubation, the test media were removed and the cells were rinsed three 

times with pH 7.4 PBS before adding calcein AM and ethidium homodimer-1 at 2 µM 

and 4 µM concentrations in PBS, respectively (Live/Dead viability/cytotoxicity kit, 

Molecular Probes, Eugene, OR). The cells were incubated in the dark at room 

temperature for 30 min. Cell viability was quantified using a fluorescence plate reader 

(Biotek Instrument FLx800, Winooski, VT) equipped with filter sets of 485/528 nm 

(excitation/emission) for calcein AM (live cells) and 528/620 nm (excitation/emission) 
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for EthD-1 (dead cells). The fluorescence of the cell populations was recorded and the 

fractions of live and dead cells were calculated relative to the controls.  

3.2.10.3.  Leachables Assay 

For the leachables assay, hydrogels were incubated in serum-free media for 24 h 

in a 37°C warm room at a 3 cm2/mL surface area:volume ratio according to established 

procedures [75]. The test media were then sterile filtered and incubated with the cells. 

3.2.10.4.  Degradation Products Assay 

 For the degradation products study, hydrogels were placed in ultrapure water 

with 2 mL of 1 N NaOH solution at 37°C until fully degraded. Dialysis was not 

performed on the solution, as the degradation products may range in molecular weight. 

The solution with the complete degradation products was frozen at -80˚C, lyophilized, 

reconstituted into the same volume of serum-free media required for fabrication, and 

sterile filtered prior to cell exchange. 

3.2.10.5.  Ion Concentration Cytocompatibility 

To isolate the effects of solution osmolality from the degradation products, media 

with 0, 30, 60, 90, 120, and 220 mg NaCl/10 mL DMEM were measured via osmometry, 

sterile filtered, incubated with cells, and viability was recorded at 24 h (n = 6). NaCl was 

chosen as a biocompatible molecule that would allow for isolation of the effects of 

osmolality without introducing any effects of pH or molecular composition on cell 

viability. The quantity of NaCl added was calculated to be the theoretical amount of NaCl 

salt to raise a 10 mL media solution by 100 mOsm.  
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3.2.10.6.  Osmolality Determination 

Solution osmolality was determined by measurement with an Osmette A 

Automatic Osmometer (Precision Systems, Inc., Natick, MA) calibrated with 100 and 

500 mOsm/kg H2O standard solutions (Precision Systems, Inc.) and run on the 0 – 2k 

mOsm range. 

3.2.11.  MSC Encapsulation 

An encapsulation study was performed to demonstrate the cell delivery 

capabilities of the hydrogel. MSCs were harvested from rat femora and tibiae of 6-8 week 

old Fisher 344 rats (Charles River Laboratories, Wilmington, MA) following established 

procedures in accordance to approved protocols by the Rice Institutional Animal Care 

and Use Committee. The rats were euthanized by CO2 asphyxiation and a bilateral 

thoracotomy following anesthesia using 4% isoflurane/O2 mixture (Baxter Healthcare, 

Deerfield, IL). The tibiae and femora were aseptically removed, placed in Dulbecco’s 

modified Eagle’s medium (Invitrogen, Carlsbad, CA) with 10% fetal bovine serum (FBS) 

(Cambrex Bioscience) and 3% penicillin-streptomycin-fungizone (Invitrogen), and 

flushed with complete osteogenic medium containing minimum essential medium Eagle-

alpha modification (Invitrogen), 10% FBS, 10 mM b-glycerol-2-phosphate, 50 mg/L 

ascorbic acid and 1% penicillin-streptomycin-fungizone (Invitrogen). The marrow pellets 

were broken up, sterile filtered and plated in 75 cm2 tissue culture flasks at 37˚C under 

humidified, 5% CO2 atmosphere with complete osteogenic media containing 10-8 M 

dexamethasone. TGM and PAMAM polymers were UV sterilized for 3 h and dissolved 

in PBS pH 7.4 as previously described. After 6 days of culture, the MSCs were passaged 
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and added to the polymer solutions at a final concentration of 10 million cells/mL 

hydrogel. The solution was manually mixed, pipetted into 8 mm x 2 mm autoclaved 

Teflon molds on a heat block, and allowed to crosslink at 37°C in an incubator. After 2.5 

h, the hydrogels and their acellular controls were placed in 2.5 mL media in 12-well 

tissue culture plates and cultured for 1 and 7 days. At each timepoint, the hydrogels were 

soaked in PBS for 30 min, sliced in half, weighed, and processed for DNA Picogreen 

assay (n = 4 halves) and Live/Dead confocal imaging (n = 2 halves).  

3.2.12.  Statistics 

The data are presented as mean + standard deviation in triplicate, unless otherwise 

stated. The cytocompatibility data were analyzed via Tukey’s post-hoc test (p<0.05) 

within timepoints and a t-test across timepoints (p<0.05). Main effects and interaction 

analysis of hydrogel swelling in the full 24 factorial experimental design were performed 

with JMP v.10 statistics software (SAS Institute, Cary, NC). 

3.3.  Results and Discussion 

3.3.1.  TGM Synthesis and Characterization 

Copolymers of NiPAAm with reactive functional moieties for chemical 

crosslinking and LCST modulation were successfully synthesized. The chemical 

composition of the TGMs was characterized by NMR. The 1H NMR spectra of 

P(NiPAAm-co-GMA-co-DBA-co-AA) TGM is shown in Figure 3-1. The five pendant 

protons on GMA are found between 2.8 and 4.8 ppm, along with the isopropyl proton on 

NiPAAm (3.9 ppm). The three protons on DBA are found at the double peak at 5.6 and 
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5.8 ppm and the single peak at 4.2 ppm, correlating to the relative peaks of the DBA 

comonomer (data not shown). The six NiPAAm methyl protons were located from 0.9-

1.3 ppm and the remaining polymer backbone protons are located from 1.3 to 2.3 ppm. 

The relative locations of the peaks correlate similarly to those of PNiPAAm 

homopolymer, GMA monomer (data not shown) and similar PNiPAAm-DBA 

copolymers published in the literature [68, 69]. Calculations of the DBA mol content 

using the relative intensities of the DBA 2h protons gave an average value of 5.8 + 0.3 % 

and 2.5 + 0.3 %. The Mn, Mw, and PDI of the 6% DBA-containing TGM was found to be 

56,100 + 4600 Da, 113,600 + 2500 Da, 2.02 + 0.12, respectively, with the 2.5% DBA-

containing TGM at similar values. 

 

Figure 3-1. 1H NMR spectrum of P(NiPAAm-co-GMA-co-DBA-co-AA) TGM. Peak 

proton locations are identified with letters a-l.  
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The before and after hydrolysis LCSTs of the TGMs were determined by DSC. 

The thermal properties of the synthesized TGM formulations are presented in Table 3-1.  

Copolymerization of NiPAAm with GMA and 6% or 2.5% DBA led to an initial peak 

LCST of 22.4 + 1.0˚C or 27.7 + 0.1˚C, respectively. This initial peak LCST is lower than 

the reported LCST of the PNiPAAm homopolymer (32˚C) due to the hydrophobicity of 

the GMA and DBA comonomers. However, after hydrolysis of the ester groups in the 

ring to hydroxyl and carboxyl groups, the higher DBA content leads to an increase in 

hydrophilicity, which is associated with a higher LCST. Therefore, the 6% DBA TGM 

has a higher hydrolysis LCST of 63.3 + 3.7˚C compared to 39.5 + 3.6˚C for the 2.5% 

DBA TGM. The initial LCSTs determined by DSC corresponded with the 

macroscopically-observed thermogelation of the macromers and the reported hydrolysis 

of DBA in the literature [69].  

Table 3-1. TGM synthesis and thermal characteristics 

 

3.3.2.  PAMAM Synthesis and Characterization 

Epoxy reactive PAMAM diamine crosslinkers with varied stoichiometric ratios 

were successfully synthesized and evaluated with 1H NMR following established 

protocols [71]. MicroTOF was further performed to characterize the molecular weight 

distribution. Table 3-2 lists the composition of the two PAMAM diamine crosslinkers 

used for the following studies.   
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Table 3-2. Characterization of synthesized PAMAM crosslinkers  

 

3.3.3.  Hydrogel Fabrication 

The TGM and PAMAM crosslinker were combined in PBS pH 7.4 to successfully 

form injectable, in situ forming hydrogels. The hydrogels were observed macroscopically 

to evaluate hydrogel gelation and post-formation syneresis. Upon mixing of the TGM and 

PAMAM solutions at 4˚C and transfer to 37˚C, the mixture began to thermogel 

instantaneously, as indicated by formation of an opaque white hydrogel. After a period of 

30 min, the sol-gel transition was accompanied by a second color change in which the 

hydrogel became translucent. The crosslinking reaction was completed within 3 h, and, as 

hypothesized, a stable, non-shrinking hydrogel was observed compared to hydrogels 

formed by the TGM alone (Figure 3-2). Distinct rheological traces of the hydrogel 

crosslinking in the presence of thermogelation clearly demonstrate the dual gelling nature 

of the hydrogels (Figure 3-3). The 3 h run was stopped at 155 min after the adhesiveness 

of the hydrogel after crosslinking prevented further oscillation and accurate 

measurement. A rapid increase in the shear storage and loss moduli was observed in the 

initial 5 min of the trace, correlating to thermogelation at 37°C, followed by slower 

chemical crosslinking, which resulted in an ultimate shear storage modulus of 100 kPa. 

The storage modulus of the gel without chemical crosslinking peaks at about 100 kPa at 

37°C; however, the thermodynamic instability of the hydrogels in the absence of 
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chemical gelation results in a decreased storage modulus and complex viscosity in the 

subsequent 15-30 min at 37°C, which is observed in other studies [59]. 

 

Figure 3-2. Thermogelation of 10 wt% TGM containing 6 mol % DBA with (a) and 

without (b) addition of P-1440 PAMAM after one minute at 37˚C. 

 

Figure 3-3. Oscillatory rheology trace showing shear storage (G’) and loss (G’’) 

moduli for a 10 wt% hydrogel composition containing 6 mol % DBA crosslinked 

with P-1440 PAMAM at 1:1 amine:epoxy ratio held at 4˚C for 1 min and then 37˚C 

for 3 h. 

The slight decrease in the first 15 min of the rheological trace is believed to be a 

result of the rapid loss in the thermogelling properties of the hydrogels due to a 
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preferential hydrolysis of the DBA lactone ring at neutral and basic pH (data not shown). 

During the mixing of the TGM and PAMAM solutions, the PAMAM solution, which is 

basic, likely accelerated the hydrolysis of the DBA comonomer, leading to a loss in 

thermogelation at a faster rate than observed in previous studies [68]. This rapid change 

in LCST, while unexpected, simplified the degradation rate to be dependent only on 

PAMAM hydrolysis, which has been explored previously [70, 71]. Chemical gelation of 

the epoxy and amine groups in the absence of thermogelation was also performed via 

rheology similar to published studies [71]. While the interaction between the carboxylic 

acid groups of the TGM with the PAMAM crosslinkers is likely, as shown by other 

studies involving acids and amines [77], we hypothesize that due to the greater amount of 

amine and epoxy units and favorability of reaction [78, 79], the epoxy-amine reaction 

will dominate the crosslinking process. However, it was not possible to directly measure 

the crossover of the shear loss and shear storage moduli under the same conditions using 

rheology since the LCST of this system was lower, requiring a lower controlled 

temperature that would alter the hydrogel’s original water content and crosslinking 

kinetics. Chemical crosslinking was macroscopically observed in the absence of 

thermogelation by the maintenance of the hydrogel shape after transfer to a 4°C 

environment (Supplementary Figure 3-1).  

3.3.4.  Accelerated Degradation 

In vitro degradation studies were performed using 10 wt% hydrogels with 6% 

DBA and 1440 Da PAMAM at a 1:1 amine:epoxy ratio in basic accelerated conditions 

(PBS pH 10.5 at 70˚C). Degradation was calculated as percent dry polymer mass loss 

over time. Figure 3-4 shows that the hydrogels fully degraded under accelerated 
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conditions over 30 days. The 30% weight loss after one day is attributed to the loss of sol 

fraction after incubation in PBS since gels were fabricated in confined molds without 

excess water. Hydrolytic degradation of the PAMAM amide bonds and DBA ester groups 

was accelerated by the basic pH, and the degradation timescale can ultimately be tuned 

through modulation of the PAMAM composition and molecular weight.  

 

Figure 3-4. Degradation profile of a 10 wt% hydrogel with 6 mol % DBA crosslinked 

with P-1440 PAMAM at 1:1 amine:epoxy ratio under accelerated conditions (pH = 

10.5 at 70˚C). Data are reported as means ± standard deviation for a sample size of 

n = 4.  

3.3.5.  Hydrogel Swelling 

The effects of different hydrogel parameters on the degree of post-formation 

syneresis and hydrogel stability were examined in a factorial swelling study. The 

parameters varied were the TGM polymer amount in the injectable solution (TGM wt%), 
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functionality ratio between amine groups of the PAMAM and epoxy groups on the TGM 

(amine:epoxy mol ratio), the DBA mol content, and the molecular weight (MW) of the 

PAMAM crosslinker. It should be noted that the 1:1 amine:epoxy mol ratio corresponds 

to the theoretical maximum degree of crosslinking for each combination of TGM and 

PAMAM macromers studied.  

The weight swelling ratio (q) of the hydrogels was measured at formation (24 h 

after fabrication in molds, qf) and equilibrium (24 h after swelling in PBS at 37°C, qs). 

Figure 3-5 shows the swelling capacity of the hydrogels in the factorial study. For all 

hydrogel formulations, formation swelling ratios for the 15 and 20 wt% groups were 

lower than that of the 10 wt% groups due to the higher polymer content. At equilibrium, 

the weight swelling ratios increased proportionately. The higher TGM wt% groups 

resisted further expansion due to their more tightly crosslinked network. Greater 

equilibrium swelling was also observed in the P-2600-containing formulations as well as 

the higher amine:epoxy ratio, indicating that the PAMAM MW and greater incorporation 

of branches contributed to the overall hydrophilicity and the subsequent swelling 

behavior.  
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Figure 3-5. Formation and equilibrium weight swelling ratio of 36 different hydrogel 

formulations (6 mm in diameter, 3 mm in height) in a factorial study. Hydrogels 

vary in DBA mol content (2.5% or 6%), PAMAM molecular weight (1440 Da or 

2600 Da), amine:epoxy mol ratio (0.75:1, 1:1, or 1.25:1), and TGM wt% (10, 15 or 

20 wt%) in PBS pH 7.4 at 37˚C. Data are reported as means ± standard deviation 

for a sample size of n = 4-6. 

To more extensively evaluate the effects and interactions of the four parameters 

(TGM wt%, amine:epoxy mol ratio, DBA mol content, and PAMAM MW) on hydrogel 

swelling behavior, a full 24 factorial analysis was performed. Table 3-3 lists the high/low 

values of each parameter. 
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Table 3-3. Hydrogel formulation parameters for full 24 factorial design 

 

The results were analyzed with SAS JMP v.10 software, and are illustrated in 

Figure 3-6, which shows the main effects of parameters at formation and equilibrium 

with error bars representing the standard error of each effect population. The zero line 

represents the overall population mean for each effect (5.20 + 0.38 and 6.93 + 0.37 for 

formation and equilibrium, respectively). TGM wt% (factor c), or polymer content of 

TGM, was the most significant factor at formation, the effect of which is maintained at 

equilibrium. Higher TGM wt% decreased swelling through reduced availability of water 

in the injected solution and a tightly crosslinked network that was resistant to further 

expansion. The other factors displayed a positive significant impact only at equilibrium, 

with increases in the PAMAM MW (factor b), DBA mol content (factor a), and 

amine:epoxy mol ratio (factor d) leading to greater equilibrium swelling by 0.56 + 0.39, 

0.94 + 0.39, and 0.76 + 0.39, respectively. All three parameters resulted in an increase in 

overall gel hydrophilicity due to higher total mol content of PAMAM (amine:epoxy mol 



40	  
	  

	  

ratio), higher PAMAM mass (PAMAM MW), or exposure of hydrophilic groups (DBA 

mol content). The DBA mol content was hypothesized to have a lesser effect than the 

other factors on formation and equilibrium swelling; however, the expedited degradation 

of the DBA on a rapid timescale to produce hydrophilic hydroxyl and carboxyl groups 

increased polymer hydrophilicity and contributed to its unexpected greater impact at 

equilibrium.  

 

Figure 3-6. Main effects for formation and equilibrium weight swelling ratios from 

24 full factorial study. The effects a, b, c, and d correspond to the parameters DBA 

mol content, PAMAM molecular weight, TGM wt%, and amine:epoxy mol ratio, 

respectively. The error bars represent the standard error from the overall 

population mean. Significant effects are indicated by error bars that do not cross the 

x-axis.  

A number of significant cross interactions are also observed in the formation and 

equilibrium weight swelling ratios, which are illustrated in Figure 3-7. Although 
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increasing DBA mol content only led to a significant main effect in equilibrium swelling, 

this effect was enhanced by lower PAMAM MW at both formation and equilibrium (ab 

interaction). The higher swelling due to the increased gel hydrophilicity from the 

accelerated time-dependent hydrolysis of the DBA ring was likely initially offset for the 

lower PAMAM MW crosslinked hydrogels, which, due to their shorter crosslink 

interchain bridge length, reduced their capacity for subsequent expansion [80, 81]. This 

cross effect between high DBA mol content and lower PAMAM MW was additionally 

observed at formation with the lower TGM wt% (abc interaction). It was likely that the 

higher overall water content and greater expansion potential of the 10 wt%, P-2600 

hydrogels coupled with the contribution of hydrophilic groups from hydrolyzed DBA led 

to a transient increased swelling response. At equilibrium, interaction effects were 

observed between higher final hydrophilicity and a more loosely-crosslinked network (ac 

interaction) due to the higher DBA mol content and lower TGM wt%. Finally, the cd 

interaction at formation between the PAMAM mol content (amine:epoxy ratio) and the 

TGM wt% was primarily a reflection of the reduced initial water content for the same 

volume of injected solution.   
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Figure 3-7. Statistically significant interaction effects between DBA mol content (a), 

PAMAM MW (b), TGM wt% (c), and amine:epoxy mol ratio (d) on the formation 

(left) and equilibrium (right) weight swelling ratio of hydrogels from the 24 factorial 

experimental design.  

3.3.6.  Mechanical Testing 

Another factorial study was performed to examine the tunability of the 

mechanical behavior of the hydrogels. Unconfined compression testing was performed on 

6 mm diameter x 3 mm height hydrogels with varying TGM wt% (10, 15, 20 wt%) and 

amine:epoxy mol ratio (0.5:1, 1:1). Using 6% DBA and 1440 Da PAMAM hydrogels, all 

the groups displayed an unconfined compressive modulus, E, in the kilopascal range, 

with the lowest modulus for the 10 wt% 0.5:1 crosslinked group at 1.72 kPa and highest 

modulus for the 15 wt% 1:1 crosslinked group at 7.26 kPa (Figure 3-8). The results 
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indicate that higher TGM wt% (15 and 20 wt%) and higher crosslinking density led to 

significant increases in the Young’s modulus. No significant differences were found 

between the different groups when the crosslinking density was halved (0.5:1 

amine:epoxy mol ratio). The higher TGM wt% groups possessed a greater polymer 

density at the maximum crosslinking ratio, allowing for an increased compressive 

strength. However, at the lower amine:epoxy ratio, there was little dimensional stability, 

and the gels performed similarly under the compression test. Additionally, although the 

15 wt% 1:1 crosslinking hydrogels demonstrated the highest modulus, there was not a 

significant difference between this group and the 20 wt% 1:1 crosslinking group. 

 

Figure 3-8. Unconfined compressive Young’s modulus of 6 mol % DBA-containing 

hydrogels crosslinked with P-1440 PAMAM (6 mm in diameter, 3 mm in height) 

with varying TGM wt% and amine:epoxy mol ratio. Data are reported as means ± 

standard deviation for a sample size of n = 6. * and # indicate statistical significance 

from 10 wt% group at the same amine:epoxy mol ratio and within same TGM wt% 

at different amine:epoxy mol ratio, respectively. 
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3.3.7.  Cytocompatibility Testing 

The cytocompatibility of the hydrogel system was evaluated by treating rat 

fibroblast cells in media with 1, 10 and 100X dilutions of leachable products from the 

different TGM and crosslinked hydrogel formulations, or the degradation products from 

crosslinked hydrogel formulations, and incubating for 2 or 24 h at 37˚C. Statistically 

significant differences were determined by a Tukey’s test within time points and a t-test 

across time points (p<0.05). Leachables from the 10 and 20 wt% TGM hydrogels without 

PAMAM were found to be cytocompatible at all the conditions tested (Figure 3-9). The 

leachable products from the PAMAM crosslinked hydrogels demonstrated dose- and 

time-dependent cytocompatibility at the higher TGM wt% (1X) and lower crosslinker 

MW (P-1440). The reduced cytocompatibility for the 20 wt% P-1440 group can be 

attributed to the higher polymer concentration, which increases solution osmolality, and 

lower MW polymers, which may potentially interact with the cell membrane [82].  
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Figure 3-9. Viability of rat fibroblasts in in vitro cytocompatibility testing of TGM 

and hydrogel leachable products with 6 mol % DBA at 2 and 24 h. The first column 

corresponds to TGM leachables, and the second and third columns correspond to 

hydrogel leachables with P-1440 and P-2600 crosslinker, respectively. The top and 

bottom rows refer to 10 or 20 wt% hydrogels, respectively. Data are reported as 

means ± standard deviation for a sample size of n = 6. * and # indicate statistical 

significance (p<0.05) within and between timepoints, respectively.  

