
ENZYME DEGRADABLE NETWORKS PREPARED 

FROM A POLY(TRIMETHYLENE CARBONATE)-

PEPTIDE BIOHYBRID 

 

 

 

by 

 

Shadi Taghavi 

 

 

 

 

A thesis submitted to the Department of Chemical Engineering 

In conformity with the requirements for 

the degree of Doctor of Philosophy 

 

 

 

 

Queen’s University 

Kingston, Ontario, Canada 

(May, 2018) 

 

Copyright ©Shadi Taghavi, 2018 



ii 

 

Abstract 

The main objective of this thesis was to develop a biohybrid network with appropriate mechanical 

properties for a range of soft connective tissue engineering applications that could be degraded solely by 

the action of the target enzymes. An α-vinyl sulfone (VS), ω-methacrylate (MA) heterobifunctional 

poly(trimethylene carbonate) (PTMC)/ poly(ethylene glycol) (PEG)-PTMC was prepared and conjugated 

to a di-cysteine containing matrix metalloproteinase (MMP)-sensitive peptide to form a curable 

prepolymer. These biohybrid formulations were designed to be cured via a simplified one-step cross-

linking process by having both the synthetic polymer and the MMP-sensitive peptide components in a 

single prepolymer. The degradation behavior and the change in moduli were assessed for the biohybrid 

networks in vitro using a proteinase-containing medium and in vivo using a Wistar rat model. Both 

studies confirmed the enzyme degradation of the biohybrid networks via the cleavage of the peptide 

component and the hydrolytic resistance of the synthetic polymer backbone and the thio-ether linkage 

over the experimental time frame. The new formulation may be able to support the lost or damaged soft 

connective tissue mechanically, with identical mechanical features, until the healing process is completed. 

In addition, a moderate tissue response was observed to the implanted biohybrid networks which was 

comparable to that observed towards a VicrylTM suture. This observation suggested that these new 

materials can be considered biocompatible for tissue engineering applications. Overall, the developed 

biohybrid formulation has shown promising in vitro and in vivo degradation and mechanical properties 

that would be suitable for soft connective tissue engineering.  
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Chapter 1 

Introduction 

The conventional treatment strategies for lost or damaged tissues attempt to reduce pain and 

restore tissue functionality. These strategies include surgical restoration, tissue transplantation, 

medical devices and permanent prostheses [1]. Transplantation is the most accepted treatment 

strategy for the lost or damaged tissues and organs. However, there are several complications 

associated with autologous and allograft tissue and organ transplantation. These complications 

include the morbidity of the donor site, infection, pain, limited source of donor tissue and host 

immunogenic responses [2]. Tissue engineering and regenerative medicine have emerged as 

alternative approaches to tissue reconstruction to overcome the limitation associated with 

conventional tissue transplantation.   

Despite the advances in regenerative medicine and tissue engineering in tissue reconstruction, 

these fields have not yet been fully successful.    This is due to the natural complexities of the 

living organs and tissues such as the existence of functional units, internal vascularization and 

reconnection to the main vascular system [3]. Nevertheless, the ultimate goal of regenerative 

medicine and tissue engineering is to be able to mimic the natural features of the extracellular 

matrix (ECM) with all its complexities.   

Producing biomaterials that exhibit the key mechanical features of the target tissue ECM, is one 

of the great challenges in tissue engineering and regenerative medicine applications. The 

implanted biomaterial must have enough mechanical integrity to function from implantation time 

to completion of the remodeling process. Host biocompatibility, an appropriate degradation 

profile, permeability by nutrients and metabolites and well-defined interaction with the target 

cells are the other key factors of the designed biomaterial for such applications. 
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Degradable polymeric biomaterials for biomedical applications have gained significant attention 

during the past two decades [4]. There are several limitations associated with the long-term 

presence of implants and devices in the body. The first limitation is the loss of functionality over 

time that happens due to the homeostatic responses to the implantation injury or the interaction 

between the implant surface and blood or surrounding tissue [5]. Health complications and/or 

implant failure are potential negative outcomes. Host reactions following implantation of 

biomaterials include blood-material interactions, inflammation, foreign body reaction and fibrous 

capsule development [6].  

The successful development of biomaterials for tissue engineering and regenerative medicine will 

require a combination of different characteristics and functionalities in order to mimic the 

complexity of the native structures.  The advantages of natural and synthetic polymers can be 

combined by creating a new biohybrid material containing peptides in the synthetic polymer 

structure. The degradation of these peptides will be controlled by cell-secreted enzymes. This 

degradation behavior will mimic the ECM remodeling process, and thereby enable migration and 

proliferation of target cells in the implanted material. On the other hand, the synthetic polymer 

will provide the mechanical strength of the biohybrid material. The combination of the natural 

and synthetic polymer will make it possible to create structures that possess enhanced bioactivity 

and improved mechanical strength.  
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Chapter 2 

Literature Review: Enzyme-degradable polymer biohybrid materials 

for tissue engineering and regenerative medicine  

 

2.1 Abstract  

The complications associated with the permanent existence of biomaterials in the living body 

emphasize the need to use of biodegradable implants in biomedical applications. Moreover, a 

well-controlled degradation of implants being used for tissue engineering applications is needed. 

This control can be achieved by utilizing the catalytic effect of enzymes secreted from target cell 

types. In fact, using an enzyme degradable system is essential for such applications to avoid the 

uncontrolled mechanical failure of commonly used hydrolytically degradable biomaterials. 

Biohybrid polymeric materials consist of naturally derived polymeric components and synthetic 

polymers. This group of polymeric biomaterials contains the advantages of synthetic polymers 

and enzyme-sensitive molecules and as such are promising candidates for tissue engineering 

applications. The synthetic polymer provides mechanical support to the tissue during the healing 

process, while the enzyme-sensitive phase provides the degradability which is controlled by the 

rate of cell growth, migration, and deposition of extracellular matrix (ECM) components.  In the 

present review the design criteria of biohybrid polymers for tissue engineering and regenerative 

medicine applications are discussed. In addition, different strategies and recent advances in this 

area are presented.  
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2.2 Introduction  

To overcome the limitations associated with conventional tissue transplantation such as morbidity 

of the donor site, infection, pain, limited sources of donor tissue and host immunogenic 

responses, tissue engineering (TE) and regenerative medicine (RM) have emerged as alternative 

approaches [2].   The term tissue engineering was proposed by Langer and Vacanti over two 

decades ago to describe a multidisciplinary research field with a focus on the development of 

biological scaffolds to improve, restore or maintain tissue function [7], [8]. By the beginning of 

the twenty-first century, the term regenerative medicine started to be used in parallel to TE to 

address the biological limitations associated with TE such as lack of functional microvasculature 

systems and cell binding motifs in respect to scaffold materials [3], [9]–[11].  

A general strategy in TE and RM is to replace the lost or damaged tissue with an engineered 

construct that allows for cell attachment, proliferation and differentiation [12]. Scaffolding 

materials are used in TE and RM approaches to deliver cells and biomolecules, to maintain their 

bioactivities, and to provide mechanical support during tissue reconstruction [13]. Providing an 

environment that allows the cells to function as they do in the native tissue has emerged as a key 

factor in TE and RM [14]. As such, the materials used to form the scaffolds must mimic different 

aspects of the extracellular matrix (ECM) in order to provoke specific cellular responses and 

redirect new tissue formation [2], [15].  These aspects include the mechanical properties, cell-

scaffold interactions, and degradation behavior of the innate ECM [4], [16]–[21]. In addition, an 

appropriate cell type must be populated in the scaffold that is determined by the tissue being 

replaced.  

Despite the advances in TE and RM towards tissue reconstruction, these fields have not yet been 

fully successful.  This lack of success is mostly due to the complexities of the native tissues that 

cannot be effectively mimicked by current strategies [3]. One of these complexities is the 

stiffness of the ECM that has essential effects on cell behavior [22]. The stiffness is mainly 
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expressed by the Young’s modulus which is a measure of the elasticity of the tissues or 

biomaterials being used in TE applications [23]. For load-bearing soft connective tissue 

engineering the compression characterization of the biomaterial must be considered due to the 

dominant compressive stresses in these tissues. Compressive modulus is theoretically equal to the 

Young’s modulus that is a better representative for load-bearing soft connective tissues [23]. 

Cells in soft connective tissues are normally exposed to tensile and compressive stresses [24]. 

The moduli and the function of selected human soft tissues are listed in Table 2.1.  

 

 

Table 2.1. Compressive and Young’s moduli of human soft connective  

Tissue 
Compressive 

modulus (MPa) 

 Young’s 

modulus (MPa) 
Function Reference 

Articular cartilage 7-10 
 

1-10 
Lubrication, shock 

absorbance 
[25] 

Intervertebral discs 0.12-29 
 

0.12-17 
Lubrication, shock 

absorbance 
[26] 

Fat 0.002-0.012 

 

0.001-0.012 

Heat insulation, 

mechanical protection and 

padding, endocrine tissue 

[27], [28] 

Ligament - 
 

1.2-1.8 
Withstanding tensile load 

to stabilize joints  
[25] 

 

 

To date, a wide range of natural and synthetic scaffolding materials have been designed and 

investigated for TE and RM applications. Natural polymers used in such applications include 

those extracted from the native ECM, such as collagen, fibrin, elastin, and hyaluronic acid. Other 

natural polymers used include those obtained from non-physiological sources, such as alginate, 

chitosan, silk, and hydrophobic polymers such as poly(hydroxyalkanoates) (PHAs) [29]. 

The major problem with most of the naturally derived materials is that their mechanical moduli 

do not match that of most soft connective tissues, and the batch-to-batch variability. On the other 
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hand, hydrophobic natural polymers such as PHAs have mechanical moduli on the order of MPa 

and so may be suitable for some soft connective tissue engineering applications, but have 

uncontrolled degradation rates [30]. PHAs are degraded by a slow hydrolytic chain scission 

process in the amorphous regions which is continued by the action of non-specific lipases and 

serine esterases in vivo [31], [32].  

Various synthetic polymers have been investigated as scaffolds for tissue engineering 

applications. Synthetic polymers are more readily processed into structures with a well-defined 

geometry. Their composition and molecular weight can be readily manipulated and the rate of 

their biodegradation can be tuned by modulation of the polymer composition [33]. Poor cell-

scaffold interaction, due to the lack of cell-recognition sites, is the biggest disadvantage of 

synthetic polymers. Such cell-recognition capability of naturally-derived macromolecules is due 

to the existence of functional biological residues in key positions to interact with the target 

proteins and cells [34].  

The successful development of polymeric biomaterials for tissue engineering and regenerative 

medicine will require a combination of different characteristics and functionalities in order to 

create scaffolds that mimic the complexity of native structures [35].  The advantages of natural 

and synthetic polymers can be combined by creating biohybrid materials containing naturally-

derived molecules in the synthetic polymer structure [36]. The term biohybrid polymers was first 

introduced by B.K.G. Theng in 1970 to define an emerging group of materials consisting of the 

combination of naturally derived polymers and inorganic materials [37]. Nowadays, the term 

biohybrid polymer is used to define a polymeric structure that is composed of both natural and 

synthetic polymers [38]. Figure 2.1 shows schematic illustration of different biohybrid polymer 

configurations.  
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Figure 2.1. A schematic of a biohybrid polymer structure configurations. 

 

 

The degradation of enzyme-degradable biohybrid polymers is designed to be controlled by cell-

secreted enzymes that catalyze the hydrolysis of the naturally-derived molecules along their 

backbone. This degradation behavior is designed to mimic the natural ECM remodeling process, 

and thereby enable migration and proliferation of target cells in the implanted material and 

deposition of the native ECM. The synthetic polymer, on the other hand, provides the necessary 

mechanical strength as well as processability. Thus, the combination of natural and synthetic 

polymers makes it possible to create structures that possess both enhanced bioactivity and 

appropriate mechanical properties. 

Synthetic polymers Naturally derived molecules

Biohybrid polymer

CopolymersNetworks Composites
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In this chapter, different strategies to make polymer biohybrid materials are reviewed. Previously 

studied approaches to achieve the design criteria discussed above are discussed to summarize the 

current state of such biomaterials. Finally, the underexplored aspects of the enzyme degradation 

process have been emphasized for future attention. 

 

2.3 Design criteria in tissue engineering and regenerative medicine 

There are several requirements to be considered in biohybrid polymer design for tissue 

engineering and regenerative medicine applications. The engineered biomaterial must mimic 

different aspects of the target ECM in order to provoke specific cellular responses and direct new 

tissue formation [2]. One of these aspects is the mechanical properties of the native ECM [17]. 

Mimicking the mechanical properties of the target ECM not only affects stem cell differentiation 

and ECM production but also controls cell behavior to avoid initiation of a number of diseases 

such as cancer [15]. Other aspects to consider are material degradation behavior, cell-biomaterial 

interactions, and whether a minimally invasive strategy to implant the biomaterials is necessary. 

Herein, two main design criteria, mimicking the biomechanics and the remodeling of the ECM, 

have been briefly reviewed.  

2.3.1 Mimicking the biomechanics of the ECM  

The extracellular matrix (ECM) is the interstitial environment between cells, which provides 

mechanical and biochemical support to the surrounding cells. The ability of various tissues to 

withstand physiological forces depends on the composition and structural integrity of their ECM 

[39]. ECM biomechanics regulate a number of cellular behaviors such as proliferation, migration, 

and morphogenesis. The cellular synthesis and remodeling of the macromolecules of the tissue 

are also affected by ECM biomechanics [40]. Cells can sense and respond to the mechanical 

stimulation of the surrounding microenvironment and transduce the mechanical signals into 

biochemical and molecular responses. This process is referred to as mechanotransduction (Figure 
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2.2) [41]. The biomechanical properties of the ECM determine the external forces that a cell 

experiences. Cells feel these forces via mechanosensors in the actomyosin cytoskeleton that link 

with the ECM [42]. The transmembrane receptors, integrins, are important mechanoreceptors that 

can be activated under a variety of intracellular signal cascades and which also facilitate the 

attachment of the cells to the surrounding microenvironment [43]. Integrin clustering develops 

nascent adhesions (NA) that can mature to focal complexes (FX) and focal adhesions (FA) via 

actomyosin contractility. Actomysin contractility in turn is controlled by ECM stiffness, cell 

shape, or external application of force. Integrin clustering can induce Ras homolog gene family, 

member A (RhoA) signaling by increasing myosin contractility, which leads to unfolding of 

proteins and the regulation of the cell shape [41]. RhoA is a small protein in the Rho family 

which is associated with cytoskeleton regulation. Nesprins or nuclear envelope spectrin-repeat 

proteins (N) are tied to the actomysin cytoskeleton and transmit the mechanical signal to the 

nucleus [44]. The nucleus and surrounding organelles including Golgi apparatus (Golgi), 

mitochondria (Mit.), and rough and smooth endoplasmicreticulum (rER/sER) are interconnected 

by filaments and microtubules [41]. Changing cell shape or contractility by nesprins can alter the 

spatial localization of organelles and induce conformational changes on nuclear pores which 

regulate the transportation of molecules between the nucleus and the cytoplasm [41].  
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Figure 2.2. Mechanotransduction at the nucleus and at the focal adhesion; black lines 

indicate the integrin clustering that can be modified by stiffness, cell shape, or external 

forces. This process forms nascent adhesions (NA) and mature to focal complexes (FXs) and 

focal adhesions (FA). The nucleus is interconnected with Golgi apparatus, Mitochondria 

(Mit), rough and smooth endoplasmicreticulum (rER/sER), intermediate filaments and 

microtubules. Nesprins (N) maintain the cellular architecture by linking nucleus and 

subcellular domains, Figure adapted from [41]. 
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There are rapid and long-term responses to mechanical stimulation that can occur within seconds 

and over months, respectively. The rapid responses are based on intracellular signaling pathways, 

such as changes in intracellular calcium concentration or regulation of membrane ion channels 

that happens in a short time and leads to flow changes in the membrane [43].  Long-term 

responses that are crucial in tissue remodeling include changes in cell orientation and shape and 

changes in ECM production and composition [43]. The mechanical load that is applied to the 

tissue will be distributed and absorbed differently based on the nature of the tissue and its ECM 

component distribution. The composition of the ECM is also dependent on the previous 

mechanical loads that the cells have been exposed to [43]. For example, in regions in articular 

cartilage that are exposed to more loading, the ECM is thicker and has a higher proteoglycan 

content [45]. ECM stiffness is another important parameter in controlling cell fate and stem cell 

fate [46]. Gobaa et al., has demonstrated that the osteogenic differentiation index of human 

mesenchymal stem cells (MSCs) increased by increasing the crosslink density and stiffness of a 

poly(ethylene glycol) (PEG)-based substrate [46]. Furthermore, it has been shown by Navaro et 

al. that a lower matrix stiffness induced nucleus pulposus (NP)-derived stem cells differentiation 

toward a chondreogenic lineage, while a higher stiffness induced differentiation toward a 

osteogenic lineage [47]. 

