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Abstract 

The aim of this thesis was to determine the feasibility of an injectable delivery formulation based 

on low molecular weight poly(trimethylene carbonate) (PTMC) for localized delivery of vascular 

endothelial growth factor (VEGF). Formulations based on modified conjugated PTMC, ester or 

anhydride-linked PTMC, and poly(trimethylene carbonate-co-5-hydroxy trimethylene carbonate) 

(P(TMC-co-HTMC)), were synthesized. Polymers/copolymers were amorphous and injectable 

viscous liquids at 37 ºC. In vitro degradation study of the conjugated PTMCs showed that the 

anhydride bond cleaved within 24 hours, generating acidic products that lowered the pH of the 

buffered degradation medium. In contrast, hydrolysis of the ester bond did not result in an acidic 

pH; however, it degraded too slowly for the intended application. Preparing P(TMC-co-HTMC) 

using different catalysts revealed that HCl·Et2O is able to provide a random comonomer 

distribution and low toxicity burden. In vitro degradation of the resulting random copolymers was 

tailored by adjusting the initial HTMC content, initial molecular weight and the choice of initiator. 

During in vitro degradation, the pH of the medium surrounding the copolymer always remained 

near neutral. In vivo degradation study of P(TMC-co-HTMC)s at the molecular weight range of 

1000-2000 Da with 30 mol% initial HTMC content revealed rapid degradation of the HTMC units 

followed by gradual elimination of the short chains produced via HTMC degradation. The 

inflammatory response to the injected copolymers subsided by time but was still ongoing after 22 

weeks. The observed tissue response was comparable with the tissue response of a commercial 

MONOCRYL suture indicating that the copolymer can be considered biocompatible. In vitro 

protein release from the same copolymers was characterized by using lysozyme, bovine serum 

albumin and VEGF. This study revealed that the rate of protein release was controlled by the 

solubility of the lyophilized protein in the aqueous environment within the copolymer, the 

concentration of the salt included in the lyophilized powder, and the flexibility of the copolymer 

chains to form superhydrated regions. The released VEGF showed greater than 80% bioactivity 

throughout the release period. This delivery formulation can be used to deliver acid sensitive 

proteins for short or long-term delivery approaches depending on the protein physical properties.  
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Chapter 1 

Introduction 

1.1 Clinical Significance 

Peripheral arterial disease (PAD) is a chronic condition caused by the formation and 

hardening of fatty plaque (atherosclerosis) within arteries and arterioles, resulting in 

narrowing or blocking of the vessels carrying blood to the limbs. Gradually, the flow of 

blood becomes restricted even at rest and deprives the tissue of oxygen and nutrients 

leading to critical limb ischemia (CLI) in the tissues fed by the diseased artery. In severe 

cases ulceration, gangrene or tissue loss result.1–3 This condition affects 8.5 million 

Americans aged over 40, and the number of patients is expected to dramatically increase 

as the population age and the number of individuals with prolonged exposure to obesity, 

diabetes, smoking and hypertension increase.4–7 Moreover, PAD is asymptomatic and 

generally diagnosed at the late stages as the classic symptoms such as ischemic rest pain 

or ischemic ulcers are observed in just 10 % of the patients.8,9  

Current treatments include pharmacological therapy and controlling the risk factors,2 

percutaneous transluminal angioplasty (PTA)10,11 and bypass surgery.12 These treatments 

have decreased the mortality rates; however, 10-40 % of patients with PAD still require 

amputation. Amputation itself causes 5-10% mortality for below-the-knee amputations and 

15-20% for above-the-knee amputations after bypass surgery. Additionally, 30% of 

amputee survivors will die within 2 years, and the other 30% will require a second 
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amputation. Finally, full restoration of mobility with no amputation is achieved in less than 

50% of patients.2,3   

The discovery of angiogenic growth factors and the natural mechanism of forming blood 

vessels represented a potential treatment approach, named therapeutic angiogenesis. In this 

approach new blood vessels (capillaries) are induced to grow from the pre-existing blood 

vessels around the arterial blockage to carry blood to the deprived tissue, bypassing the site 

of occlusion. The body is intrinsically able to produce endogenous angiogenic growth 

factors and subsequently induce new blood vessels at the site of ischemia. But this response 

occurs very slowly, and it cannot compensate for the lost blood flow completely.13 

Therefore, the exogenous administration of angiogenic growth factors is required to 

facilitate the treatment. In this approach, angiogenic growth factors are administered 

directly to the ischemic site via a minimally invasive, biocompatible, and biodegradable 

delivery vehicle. Ideally, the delivery vehicle provides a sustained release of the growth 

factors at the effective local dose with a minimal initial burst effect while the bioactivity 

of the growth factor is preserved.14–16  

To achieve this kind of delivery, in this work, a hydrolysable, viscous liquid formulation 

based on modified low molecular weight conjugated poly(trimethylene carbonate) 

(PTMC), ester or anhydride-linked PTMC, and low molecular weight poly(trimethylene 

carbonate-co-5-hydroxy trimethylene carbonate) (P(TMC-co-HTMC)), were studied. The 

synthesis, characterization and in vitro degradation of the conjugated PTMC and the 

copolymer were determined. Moreover, the in vivo degradation behavior and tissue 

response to, and the factors influencing the release rate of model proteins from the selected 



 

3 

 

P(TMC-co-HTMC)s were examined. Finally, as a demonstration of feasibility, the ability 

of the chosen formulation to release bioactive vascular endothelial growth factor (VEGF) 

was assessed.  
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Chapter 2 

Literature Review 

2.1 Natural capillary formation and arteriogenesis 

Capillaries consist of a single layer of endothelial cells (EC) that are flattened and possess 

tight gap junctions. The ECs are enclosed by a basement membrane and are partially 

covered by pericytes/smooth muscle cells (SMC) on the abluminal site. Pericytes/SMCs 

envelop the vessel wall and regulate the barrier properties of the capillaries.16,17 To 

appreciate the issues surrounding therapeutic angiogenesis requires an understanding of 

the natural process of capillary formation in vivo.  