The degradation products from the hydrogel demonstrated short-term 

cytocompatibility at the higher dilutions, but produced significant decreases in cell 

viability for all dilutions at the later timepoint as a function of hydrogel polymer content, 

PAMAM MW, and degradation product dose (Figure 3-10). For all hydrogel 

formulations except the 10 wt% P-1440 group, a 1000X dilution group was added since 

cytotoxicity was observed for the 100X dilution. Exposure to the lower MW products 

from the PAMAM crosslinker and formation of acidic groups from DBA hydrolysis is 

one possible explanation for the adverse response. However, the NaOH-catalyzed process 

to obtain the hydrogel degradation products also may have contributed to the decreased 

cell viability. The use of strong base to accelerate degradation introduced a significant 

amount of ions into the system, which could not be easily separated from the actual 

hydrogel degradation products. 
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Figure 3-10. Viability of rat fibroblasts in in vitro cytocompatibility testing of 6 mol 

% DBA-containing hydrogel degradation products. Rows correspond to the 

hydrogel TGM wt% (10 or 20 wt%), while columns refer to the PAMAM 

crosslinker used at a 1:1 amine:epoxy mol ratio (P-1440 or P-2600). Data are 

reported as means ± standard deviation for a sample size of n = 6. * and # indicate 

statistical significance (p<0.05) within and between timepoints, respectively. 

In order to distinguish the effects between the hydrogel degradation products and 

the solution osmolality, osmometry was performed on NaCl-treated DMEM and the 

degradation product dilutions. Figure 3-11 illustrates the effect of increasing NaCl 

incorporation on DMEM osmolality and fibroblast viability after 24 h. Increasing the 

NaCl beyond 0 and 30 mg/10 mL DMEM, or an osmolality greater than 450 mOsm, led 

to significant decrease in cell viability after 24 h. In comparison, the 1X dilutions of the 
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10 wt% P-1440, 10 wt% P-2600, 20 wt% P-1440 and 20 wt% P-2600 groups were 

extrapolated to be 355 mOsm, 481 mOsm, 377 mOsm, and 539 mOsm, respectively. The 

1X values were extrapolated from the other dilutions since the solutions were too 

concentrated to be measured by the instrument. Several values of solution osmolality 

observed here fall at the upper limits of the range tolerable by cells (~370-500 mOsm) 

established in the literature [83, 84], which has been shown to suppress cell proliferation 

[85] and induce apoptosis [86-88]. We postulate that the use of NaOH in the degradation 

process and administration of all degradation products at once contributed greatly to the 

negative response in vitro.  

 

Figure 3-11. Osmolality of 0, 30, 60, 90, 120, and 220 mg NaCl/10 mL DMEM 

solutions and cell viability after incubation with the solutions after 24 h. * marks 

statistical differences in cell viability from the 0 and 30 mg NaCl/10 mL DMEM 

groups (p<0.05).  

3.3.8.  MSC Encapsulation 

To examine the potential of the hydrogel system for cell delivery in bone tissue 

engineering applications, a preliminary encapsulation study was performed using rat 
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MSCs at an encapsulation density of 10 million cells/mL for 1 and 7 days. MSCs were 

able to be successfully encapsulated within the hydrogel using media with serum, which 

did not negatively affect the crosslinking reactions of the hydrogel. The slight drop in cell 

viability after the initial week is consistent with MSC encapsulation in similar hydrogels 

in published studies [36] and the hydrogel was able to support live cells up to 7 days with 

homogenous distribution after encapsulation, as shown in Figure 3-12.  

 

Figure 3-12. DNA content of acellular and cellular 10 wt% hydrogels with 

predifferentiated MSCs at an encapsulation density of 10 million cells/mL hydrogel 

at 1 and 7 days. A representative confocal micrograph of a cellular hydrogel with 

Live/Dead staining at 7 days. Green and red staining indicate live or dead cells, 

respectively. Data are reported as means ± standard deviation for a sample size of n 

= 4. The scale bar represents 100 µm.  

3.4.  Conclusion 

A novel injectable, thermally responsive, chemically crosslinkable, and 

bioresorbable hydrogel was successfully developed through the synthesis and 

combination of PNiPAAm-based thermogelling macromers with diamine-functionalized 

PAMAM crosslinkers. The system addresses the main challenges of using PNiPAAm-
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based hydrogels for tissue engineering, namely, post-formation syneresis and minimal 

resorbability, through the incorporation of a crosslinkable epoxy pendant group and 

hydrolyzable lactone ring. Hydrogel formation occurred through rapid thermogelation at 

37°C and was stabilized through concomitant amine-epoxy chemical crosslinking over a 

period of 2 h, creating non-shrinking hydrogels. Additionally, hydrogel degradation was 

facilitated under accelerated conditions through hydrolysis-dependent processes. 

Hydrogel swelling was primarily controlled by the overall hydrophilicity and structure of 

the polymer network, modulated by the content of TGM and PAMAM crosslinker or 

DBA incorporation, or crosslinker length and density, respectively, while the unconfined 

compressive modulus was dependent on both the polymer concentration and extent of 

crosslinking. The leachable products from the hydrogel system were shown to be 

cytocompatible for the tested macromer and crosslinked hydrogel concentrations and 

timescales. Solution osmolality was the primary contributing factor towards the dose- and 

time-dependent response of the hydrogel degradation products. A preliminary 

encapsulation study suggested that MSCs could be successfully encapsulated without 

affecting hydrogel crosslinking, and that the hydrogel could support cell viability for up 

to 7 days. The results suggest that the injectable, thermally and chemically crosslinking 

hydrogel system studied herein holds great potential for biomedical applications, 

especially for cell delivery in tissue engineering. 



	  

  
	  

	  

Chapter 4 

In Vitro and In Vivo Evaluation of Self-Mineralization and Biocompatibility of 
Injectable, Dual-Gelling Hydrogels for Bone Tissue Engineering‡ 

Abstract  
 

In this study, we investigated the mineralization capacity and biocompatibility of 

injectable, dual-gelling hydrogels in a rat cranial defect as a function of hydrogel 

hydrophobicity from either the copolymerization of a hydrolyzable lactone ring or the 

hydrogel polymer content. The hydrogel system comprised a poly(N-

isopropylacrylamide)-based thermogelling macromer (TGM) and a polyamidoamine 

crosslinker. The thermogelling macromer was copolymerized with (TGM/DBA) or 

without (TGM) a dimethyl-γ-butyrolactone acrylate (DBA)-containing lactone ring that 

modulated the lower critical solution temperature and thus, the hydrogel hydrophobicity, 

	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  	  
	  

‡This chapter was published as T.N. Vo, A.K. Ekenseair, P.P Spicer, B.M. Watson, S.N. 
Tzouanas, T.T. Roh, A.G Mikos. “In Vitro and In Vivo Evaluation of Self-Mineralization and 
Biocompatibility of Injectable, Dual-Gelling Hydrogels for Bone Tissue Engineering,” J.Control. 
Release, 205, 25-34, (2015).  
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over time. Three hydrogel groups were examined: (1) 15 wt% TGM, (2) 15 wt% 

TGM/DBA, and (3) 20 wt% TGM/DBA. The hydrogels were implanted within an 8 mm 

critical size rat cranial defect for 4 and 12 weeks. Implants were harvested at each 

timepoint and analyzed for bone formation, hydrogel mineralization and tissue response 

using microcomputed tomography (microCT). Histology and fibrous capsule scoring 

showed a light inflammatory response at 4 weeks that was mitigated by 12 weeks for all 

groups. MicroCT scoring and bone volume quantification demonstrated similar bone 

formation at 4 weeks that was significantly increased for the more hydrophobic hydrogel 

formulations – 15 wt% TGM and 20 wt% TGM/DBA – from 4 weeks to 12 weeks. A 

complementary in vitro acellular mineralization study revealed that the hydrogels 

exhibited calcium binding properties in the presence of serum-containing media, which 

was modulated by the hydrogel hydrophobicity. The tailored mineralization capacity of 

these injectable, dual-gelling hydrogels with hydrolysis-dependent hydrophobicity 

presents an exciting property for their use in bone tissue engineering applications.  

4.1.  Introduction  

More than 500,000 bone graft procedures are performed every year to address 

bone fractures and other orthopedic-related injuries resulting from a variety of surgical, 

degenerative and traumatic causes [1, 2]. Injuries to the oral and maxillofacial complex 

are particularly challenging to repair as morphologically complex structures are damaged. 

Current treatment options such as autologous or allograft bone inadequately address the 

functional and aesthetic reconstruction of craniofacial bone due to limited supply, lack of 

contouring, donor-site morbidity, and other associated surgical complications [6-8].  
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Thus, injectable, in situ forming hydrogels have emerged as promising 

craniofacial tissue engineering strategies due to the ability to form three-dimensional, 

highly hydrated scaffolds after injection in aqueous form [37, 61, 89]. Therefore, these 

materials enable minimally invasive and simple, localized delivery of cells and 

biomolecules without the need for and the associated risks of surgical implantation. 

Injectable materials also allow for the ability to fill and create mechanically stable 

scaffolds that conform to irregular-shaped defects, avoiding the difficulty of 

prefabricating patient-specific shapes. Work by a number of groups has examined 

injectable hydrogels in the rat cranial defect model with varying degrees of success. Two 

studies demonstrated that acrylated hyaluronan or chitosan in combination with 

mesenchymal stem cells (MSC) and bone morphogenetic protein-2 supported new bone 

formation and MSC osteogenic differentiation [90, 91]. Synthetic hydrogels such as 

poly(ethylene glycol) or oligo(poly(ethylene glycol) fumarate) have also been examined, 

and show improved response in vivo when coupled with a potent osteogenic factor or 

inorganic materials [92, 93]. However, in many of these cases, the blank hydrogel alone 

was insufficient in promoting full bony union.  

There is particular interest in synthetic thermoresponsive hydrogels, which 

undergo a sol-gel transition from an aqueous solution to an insoluble hydrogel at the 

lower critical solution temperature (LCST) without the aid of additional chemical 

reagents. One of the most widely investigated thermoresponsive materials is poly(N-

isopropylacrylamide) (PNiPAAm), which has an intrinsic LCST of ~ 32°C. Although 

PNiPAAm-based hydrogels have been evaluated for cell sheet engineering [94, 95], drug 

delivery [49, 57, 96], and soft tissue engineering [52, 97, 98], they have not been 
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previously investigated for craniofacial regeneration in vivo. Early in vitro work by our 

group using a PNiPAAm-based hydrogel system has suggested that these materials can 

self-mineralize in the presence of proteins and inorganic and organic phosphates [36]. In 

this work, we evaluated the in vivo mineralization capabilities and biocompatibility of 

acellular injectable, dual-gelling hydrogels based on PNiPAAm for craniofacial tissue 

engineering. The hydrogel system consists of two components, a thermogelling 

macromer (TGM) copolymerized with PNiPAAm for physical gelation and glycidyl 

methacrylate for chemical crosslinking and a diamine-functionalized polyamidoamine 

(PAMAM) crosslinker, and forms in situ and degrades hydrolytically over time [71], as 

illustrated in Figure 4-1. The TGM can also be copolymerized with hydrolyzable 

moieties that present carboxyl and hydroxyl groups to modulate hydrogel resorbability 

over time [99]. Previous studies by our group with this versatile class of injectable 

hydrogels have established their rapid gelation and dimensional stability [71], tunable 

physicochemical characteristics [81, 99], favorable cytocompatibility [81, 99], and ability 

to support encapsulated cell viability [99, 100]. 

We hypothesized that the injectable, dual-gelling hydrogels based on PNiPAAm 

would promote hydrogel mineralization and bone formation across the defect in vivo, the 

extent of which would differ based on hydrogel polymer content. Additionally, the 

various hydrogel formulations were hypothesized to be biocompatible and demonstrate a 

mild tissue response in vivo. To test the hypotheses, the hydrogels were implanted in an 8 

mm critical size rat cranial defect for 4 and 12 weeks. Bony union, bone formation, and 

tissue response were evaluated at each timepoint using microcomputed tomography 

(microCT), histological staining, and histomorphometric scoring. The mechanisms of 
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implant mineralization were further probed through complementary acellular in vitro 

investigations. 

 

 

Figure 4-1. Scheme of injectable, biodegradable, dual-gelling system. Black, blue and 

orange lines represent the TGM, PAMAM crosslinker and DBA lactone ring, 

respectively. Upon temperature elevation to 37˚C, the TGM and PAMAM 

crosslinker combine to form an insoluble, physically and chemically crosslinked 

hydrogel. After time, the PAMAM crosslinker, and in the case of the TGM/DBA 

hydrogels, the DBA lactone ring, are hydrolyzed, enabling hydrogel degradation 

through fully soluble degradation products. 

4.2.  Materials and Methods 

4.2.1.  Materials 

N-isopropylacrylamide (NiPAAm), dimethyl-γ-butyrolactone acrylate (DBA), 

glycidyl methacrylate (GMA), acrylic acid (AA), 2,2’-azobis(2-methylpropionitrile) 

(azobisisobutyronitrile, AIBN), N,N’-methylenebisacrylamide (MBA), and piperazine 

(PiP) were purchased from Sigma Aldrich (Sigma, St. Louis, MO) and used as received. 
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Anhydrous 1,4-dioxane, dimethylformamide, diethyl ether, and acetone in analytical 

grade; water, acetonitrile, chloroform, and methanol in HPLC-grade; and 1 N sodium 

hydroxide were purchased from VWR (Radnor, PA) and used as received. Phosphate 

buffered saline (PBS) solution was obtained from Gibco Life, Grand Island, NY (powder, 

pH 7.4). Ultrapure water was obtained from a Millipore Super-Q water system 

(Millipore, Billerica, MA). 

4.2.2.   In Vivo Experimental Design 

Three groups of acellular hydrogels were examined in an 8 mm critical size rat 

cranial defect, as outlined in Table 4-1. Two experimental groups (“15 wt% TGM/DBA”) 

and (“20 wt% TGM/DBA”) consisted of the P(NiPAAm-co-GMA-co-DBA-co-AA) 

TGM with the DBA-containing hydrolyzable lactone ring at 15 or 20 wt% polymer. The 

polymer content of hydrogel formulations was selected on the basis of mechanical 

stability in the defect while remaining injectable. The amount of AA incorporated was 

experimentally determined as the amount needed to compensate for the hydrophobicity of 

the DBA and GMA comonomers and tune the initial LCST for handling at room 

temperature. To further reinforce the role of hydrophobicity in hydrogel mineralization, a 

group consisted of hydrophobic P(NiPAAm-co-GMA) TGM at 15 wt% polymer without 

hydrophilic co-monomers was also evaluated. Based on previous work with rat cranial 

defects, the time periods chosen were 4 and 12 weeks [101, 102]. At both timepoints, the 

samples were evaluated with microCT and histology after harvest. All groups consisted 

of n = 6-7 rats. 
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Table 4-1. Study design for in vivo study 

 

*subscripts indicate actual mol % of comonomer 

4.2.3.  TGM Synthesis and Characterization 

Synthesis of P(NiPAAm-co-GMA) and P(NiPAAm-co-GMA-co-DBA-co-AA) 

TGMs were performed according to established protocols [71, 99]. In a typical reaction, 

20 g of NiPAAm, GMA, DBA and AA was dissolved in 200 mL of either anhydrous 

dimethylformamide or 1,4-dioxane under nitrogen at 65˚C for the TGM and TGM/DBA 

groups, respectively. AIBN pre-dissolved in the solvent was added at 0.7% of total mol 

content to thermally initiate free radical polymerization, and the reaction mixture was 

stirred for 16 h. After solvent removal by rotary evaporation, the material was re-

dissolved in either pure acetone or a 95:5 (v/v) mixture of acetone:methanol for the 

TGM/DBA and TGM groups, respectively and purified twice via dropwise precipitation 

in at least 10X excess diethyl ether. The recovered polymer was air-dried overnight and 

transferred to a vacuum oven for several days prior to elemental analysis. The chemical 

composition of the TGMs was determined by proton nuclear magnetic resonance 

spectroscopy (1H NMR, Bruker, Switzerland). The polymer was dissolved in D2O at a 

concentration of 20 mg/mL that contained 0.75 wt% 3-(trimethylsilyl)propionic-2,2,3,3-

d4 acid, sodium salt as an internal shift reference (Sigma-Aldrich, St. Louis, MO) and the 

data were analyzed using the MestRe-C NMR software package (Mestrelab Research 
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S.L., Spain). Acid titration was performed in conjunction with 1H NMR to determine the 

AA content of the TGMs before hydrolysis. Aqueous gel permeation chromatography 

(GPC) using a Waters Alliance HPLC system (Milford, MA) and differential 

refractometer (Waters, model 410) equipped with a series of analytical columns (Waters 

Styragel guard column 20 mm, 4.6 x 30 mm; Waters Ultrahydrogel column 1000, 7.8 x 

300 mm) was used to determine the molecular weight distributions of the synthesized 

TGM/DBA polymers. The TGM/DBA polymer was first hydrolyzed in accelerated 

conditions to remove its thermogelling properties. The weight average molecular weight 

(Mw), number average molecular weight (Mn), and polydispersity index (PDI = Mw/Mn) 

of the hydrolyzed polymer were determined by comparison to commercially available 

narrowly dispersed molecular weight poly(ethylene glycol) (PEG) standards (Waters, 

Mississauga, ON). The LCSTs of the TGMs were determined by differential scanning 

calorimetry (DSC). 14 µL of each polymer solution was pipetted into an aluminum 

volatile sample pan (TA Instruments, Newcastle, DE) and capped/crimped. Thermograms 

were recorded on a TA Instruments DSC 2920 equipped with a refrigerated cooling 

system against an empty sealed pan as reference. The oven was equilibrated at -5°C for 

10 min and then heated to 80°C at a heating rate of 5°C/min. The LCST was determined 

both as the onset and peak temperature of the endothermic peak in the thermogram using 

the Universal Analysis 2000 software provided with the DSC system. For this study, 

P(NiPAAm92.6-co-GMA7.4) with a Mn = 9.2 kDa and PDI of 3.12 [71] and P(NiPAAm80.4-

co-GMA10.3-co-DBA6.3-co-AA3.0) with a Mn = 54.5 kDa and PDI of 1.84 were used [99]. 
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4.2.4.  PAMAM Synthesis and Characterization 

PAMAM was synthesized by the polyaddition of piperazine (PiP) and methylene 

bisacrylamide (MBA) at a stoichiometric molar ratio of [MBA]/[PiP] = 0.75 following 

previously reported protocols [71, 81]. Molecular weight distributions of the synthesized 

PAMAM crosslinkers were analyzed using time-of-flight mass spectroscopy with 

positive-mode electrospray ionization on a Bruker microTOF ESI spectrometer (Bruker 

Daltonics, Billerica, MA) equipped with a 1200 series HPLC (Agilent Technologies, 

Santa Clara, CA) to deliver the mobile phase (50:50 HPLC-grade water and methanol). 

After data acquisition, all peaks (including degradation and secondary reaction products) 

were identified using microTOF Control software (Bruker). The peaks were corrected for 

charge state (generally with H+ or Na+ and rarely K+ ions), and quantified for calculation 

of Mn, Mw, and PDI. PAMAM with Mn = 1440 Da and PDI = 1.38 was used for this 

study. 

4.2.5.  Hydrogel Fabrication 

Hydrogels (8 mm in diameter, 2 mm in height) were fabricated by combining the 

TGM and PAMAM crosslinker. The TGM and PAMAM crosslinker were first sterilized 

via UV-irradiation for 2 h. Individual solutions of TGM and PAMAM crosslinker were 

then prepared at twice the desired concentrations (Table 4-1) in sterile PBS pH 7.4 and 

placed on a shaker table at 4˚C until dissolved. Under sterile conditions, the PAMAM 

solution was pipetted into the TGM solution using cold pipet tips and the resulting 

solution was manually mixed in the glass vial. 110 µL injections were transferred to 8 

mm diameter x 2 mm height cylindrical Teflon molds at 37˚C either immediately for 
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TGM/DBA groups or after a 20-minute delay for the TGM group, covered with a glass 

slide, and subsequently allowed to gel for 24 h prior to implantation. 

4.2.6.  Animal Surgeries and Euthanasia 

This work was done in accordance with protocols approved by the Rice 

University Institutional Animal Care and Use Committee. After hydrogel fabrication with 

PBS pH 7.4 under sterile conditions in 8 mm x 2 mm Teflon molds, the hydrogels were 

implanted within an 8 mm rat cranial defect. All hydrogel groups were statistically 

randomized to minimize operative- or animal-related error. 11-12 week Fischer 344 rats 

weighing 176-200g (Harlan, Indianapolis, IN) were placed under 4% isoflurane and 

maintained at 2% isoflurane/O2 gas mixture for the duration of the operation. The 

incision site and surrounding area were shaved, sterilized with povidine-iodine swabs, 

and subcutaneously injected with 500 µL of 1% lidocaine for local anesthesia. A linear 

incision was performed from the nasal bone to the mid-sagittal crest, and the skin and 

periosteum were exposed from the underlying bone. An 8 mm craniotomy was performed 

with a dental surgical drilling unit with a trephine burr and saline irrigation, and the 

calvarial disk was carefully removed to prevent dural tearing. After cleaning and removal 

of bone fragments, the hydrogel was implanted and the periosteum and skin were each 

separately closed with interrupted braided Vicryl stitches. The rats were given an 

intraperitoneal injection of saline (1 mL/100 g/h of anesthesia) to counteract blood loss 

and aid recovery. Additionally, intraperitoneal injections of buprenorphine (0.05 mg/kg) 

were given at 12, 24, and 36 h as post-operative analgesia. After surgery, the rats were 

placed under pure O2 until awakened from anesthesia and individually housed in soft-

bedding cages. Animals were given free access to food and water and monitored for 
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complications. The implants and surrounding tissue were harvested 4 or 12 weeks post-

surgery. The rats were euthanized by CO2 inhalation after anesthesia under 4-5% 

isoflurane, followed by a bilateral thoracotomy.  