 

Producing biomaterials that exhibit the key mechanical features of the target tissue ECM is one of 

the great challenges in tissue engineering and regenerative medicine. The implanted biomaterial 

must have enough mechanical integrity to function from implantation time to completion of the 

remodeling process. A successful approach in such applications requires a thorough 

understanding of the native tissue mechanics.  
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2.3.2 Mimicking the remodeling of ECM 

Reorganization or renovation of existing tissues is called remodeling, which happens due to the 

secretion of certain ECM proteins by activated cells.  Matrix metalloproteinases (MMPs) are 

proteolytic proteins that play a key role in hydrolysis of ECM components and affect the cellular 

activities and remodeling of the tissue [48]. The level of MMP activity can be controlled by 

secretion of tissue inhibitors of metalloproteinases (TIMPs). The extent of tissue remodeling is 

modulated by the balance between MMPs and TIMPs [49]. It is desirable that the implanted 

polymeric scaffold is replaced with functional ECM that is representative in composition to 

native ECM during the reconstruction process. For this aim, the implanted scaffold should be 

degraded via the natural degradation mechanism of ECM. In tissue engineering and regenerative 

medicine the cells that are seeded in the scaffold play an essential role in degradation of the 

biomaterial and deposition of the newly generated ECM components. The native remodeling 

process can be mimicked in such scaffolds by the cell’s ability to balance the formation of the 

new tissue and the degradation of the biomaterial. 

 

2.4 Enzyme-degradation of biohybrid polymers  

Uncontrolled degradation of the polymer used to form the scaffold is not favorable for TE 

applications since it affects the mechanical stability of the implanted scaffold and causes scaffold 

mechanical deterioration before the completion of the tissue regeneration. A polymeric 

biomaterial is called biodegradable when it starts to break down gradually due to biological 

activities after a temporary period of function. Afterwards, the degradation products should be 

safely eliminated from body [50]. The degradation process can affect a range of events such as 

cell growth and host response. Thus, this process must be well understood for selecting and 

designing materials for specific applications.  
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There are a number of physical and chemical polymeric biomaterial degradation mechanisms 

such as dissolution, stress/fatigue cracking, hydrolysis, oxidation, and enzymatic degradation 

[51]. Among all these mechanisms enzyme-degradation has been extensively investigated over 

the last two decades as a promising strategy to have well-controlled degradation of polymeric 

biomaterials for biomedical applications [52].  Collagen [53], [54], elastin [55], elastin-like 

peptide [56], [57], natural and synthetic poly(amino acids), albumin,  fibrin [58] and 

polysaccharides such as hyaluronic acid [59]–[61], chondroitin sulfate [62], chitin and chitosan 

[63] are the most studied enzyme-degradable naturally derived polymers in biomedical 

applications. Within these polymers, the amide bonds of proteins and glycoside bonds of 

polysaccharides are the main cleavable sites [64]. These sites are cleaved via hydrolysis catalyzed 

by enzymes known as hydrolases [65]. This class of enzymes includes glycosidases, proteases, 

and esterases.   

The best strategy in TE applications is to utilize a degradation mechanism that is controlled by 

cell-secreted factors. In this way, the degradation rate of the scaffold would match the formation 

rate of the tissue [66]. Cell-secreted enzyme catalyzed degradation of the scaffold can ensure that 

mechanical support to the damaged tissue is maintained during the healing process.  The enzyme-

mediated degradation rate depends on the number of cells and their enzyme secretion rate. The 

target tissue cells also secrete ECM components to replace the implanted material while the 

degradation is happening. The regenerated tissue will then provide the mechanical support that 

was temporarily provided by the implanted biomaterial.  

Enzyme-catalyzed degradation of polymeric biomaterials under in vivo conditions is a very 

complicated process. This is due to the complex chemistry of body fluids and the inflammatory 

response around the implanted site. Enzyme-catalyzed hydrolysis of polymeric biomaterials 

involves four steps. First, the enzyme must diffuse through the solution to the polymer surface. 

Second, the enzyme adsorbs to the polymer surface. Third, the enzyme acts as the catalyst for the 

https://en.wikipedia.org/wiki/Glycosidic_bond
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hydrolysis reaction. Finally, the soluble products of the degradation diffuse from the polymeric 

substrate to the surrounding solution. Among the four steps, the slowest process determines the 

hydrolysis rate [50].  Therefore, this rate is affected by the physiochemical characteristics of the 

polymeric substrate as well as the enzyme characteristics. The other factors that affect both 

substrate and enzyme properties include the medium conditions, and the presence of stabilizers, 

activators or inhibitors. Chemical modification of the polymer can also affect the enzyme 

adsorption (for elastomers)/absorption (for hydrogels) and degradation rate including 

crosslinking, and removal or addition of chemical groups in the polymer chain [50]. For example, 

higher degrees of deacetylation or higher crosslink density can decrease the enzymatic 

degradation of chitosan due to the lower activity of lysozyme which is responsible for the in vivo 

degradation of peptidoglycans and chitin materials [50]. 

 

2.5 Enzyme-degradable biohybrid polymers 

Enzyme-degradable biohybrid polymers for soft connective tissue engineering applications can be 

formed by combining the degradability features of naturally derived components with the well-

defined mechanical characteristics of synthetic polymers [67]. There are two main fabrication 

strategies to fabricate biohybrid polymeric materials. A naturally derived polymer can be blended 

with a synthetic polymer to form a composite structure or to form a network by crosslinking, 

ionic bonding, hydrogen bonding, and/or hydrophobic interactions [68]. Alternatively, naturally 

derived molecules can be directly attached to synthetic polymer molecules to form a single hybrid 

macromolecule that can be crosslinked or self-assembled after conjugation to form a biohybrid 

network. The attachment of the natural component can be achieved via grafting, end group 

attachment, or backbone incorporation [69]. The advantage of biohybrid blends over biohybrid 

single macromolecules is a simplified fabrication process with no need for multiple addition of 

side/end reactive groups. However, for this group of biohybrid polymers differently 
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functionalized polymers must first be prepared, which require mixing to achieve effective 

crosslinking. On the other hand, the main obstacle to the use of the single biohybrid 

macromolecules is the complication associated with the addition of reactive side/end groups.  

However, networks can be formed of this group of biohybrid polymers via a simplified one or 

two-step crosslinking process.  

 

Poly(ethylene glycol) (PEG) [70]–[79], poly(-caprolactone) (PCL) [80],  poly(lactic acid) (PLA) 

and related polymers such as poly(L-lactic acid) (PLLA) [81]–[84], poly(glycolic acid) (PGA) 

[85]–[87], poly(trimethylene carbonate) (PTMC) [88], and poly(N-isopropylacrylamide) 

(PNIPAM) [89]–[92] are the most studied synthetic polymers in the field of TE and RM to form 

biohybrid systems by being combined with enzyme degradable natural polymers. Table 2.2 

contains a list of recent biohybrid approaches investigated in vivo for tissue engineering and 

regenerative medicine applications, their Young’s moduli in comparison to those of the native 

target tissue, and the reported degradation time.   

 

 

Table 2.2. Some biohybrid polymers investigated in vivo for tissue engineering applications 

and their Young’s moduli in comparison to the target tissue. 

 

Strategy Hybrid polymer E (MPa) Target tissue 
Native E 

(MPa) 
Ref. 

Blend 

PLGA/gelatin 0.02 
Articular 

Cartilage 
7-10 [93] 

PLGA/collagen - 
Articular 

cartilage 
7-10 [94] 

Poly(ester urethane)urea 

(PEUU)/dermal ECM 
0.04-0.19 Abdominal Wall 0.008-8.3 [95] 

PCL/alginate - Cartilage 7-10 [96] 

End group 
PEG/MMP-sensitive 

peptide 

0.005-

0.02 
Liver 0.001-0.01 [72]–[75] 
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2.5.1 Biohybrid polymer composites of naturally-derived and synthetic polymers  

In this method the naturally derived and synthetic polymers are combined into one versatile 

material. For this aim, the different components are mixed alone or in a common solvent. If a 

common solvent is being used, the solubility of different components in water or organic solvents 

can be modified by forming a soluble derivative or by shortening the length by degradation [68]. 

This group of biohybrid polymers can be divided into two subgroups: non-crosslinked composites 

and crosslinked networks.  

The biohybrid composites consist of non-covalently crosslinked natural and synthetic polymer 

blends. As an example, a collagen solution in 1% acetic acid was freeze-dried and mixed with 

PCL dissolved in dichloromethane (DCM) to form a hybrid composite film of collagen and PCL 

after solvent evaporation [97]. Fibroblasts attached and proliferated on the composite films 

suggesting that can be used as tissue engineered skin substrates [97]. As another example, a 

gelatin-PLGA composite scaffold was developed for tissue engineering of articular cartilage [93]. 

For this purpose, a gelatin solution was prepared in distilled water at 60 °C and then mortared 

with PLGA at 35 °C until a homogeneous gelatin-PLGA suspension was prepared. The 

suspension of 2.5 g gelatin and 0.5 g PLGA in 50 mL water was freeze dried following 

solidification in a silicone mold then seeded by porcine chondrocytes by mixing with 2 mL of the 

cell suspension (1 × 106 cells ml−1). Sulfated glycosaminoglycans (sGAGs) content and type-II 

collagen amount increased over 2 weeks, which both verified the deposition of cartilage specific 

ECM in the seeded scaffold.   The Young’s modulus of the gelatin-PLGA composite scaffolds 

decreased from 22.7 kPa to 5.1 kPa over 42 days of degradation. These moduli values are much 

lower than the one of native articular cartilage. However, the simultaneous deposition of cartilage 

ECM can take up some of the necessary load. 
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The natural and synthetic polymer blends can also be separately crosslinked to form co-

continuous networks. As an example, terminally acrylated star copolymers of poly(ε-

caprolactone-co-D,L-lactide) P(CL-co-LA) and poly(ε-caprolactone-co-trimethylene carbonate) 

(PCL-co-PTMC) (8-11 kDa) were blended with N-methacrylate glycol chitosan in aqueous 

solution that also contained the photo initiator Irgacure 2959 [98]. Chondrocytes were suspended 

in the N-methacrylate glycol chitosan (MGC) solution and then mechanically mixed with the 

viscous liquid acrylated star-copolymers to form a homogenous and injectable mixture that was 

crosslinked by exposure to long-wave UV light to form a co-continuous network consisting of an 

interconnected hydrogel within an interconnected elastomer. The chondrocytes stayed viable and 

were able to produce cartilaginous ECM components in the hydrogel-elastomer scaffolds. The 

equilibrium moduli of the interconnected hydrogel was reported to be 1-2 MPa, which is suitable 

for articular cartilage and intervertebral disc replacement (Table 2.1). The morphology of the 

stained scaffolds is illustrated in Figure 2.3. However, the ester linkages along the polymer 

backbone are susceptible to uncontrolled hydrolytic degradation. The other potential disadvantage 

of the use of PLA and PCL is the formation of acidic degradation products that may decrease the 

cellularity as a function of time.  
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Figure 2.3. Post-injection and photo-cross-linking morphology of scaffolds stained with 

trypan blue to highlight the MGC phase in: (B, C) PCL-co-PLA, (D, E) PCL-co-PTMC. 

Scale bar 1000 μm [98]. 

 

 

2.5.2 Biohybrid single polymers 

The other strategy to make biohybrid polymers is to covalently bind the natural and synthetic 

macromolecules together. The methods used include grafting, crosslinking through end group 

modification, and backbone incorporation of natural and synthetic polymers [69]. A schema of 

the covalent incorporation of synthetic and natural macromolecules is shown in Figure 2.4. 
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Figure 2.4. Incorporation of natural and synthetic macromolecules by grafting (a), 

crosslinking through end group (b), and backbone incorporation (c). 

 

 

 

2.5.2.1 Grafting 

Naturally derived and synthetic polymers can be covalently bound together via side-chain 

attachment or grafting. The functional side-chain groups either on the backbone of the synthetic 

polymer or the natural molecule can be designed to react to the other group of molecules after 

activation. For example, an MMP-sensitive transglutaminase (TG)-PEG was synthesized by 

mixing eight arm PEG containing factor XIIIa substrate peptides with either a glutamine acceptor 

or a lysine donor with an additional MMP-sensitive linker to mimic the mesenchymal stem cell 

(MSC) perivascular niche [99]. Growth factors were immobilized in this PEG-based perivascular 

niche model and, due to the structural transparency, cellular behaviors such as proliferation, 

spreading, and migration could be monitored throughout the experiment duration. This approach 

provides a promising platform for studying stem cells in their niches. Cook et al. demonstrated 

that using an arginine-glycine-aspartic acid (RGD) peptide-modified poly(lactic acid-co-lysine) 

Functional group

Naturally-derived componentSynthetic polymer

Functional group

(a) (b) (c)
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(PLAL) substrate resulted in better ECM production and proliferation of bovine aortic endothelial 

(BAE) cells compared to the unmodified PLAL [100]. The objective of their study was to provide 

an initial mechanical support for viable cells consisting of a degradable substrate until the cells 

could proliferate and generate ECM similar to that of the native tissue. They showed that the 

mean spread cell area increased 5.2 times on the peptide modified surface compared to 1.1 times 

on the unmodified PLAL surface after 4 h of incubation [100]. The disadvantage of this strategy 

is that PLAL undergoes hydrolysis via degradation of the ester bond in the polymer backbone, 

which may result in an uncontrolled mechanical failure. 

Wiltsey et al. fabricated a thermogelling bioadhesive scaffold for intervertebral disk tissue 

engineering by covalently grafting poly(N-isopropylacrylamide) (PNIPAAm) to chondroitin 

sulfate (CS) (PNIPAAm-g-CS) [101], [102]. A schema of the CS grafting is illustrated in Figure 

2.5. To accomplish this objective, redux polymerization of NIPAAm monomer was performed in 

the presence of methacrylated CS and a lightly crosslinked network was formed in which the 

propagating NIPAAm groups reacted across the MA groups.  The stiffness of the hydrogels 

increased with increasing molar ratio of NIPAAm units to CS chains and was in the range of 

5─6.7 kPa. The reported stiffness of this hydrogel is not high enough to withstand the natural 

forces of some load-bearing soft tissues such as articular cartilage. However, this value is suitable 

for NP tissue engineering (Table 2.1). The potential cytotoxicity of the degradation products is 

another issue with this group of networks that needs to be investigated [103].  
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Figure 2.5. Schematic of CS grafting onto PNIPAAm. The molar ratio of the PNIPAAm 

units to the CS chains was between 600:1 and 4000:1. Figure adapted from [102]. 

 

 

 

2.5.2.2 Crosslinking through end group modification 

Naturally derived polymers and synthetic polymers can be crosslinked to form a biohybrid 

network. For this aim, the end groups of the polymer chains or the pendant groups are 

functionalized to react to the other group of polymers. PEG-based hybrid polymers prepared by 

this method have been widely used in tissue engineering and regenerative medicine [104]. PEG-

albumin [67], PEG-hyaluronic acid [68], and oligo(PEG-fumarate) crosslinked by cell-binding 

peptides [73]–[75] are some examples of this group of hybrid polymers. End-functionalized 

multi-arm PEG has been reacted to a cysteine-containing  MMP-sensitive peptide to form a 

biohybrid network in a number of publications [72], [73], [75], [105]–[108]. The common 

functional groups that are used in such strategies are maleimide, acrylate, methacrylate, and vinyl 

sulfone which can react to a thiol group via Michael-type addition reaction [109]. Generally, the 

PEG-based hydrogels have low moduli in the order of tens to hundreds of kPa. For example, 

Lutolf et al. developed a cell-adhesive MMP-sensitive hydrogel by crosslinking through end 

group modification [107]. A schema of the biohybrid hydrogel formation is presented in Figure 

2.6. The mechanical features of the final network were not investigated in this study. However, 
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they have shown in another study that the networks prepared with 8-arm PEG had higher elastic 

moduli compared to the ones prepared with 4-arm PEG due to a higher crosslink density in 8-arm 

PEG hydrogels [79]. The elastic moduli of such networks was reported to be in the range of 4─14 

kPa which is weaker than those of many soft connective tissues. This range of moduli can be used 

in the skeletal muscles or fat tissue engineering.  

 

 

 

 

Figure 2.6.  Michael type addition reaction between vinyl sulfone functionalized 4-arm PEG 

and mono-cysteine adhesion peptides or bis-cysteine MMP-sensitive peptides. Figure 

adapted from [107]. 

 

 

 

To improve the mechanical properties of the PEG-based hydrogels for connective soft tissue 

engineering, PEG can be copolymerized with other polymers such as poly(trimethylene 

carbonate) (PTMC). 4-arm PEG was used as an initiator to polymerize PTMC and form a block 

copolymer that was crosslinked by using MMP-sensitive peptide as a cross linker to form a tough 

and enzyme-degradable structure [88]. PTMC was chosen for this purpose because it undergoes 
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very slow hydrolysis in biological environments [110] and so the degradation of the biohybrid 

hydrogels are controlled by the enzyme actions and cleavage of the MMP-sensitive peptide. The 

compressive moduli of the hydrogels made with different molecular weights of PTMC block was 

reported from 0.17 ± 0.04 MPa to 3.75 ± 0.54 MPa. The incorporation of PTMC block possessing 

4 repeating unit to the 4-arm PEG increased the modulus of the hydrogel by 6 times. 