Vascularisation occurs naturally in adults during the menstrual cycle, inflammation, and in 

such physiological repair processes as wound healing. Vascularisation includes two steps: 

angiogenesis and arteriogenesis.17–19 Angiogenesis refers to the process of new capillaries 

sprouting and developing from pre-existing blood vessels to form a new capillary 

network.19,20 Increasing the density of capillaries via angiogenesis leads to a decrease in 

the interspace between neighboring blood vessels, which subsequently increases blood 

perfusion and restores local oxygen and nutrients supply.20,21 Each step of angiogenesis is 

initiated and regulated by a variety of growth factors (GF) which are secreted in a tightly 

regulated spatial and temporal order. In general, during angiogenesis the existing branched 

network of vessels formed during vascularization (primary vascular plexus) is used as a 

scaffold and is remodelled through several circumstances as described below.  



 

5 

 

Normally stable endothelial cells become activated by locally introduced hypoxia in the 

surrounding tissue.22–24 Oxygen tension plays a key role in the secretion of proteinases, 

such as urokinase-plasminogen activator (UPA) and matrix metalloproteinases (MMPs) by 

ECs, which cause rapid degradation of the nearby extracellular matrix (ECM). While ECM 

is degrading and in response to hypoxia, intracellular stabilization of hypoxia-inducible 

factor subunit α (HIF-1α) in the cytoplasm and the formation of the heterodimer of HIF-α 

with hypoxia-inducible factor subunit β (HIF-β) in the cell nuclei stimulates transcription 

of the potent angiogenic stimulator vascular endothelial growth factor (VEGF) in the 

nucleus.17 Subsequently, VEGF leads to the proliferation of ECs as well as endothelial 

permeabilization, which allows for extravasation of proteases and ECM components from 

the blood.25 Several other growth factors including angiopoietins (Ang), transforming 

growth factor (TGF-β), fibroblast growth factor (FGF), epithelial growth factor (EGE), 

hepatocyte growth factor (HGF), platelet derived growth factor (PDGF), tumor necrosis 

factor-α (TNF-α) and receptor tyrosine kinase expressed on angiopoietins (Tie2) are 

involved in the different steps of angiogenesis which trigger capillary tube formation 

(Figure 2.1).19,24,26–28 The new ECM synthesized by pericytes and SMCs contains the 

soluble growth factors and provides a suitable condition for migration and proliferation of 

ECs into the ECM in response to the soluble and matrix-bound chemical signals which 

leads to the formation of a migrational column. Also, pericytes migrate towards the 

migrational column, deposit matrix and interact with ECs enveloping the vessel wall to 

stabilize the new vessels. After a sufficient number of divisions, ECs stop proliferating and 

form a new luminal vessel that fuses into the pre-existing mature vasculature, and blood 

flow is initiated.25–27  
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Figure 2.1. Schematic of the angiogenesis process and the growth factors utilized in each step. The schematic 

was adapted from Papetti and Herman and is used with permission.28  

In continuation of the angiogenesis process, arteriogenesis, also called collateral growth, 

may occur. Arteriogenesis results in the enlargement of newly formed capillaries to 

compensate for the flow lost in other vessels, forming arterioles.17,19 Arteriogenesis is 

mostly initiated and regulated by the flow shear stress caused as the result of vessel 

occlusion. The vessel diameter increases until the radial wall stress is normalized.19,29,30 

During this process, shear forces activate endothelial cells that subsequently stimulate the 

production of adhesion molecules and chemokines such as monocyte chemoattractant 

protein-1 (MCP-1), granulocyte-macrophage colony-stimulating factor-10, tumor necrosis 

factor-α and stem cell–derived factor-1 (SDF-1).24,31,32 Circulating monocytes are recruited 

by the cytokines and collected around the developing artery where they invade the 

interstitial space and differentiate to macrophages.33 In addition to other cellular elements 

the resulting macrophages release more MCP-1, nitric oxide, as well as growth factors 
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including PDGF, TNF-α, VEGF, FGF-1 and FGF-2.24,34 The secreted matrix proteases 

degrade the tissue surrounding the growing vessel and produce a space into which the 

collateral vessels can expand. Released growth factors recruit endothelial cells, pericytes 

and SMCs from the surrounding tissue to the abluminal surface of the endothelium, which 

envelop the vessel wall. To form mature blood vessels, mural cells differentiate, interact 

with endothelial cells, and form a matrix which stabilizes the new vessels and prevents 

their regression. Later the endothelial cells become quiescent, improve cell-cell contacts, 

and complete ECM synthesis.13,14,20  

2.2 Therapeutic Angiogenesis 

The body is naturally capable of developing blood vessel networks to treat ischemia, but 

this process occurs very slowly, and is not capable of compensating for the lost blood flow 

completely. Therapeutic angiogenesis via local delivery of stem cells or progenitor cells 

(cell therapy)7,13,36 and/or angiogenic growth factors7,37 in the lower limb has been 

examined in efforts to overcome the limits of the natural angiogenesis response by 

promoting endothelial cell proliferation, migration, and blood vessel formation.  