4.2.7.  Implant Retrieval  

The implants were harvested by making an incision between the medial canthi of 

the eyes down to the bone using a 701 burr attached to a Stryker Total Performance 

System straight handpiece at 40,000 rpm with water irrigation. Similar cuts were made 

along the left and right temporal bone and posterior aspect of the cranial vault, resulting 

in a rectangular section of the cranium containing the defect site and implant. The 

implants were fixed in 10% formalin (Formalde-Fresh, Fisher) for 3 days at 37˚C and 

transferred to 70% (v/v) ethanol for microCT and histological analysis. 

4.2.8.  Microcomputed Tomography 

MicroCT analysis with a Skyscan 1172 High-Resolution Micro-CT (Aartselaar, 

Belgium) with 10 µm resolution, 0.5 mm aluminum filter, and voltage of 100 kV and 

current of 100 µA was used to examine the morphology and mineralization of the 

implants and bony union across the defect. Volumetric reconstruction and analysis was 

conducted using Nrecon and CT-analyser software provided by Skyscan. The percent of 

bone formation, including hydrogel mineralization, within the defect was determined by 

centering a cylindrical volume of interest (VOI) of 8 mm in diameter and 2 mm in height 

at the bottom of the defect. Data are reported as the % binarized object volume measured 

within this VOI within thresholding gray values (70-255) with the CT-analysis software 

[103]. The extent of bony bridging and union within the defect were scored according to 
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the grading scale in Table 4-2. These scores were determined from maximum intensity 

projections of the samples generated from the microCT datasets. 3D models of each 

sample were also generated to visualize the distribution of mineral deposits within the 

hydrogel implants.  

Table 4-2. Scoring guide for bony bridging and union in microCT datasets [102] 

 

Images show representative microCT maximum intensity projections of 15 wt% TGM 12 

wk, 20 wt% TGM/DBA 12 wk, 20 wt% TGM/DBA 4 wk, and 15 wt% TGM/DBA 4 wk 

(left to right) for the different scores 

4.2.9.  Histological Processing 

After microCT scanning, the samples were sent to the MD Anderson Cancer 

Center Bone Histomorphometry Core Laboratory (Houston, TX) for dehydration and 

embedding in poly(methyl methacrylate). 5 µm coronal cross-sections were taken from 

the center of the defect of each sample and staining was performed with von Kossa, 

hematoxylin and eosin, and Goldner’s trichrome. 

4.2.10.  Histological Scoring 

The three histological sections were evaluated via light microscopy (Eclipse 

E600, Nikon, Melville, NY with attached 3CCD Color Video Camera DXC-950P, Sony, 
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Park Ridge, NJ) and scored using histological scoring analysis. The histological 

evaluation was performed along random implant-tissue interfaces within central coronal 

cross-sections to assess: (1) tissue response at the bone-hydrogel interface following the 

rubric outlined in Table 4-3 [101], (2) mineralization within the hydrogel following the 

scoring guide outlined in Supplementary Figure 4-1A, and (3) extent of bony bridging 

across the defect following the rubric outlined in Supplementary Figure 4-1B. 

Additionally, the thickness and quality of the fibrous capsule was scored using high 

magnification images (AxioImager Z2, Carl Zeiss, Germany) taken at four predetermined 

locations along the sample-periosteal border and sample-dural side interface as outlined 

in Table 4-4 [104]. The evaluations were performed blindly with randomized samples by 

three reviewers. 

Table 4-3. Histological scoring guide and scores for the tissue response at the bone-
hydrogel interface [101, 102] 

 

* significant difference between the 4 and 12 week timepoint (p<0.05) 
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Table 4-4. Histological scoring guide for fibrous capsule thickness and quality 

 

4.2.11.  Acellular Mineralization 

8 x 2 mm acellular hydrogels (n = 4 per group) were fabricated as described 

above. The hydrogels were incubated in complete osteogenic medium without fetal 

bovine serum (FBS), complete osteogenic medium with 10% FBS (Cambrex Bioscience), 

PBS pH 7.4, and 1X simulated body fluid for 0, 1, 7, 14, and 28 days at 37˚C in 12-well 

plates. The simulated body fluid was prepared according to published protocols [105]. 

Each solution was changed every 2-3 days. At timepoints, the hydrogels were soaked in 

ultrapure water for 30 min, cut in half, blotted and weighed. Sample halves (n = 4 halves) 

for the calcium assay were placed in 500 µL of ddH2O, homogenized through three 

freeze/thaw/sonication cycles, and digested overnight in equal parts of 1N acetic acid for 

a final concentration of 0.5 N acetic acid. The assay was performed with a commercially 
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available kit (Sekisui Diagnostics, Tokyo, Japan) according to the manufacturer’s 

instructions. The remaining sample halves were fixed in 10% formalin, dehydrated in 

70% ethanol, placed in Histoprep frozen tissue embedding media (Fischer Scientific, 

Waltham, MA), and frozen at -20°C.  

4.2.12.  Statistics 

The microCT and histological scoring data were analyzed via one-way analysis of 

variance followed by the Kruskal-Wallis test (p<0.05) for n = 6-7 samples. The microCT 

bone volume for n = 6-7 samples and in vitro mineralization data for n = 4 were 

presented as means + standard deviation, unless otherwise stated. The acellular 

mineralization data were analyzed by Tukey’s post-hoc test using JMP v11 statistical 

software.  

4.3.  Results 

4.3.1.  MicroCT Analysis 

Three different groups of acellular, dual-gelling hydrogels were implanted: one 

group without the DBA monomer containing a hydrolyzable lactone ring for LCST 

modulation (15 wt% TGM), and two groups with the DBA monomer at different polymer 

wt% concentrations (15 and 20 wt% TGM/DBA). MicroCT was used for nondestructive, 

quantitative analysis of bony bridging, union, and bone volume, as well as 3D 

visualization of the extent and spatial distribution of mineralization. For bony bridging of 

the defects, maximum intensity projections (MIPs) were generated from each of the 

microCT datasets and scored by three blinded reviewers using the 0 - 4 grading scale 
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detailed in Table 4-2, which provides respective examples of actual MIPs for each score. 

Figure 4-2 shows the results from the scoring at 4 and 12 weeks. At the 4 week timepoint, 

the average union microCT score for 15 wt% TGM, 15 wt% TGM/DBA, and 20 wt% 

TGM/DBA was 2.4 + 0.5, 1.9 + 0.7, and 2.0 + 0.0, respectively, indicating that bony 

bridging is only observed at the defect borders. At the 12 week timepoint, the 15 wt% 

TGM and 20 wt% TGM/DBA demonstrated an increase in bony bridging, leading to a 

statistically significant increase in the average union microCT score compared to the 4 

week timepoint.  

 

Figure 4-2. Results of microCT scoring for bony bridging and union for 15 wt% 

TGM hydrogels and 15 and 20 wt% TGM/DBA hydrogels at 4 and 12 weeks.  Error 

bars represent standard deviations for n = 6-7. (*) indicates significant change from 

4 week timepoint (p<0.05).  

 
Figure 4-3 shows the results from the quantification of bone volume using 

microCT. The data are reported as the % binarized object volume within a given VOI 
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above a critical threshold grayscale value of 70, and include mineralization within the 

implant and bone formation across the defect. Both the 15 wt% TGM and 20 wt% 

TGM/DBA groups demonstrated a significant increase in the bone volume from 4 to 12 

weeks. Additionally, the bone volume of the 15 wt% TGM group was significantly 

higher at 12 weeks compared to the two other groups.  

 

Figure 4-3. Results of microCT quantification of % bone volume within the cranial 

defect at 4 and 12 weeks using an 8 mm VOI with thresholding gray values (70-255). 

Error bars represent standard deviation of n = 6-7 hydrogels.  (*) and (#) indicate 

significant change between timepoints or across groups, respectively (p<0.05).  

To examine the spatial distribution and nature of mineralization in detail, 3D 

models of each sample were generated via microCT using the critical threshold value. 

Two representative samples in the 15 wt% TGM and 20 wt% TGM/DBA groups 

demonstrating the most mineralization at 12 weeks are shown in Figure 4-4. 

Mineralization across the defect at 12 weeks primarily extended underneath the hydrogel 
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for both groups. Mineralization additionally occurred throughout the hydrogel for the 15 

wt% TGM group. This is in contrast to samples in all the groups at 4 weeks, which 

demonstrated mineralization as nodules above the hydrogel (Figure 4-4 A, D, G) or other 

groups at 12 weeks, which showed bone formation at the defect borders. 

 

Figure 4-4. Representative top (A-C) and side (D-F) views of microCT generated 

three dimensional models showing mineralization on a binary threshold (70-255) 

and raw coronal cross-sections from the center of the defects (G-I) of 15 wt% TGM 

at 4 (A,D,G) and 12 weeks (B,E,H) and 20 wt% TGM/DBA hydrogels at 12 weeks 

(C,F,I). 

4.3.2.  Descriptive Light Microscopy 

The samples were grossly examined after histological staining with hematoxylin 

& eosin (H&E), von Kossa, and Goldner’s trichrome, and representative images from 

each group and time point are shown in Figure 4-5. For all sections, the implants were 

visible, although shrinkage and delamination artifacts generally associated with hydrogel 

histology were observed in many samples. For both the 4 and 12 week samples, a thin 
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fibrous capsule was observed around the hydrogel, particularly around the periosteal 

border, as shown in the high magnification subsets in Figure 4-5. At 4 weeks, the tissue at 

the hydrogel-defect interface was generally loose and fibrous in nature and minimal bone 

formation was observed. The inflammatory response, characterized by the presence of 

neutrophils and macrophages, was also minimal and occurred primarily at the periosteal 

border. At 12 weeks, the inflammatory response was generally mitigated and the tissue at 

the hydrogel-defect interface was more organized. Although all the hydrogels did not 

demonstrate measurable material fragmentation, instances of cell-mediated bone 

formation across the defect were more pronounced in the 15 wt% TGM group compared 

to the other groups. With H&E and Goldner’s trichrome staining, cell-mediated bone 

formation was generally observed on the dural side of the defect, although in certain 15 

wt% TGM samples, significant mineralization was also seen throughout the center of the 

hydrogel with von Kossa staining. Additionally, promising direct bone-implant contact 

was observed in several of the 15 wt% TGM samples at 12 weeks, a representative 

example of which is shown in Figure 4-5D.  
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Figure 4-5. Histological staining of 15 wt% TGM (left column), 15 wt% TGM/DBA 

(middle column), and 20 wt% TGM/DBA hydrogels (right column) at 4 (A-C) and 

12 (D-F) weeks. One set of respresentative images from each timepoint show von 

Kossa (top image) and hematoxylin and eosin staining (bottom image) at 2X 

magnification. Subsets at bottom demonstrate the tissue response on the periosteal 

border at 4 (left) and 12 (right) weeks at 20X magnification within the boxed 

regions. Scale bars for hydrogel slices represent 1 mm and 8 mm, respectively. Scale 

bars for high magnification images represent 50 µm. 

4.3.3.  Quantitative Histological Analysis 

Samples were evaluated for bony bridging across the defect and mineralization of 

the hydrogel (Supplementary Figure 4-1) according to the inlaid scoring rubrics. 

Supplementary Figure 1A shows the scoring results for mineralization within the 
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hydrogel. The average score for the all the groups did not differ from each other at 4 and 

12 weeks. Supplementary Figure 4-1B shows the scoring results for bony bridging across 

the central coronal cross-section of the hydrogel along the dural side of the implant. The 

15 wt% TGM group showed significantly increased scores in bony bridging from 4 to 12 

weeks, but the scores were only significant from the 15 wt% TGM/DBA group at 12 

weeks. The samples were also scored for the tissue response with two independent 

scoring guides for the bone-hydrogel interface and fibrous capsule surrounding the 

periosteal and dural borders. The tissue response at the bone-hydrogel interface showed a 

significant difference between the 4 and 12 week timepoints only for the 20 wt% 

TGM/DBA group (Table 4-3). Histological analysis of the fibrous capsule demonstrated 

that, on average, the TGM/DBA groups showed significantly better capsule quality 

scores at 12 weeks. However, for all the groups, the thickness and quality scored above a 

2, indicating a fibrous-like capsule of no more than 10 layers (Figure 4-6). The 15 wt% 

TGM group showed significantly increased scores for both thickness and quality from 4 

to 12 weeks, indicating an improvement in both parameters, whereas the 15 wt% 

TGM/DBA showed only a significant difference in the capsule quality. When examining 

the scores for the fibrous capsule at the top or bottom of the implant, there were no 

significant differences in terms of location except for the capsule thickness for the 20 

wt% TGM/DBA group. Capsule thickness and quality at the top improved significantly 

over time for the 15 wt% TGM and 15 wt% TGM/DBA groups, while only capsule 

quality improved over time for the 15 wt% TGM group. Representative images of each 

score for the fibrous capsule thickness and quality scoring can be found in Supplementary 

Figure 4-2.  
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Figure 4-6. Top, bottom, and combined histological scores of fibrous tissue thickness 

and quality of the implants at 4 and 12 weeks. Error bars indicate standard 

deviation for 6-7 samples with 4 images per sample (n=12-14 for top and bottom, 

n=24-28 for total). (*) refers to significant differences within groups from 4 to 12 

weeks (p<0.05), (#) refers to significant differences within timepoints across groups 

compared to the 15 wt% TGM group (p<0.05), and (^) refers to significant 

differences within groups and timepoints from images at different locations 

(p<0.05).  

4.3.4.  In Vitro Acellular Mineralization 

To investigate the mechanism behind hydrogel mineralization, an acellular in 

vitro study was performed by immersing the hydrogels in four solutions: PBS pH 7.4 

(PBS), SBF 1X (SBF), complete osteogenic media without serum (NS), and complete 

osteogenic media with serum (S). Figure 4-7 shows the calcium content of the hydrogels 

over the 28 day period. All of the groups demonstrated significantly increased calcium 

content over time after culture in complete osteogenic media with serum. This 

corresponded with increased von Kossa histological staining of hydrogel cross-sections 
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over time for all groups, which detects the presence of phosphate groups (data not 

shown). However, the amount of calcium in the 15 wt% TGM group was significantly 

larger than that of the 15 wt% and 20 wt% TGM/DBA groups at the 7, 14 and 28 day 

timepoints. The 15 wt% TGM group also displayed significantly increased calcium 

content in the SBF 1X and complete osteogenic media without serum (NS) conditions; 

however, these values were not statistically different from the calcium content of 

complete osteogenic media with serum (S) conditions. 

 

Figure 4-7. Calcium content of 15 wt% TGM and 15 and 20 wt% TGM/DBA 

acellular hydrogels (n = 4) over 28 days in phosphate buffered saline (PBS), 1X 

simulated body fluid (SBF), complete osteogenic media without serum (NS), and 

complete osteogenic media with serum (S). 15 and 20 wt% TGM/DBA hydrogels 

correspond to the right y-axis, and 15 wt% TGM hydrogels correspond to the left y-

axis. (*) refers to significant difference across timepoints within group and media (p 

< 0.05).  
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4.4.  Discussion 

The objective of this study was to evaluate the mineralization capacity and 

biocompatibility of acellular injectable, dual-gelling hydrogels based on PNiPAAm for 

the healing of an 8 mm critical size rat cranial defect. We hypothesized that the degree of 

hydrogel hydrophobicity modulated by the increase of the hydrogel polymer content 

would result in different capacities for mineralization and bony bridging in the absence of 

any delivered cells or growth factors. We also hypothesized that the material would 

present a compatible tissue response in the in vivo environment. Hydrogel implants 

copolymerized with the hydrolyzable lactone ring at two different polymer wt% contents 

were placed in the 8 mm critical size rat cranial defects. An additional group, 15 wt% 

TGM without the hydrolyzable lactone ring as a hydrophobic control, was also evaluated. 

The implants were harvested at 4 and 12 weeks, and analyzed for cell-mediated bony 

union, bone volume within the defect, and tissue response with MicroCT and histological 

staining.  

MicroCT data at 4 weeks showed that there were no significant differences in the 

scores for bony union for all of the groups. No differences were also observed in the 

microCT quantification of bone volume, which included mineralization within and across 

the hydrogel. It is likely at this early stage that the injectable hydrogel has not undergone 

sufficient degradation to generate enough porosity to allow for tissue infiltration and 

growth. A number of studies in this defect have achieved some tissue infiltration when 

using porous scaffolds [106, 107]. Additionally, without the incorporation of stem cells 

or growth factors, there would be limited osteoinduction to promote an early osteogenic 

response [90, 92].  
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At 12 weeks, however, there was a significant difference in the scores for bony 

union for the 15 wt% TGM and 20 wt% TGM/DBA groups compared to the 15 wt% 

TGM/DBA group. This was supported by the significant increase observed in the bone 

formation quantification for both groups. Although there is a similar trend over time, the 

15 wt% TGM group showed overall higher scores and cell-mediated bone formation at 

the 12 week timepoint, with full bridging in two out of six rats. This was also reflected in 

the histological data, where the 15 wt% TGM group demonstrated clear mineralization 

within the hydrogel space with von Kossa staining and significant new bone formation 

between the implant and the dura. However, statistically significant differences in the 

histological mineralization scores were not observed.  

Because there are relatively few studies examining PNiPAAm-based hydrogels 

for bone tissue engineering in an orthotopic site, it is difficult to make direct 

comparisons. Results regarding PNiPAAm and in vivo bone regeneration have only been 

previously observed with combined cellular or growth factor delivery. An early study by 

Gao et al. exploring P(NiPAAm-co-N-acryloxysuccinimide) conjugated with bone 

morphogenetic protein-2 (BMP-2) in a rat ectopic muscle pocket model demonstrated 

that these copolymers could support BMP-2 osteoinductive activity, leading to increased 

calcium content, alkaline phosphatase activity, and bone neotissue in the explants after 

three weeks [108]. Another study by Na et al. demonstrated that P(NiPAAm-co-

AA)/hydroxyapatite hybrid scaffolds delivering BMP-2 could promote the osteogenic 

differentiation of encapsulated rabbit MSCs in a subcutaneous nude mouse model. Von 

Kossa histological staining and collagen type I immunohistochemistry of the explants 

after eight weeks showed mineral deposition through the hydrogel and maintenance of 
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the MSC osteogenic phenotype, respectively [39]. In both of these studies, the blank 

PNiPAAm-based hydrogel was not examined, but the acellular hydrogel with loaded 

growth factor or hydroxyapatite was capable of some mineralization and tissue ingrowth. 

In contrast, the hydrogels examined in this study were capable of mineralization and bone 

formation without cells, growth factors, or initial mineral content. 

To understand these results, the general approaches toward hydrogel 

mineralization must be considered. Since the hydrated polymer network of hydrogels is 

poorly mineralizable, incorporation of inorganic phases, creation of nucleation sites, and 

chemical modification with anionic functional groups are commonly employed acellular 

strategies [109, 110]. The latter involves the functionalization of hydrogels with 

negatively charged side chains, or anionic phosphate, carboxyl, or hydroxyl groups that 

can bind calcium, mimicking the natural process in bone tissue [109]. Both 

vinylphosphonic acid and silanol groups have been copolymerized with PNiPAAm to 

create hydrogels exhibiting calcium-binding abilities and apatite formation in vitro [111, 

112]. However, with these considerations in mind, the presence of anionic chemical 

groups is not dominantly affecting mineralization in this study since the carboxyl and 

hydroxyl presenting-TGM/DBA hydrogels presented less bone formation and 

mineralization than the TGM only hydrogels.  

The observed differences in acellular mineralization in vitro and in vivo are likely 

due to matrix hydrophobicity, which facilitates calcium binding and mineralization via 

enhanced protein adsorption. The TGM hydrogels consist of PNiPAAm and GMA, both 

of which are hydrophobic monomers. In contrast, the TGM/DBA hydrogels are 

copolymerized with DBA and AA, both of which present carboxyl and hydroxyl groups 
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that increase the hydrophilicity of the polymer. Although all the groups underwent 

significant in vitro mineralization only in the presence of serum-containing media, the 

change in hydrophobic state resulted in an increase of the calcium content by an order of 

magnitude in the TGM hydrogels compared to the TGM/DBA hydrogels, which was 

reflected in the degree of acellular mineralization in vivo. This mineralization likely 

presented a favorable environment by which to promote osteogenic differentiation and 

increased mineralized matrix deposition, leading to greater bony union. Additionally, the 

increase in polymer content from the 15 wt% to 20 wt% hydrogels increased hydrogel 

hydrophobicity, which led to significantly more mineralization and bone formation. This 

is in agreement with previous studies that showed a strong correlation between calcium 

binding and the chain length of hydrophobic alkyl groups in ionic hydrogels [113]. 

Further work upon this phenomenon with poly(ethylene glycol) diacrylate hydrogels with 

varying lengths of N-acryloyl amino acid side chains in SBF with and without serum 

suggested that protein adsorption onto the more hydrophobic hydrogels mimicked the 

natural functions of bone sialoprotein as a nucleating protein. Using scanning electron 

microscopy and X-ray diffraction, hydrogels were observed to possess an apatite-like 

mineralization with calcium/phosphate ratios reminiscent of synthetic hydroxyapatite 

[114]. These studies also provide explanation for the increasing calcium content only 

observed in the 15 wt% TGM hydrogels in the SBF and NS conditions, since the more 

hydrophobic hydrogels demonstrated improved cooperative binding with calcium even in 

the absence of nucleating proteins. This suggests that modulating the hydrophobicity of 

the hydrogel through the timescale of DBA hydrolysis would improve the performance of 

the TGM/DBA groups in future studies in this defect model. Studies by other groups 
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have previously established that hydrolysis sufficient enough to drive the LCST of a 

DBA-containing thermogelling hydrogel above body temperature (enabling for hydrogel 

degradation) occurred on the order of days depending on the DBA content, incorporation 

of AA, and environmental conditions [68]. However, in the dual gelling system, the DBA 

hydrolysis occurs within minutes, due to greater hydrogel stabilization and higher 

swelling from the additional chemical crosslinking [23]. By decreasing the crosslinking 

density or the PAMAM crosslinker length, the hydrolysis timescale may be lengthened 

and thus, maintain hydrogel hydrophobicity for a longer period of time.  