 

 

2.5.2.3 Backbone incorporation 

The formation of block copolymers of natural and synthetic polymers is the other strategy of 

biohybrid polymers fabrication. As an example, Peters et al., investigated the ability of EPCs to 

form vessels within an engineered cell-adhesive and enzyme degradable PEG-based hydrogel 

[74]. An acrylated diblock copolymer of PEG and an RGD peptide plus an acrylated triblock 

copolymer of PEG and an MMP-sensitive peptide along with endothelial progenitor cells (EPCs) 

were mixed and crosslinked via a mild process [74]. Acrylate-PEG-succinimidyl valerate (Acryl-

PEG-SVA) was reacted to RGD in a basic solution to form an Acryl-PEG-RGD. Similarly, 

MMP-sensitive peptide, (abbreviated as PQ) was reacted to Acryl-PEG-SVA at the C-and N-

termini to form Acryl-PEG-PQ-PEG-Acryl. The schematic illustration of the resulting network is 

presented in Figure 2.7. The cells were encapsulated in a solution of the prepolymer dissolved in 

X and mixed with a photo initiator  solution (0.11 M triethanolamine with 0.02 mM eosin Y, and 

9.4 M 1-vinyl-2 pyrolidinone) and then photo-cured by exposure to white light 120 mW/cm2 for 

40 s. In this study the ability of EPCs to form a vessel in a tissue engineered PEG hydrogels with 

a compressive modulus of 18 ± 5 kPa was investigated. The MMP-sensitive peptide was 

incorporated to the backbone to confer a cell-responsive degradation. They demonstrated that the 

EPCs formed a 3D stable microvessel network in the absence of angiogenic growth factors. The 

cell viability following crosslinking and the change in mechanical properties over degradation 
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were not reported. The initial stiffness of these networks is suitable for some connective tissue 

engineering such as fat tissue. However, this value was much lower than those of load-bearing 

soft connective tissues, which would limit the application of such biohybrid material.  

 

 

 

 

 

 

Figure 2.7. Schematic of PEG hydrogel system made of heterobifunctional PEG, MMP-

sensitive peptide (PQ), and RGD peptide. Figure adapted from[74]. 

 

 

 

 

2.6 Host tissue interaction with implanted biomaterial 

There is a range of difference immune responses to the implanted scaffolds in tissue engineering 

and regenerative medicine. The scaffolds that are constructed by using synthetic or biological 

materials or derived from allogenic and xenogeneic tissues provoke different immunogenicity of 

the native tissue that are not the main focus of this review  [111]. Synthetic biomaterials are 
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among the most immunogenic biomaterials that can activate the innate immune system by 

triggering pathogen-associated molecular proteins [111]. 

There are many different proteins in blood plasma which depending on the nature of the 

biomaterial can be adsorbed to the surface of the implanted construct as the first interaction of the 

host tissue with the biomaterial, when it is implanted in the vascular tissues. In fact, the protein 

adsorption translates the structure and the composition of the implanted biomaterials to the 

corresponding cells [112]. This protein adsorption is followed by and affects the adhesion, 

proliferation, and differentiation of certain cell types that can influence the immunogenicity of the 

native tissue [106]. The cellular behavior followed by the protein adsorption can also influence 

the enzymatic degradation of the biomaterial [45]. For example, adsorption of fibronectin and 

vitronectin promotes the adhesion and spreading of specific cells such as fibroblasts and 

macrophages which secrete ECM remodeling enzymes [113].   

 

 

2.7 Conclusion and perspectives 

Biohybrid polymers, possessing the advantages of naturally-derived macromolecules and 

synthetic biopolymers, have gained much attention in the fields of tissue engineering and 

regenerative medicine during the past two decades. This group of biomaterials are promising for 

the reconstruction of many different types of damaged or lost tissues. However, the present 

literature on enzyme degradable biohybrid polymers lacks investigations of in vivo degradation 

profiles, the necessary moduli to match those of the various soft connective tissues, and the 

changes in the mechanical properties of these materials following implantation. With this 

knowledge, a library of cell-responsive, biodegradable, and though biohybrid polymers for 

applications in different soft connective tissue engineering and regenerative medicine applications 

would be possible.  
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Chapter 3 

Scope 

3.1 Proposed approach 

The focus of this study was on developing an enzyme-degradable network for soft connective 

tissue engineering applications. To date, none of the tissue engineering approaches in soft 

connective tissue regeneration have been able to provide the mechanical, degradation, and 

biological aspects of the scaffold simultaneously. In this project, the first two aspects of such a 

material have been examined. It was a principal objective of this project to create a network 

degradable solely by enzyme action, such as it would be expected from cell growth and migration 

[98], [114], [115].  

This work was guided by two hypotheses. It was hypothesized that networks prepared from end-

functionalized poly(trimethylene carbonate) (PTMC) and peptide conjugates would have 

appropriate mechanical properties for use in soft connective tissue engineering. It was also 

hypothesized that the resulting network would be solely degraded by enzymes. 

The approach involved development of a PTMC-based network that could be enzymatically 

degraded. The rationale of this approach was to maintain the mechanical properties of the 

network until the cells produce sufficient ECM to take up the applied loads. This aim is not 

reachable if any other cleavage mechanism dominates the final degradation rate [116]. To provide 

enzyme degradability a collagenase-cleavable (MMP-sensitive) peptide was conjugated to 

PTMC. PTMC was chosen because it has attractive mechanical properties for biomedical 

applications, as it has a rubbery and flexible structure at body temperature [117]. Furthermore, the 

carbonate linkage in PTMC undergoes a very slow degradation via hydrolysis [19], [118]. In this 

way, the degradation rate of the network was controlled by the cellular enzyme production rate. 

The PTMC degradation products were designed to be less than 1300 Da, as it has been shown 
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previously that this low molecular weight PTMC is water soluble and can be eliminated from the 

body [110]. The final structure was a PTMC-peptide-PTMC triblock copolymer that was curable 

via free radical polymerization.  

Two different approaches were explored to form PTMC-peptide networks. In the first approach, 

dual-functionalized PTMC was initially prepared having a vinyl sulfone (VS) at one end and a 

methacrylate (MA) at the other end. The VS enabled coupling of the PTMC to an MMP-sensitive 

peptide by reaction with the thiol group on a cysteine residue added to the peptides via Michael 

type addition of thiol to the activated olefin [119], while the MA enabled cross-linking of the 

resulting copolymers by free radical polymerization [120]. The thiol group on the cysteine amino 

acids preferentially reacted to the vinyl group of the VS end due to the steric hindrance of the 

methyl group on the MA end. Free radical polymerization was chosen in this design not only 

because of the fast and controllable crosslinking but also due to its ability to be carried out under 

ambient or physiological conditions [121]. In the second approach, a diblock of poly(ethylene 

glycol) (PEG)-PTMC was first formed and then end functionalized as in the first approach (i.e. 

one terminus with a VS group and the other with MA group). The addition of hydrophilic PEG to 

the hydrophobic PTMC backbone yielded an amphiphilic copolymer with an improved water 

solubility with aqueous crosslinking potential.  

 

3.2 Objectives 

 The main objective of this work was to develop a biohybrid network with mechanical properties 

suitable for soft connective tissue engineering strategies that is degradable by matrix 

metalloproteinases (MMPs). Towards this objective, three specific aims were examined: 

Specific Aim 1: Synthesis and in vitro characterization of a PTMC-based hybrid network.  

A heterobifunctional MA-PTMC-VS was synthesized, that could be readily conjugated to a 

MMP-sensitive peptide, and form a crosslinkable triblock biohybrid prepolymer. A number of 



 

28 

 

different molecular weights were prepared to study the effect of the PTMC block molecular 

weight on compressive moduli and in vitro degradation of the biohybrid networks. The structure, 

purity, water solubility, and thermal properties of the final prepolymer were characterized along 

with the stiffness, water content, and in vitro degradation of the biohybrid network.  

Specific Aim 2: Synthesis and in vitro characterization of a PEG-PTMC hybrid network. 

A heterobifunctional MA-PEG-PTMC-VS was synthesized, that could be readily conjugated to a 

MMP-sensitive peptide, and form a crosslinkable biohybrid prepolymer. The prepolymer and the 

networks prepared were characterized in vitro. The effect of the PEG addition on the compressive 

modulus and in vitro degradation of the biohybrid network was studied.  

Specific Aim 3: In vivo degradation, mechanical property change assessment and tissue 

response to the networks prepared with chosen molecular weight PTMCs and PEG-

PTMCs. 

The tissue response following the implantation of the biohybrid networks and their degradation 

rate in a rat model were investigated following subcutaneous implantation in Wistar rats.  
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Chapter 4 

Enzyme-degradable poly(trimethylene carbonate)-peptide biohybrid 

networks 

An enzymatically degradable poly(trimethylene carbonate) (PTMC)-based hybrid network was 

developed with potential applications in soft connective tissue engineering. An α-vinyl sulfone 

(VS), ω-methacrylate (MA) heterobifunctional PTMC was prepared and conjugated to a di-

cysteine containing matrix metalloproteinase (MMP)-sensitive peptide to form a curable triblock 

prepolymer. This prepolymer was photo-cured to form a biodegradable network. Three different 

number average molecular weights (500, 1100 and 1800 Da) of the heterobifunctional PTMC 

were used to adjust the mechanical properties and degradation rate of the networks prepared. The 

enzymatic degradation of the resulting networks was studied in vitro over 15 weeks. Networks 

prepared with PTMC-peptide conjugates with lower PTMC molecular weight showed higher 

water uptake, lower compressive moduli and faster degradation rates. 500 Da Poly(ethylene 

glycol) (PEG) was added to PTMC 1100 Da to improve its water solubility and study the effect of 

PEG addition on degradation of the hybrid network. This addition increased the water solubility 

of the biohybrid compound and the water content of the networks from 19 ± 1% to 69 ± 5%. A 

mass loss of 74 ± 2% was observed over 4 weeks of degradation in a collagenase-containing 

medium, whereas the mass loss of the networks prepared with PTMC 1100 Da was 18 ± 4% over 

the same period of time. The addition of PEG to the PTMC backbone also decreased the 

compressive modulus of the networks from 6.4 ± 0.7 to 1.1 ± 0.6 MPa.  
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4.1 Introduction  

Tissue engineering is a multidisciplinary research field that aims to develop biological substitutes 

to improve, restore or maintain a tissue function. A common tissue engineering approach is to 

combine host-derived cells with a polymer scaffold that supports cellular function. An objective 

of many tissue engineering strategies, then, is to create suitable polymer scaffolds [7]. The most 

challenging features to be designed into these polymers are a stiffness equivalent to that of the 

tissue and a well-controlled degradation behavior [124]. 

The mechanical properties of the cell microenvironment control a number of cellular functions 

including proliferation, migration and morphogenesis [39]–[41]. This microenvironment includes 

the extracellular matrix (ECM), which determines the structure and mechanical properties of the 

tissue. The ECM mechanical properties regulate the behavior of different cells within the tissue 

[125], [126] and changes in these properties can initiate diseases [127]–[131]. For example, it has 

been shown that under otherwise identical conditions, the microenvironment elasticity can direct 

mesenchymal stem cell differentiation toward neurons, myoblasts and osteoblasts [131]. Cellular 

mechano-transducers generate signals based on the required force to deform the matrix. For 

example, when myoblasts feel higher resistance compared to normal sarcolemma while 

deforming their surrounding ECM, they differentiate into connective tissue rather than muscle 

[15].  Therefore, the mechanical properties of the engineered scaffold must be compatible with 

those of the innate microenvironment to mimic the natural mechanical stimulation of the cells 

[42]. These mechanical properties vary widely, depending on the function of the tissue. For 

example, the compressive moduli of soft connective tissues vary from 3 kPa for fat tissue to 1 

MPa for load-bearing cartilage [25], [134], [135].  

The ECM is also a dynamic structure that is constantly remodeled by specific cell-secreted 

enzymes like metalloproteinases [15], [136]. An ideal material for tissue engineering would have 

a degradation profile that would facilitate the regeneration of newly produced tissue. Such a 
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design allows the load to be transferred from the implanted material to the regenerated tissue 

gradually, to provide continuous tissue function during healing. [72]  

Enzyme degradable biomaterials are therefore advantageous  for a range of soft connective tissue 

engineering applications [53], [54], [59], [60], [72], [73], [106], [137], [138]. Physiologically-

derived polymers have been used widely in this regard, due to their suitable cellular interactions 

and enzyme mediated degradation [139]. However, the complications associated with this group 

of materials such as their poor mechanical properties, unpredictable degradation and lack of 

availability, limits their application [139]. Synthetic polymers, alternatively, have predictable and 

reproducible properties, but generally degrade principally through hydrolysis [140]. Hydrolytic 

degradation increases the risk of unpredictable loss of mechanical features and network collapse, 

which is not favorable for tissue engineering applications. One potential biomaterial design 

approach then is to combine the advantages of both materials through the incorporation of 

enzyme-cleavable peptide sequences to a synthetic polymer structure to form a biohybrid 

copolymer [67]. Limitations in current tissue engineering strategies for soft connective tissues 

with biomechanical function such as blood vessels, muscles and cartilage can thus be addressed 

by utilizing three-dimensional biohybrid networks. The synthetic phase of such a scaffold would 

provide mechanical support to the tissue during the healing process, while the peptide phase 

would provide enzyme-degradability.   

The objective of this study was to create an enzyme degradable network suitable for soft tissue 

engineering applications. A triblock copolymer structure was chosen, wherein the central block 

was an MMP-sensitive peptide, flanked by synthetic hydrophobic blocks that would contribute 

the necessary mechanical properties.   The peptide sequence chosen to demonstrate the potential 

of the design strategy was GCRDGPQG↓IWGQDRCG, which has shown sensitivity to a wide 

range of collagenases [116]. Poly(trimethylene carbonate) (PTMC) was chosen as the 

hydrophobic synthetic block because of its resistance to hydrolysis [110], its low glass transition 
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temperature that makes it rubbery at physiologic temperature [118],  its history of safe use in the 

body as a component of degradable Maxon sutures [141] and its ease of synthesis via controllable 

ring-opening polymerization [142]. Furthermore, low molecular weight PTMC is bio-absorbable 

and can be cleared from the body  [110], [143].   

A vinyl sulfone (VS) bearing molecule was used as an initiator in the PTMC polymerization 

process to functionalize one terminus of the polymer. Following polymerization the polymer was 

then functionalized at its other terminus with a methacrylate (MA) group. The VS enables the 

coupling of the thiol group on a cysteine residue on the MMP-sensitive peptide via Michael type 

addition [119]. The carbon double bond of VS is more electron-deficient compared to that in MA 

and is therefore more reactive in a Michael-type addition reaction [109], and so this coupling 

strategy should result in free terminal methacrylate groups [144]. The resulting thioether sulfone 

bond is hydrolytically stable, [109] which is a necessary feature in the design of our 

enzymatically degradable elastomer. Finally, the terminal methacrylate groups of the formed 

peptide-(PTMC-MA)2 triblock copolymer provide crosslinking functionality and the resulting 

copolymer can be cured to form a network by free radical induced crosslinking of the MA groups 

[145], [146]. The advantage of this design is the simplified one-step cross-linking process by 

having both the synthetic polymer and the MMP-sensitive peptide components in a single 

prepolymer.  

In a second polymer design, poly(ethylene glycol) (PEG) block was added to the PTMC block to 

improve the overall water solubility of the prepolymer, and to modify the mechanical properties 

of the previously described peptide-(PTMC-MA)2 biohybrid networks. For this aim, methacrylate 

PEG was used as the initiator for the ring opening polymerization of TMC and the resulting 

diblock copolymer was subsequently functionalized at the PTMC terminus with a vinyl sulfone 

group. The MA-PEG-PTMC-VS thus formed was then conjugated to the dithiol peptide to form a 
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peptide-(PTMC-PEG-MA)2 prepolymer. A schematic of the peptide-(PTMC-MA)2 and peptide-

(PTMC-PEG-MA)2 prepolymer formation strategy is illustrated in Figure 4.1.  

 

 

Figure 4.1. Schematic of the Michael-type addition reaction to yield the prepolymer. 

 

 

Herein we describe the synthesis, and chemical and mechanical characterization of enzyme 

degradable networks formed from these prepolymers both following preparation and during in 

vitro degradation in an MMP-1 containing medium.   