2.2.1 Cell therapy 

In cell therapy, transplantation of cells such as adipose tissue-derived stem/stromal cells 

(ASC),38,39 bone-marrow derived endothelial, hematopoietic stem and progenitor cells,40–

42 and bone-marrow mononuclear cells40 can induce tissue revascularization at the ischemic 

sites. These cells not only restore tissue revascularization, but also secrete a number of 
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angiogenic growth factors such as VEGF, SDF-1, FGF-2, Ang-1 and HGF that facilitate 

incorporation of endothelial progenitor cells (EPC) into the newly sprouting blood 

vessels.38–40,42,43  

Recent clinical and pre-clinical studies proved that angiogenic cell therapy is a feasible, 

and potentially effective therapeutic strategy for PAD patients with evidences of increasing 

lower limb perfusion, decreasing the pain score, relevant improvement in ankle brachial 

index (ABI), and promoting foot ulcer healing.7,40,44,45 Despite the potential advantages of 

cell therapy, this method showed low therapeutic efficacy due to the low survival level of 

cells transplanted into the hypoxic tissue. In fact the direct exposure of cells to the ischemic 

site caused a high level of cell apoptosis within a few days of transplantation due to the 

lack of initial vasculature.46 This method also has other challenges such as difficulties in ex 

vivo proliferation and differentiation of EPCs and side effects caused by different 

hematopoietic and irrelevant tissue-specific pluripotent stem and progenitor cells of bone-

marrow mononuclear cells such as aberrant hemorrhage-prone vessels, fibrosis, abnormal 

tissue remodeling and arrhythmias.42 

2.2.2 Gene therapy 

Angiogenic gene therapy is based on the therapeutic delivery of specific growth factor 

DNA sequence  into the target cells to encode the localized and sustained secretion of a 

specific growth factor depending on the tissue transfected and the vector used.7,47 

Nowadays, genes are transferred using plasmids and viral vectors. Plasmids have low 

transfection efficiency and reduced transgene expression. Adenoviral vectors and adeno-
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associated virus (AAV) are the most effective way of delivering angiogenic growth factors 

by transducing nonproliferating cells. However, the high cytotoxicity of adenoviral vectors 

due to the adenovirus products and inflammatory reaction against adenovirus limits their 

application.48 In contrast, AAVs with low immunogenic potential and prolonged 

expression may provide higher efficiency than adenoviral vectors.49–51   

Preclinical models of gene therapy revealed promising results on improving angiogenesis, 

but the clinical studies on overexpression of angiogenic growth factors have not achieved 

significant success in decreasing amputation rate and improving ulcer healing. Proposed 

explanations for these disappointing clinical results include: low level of gene expression 

especially in elderly patients with diabetes and hyperlipidemia, gene persistence, and  low 

efficiency of single growth factor administration as it is known that several growth factors 

are contributing to angiogenesis.47,51–53  

2.2.3 Protein therapeutics 

As demonstrated by the natural angiogenesis process, multiple growth factors are involved 

in forming new and stable blood vessels. Therefore, an approach based on local 

administration of various growth factors at the ischemic site via a delivery device could be 

introduced to achieve angiogenesis. In comparison to cell therapy and gene therapy, the 

protein therapeutics approach provides several advantages, including the ability to combine 

several growth factors in a single formulation as well as the ability to control the delivered 

dose and duration of growth factors.  
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Growth factors are soluble signaling proteins that can control cellular responses in a very 

wide range of cell actions including cell survival, migration, proliferation, and 

differentiation. The cell behavior is directed through binding the growth factor to specific 

transmembrane receptors on the target cells. The resulting binding transfers a signal to the 

cell nucleus. The transfer mechanism involves a complex array of events, which engages 

cytoskeleton protein phosphorylation, ion fluxes, changes in metabolism, gene expression, 

protein synthesis, and finally an integrated biological response.54,55 

However, growth factors have a rapid, local effect because of their slow and short-range 

diffusion through, and short half-life time in, the ECM. The diffusion behaviour of growth 

factors is regulated by the extent of their binding to ECM components and the resulting 

spatiotemporal gradient.35,56 The ability of a growth factor to instruct cell behavior not only 

depends on its half-life and diffusion properties through the ECM, but is also determined 

by the number of target cells, types of receptors and the nature of intracellular signal 

transduction subsequent to growth factor binding. Depending on the type of cell the same 

receptor can produce different intracellular transduction pathways and subsequently 

translate different messages. Finally, interaction between the target cell and a specific 

growth factor is controlled by external factors including ECM degradation rate, target cell 

location, and the concentration of the growth factor.25 According to the critical role of 

growth factors in regulating the cellular behaviour and tissue regeneration, a wide range of 

growth factors such as VEGF,13–15,57,58 FGF,13,57,59 PDGF,58,59,60,61 HGH15,62,63 and 

placental growth factor (PlGF)64–67 have been studied for therapeutic angiogenesis. In the 

next section, the family of VEGF will be introduced as the most utilized growth factor for 
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angiogenesis, and a brief discussion about the challenges of protein therapeutics will be 

presented. 

2.3 Angiogenic Growth Factors 

2.3.1 Vascular Endothelial Growth Factor (VEGF) 

There are six known members of the VEGF family: VEGF-A, B, C, D, E and PlGF. VEGF-

B, C, D and E are mitogenic growth factors for ECs as is VEGF-A, but are significantly 

less potent than VEGF-A. VEGF-A is a disulfide-bonded dimeric glycoprotein with a 

molecular weight of 34-45 kg/mol (kDa) that is the major player in angiogenesis. It is 

expressed by various cell types such as SMCs, macrophages, tumor cells, cardiomyocytes 

and ECs at low levels under normal conditions; however, its concentration reaches higher 

level at angiogenic conditions such as within fetal tissue, the placenta, human tumors, and 

during tissue repair. The local oxygen concentration affects the level of VEGF-A secretion 

as its production is dramatically upregulated by hypoxia.56,68,69 There are four isoforms of 

VEGF-A composed of 121, 165, 189, and 206 amino acids, which are known as VEGF121, 

VEGF165, VEGF189, VEGF206. The C-terminal domains of VEGF165, VEGF189 and 

VEGF206 are highly basic, bind to heparin-rich proteoglycans of the ECM, and 

consequently these growth factors diffuse more slowly than VEGF121, which has no affinity 

for heparin. MMPs can cleave the VEGF-ECM bond and form a stable and active form of 

the growth factor. This released active growth factor can interact with its cognate receptors 

inducing angiogenesis, increasing vascular permeability, facilitating paracrine/autocrine 

growth factor release, enhancing cell motility and inhibiting cell apoptosis.35,56 Within the 
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VEGF family, VEGF165 is the most common and most biologically active isoform that is 

secreted into the extracellular environment.7 

The activities of VEGF-A are predominantly regulated by its binding to two tyrosine kinase 

receptors, vascular endothelial growth factor receptor 1 (Flt-1 or VEGFR-1) and vascular 

endothelial growth factor receptor 2 (KDR/Flk-1 or VEGFR-2). VEGFR-1 shows the 

highest affinity to VEGF-A, and is found on ECs, vascular smooth muscle cells, and 

monocytes. VEGFR-1 does not cause direct migratory, proliferative, or cytoskeletal 

effects.28,70 In contrast, VEGFR-2 has a lower affinity than VEGFR-1 for VEGF-A, is 

expressed on ECs and its hematopoietic precursors affects EC mitogenesis.71,72 The 

resulting activity of VEGF-A caused by binding to VEGFR-2 leads to the EC specific 

action of VEGF-A. 