In terms of tissue response, the hydrogels were characterized by some 

inflammation at 4 weeks mainly on the periosteal border with an unorganized implant-

tissue interface. The inflammation was mitigated at 12 weeks and the implant-soft tissue 

interface showed more organized tissue. Two independent scoring guides were used to 

assess the bone-hydrogel interface and fibrous capsule surrounding the rest of the 

implant. Although no significant differences were observed in the scoring at the bone-

hydrogel interface due to the lack of direct bone-implant contact, it was shown with the 

fibrous capsule scoring that the capsule thickness and quality improved over time, 

indicating that the hydrogels induced a favorable tissue response marked by little 

inflammatory cells and organized capsule formation.  

4.5.  Conclusion 

This study evaluated the mineralization capacity, bone formation capability, and 

tissue response of acellular PNiPAAm-based hydrogels in an 8 mm critical size rat 

cranial defect. Although minimal bone formation and hydrogel mineralization was 

observed at 4 weeks for all groups, significantly higher mineralization within and across 
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the implant was observed for the 15 wt% TGM and 20 wt% TGM/DBA groups after 12 

weeks. The results, coupled with an in vitro acellular mineralization study, suggest that 

these hydrogels undergo matrix hydrophobicity-dependent mineralization. These 

mineralizable and biocompatible injectable hydrogels possess great potential as acellular 

strategies or localized delivery vehicles for stem cells or growth factors for craniofacial 

tissue engineering applications.  



	  

  
	  

	  

Chapter 5 

Apatitic Mineralization within Injectable, Dual-Gelling Hydrogels for Bone Tissue 
Engineering§ 

Abstract 

This study sought to characterize the composition and morphology of acellular 

mineralization occurring in thermally and chemically gelable hydrogels comprising 

copolymers of hydrophobic N-isopropylacrylamide as a function of hydrogel 

hydrophobicity and culture medium formulation. The deposition of calcium phosphate 

(CaP) mineral was hypothesized to occur with increasing hydrogel hydrophobicity and 

presence of serum proteins in the culture medium. Two hydrogel compositions with a 

solid content of 15 and 20 wt% were examined in serum-containing and non-serum-

containing media for 0, 14, 28, and 56 days. Using biochemical assays, calcium, but not 

phosphate content, was found to significantly increase over time in hydrophobic 
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hydrogels soaked in cell culture medium with fetal bovine serum. Significant increases in 

the calcium to phosphate ratio were observed within these hydrogels from day 0 to 56, 

with mineralization indicated by von Kossa histological staining. X-ray diffraction 

(XRD), Fourier transform infrared spectroscopy (FTIR), and scanning electron 

microscopy/energy dispersive x-ray spectroscopy (SEM/EDX) were used to analyze CaP 

mineral characteristics. No crystalline apatitic reflection peaks were observed using 

XRD, which was supported by the lack of observable mineral deposits as observed using 

SEM/EDX. However, FTIR showed the presence of new absorption peaks in the serum-

containing samples at 28 and 56 days which suggested the formation of apatitic mineral. 

The ability to undergo hydrophobicity-dependent and protein-mediated mineralization 

demonstrates the potential of these dual-gelling hydrogels as acellular self-mineralizing 

materials for bone tissue engineering. 

5.1.  Introduction 

Bone is a highly vascularized connective tissue consisting of a collagenous 

organic component and an apatitic inorganic component [9, 10]. Due to the complexity of 

the biological and mechanical properties of bone, autografts taken from the patient and 

allografts taken from donors remain the primary clinical gold standard for treatment for 

large bone injuries. However, these bone grafts suffer from several drawbacks, including 

lack of availability and donor-site morbidity for autografts, and potential disease 

transmission for allografts [1]. Thus, tissue engineering strategies using a combination of 

cells, growth factors, and biomaterials are being investigated for the development of new 

alternatives for bone regeneration [3]. 
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 Synthetic hydrogels are a class of hydrophilic polymers that have been 

investigated in recent years for bone tissue engineering. These hydrated materials 

demonstrate tunable physical and chemical properties, minimally invasive methods of 

administration, and localized delivery of cells and growth factors [56, 57]. The ability to 

undergo mineralization offers added value for hydrogel-based tissue engineering 

strategies as these environments are more conducive for bone formation. Strategies to 

enhance hydrogel mineralization include the incorporation of inorganic minerals, creation 

of nucleation sites, and functionalization with anionic groups, as discussed in reviews of 

the literature [109, 110]. 

 Work by our laboratory previously reported on the development of 

injectable, dual-gelling hydrogel systems comprising macromers of thermoresponsive N-

isopropylacrylamide with chemically crosslinkable epoxy pendant groups and 

hydrolyzable lactone rings. In addition to demonstrating tunable physical properties and 

cytocompatibility with encapsulated mesenchymal stem cells, these hydrogels were 

shown to undergo acellular mineralization over time in serum-containing medium 

compared to non-serum-containing medium or simulated body fluid [36, 115]. 

Additionally, when implanted in a rat cranial defect, these hydrogels enabled bony 

bridging across the defect and bone-to-implant contact in the absence of encapsulated 

growth factors or minerals [115, 116]. Further examination demonstrated that hydrogel 

mineralization occurred in a hydrophobicity-dependent manner either from the increased 

co-polymerization of hydrophobic co-monomers within the macromer or an increase in 

the hydrophobic polymer content in the formed hydrogel, resulting in a more 

osteoconductive environment for bone regeneration in vivo [115]. 
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 The objective of this study was to characterize the composition and 

morphology of the mineralization occurring within the hydrogels as a function of 

hydrogel hydrophobicity and culture medium formulation. We hypothesized that apatitic 

mineral crystals were formed within the hydrogels that could be characterized by calcium 

and phosphate biochemical assays, histology, x-ray diffraction (XRD), Fourier transform 

infrared spectroscopy (FTIR), and visualized by scanning electron microscopy/energy 

dispersive x-ray spectroscopy (SEM/EDX). Additionally, we hypothesized that this 

apatite was only formed in the presence of proteins in serum-containing medium and 

facilitated by higher hydrogel hydrophobicity. 

5.2.  Materials and Methods 

5.2.1.  Materials 

N-isopropylacrylamide (NiPAAm), dimethyl-γ-butyrolactone acrylate (DBA), 

glycidyl methacrylate (GMA), acrylic acid (AA), 2,2’-azobis(2-methylpropionitrile) 

(azobisisobutyronitrile, AIBN), N,N’-methylenebisacrylamide (MBA), and piperazine 

(PiP) were purchased from Sigma Aldrich (Sigma, St. Louis, MO) and used as received. 

Anhydrous 1,4-dioxane, dimethylformamide, diethyl ether, and acetone in analytical 

grade; and water, acetonitrile, chloroform, and methanol in HPLC-grade were purchased 

from VWR (Radnor, PA) and used as received. Phosphate buffered saline (PBS) solution 

was obtained from Gibco Life, Grand Island, NY (powder, pH 7.4). Ultrapure water was 

obtained from a Millipore Super-Q water system (Millipore, Billerica, MA). Complete 

osteogenic medium (COM) was made from minimal essential medium α modification 

(αMEM) (Gibco Life, Grand Island, NY) supplemented with10−8 M dexamethasone, 
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10 mM β-glycerol 2-phosphate, 50 mg/L ascorbic acid, and 10 mL/L antibiotic-

antimycotic solution (Gibco, Life, Grand Island, NY). 

5.2.2.  TGM Synthesis and Characterization 

Synthesis of P(NiPAAm-co-GMA-co-DBA-co-AA) TGM as shown in Figure 5-

1A was performed as previously described [71, 99]. 10 g of NiPAAm, GMA, DBA and 

AA were dissolved in 100 mL of 1,4-dioxane under nitrogen at 65˚C and free radical 

polymerization was initiated with 0.7% mol content AIBN for 16 h. The solvent was 

removed by rotoevaporation, the material was re-dissolved in pure acetone, and the 

resulting solution was purified twice via dropwise precipitation in at least 10X excess 

diethyl ether. The recovered polymer was air-dried overnight and transferred to a vacuum 

oven prior to elemental analysis. The chemical composition of the TGMs was determined 

by proton nuclear magnetic resonance spectroscopy (1H NMR, Bruker, Switzerland) 

using D2O containing 0.75 wt% 3-(trimethylsilyl)propionic-2,2,3,3-d4 acid, sodium salt 

as an internal shift reference (Sigma-Aldrich, St. Louis, MO) and the data were analyzed 

using the MestRe-C NMR software package (Mestrelab Research S.L., Spain). Aqueous 

gel permeation chromatography (GPC) using a Waters Alliance HPLC system (Milford, 

MA) and differential refractometer (Waters, model 410) equipped with a series of 

analytical columns (Waters Styragel guard column 20 mm, 4.6 x 30 mm; Waters 

Ultrahydrogel column 1000, 7.8 x 300 mm) was used to determine the weight average 

molecular weight (Mw), number average molecular weight (Mn), and polydispersity index 

(PDI = Mw/Mn) of the synthesized TGM against commercially available narrowly 

dispersed molecular weight poly(ethylene glycol) (PEG) standards (Waters, Mississauga, 

ON). For this study, P(NiPAAm80.4-co-GMA10.3-co-DBA6.3-co-AA3.0) with a Mn = 54.5 
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kDa and PDI of 1.84 was used [99]. Hydrophobicity was altered through the TGM wt% 

solid content – 15 and 20 wt% – which  was previously shown to elicit different degrees 

of bone formation in vivo [115]. 

5.2.3.  PAMAM Synthesis and Characterization 

The PAMAM crosslinker, as shown in Figure 5-1B, was synthesized by the 

polyaddition of piperazine (PiP) and methylene bisacrylamide (MBA) at a stoichiometric 

molar ratio of [MBA]/[PiP] = 0.75 following previously reported protocols [71]. 

Molecular weight distributions of the synthesized PAMAM crosslinkers were analyzed 

using time-of-flight mass spectroscopy with positive-mode electrospray ionization on a 

Bruker microTOF ESI spectrometer (Bruker Daltonics, Billerica, MA) equipped with a 

1200 series HPLC (Agilent Technologies, Santa Clara, CA) to deliver the mobile phase 

(50:50 HPLC-grade water and methanol). PAMAM with Mn = 1440 Da and PDI = 1.38 

was used for this study. 

5.2.4.  Hydrogel Fabrication 

The hydrogel formulations tested in this study are shown in Table 5-1. 15 and 20 

wt% hydrogels (8 mm in diameter, 2 mm in height) were fabricated by combining the 

TGM and PAMAM crosslinker. The TGM and PAMAM crosslinker were first sterilized 

via UV-irradiation for 2 h. Individual solutions of TGM and PAMAM crosslinker were 

then prepared at twice the desired concentrations in sterile PBS pH 7.4, combined, and 

manually mixed. 110 µL injections were transferred to 8 mm diameter x 2 mm height 

cylindrical Teflon molds at 37˚C and subsequently allowed to gel for 24 h prior to 

incubation. 
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5.2.5.  Acellular Mineralization 

The hydrogels were incubated in COM with and without 10% fetal bovine serum 

(FBS) (Cambrex Bioscience, East Rutherford, NJ) for 0, 14, 28, and 56 days at 37˚C in 

12-well plates. Each solution was changed every 2-3 days. At timepoints, the hydrogels 

were soaked in ultrapure water for 30 min, cut in half, blotted, and weighed.  

5.2.6.  Biochemical Assays 

Sample halves for the calcium assay and phosphate biochemical assay (n = 4 

halves each) were placed in 500 µL of ddH2O, homogenized through three 

freeze/thaw/sonication cycles, and digested overnight in equal parts of 1N acetic acid for 

a final concentration of 0.5 N acetic acid. The assay was performed with a commercially 

available kit (Sekisui Diagnostics, Tokyo, Japan) and Malachite Green (R&D Systems, 

Minneapolis, MN) according to the manufacturer’s instructions. The calcium:phosphate 

ratio was determined by dividing the calcium data by the respective phosphate data.  

5.2.7.  Von Kossa Histological Staining 

Sample halves (n=2) for histology were fixed in 10% formalin, dehydrated in 

70% ethanol, placed in Histoprep frozen tissue embedding media (Fischer Scientific, 

Waltham, MA), and frozen at -20°C. Following cryosectioning into ~10 µm slices, the 

sections were stained with 2% silver nitrate under UV for 20 min and then 5% sodium 

thiosulfate was added. Sections were imaged with a light microscope (Eclipse E600, 

Nikon). 



86	  
	  

	  

5.2.8.  X-Ray Diffraction (XRD) 

Sample halves (n=3) were placed in 24-well plates, frozen overnight at -80˚C, and 

lyophilized. Dried samples were then ground into a fine powder with a mortar and pestle. 

The powder from each group was placed on a zero background wafer (Rigaku, The 

Woodlands, TX) and analyzed using a D/Max XRD (Rigaku, The Woodlands, TX). The 

powders were scanned for a fixed time of 12 s per step from 10 to 60° using a 2 mm 

divergent slit, a step size of 0.10°, and a variable receiving slit. Spectrum identification 

was performed using Jade 9 software (MDI, Livermore, CA) and matched with crystals 

from the provided PDF 4 database. 

5.2.9.  Scanning Electron Microscopy/Energy Dispersive X-ray Diffraction 

(SEM/EDX) 

Following freezing and lyophilization as described above, samples (n=2) were 

sputter coated with gold or titanium prior to imaging with an FEI Quanta 400 ESEM FEG 

(FEI Company, Hillsboro, OR) at 50× magnification in the center of each sample. 

Additionally, each specimen was scanned at 500× magnification at three different spots 

using an EDX (EDAX, Mahwah, NJ) integrated with the SEM until the relative 

intensities of the peaks became stable, and the resulting peaks were identified using the 

EDAX Genesis software package (EDAX). Each element identified was quantified into 

an atomic percentage by the EDAX software, and the Ca:P ratio was determined by 

dividing the calcium percentage by the phosphorus percentage. 
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5.2.10.  Attenuated Total Reflection-Fourier Transform Infrared Spectroscopy 

(ATR-FTIR) 

 Using the same 20 wt% samples as for nondestructive XRD testing, the 

lyophilized hydrogel powder (n=3) for the non-serum-containing (NS) and serum-

containing (S) groups was scanned by attenuated total reflection-FTIR using a Nicolet 

FTIR Infrared Spectrometer (Thermo Fisher Scientific, Waltham, MA) and analyzed via 

OMNIC software (Thermo Fisher Scientific, Waltham, MA). Amorphous calcium 

phosphate (ACP) and hydroxyapatite (HA) powder (Sigma Aldrich, St. Louis, MO) were 

also examined as controls (n=3). All spectra were normalized for a maximum 

transmittance of 100%. 

5.2.11.  Statistics 

Results are presented as means ± standard deviations. Statistical significance for 

the calcium and phosphate assay data was determined using Tukey’s honestly significant 

difference test with a 95 confidence interval with JMP v11 statistical software (SAS 

Institute, Cary, NC).  
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Figure 5-1. Chemical structures of A) P(NiPAAm-co-GMA-co-DBA-co-AA) TGM 

and B) PAMAM crosslinker. 

Table 5-1. Comparison of Ca:P ratios derived from biochemical assays or EDX at 56 

days for the different groups examined. 

 

5.3.  Results 

5.3.1.  Biochemical assays 

Figure 5-2 shows the calcium content, phosphate content, and Ca:P ratios of the 

hydrogels soaked in two different solutions. The calcium content significantly increased 

over time for hydrogels soaked in serum-containing medium, whereas the calcium 

content remained constant for those soaked in non-serum-containing medium. The 

phosphate content, however, did not significantly change for either hydrogel composition 

in both conditions. The Ca:P ratio, as determined by ratio of the levels of calcium and 

phosphate from the biochemical assays, significantly increased over time from the day 0 

timepoint in the serum-containing medium groups. Additionally, the Ca:P ratio was 

affected by hydrogel hydrophobicity, with the 20 wt% hydrogels demonstrating an 
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accelerated elevation of the Ca:P ratio (i.e. already at the 14 day timepoint) compared to 

the 15 wt% hydrogels. However, both hydrogel compositions in serum-containing 

medium showed no significant differences in their Ca:P ratios in the later timepoints. 

 

Figure 5-2. A) Calcium and phosphate content and B) respective Ca:P ratios of 15 

and 20 wt% hydrogels in non-serum-containing medium (NS) or serum-containing 

medium (S). (*) and (**) indicate significance from day 0 for B and C graphs or day 

0 and day 14 timepoint for A graph, respectively (p<0.05). (#) indicates significance 

from 15 wt% group at the same timepoint (p<0.05).  

5.3.2.  Histology 

Figure 5-3 shows the nonspecific staining of phosphate deposits within the 

hydrogels via von Kossa. Dark black-brown staining within the serum-containing 

hydrogels was seen at the later timepoints, whereas it was not observed in the non-serum-

containing hydrogels or at the 0 day timepoint. 
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Figure 5-3. Von Kossa staining of representative 20 wt% hydrogels in non-serum-

containing medium (NS) (top row) and serum-containing medium (S) (bottom row) 

at 0, 14, 28, and 56 days. Black-brown staining indicates phosphate deposits or 

calcium salts. Scale bar is 100 µm. 

5.3.3.  XRD 

Representative XRD spectra are presented in Figure 5-4. Following soaking in 

media, the presence of new peaks at 31.7, 45.5 and 56.5 degrees 2θ was observed that 

were not originally seen in the 0 day samples. These peaks appeared in both hydrogel 

types, regardless of the presence of serum, and corresponded to halite (rock salt, ICDD 

Powder Diffraction File 00-005-0628). 
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Figure 5-4. XRD spectra of A) representative 20 wt% hydrogels in non-serum-

containing medium (NS) or serum-containing medium (S) at 56 days compared to 

the day 0 samples, B) hydroxyapatite (HA) spectra (ICDD Powder Diffraction File 

00-009-0432),  and C) halite spectra (ICDD Powder Diffraction File 00-005-0628). 

5.3.4.  SEM/EDX 

SEM/EDX was performed on the top and on cross sections of three individual 

samples. SEM showed no presence of mineral at the magnifications used (Figure 5-5). 

EDX was performed first with gold sputtered samples and showed the presence of 

calcium, but the gold and phosphorous peaks overlapped. A secondary set of samples 

sputtered with titanium were evaluated, and individual peaks of calcium and phosphorous 

elements were observed (Supplemental Figure 5-1). The Ca:P ratio was derived from the 

atomic percentage of each element from the EDX analysis (Table 5-1). 
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Figure 5-5. Low (left panels) and high (right panels) magnification scanning electron 

microscopy (SEM) micrographs of the top for 15 and 20 wt% hydrogels in non-

serum-containing medium (NS) and serum-containing medium (S) at 56 days. 

5.3.5.  ATR-FTIR 

Figure 5-6 shows the averaged FTIR spectra for the 20 wt% NS and S hydrogel 

groups, as well as the ACP and hydroxyapatite controls. ACP exhibited a broad peak at 

1105 cm-1 as well as smaller phosphate bands from 550-740 cm-1 (Figure 5-6A). 

Crystalline hydroxyapatite exhibited a large peak at 1015 cm-1 corresponding to the 

symmetric (ν1) and asymmetric (ν3) P-O stretching modes. Bands ascribing to the 

asymmetric P-O bending modes and carbonation were observed from 500-700 cm-1 and 

1400-1700 cm-1, respectively (Figure 5-6B). 

 At the day 0 timepoint for both hydrogel compositions (Figure 5-6C), the 

hydrogels demonstrated two peaks characteristic of the NiPAAm co-monomer at 1535 

and 1638 cm-1. Two peaks at 1257 and 1758 cm-1 correspond to the GMA epoxide group 

and carbonyl on the DBA lactone ring, respectively. A minimal peak at 1734 cm-1 was 

observed, and can be ascribed to the carbonyl group for either the DBA at the polymer 

backbone, GMA or AA. 

Figure 5-6D shows the FTIR spectra in the range 400-1200 cm-1. When examining 

the hydrogels incubated in non-serum containing medium, no peak differences were seen 

in the spectra at the different timepoints. However, one broad peak at 1034 cm-1 after 28 

days and 1032 cm-1 after 56 days was observed in the spectra of samples cultured in the 

serum-containing medium compared to the spectra at earlier timepoints, or the hydrogels 
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incubated in non-serum-containing medium. Two additional distinct peaks were also 

observed at 560 and 599 cm-1 after 28 days and 557 and 597 cm-1 after 56 days for the 

samples cultured in serum-containing medium. 

 

Figure 5-6. Averaged FTIR spectra (n=3) of 20 wt% hydrogels compared to 

hydroxyapatite (HA) and amorphous calcium phosphate (ACP) controls. A) 

Spectrum of HA control, B) spectrum of ACP control, C) spectrum of hydrogel at 0 

days, and D) section of spectra between 400-1200 cm-1 for hydrogels in non-serum-

containing medium (NS) and serum-containing medium (S) at 0, 14, 28, and 56 days. 

Day 0 XRD spectra in NS and S groups in Figure 5-6D are the same. Arrows 
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indicate peaks in the day 28 and 56 samples that are not observed in the NS groups 

or S groups at earlier timepoints. 