 

 

4.2 Materials and methods  

 

4.2.1 Materials  

1,3-Trimethylene carbonate (TMC) was obtained from LEAPChem, China. Stannous 2-

ethylhexanoate was obtained from Alfa Aesar, USA. HPLC-grade toluene, hexylamine, dimethyl 

sulfoxide-d6 (DMSO), tetrahydrofuran (THF), dimethylformamide (DMF), divinyl sulfone 

(DVS) (97% purity), methacryloyl chloride, 2,2-dimethoxy-2-phenylacetophenone (DMPA), 
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Irgacure 2959 photo initiator, 4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES), 

sodium azide, poly(ethylene glycol) (PEG) dithiol (182 Da), methacrylate PEG (500 Da), and 4-

dimethylaminopyridine (DMAP) were purchased from Sigma-Aldrich, Canada. Dichloromethane, 

methanol, ethanol, 2-mercaptoethanol (99% purity), trimethylamine (TEA), and hydrochloric acid 

were obtained from Fisher Scientific, Canada. Collagenase type II from Clostridium hyistolyticum 

was purchased from MP Biomedicals LLC, USA. The collagenase-sensitive peptide 

(GCRDGPQGIWGQDRCG) was custom synthesized by CanPeptide Inc., Canada. Dialysis 

membranes with a molecular weight cut off of 100-500 Da were purchased from Biotech CE 

Tubing, USA. Deionized water was obtained from a Millipore Milli-Q Plus ultrapure water 

system. Dichloromethane was dried over molecular sieves for 72 h prior to use. All other reagents 

were used as received. 

 

 

4.2.2 Initiator and PTMC synthesis 

 2-((2-vinylsulfonyl ethyl)thio)ethanol was synthesized by reaction of 2-mercaptoethanol with 4 

equivalents of divinyl sulfone in the presence of TEA in methanol at 35 °C for 24 h (Figure 4.2a). 

The product was purified by silica gel column chromatography using ethyl acetate:petroleum 

ether, 70:30 as an eluent. The purified product was used as an initiator for 1,3-trimethylene 

carbonate (TMC) polymerization. 

Low molecular weight PTMC containing 5-15 repeating units was synthesized by a stannous 2-

ethylhexanoate-catalyzed ring opening melt polymerization of TMC in the presence of 2-((2-

vinylsulfonyl ethyl)thio)ethanol as initiator (Figure 4.2b). A catalyst to initiator molar ratio of 

3×10-3 was used and the catalyst was dissolved in toluene at 20% (w/w) concentration for 

accurate measurements [41]. All reactants were mixed in a 20 mL flame dried ampule, purged 
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with argon, flame sealed under vacuum and then reacted overnight at 110 ºC. The resulting α-

vinyl sulfone PTMC (VS-PTMC) was used in subsequent steps without purification.  

Following formation of the VS-PTMC, methacryloyl chloride was reacted with the terminal 

hydroxyl groups of the PTMCin the presence of triethylamine and a catalyst, 4-dimethyl amino 

pyridine, in anhydrous toluene at room temperature (Figure 4.2c) to form vinyl sulfone, 

methacrylate PTMC (VS-PTMC-MA). A molar amount of TEA equivalent to the moles of 

methacryloyl chloride was used to scavenge the hydrochloric acid formed during the reaction. All 

reactants were added to a flame-dried round bottom flask under an inert nitrogen atmosphere and 

within a dry box, and stirred for 48 h. The product was dissolved in ethyl acetate and filtered 

through filter paper to remove triethylamine HCl salt particles, followed by precipitation of the 

polymer in hexane to remove unreacted initiator and monomer. 
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Figure 4.2. (a) Initiator synthesis; 4 molar equivalents of divinyl sulfone reacted with 

mercaptoethanol, (b) TMC polymerization; using 2-((2-(vinyl sulfonyl)ethyl)thio)ethanol as 

the initiator and stannous 2-ethylhexanoate as the catalyst, and (c) VS-PTMC-OH 

methacrylation; addition of methacryloyl chloride to the terminal hydroxyl group. 

 

 

 

4.2.3 Synthesis of heterobifunctional PEG-PTMC 

Methacrylate terminated poly(ethylene glycol)-b-poly(trimethylene carbonate) (MA-PEG-PTMC-

OH) was first synthesised via a stannous(II) ethylhexanoate-catalyzed ring opening melt 

polymerization of 1,3-trimethylene carbonate (TMC) in the presence of PEG-methacrylate (500 

Da) as the initiator (Figure 4.3a). The molar ratio of catalyst to initiator was 3×10-3 based on our 

previous results [110]. Following the polymerization, one equivalent of the MA-PEG-PTMC-OH 
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in solution was added dropwise to a stirred round bottom flask containing four equivalents of 

divinyl sulfone in dichloromethane under argon over 3 h. The divinyl sulfone was then reacted to 

the terminal hydroxyl groups of the PTMC block in the presence of sodium hydride (NaH) as the 

catalyst over 72 h (Figure 4.3b) [107]. The final product was purified by adding 1.1 equivalents 

of acetic acid to the mixture and filtering the resulting salts through filter paper. The DCM was 

then removed in a rotary evaporator and excess divinyl sulfone was separated by precipitation of 

the copolymer in diethyl ether three times. 

 

 

 

Figure 4.3. (a) TMC polymerization in presence of methacrylate-PEG as the initiator, and 

(b) vinyl sulfone functionalization of the hydroxyl end group of the MA-PEG-PTMC 

molecule. 
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4.2.4 Fractionation 

Size exclusion chromatography was used to purify and fractionate the resulting heterobifunctional 

polymer into varying molecular weight size ranges. Porous hydroxylated acrylic gel beads 

(TOYOPEARL) were packed in a 4 cm × 50 cm glass column. The interstitial space between the 

gel particles was filled with solvent (ethyl acetate: methanol, 1:1). The VS-PTMC-MA and MA-

PEG-PTMC-VS samples were separately dissolved in the same solvent and introduced into the 

gel column and eluted under gravity. Different molecular weight fractions were collected in 20 

mL vials and evaluated by proton nuclear magnetic resonance spectroscopy (1H NMR) and 

universal calibration gel permeation chromatography (GPC) using a styrene calibration curve for 

their number average molecular weight and molar mass dispersity (ĐM), respectively. The GPC 

system was a Waters 2695 with THF as the mobile phase and 2 Phenogel 5 μm columns in series 

using a 5 mg/mL polymer solution in THF. In this way, PTMC molecular weight fractions of 500, 

1100 and 1800 Da were obtained. 1H NMR spectra were obtained in DMSO-d6 using a Bruker 

Avance-400 NMR spectrometer. Chemical shifts were measured relative to the methyl proton 

resonance of an internal tetramethylsilane standard. The average number of TMC repeating units 

per macromolecule was calculated from the 1H NMR spectra by comparing the integration of the 

methylene backbone peaks (δ = 1.93-1.96 ppm) of the TMC repeating units to the vinyl peaks (δ 

= 6.24-6.3 ppm and 6.95-7.04 ppm) of the vinyl sulfone terminal moiety. The number average 

molecular weight (Mn) was then calculated considering the molecular weight of the TMC 

repeating units, along with the initiator and methacrylate groups. A similar approach was used to 

obtain a PEG-PTMC molecular weight fraction of 1700 Da (PTMC block length of 1.2 kDa). 
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4.2.5  Peptide conjugation 

The VS-PTMC-MA was reacted with a half equivalent of the di-cysteine, MMP-sensitive, 

GCRDGPQGIWGQDRCG peptide, to form a MA-PTMC-b-peptide-b-PTMC-MA triblock, 

(peptide-(PTMC-MA)2). Similarly, the MA-PEG-PTMC-b-peptide-b-PTMC-PEG-MA 

copolymer, (peptide-(PTMC-PEG-MA)2) was synthesized by peptide conjugation to MA-PEG-

PTMC-VS. The thiol group on each cysteine end group was preferentially reacted with the vinyl 

sulfone terminal group via a Michael-type addition reaction in DMF in the presence of 

hexylamine for 24 h at room temperature. Purification of the final compound was carried out by 

dialysis in water for 48 h. The purified polymer was freeze-dried and stored at -20 ºC.   

 

 

4.2.6 Prepolymer characterization  

1H NMR spectroscopy was performed to confirm the structure and relative purity of all products. 

The water solubility of the different polymer fractions was measured by adding 4 mL of distilled 

water into 100 mg of polymer sample. The mixture was stirred overnight at 37 ºC and then 

centrifuged at 3200 rpm for 10 min. The supernatant was separated and lyophilized and the 

weight of the dissolved material determined gravimetrically. The polymer glass transition 

temperatures were measured on a Mettler-Toledo differential scanning calorimeter (DSC) using a 

cooling-heating-cooling-heating cycle from 25 ºC  to -60 ºC  to 40 ºC  to -60 ºC  to 25 ºC  at a rate 

of 30 ºC /min. Indium and gallium standards were used to calibrate the DSC. The glass transition 

temperature was determined from the inflection point of the second run endotherms using the 

internal DSC analysis software. 
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4.2.7 Network fabrication  

Peptide-(PTMC-MA)2 prepolymers of varying molecular weights and the peptide-(PTMC-PEG-

MA)2 prepolymer were dissolved to form a 25 % w/v solution in DMF:DMSO (1:1). To these 

solutions the photo-initiator, Irgacure 2959, was added to a final concentration of 0.1 % w/v. The 

resulting solution was mixed using a vortex mixer. A 1 mL plastic syringe was used as a mold; 

the syringe tip was cut and a stopper was used at the other end of the syringe in order to have flat 

surfaces at both sides of the elastomer discs (Figure 4.4).  The syringe was filled with the 

prepolymer solution and exposed to long wave UV light (centered at 360 nm) at room 

temperature using an EXFO E3000 high-intensity lamp at a relative intensity of 20 mW/cm2 for 5 

min each side to yield a network. After crosslinking, the network was removed from the syringe 

by pushing the plunger, then dried under vacuum for 2 days. The resulting network was a 

cylindrical disc with dimensions of approximately 3.5 mm × 5.5 mm. 

 

 

 

 

Figure 4.4. A schematic of the syringe mold used to prepare crosslinked samples. 

 

 

 

4.2.8 Network characterization  

The crosslinking efficiency was assessed by measuring the sol content after network formation. 

The sol content was determined by measuring the dry weight before and after immersing the 

network in DMSO at 37 ºC for 24 h. The DMSO was removed by immersing the networks in 

plunger sample syringe
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water with repeated water replacement for 24 h and then the networks were lyophilized. The 

aqueous swelling ratio of the network samples was determined by calculating the weight 

difference of the network disc before and after immersion in water at 37 ºC for 24 h. Following 

sol extraction, the glass transition temperature was measured via differential scanning calorimetry 

(DSC) using the cooling-heating-cooling-heating cycle described above.  

To determine the instantaneous compressive modulus of the networks, indentation measurements 

were conducted. The measurements were performed on hydrated cylindrical samples (n = 5) pre-

hydrated in water at 25 ºC. The measurements were conducted at a strain rate of 1%/s using a 1 

mm diameter indenter and the resulting force was recorded. The compressive modulus was 

obtained from the following equation (Equation 1) assuming the rigidity of the indenter was 

infinite and the sample had a Poisson’s ratio, ν, of 0.5. In the equation, E is the compressive 

modulus of the elastomer, F is the applied force, R is the radius of the indenter and d is the 

displacement of the indenter [147].  

 

 

𝐸 =
𝐹

2.67 𝑅 𝑑
 Equation 1 

 

 

4.2.9 In vitro degradation  

The in vitro degradation was assessed by measuring the weight loss of the cross-linked networks 

in 3 mL of 10 mM HEPES buffered solution at pH 7.4 at 37 °C containing collagenase type 2 (0.1 

mg/mL, 265 U/mg) and collagenase type 4 (0.1 mg/mL, 225 U/mg), along with calcium chloride 

(1 mM), sodium azide (0.2 mM) and bovine serum albumin (0.5 %w/v). The same media without 

collagenase was used to study the potential hydrolysis of control samples prepared from VS-

PTMC-MA with a 1100 Da PTMC block conjugated with enzyme and hydrolysis stable 182 Da 
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PEG-dithiol instead of the MMP-sensitive peptide to form the triblock prepolymer. A similar 

approach was used to generate control samples prepared with MA-PEG-PTMC-VS conjugated to 

182 Da PEG dithiol. The 2 mL tubes containing the cylindrical discs (n = 3) were placed in a 

thermomixer at 37 °C with horizontal shaking at 300 rpm. The weight loss, sol content, water 

content, glass transition temperature and the hydrated compressive modulus were measured and 

analyzed at given time points.   

 

4.2.10 Statistical analysis 

All data is expressed as the mean ± the standard deviation about the mean. One-way analysis of 

variance (ANOVA) with a Bonferroni post hoc test (Microsoft Excel) was performed where 

applicable. A paired t-test was conducted between samples for long-term studies.  A p value of 

less than 0.05 was used to determine significant differences between population means. 
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4.3 Results  

4.3.1 Peptide-(PTMC-MA)2 prepolymer preparation and characterization 

 The reaction efficiency as well as chemical structure and purity of the compounds after each 

reaction were assessed via 1H NMR spectroscopy. Figure 4.5a shows the 1H NMR spectrum of 

the synthesized 2-((2-(vinylsulfonyl)ethyl)thio)ethanol initiator. The proton peaks at 6.25 and 

7 ppm confirmed the presence of the carbon double bond of the vinyl sulfone group on the 

initiator. In addition, no impurity peaks appeared in the spectrum. The vinyl peaks of the sulfone 

group were preserved following ring-opening polymerization of TMC, and the resulting polymers 

possessed the characteristic peaks of poly(trimethylene carbonate) (Figure 4.5b) [110]. The 

proton peak at 4.55 ppm corresponds to the proton of the hydroxyl group, the triplet at 4.2 ppm 

corresponds to the protons of the methylene adjacent to the carbonates while the triplet at 2 ppm 

corresponds to the central methylene protons. Following methacrylation the peaks corresponding 

to the hydroxyl group disappeared while peaks corresponding to the vinyl protons and the methyl 

protons on the methacrylate group appeared at 5.6, 6, and 1.95 ppm, respectively (Figure 4.5c). 

Comparison of the integration of the peaks corresponding to the vinyl protons of the methacrylate 

group to those of the vinyl sulfone confirmed that degrees of methacrylation of greater than 98% 

were obtained. Finally, formation of the terminally methacrylated triblock copolymer through the 

Michael-type addition reaction was confirmed by the nearly complete disappearance of the vinyl 

protons of the VS group while all characteristic methacrylate peaks at 5.6, 6.1, and 1.95 ppm 

remained (Figure 4.5d). The conjugate addition reaction efficiency was greater than 95% as 

determined by integration of the VS peaks at 6.25 ppm before and after conjugation.  
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Figure 4.5. 1H NMR spectra of (a) 2-((2-(vinylsulfonyl)ethyl)thio)ethanol initiator, (b) VS-

PTMC-OH, (c) VS-PTMC-MA and (d) peptide-(PTMC-MA)2, * Toluene residue at 7.18 

ppm, DMSO at 2.54 ppm and water at 3.33 ppm. 
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VS-PTMC-MAs with different molecular weights were analyzed by 1H NMR, GPC and DSC. 

The results are shown in Table 4.1. Universal calibration GPC was used to measure the relative 

molar mass dispersity for the different fractions. There was relatively good agreement between 

the Mn calculated from 1H NMR spectra via end-group analysis (MnNMR) and that determined 

from GPC with universal calibration (MnGPC). The relative molar mass dispersity increased 

slightly as the Mn increased, up to an MnNMR of 1800 Da (Table 4.1). The Tg increased while the 

water solubility (WS) decreased as the average molecular weight increased, as expected.  

 

 

Table 4.1. Number average molecular weight (Mn), glass transition temperature (Tg), water 

solubility (WS) and molar mass dispersity (ÐM) of fractionated VS-PTMC-MA samples. 

MnNMR (Da) MnGPC (Da) Tg (°C) WS (mg/mL) ÐM 

500 600 -60 0.35 ± 0.07 1.1 

850 950 -48 0.28 ± 0.05 1.2 

1100 1300 -43 0.25 ± 0.05 1.3 

1800 1950 -38 0.2 ± 0.03 1.5 

2200 2400 -34 0.12 ± 0.04 1.2 

 

 

 

4.3.2 Peptide-(PTMC-PEG-MA)2 prepolymer preparation and characterization 

Similarly, the reaction efficiency, chemical structure, and purity of the compounds after each 

reaction of peptide-(PTMC-PEG-MA)2 synthesis were assessed using 1H NMR spectroscopy. 