2.4 Angiogenic Growth Factor Delivery 

Effective angiogenesis through growth factor administration requires an optimized dosage, 

sequence, and release duration of bioactive growth factors.18,55,67,73–77 Growth factors can 

be administered directly by bolus injection or through incorporation into delivery devices. 

However, growth factors typically have short half-lives following injection; for example, 

the plasma half-life of VEGF is 1 h.18,78 Therefore, for effective therapy, large doses would 

need to be systemically administered by daily bolus injection.79 This approach is not 

recommended because high concentrations of angiogenic growth factors within a local 

environment may cause abnormal vessel growth and immune dysfunction resulting in 

edema, hypotension, or hemangioma.57,64,67,80 Therefore, controlled delivery strategies 
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should be utilized to provide prolonged release of low and localized doses of angiogenic 

growth factors into the ischemic site, while maintaining their bioactivity. For this purpose 

growth factors have been incorporated into biomaterials with characteristics that provide 

gradual in vivo release.18,55,74–77 Previous studies have revealed that 3-4 weeks of sustained 

and local delivery of bioactive growth factors into the hypoxic tissue is necessary to form 

a stable vascular network and provide effective blood flow.13,14  

Clinical trials have consistently demonstrated that administration of a single growth factor 

is not sufficient to provide a stable and effective blood vessel network.18,57,73 This is not 

surprising as multiple growth factors are involved in the natural angiogenesis process to 

induce EC activation, proliferation, migration, and tube formation as well as attracting 

pericytes/SMCs to stabilize the newly formed blood vessels.7,43,81 Therefore, several 

studies were completed on co-administration of angiogenic growth factors such as 

VEGF/FGF-2,59,82 VEGF/PDGF-BB,58,60,61 PDGF/FGF-2,59 VEGF/HGF,15,63 

VEGF/PlGF67 to improve therapeutic angiogenesis. 

2.5 Protein bioactivity 

Protecting growth factor bioactivity is one of the most important parameters that should be 

considered when designing a growth factor delivery device. Proteins have primary, 

secondary, tertiary and sometimes quaternary structures that determine their biological 

activity. These structures may exhibit both chemical and physical instability (denaturation) 

in solution and in the solid state that subsequently leads to a decrease in the protein 

bioactivity.83 
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Protein chemical instability refers to reactions such as deamidation, oxidation, and 

disulfide exchange in which covalent bonds are cleaved and reformed, yielding a new 

chemical substance.84 In contrast, protein physical instability occurs without breaking or 

reforming covalent bonds, but rather by disruption of the native folded conformation of the 

protein, aggregation, and formation of insoluble particles.84,85 Physical denaturation occurs 

due to various stresses experienced during purification, processing, storage, and release 

from the delivery device. These stresses include exposure to extreme pH, adsorption to 

surfaces, exposure to shear strains caused by agitation and filtration, and temperature 

fluctuations during different steps such as freezing, lyophilization, thawing, and protein 

release.79,86–90   

Proteins can be formulated as either solutions or lyophilized solids using excipients called 

osmolytes such as sugars, salts, polyols, amino acids, and amines to preserve their 

bioactivity. Osmolytes preserve the protein bioactivity by reducing aggregation of 

unfolded proteins in solution via the thermodynamically unfavorable mechanism of 

preferential hydration in which osmolytes are preferentially excluded from the vicinity of 

the protein.83,91–95 Preferential hydration increases the free energy of both the native and 

unfolded protein structure. However, the unfolded protein structure is expected to have a 

greater preferential hydration because it possesses a greater surface area compared to the 

native structure. Therefore, the presence of osmolytes leads to a greater energy difference 

between the native and unfolded structure, and subsequently higher energy is required to 

unfold proteins. On the other hand, proteins prefer self-association in the presence of 

osmolytes to decrease their surface area and reduce the unfavorable interaction with 
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osmolytes which enhances aggregation.93 Therefore, the osmolyte concentration should be 

optimized to preserve the protein bioactivity.  

Proteins are most often lyophilized with osmolytes such as sugars as cryoprotectants and 

lyoprotectants to enhance the protein stability. Lyophilization involves two processes 

including freezing and drying which both may cause damage to the protein structure. Thus, 

the selected excipients must stabilize the protein effectively against the applied stresses of 

lyophilization as well as the other stresses discussed previously. Many excipients can 

provide cryoprotection, but they are not effective against drying. Typically, disaccharides 

such as trehalose90,96,97 and sucrose97 are effective lyoprotectants and are the most 

commonly used excipients. These sugars, with high glass transition temperatures, reduce 

the motion of the protein during the drying stage by forming highly viscous glassy matrices 

that stabilize the labile protein molecule and maintain their native conformation.93,95,98 Salts 

are also present in the formulation for lyophilizing proteins to act as a buffer to control the 

solution pH.83,95 Salts may enhance the stability of the protein solution before 

lyophilization, but they are not typically employed to preserve the protein stability in the 

solid formulation.99 

2.6 Growth Factor Delivery Approaches 

Physical encapsulation of growth factors in biodegradable polymers is a favoured approach 

to preserve the biological activity of proteins and provide a sustained effective local release 

of growth factors with a minimal initial rapid release, called the burst effect. The protein 



 

16 

 

release rate is regulated by a number of potential parameters such as the degradation of the 

polymer and transport by diffusion and/or osmotic pressure.  