5.4.  Discussion 

Hydrogels have been increasingly investigated for applications in bone tissue 

engineering because of their excellent biocompatibility and versatility. To endow 

hydrogels with osteoconductive and osteoinductive properties, hydrogels can be 

combined with inorganic materials, growth factors, or functionalized with calcium- or 

phosphate-binding groups [109, 110]. In contrast, our laboratory previously developed 

thermally and chemically gelable hydrogels for craniofacial bone regeneration and 

observed self-mediated hydrogel mineralization under acellular conditions [115]. In this 

study, we aimed to identify and visualize the mineralization occurring within the acellular 

hydrogels with the hypothesis that protein-containing medium (medium with serum) 

would mediate the nucleation of calcium phosphate mineral. Additionally, higher 

hydrophobicity of the hydrogels, which can affect the adsorption of proteins [114], would 

enhance mineralization. 

15 and 20 wt% acellular hydrogels were successfully fabricated and incubated in 

serum-containing (S) or non-serum-containing (NS) complete osteogenic medium for 0, 

14, 28, and 56 days. Analysis using phosphate and calcium biochemical assays 

demonstrated significantly increasing calcium content over 56 days for the S hydrogel 

group compared to the NS hydrogel group, while phosphate levels stayed relatively 

constant for both groups. However, the Ca:P ratios for the S hydrogel group significantly 

increased from the day 0 to day 56 timepoints to reach or exceed the previously published 
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Ca:P ratios of mature rat bone [117]. Additionally, the level of calcium content was 

significantly greater in the 20 wt% hydrogels, which was reflected in the von Kossa 

histological staining of calcium. This finding is in agreement with previous studies with 

NiPAAm copolymer macromers and their resulting hydrogel composites to achieve 

mineralization without specific modification [36, 115, 116]. Although the effect of serum 

proteins on mineralization was consistent, elucidation of the actual mechanism remains 

unclear. Previous studies have demonstrated that protein adsorption on metal, ceramic, or 

collagen-based substrates resulted in changes of the interfacial energy, allowing for 

mineral nucleation [118, 119]. However, these studies also showed that a number of 

osteogenic and serum proteins can participate in this process, demonstrating both 

inhibitor and promoter activities depending on the protein concentration, conformation, 

affinity, and purity, as well as solution pH [118, 120]. Extensive characterization of 

protein parameters has not yet been performed on synthetic hydrogels, but other studies 

involving PEG have also remarked on this phenomenon [114, 121]. Related research has 

shown de novo precipitation of CaP-based nanoparticles from serum-containing solutions 

over long periods of time, of which the kinetics and morphology were dependent on the 

serum source [122, 123]. Not only do these nanoparticles demonstrate calcium carbonate 

crystal formation and aggregation, the nanoparticles have also been shown to associate 

with serum proteins such as albumin [122, 123]. Thus, further work to identify the 

proteins involved and understand the process of mineral nucleation on hydrogel materials 

would provide more insight into protein-mediated hydrogel mineralization and the 

speculated dual functions of matrix proteins [124]. 
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The mineral composition was further identified with XRD and SEM/EDX. 

However, despite the calcium and phosphate content observed in the biochemical assays 

and histology, XRD analysis did not reveal any crystalline apatite peaks, even with the 

more hydrophobic hydrogels. Halite peaks were instead observed, most likely due to 

insufficient rinsing and drying of the samples following incubation in media. FTIR was 

then used to assess the molecular structure of the soaked samples relative to HA and ACP 

controls. Broad absorptions between 1000-1100 cm-1 as well as two distinct peaks at 

~560 and ~600 cm-1 were observed for the S hydrogel group for both TGM polymer wt% 

at the day 28 and day 56 timepoints, which can be most likely attributed to crystalline 

apatitic mineral. Overall, these results suggest the potential formation of apatitic mineral 

within the hydrogels, but identification remains unclear within the duration of this 

investigation.  

5.5.  Conclusion 

This study aimed to characterize the protein-mediated and hydrophobicity-

dependent mineralization of injectable hydrogels comprising a copolymer of NiPAAm. 

Calcium phosphate biochemical assays showed increasing calcium content over time, 

leading to increased Ca:P ratios similar to hydroxyapatite in bone. Although XRD did not 

detect crystalline material in the hydrogels and SEM did not show presence of significant 

mineral deposits, FTIR revealed presence of new peaks related to apatitic mineral at the 

later timepoints in the serum-containing conditions. The present study demonstrates the 

potential of leveraging hydrogel hydrophobicity to create acellular self-mineralizing 

hydrogels for bone tissue engineering. 



	   	  

  
	  

Chapter 6 

Injectable, Dual-Gelling Cell-Laden Composite Hydrogels for Bone Tissue 
Engineering** 

Abstract 

The present work investigated the osteogenic potential of injectable, dual 

thermally and chemically gelable composite hydrogels for mesenchymal stem cell (MSC) 

delivery in vitro and in vivo. Composite hydrogels comprising copolymer macromers of 

N-isopropylacrylamide were fabricated through the incorporation of gelatin 

microparticles (GMPs) as enzymatically digestible porogens and sites for cellular 

attachment. High and low polymer content hydrogels with and without GMP loading 

were shown to successfully encapsulate viable MSCs and maintain their survival over 28 

days in vitro. GMP incorporation was also shown to modulate alkaline phosphatase 

production, but enhanced hydrogel mineralization along with higher polymer content 
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even in the absence of cells. Moreover, the regenerative capacity of 2 mm thick hydrogels 

with GMPs only, MSCs only, or GMPs and MSCs was evaluated in vivo in an 8 mm rat 

critical size cranial defect for 4 and 12 weeks. GMP incorporation led to enhanced bony 

bridging and mineralization within the defect at each timepoint, and direct bone-implant 

contact as determined by microcomputed tomography and histological scoring, 

respectively. Encapsulation of both GMPs and MSCs enabled hydrogel degradation 

leading to significant tissue infiltration and osteoid formation. The results suggest that 

these injectable, dual-gelling cell-laden composite hydrogels can facilitate bone ingrowth 

and integration, warranting further investigation for bone tissue engineering.  

6.1.  Introduction 

The craniofacial bone provides the natural contouring of the face as well as 

mechanical support of the overlying tissues. Current treatments for craniofacial injury 

resulting from trauma, disease, or congenital defects rely on the use of bone grafts taken 

from the patient or a donor that require extensive reshaping and multiple invasive 

surgeries. Tissue engineering provides a strategy by which combinations of biomaterial 

scaffolds, cells and/or growth factors can be designed for minimally invasive aesthetic 

and functional reconstruction [3, 57]. Thus, injectable, in situ forming hydrogels are 

attractive candidates for craniofacial bone tissue engineering applications. These 

materials can be prepared as aqueous solutions at room temperature, allowing easy 

mixing of cells or growth factors, and administered minimally invasively via injection 

whereby the material can conform to and support the defect during regeneration.  
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 We previously reported on the development and characterization of an 

injectable, in situ forming hydrogel system based on N-isopropylacrylamide (NiPAAm) 

[99, 115]. By copolymerizing NiPAAm with epoxy pendant rings and lactone moieties to 

form a thermogelling macromer (TGM), an injectable dual-gelling hydrogel system was 

created that could both thermally and chemically gel with a diamine-functionalized 

polyamidoamine (PAMAM) crosslinker, form in situ, and hydrolytically degrade over 

time. Previous work has demonstrated the hydrogel’s rapid and dual gelation without 

syneresis, tunable physiochemical properties, biocompatibility in vivo, and 

hydrophobicity-dependent mineralization [99, 115]. 

 The objective of this work was to evaluate the osteogenic potential and 

regenerative capacity of an injectable dual-gelling hydrogel system for stem cell delivery 

in vitro and in vivo. Mesenchymal stem cells (MSCs) were chosen as the cell source due 

to their established multipotent differentiation potential, particularly down the osteogenic 

lineage, availability and ease of sourcing, and proliferative capacity in vitro [125]. 

Additionally, MSCs interact through paracrine signaling processes to modulate the 

behavior of host cells and the inflammatory response that may promote a favorable 

regenerative outcome [125]. In order to provide sites for cellular attachment within the 

synthetic hydrogel and enhance hydrolysis-dependent degradation, gelatin microparticles 

(GMPs) were added as an enzymatically digestible porogen [126]. We hypothesized that 

viable MSC-laden hydrogels could be formed and that the hydrogels could modulate 

encapsulated cell viability, osteogenic differentiation, and hydrogel mineralization in 

vitro through TGM content and incorporation of GMPs. Additionally, when implanted in 

an 8 mm rat critical size cranial defect, the composite hydrogel constructs with both 
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GMPs and MSCs were hypothesized to enhance bone regeneration, as assessed through 

microcomputed tomography (microCT) of bony bridging and bone volume, and improve 

tissue integration and infiltration, as evaluated through histological scoring, compared to 

hydrogels with either GMPs or MSCs alone.  

6.2.  Materials and Methods 

6.2.1.  Materials 

NiPAAm, dimethyl-γ-butyrolactone acrylate (DBA), glycidyl methacrylate 

(GMA), acrylic acid (AA), 2,2’-azobis(2-methylpropionitrile) (azobisisobutyronitrile, 

AIBN), N,N’-methylenebisacrylamide (MBA), piperazine (PiP), glycine, and 

glutaraldehyde were purchased from Sigma Aldrich (Sigma, St. Louis, MO) and used as 

received. Anhydrous 1,4-dioxane, diethyl ether, and acetone in analytical grade; and 

water, acetonitrile, chloroform, and methanol in HPLC-grade were purchased from VWR 

(Radnor, PA) and used as received. PBS (powder, pH 7.4) was obtained from Gibco Life, 

Grand Island, NY. Ultrapure water was obtained from a Millipore Super-Q water system 

(Millipore, Billerica, MA). Acidic gelatin (IEP=5.0) was obtained from Nitta Gelatin 

(Osaka, Japan). Complete osteogenic medium (COM) was made from minimal essential 

medium α modification (αMEM) (Gibco Life, Grand Island, NY) supplemented with 

10% fetal bovine serum (FBS) (Cambrex BioScience, Walkersville, MD), 10−8 M 

dexamethasone, 10 mM β-glycerol 2-phosphate, 50 mg/L ascorbic acid, and 10 mL/L 

antibiotic-antimycotic solution (Gibco, Life, Grand Island, NY).  Live/Dead 

viability/cytotoxicity kit was purchased from Molecular Probes (Eugene, OR). The 

calcium assay was purchased from Genzyme Diagnostics (Cambridge, MA). 
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6.2.2.  TGM Synthesis and Characterization  

Synthesis of P(NiPAAm-co-GMA-co-DBA-co-AA) TGMs were performed 

according to published protocols [99]. Briefly, 10 g of NiPAAm, GMA, DBA and AA 

were dissolved in 100 mL of anhydrous 1,4-dioxane under nitrogen at 65˚C. AIBN pre-

dissolved in the solvent was added at 0.7% of total mol content of the comonomers to 

thermally initiate free radical polymerization, and the reaction mixture was stirred for 16 

h. After solvent removal by rotary evaporation, the material was re-dissolved in pure 

acetone and purified twice via dropwise precipitation in at least 10X excess diethyl ether. 

The recovered polymer was air-dried overnight and transferred to a vacuum oven for 

several days prior to elemental analysis. The chemical composition of the TGMs was 

determined by proton nuclear magnetic resonance spectroscopy (1H NMR, Bruker, 

Switzerland) in D2O at a concentration of 20 mg/mL that contained 0.75 wt% 3-

(trimethylsilyl)propionic-2,2,3,3-d4 acid sodium salt as an internal shift reference 

(Sigma-Aldrich, St. Louis, MO). Acid titration was performed in conjunction with 1H 

NMR to determine the AA content of the TGMs before hydrolysis. Aqueous gel 

permeation chromatography using a Waters Alliance HPLC system (Milford, MA) and 

differential refractometer (Waters, model 410) equipped with a series of analytical 

columns (Waters Styragel guard column 20 mm, 4.6 x 30 mm; Waters Ultrahydrogel 

column 1000, 7.8 x 300 mm) was used to determine the molecular weight distributions of 

the synthesized TGM. The weight average molecular weight (Mw), number average 

molecular weight (Mn), and polydispersity index (PDI = Mw/Mn) of the hydrolyzed 

polymer were determined by comparison to commercially available narrowly dispersed 

molecular weight poly(ethylene glycol) standards (Waters, Mississauga, ON). For this 
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study, P(NiPAAm85.6-co-GMA6.0-co-DBA5.5-co-AA2.9) with a Mn = 36.4 kDa and PDI of 

3.8 demonstrating 30% hydrolysis-dependent degradation over 10 weeks was used. 

6.2.3.  PAMAM Synthesis and Characterization  

PAMAM was synthesized by the polyaddition of PiP and MBA at a 

stoichiometric molar ratio of [MBA]/[PiP] = 0.75 or 0.83 following previously reported 

protocols [71]. Molecular weight distributions of the synthesized PAMAM crosslinkers 

were analyzed using time-of-flight mass spectroscopy with positive-mode electrospray 

ionization on a Bruker microTOF ESI spectrometer (Bruker Daltonics, Billerica, MA) 

equipped with a 1200 series HPLC (Agilent Technologies, Santa Clara, CA) to deliver 

the mobile phase (50:50 HPLC-grade water and methanol). After data acquisition, all 

peaks (including degradation and secondary reaction products) were identified using 

microTOF Control software (Bruker). The peaks were corrected for charge state 

(generally with H+ or Na+ and rarely K+ ions), and quantified for calculation of Mn, Mw, 

and PDI. PAMAM with Mn = 1440 or 2600 Da and PDI = 1.38 or 1.31, respectively were 

used for composite hydrogel characterization. The shorter molecular weight PAMAM 

crosslinker (P-1440) at a 1:1 amine:epoxy mol ratio was chosen for the remaining MSC 

encapsulation studies. 

6.2.4.  GMP Synthesis  

GMPs with 50-100 µm diameter were synthesized through a water-in-oil 

emulsion followed by crosslinking in 10 mM glutaraldehyde solution and quenching with 

glycine as previously described [127]. Following fabrication, the GMPs were vacuum 

filtered, flash frozen in liquid nitrogen, lyophilized, and sieved.  
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6.2.5.  Composite Fabrication and Characterization 

Composite hydrogels were fabricated by combining the TGM and PAMAM 

crosslinker that were prepared at twice the desired concentrations in sterile phosphate 

buffered saline (PBS) pH 7.4 at 4˚C until dissolved. GMPs were partially swelled in PBS 

pH 7.4 for 15 h at 4˚C prior to hydrogel encapsulation as performed previously [127] and 

transferred to the polymer mixture. The resulting solution was manually mixed in the 

glass vial and transferred to 6 mm diameter x 3 mm height cylindrical Teflon molds at 

37˚C, and allowed to gel for 24 h. 

Composite hydrogel swelling behavior was assessed with formulations of varying 

TGM wt% and PAMAM molecular weight. Following fabrication, the hydrogels were 

weighed on a balance (n=6) and placed in excess PBS for 24 h at 37˚C. Hydrogels were 

then weighed after swelling, frozen at -80˚C, lyophilized and reweighed when dry. The 

initial (q(i)) and equilibrium (q(e)) hydrogel swelling ratio were calculated as the 

difference between the swollen and dry mass divided by the dry mass [74]. 

The effect of varying TGM wt%, GMP loading, and culture condition (n = 6 per 

group) on hydrogel mechanical properties after 28 days was investigated. Mechanical 

testing on a TA Instruments Thermomechanical Analyzer 2940 (TA Instruments, 

Newcastle, DE) equipped with a wide compression probe (diameter of 6 mm) was 

performed to assess the unconfined compressive Young’s modulus of the hydrogels. 

Samples were first placed onto the prewarmed stage, and sample height was measured by 

the probe. The stage was then re-equilibrated to 37˚C and the sample was compressed at a 

rate of 0.001 N/min to 0.05 N. The unconfined Young’s modulus was determined to be 

the initial slope of the engineering strain versus engineering stress curve.  
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6.2.6.  MSC Harvest and Culture  

MSCs were harvested from rat femora and tibiae of 6-8 week old Fisher 344 rats 

(Charles River Laboratories, Wimington, MA) in accordance to approved protocols by 

the Rice Institutional Animal Care and Use Committee as previously described [36]. The 

MSCs were plated in 75 cm2 tissue culture flasks at 37˚C under humidified, 5% CO2 

atmosphere and cultured in osteogenic media without dexamethasone, which was 

replaced every 2-3 days.  

6.2.7.  MSC Encapsulation and In Vitro Culture 

For the in vitro and in vivo MSC encapsulation studies, TGM and PAMAM 

polymers were UV sterilized for 3 h, GMPs were EO sterilized for 12 h, and all polymers 

were dissolved in PBS pH 7.4 as described above. After 6 days of culture, the MSCs 

were passaged and added to the polymer solutions at a final concentration of 15 million 

cells/mL hydrogel. The solutions were manually mixed, pipetted into 8 mm x 2 mm 

autoclaved Teflon molds on a heat block, and allowed to crosslink at 37°C in an 

incubator for 2.5 h before in vitro culture or 24 h before in vivo implantation. The 

formulations selected for in vitro investigation are listed in Table 6-1. The hydrogels and 

their acellular controls were placed in 2.5 mL media in 12-well tissue culture plates and 

cultured for 0, 7, 14, 21, and 28 days in complete osteogenic media containing 10-8 M 

dexamethasone, a potent stimulator of osteogenesis [128]. At each timepoint, the 

hydrogels were soaked in PBS for 30 min, sliced in half, weighed, and processed for 

Live/Dead confocal imaging (n = 2 halves); DNA Picogreen assay, alkaline phosphatase 
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(ALP) activity, and calcium biochemical assay (n = 4 halves each); and histological 

staining (n = 2 halves). 

Table 6-1. Study design evaluating effect of TGM wt% and GMP loading on in vitro 
MSC encapsulation 

 

6.2.8.  Live/Dead Confocal Microscopy  

The samples designated for Live/Dead confocal microscopy were cut into 

~0.5 mm cross sectional slices with a hand-held razor blade and incubated for 30 min 

with calcein AM (2 µM) and ethidium homodimer-1 (4 µM) in accordance with the 

Live/Dead viability/cytotoxicity kit instructions. The slices were then analyzed using a 

confocal microscope (LSM 510 META, Carl Zeiss, Germany) using a 10x objective. 

Argon and helium–neon lasers were used for excitation at 488 and 543 nm, respectively, 

and emission filters at 505–526 and 612–644 nm, respectively, were employed. 

6.2.9.  Biochemical Assays 

Hydrogel halves for biochemical assays were stored in 500 µL of ultrapure water 

and stored at -20˚C. Prior to analysis, samples were manually homogenized, passed 

through three freeze-thaw cycles, and probe sonicated for 8 s. Detailed protocols for 

biochemical assays are described elsewhere [129]. Double-stranded DNA correlating 

with cellularity was evaluated using DNA Picogreen assay (Invitrogen, Eugene, OR) in 

accordance to the manufacturer’s protocol. ALP activity was assessed with colorimetric 
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assay using phosphatase substrate capsules in alkaline buffer solution against p-

nitrophenol standards. For calcium assay, sample aliquots were digested overnight in 

equal parts 1N acetic acid to form a final 0.5N acetic acid solution and then evaluated 

according to the manufacturer’s instructions. All data were normalized to the hydrogel 

wet mass.  

6.2.10.  Cryosectioning and Histological Staining 

Hydrogels (n = 2 halves) were processed at each timepoint for hematoxylin & 

eosin (H&E) and von Kossa histological staining as previously described [36, 130]. 

Hydrogels were fixed at 37 °C for 24 h in 10% buffered formalin, dehydrated for 24 h in 

70% ethanol, and stored in Histo-prep for another 24 h prior to freezing at −20 °C and 

cryosectioning into 10 µm slices. H&E staining for cellular distribution and extracellular 

matrix deposition was performed using Mayer hematoxylin counterstained with eosin-Y 

(Sigma). Von Kossa, a commonly used stain for phosphate deposits in bone tissue 

engineering studies, was performed using a 2% silver nitrate solution incubated under 

UV for 20 min and unreacted silver nitrate was removed using 5% sodium thiosulfate. 

Sections were imaged with a light microscope (Eclipse E600, Nikon). 

6.2.11.  Animal Surgery, Post-Operative Monitoring and Implant Harvest  

This work was done in accordance with protocols approved by the Rice 

University Institutional Animal Care and Use Committee. The hydrogels listed in Table 

6-2 were aseptically fabricated in 8 mm x 2 mm molds as described above and implanted 

within an 8 mm rat cranial defect for evaluation at 4 and 12 weeks. All hydrogel groups 

were statistically randomized to minimize operative- or animal-related error. Using 11-12 
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week Fischer 344 rats weighing 176-200g (Harlan, Indianapolis, IN), an 8 mm 

craniotomy was performed under general anesthesia as previously described [102]. The 

calvarial disk was removed, the hydrogel was implanted, and the periosteum and skin 

were each separately closed. The rats were given a single intraperitoneal injection of 

saline (1 mL/100 g/h of anesthesia) and then buprenorphine (0.05 mg/kg) (Patterson 

Veterinary, Devens, MA) at 12, 24, and 36 h after surgery as analgesia, and were 

monitored post-operatively for the duration of the study. At the designated timepoints, the 

animals were euthanized, and the implants and surrounding tissue were harvested, fixed, 

and processed for microcomputed tomography and histology analysis as previously 

described [102, 115].   

Table 6-2. Study design evaluating the effect of GMP and/or MSC encapsulation on in 
vivo bone regeneration  

 

6.2.12.  Microcomputed Tomography (microCT) Analysis 

MicroCT analysis with a Skyscan 1172 High-Resolution Micro-CT (Aartselaar, 

Belgium) with 10 µm resolution, 0.5 mm aluminum filter, and voltage of 100 kV and 

current of 100 µA was used to evaluate bone volume and bony bridging across the defect. 