Figure 4.6 shows the 1H NMR spectra the MA-PEG-OH initiator (Figure 4.6a), MA-PEG-PTMC-

OH (Figure 4.6b), MA-PEG-PTMC-VS (Figure 4.6c) and peptide-(PETMC-PEG-MA)2 (6d). The 

appearance of VS peaks at 6.25 ppm and 7 ppm after purification of the MA-PEG-PTMC-VS 
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along with absence of the terminal hydroxyl proton peak at 4.5 ppm confirmed the divinyl sulfone 

addition to the hydroxyl end group (Figure 4.6c). In addition, no impurity peaks appeared in the 

spectrum after VS functionalization. The VS functionalization efficiency was greater than 90% as 

determined from a comparison of the integration of the VS peaks, at 6.25 and 7 ppm, to the 

integration of the methacrylate peaks and assuming that each MA-PEG-PTMC molecule had one 

methacrylate group. The dithiol MMP-sensitive peptide was successfully added to the VS 

functional group on the MA-PEG-PTMC-VS block copolymer. The absence of VS peaks at 6.25 

and 7 ppm confirmed the Michael-type addition of the cysteine thiols on the peptide to the VS 

end group of the copolymer while the MA characteristic proton peaks at 5.6, 6.1 and 1.95 ppm 

remained, indicating that the methacrylate groups did not react (Figure 4.6d). The efficiency of 

the Michael-type addition reaction was more than 98%, as determined by measuring the 

integration of the peaks of the VS vinyl protons before and after the conjugation process. The 

water solubility of the resulting MA-PEG-PTMC block copolymer was 1.8 ± 0.5 mg/mL. 
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Figure 4.6. 1H NMR spectra of (a) PEG-MA initiator, (b) MA-PEG-PTMC-OH, (c) MA-

PEG-PTMC-VS, and (d) peptide-(PTMC-PEG-MA)2. DMSO at 2.54 ppm and water at 3.33 

ppm. 
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4.3.3 Network characterization 

Sol content, water content and compressive modulus were measured for the networks prepared 

with peptide-(PTMC-MA)2 having PTMC block molecular weights of 500, 1100 and 1800 Da 

and networks prepared with  peptide-(PTMC-PEG-MA)2 having a PTMC block molecular weight 

of 1200 Da (Figure 4.7). This range of distinct molecular weights was chosen to study the effect 

of the molecular weight of the PTMC block and the addition of PEG block to the backbone on 

degradation and mechanical characteristics of the networks. The sol content was below 10% for 

all the networks (Figure 4.7a). The water content decreased with increasing PTMC block 

molecular weight, from 26 ± 5% to 18 ± 4% for the peptide-(PTMC-MA)2  networks made from 

500 and 1800 Da PTMC blocks, respectively (Figure 4.7b). The addition of PEG block 

significantly increased the water content from 20 ± 2% in  peptide-(PTMC-MA)2  networks made 

from 1100 Da PTMc blocks to 72 ± 6%  in peptide-(PTMC-PEG-MA)2  networks containing 

roughly equivalent PTMC blocks of 1200 Da.  The compressive moduli increased with increasing 

molecular weight of the PTMC block, ranging from 5 ± 1.5 to 11 ± 1.4 MPa for networks 

prepared with peptide-(PTMC-MA)2  (Figure 4.7c). This value was significantly lower in the 

peptide-(PTMC-PEG-MA)2  networks, at 1.2 ± 2 MPa, compared to that of networks prepared 

with peptide-(PTMC-MA)2  containing a similar PTMC block molecular weight at 6.4 ± 0.7 MPa.  
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Figure 4.7. (a) Initial sol content, (b) water content and (c) compressive modulus of the 

networks prepared with peptide-(PTMC-MA)2 having different PTMC block molecular 

weights and peptide-(PTM C-PEG-MA)2 having PTMC block 1.2 kDa shown by 1.2PEG 

(n=5). Significant difference is shown by * for peptide-(PTMC-MA)2  networks and ** for 

peptide-(PTMC-PEG-MA)2 and peptide-(PTMC-MA)2 networks prepared with similar 

PTMC block 1.1 kDa for p < 0.05. 
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4.3.4 In vitro Degradation 

The mass loss, water content and compressive moduli of networks prepared from peptide-

(PTMC-MA)2 degraded in the presence of collagenase were measured over a period of 15 weeks 

(Figure 4.8). A control consisting of a network prepared with a triblock synthesized by reacting 

1.1 kDa VS-PTMC-MA with 182 Da PEG-dithiol (PEG-(PTMC)2) was incubated in collagenase-

free medium to assess the hydrolytic stability of the thioether linkage. The mass loss versus time 

is shown in Figure 4.8a. The enzyme degradation was faster for elastomers possessing shorter 

PTMC block lengths, reaching 65 ± 6% mass loss in 15 weeks for the networks prepared with 

0.5 kDa PTMC, compared to a mass loss of only 22 ± 1% for networks prepared with 1.8 kDa 

PTMC after the same time frame. The change in water content was highest for networks prepared 

with 0.5 kDa PTMC compared to all the other samples (Figure 4.8b). The water content was 

statistically constant over the first four weeks of degradation and it increased slightly with time as 

the degradation proceeded for all networks that contained a peptide block. The compressive 

modulus was constant over the first four weeks of degradation and then it decreased in all 

samples incubated in collagenase-containing medium over 15 weeks (Figure 4.8c). By contrast, 

the changes in modulus and water content were negligible in the control samples, confirming the 

hydrolytic stability of the thioether bond as well as the PTMC blocks. 

 

 

 



 

51 

 

        

                   

 

 

Figure 4.8. (a) Mass loss, (b) water content, and (c)  compressive modulus of the networks 

prepared with peptide-(PTMC-MA)2 having different PTMC block molecular weights (0.5, 

1.1 and 1.8 kDa) in collagenase-containing media and PEG-(PTMC-MA)2 sample in 

collagenase-free media (n=3). 
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Figure 4.9 shows the mass loss, change in water content, and compressive moduli of the hybrid 

networks prepared with peptide-(PTMC-PEG-MA)2 (PEG block length of 500 Da, PTMC block 

length of 1.2 kDa) prepolymer during 28 days of incubation in a collagenase-containing medium. 

Once again, the PEG-(PTMC-PEG-MA)2 control networks were incubated in a collagenase-free 

media to study the hydrolytic stability of the PEG-PTMC backbone and the thio-ether linkage. 

For the networks in a collagenase-containing medium a mass loss of 74 ± 2 %, a water content 

change from 69 ± 5 % to 89 ± 1 %, and a compressive modulus change from 1.1 ± 0.6 MPa to 0.2 

± 0.1 MPa were observed. Whereas, for the control sample, the mass loss, the water content 

change, and the compressive modulus change were negligible.  
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Figure 4.9. (a) Mass loss, and change in (b) water content and (c) compressive modulus of 

the networks prepared with peptide-(PTMC-PEG-MA)2 in collagenase-containing media 

and the control networks prepared with PEG-(PTMC-PEG-MA)2 in collagenase-free media. 
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A comparison of the degradation of the networks prepared with peptide-(PTMC-MA)2, PTMC1.1 

kDa, and peptide-(PTMC-PEG-MA)2, PTMC 1.2 kDa, was done by comparing the mass loss, 

water content and compressive modulus changes over 28 days (Figures 4.10a to 4.10c). The mass 

loss of the networks prepared with peptide-(PTMC-PEG-MA)2 was 74 ± 2% while this value for 

the networks prepared with peptide-(PTMC-MA)2 with a similar PTMC block length was 18 ± 

4%. The water content of the peptide-(PTMC-PEG-MA)2 networks increased from 69 ± 5 % to 89 

± 1 %, while the water content of the peptide-(PTMC-MA)2 networks was 19 ± 1% to 21 ± 2% 

with no significant change. Similarly, the compressive modulus of the peptide-(PTMC-PEG-

MA)2 networks decreased from 1.1 ± 0.6 MPa to 0.2 ± 0.1 MPa, while this value stayed constant 

from 6.4 ± 0.7 MPa to 5.6 ± 0.4 MPa with no significant change. 
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Figure 4.10. A comparison of the (a) mass loss, (b) water content, and (c) compressive 

modulus of the networks prepared with peptide-(PTMC-MA)2 and peptide-(PTMC-PEG-

MA)2 along with the control samples of PEG-(PTMC-MA)2 and PEG-(PTMC-PEG-MA)2. 

The PTMC block lengths in these networks are approximately equal, thus showing the 

influence of the PEG on the degradation of the networks. 
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4.4 Discussion  

A variety of elastomeric biomaterials have been developed over the past two decades to replace 

or assist in the function of soft tissues [148], [149]. However, a major challenge remaining to be 

addressed in such materials is the mechanical incompatibility with the target tissue [150]. Herein, 

we report on the design and characterization of a biohybrid network that can overcome limitations 

on degradability and stiffness of such biomaterials. The reported biohybrid network can provide 

an appropriate compressive modulus as well as a controllable degradation rate for soft connective 

tissue engineering applications. The main purpose of this study was to design a biohybrid 

material that can mimic the compressive modulus of the soft tissues while being solely enzyme 

degradable.  

Biohybrid networks containing MMP-sensitive peptides and PTMC blocks (peptide-(PTMC-

MA)2) with three different PTMC block molecular weights (500, 1100, 1800 Da) were used to 

study the effect of PTMC molecular weight on scaffold characteristics and degradation rate. VS-

PTMC-MA was successfully synthesized and fractionated to different molecular weights with 

low dispersity. The prepolymers were all amorphous with low Tg values (-60 to -30° C) that 

increased with increasing PTMC block length, in agreement with predictions of the Fox-Flory 

equation [142][151]. The low Tg is significant for potential tissue engineering applications as it 

provides for a rubbery nature of networks formed from these prepolymers.  

The characterization of the different fractions confirmed previous results that low molecular 

weight PTMC possesses measurable water solubility and that its water solubility decreases with 

increasing molecular weight (Table 4.1), in accordance with the prediction of Flory-Huggins 

theory [110], [152], [153]. Addition of a 0.5 kDa PEG block to a 1.2 kDa PTMC block increased 

the water solubility of the biohybrid prepolymer and as a result the water content of the resulting 

network was significantly increased [154]. The water solubility of the 1.1 kDa VS-PTMC-MA 

was 0.25 ± 0.05 mg/mL while for the VS-PTMC-PEG-MA containing a similar PTMC block 
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molecular weight of 1.2 kDa, this value was 1.8 ± 0.5 mg/mL. PEG addition changed the 

hydrophilicity of the biohybrid prepolymer and increased the water solubility [154]. Water 

solubility of the PTMC molecules is important for the intended application to ensure that the 

degradation products can readily dissolve into the degradation medium.  

Triblock copolymers comprised of peptide-(PTMC-MA)2 were synthesized by conjugating an 

MMP-sensitive peptide to VS-PTMC-MA via the α-VS terminus. Similarly, the triblock 

copolymer peptide-(PTMC-PEG-MA)2 was synthesized by conjugation of MA-PEG-PTMC-VS 

with the peptide. The characterization of the resulting peptide-(PTMC-MA)2 networks showed 

that the sol contents were between 5% and 10% (Figure 4.5a). Low sol contents confirmed the 

high degree conversion of the methacrylate during the crosslinking reaction. The water content of 

the peptide-(PTMC-MA)2 networks showed that the samples prepared with PTMC 500 Da had a 

water content of 30% ± 5% which was significantly higher than the water contents of the 

networks prepared with PTMC 1100 Da and 1800 Da (Figure 4.5b). The water uptake of the 

network prepared with shorter PTMC blocks was higher due to the higher water solubility of the 

shorter PTMC chains as well as the higher weight ratio of the hydrophilic peptide to PTMC in 

these networks. The higher water uptake resulted in a lower compressive modulus in the networks 

of peptide-(PTMC-MA)2 prepared using shorter PTMC blocks [155]. These data demonstrate that 

the mechanical and physical properties of the final biohybrid material can be tuned by the weight 

ratio of the PTMC block.  

The higher in vitro mass loss of the networks prepared with shorter PTMC blocks was the result 

of the higher water solubility of the degradation products and the overall higher water uptake of 

the networks. The higher water uptake caused a greater accessibility of the collagenase to the 

peptide regions and their cleavable sites at the surface region of the networks. For all three groups 

of biohybrid networks the water content, as well as the compressive moduli, are statistically 

constant over 4 first weeks of degradation. This phenomenon confirmed the surface erosion of the 
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networks that is a result of the low water content and limited accessibility of the cleaving 

enzymes. However, the water content started to increase after 4 weeks of degradation and 

subsequently the compressive moduli of the different networks decreased (Figures 4.6b and c). A 

schematic of the surface erosion process is shown in Figure 4.11. The reaction zone near the 

sample surface in this schematic is the volume accessible to the collagenase [156]. As 

degradation proceeds, the reaction zone moves toward the middle of the sample. After four weeks 

of degradation, the volume of the reaction zone was big enough in relation to the volume of non-

degraded network that it could affect the network characteristics. Consequently, the water content 

increased and the modulus decreased after this time point. If mechanical support for a longer time 

period is needed for the target application a PTMC block with higher molecular weight could be 

chosen to make the peptide-(PTMC-MA)2 networks. Using PTMC with higher molecular weights 

would minimize scaffold swelling due to the lower water solubility of the PTMC blocks as well 

as reduce the number of available peptide groups accessible for enzyme attack.  

 

 

 

 

Figure 4.11. Schematic of surface erosion. 
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The control samples using the networks prepared with 1100 Da PTMC and PEG-dithiol (182 Da) 

showed negligible mass loss and compressive modulus change, and no change in water content in 

the absence of collagenase. The fact that degradation of the networks prepared with the peptide-

(PTMC-MA)2 was only observed in the presence of collagenase suggests that hydrolysis of 

PTMC or the thio-ether sulfone linkage did not affect the degradation rate. This conclusion 

suggests that the peptide-(PTMC-MA)2 networks would maintain their mechanical properties in 

the absence of an MMP enzyme. Nevertheless, over longer degradation time frames (e.g. 40 

weeks) the possibility of hydrolysis of the PTMC backbone must be considered [110]. In 

addition, other degradation mechanisms can be functional under physiological conditions that 

may catalyze the hydrolytic degradation of the PTMC backbone including the effect of different 

enzymes or reactive oxygen species [110].  

The addition of the PEG block to the PTMC block resulted in a higher water uptake, lower 

compressive modulus, and a higher mass loss of the networks as compared to the networks 

prepared with a peptide-(PTMC-MA)2 prepolymer of a similar PTMC block length. PEG addition 

to the PTMC backbone not only increased the water uptake of the networks resulting in quicker 

access of the water soluble enzymes to the peptide cleavable sites at the surface of the networks 

but also increased the water solubility of the degradation products. Both phenomena resulted in a 

faster mass loss of the network in the presence of collagenase.  

The compressive moduli of all the networks were between 1.1 MPa to 10 MPa, which are 

comparable to the moduli of a range of load bearing cartilaginous tissues such as human knee 

meniscus (4.2-11.6 MPa),  esophagus (1.2 MPa) and bronchioles (0.25-1.96 MPa) [157]–[159]. 

These results demonstrate that by choosing an appropriate molecular weight of the PTMC block 

or through the addition of a PEG block, the compressive modulus of the resulting network can be 

effectively tuned to that of a target soft connective tissue for tissue engineering applications. 
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The biohybrid polymeric network proposed and investigated in this study has the potential to be 

modified in different ways to adjust the compressive modulus and the degradation rate in order to 

fulfil a range of tissue engineering applications. The PTMC molecular weight affected both 

mechanical toughness and the degradation rate of the final component. The proposed peptide 

sequence can also be exchanged with another sequence that is susceptible to other groups of 

enzymes.   

 

4.5 Conclusion  

A hybrid network was developed in this study that combines the advantages of an enzyme-

degradable peptide and rubbery PTMC. PTMC with three different molecular weights (500, 1100 

and 1800 Da) were successfully synthesized and conjugated to an MMP-sensitive peptide to form 

the biohybrid prepolymer peptide-(PTMC-MA)2. Similarly, PEG-PTMC 1700 Da was 

successfully synthesized and added to MMP-sensitive peptide to form peptide-(PTMC-PEG-

MA)2 prepolymer. The resulting prepolymers were photo-cured to form crosslinked networks and 

then characterized in order to study the effect of PTMC molecular weight on final degradation 

rate and mechanical deterioration of the network. It was shown that the dominant mechanism of 

degradation was the enzyme-cleavage of MMP-sensitive peptide segments. No hydrolysis of the 

PTMC backbone and thio-ether linkage was observed. It was also shown that the degradation rate 

and the mechanical deterioration rate are faster for the elastomers prepared by PTMC with lower 

molecular weight.  The addition of PEG to the PTMC backbone resulted in an increased water 

content and concomitant reduction in modulus and increase in degradation rate. This new material 

is promising for soft connective tissue engineering applications due to the similar mechanical 

aspects to the native ECM and a tunable degradation profile.  
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Chapter 5 

In vivo degradation and tissue response to the enzyme-degradable 

biohybrid poly(trimethylene carbonate) (PTMC)-based networks 

 

 

5.1 Abstract 

In the previous chapter we reported on the development of matrix metalloproteinase (MMP)-

degradable poly(trimethylene carbonate) (PTMC)-based hybrid networks. In this study the in vivo 

degradation and tissue response following implantation of the networks were assessed in a male 

Wistar rat model. Two formulations, possessing either PTMC or poly(ethylene glycol) (PEG)-

PTMC conjugated to a MMP-sensitive peptide, were subcutaneously implanted in rats. Total 

mass loss of 72 ± 3% and 65 ± 6% were measured over 6 weeks of implantation for the networks 

prepared with peptide-(PTMC-MA)2 and peptide-(PTMC-PEG-MA)2 respectively; the mass loss 

of the peptide-free networks was negligible over this period of time. The compressive modulus 

and glass transition temperature measurements indicated that the implants underwent surface 

erosion, in agreement with our previous in vitro findings.  Immunohistochemistry analysis of the 

tissue surrounding the implants confirmed a moderate tissue response comparable to that 

observed towards a VicrylTM suture, suggesting that these new materials can be considered 

biocompatible.  
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5.2 Introduction  

The successful development of biomaterials for tissue engineering and regenerative medicine will 

require a combination of different characteristics and functionalities in order to mimic the 

complexity of the native structures. The implanted biomaterial must have enough mechanical 

integrity to function from implantation time to completion of the regeneration process. In 

addition, it needs to be degradable via a cell-dependent mechanism to mimic the ECM 

remodeling process, and thereby enable migration and proliferation of target cells in the 

implanted material. Enzyme-degradable biohybrid materials may be able to provide these 

necessary features [35], [36], [137], [160]. These materials combine the mechanical stiffness of 

the synthetic polymers, their ease of synthesis with relatively low cost, reproducibility and well-

controlled mechanical properties, with the biocompatibility and the enzyme-degradability of 

components derived from the extracellular matrix of native tissues. 