When designing such a delivery approach, the following criteria should be considered. The 

polymer used should initiate a moderate tissue response without significant ongoing 

inflammation or irritation,100,101 while preserving the bioactivity of the growth factor. Also, 

it should be biodegradable through a mechanism producing nontoxic and soluble 

components that can be completely cleared from the body by metabolism or via the 

kidney's glomerular filtration. Previous studies have revealed that 3-4 weeks of sustained 

and local delivery of bioactive growth factors into the hypoxic tissue is necessary to form 

a stable vascular network and provide effective blood flow.13,14,35 Using these results, the 

desired degradation time frame is 6-10 weeks, which provides effective growth factor 

release while the delivery device does not remain for a prolonged time at the injection site 

after completing the treatment period. In fact, the slow degrading delivery devices are able 

to cause an extended inflammation response and block tissue from the forming blood 

vessels.18 The manufacturing process cost should also be considered as growth factors are 

expensive. Efficient growth factor incorporation into the device while preserving their 

bioactivity throughout the manufacturing process is necessary. Also, administration of the 

delivery device directly to the intended site should be minimally invasive. Therefore, non-

surgical methods such as injection are favourable. In addition, it would be ideal for growth 

factors to be sequentially released from the delivery device in a manner that mimics the 

temporal profile of the healing process in vivo.  
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2.6.1 Microspheres  

Biodegradable and biocompatible polymeric microspheres are one of the most common 

injectable delivery platforms. These microspheres are generally composed of poly(lactide-

co-glycolide) (PLGA) containing growth factors as solid particles. This formulation have 

received attention because PLGA is widely available at different molecular weights and 

monomer ratios which offers possibilities to determine its degradation and drug release 

kinetic.18,102 Moreover, PLGA does not need any environmental signals or externally 

applied cues such as changes in pH or temperature, or application of enzymes and ions to  

regulate the release rate. PLGA microspheres degrade by gradual, random, and non-

enzymatic hydrolysis of the polyester backbone into water soluble oligomers and 

monomers that are eliminated from the body.103,104 PLGA Microspheres have been 

fabricated primarily by emulsion/solvent evaporation techniques using slightly water 

soluble toxic and carcinogenic organic solvents, such as methylene chloride and ethyl 

acetate, to dissolve the polymer. An aqueous phase containing the growth factor is then 

mixed with the organic polymer solution to form a water-in-oil emulsion.102,105–107  

protein release rate from PLGA microspheres depends on polymer characteristics such as 

composition and crystallinity, hydrophilicity, molecular weight, and degradation rate, as 

well as microsphere properties such as size and porosity, and the nature and amount of any 

excipients and growth factors loaded in the microsphere. Long-term protein release from 

microsphere matrices has been difficult to achieve. Release is usually rapid in the first 24 

h causing a large burst effect105,106,108 followed by a sustained incomplete 

release.106,107,109,110 In general, protein release profile is classified in three phases including 
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an initial burst release due to dissolution of surface resident protein particles, diffusion-

controlled release due to the dissolution of the protein particles within the PLGA 

microspheres and their diffusion out through the pores and channels, and erosion-

controlled release resulted from the degradation of the microspheres providing new pores 

and channels within the microsphere.18,106–110 Also, microspheres are free to move 

independently at the site of injection. Thus, a method should be considered to prevent their 

migration from the defect/implantation site. To achieve local treatment, microspheres are 

often incorporated in scaffolds111 or hydrogels112,113 in composite delivery systems.  

However, the main challenge of using PLGA microspheres is protecting the growth factor 

bioactivity. Previous studies showed that the degradation process generates acidic species, 

monomeric lactic and glycolic acid, resulting in a decrease in pH of the surrounding 

aqueous solution and within the polymer bulk to below 3.114–117 Acidic degradation 

products trapped inside the polymer bulk  facilitate the degradation process affecting the 

release kinetics,115,116,118 cause growth factor denaturation,119,107 inhibit cell viability,120 

and may cause tissue inflammation surrounding the implant.121 

Several methods have been utilized to control the local pH within PLGA microspheres 

including incorporation of basic salts,122,123 and blending poly(ethylene glycol) 

(PEG)124,125 into the PLGA matrix. Incorporation of basic salts did not control pH changes, 

which significantly decreased over 3 weeks.123 Blending with PEG stabilized the pH 

between 5 and 5.8 over 4 weeks incubation of the microspheres in PBS.124 However, a 

significant VEGF burst of ~70% was observed from the resulting microspheres over the 

first 4 days.126 To control the local pH within PLGA microspheres, another delivery system 
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was also suggested which is based on decreasing the amount of degradation products by 

blending PLGA with slower degrading materials such as poly(3-hydroxybutyrate-co-3-

hydroxyvalerate)(PHBV).127 However, while PHBV degrades remarkably more slowly 

than PLGA, it could not provide an effective therapeutic release rate. The release profile 

of FGF-2 encapsulated in the resulting blend microsphere was biphasic, with release over 

the first 6 days reaching 33%, with a slow release plateau between 7 to 30 days due to the 

slower degradation rate of a PHBV/PLGA shell than PLGA, and then a second release 

phase to complete release within 60 days. The released HGF from PLGA/PHBV 

microspheres maintained its bioactivity for at least 40 days; however, this biphasic release 

mechanism is not suitable for therapeutic angiogenesis.62 These techniques could improve 

the protein bioactivity and adjust the release kinetics from PLGA microspheres but none 

of them could prevent PLGA degradation and growth factor denaturation. 