Volumetric reconstruction and analysis was conducted using Nrecon and CT-analyser 

software provided by Skyscan. The percent of bone formation, including hydrogel 

mineralization, within the defect was determined by centering a cylindrical volume of 

interest (VOI) of 8 mm in diameter and 2 mm in height at the bottom of the defect. Data 



110	  
	  

	  

are reported as the % binarized object volume measured within this VOI within 

thresholding gray values (70-255) with the CT-analysis software [103]. The extent of 

bony bridging and union within the defect were scored according to the grading scale in 

Supplementary Figure 6-1 using microCT generated maximum intensity projections of 

the samples. 3D models of each sample were also generated to visualize the distribution 

of mineral deposits within the hydrogel implants.  

6.2.13.  Histological Scoring   

After microCT scanning, the samples were sent to the MD Anderson Cancer 

Center Bone Histomorphometry Core Laboratory (Houston, TX) for dehydration and 

embedding in poly(methyl methacrylate). 5 µm coronal cross-sections were taken from 

the center of the defect of each sample and staining was performed with von Kossa, 

H&E, and Goldner’s trichrome. The three histological sections were evaluated via light 

microscopy and scored using histological scoring analysis with three blinded reviewers. 

The histological evaluation was performed along random implant-tissue interfaces within 

central coronal cross-sections to assess: (1) tissue response at the bone-hydrogel interface 

[101], (2) fibrous capsule thickness and quality on the dural and periosteal sides of the 

implant [104], and (3) extent of bony bridging across the defect following the rubrics 

outlined in Supplementary Figure 6-1. Additionally, the degree of hydrogel fragmentation 

due to tissue infiltration was scored according to previously published literature [130, 

131].  



111	  
	  

	  

6.2.14.  Statistics  

The data are presented as mean + standard deviation in triplicate, unless otherwise 

stated. Composite characterization data and biochemical assays were analyzed using a 

Tukey’s post-hoc test. Main effects and interaction analysis of hydrogel swelling were 

performed with JMP v.11 statistics software (SAS Institute, Cary, NC). The microCT and 

histological scoring data were analyzed via one-way analysis of variance followed by the 

Kruskal-Wallis test (p<0.05) for n = 7-8 samples. The microCT bone volume data were 

for n = 7-8 samples.  

6.3.  Results  

6.3.1.  Composite Hydrogels Fabrication and Characterization 

Composite hydrogels were successfully created by mixing together TGMs, 

PAMAMs, and pre-swollen GMPs. Incorporation of GMPs did not hinder the secondary 

chemical crosslinking of TGMs and PAMAMs, and a stable hydrogel was formed within 

the previously established period of 2.5 h [99]. A partial factorial design study examining 

the effect of TGM wt% and PAMAM Mn demonstrated that GMP loading did not 

significantly affect initial and equilibrium swelling compared to non-gelatin containing 

hydrogels (Supplementary Figure 6-2A), and also did not affect the compressive 

properties even after culture in complete osteogenic media containing serum 

(Supplementary Figure 6-2B).   
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6.3.2.   In Vitro MSC Encapsulation 

10 and 20 wt% hydrogels with and without GMPs were able to successfully 

encapsulate primary rat MSCs to form hydrogel-cell constructs. Encapsulating cells in 

serum-containing media did not significantly affect hydrogel gelation, and after 2.5 h, a 

stable hydrogel was formed. Figure 6-1A shows representative cross sections of 10 wt% 

hydrogels with and without gelatin microparticles using Live/Dead confocal microscopy 

after culture for 0, 7, 14, 21, and 28 days. The 20 wt% hydrogels performed similarly and 

confocal images can be seen in Supplementary Figure 6-3. The 0 d images showed that 

viable MSCs could be encapsulated (as shown by the green stain for live cells) without 

significant cell death (as shown by the red stain for dead cells) and homogenously 

distributed throughout the hydrogel, which was confirmed with H&E staining (data not 

shown). Confocal imaging at the other timepoints demonstrated that cell viability could 

be maintained throughout the hydrogels over the 28 day culture period, and was higher at 

the later timepoints when GMPs were incorporated. 
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Figure 6-1. A) Representative Live/Dead confocal microscopy images of 10 wt% 

groups with 15 million cells/mL hydrogel with (bottom row) and without (top row) 

gelatin microparticle (GMP) incorporation and B) DNA content of cell-laden 

hydrogels after culture in complete osteogenic medium for 0, 7, 14, 21, and 28 days. 

In confocal images, live cells (small diameter) and autofluorescing GMPs (large 

diameter, indicated by white dashed outline) stain green, and dead cells stain red. 

Scale bar in confocal images indicates 100 µm. (*), (**), and (#) indicate significant 

difference from 0 day timepoint, 0 and 7 day timepoints, or from non-GMP 

containing group at the same timepoint, respectively (p<0.05). Error bars indicate 

standard deviation (n=3-4). Confocal images demonstrating 20 wt% hydrogels 

performing similarly can be seen in Supplementary Figure 6-3. 
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6.3.3.  Biochemical Assays and Histology 

DNA Picogreen data correlating to cellularity are shown in Figure 6-1B. DNA 

content in the non-GMP-containing hydrogels significantly decreased over time; 

however, DNA content in the GMP-containing hydrogels was sustained over time since 

no significant differences were observed in the DNA levels from the 7 to 28 day 

timepoints, and showed significant improvements over the non-GMP-containing 

hydrogel counterparts at the later timepoints.  

 ALP is an enzyme produced by osteogenically differentiating MSCs. 

Figure 6-2 shows the ALP activity of the hydrogel-MSC constructs normalized to the 

DNA content over time. Two profiles were observed depending on the incorporation of 

GMPs. Non-GMP-containing hydrogels showed significant increases in the ALP activity 

over time, peaking at 21 days, and then declining. The GMP-containing hydrogels did not 

show significant changes in their ALP activity, with the exception of the 10 wt% 

hydrogels with GMPs at two timepoints. However, when comparing across groups at the 

later timepoint, the ALP activity of the non-GMP-containing hydrogels was significantly 

higher.  
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Figure 6-2. Alkaline phosphatase activity of 10 and 20 wt% cell-laden hydrogels with 

and without gelatin microparticles (GMPs) after culture in complete osteogenic 

medium after 0, 7, 14, 21, and 28 days. (*) indicates significant difference across 

timepoints in the same group (p < 0.05). Letters A-C indicate differences across 

groups at the same timepoint. Bars with different letters indicate significant 

difference (p<0.05). Unmarked bars show no significant difference. Error bars 

indicate standard deviation (n=3-4). 

Mineralization of the hydrogel was evaluated using a calcium biochemical assay, 

and compared to acellular controls (Figure 6-3B). In all groups, hydrogels demonstrated 

significant increases in calcium content over time, which was reflected in the darker von 

Kossa staining at 28 days (Figure 6-3A). 20 wt% hydrogels showed significantly greater 

calcium content than 10 wt% hydrogels. GMP-containing hydrogels also showed 

significantly greater calcium content than non-GMP-containing hydrogels. Except for the 
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20 wt% GMP-containing hydrogel with cells, all other groups demonstrated 

mineralization that was not significantly greater than their respective acellular control.  

 

Figure 6-3. A) Representative von Kossa histological sections at 28 days and B) 

calcium content of cell-laden hydrogels (Cell) and acellular controls (Acell) after 

culture in complete osteogenic medium for 0, 7, 14, 21, and 28 days. Von Kossa 

stains phosphate deposits black-brown. (*) and (#) indicate significant differences 

between timepoints in the same group or from the corresponding acellular control 
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at the same timepoint, respectively (p<0.05). Error bars indicate standard deviation 

(n=3-4). 

6.3.4.  Animal Care 

Three groups of 20 wt% hydrogels were investigated in the rat cranial defect 

model: hydrogels with GMPs only (Gel+GMP), hydrogels with MSCs only (Gel+MSC), 

and hydrogels with GMPs and MSCs (Gel+GMP+MSC). Surgery was performed on 47 

rats, of which one (Gel+GMP+MSC at 4 weeks) was excluded after harvest since the 

hydrogel dislocated from the defect site post-operatively. All other samples were 

included in the microCT and histological analyses.  

6.3.5.  MicroCT Analysis 

MicroCT was used for nondestructive and quantitative analysis of bony bridging 

and bone volume, as well as visualization of mineral distribution. To evaluate bony 

bridging, maximum intensity projections (MIPs) of each sample were generated from the 

microCT datasets and scored by three blinded reviewers according to a 0-4 scale as seen 

in Supplementary Figure 6-1. Figure 6-4A shows representative MIPs from each group at 

each timepoint with their respective scores. The presence of partial bony bridging in most 

of the samples is reflected in the average microCT score of 2 as seen in Figure 6-4B. 

However, only the Gel+GMP group demonstrated a significant improvement in bony 

bridging over the two timepoints.  

MicroCT was also used to quantify the bone volume within the 8 mm x 2 mm 

VOI, which includes mineralization throughout the hydrogel as well as above and below 

the implant. Figure 6-4C shows the bone volume data as a % binarized object volume 
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above a critical threshold grayscale value of 70. Similar to the microCT bony bridging 

results, only the Gel+GMP group demonstrated a significant improvement in bony 

bridging over the two timepoints.  

 

Figure 6-4.  A) Representative maximum intensity projections with the respective 

scores and B) bony bridging score and bone volume as determined by 

microcomputed tomography (microCT).  Bony bridging was scored using the guide 

in Supplementary Table 6-1. Bone volume was quantified within an 8 mm x 2 mm 

volume of interest. (*) indicates significant difference between the 4 and 12 week 

timepoints (p<0.05). Error bars indicate standard deviation (n=7-8). 

6.3.6.  Histological Analysis 

Figure 6-5 shows representative histological sections of the samples from each 

group and timepoint following H&E, von Kossa, and Goldner’s trichrome staining. For 

all the samples, the hydrogel can be observed, although some minor artifacts due to 
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delamination and mechanical mismatch during slice can be seen. At both the 4 and 12 

week timepoints, the samples have a well defined and organized fibrous capsule 

surrounding much of the implant. However, there are cases among all the groups where 

robust bone growth is observed across the dural side of the implant that is in direct 

contact with the hydrogel. Additionally, instances of mineralization within the hydrogel 

volume and tissue infiltration can be observed in many of the samples. This is more 

clearly seen when juxtaposed with the gross implant images and microCT MIPs, as 

shown with representative samples in Figure 6-6. Figure 6-6A shows the presence of new 

mineral on the hydrogel implant using microCT, which can be visually observed as an 

opaque white mass in the translucent implant. Figure 6-6B shows a microCT MIP 

demonstrating the presence of mineralization throughout the hydrogel volume that is in 

direct contact with the surrounding hydrogel and osteoid when examined through high 

magnification von Kossa histological stains.  
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Figure 6-5. Representative histological cross sections of hematoxylin & eosin (H&E) 

(top), von Kossa (middle), and Goldner’s trichrome (bottom) stains of hydrogels 

with GMPs only, MSCs only, or both GMPs and MSCs at the 4 and 12 week 

timepoints. Scale bars below the von Kossa stain indicate 1 mm and 8 mm, 

respectively. 

 

Figure 6-6. Visualization and distribution of hydrogel mineralization using different 

techniques. A) Microcomputed tomography (microCT) generated image and optical 

picture of a Gel+MSC specimen at 4 weeks demonstrating mineralization at the top 

of the hydrogel, which can be observed grossly as opaque white mass on the 

translucent hydrogel. B) MicroCT generated maximum intensity projection and von 

Kossa stain of a Gel+GMP+MSC sample at 12 weeks, demonstrating mineral 

deposits through the hydrogel volume and in direct contact with the surrounding 

hydrogel. Scale bars in microCT images indicate 1 mm. Scale bars in histology cross 

section and high magnification image indicate 1 mm and 100 µm, respectively. H, M, 

and O in the histology image mean hydrogel, mineral, and osteoid, respectively. 
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To quantify the regenerative capacity of the hydrogels, histological scoring 

according to the guides in Supplementary Figure 6-1 was performed to specifically assess 

bony bridging, tissue response at bone-implant interfaces, fibrous capsule thickness and 

quality, and hydrogel fragmentation. Figure 6-7A shows the results for scoring of bony 

bridging in the histological sections across the dural side of the hydrogel. The Gel+GMP 

hydrogels were the only group to demonstrate significant differences between the two 

timepoints. To assess tissue response, two independent scoring guides were used for the 

bone-implant interface and the fibrous capsule surrounding the rest of the implant. Figure 

6-7B shows the combined scores for the tissue response at the left and right interfaces. 

The scores for each interface are shown in Supplementary Figure 6-4. The average score 

for all the groups at both timepoints ranges from 1-2, suggesting that the bone-implant 

interface is mainly composed of an unorganized fibrous tissue. Only a significant 

difference between timepoints is observed in the Gel+MSC samples due to an 

improvement in the tissue response on the left side of the implants.  

 

Figure 6-7. Histological scoring of A) bony bridging and B) combined tissue response 

at the left (L) and right (R) bone-implant (total) interface of hydrogels with GMPs 

only (Gel+GMP), MSCs only (Gel+MSC) or both GMPs and MSCs 
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(Gel+GMP+MSC). (*) indicates significant difference between the 4 and 12 week 

timepoints (p<0.05). Error bars indicate standard deviation (n=7-8). Average scores 

for the L and R interfaces can be found in Supplementary Figure 6-4. 

Figure 6-8 shows the combined scores for the thickness and quality of the fibrous 

capsule surrounding the periosteal and dural sides of the implant (as shown in the 

diagram in Supplementary Figure 6-1). The breakdown of the scores for the periosteal 

and dural sides of the implant can be seen in Supplementary Figure 6-5.  Representative 

high magnification images of the fibrous capsule and the respective scores for thickness 

and quality are shown in Supplementary Figure 6-6. Across all groups, no significant 

differences are observed between the 4 and 12 week timepoints under both scoring 

systems. Based on the average thickness score of ~2, the capsule was about 10-30 layers 

thick, but fibrous-like and well-organized, as suggested by an average quality score of ~3.  

 

Figure 6-8. Combined histological scores of fibrous capsule thickness and quality at 

two locations on the periosteal (top) and dural (bottom) sides of the hydrogel. 

Gel+GMP, Gel+MSC, and Gel+GMP+MSC correspond to hydrogels with GMPs 

only, hydrogels with MSCs only, or hydrogels with both GMPs and MSCs. Error 
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bars indicate standard deviation (n=7-8). Breakdown of scores at the top and 

bottom of the hydrogels can be found in Supplementary Figure 6-5. 

The average histological scores for hydrogel fragmentation due to tissue 

infiltration are shown in Figure 6-9. The sections were scored according to the inlaid 0-4 

scoring guide in Figure 6-9, and representative sections are shown with respective scores. 

All samples demonstrated some degree of fragmentation, as seen by the average score of 

~2, but only the GMP-containing hydrogels (Gel+GMP and Gel+GMP+MSC) showed 

significant differences from the 4 to 12 week timepoints. Additionally, only the 

Gel+GMP+MSC group with both GMPs and MSCs demonstrated significantly greater 

fragmentation from the Gel+MSC group at the 12 week timepoint.  

 

Figure 6-9. Histological scoring of hydrogel fragmentation correlating with tissue 

infiltration on a 0-4 scale. Representative histological sections and their respective 

scores are shown on the right. Gel+GMP,  Gel+MSC, and Gel+GMP+MSC 
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correspond to hydrogels with gelatin GMPs only, hydrogels with MSCs only, or 

hydrogels with both GMPs and MSCs. (*) and (#) indicate significant differences 

between the 4 and 12 week timepoints or from the Gel+MSC group at the same 

timepoint, respectively (p<0.05). Error bars indicate standard deviation (n=7-8). 

6.4.  Discussion 

The objective of this study was to evaluate the osteogenic potential and 

regenerative capacity of an injectable dual-gelling hydrogel system for MSC delivery. 

We hypothesized that the hydrophobicity of the hydrogels and presence of natural 

material as controlled through TGM wt% and GMP loading, respectively, would 

modulate encapsulated cell viability, osteogenic differentiation, and hydrogel 

mineralization in vitro. Additionally, the composite hydrogel constructs with both GMPs 

and MSCs were hypothesized to enhance bone regeneration in a rat cranial defect 

compared to hydrogels with either GMPs or MSCs alone.  

 Stable hydrogels for the encapsulation of primary rat MSCs were 

successfully fabricated through the dual thermal and chemical gelation of the TGM and 

PAMAM. For the in vitro study, 10 and 20 wt% hydrogels with and without GMPs were 

examined. GMPs and cells were shown to not adversely influence hydrogel gelation, and 

Live/Dead and DNA Picogreen assays demonstrated that viable MSCs could be 

encapsulated homogenously within hydrogels for up to 28 days. Although a decline in 

cell viability was observed in the non-GMP-containing hydrogels, as commonly seen in 

the literature pertaining to synthetic hydrogels [132-135], the incorporation of GMPs 

improved cell viability at the later timepoints. This observation agrees with the literature 
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in which the inclusion of a natural binding site to allow for cell attachment can improve 

cell survival [136]. The effect of gelatin incorporation was also observed in the 

production of ALP, an early osteogenic marker. ALP activity was enhanced and peaked 

at the 21 day timepoint in the non-GMP-containing hydrogels, which correlated well with 

the established profile of MSCs undergoing osteogenesis in vitro [130, 132]. However, 

ALP activity for the GMP-containing hydrogels was sustained over time, suggesting that 

the state of cellular attachment was directing MSC behavior [137, 138]. Indeed, previous 

work has established that the cellular interaction specifically with collagenous-based 

matrix components promotes osteogenic differentiation and cell survival compared to 

adsorption of other attachment proteins such as vitronectin on synthetic scaffolds [139, 

140]. In another study, seeding MSCs directly onto GMPs was found to more effectively 

produce aggregates capable of osteogenesis due to increased cell-cell and cell-ECM 

interaction [141]. Hydrogel mineralization of cellular samples and acellular controls was 

assessed using a calcium biochemical assay. As seen previously, hydrogels demonstrated 

a hydrophobicity-dependent mineralization over time [115], with 20 wt% hydrogels 

showing significantly greater calcium content compared to 10 wt% hydrogels with and 

without cells. However, GMP incorporation was also found to be a significant factor, 

with GMP-containing hydrogels demonstrating significantly greater calcium content than 

their non-GMP-containing counterparts. Additionally, when MSCs and GMPs were 

jointly encapsulated, a significant difference from the acellular controls was observed at 

the 28 day timepoint. A possible explanation for this effect is that gelatin comprises 

denatured collagen, which is the primary ECM component of mineralized matrix, and 

assists in mineral nucleation [142, 143]. This mechanism has been mimicked in gelatin 
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nanoparticles to nucleate hydroxyapatite crystals [144], and thus, provides further 

evidence by which hydrogel mineralization can be promoted without initially using 

inorganic materials, and highlights another function for GMPs in scaffolds beyond 

controlled release carriers and porogens.  

 Two concerns associated with the in vitro evaluation include the use of 

particular media supplements and the short culture duration, which may overstate the 

osteogenic potential of the hydrogel system. Thus a longer in vivo study was performed 

to investigate the actual performance of the hydrogels for bone regeneration. For the in 

vivo evaluation, we chose to further examine the 20 wt% hydrogel formulation based on 

its ability to maintain long-term cell viability and enhance hydrogel mineralization. Three 

groups were examined: hydrogels with GMPs only (Gel+GMP), hydrogels with MSCs 

only (Gel+MSC), and hydrogels with GMPs and MSCs (Gel+GMP+MSC). Although no 

significant differences were observed between groups at the 4-week timepoint, microCT 

scoring of bony bridging and bone volume demonstrate that there was some degree of 

union and bone formation in all the groups, which is a departure from previously 

published results with similar acellular, non-composite hydrogels in this model [115]. 

Similarly, no significant differences in the microCT data were seen at 12 weeks, but the 

hydrogels with GMPs only (Gel+GMP) showed significant differences between the 4 and 

12 week timepoints. While this observation could be construed as a minimal effect of the 

MSCs, another interpretation may be that the incorporation and subsequent degradation 

of the GMPs creates pores that can facilitate tissue infiltration and ingrowth, leading to 

improved bony bridging and volume as seen with other porous scaffolds [106, 107] and 

in contrast to the limited regenerative performance previously observed with slower 
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degrading non-GMP-containing hydrogels [115]. Despite this, significant bone fill was 

not observed with microCT, which may be attributed to the lack of extensive porosity and 

sufficient mechanical properties to promote tissue ingrowth. Further work and use of 

other techniques such as x-ray diffraction in addition to microCT may provide insight 

into the type of bone tissue formed and strategies to enhance it.  

 The joint effect of the MSCs and GMPs is more clearly observed when 

examining the histology for tissue response and integration. The majority of the samples 

at the 4 and 12 week timepoints presented a favorable tissue response through a thin 

organized fibrous capsule around the implant and at the bone-implant interface, an 

established response with implantation of biomaterials [145]. However, bony bridging 

across defect and mineralization within the different hydrogel groups was also observed, 

which directly contacted the surrounding hydrogel and is typically uncharacteristic of 

synthetic hydrogels in this model [146, 147]. Additionally, the presence of osteoid within 

the center of the hydrogels, especially those containing GMPs, demonstrated that the 

hydrogels were capable of fragmentation leading to tissue infiltration and direct bone-

implant contact. These results suggest that the dual incorporation of MSCs and GMPs can 

facilitate the osteoconductivity and osteoinductivity of synthetic scaffolds for enhanced 

bone formation and scaffold integration. Previous studies required the incorporation of 

mineral content or osteogenic growth factors in order to induce bone tissue infiltration in 

the rat cranial defect, even when GMPs were loaded as a delivery vehicle [101, 107, 146, 

147]. In contrast, simple incorporation of GMPs and MSCs together in the bulk matrix 

led to improvements in bone formation and quality in vivo, leading to performances 

similar to that of NiPAAm copolymer macromers containing phosphate for specific 
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interaction with alkaline phosphatase [130]. MSCs have been shown to have a multitude 

of paracrine effects, including secretion of factors to recruit host cells, which could 

positively alter the endogenous regenerative process [125]. However, the ability to 

achieve hydrogel fragmentation in vivo via GMP degradation greatly affected the 

underlying tissue response.  