A number of enzyme-degradable biohybrid networks have been developed over the last decade, 

which can mimic the mechanical features of soft connective tissues [74], [88], [94], [107], [116], 

[161]–[163]. To date, none of the tissue engineering approaches in such applications have been 

able to provide the mechanical, degradation, and biological aspects of the network 

simultaneously. Most of the developed biohybrid polymeric materials are hydrogels with low 

stiffness, which are not appropriate for many load-bearing soft connective tissue engineering 

applications. In addition, the synthesis strategies of these biohybrid materials are mostly based on 

mixing the separate functionalized polymer and peptide components. Therefore, a clinical 

strategy using a simplified one-step crosslinking process having both components in a single 

prepolymer with tunable mechanical properties for soft connective tissue repair is needed. 

We have recently reported on the development and in vitro characterization of enzyme-

degradable poly(trimethylene carbonate) (PTMC)-based networks. α-Vinyl sulfone (VS), ω-

methacrylate (MA) heterobifunctional PTMC and PEG-b-PTMC were prepared and conjugated to 



 

63 

 

a di-cysteine containing matrix metalloproteinase (MMP)-sensitive peptide to form curable 

triblock prepolymers. These prepolymers were photo-cured to form enzyme-degradable networks. 

Surface erosion via cleavage of MMP-sensitive peptides was the dominant degradation 

mechanism of these networks in vitro. Faster degradation was observed for networks prepared 

with shorter PTMC block lengths while the addition of PEG increased the water content, reduced 

the modulus, and increased the degradation rate of the biohybrid network.  

As a natural progression in the development of the polymeric biomaterials, it is necessary to 

investigate the nature of the tissue response following their implantation and their in vivo 

degradation rate. It is also important to determine factors influencing the degradation rate of the 

biomaterials in vivo. Moreover, a comparison between in vitro and in vivo degradation would be 

beneficial in further development of these materials.  

The overall goal of the current study was to investigate the tissue response and in vivo 

degradation of the previously developed polymers. Herein, the inflammatory response upon 

subcutaneous implantation of the biohybrid networks in a rat model was studied compared to that 

of the commercially available VicrylTM suture.   
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5.3 Materials and methods 

 

5.3.1 Materials  

1,3-Trimethylene carbonate (TMC) was obtained from LEAPChem, Zhejiang, China. Stannous 2-

ethylhexanoate was obtained from Alfa Aesar, Tewksbury, USA. HPLC-grade toluene, 

hexylamine, dimethyl sulfoxide-d6, divinyl sulfone, methacryloyl chloride, 2,2-dimethoxy-2-

phenylacetophenone (DMPA), Irgacure 2959 photo initiator, 4-(2-hydroxyethyl)-1-

piperazineethanesulfonic acid (HEPES), sodium azide, Tween 20, poly(ethylene glycol) (PEG) 

dithiol (182 Da), PEG methacrylate (500 Da), and 4-dimethylaminopyridine (DMAP) were 

purchased from Sigma-Aldrich, Mississauga, Ontario, Canada. Dichloromethane, ethyl acetate, 

dimethylformamide, sodium chloride, methanol, ethanol, xylene, 2-mercaptoethanol, 

trimethylamine (TEA), diethyl ether, Permount resin, phosphate buffered saline (PBS), Tris-

buffered saline (TBS) and hydrochloric acid were obtained from Fisher Scientific, Mississauga, 

Ontario, Canada. Collagenase type II from Clostridium hyistolyticum was purchased from MP 

Biomedicals LLC, Santa Ana, California, USA. The collagenase-sensitive peptide 

(GCRDGPQGIWGQDRCG) was custom synthesized by CanPeptide Inc., Pointe-Claire, Quebec, 

Canada. Mouse anti-rat (ED1) primary antibody for CD68 staining, goat anti-mouse Alexia 488 

and fluoroshield mounting medium with 4',6-diamidino-2-phenylindole (DAPI) were purchased 

from Abcam Inc., Toronto, Ontario. A Masson’s trichrome kit was purchased from Polysciences 

Inc. Warrington, Pennsylvania. Coated antibacterial VicrylTM suture, polyglactin 910, was 

purchased from Ethicon, New Jersey, USA. Dialysis membranes with a molecular weight cut off 

of 100-500 Da were purchased from Biotech CE Tubing, Wilmington, Delaware, USA. 

Deionized water was obtained from a Millipore Milli-Q Plus ultrapure water system. 

Dichloromethane was dried over molecular sieves for 72 h prior to use. All other reagents were 

used as received. 
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5.3.2 Network preparation 

Heterobifunctional PTMC and PEG-PTMC were synthesised, fractionated, and characterized as 

described previously in Chapter 4. Briefly, PTMC was synthesized by a stannous 2-

ethylhexanoate-catalyzed ring opening melt polymerization of TMC in the presence of 2-((2-

vinylsulfonyl ethyl)thio)ethanol as initiator and then methacrylated by reaction of methacryloyl 

chloride with the terminal hydroxyl group. Methacrylate terminated poly(ethylene glycol)-b-

poly(trimethylene carbonate) (MA-PEG-PTMC-OH) was first synthesised via a stannous(II) 

ethylhexanoate-catalyzed ring opening melt polymerization of 1,3-trimethylene carbonate (TMC) 

in the presence of PEG-methacrylate (500 Da) as the initiator and then it was functionalized by 

reaction of divinyl sulfone with the terminal hydroxyl group. Size exclusion chromatography was 

used to purify and fractionate both formulations. The target molecular weight of the PTMC block 

for each prepolymer was 1100 Da. The chemical structure of the VS-PTMC-MA and VS-PTMC-

PEG-MA are illustrated in Figure 5.1a and Figure 5.1b, respectively.   

 

 

 

 

Figure 5.1. Chemical structure of the heterobifunctional (a) VS-PTMC-MA and (b) VS-

PTMC-PEG-MA 

(a)

(b)



 

66 

 

 

 

The resulting heterobifunctional copolymers were separately conjugated to a half equivalent of 

the di-cysteine, MMP-sensitive, GCRDGPQGIWGQDRCG peptide to form the bio-hybrid 

prepolymers peptide-(PTMC-MA)2 and peptide-(PTMC-PEG-MA)2. 1H NMR spectroscopy was 

performed to confirm the structure and relative purity of all products after each step of the 

synthesis process. These prepolymers were then photo-crosslinked using the photo-initiator, 

Irgacure 2959, to form biohybrid networks. As controls, networks were also prepared with PEG-

dithiol instead of the MMP-sensitive peptide. 

 

5.3.3 In vivo degradation  

The in vivo degradation rate and host response to the networks  were assessed in a subcutaneous 

implant model in male Wistar rats [164]–[166]. The animal study was performed in accordance 

with the guidelines of the Canadian Council on Animal Care code of ethics governing animal 

experimentation (protocol #Amsden 2007-043-R1). Anesthetization was performed with 2% 

isoflurane in oxygen a flow rate of 0.2 mL/min. Following anesthetization, the dorsal area of the 

rats was shaved, disinfected with Hibitane and three samples of UV sterilized networks prepared 

from the peptide-(PTMC-MA)2 prepolymer, the peptide-(PTMC-PEG-MA)2 prepolymer, enzyme 

resistant control samples prepared using PEG-dithiol (182 Da) conjugated to VS-PTMC-MA 

(PEG-(PTMC-MA)2), and tissue response control samples of VicrylTM suture, were implanted 

subcutaneously (n = 2 per sample, per time point for 6 time points). The implantation location of 

the samples is illustrated in Figure 5.2. 
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Figure 5.2. Location of samples implantation; a) peptide-(PTMC-MA)2 network, b) peptide-

(PTMC-PEG-MA)2 network, c) VicrylTM suture, and d) PEG-(PTMC-MA)2 network 

 

 

At 1, 2, 3, 4, 5 and 6 weeks post-implantation, two rats at each time point were humanely 

euthanized by 2% isoflurane in oxygen followed by intraperitoneal injection of Somnotol (65 

mg/kg) and the implant areas were analyzed macroscopically and microscopically. The skin was 

shaved, all the implants were excised and the surrounding tissue was removed and fixed in 4% 

paraformaldehyde in PBS overnight, then transferred to 70% ethanol and stored at 4 °C until 

being processed for histological analysis. Following separation of the polymer networks from the 

tissue, the mass loss, sol content, and compressive modulus were assessed. The mass loss was 

measured by comparing the dry mass of the networks before and after implantation. The 

compressive modulus of each rehydrated polymer network was measured by unconfined 

indentation as described above. The sol content of each network was measured by soaking them 

in dimethyl sulfoxide (DMSO) overnight at room temperature and comparing the dry weight 

before and after sol removal. The glass transition temperature (Tg) of the networks were measured 

using a cooling-heating-cooling-heating cycle as was previously described in Chapter 4 and the 
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Tg values were compared to those from the in vitro study. The harvested tissues were dehydrated 

in graded ethanol and xylene, embedded in paraffin, and sectioned into 10 μm thick sections.  

 

5.3.4 Tissue response 

5.3.4.1 Masson’s Trichrome 

Masson’s trichrome staining was used to assess the host tissue reaction to the implanted 

polymeric networks. The sections were deparaffinised by xylene and graded ethanol then cleared 

in PBS, followed by a Masson’s trichrome staining procedure, according to the manufacturer`s 

instruction, then dehydrated and cover-slipped with Permount mounting media. The stained 

sections were observed and photographed using a Zeiss optical microscope with Zeiss Axio 

Vision software (version 4.7.1.0). The thickness of the fibrous layer around the implant was 

measured using Image J. For these measurements, the fibrous capsule was considered the 

collagen region that was stained in blue by Masson's trichrome [167]. Newly deposited collagen 

was differentiated from pre-existing collagen by its striated appearance.   

 

5.3.4.2 CD68 staining 

The total macrophage response to the implant was assessed by using a CD-68 antibody stain. 

Following deparaffinization and rehydration the sections were antigen retrieved in citrate buffer, 

pH 6, at 60 °C overnight. Tris-buffered saline (TBS) containing 0.025% Tween-20 was used to 

permeabilize the tissue sections. The sections were blocked by incubation in 5000 μg/mL BSA in 

TBS for 30 min at room temperature. The tissues were then incubated with the primary antibody 

mouse anti-rat CD68 diluted in 1% BSA at a concentration of 2.5 μg/mL at 4 C overnight. The 

secondary antibody goat anti-mouse Alexafluor 488 was diluted to 2 μg/mL in TBS and then used 

to incubate the sections for one hour at room temperature. The stained tissues were then rinsed by 
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TBS mounted in DAPI mounting medium. The negative control was prepared on each 

microscope slide by applying TBS without the primary antibody. The sections were photographed 

using a Zeiss AxioImager M1 fluorescent microscope with ZEN Blue software. The macrophage 

density in the fibrous layer was measured by counting the number of green-stained cells co-

stained with DAPI per mm2.  

 

 

5.3.5 Statistical analysis 

All data is expressed as the mean ± the standard deviation about the mean. One way analysis of 

variance (ANOVA) with a Bonferroni post hoc test (Microsoft Excel) was performed where 

applicable. A paired t-test was conducted between samples for long-term studies.  A p value of 

less than 0.05 was used to determine significant differences between population means. 
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5.4 Results 

5.4.1 Polymer characterization 

A target average PTMC block length of 8 repeating TMC units was chosen based on the in vitro 

results to obtain a prolonged degradation time in vivo. This PTMC block length was achieved for 

the VS-PTMC-MA, while an average block length of 9 TMC units was obtained for the VS-

PTMC-PEG-MA. The two PTMC block lengths were considered approximately equivalent. 

 

 

5.4.2 In vivo degradation 

5.4.2.1 Macroscopic examination of tissue response 

Following implantation of the samples, all the rats gained weight and were active and healthy 

prior to implant removal. Figure 5.3 shows the macroscopic appearance of the implants and the 

tissue around them after 6 weeks of implantation. The physical appearance of the PEG-(PTMC-

MA)2 control sample after 6 weeks of implantation (Figure 5.3 and Figure A.12a) was similar to 

the initially prepared samples, but with a slight color tint to darker yellow. The inflammation of 

the tissue surrounding the peptide-(PTMC-PEG-MA)2 and peptide-(PTMC-MA)2 networks was 

visually similar to that around the VicrylTM suture (Figure 5.3 and figure A.12b-d). Moreover, the 

peptide-(PTMC-MA)2 networks decreased in size but remained a single solid piece. In contrast, 

the peptide-(PTMC-PEG-MA)2 networks had broken into smaller pieces over 6 weeks of 

degradation. 
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Figure 5.3. Physical appearance of the implants and tissue from PEG-(PTMC-MA)2, 

peptide-(PTMC-PEG-MA)2, peptide-(PTMC-MA)2 and VicrylTM suture, after 1, 3, and 6 

weeks of implantation. The implant area is shown by the arrow at week 6 for the VicrylTM 

suture. 
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5.4.2.2 Network property changes with time 

Figure 5.4 shows the mass loss, sol content and the compressive modulus of three groups of 

samples over 6 weeks of implantation. The peptide-(PTMC-MA)2 samples initially steadily lost 

mass until week 4. After this time, the mass loss plateaued at 68 ± 2%. The peptide-(PTMC-PEG-

MA)2  samples lost mass at an equivalent rate as the peptide-(PTMC-MA)2 samples until week 3 

then, mass loss remained at  40 ± 6%  for two weeks, then increased to 55 ± 10 % by week 6. In 

contrast, the PEG-(PTMC-MA)2 control implants showed negligible mass loss throughout the 

entire time frame (Figure 5.4a). The sol content increased over the implantation time for all 

groups of samples. However, the change in the sol content was highest for the peptide-(PTMC-

PEG-MA)2 samples, 28 ± 7%, moderate for the peptide-(PTMC-MA)2 samples, 12 ± 3%, and low 

for the PEG-(PTMC-MA)2 control samples, 6 ± 2% (Figure 5.4b). The compressive modulus of 

the peptide-(PTMC-MA)2 implants also decreased steadily over time from an initial value of 7.1 

± 0.1 MPa to 1 ± 0.1 MPa. Similarly, the compressive modulus of the peptide-(PTMC-PEG-MA)2 

implants decreased steadily over time from an individual value of 1.5 ± 0.4 MPa to 0.35 ± 0.05 

MPa. In contrast, the modulus of the PEG-(PTMC-MA)2 samples remained constant (Figure 

5.4c). No significant difference in compressive moduli was observed for thre peptide-(PTMC-

MA)2 and peptide-(PTMC-PEG-MA)2 implants over two weeks post implantation. It was not 

possible to measure the compressive modulus of the peptide-containing networks at week 6 due 

to size limitations.  
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Figure 5.4. (a) Mass loss, (b) sol content, and (c) compressive moduli of the peptide-(PTMC-

MA)2, peptide-(PTMC-PEG-MA)2, and PEG-(PTMC-MA)2 implants over 6 weeks (n=2). 
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Figure 5.5 shows the thermographs of the peptide-(PTMC-MA)2 and peptide-(PTMC-PEG-MA)2 

networks over the degradation time in vitro and in vivo after 4 weeks. There was one Tg (1) at – 4 

°C in the thermographs of the peptide-(PTMC-MA)2 samples that were degrading in vitro while a 

second Tg (2) at 20 °C appeared in the thermographs of the samples that were degrading in vivo 

(Figure 5.5a). Similarly, there was only one Tg (1) at –18 °C in the thermographs of the peptide-

(PTMC-PEG-MA)2 samples in vitro while a second Tg (2) appeared at 20 °C in vivo samples 

(Figure 5.5b). The change in the Tg of the peptide-(PTMC-MA)2 and PEG-(PTMC-MA)2  

networks prepared with PTMC 1100 Da in vivo are given in Table 5.1. The Tg of the control 

samples stayed constant with small fluctuation over the degradation time while for the peptide-

(PTMC-MA)2 and peptide-(PTMC-PEG-MA)2 networks Tg values slightly decreased. 