2.6.2 Hydrogels 

Hydrogels are crosslinked three-dimensional networks of hydrophilic polymers containing 

large amounts of water. Absorption of significant amounts of water by hydrogels and their 

soft nature can provide hydrogels the same mechanical properties as the natural ECM 

which prevents inflammation caused by tissue irritation.128  In addition, the porous 

structure and high water content of hydrogels provide suitable conditions for the 

incorporation of water-soluble compounds like growth factors. In comparison to PLGA 

microspheres, it is possible to prepare hydrogel under mild condition using an aqueous 

environment and body temperature which helps preserve growth factor bioactivity. In 

general, the growth factor release mechanism from hydrogel can be diffusion controlled 



 

20 

 

and/or polymer degradation controlled74,75,129–132 as well as controlled by affinity 

binding133,134 depending on polymer characteristics (composition, hydrophilicity, 

molecular weight, charge, and degradation mechanism), hydrogel characteristics (polymer 

concentration, hydrogel formation/decomposition mechanism, pore size, and the 

density/nature of the crosslinks) as well as the protein properties (isoelectric point, 

molecular weight and water solubility).  

Injectable hydrogels are one of the favored formulations for growth factor delivery. 

Injectable hydrogels provide several advantages over the pre-formed implantable 

hydrogels including minimally invasive nonsurgical administration in vivo and the ability 

to fill nearly any cavity or defect providing a good fit and interface between the hydrogel 

and the surrounding tissue. In this way the injectable hydrogel remains localized at the site 

of injection.74,135 

In general, injectable hydrogels are classified into two groups as gel-forming materials and 

pre-formed injectable hydrogels. Gel-forming materials start in the form of a polymer 

solution which turns into a viscoelastic crosslinked depot at the site of administration upon 

injection in response to chemical or physical stimuli. Chemical gels formed by covalent 

crosslinks are not suitable for use as an injectable platform for growth factor release as 

achieving compatibility between the crosslinking conditions and the incorporated growth 

factors as well as the surrounding tissue is challenging.74,75,135 In contrast, physical gels 

formed by physical association between polymer chains are more favored. The most 

common formulation approach for injectable physical hydrogels is based on block 

copolymers with lower critical solution temperatures (LCST) around 37 ºC such as 
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poly(ethylene oxide)-poly(propylene oxide)-poly(ethylene oxide) (PEO-PPO-PEO),136 

PEG-PLGA-PEG,137 and poly(N-isopropylacrylamide-co-propylacrylic acid).138 These 

formulations convert to a gel via hydrophobic interactions in which hydrophobic domains 

aggregate at body temperature. Thermosensitive gels demonstrate a high burst effect due 

to the initial time required for in vivo gel formation followed by rapid and short duration 

release, especially for water soluble drugs, due to the high water content of the hydrogels 

formed and their fast decomposition. Decomposition of the hydrogel occurs through water 

influx from the surrounding environment diluting the polymer to below its critical gelation 

concentration.74,75 Physical gels can also be formed based on hydrogen bonding between  

two or more natural polymers with rheological synergism in mixture such as gelatin-

agar139, starch-carboxymethyl cellulose140, and hyaluronic acid-methylcellulose.141 These 

blend formulations provide  excellent biocompatibility, but  can also be diluted and 

dispersed over a few hours to a few days in vivo due to water influx from surrounding 

environment, which leads to limited usage as short-acting drug release systems.74  

Pre-formed injectable hydrogels are visco-elastic solids that can be syringe delivered. One 

of the favored formulation approaches of pre-formed injectable hydrogels is shear-thinning 

hydrogels. Shear-thinning hydrogels have the ability to flow with low viscosity while under 

stress in the syringe and quickly recover elastic properties after being released from the 

applied stress. The effect of the local in vivo environment on crosslinking of the gel is 

negligible as these hydrogels are formed ex vivo. Also, the recovery of the solid properties 

after injection may be faster for shear-thinning hydrogels than the rate of gelation after 

injection of gel-forming materials.142–144 Self-assembly is the main crosslinking 

mechanism for shear-thinning hydrogels, which is achieved as a balance between weak 
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forces that favor assembly (e.g., hydrophobic interactions, hydrogen bonding and 

electrostatic attraction) and forces which are against assembly (electrostatic repulsion and 

solvation).145 Peptide-based β-hairpin hydrogels such as MAX 8146,147 and heparinized star 

PEG (PEG-LMWH) associated with star PEGs functionalized with heparin-binding 

peptides (PEG-HBP), PEG–LMWH : PEG–HBP hydrogels148 are examples of successful 

shear-thinning hydrogels used for growth factor delivery. The encapsulation of the growth 

factors within these shear-thinning hydrogels do not negatively affect the gel formation 

and rehealing after injection, and the applied shear stress did not cause burst effect. A 

sustained release of bioactive growth factors was observed in the first hours to days of the 

incubation; however, an incomplete release was finally achieved.146,148 

2.6.3 Osmotic Delivery Strategies 

Osmotic delivery formulations are based on hydrolysable polymers in which the growth 

factor is distributed as separate and independent particles. In this approach, protein release 

is independent of polymer degradation, and a complete and nearly constant release can be 

achieved before significant degradation of the polymer occurs, thereby preserving the 

growth factor bioactivity.18,149,150 To achieve this goal the growth factor is lyophilized with 

a cryoprotectant/lyoprotectant excipient such as trehalose which also acts as the osmotic 

pressure-generating compound. As proteins generate low osmotic pressures in solution, 

mixing trehalose with the growth factor can effectively generate the osmotic pressure 

necessary.149 Complete release can be achieved as the excipient osmotic activity 

increases,151 or the particle size152 and tensile strength decreases153, and reaches a 

maximum value at or near the percolation threshold.151 However, the highly osmotic 
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solution released from the growth factor particles may cause osmotic injury by inducing 

shrinkage of the cell wall and plasma membrane as well as rehydration of organelles within 

the cell which subsequently would have resulted in a loss of the cell viability.154 Osmotic 

delivery strategies have included both solid and injectable formulations as described below. 