6.5.  Conclusion 

In this study, the osteogenic potential in vitro and regenerative capacity in vivo of 

an injectable, dual-gelling hydrogel system for MSC delivery was investigated. 

Hydrogels successfully and homogenously encapsulated MSCs without detriment to cell 

viability or hydrogel gelation, and maintained cell survival over 28 days in conjunction 

with incorporated GMPs. Cell-laden composite hydrogels modulated ALP activity in a 

GMP loading-dependent manner and significantly promoted hydrogel mineralization in 

vitro. In vivo evaluation in a rat critical size cranial defect demonstrated the ability of the 

cell-laden composite hydrogels to enable bony bridging across the defect and 

mineralization throughout the hydrogel volume and in direct contact with the surrounding 

hydrogel. Histological analysis showed a favorable tissue response and significant tissue 

infiltration resulting from in vivo fragmentation of the hydrogels, especially those 

containing GMPs. The results of this study suggest that the incorporation of natural 

material porogens can be successfully employed to promote cell viability and hard tissue 

formation in hydrogel environments. Thus, these injectable, dual-gelling hydrogels hold 

great promise as regenerative substrates for stem cell delivery in craniofacial tissue 

engineering applications.  

 



	   	  

  
	  
	  

Chapter 7 

Effects of Cellular Parameters on In Vitro Osteogenic Potential of Dual-Gelling 
Mesenchymal Stem Cell-Laden Hydrogels†† 

Abstract 

This work investigated the effects of cellular encapsulation density and 

differentiation stage on the osteogenic capacity of injectable, dual physically and 

chemically gelling hydrogels comprised of thermogelling macromers and 

polyamidoamine crosslinkers. Undifferentiated and osteogenically predifferentiated 

mesenchymal stem cells (MSCs) were encapsulated within 20 wt% composite hydrogels 

with gelatin microparticles at densities of 6 or 15 million cells/mL. We hypothesized that 

a high encapsulation density and predifferentiation would promote increased cellular 

interaction and accelerate osteogenesis, leading to enhanced osteogenic potential in vitro. 

Hydrogels were able to maintain the viability of the encapsulated cells over a period of 
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28 days, with the high encapsulation density and predifferentiation group possessing the 

highest DNA content at all timepoints. Early alkaline phosphatase activity and 

mineralization were promoted by encapsulation density, whereas this effect by 

predifferentiation was only observed in the low seeding density groups. Both parameters 

only demonstrated short-lived effects when examined independently, but jointly led to 

greater levels of alkaline phosphatase activity and mineralization. The combined effects 

suggest that there may be optimal encapsulation densities and differentiation periods that 

need to be investigated to improve MSCs as therapeutics in bone tissue engineering.  

7.1.  Introduction 

Tissue engineering strategies may involve the combination of biomaterial 

scaffolds, cells, and growth factors to repair and replace injured or lost tissue. These 

strategies are particularly relevant in the aesthetic and functional reconstruction of bone, 

where the gold standard currently is the use of autologous bone taken from the patient. 

Autografts, while effective, are scarce, and difficult to contour to irregular-shaped 

defects, and require invasive surgeries to acquire and implant. Thus, synthetic bone graft 

substitutes – especially those involving injectable materials that allow for injectable 

administration, in situ formation and contouring, and localized delivery of cells – are 

attractive candidates for craniofacial tissue engineering strategies [57, 148].  

Previous work developed and characterized injectable, in situ forming hydrogels 

comprising copolymers of N-isopropylacrylamide (NiPAAm), dimethyl-γ-butyrolactone 

acrylate (DBA), glycidyl methacrylate (GMA), and acrylic acid (AA) that can both 

thermally gel and chemically crosslink with biodegradable, diamine-functionalized 

polyamidoamine (PAMAM) crosslinkers [99]. These hydrogels have shown promise for 
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bone tissue engineering applications, as they possess tunable physicochemical properties 

and hydrophobicity-dependent mineralization. Encapsulation of mesenchymal stem cells 

(MSCs), which undergo established differentiation down the osteogenic lineage [125], 

demonstrate the hydrogel’s ability to support cell viability and differentiation in vitro and 

bone formation in vivo [99, 115].  

However, despite the performances of these hydrogels for bone regeneration, the 

resulting bone is not yet robust. Numerous investigations have shown that successful 

cellular delivery leading to tissue growth not only depends on morphological, adhesive, 

or mechanical cues from the biomaterial environment, but also biochemical signals from 

other cells [149, 150]. Cell seeding density has been shown to affect the viability and 

differentiation of encapsulated stem cells by promoting increased cellular crosstalk [151]. 

The differentiation stage of MSCs is also an important factor, as shown by increased 

success of predifferentiated MSCs for hyaline cartilage regeneration in large animal 

osteochondral defects [152, 153] and bone healing in nonunions [128]. The inclusion of 

predifferentiated MSCs within hydrogels and altering the seeding density may thus affect 

the formation of a mineralized matrix and provide the necessary osteoconductive and 

osteoinductive signals to stimulate cellular activity and bone regeneration. 

The objective of this study was to evaluate the effects of cellular parameters such 

as encapsulation density and predifferentiation on the osteogenic potential of the cell-

laden hydrogels in vitro. We hypothesized that a high cell seeding density would promote 

cellular crosstalk to enhance encapsulated MSC viability and hydrogel mineralization, 

and cellular predifferentiation could accelerate differentiation down the osteogenic 

lineage, leading to enhanced osteogenic potential.  
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7.2.  Materials and Methods 

7.2.1.  Materials 

NiPAAm, dimethyl-γ-butyrolactone acrylate (DBA), glycidyl methacrylate 

(GMA), acrylic acid (AA), 2,2’-azobis(2-methylpropionitrile) (azobisisobutyronitrile, 

AIBN), N,N’-methylenebisacrylamide (MBA), piperazine (PiP), glycine, and 

glutaraldehyde were purchased from Sigma Aldrich (Sigma, St. Louis, MO) and used as 

received. Anhydrous 1,4-dioxane, diethyl ether, and acetone in analytical grade; and 

water, acetonitrile, chloroform, and methanol in HPLC-grade were purchased from VWR 

(Radnor, PA) and used as received. PBS (powder, pH 7.4) was obtained from Gibco Life, 

Grand Island, NY. Ultrapure water was obtained from a Millipore Super-Q water system 

(Millipore, Billerica, MA). Acidic gelatin (IEP=5.0) was obtained from Nitta Gelatin 

(Osaka, Japan). Complete osteogenic medium (COM) was made from minimal essential 

medium α modification (αMEM) (Gibco Life, Grand Island, NY) supplemented with 

10% fetal bovine serum (FBS) (Cambrex BioScience, Walkersville, MD), 10−8 M 

dexamethasone, 10 mM β-glycerol 2-phosphate, 50 mg/L ascorbic acid, and 10 mL/L 

antibiotic-antimycotic solution (Gibco, Life, Grand Island, NY).  Live/Dead 

viability/cytotoxicity kit was purchased from Molecular Probes (Eugene, OR). The 

calcium assay was purchased from Genzyme Diagnostics (Cambridge, MA). 

7.2.2.  Thermogelling Macromer (TGM) Synthesis and Characterization  

Synthesis of P(NiPAAm-co-GMA-co-DBA-co-AA) TGMs were performed 

according to published protocols [99]. Briefly, 10 g of NiPAAm, GMA, DBA and AA 

was dissolved in 100 mL of anhydrous 1,4-dioxane under nitrogen at 65˚C. AIBN pre-

dissolved in the solvent was added at 0.7% of total mol content to thermally initiate free 
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radical polymerization, and the reaction mixture was stirred for 16 h. After solvent 

removal by rotary evaporation, the material was re-dissolved in pure acetone and purified 

twice via dropwise precipitation in at least 10X excess diethyl ether. The recovered 

polymer was air-dried overnight and transferred to a vacuum oven for several days prior 

to elemental analysis. The chemical composition of the TGMs was determined by proton 

nuclear magnetic resonance spectroscopy (1H NMR, Bruker, Switzerland) in D2O at a 

concentration of 20 mg/mL that contained 0.75 wt% 3-(trimethylsilyl)propionic-2,2,3,3-

d4 acid, sodium salt as an internal shift reference (Sigma-Aldrich, St. Louis, MO). Acid 

titration was performed in conjunction with 1H NMR to determine the AA content of the 

TGMs before hydrolysis. Aqueous gel permeation chromatography using a Waters 

Alliance HPLC system (Milford, MA) and differential refractometer (Waters, model 410) 

equipped with a series of analytical columns (Waters Styragel guard column 20 mm, 4.6 

x 30 mm; Waters Ultrahydrogel column 1000, 7.8 x 300 mm) was used to determine the 

molecular weight distributions of the synthesized TGM/DBA polymers. The weight 

average molecular weight (Mw), number average molecular weight (Mn), and 

polydispersity index (PDI = Mw/Mn) of the hydrolyzed polymer were determined by 

comparison to commercially available narrowly dispersed molecular weight 

poly(ethylene glycol) standards (Waters, Mississauga, ON). For this study, 

P(NiPAAm85.6-co-GMA6.0-co-DBA5.5-co-AA2.9) with a Mn = 36.4 kDa and PDI of 3.8 

were used to form 20 wt% (w/v) hydrogels. 

7.2.3.  PAMAM Synthesis and Characterization  

PAMAM was synthesized by the polyaddition of PiP and MBA at a 

stoichiometric molar ratio of [MBA]/[PiP] = 0.75 following previously reported protocols 
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[71, 81]. Molecular weight distributions of the synthesized PAMAM crosslinkers were 

analyzed using time-of-flight mass spectroscopy with positive-mode electrospray 

ionization on a Bruker microTOF ESI spectrometer (Bruker Daltonics, Billerica, MA) 

equipped with a 1200 series HPLC (Agilent Technologies, Santa Clara, CA) to deliver 

the mobile phase (50:50 HPLC-grade water and methanol). After data acquisition, all 

peaks (including degradation and secondary reaction products) were identified using 

microTOF Control software (Bruker). The peaks were corrected for charge state 

(generally with H+ or Na+ and rarely K+ ions), and quantified for calculation of Mn, Mw, 

and PDI. PAMAM with Mn = 1440 and PDI = 1.38 were used for the MSC encapsulation 

studies. 

7.2.4.  GMP Synthesis  

GMPs with 50-100 µm diameter were synthesized through a water-in-oil 

emulsion followed by crosslinking in 10 mM glutaraldehyde solution and quenching with 

glycine as previously described [127]. Following fabrication, the GMPs were vacuum 

filtered, flash frozen in liquid nitrogen, lyophilized, and sieved. GMPs were incorporated 

into hydrogels at 20 mg dry GMP mass/100 mg dry hydrogel mass to achieve 20 wt% 

(w/w) loading as previously established [133].  

7.2.5.  MSC Harvest and Culture  

MSCs were harvested from rat femora and tibiae of 6-8 week old Fisher 344 rats 

(Charles River Laboratories, Wilmington, MA) in accordance to approved protocols by 

the Rice Institutional Animal Care and Use Committee as previously described [36]. The 

MSCs were plated in 75 cm2 tissue culture flasks at 37˚C under humidified, 5% CO2 
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atmosphere and cultured in COM without dexamethasone, which was replaced every 2-3 

days [148]. The scheme for differentiation is shown in Figure 7-1. To induce osteogenic 

pre-differentiation, MSCs were cultured as above for 3 days and then cultured in COM 

with dexamethasone for the same duration. Undifferentiated MSCs were cultured in 

COM without dexamethasone for 6 days prior to encapsulation.  

 

Figure 7-1. Scheme for osteogenic predifferentiation of MSCs in vitro. MSCs were 

cultured in complete osteogenic medium containing 10-8 M dexamethansone 

following 3 days of expansion. Cells were encapsulated within hydrogels after 6 total 

days of in vitro culture 

7.2.6.  MSC Encapsulation and In Vitro Culture 

TGM and PAMAM polymers were UV sterilized for 3 h and GMPs were EO 

sterilized for 12 h. 20 wt% composite hydrogels with 20 wt% GMP loading were 

fabricated by combining the TGM and PAMAM crosslinker that were prepared at twice 

the desired concentrations in sterile phosphate buffered saline (PBS) pH 7.4 at 4˚C until 

dissolved. GMPs were partially swelled in PBS pH 7.4 for 15 h at 4˚C prior to hydrogel 

encapsulation as performed previously [127] and transferred to the polymer mixture. The 

resulting solution was manually mixed in the glass vial and transferred to 6 mm diameter 

x 3 mm height cylindrical Teflon molds at 37˚C, and allowed to gel for 24 h.  After 6 

days of culture, the MSCs were passaged and added to the polymer solutions at a final 
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concentration of 6 or 15 million cells/mL hydrogel. The seeding density was chosen 

based on the sustained viability and successful osteogenic differentiation of rat MSCs in 

injectable oligo(poly ethylene glycol fumarate) hydrogels [39, 132, 154, 155]. The 

solutions were manually mixed, pipetted into 8 mm x 2 mm autoclaved Teflon molds on 

a heat block, and allowed to crosslink at 37°C in an incubator for 2.5 h before in vitro 

culture. The formulations selected for in vitro investigation are listed in Table 7-1. The 

hydrogels and their acellular controls were placed in 2.5 mL media in 12-well tissue 

culture plates and cultured for 0, 7, 14, 21, and 28 days in complete osteogenic media 

containing 10-8 M dexamethasone. At each timepoint, the hydrogels were soaked in PBS 

for 30 min, sliced in half, weighed, and processed for Live/Dead confocal imaging (n = 2 

halves); DNA Picogreen assay, alkaline phosphatase (ALP) activity, and calcium 

biochemical assay (n = 4 halves each); and histological staining (n = 2 halves). 

 
Table 7-1: Groups for in vitro investigation 
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7.2.7.  Live/Dead Confocal Microscopy  

The samples designated for Live/Dead confocal microscopy were cut into 

~0.5 mm cross sectional slices with a hand-held razor blade as previously described [36] 

and incubated for 30 min with calcein AM (2 µM) and ethidium homodimer-1 (4 µM) in 

accordance with the Live/Dead viability/cytotoxicity kit instructions. The slices were 

then analyzed using a confocal microscope (LSM 510 META, Carl Zeiss, Germany) 

using a 10x objective. Argon and helium–neon lasers were used for excitation at 488 and 

543 nm, respectively, and emission filters at 505–526 and 612–644 nm, respectively, 

were employed. 

7.2.8.  Biochemical Assays 

Hydrogel halves for biochemical assays were stored in 500 µL of ultrapure water 

and stored at -20˚C. Prior to analysis, samples were manually homogenized, passed 

through three freeze-thaw cycles, and probe sonicated for 8 s. Detailed protocols for 

biochemical assays are described elsewhere [129]. Double-stranded DNA correlating 

with cellularity was evaluated using DNA Picogreen assay (Invitrogen, Eugene, OR) in 

accordance to the manufacturer’s protocol, adjusted for background with acellular 

hydrogel controls, and normalized to hydrogel wet mass, which was shown to reach 

equilibrium swelling after 24 h [99]. ALP activity was assessed with colorimetric assay 

using phosphatase substrate capsules in alkaline buffer solution against p-nitrophenol 

standards. For calcium assay, sample aliquots were digested overnight in equal parts 1N 

acetic acid to form a final 0.5N acetic acid solution and then evaluated according to the 

manufacturer’s instructions.  
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7.2.9.  Histology 

Hydrogels (n = 2 halves) were processed at each timepoint for hematoxylin & 

eosin (H&E) and von Kossa histological staining as previously described [36, 130]. 

Hydrogels were fixed at 37 °C for 24 h in 10% buffered formalin, dehydrated for 24 h in 

70% ethanol, and stored in Histo-prep for another 24 h prior to freezing at −20 °C and 

cryosectioning into 10 µm slices. H&E staining was performed using Mayer hematoxylin 

counterstained with eosin-Y (Sigma). Von Kossa staining was performed using a 2% 

silver nitrate solution incubated under UV for 20 min and unreacted silver nitrate was 

removed using 5% sodium thiosulfate. Sections were imaged with a light microscope 

(Eclipse E600, Nikon). 

7.2.10.  Statistics  

The data are presented as mean + standard deviation in triplicate, unless otherwise 

stated. biochemical assays were analyzed using a Tukey’s post-hoc test with JMP v.11 

statistics software (SAS Institute, Cary, NC).  

7.3.  Results 

7.3.1.  Live/Dead Confocal Microscopy 

Undifferentiated and predifferentiated MSCs were successfully encapsulated at 

high and low seeding densities within injectable, dual-gelling composite hydrogels. 

Live/Dead confocal microscopy images of the samples are shown in Figure 7-2. The cells 

were shown to be viable at encapsulation and homogenously distributed within the 
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hydrogels. The composite hydrogels sustained cell survival over the period of 28 days, as 

seen with the green fluorescent staining. More viable cells were qualitatively observed at 

the last timepoint with a high seeding density.  

 

Figure 7-2. Live/Dead confocal microscopy images of hydrogel composites with high 

and low seeding density (6 or 15 million cells/mL hydrogel) of undifferentiated 

(Undiff) or predifferentiated (Diff) MSCs for 28 days. Green stain indicates live cells 

and red stain indicates dead cells. Large irregular-shaped green particles are 

autofluorescing GMPs. Scale bar indicates 100 µm. 

7.3.2.  Biochemical Assays 

 The DNA content of the hydrogels corresponding to cellularity is shown in Figure 

7-3. For the low seeding density groups, DNA content was maintained over time, with a 

significant decrease observed only at the 28 day timepoint for the 6 million 

undifferentiated group. This trend was observed with the 15 million undifferentiated 
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group, despite significant Live/Dead staining via confocal. However, the group with the 

high cell density and predifferentiation demonstrated the highest DNA content compared 

to all the other groups at all timepoints. 

 

Figure 7-3. DNA content of hydrogel composites with high or low seeding density (6 

or 15 million cells/mL hydrogel) of undifferentiated (Undiff) or predifferentiated 

(Diff) MSCs compared to an acellular control. DNA content is normalized to 

hydrogel wet mass. (*) indicates significance from 0 day timepoint in the same group 

and (#) indicates significance from other groups at the same timepoint (p < 0.05). 

 The production of ALP, an early osteogenic marker, was assessed using a p-

nitrophenol assay, the results of which are shown in Figure 7-4. For all groups, ALP 

activity significantly declines from the 0 day timepoint and remains sustained for the 
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remaining timepoints. A high cell seeding density helps maintain an elevated ALP 

activity initially, as seen in the 7 day timepoint. Also, predifferentiation improves the 

level of ALP activity at the 0 day timepoint in the group with low seeding density 

significantly over the corresponding undifferentiated group. However, the ALP levels at 

the later timepoints are not significantly different from the other groups. 

 

Figure 7-4. Normalized ALP activity of hydrogel composites with high or low 

seeding density (6 or 15 million cells/mL hydrogel) of undifferentiated (Undiff) or 

predifferentiated  (Diff) MSCs. (*) indicates significance across group (p<0.05). 

 Figure 7-5 shows the calcium content of the hydrogels corresponding to 

mineralization. All groups, including the acellular control, demonstrate increases in the 

calcium content over time, with the cell-laden hydrogels showing significantly higher 

calcium content at the 28 day timepoint compared to the control. While there were no 

significant differences in the calcium content of the cell-laden hydrogels with the same 

seeding density at the 28 day timepoint, groups with high cell seeding density with or 

without predifferentiation saw enhanced mineralization at earlier timepoints. 
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Predifferentiation at the low seeding density also enhanced mineralization at the earlier 

timepoint. 

 

Figure 7-5. Calcium content of hydrogel composites with high or low seeding density 

(6 or 15 million cells/mL hydrogel) of undifferentiated (Undiff) or predifferentiated 

(Diff) MSCs compared to an acellular control. Calcium content is normalized to 

hydrogel wet mass. (*) indicates significance from 0 day timepoint (p<0.05). 

7.3.3.  Histology 

The hydrogels were stained for mineralization using a von Kossa reagent, as 

shown in Figure 7-6. Histological staining at 28 days shows mineralization primarily 

around the GMPs and the pericellular matrix around the cells, as seen in the black-brown 

stain. Hydrogels with predifferentiated cells at a high seeding density demonstrated 

staining in the hydrogel matrix as well.  
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Figure 7-6.  von Kossa staining of hydrogel composites with high or low seeding 

density (6 or 15 million cells/mL hydrogel, respectively) of undifferentiated or 

predifferentiated MSCs compared to an acellular control at 28 days. Black-brown 

stains correspond to phosphate deposits. Scale bar indicates 100 µm. 

7.4.  Discussion 

Cell encapsulation density and predifferentiation have both been shown in the 

literature to affect the chondrogenesis and osteogenesis of cells, and thus, the therapeutic 

efficacy, of tissue engineered constructs for bone and cartilage regeneration. Using an 

injectable, dual-gelling hydrogel system shown to previously support osteogenic 

differentiation in vitro and promote bone formation and tissue infiltration in vivo [115], 
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we examined the role of the aforementioned cell parameters on encapsulated cell viability 

and osteogenic differentiation, and hydrogel mineralization. Encapsulation density and 

predifferentiation independently did not show significant sustained effects as determined 

by confocal microscopy, histological staining, and biochemical assays. Encapsulation 

density was found to promote early ALP activity as well as mineralization, but those 

effects were short-lived if the cells were undifferentiated and did not affect DNA content, 

despite the greater Live/Dead staining via confocal in the later timepoints. Studies have 

suggested that successful extraction and potential degradation of the DNA, as well as cell 

number, may have limited the accurate quantitative assessment of cell viability within 3D 

scaffolds [156]. Cellular predifferentiation was also found to influence early ALP activity 

and mineralization for the low seeding density hydrogels, but could not compensate for 

the lower amount of cells. However, hydrogels with high seeding density of 

predifferentiated cells, showed combined effects that led to higher levels of sustained cell 

viability, initial ALP activity, and mineralization compared to the other groups. Overall, 

the encapsulation of cells within the hydrogel system was found to benefit mineralization 

at the later timepoints compared to the acellular controls – which showed reduced levels 

at 28 days – correlating with previous studies [116]. It is possible that the swelling 

experienced by acellular hydrogels with higher polymer content leads to increased 

diffusion that enables GMP degradation and loss of the accumulated mineral that is not 

experienced in a cellular system [100].  