 

 

 

 

Figure 5.5. Thermographs of the networks prepared from (a) peptide-(PTMC-MA)2 and (b) 

peptide-(PTMC-PEG-MA)2  after 4 weeks of degradation in vivo and in vitro.  
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Table 5.1. Tg values (°C) of hydrated peptide-(PTMC-MA)2, peptide-(PTMC-PEG-MA)2 

and PEG-(PTMC-MA)2 networks over 4 weeks 

Samples  

Weeks 

0 1 2 3 4 

peptide-(PTMC-MA)2 0 -2 -3 -4 -4 

PEG-(PTMC-MA)2 -11 -11 -12 -12 -12 

peptide-(PTMC-PEG-MA)2 -16 -16 -17 -18 -18 

 

 

 

 

5.4.2.3 Histology 

Figure 5.6 shows representative photomicrographs of tissue sections at weeks 1, 3 and 6 stained 

with Masson’s trichrome. These photomicrographs were used to measure the thickness of the 

inflammatory zone, the cell density in the inflammatory zone, and the thickness of the fibrous 

capsule at the interface of implanted materials using Image J. These data are presented in Figures 

5.7a-c.  
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Figure 5.6. Masson’s trichrome stained sections of the tissue surrounding implants at week 

1, 3 and 6. The implant area (M) is on the right side of each image. The extent of the 

inflammatory zone (I) and the fibrous capsule area (F) are indicated by the black line. The 

scale bar is 50 µm. 
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There was no significant difference in the thickness of the inflammatory zone around the 

implanted area between the groups of material implants at weeks, 1, 4, and 5 post implantation 

(Figure 5.7a). However, this value was statistically lower for the VicrylTM suture implants 

compared to the peptide-(PTMC-MA)2, peptide-(PTMC-PEG-MA)2, and PEG-(PTMC-MA)2 

samples at weeks 2 and 3 post implantation. The VicrylTM suture implants were totally degraded 

at week 6, and no inflammatory zone was observed at the implantation area. The cell density in 

the inflammatory zone decreased with time at a similar rate for all four groups of implants with 

no significant differences between the different materials (Figure 5.7b). A fibrous capsule was 

present around the PEG-(PTMC-MA)2 and peptide-(PTMC-PEG-MA)2 implants at week 1, while 

it gradually appeared around the peptide-(PTMC-MA)2 and VicrylTM implants with time (Figure 

5.7c). The thickness of the fibrous capsule around the implants increased over time up until 4 

weeks for all the materials and was significantly greater around the peptide-(PTMC-MA)2 

implants compared to the peptide-(PTMC-PEG-MA)2, VicrylTM, and PEG-(PTMC-MA)2 implants 

at times beyond 2 weeks (Figure 5.7c). After 4 weeks, the capsule thickness plateaued for the 

peptide-(PTMC-MA)2 implants, decreased for the VicrylTM implants, but continued to steadily 

increase for the peptide-(PTMC-PEG-MA)2 and PEG-(PTMC-MA)2 control implants.  
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Figure 5.7. (a) The inflammatory zone thickness, (b) cell density, (c) the thickness of the fibrous 

capsule around the implanted area (n=2). 

 

 

 

 

Figure 5.8 shows representative photomicrographs of tissue sections at week 1, 3 and 6 that were 

stained for the pan-macrophage marker CD68. These photomicrographs were used to measure the 

macrophage density and the ratio of macrophage number to total number of cells in the 

inflammatory zone. These data are presented in Figures 5.9a and b.   
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Figure 5.8. Fluorescent CD68 staining of the tissues surrounding implants at week 1, 3 and 

6. The implanted area is indicated by (M) on the right side of each image. The white line 

indicates the extent of the inflammatory zone at the boundary of the implant. The scale bar 

is 50 µm. Macrophages are stained green while all cell nuclei are blue (n=2). 
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Similarly to the total cell density, the macrophage density also decreased over time for all 

implanted materials with no significant differences found between macrophage densities around 

any of the materials (Figure 5.9a). The ratio of the macrophage density to total cell density also 

decreased around all the implanted materials, with no significant differences in the first 4 weeks 

(Figure 5.9b). However, this ratio was significantly lower for the VicrylTM control implants 

compared to the other groups of implants at weeks 5 and 6.  
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Figure 5.9. (a) The macrophage density, and (b) the ratio of macrophage to total cell 

number, in the inflammatory zone (n=2). 
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5.5 Discussion 

The subcutaneous implantation study was performed to investigate the tissue response to the 

implanted materials as well as their in vivo degradation profiles. It is known that the hydrolytic 

degradation of these materials in the body is accelerated by secretion of cell-derived hydrolytic 

enzymes [107]. The reduction in volume of the peptide-(PTMC-MA)2 implants with no signs of 

fragmentation suggests that surface erosion was the primary mode of degradation. The 

degradation via the surface erosion was also observed in vitro using collagenase-containing 

medium. In contrast, the peptide-(PTMC-PEG-MA)2 sample had broken into smaller pieces, 

which could be due to the lower compressive modulus of this material making it less able to 

withstand the mechanical forces associated with tissue movements. The compressive modulus is 

affected by the molecular weight, the crosslink density, and the water content [88]. During the 

degradation process the crosslink density is being decreased by cleavage of the peptide sequence. 

A lower crosslink density resulted in greater mobility of the polymer molecules and therefore 

lowered the modulus. This phenomena happened after two weeks of implantation for peptide-

(PTMC-MA)2 and peptide-(PTMC-PEG-MA)2 samples. The compressive moduli of these groups 

of implants decreased from week 3 post implantation, while this value stayed constant for the 

PEG-(PTMC-MA)2 control samples over the entire implantation time.  

The mass loss measurement of the implants showed that the mass actually increased for the 

peptide-(PTMC-MA)2  samples after 4 weeks, and for the peptide-(PTMC-MA)2 samples after 3 

weeks. This mass increase can be attributed to ECM protein deposition and tissue ingrowth into 

the degrading implants [168]. The appearance of a second Tg at 20 °C in the DSC thermograph of 

both materials at week 4 is evidence of this protein deposition [169], [170]. The Tg of 20% 

hydrated collagen is around 20 °C that is in agreement with our finding [171].  

Considering the mass loss and the sol content together, the total degradation of the peptide-

(PTMC-MA)2 and peptide-(PTMC-PEG-MA)2 implants were 72 ± 3% and 65 ± 6%, respectively, 
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over 6 weeks. In contrast, the PEG-(PTMC-MA)2 control samples did not degrade and possessed 

negligible sol content. This observation along with the constant compressive modulus confirmed 

the hydrolytic stability of the copolymer backbone and the thio-ether sulfone linkage between 

vinyl sulfone at the polymer end and the thiol group at the dithiol PEG. It is proposed that the 

oxidation by reactive oxygen species (ROSs) has a dominant role in PTMC backbone degradation 

in vivo [172]. The lack of significant sol content also confirmed the resistance of the PTMC 

backbone to degradation by ROSs over this period of time. Therefore, the observed degradation 

in the peptide-containing networks was considered to be due primarily to enzymatic cleavage of 

the peptide regions. 

The thickness of the inflammatory zones around all groups of implants were comparable to each 

other, except two time points in the middle of the experimental time frame. The thickness of this 

zone around the suture control material was lower than the other implants at weeks 2 and 3 post 

implantation. However, this difference was not biologically significant for these time points. The 

biological significance is related to the concept of clinically relevant difference (CRD), which is 

the smallest meaningful effect [173]. The thickness of the inflammatory zone decreased with time 

for all the implants. For degradable implants it is proposed that when they became softer over the 

degradation process their mechanical irritation to the surrounding tissue decreases [174], [175]. In 

addition, the formation of the fibrous capsule at the interface of tissue and implant isolated the 

biomaterial from the local tissue environment and it mediated the inflammatory response around 

the control samples [176]. The thickness of the fibrous capsule around the implantation area also 

increased over time. Fibrous encapsulation is the end stage of healing response to the 

implantation of biomaterials in vascularized tissues [176].   

Similar to the cell density, the macrophage density in the inflammatory zone decreased over the 

degradation time for all four materials. Over the degradation process, it is proposed that the 

degradable materials became smaller in size and this reduction in size resulted in a lower amount 
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of degradation products that along with the subsided inflammation affected the macrophage 

density [177], [178]. The macrophage response was statistically similar to all four groups of 

implants. In the earlier time points the ratio of macrophage density to the total cell density in the 

inflammatory zone was 42 ± 4% in the peptide-(PTMC-MA)2 networks, 39 ± 3% in the peptide-

(PTMC-PEG-MA)2 networks, and 30 ± 9% in PEG-(PTMC-MA)2 networks. This ratio was 

statistically constant for the PEG-(PTMC-MA)2 control implant while it decreased over time for 

the other groups of implants. This result could be due to the ongoing inflammation caused by the 

macrophages’ inability to degrade the PEG-(PTMC-MA)2 control samples.  

Despite all the recent studies on degradable biohybrid networks there are only a few solely 

enzymatically degradable materials. Some recent approaches include the proteinase-sensitive 

PEG-based hydrogel [74], the enzyme-degradable zwitterionic dextran hydrogels [179] and 

MMP-sensitive hyaluronic acid (HA) [180]. The main drawback of the naturally-sourced 

materials such as HA and dextran is the high swelling ratio and unpredictable degradability. 

Generally, the PEG-based hydrogels are not mechanically strong enough to withstand the forces 

in load-bearing soft connective tissues due to their high water content. However, by incorporating 

the hydrophobic blocks to the PEG structure the mechanical features of the final copolymer can 

be improved via controlling its water content. Recently, an enzyme-degradable biohybrid 

hydrogel has been reported entailing the addition of TMC blocks onto a 4-arm PEG that showed 

improved mechanical properties [88]. The advantage of the current strategy is the simplified one-

step crosslinking without using two separate functionalized components such as were used in the 

previous approach.  

Considering the in vivo observations, the hybrid polymeric network proposed and investigated in 

this study has a moderate tissue response which is comparable to that of the VicrylTM suture. 

Therefore, the proposed PTMC-based formulation has the potential to be considered for clinical 

applications. It also can be modified in different ways to adjust the compressive modulus by 
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tuning the ratio of hydrophilic block to hydrophobic block, or the degradation rate and the 

susceptibility to various enzymes by using different peptide sequences in order to fulfil a range of 

tissue engineering applications. 

 

 

5.6 Conclusion 

Herein, a new biohybrid PTMC-based network has been developed that has the potential to 

overcome limitations of current strategies in soft connective tissue engineering. The new 

formulation may be able to support the damaged tissue mechanically, with identical mechanical 

features, and a controlled degradation behavior until the healing process is completed. The 

previous in vitro degradation study of the developed materials had confirmed their enzyme-

degradation via surface erosion. This in vivo study supported the previous in vitro finding under 

the physiological conditions in a rat model. The negative control sample without the enzyme-

sensitive fractions showed negligible mass loss over 6 weeks of implantation. Importantly, the 

MMP-sensitive peptide containing samples showed comparable moderate inflammatory response 

to that observed towards commercially available VicrylTM suture. 
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Chapter 6 

Aqueous crosslinking of the poly(trimethylene carbonate)-poly(ethylene 

glycol) biohybrid networks 

 

6.1 Abstract 

The aqueous crosslinking of the previously described biohybrid copolymer made of poly(ethylene 

glycol) (PEG) and poly(trimethylene carbonate) (PTMC) conjugated to a matrix 

metalloproteinase (MMP)-sensitive peptide (peptide(PTMC-PEG-MA)2) was investigated. The 

prepolymer with different molar ratios of PEG to PTMC blocks were characterized. The thermo-

gelation of the aqueous suspension occurred at 37 °C for the prepolymer with a number average 

molecular weight of 1700 Da and a PEG to PTMC weight ratio of 30%. The covalent 

crosslinking of the 30% w/v aqueous suspension of the prepolymer was successfully done via a 

free radical polymerization using Ammonium persulfate (APS) and N,N,N’,N’-

tetrametylethylenediamine (TEMED). The crosslink efficiency, water content, instantaneous 

compressive modulus, and the glass transition temperature of the final networks were measured at 

room temperature. 
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6.2 Introduction 

In situ formable polymeric networks for tissue engineering and regenerative medicine 

applications have been intensively examined over the past decade. Use of these materials not only 

minimizes the risk of infection and scar formation, but also facilitates cell encapsulation [19]. 

Another advantage is their ability to fill and reproduce even large irregular geometrically 

complex defects [2],[3]. Networks can be formed in situ via a number of covalent crosslinking 

strategies such as free radical polymerization, carbonyl-base condensation, addition reactions, or 

in response to environmental stimuli such as temperature or pH of the surrounding media [181], 

[182]. Stimuli-responsive polymers have been widely investigated due to their ability to form gels 

upon injection with no other requirements of chemical agents. Thermoresponsive amphiphilic 

block copolymers have received the most interest in biomedical applications as their sol to gel 

transition happens by a temperature increase from ambient to physiological [4]. The physical 

formation of the networks via a thermal gelation process can also be combined with a covalent 

polymerization method in order to achieve better mechanical properties [183]. 

Herein, the thermal gelation and the aqueous crosslinking of the previously developed peptide-

(PTMC-PEG-MA)2 prepolymer was investigated in order to assess its potential for in situ 

formation in the presence of cells.  
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6.3 Materials and methods 

6.3.1 Materials  

The materials used for block copolymer synthesis and purification were provided in previous 

chapters. N,N,N’,N’-tetrametylethylenediamine (TEMED) was obtained from Fisher Scientific, 

Mississauga, Ontario Canada. Ammonium persulfate (APS) was purchased from BioShop Canada 

Inc. Burlington, Ontario.  

 

 

6.3.2 Synthesis of Heterobifunctional PEG-PTMC, MMP-sensitive peptide conjugation, and 

characterization 

Methacrylate-poly(ethylene glycol)-b-poly(trimethylene carbonate)-vinyl sulfone (MA-PEG-

PTMC-VS) was synthesized as previously described in Chapter 4. The final block copolymer was 

fractionated using size exclusion chromatography and evaluated by proton nuclear magnetic 

resonance (1H NMR) to calculate the number average molecular weight, confirm the structure and 

determine the vinyl sulfone addition efficiency as described in the previous chapters.  

Heterobifunctional MA-PEG-PTMC-VS’s with different molecular weights were then reacted 

with a half equivalent of a dithiol containing MMP-sensitive peptide (GCRDGPQGIWGQDRCG, 

1704 Da) to form MA-PEG-b-PTMC-b-peptide-b-PTMC-b-PEG-MA block copolymers (peptide-

(PTMC-PEG-MA)2). The final conjugates were purified by dialysis in water for 24 h using a 500 

Da cut-off membrane. The final product was lyophilized and stored at -20 °C.  

 

 

6.3.3 Peptide-(PTMC-PEG-MA)2 prepolymer characterization 

The structure confirmation, purity, and reaction efficiency of the final prepolymer were analyzed 

by 1H NMR spectroscopy. The water solubility of the final prepolymer were measured by mixing 
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100 mg of the sample in 1mL of distilled water. The suspension was stirred at 37 °C overnight 

and then centrifuged at 3200 rpm for 10 minutes. The supernatant was collected and lyophilized 

for further studies. To assess the ability of the copolymer to undergo thermal gelation, an aqueous 

suspension of 5% (w/v) was prepared with each fraction and then put at 37 °C. The thermal 

gelation behavior was investigated by vial tilting method [184]. The polymer glass transition 

temperatures were measured on a Mettler-Toledo differential scanning calorimeter (DSC) using a 

cooling-heating-cooling-heating cycle from 25 °C to -60 °C to 40 °C to -60 °C to 25 °C at a rate 

of 30 °C /min. Indium and gallium standards were used to calibrate the DSC. The glass transition 

temperature was determined from the inflection point of the second run endotherms using the 

internal DSC analysis software. 

 

 

6.3.4 Network formation in aqueous condition  

Purified prepolymer of peptide-(PTMC-PEG-MA)2 containing 1.7 kDa PEG-PTMC was mixed 

with distilled water to form a 30% w/v aqueous suspension (n=3). Ammonium persulfate (APS) 

and N,N,N’,N’-tetrametylethylenediamine (TEMED) were used at a 75 mM final concentration 

as a thermal free-radical initiator for chemical crosslinking. APS and TEMED solutions were 

added to the prepolymer suspension immediately before crosslinking, which was then gently 

agitated and quickly pipetted into a 1mL syringe mold. The networks were then formed over 15 

min at 37 °C. Following network formation, the sol content, the water content, and the 

compressive moduli of the networks were measured as described below. 
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6.3.5 Network characterization 

The crosslinking efficiency was assessed by measuring the sol content after network formation. 