2.6.3.1 Solid Osmotic Delivery Formulations 

To prepare solid formulations an elastomeric device based on photo-crosslinked star-

poly(-caprolactone-co-DL-lactide) (50:50 molar ratio) with terminal acrylate groups was 

studied.155 This formulation provided a constant release and high bioactivity of VEGF for 

the first 2 weeks, but a significant decrease in VEGF bioactivity occurred rapidly in the 

later weeks due to a decrease in the internal pH to below 5.156 Incorporating trimethylene 

carbonate (TMC) in the elastomer of poly(-caprolactone-D,L-lactide-trimethylene 

carbonate) (25-25-50 molar ratio) eliminated the acidic degradation issue,157 and provided 

a nearly constant release rate of VEGF and HGF with bioactivity higher than 80 % 

throughout the release period.15 However, the solid form possessed, some deficiencies, 

such as the slow degradation of the elastomer, which had 80 wt% of the initial mass 

remaining at week 28 long after the release had plateaued at 60% of the initially loaded 

VEGF. The remaining growth factor would require degradation of the elastomer to be 

released.15 The prolonged degradation rate may also cause an extended inflammation 

response and block tissue from the forming blood vessels.18  
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2.6.3.2 Viscous Liquid Osmotic Delivery Formulations 

To overcome the deficiencies of solid state delivery formulations, some viscous liquid 

injectable vehicles were studied recently. The viscous liquid polymers used in these studies 

with amorphous structure and Tg lower than -30 ºC, are injectable polymers through 

standard gage needles at 37 ºC with viscosity lower than 150 Pa·s.63,158,159 This formulation 

has some of the same advantages as hydrogels and microspheres such as minimally 

invasive administration and reduced irritation when implanted in soft tissue. In addition, 

the growth factor is loaded into the vehicle by simple mixing in the absence of water and 

organic solvents.  

A variety of  viscous liquid polymer compositions have been used to prepare injectable 

delivery depots for protein drug delivery such as poly(ortho esters),160,161 low molecular 

weight poly(α-hydroxy acids),162,163  hexyl-substituted poly(lactide),164  poly(trimethylene 

carbonate) (PTMC), 150,158 branched, ester linked, fatty acid polymers from the reaction of 

glyceryl monolinoleate with succinic anhydride, and low molecular weight fatty-acid based 

polyanhydrides.165 Degradation of all these polymers except PTMC results in the 

accumulation of acidic degradation products within the depot which may cause 

denaturation of growth factors,1,105,108, local tissue irritation.121,166, and also catalyzes the 

degradation process which affects the growth factor release kinetics.116,167,168 

Towards the aim of producing a viscous liquid polymer with no acidic degradation products 

for growth factor delivery, low molecular weight PTMC with an amorphous structure and 

glass transition temperature (Tg) of -40 to -17 ºC has been studied. This formulation 



 

25 

 

showed an in vitro release of VEGF co-lyophilized with trehalose and bovine serum 

albumin (BSA) matching an osmotic release mechanism with a sustained release of 15 to 

20 ng/day over 40 days, followed by a monotonically decreasing rate with time. The 

released VEGF retained over 90% bioactivity during the release period.159 However, the in 

vivo degradation rate of injectable PTMC and its depot forming behaviour were highly 

dependent on the polymer molecular weight. At 620 Da, the PTMC formed dispersed 

droplets in the tissue following subcutaneous implantation and was absorbed within a 

week. In contrast at 1600 Da and 2400 Da, PTMC formed a coherent depot upon 

implantation, but degraded very slowly, reaching only 10 % and 55% weight loss after 40 

weeks, respectively.158  

To overcome the slow in vivo degradation rate and difficulties of forming a cohesive depot 

observed for low molecular weight PTMC, low molecular weight injectable poly(5-

ethylene ketal ε-caprolactone-co-D,L-lactide) (PEKCDLLA) with viscosity below 130 

Pa·s at 37 ºC was studied. The copolymers exhibited surface erosion degradation kinetic 

with a nearly linear degradation rate,169,170 formed a cohesive depot after subcutaneous 

injection in rats and were well tolerated in vivo.170 VEGF and HGF co-lyophilized with 

BSA and trehalose were incorporated into PEKCDLLA by simple mixing. The in vitro 

release study revealed that VEGF and HGF were released in a sustained near zero-order 

release profile with a minimal burst effect, achieving complete release within 7 and 14 

weeks for VEGF and HGF, respectively.63 The release mechanism was also studied and 

explained as follows (Figure 2.2).171 
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Figure 2.2. Pictorial representation of the osmotic release mechanism that involves the formation of zones of 

excess hydration wherein solute transport occurs.171 

After implantation, water absorbs into and diffuses through the device until reaching the 

incorporated particles (time t1). Then water dissolves the solid at the water/polymer 

interface to form a saturated solution. Subsequently, the water activity gradient between 

the external solution and the solution formed at the particle surface draws water into the 

polymer and generates a pressure equal to the osmotic pressure of the saturated solution. 

Depending on the resulting osmotic pressure and polymer viscosity, capsules form around 

the particles. The resulting capsules swell because of the osmotic pressure. At some point, 

the maximum swelling of the capsule is reached but due to the water activity gradient water 

is still diffusing into the capsule region. The generated pressure and the low molecular 

weight of the polymer, force water into the polymer region surrounding the capsule, 
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forming superhydrated polymer regions. In these regions the water concentration is higher 

than the fully hydrated polymers in the absence of the encapsulated particles. The 

superhydrated regions surrounding the polymer are referred to as zones of excess hydration 

(t2). The resulting zones eventually overlap as water diffuses further through the polymer 

(t3). Then solute is driven by convection and/or diffusion through the superhydrated region 

to the polymer/aqueous medium interface. This convection results from the pressure 

difference between the osmotic pressure in the swollen capsules and the osmotic pressure 

of the surrounding release medium. Once the solid particles have completely dissolved, the 

osmotic driving force decreases and capsules are no longer present. 171 Based on this 

mechanism, the release rate depends on the osmotic activity of the entrapped particles 

determined by the excipient content and/or water solubility of the incorporated protein, and 

the relaxation ability of the polymer chains to tolerate the swelling pressure, as reflected 

by the polymer glass transition temperature.  