The effect of cell seeding density has been widely investigated for both bone and 

cartilage tissue engineering, but the results have been mixed. Previous works report that 

MSC gene expression increases significantly with cell seeding density from 1 to 10 
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million cells/mL [39, 154, 155, 157] and plateaus around 25 million cells/mL [158]. 

However, some studies have shown that cell seeding densities up to 60 million cells/mL 

provide superior differentiation, mechanical strength, and ECM production in vitro, and 

tissue formation in vivo,[39, 159, 160] while others determined that seeding density 

provided little functional benefit [161, 162]. In this study, cell encapsulation density did 

not demonstrate significant long term effects on osteogenic differentiation, which can be 

explained through several reasons. Although the published results vary, there is 

consensus that MSC paracrine signaling and direct crosstalk are important, thus 

controlling mass transport and scaffold architecture are vital to facilitating these 

interactions. Additionally, the literature suggests that there is an optimal cell 

encapsulation density to achieve the best tissue engineered construct [163]. It is possible 

that the seeding densities used in this study and degradation of the GMPs, which were 

designed to degrade within 2-4 weeks within collagenase-containing PBS [164], were not 

sufficient to encourage cellular interaction and generate a porous hydrogel structure, 

respectively. By examining a larger range of seeding densities, accelerating GMP 

degradation, or modifying hydrogel itself for more directed enzymatic degradation [159, 

165]  or cellular attachment [166, 167], the osteogenic potential of the system could be 

improved.   

In addition to cellular interaction, the physical properties of a scaffold should be 

equally considered in combination with cell density to affect specific cellular behavior. 

Enhanced osteogenic behavior of MSCs has been observed with a previous generation of 

dual thermogelling and chemically crosslinking hydrogels with high hydrophobicity. 

Despite a low seeding density of 6 million cells/mL hydrogel and altered loading ratios 
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and sizes of GMPs, hydrogel mineralization significantly increased over time in vitro 

[100], peaking at much higher levels than in the present study and correlating with the 

higher levels bone formation for the acellular hydrophobic hydrogels in vivo [115]. 

However, when examining the present hydrogel system in a rat cranial defect, 

incorporation of GMPs with or without undifferentiated MSCs at high seeding density 

was sufficient to promote bony bridging and implant integration over the previous 

generation hydrogel [116]. Thus, rational design of the scaffold and cellular components 

of a tissue engineered construct must consider the differences in performances between in 

vitro and in vivo.  

Cellular preconditioning down a specific lineage has had more consistent results 

in promoting tissue regeneration, especially for cartilage. Numerous studies have shown 

that chondrogenically differentiated MSCs and adipose-derived stem cells can promote 

cartilage gene expression and matrix production in vitro [168], and regenerate 

osteochondral defects in rabbit and ovine models [151, 169]. When examined for bone, 

predifferentiated MSCs have shown to significantly improve osteogenic gene expression 

in vitro and bone formation in vivo [152, 153]. However, in this study, predifferentiation 

only presented a strong effect with the high seeding density, which again suggests that 

there may be some optimization required for both cellular parameters to enhance 

regeneration. The MSCs were precultured in COM with dexamethasone, a potent 

synthetic glucocorticoid that has been shown to strongly influence osteogenesis of MSCs 

in vitro [128, 170]. The differentiation period chosen was 3 days, which was determined 

from studies showing the peak of stimulatory factors in inflammation, chondrogenesis, 

and osteogenesis [148, 171]. However, this peak of activity was not observed with 
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differences in the ALP results between undifferentiated and predifferentiated MSCs at the 

0d timepoint, which suggests that more investigation is needed to understand the 

differentiation kinetics of MSCs towards osteogenesis. Lam et al. reported on the 

optimized preconditioning period of rabbit MSCs for cartilage and showed that shorter or 

longer durations than 7 days led to worse repair [168]. Additionally, as cellular 

interaction with biomaterials is dependent on the state of differentiation, the incorporation 

of predifferentiated cells may require additional modifications in the hydrogel design 

[172].  

7.5.  Conclusion 

This work evaluated the effect of cell encapsulation density and predifferentiation 

on the in vitro osteogenic potential of injectable, dual-gelling cell-laden hydrogels. Rat 

MSCs were successfully encapsulated and homogenously distributed within hydrogel 

composites without detriment to cell viability. All groups demonstrated sustained cell 

viability over 28 days, with the predifferentiated cells at the highest seeding density 

group maintaining the highest cellularity at all timepoints. ALP activity was shown to 

decline over time, culminating at levels that were not significantly different from the 

other groups. Hydrogel mineralization increased significantly over time with only 

seeding density affecting the final calcium content. Although there were indications that 

both encapsulation density and predifferentiation state were influential to in vitro 

osteogenesis of MSCs, further investigation is needed to examine these cellular 

parameters at longer timepoints and with additional levels for bone tissue engineering. 

These injectable, dual-gelling hydrogels provide a promising platform by which to 

deliver and evaluate stem cell therapies for bone regeneration.  
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Chapter 8 

Future Directions 

In this project, an injectable, dual-gelling hydrogel system was developed through 

the thermal gelation of a thermogelling macromer (TGM) and concomitant chemical 

crosslinking with a polyamidoamine (PAMAM) crosslinker. The physicochemical 

properties, biocompatibility, and osteoconductivity of a hydrogel system for cellular 

delivery were established, and provide a foundation for future studies to its efficacy for 

bone regeneration and ultimately, clinical translation.  

8.1.  Hydrogel Design 

There are several scaffold design criteria that could be addressed to enhance the 

general performance of the hydrogels for tissue engineering applications. Scaffold design 

parameters such as degradation rate, bioactivity, and architecture have all been found to 

affect tissue regeneration, and thus, implementation within the injectable hydrogel system 

could improve its efficacy as a tissue engineering scaffold. 
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8.1.1.  Degradation  

Degradation of the hydrogels at a specific and controlled rate is important for 

supporting and preventing impediments to neotissue formation. As seen in Chapter 3, this 

hydrogel system was developed through TGMs synthesized of copolymers of N-

isopropylacrylamide (NiPAAm), dimethyl-γ-butyrolactone acrylate (DBA), glycidyl 

methacrylate (GMA), and acrylic acid (AA) that could react with diamine-functionalized 

PAMAM crosslinkers. Biodegradability was conferred through hydrolytic cleavage of the 

amide linkages of the PAMAM and hydrolysis-dependent modulation of the lower 

critical solution temperature (LCST) via the DBA lactone ring. Despite success in 

achieving degradation in a previously non-degradable hydrogel system, the hydrogels 

were largely present after 12 weeks of implantation in an orthotopic defect. The studies in 

Chapter 5 investigated the use of enzymatically digestible porogens to enhance 

degradation within the hydrogels and showed that while there were significant 

improvements in tissue infiltration and hydrogel fragmentation, further work is needed to 

promote the degradation in a more physiologically relevant timeframe. Optimization of 

the gelatin microparticles as porogens, or utilization of other materials to create 

composite hydrogels is one approach to accelerate hydrolysis by improve mass transport 

through the system [173]. A more directed approach is the incorporation of cleavable 

moieties or sequences for upregulated enzymes during the wound healing process such as 

matrix metalloproteinases [174-176] or alkaline phosphatase [130].  
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8.1.2.   Bioactivity 

In the past 20 years, there has been a fundamental shift in biomaterial design. 

Scaffolds that were once viewed as inert substrates are now developed to actively interact 

with the local environment and participate in the healing process [177]. This is 

particularly crucial in the design of synthetic biomaterials, which lack the natural 

topographical and biochemical cues, especially cell attachment moieties, of the native 

tissue. Thus, recent work has focused on mimicking the natural features of ECM by 1) 

engineering the scaffold bulk, micro- and nano-architecture, 2) incorporating key 

biofunctions such as cell attachment, growth factor sequestration, and bioactive molecule 

delivery, and 3) designing intelligent materials capable of reacting to environmental 

stimuli. 

8.1.2.1.  Architecture 

Tissues and organs consist of a complex and specific organization of different 

cells and extracellular matrix. For bone, this arrangement comprises osteoblasts and 

osteocytes in a porous, mineralized matrix that lends to bone’s strength and function [9]. 

Many groups have attempted to recapitulate this architecture in prefabricated scaffolds 

through different approaches such as gas foaming, micro- and nano-topography, 

electrospinning, and additive manufacturing [173]. For injectable systems, it is 

sometimes difficult to maintain a defined geometry with minimally invasive 

administration. However, with the advances in shape memory polymers [178] and 

cryogels [179-181], injectable hydrogels can now be designed with premade architectures 

and retain the previous benefits of minimally invasive administration and cell and growth 
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factor delivery. Thus, investigation into these architectures could provide new ways to 

enhance tissue generation and integration with injectable materials. 

8.1.2.2.  ECM Biofunction 

A multitude of studies have shown that cellular behavior such as migration, 

differentiation, and extracellular matrix production are controlled by interactions with the 

scaffold environment. Recapitulation of soluble and insoluble growth factor signaling has 

been extensively reviewed and accomplished typically through growth factor tethering, 

binding moieties, or controlled delivery [14, 57, 182]. However, enhancement of MSC 

behavior has been shown to be particularly related to their ability to attach a surface. In 

this project, the incorporation of gelatin microparticles (GMPs) was shown to 

significantly enhance the viability and differentiation of encapsulated mesenchymal stem 

cells (MSCs). Further investigation into the optimal loading and distribution of GMPs or 

related attachment moieties such as RGD or osteogenic peptides/mimics [41, 166, 167], 

as well as assessing the association of MSCs with these moieties pre- or post-

encapsulation could provide insight on how to better control MSC behavior.    

8.1.2.3.  Intelligent Biomaterials 

Intelligent biomaterials are materials that respond to signals and cues from the 

surrounding environment and/or actively participate in the formation of new tissue [183]. 

The initial work focused on controlled delivery through stimuli in the internal 

environment such as pH, enzymatic activity, ionic strength, and – as this work describes 

– temperature [183, 184]. However, recent advances in other fields like optogenetics 

[185], immunoengineering [186], and biosensing [187] have inspired the development of 
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next generation scaffolds capable of responding to external stimuli like light [188] and 

magnetism [189], or to inflammation [190] and infection [191] to provide new and 

improved ways to respond, direct, and assess tissue regeneration. 

8.2.  Osteogenesis 

Another promising direction for the injectable system is the enhancement of 

osteogenesis, leading to robust bone growth which has not yet been achieved with 

hydrogels. Many groups have investigated simultaneous growth factor delivery as well as 

mechanisms for vascularization [57, 109, 110, 192], both of which would enable increase 

tissue infiltration within the center of large defects and overall improved repair. However, 

the hydrogel system developed in this study demonstrates an ability to undergo 

hydrophobicity-dependent mineralization under protein-containing conditions without 

incorporated cells or mineral content. Given the difficulty of clinical translation of tissue 

engineering technologies by the Food and Drug Administration [193]– especially 

combination therapies with cells and growth factors – there is benefit in improving 

scaffold osteoconductivity using acellular methods. While this could be accomplished as 

others have attempted through the addition of mineral composites, copolymerization of 

calcium-binding groups, or enzymatic means [109, 110], there is still a limited 

understanding on how different proteins – bone-specific such as osteopontin and bone 

sialoprotein, or general such as fibronectin and vitronectin – are able to nucleate 

mineralization independently or following interaction with implanted biomaterials [114, 

121]. This system may provide a platform by which to study these protein-biomaterial 

interactions specifically for bone, and give new insight on mechanisms for hydrogel 

mineralization.
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Summary and Conclusions 

This work developed injectable, in situ forming hydrogels comprising 

thermogelling macromers that undergo dual gelation mechanisms – thermogelation at the 

lower critical solution temperature and chemical crosslinking with polyamidoamine 

crosslinkers – and evaluated the potential of the hydrogels for mesenchymal stem cell 

delivery in craniofacial bone tissue engineering applications. The studies in this work 

investigated the physicochemical properties, cytocompatibility, biocompatibility, in vitro 

encapsulation, and in vivo bone formation of the hydrogel system.  

The first aim of this work involved the synthesis of thermoresponsive macromers 

with chemically crosslinkable epoxy pendant groups and hydrolytically-degradable 

lactone rings. Inclusion of the lactone rings modulated both the initial and final lower 

critical solution temperature in a hydrophilicity-dependent manner. Diamine-

functionalized crosslinkers were also synthesized to enable secondary chemical 

crosslinking with the epoxy groups on the thermogelling macromers. Hydrogel 

fabrication following mixing of both components in an initiator-free reaction resulted in 

non-shrinking and rapidly gelling networks doe to the dual physical thermogelation and 

chemical crosslinking. The structure-property relationships of the hydrogel system were 

established through varying polymer content, crosslinker length, crosslinking density, and 

lactone ring incorporation, and all were found to significantly influence the gelation, 

swelling, and mechanical properties of the resulting hydrogels. The cytocompatibility of 

the leachable and degradation products of different hydrogel formulations was also 

examined. Cell viability after 2 and 24 h was not adversely affected by hydrogel 
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composition, except at the highest concentrations. Further investigation demonstrated that 

dose-dependent effects of hydrogels on cell viability resulted from changes in solution 

osmolality. These studies demonstrate the tunability of the hydrogel system and potential 

for minimally invasive tissue engineering applications.  

The second aim of this work focused on the potential of the hydrogels for bone 

tissue engineering through evaluation of the biocompatibility in vivo as well as the 

capacity and mechanism for mineralization. Biocompatibility evaluation in the rat critical 

size cranial defect demonstrated formation of fibrous tissue formation around the 

hydrogels with a reduced inflammatory response over 12 weeks as measured by 

histological scoring. Interestingly, microcomputed tomography showed that the hydrogels 

also enabled partial bony bridging and bone formation as a function of hydrogel 

hydrophobicity. In vitro studies of acellular mineralization confirmed this observation, 

and also showed that the mineralization occurred only in the presence of proteins. 

Acellular hydrogels of high and low polymer content were soaked in serum- and non-

serum-containing media for 56 days. Increasing calcium and phosphate content were 

measured in the hydrogels soaked in serum media, leading to higher calcium to phosphate 

ratios. Formation of crystalline apatite mineral was confirmed using Fourier transform 

infrared spectroscopy after 28 and 56 days. These studies demonstrate the promise of this 

mineralizable hydrogel system for bone tissue engineering. 

The third aim investigated the potential of the hydrogels for cellular delivery. 

Composite hydrogels were fabricated through incorporation of gelatin microparticles as 

sites for cellular attachment and enzymatically digestible porogen. Gelatin microparticle 
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loading was found to not significantly alter the hydrogel physical properties.  The effect 

of hydrogel polymer content and gelatin incorporation on encapsulated mesenchymal 

stem cells over 28 days in vitro at 37˚C. Hydrogels successfully encapsulated viable cells 

with uniform distribution. Gelatin incorporation increased survival of encapsulated 

mesenchymal stem cells compared to non-composite hydrogels. Gelatin microparticle 

loading led to differential states of osteogenic differentiation. High polymer content with 

gelatin microparticles with or without cells led to significant mineralization over time. 

These results were reflected in vivo, where increased bony bridging and bone volume 

were seen for the high polymer content hydrogels with gelatin microparticle 

incorporation. In addition to the favorable tissue response as seen in the previous in vivo 

study, hydrogels demonstrated tissue infiltration and mineral deposition at the center of 

the hydrogels, which, in many cases, were in direct contact with the surrounding 

hydrogel. Thus, these studies show that this hydrogel can be simply fabricated as 

composite materials to support the viability and activity of encapsulated stem cells, and 

promote the formation and integration of bone tissue. To enhance the efficacy of 

mesenchymal stem cells within the system, the encapsulation density and 

predifferentiation stage was evaluated. Composite hydrogels with high seeding density 

and predifferentiated cells demonstrated the greatest viability as well as osteogenesis over 

the other groups. Although the cell parameters individually did not result in sustained 

effects, the data suggests that there may be optimal cross effects that require further 

investigation. These studies provide further understanding of the hydrogel’s performance 

as a tissue engineered construct and give a baseline for future studies to improve efficacy. 
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The overall conclusions derived from this work are that injectable, in situ forming 

hydrogels with dual physical and chemical gelation can be developed for craniofacial 

bone tissue engineering applications. By rendering thermoresponsive materials with 

crosslinkable moieties, macromers can be designed so that they are liquids at room 

temperature for injectable administration, rapidly form three-dimensional and non-

shrinking hydrogel networks in situ to stabilize and contour to irregular defect shapes, 

enable simple and localized delivery of cells, and finally, degrade to allow for tissue 

growth. These hydrogels can be used to support the osteogenesis of mesenchymal stem 

cells in combination with gelatin microparticles. Additionally, this system demonstrates 

that hydrophobicity can be utilized as a scaffold parameter to promote mineralization of 

hydrogels and enhance formation of bone tissue with soft materials.  

 



	   157	  
	  

	  

Supplementary Figures 

 

 

Supplementary Figure 3-1. Gelation of TGM and crosslinked TGM 10 wt% hydrogels 

with P-1440 crosslinker at 1:1 amine:epoxy mol ratio at 37°C after 1 h (left column) 

and 4°C in excess PBS pH 7.4 after 3 h (right column). TGM only hydrogels 

displayed syneresis and reversible gelation (red arrow) when transferred to 4°C, 

fully solubilizing after 12 h (data not shown). Crosslinked hydrogels turned 

transparent with a yellow tint due to the PAMAM after 1 h, and maintained their 

cylindrical shape in the absence of thermogelation (orientation and shape 

designated by the dotted line cylinder). This material is available free of charge via 

the Internet at http://pubs.acs.org.  
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Supplementary Figure 4-1. Results of histological scoring of scaffold mineralization 

(A) and bony bridging (B) across the coronal cross-section in the center of the defect 

at 4 and 12 weeks for 15 wt% TGM hydrogels and 15 and 20 wt% TGM/DBA 

hydrogels. Error bars represent the standard deviation for n = 6-7 samples. (*) and 

(#) indicates significant change across groups at same timepoint or from 4 week 

timepoint, respectively (p<0.05). 

 

 

Supplementary Figure 4-2. Representative hematoxylin and eosin stained samples 

demonstrating scores for fibrous capsule thickness and quality scoring in Table 4-4. 
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On the capsule thickness scale, A) a score of 1 demonstrating greater than 30 layers, 

B) a score of 2 demonstrating 10-30 layers, C) a score of 3 demonstrating 5-9 layers, 

and D) a score of 4 demonstrating 1-4 layers. On the capsule quality scale, A) a score 

of 1 demonstrating inflammatory cells with no connective tissue organization, B) a 

score of 2 demonstrating granulous tissue with fibroblasts and inflammatory cells, 

C) a score of 3 demonstrating immature fibrous tissue, and D) a score of 4 

demonstrating mature fibrous tissue. Scale bar indicates 50 µm. 

 

Supplementary Figure 5-1. EDX spectra of representative 20 wt% hydrogels in 

serum-containing medium for 56 days and sputtered with either gold or titanium. 
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Supplementary Figure 6-1. Scoring guides for microCT and histological staining and 

schematic for fibrous capsule scoring. 
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Supplementary Figure 6-2. A) Initial (q(i)) and equilibrium (q(e)) swelling behavior 

and B) mechanical properties after 28 days of different formulations of composite 

hydrogels with gelatin microparticles (GMP) and non-GMP-containing controls 

(blank). P-1440 and P-2600 refer to the number average molecular weight of the 

PAMAM crosslinker. All hydrogels were crosslinked at a 1:1 amine:epoxy mol 

ratio. Error bars indicate standard deviation (n=6). 

 

Supplementary Figure 6-3. A) Representative Live/Dead confocal microscopy images 

of 20 wt% groups with (bottom row) and without (top row) gelatin microparticle 
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(GMP) incorporation after culture in complete osteogenic medium for 0, 7, 14, 21, 

and 28 days. In confocal images, live cells and autofluorescing GMPs stain green, 

and dead cells stain red. Scale bar in confocal images indicates 100 µm. 

 

Supplementary Figure 6-4. Histological scoring of tissue response at the left (L) and 

right (R) interface of hydrogels with GMPs only (Gel+GMP), MSCs only 

(Gel+MSC) or both GMPs and MSCs (Gel+GMP+MSC). (*) indicates significant 

difference between the 4 and 12 week timepoints (p<0.05). Error bars indicate 

standard deviation (n=7-8). 

 

Supplementary Figure 6-5. Histological scores of fibrous capsule thickness and 

quality at two locations on the periosteal (top) and dural (bottom) sides of the 

hydrogel. Gel+GMP, Gel+MSC, and Gel+GMP+MSC correspond to hydrogels with 
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GMPs only, hydrogels with MSCs only, or hydrogels with both GMPs and MSCs. 

Error bars indicate standard deviation (n=7-8). 

 

Supplementary Figure 6-6. Representative histological cross sections stained with 

hematoxylin and eosin for scoring of fibrous capsule thickness and quality with 

respective scores. Scale bar indicates 200 µm.  
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