The sol content was determined by measuring the dry weight before and after immersing the 

network in DMSO at 37 ºC for 24 h. The DMSO was removed by immersing the networks in 

water, with repeated water replacement, for 24 h and then the networks were lyophilized. The 

aqueous swelling ratio of the samples was determined by calculating the weight difference of the 

elastomer disc before and after immersion in water at 37 ºC for 24 h. Following sol extraction, the 

glass transition temperature was measured via DSC using the cooling-heating-cooling-heating 

cycle described above.  

To determine the instantaneous compressive modulus of the networks measurements were 

performed on hydrated cylindrical samples (n = 5) pre-hydrated in water at 25 ºC. The 

measurements were conducted to 20 % strain at a strain rate of 1 %/s using a 1 mm indenter and 

the resulting force was recorded. The compressive modulus was obtained from Equation 1 

assuming the rigidity of the indenter was infinite and the sample had a Poisson’s ratio ν of 0.5 

[147].  

 

 

6.3.6 Statistical analysis  

Final quantitative data was expressed as the mean ± the standard deviation about the mean. One-

way analysis of variance (ANOVA) with a Bonferroni post hoc test was performed where 

applicable. A paired t test was conducted between different samples for long-term studies with 

the assigned significance at p values less than 0.05. 

 

 



 

91 

 

6.4 Results  

6.4.1 Prepolymer characterization 

The reaction efficiency, chemical structure, and purity of the compounds after each reaction were 

assessed using 1H NMR spectroscopy as previously described. The final peptide-(PTMC-PEG-

MA)2 was fractionated into different molecular weight fractions and the average molecular 

weight, Tg, water solubility, PEG/PTMC ratio and thermal gelation behaviour of each prepolymer 

molecular weight fraction assessed (Table 6.1). The number average molecular weight (Mn) of 

the different fractions were calculated from the 1H NMR spectra by comparing the integrals of the 

methacrylate peaks and the methylene protons of the TMC units as described in Chapter 4. The 

water solubility of the prepolymers with different Mns ranged from 0.5 to 5.1 %w/v. As would be 

expected, a higher water solubility was obtained for copolymers with a higher ratio of PEG to 

PTMC. Generally, the existence of the hydrophilic PEG in the copolymer backbone improves the 

water solubility and attracts more water molecules to the polymer structure [185]. 

 

Table 6.1. Number average molecular weights (Mn), glass transition temperature (Tg), and 

water solubility of different fractions of PEG-PTMC. PEG/PTMC ratio is the molecular 

weight ratio of the PEG block to the PEG-PTMC block. 

 

PEG-PTMC Mn (Da) 1300 1700 2000 2400 3000 

PEG/PTMC ratio 34% 30% 32% 28% 14% 

MA-PEG-PTMC-VS  Tg (°C) -44 -42 -41 -39 -35 

peptide-(PTMC-PEG-MA)2 

solubility (% w/v) 
5.1 ± 0.8 3.5 ± 0.5 3.3 ± 0.3 1.2 ± 0.4 0.5 ± 0.1 

5% w/v suspension at 37°C - Thermal gelation Precipitation  
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The vial tilting method was used to illustrate the thermal gelation behavior of the peptide-

(PTMC-PEG-MA)2 with different molecular weights. The aqueous suspension of peptide-

(PTMC-PEG-MA)2 prepolymer containing PEG-PTMC 1700-2000 Da and the PEG/PTMC ratio 

of 30-32% at 5% w/v concentration showed the thermal gelation behavior at 37 °C. For PEG-

PTMC 1300 Da copolymer 5% w/v suspension stayed stable at 37 °C, while, for the PEG-PTMC 

2400 Da and 3000 Da the 5% w/v aqueous suspension collapsed and precipitation occurred upon 

a temperature change from 25 °C to 37 °C. Figure 6.1 illustrates the thermal gelation of the 

aqueous suspension of prepolymer fraction with PEG-PTMC of 1.7 kDa and 30% PEG/PTMC 

weight ratio upon a temperature increase to 37 °C.  

 

 

 

 

 

Figure 6.1. Thermal gelation of peptide-(PTMC-PEG-MA)2 aqueous suspension, PEG-

PTMC 1.7 kDa and PEG/PTMC weight fraction of 30%. 
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6.4.2 The characterization of the crosslinked networks in aqueous suspension 

The sol content, water content, and the compressive moduli of the networks prepared with 

peptide-(PTMC-PEG-MA)2 in aqueous suspension were measured as described above (Table 

6.2). The sol content upon network formation was 18% ± 2%, the water content of the networks 

was 65% ± 4%, and the compressive modulus was 243 ± 80 kPa. 

 

 

 

 

Table 6.2. Characterization of the networks prepared with peptide-(PTMC-PEG-MA)2 

formed in aqueous suspension. 

PEG-PTMC Mn Sol content Water content Compress. Mod 

1.7  kDa 18% ± 2% 65% ± 4% 243 ± 80 (kPa) 
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6.5 Discussion  

A biohybrid prepolymer of peptide-(PTMC-PEG-MA)2, were successfully synthesized and 

fractionated to study the effect of the molecular weight and the PEG/PTMC ratio on water 

solubility and thermal gelation behavior. Biohybrid networks were fabricated from the chosen 

prepolymer Mn with thermal gelation behavior at 37 °C in an aqueous suspension and their sol 

content, water content, and compressive moduli were measured. 

The characterization of the peptide-(PTMC-PEG-MA)2 prepolymer with different weight ratios of 

PTMC confirmed that by increasing the molecular ratio of the hydrophobic PTMC block the 

water solubility of the compound decreased at room temperature (Table 6.1) [186]. It was also 

shown that by increasing the molecular weight of the prepolymer, the Tg increased (Table 6.1). Tg 

is associated with the molecular motions and the chain rotational movements and lower Tg means 

a higher molecular mobility [187], [188]. Larger PEG-PTMC molecules have higher Tg due to the 

lower mobility that affects the overall flexibility of the polymer chains [189]. 

The 5% w/v aqueous suspension of peptide-(PTMC-PEG-MA)2 prepolymer containing PEG-

PTMC 1700-2000 Da and the PEG/PTMC ratio of 30-32% showed a thermal gelation behavior at 

37 °C (Figure 6.1). 5% w/v suspension was chosen due to its stablility with no precipitation at 

room temperature. For lower molecular weight PEG-PTMC and a higher PEG/PTMC ratio, the 

copolymer suspension stayed stable at 37 °C. This was due to the stronger hydrogen bonding 

between water molecules and the polymer chains compared to the hydrophobic interactions of the 

PTMC blocks [190]. Whereas, for PEG-PTMC of higher molecular weights and lower weight 

ratios of PEG to PTMC the aqueous suspension collapsed and precipitation occurred upon a 

temperature change from 25 °C to  37 °C. For these cases, as when the temperature was raised the 

hydrogen bonding was weakened by random thermal motions of the polymer molecules and the 

hydrophobic interactions dominated to form reversible crosslinking domains [191]. At a weight 
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ratio of PEG to PTMC of 30-32%, the balance between hydrogen bonding and hydrophobic 

interactions held the physical structure of the gel.  

The sol content of the networks was 18% ± 2%, which was higher than the sol content measured 

for the photo-cured networks in Chapter 4. The higher sol content indicates a lower crosslinking 

efficiency using the chemical crosslinking in aqueous suspension.  This can be due to the low 

solubility in water compared to DMF of the peptide-(PTMC-PEG-MA)2 prepolymer and limited 

access of the chemical reagents to the methacrylate groups. The thermally-initiated 

polymerization method was previously used to form a PTMC-b-PEG-b-PTMC diacrylate and 

methacrylated glycol chitosan hydrogels by using a low initiator concentration (5mM) [192]. 

However, in this study a 75 mM initiator concentration was needed in order to form the biohybrid 

network. The need for higher concentration of the initiator could also be due to the limited water 

solubility of the peptide-(PTMC-PEG-MA)2 prepolymers and limited availability of the 

methacrylate groups for crosslinking. This high radical concentration could potentially be 

cytotoxic for cells in future applications. The compressive modulus was also lower than the one 

measured for photo-cured networks in Chapter 4. The compressive modulus is affected by the 

molecular weight, the crosslink density, and the water content [88]. The lower crosslink 

efficiency not only increased the sol content but also decreased the crosslink density of the 

biohybrid networks, which affected the compressive modulus.  

Despite the high number of recent studies of thermoresponsive degradable polymeric biomaterials 

[101], [193]–[201], few simultaneously possesses a high compressive modulus, enzyme 

degradation ability, and thermal gelation properties.  A biodegradable thermosensitive triblock 

copolymer of poly(δ-valerolactone-co-D,L-lactide)-b-PEG-b-poly(δ-valerolactone-co-D,L-

lactide) (PVLA-PEG-PVLA)  has recently been reported [194]. The mechanical properties of the 

PVLA-PEG-PVLA copolymers are promising for future biomedical applications. However, this 

formulation undergoes hydrolysis under physiological conditions that causes uncontrolled 
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mechanical failure that is not favorable for tissue engineering applications. A PNIPAAm–gelatin-

based thermoresponsive injectable hydrogel for cardiac tissue engineering has been recently 

reported [195]. Although this biohybrid hydrogel offers a high bioactivity for cell survival and 

adhesion, the degradation and the mechanical deterioration were not investigated. 

The biohybrid network that is reported herein can overcome the limitations associated with low 

mechanical properties and the unfavorable degradation mechanisms. The networks prepared with 

peptide-(PTMC-PEG-MA)2 have well-defined mechanical properties and an enzyme-degradation 

behavior. The initial assessment also confirmed the potential of thermal gelation of the biohybrid 

networks.  

 

6.6 Conclusion 

Enzymatically degradable PTMC-based hybrid scaffold was successfully developed with 

potential application in soft connective tissue engineering. Heterobifunctional PEG-PTMC block 

copolymer was conjugated to a MMP-sensitive peptide. Different prepolymers of peptide-

(PTMC-PEG-MA)2 with different hydrophilic to hydrophobic ratios were synthesized and 

analyzed for thermal gelation properties. The thermal gelation behavior was assessed in order to 

evaluate the potential of the quick formation of the biohybrid networks in situ. Furthermore, a 

chemical crosslinking method was used to form a covalently bound network with improved 

compressive modulus. The best candidate with thermal gelation behavior at biological conditions 

was chosen for the next characterizations (PEG-PTMC1.7 kDa with PEG/PTMC ratio of 30%). 

The initial assessment of the peptide-(PTMC-PEG-MA)2 prepolymer aqueous crosslinking 

showed promising results for future in situ formation of the biohybrid networks. More 

investigation is needed to optimize the crosslinking conditions and cell-seeding potential of these 

biohybrid networks. 
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Chapter 7 

Conclusion and Recommendations 

7.1 Conclusion  

Herein, a new biohybrid material was developed that has the potential to overcome limitations of 

current materials used in soft connective tissue engineering strategies. The formation of an 

enzyme-degradable biohybrid network was achieved by photo-crosslinking a methacrylate 

functionalized prepolymer following the conjugation of MMP-sensitive peptide to 

heterobifunctional PTMC/PEG-PTMC. The compressive moduli and the degradation rate of the 

final networks in vitro were dependent on the initial molecular weight of the PTMC block. The 

addition of PEG block to PTMC block increased the water content of the resulting networks and 

subsequently decreased their compressive modulus.  

The in vitro degradation of the networks in collagenase-containing media happened via surface 

erosion through enzyme-degradation of the MMP-sensitive peptide. Controls consisting of 

networks prepared from a peptide-free prepolymer confirmed the resistance of the PTMC/PEG-

PTMC backbone and the thio-ether linkage to hydrolysis. In vitro degradation rates increased by 

decreasing the Mn of the PTMC block or addition of the PEG block to the prepolymer backbone.  

The subcutaneous implantation of peptide containing biohybrid networks prepared with selected 

PTMC molecular weight along with a peptide-free control and the commercially available 

VicrylTM suture in rat model showed the same degradation mechanism in vivo. The inflammatory 

response to the implanted biohybrid network was the same as to the VicrylTM suture, suggesting 

that the new materials could be considered biocompatible.  

The aqueous crosslinking of the biohybrid prepolymer was assessed and the network was 

successfully fabricated and characterized. The aqueous network formation confirmed the cell-

seeding potential of biohybrid prepolymers as well as their in situ formation.  
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The new formulation may be able to support the damaged tissue mechanically, with identical 

mechanical features, until the healing process is completed. The network degradation rate can be 

tuned according to the estimated healing time by optimizing the PTMC/PEG-PTMC molecular 

weight, and enzymatic-degradable peptide type and concentration. 

 

7.2 Recommendations for future work  

The focus of this study was on design and development of enzyme degradable biohybrid 

materials for soft connective tissue engineering. It is recommended that a protocol be developed 

to aid in manufacture of the biohybrid prepolymer and the network for soft connective tissue 

engineering. The current developed biohybrid material has limited water solubility that affects the 

potential of cell-seeding and in situ formation of the final network. It is recommended to improve 

the water solubility of the PEG-PTMC copolymer by increasing the molar ratio of PEG block to 

PTMC block. However, it will be challenging for load bearing soft connective tissue to maintain 

the stiffness of the crosslinked network. It is also recommended to investigate the thermal 

gelation behavior of the biohybrid prepolymer to have a quick network formation upon injection 

before the covalent crosslinking occurs. A systematic study is needed to optimize the water 

solubility, thermal gelation behavior, and the stiffness of the biohybrid networks by tuning the 

PEG molar ratio and the peptide sequence being used for different applications.  

The next step of the project will be to investigate cartilage secretion in vitro by chondrocyte 

encapsulation in the biohybrid networks. Chondrocytes, adipose derived stem cells, and 

mesenchymal stem cells are the potential cell sources for load-bearing soft connective tissue 

engineering considering their effectiveness on cartilage synthesizing. The culture conditions 

should be optimized for the chosen cell type. Dynamic culture systems are recommended to be 

used for a better nutrient delivery to the cells in the center of the networks. Biological segments 
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such as hyaluronic acid and/or chondroitin sulfate are suggested to be mixed with the biohybrid 

prepolymer to improve the cellular activities throughout the network. 

For load-bearing soft connective tissue engineering it is also recommended to use larger animals 

such as sheep to investigate the cartilage injection. The larger animal model will help provide 

information on the cartilage regeneration under the biological loading over the degradation time.  

Cells and growth factors are also recommended to be encapsulated in the injecting prepolymer. 

Growth factors facilitate and promote cells to regenerate new tissue. 

7.3 Contributions to Knowledge 

 The development of a heterobifunctional PTMC structure that can be readily conjugated 

to a dithiol MMP-sensitive peptide. 

 The development of a simplified one-step crosslinking strategy to form biohybrid 

networks. 

 The fabrication of the biohybrid networks with high stiffness appropriate for a range of 

load-bearing soft connective tissue engineering that is solely degradable by the action of 

enzymes. 
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Appendix 

 

 

 

A. 1. Chemical structure of the MMP-sensitive peptide (GCRDGPQGIWGQDRCG). 
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 A. 2. Size exclusion chromatography of the PTMC-based polymers, time in min 

(top), chemical structure of the resin (bottom)  
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A. 3. Mn distribution of VS-PTMC-MA after fractionation by size exclusion 

chromatography 

 

 

 

 

A. 4. Mn distribution of VS-PTMC-PEG-MA after fractionation by size exclusion 

chromatography 
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A. 5. Homonuclear correlation spectroscopy (COSY) NMR of 2-((2-vinylsulfonyl 

ethyl)thio)ethanol initiator 
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A. 6. Homonuclear correlation spectroscopy (COSY) NMR of MA-PEG-PTMC-VS 
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A. 7. Mass spectrometry of VS-PTMC-MA 800 Da. 
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A. 8. Mass spectrometry of peptide-(PTMC-MA)2 prepolymer prepared from PTMC-MA 

800 Da 
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A. 9. Thermographs of peptide-(PTMC-MA)2 degraded over 15 weeks in vitro and 6 weeks 

in vivo 

 

A. 10. Thermographs of peptide-(PTMC-PEG-MA)2 degraded over 6 weeks in vitro and in 

vivo 
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A. 11. Implantation site on the back of Wistar rat, 6 weeks post implantation 

 

 

 

 

 

 

 

A. 12. Physical appearance of the tissue and implanted prepared from (a) PEG-(PTMC-

MA)2, (b) peptide-(PTMC-PEG-MA)2, (c) peptide-(PTMC-MA)2 and (d) VicrylTM suture, 

the implant area is shown by the arrow, after 6 weeks of implantation. 
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A. 13. Aqueous crosslinking of peptide-(PTMC-PEG-MA)2 prepolymers 

 

 