PEKCDLLA degraded to form acidic degradation products.170 Nevertheless, the 

bioactivity of the released VEGF and HGF was greater than 80%. The high bioactivity was 

due to the remove of acidic degradation products through the superhydrated regions formed 

around the incorporated particles which ensured close to neutral local pH surrounding the 

particles.63 However, the PEKCDLLA degraded slowly, with 20-50% of the initial mass 

still remaining in vivo long after complete release of the growth factors. 
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2.7 Injectable Drug Delivery Vehicle Based on aliphatic polycarbonates 

As mentioned above, low molecular weight PTMC is a promising biomaterial for growth 

factor delivery as it does not generate acidic degradation products. PTMC does not degrade 

appreciably via hydrolysis, and in vivo degradation is molecular weight dependent.172–174 

Under in vivo condition, upon failure to engulf PTMC, macrophages attach to PTMC 

surface releasing hydrolytic enzymes and oxygen species which degrade the surface of 

PTMC.174,175 Studies on the degradation of 60 kDa and 100 kDa PTMC in the presence of 

cholesterol esterase and lipase revealed that the surface stiffness and polymer chain 

flexibility affect the enzymatic adsorption, conformation and activity as cholesterol 

esterase and lipase caused  98% and 39% mass loss of 100 kDa PTMC within 9 weeks, 

respectively, while mass loss of 60 kDa PTMC was negligible.174 Injectable low molecular 

weight PTMC, 2400 Da and 1600 Da, showed much slower degradation, losing only 10 to 

55 % of the initial mass after 50 weeks implantation in rats. Mass loss for these low 

molecular polymers was due to their absorption into the tissue and/or blood stream.158 

Therefore, it is necessary to modify PTMC based formulations with 

hydrophilic/hydrolysable units to achieve an appropriate degradation rate .  

It was reported that the presence of hydroxyl pendent groups along the backbone of 

aliphatic polycarbonates would enhance their degradation by increasing the polymer 

hydrophilicity and cleavage of the carbonate bond via intramolecular nucleophilic attack 

of a hydroxy substituent at a carbonate function.176 In an attempt to provide hydrolytic 

degradation to polycarbonates, a glycerol-derived polycarbonate named poly(2-hydroxy 

trimethylene carbonate) (PHTMC) has been synthesized. PHTMC is prepared from 
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polymerization of 5-benzyloxy trimethylene carbonate (BTMC), followed by 

debenzylation of the benzyloxy group to an hydroxyl group.177–179 Figure 2.3 shows the 

chemical structure BTMC and PHTMC. An examination of the degradation of PHTMC by 

Dr. Chen from the Amsden group showed that the presence of the pendant hydroxyl group 

resulted in a rapid rate of degradation, with a 42 kDa homopolymer reaching complete 

mass loss within 24 hours at neutral or alkaline pH producing glycerol and carbon dioxide 

as degradation products,180 both of which are natural components of physiological 

systems.181,182 

 

Figure 2.3. Chemical structure of BTMC and PHTMC, “I” in PHTMC structure represents the initiator. 

Copolymerization has been known as one of the most used approaches to adjust the 

properties of polymeric materials. Based on the rapid degradability of PHTMC, it was 

hypothesized that introduction of HTMC units into the PTMC chain may provide a new 

pathway to adjust degradation rate of PTMC-based drug delivery formulations for short 

term release applications. However, the presence of hydroxyl groups along the polymer 

backbone would also result in a higher glass transition temperature and higher viscosity in 



 

30 

 

the final copolymer. To achieve the desired injectable drug delivery device, copolymer 

properties such as monomer content, monomer distribution along the polymer chain, and 

molecular weight would need to be examined.  

2.8 Polymerization Catalysts  

PTMC is typically produced by ring-opening polymerization (ROP) of the cyclic carbonate 

monomer with various metal alkoxides including tin(II) 2-ethylhexanoate (Sn(Oct)2) at 

high temperature.183–185 Sn(Oct)2 is still the most frequently used and most efficient catalyst 

in TMC polymerization, but tin complexes have shown potential toxicity due to tin residues 

and subsequently extensive purification is required for biomedical applications.186 

Therefore less toxic metal complexes such as calcium, magnesium, iron and zinc,187–189 as 

well as several organic compounds such as 1,8-diazabicyclo-7-undecene (DBU)184,190–193 

and a hydrogen chloride solution in diethyl ether (HCl·Et2O)184,194,195 have been 

investigated for a low toxicity preparation of PTMC for biomedical applications.186,196 Both 

DBU and HCl·Et2O catalyze TMC polymerization at room temperature under solution 

conditions with reasonable control over molecular weight and  molar mass dispersity. The 

ROP of TMC proceeds by different mechanisms with each of these catalysts, as described 

in the following section. 

Sn(Oct)2 is generally considered to act in a coordination-insertion manner, in which the 

stannous dialkoxide initiator, compound 2 in Figure 2.4 produced by the reaction between 

alcoholic initiator and Sn(Oct)2, becomes coordinated with the carbonyl of a carbonate 

monomer, ultimately causing it to be inserted between the Sn group and the rest of the 
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polymer chain. With this mechanism, several side reactions are possible. First, the initiator 

can be deactivated with a reaction with water present in the polymerization environment 

(Figure 2.4, compound 4). Also, the hydroxyl group of water can initiate polymerization. 

Second, there is a possible reaction between the active polymerizing center and water or 

the alcoholic initiator as well as transesterification can convert the active propagating chain 

to an inactive alcohol (Figure 2.4, compound 6). Third, at the high temperatures of 

polymerization back-biting of the propagating chain end leading to the formation of TMC 

as well as TMC auto-initiation is possible. All these reactions may affect the end group 

fidelity, a parameter that quantifies the proportion of the polymer chains that contain the 

expected end-groups, and cause difficulties in achieving the desired molecular weight with 

narrow dispersity that subsequently affects the final physical and mechanical properties of 

polymer.184,185  
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Figure 2.4. Mechanism of polymerization of ɛ-caprolactone in the presence of Sn(Oct)2 as a catalyst, 

including (A,B) formation of stannous alkoxide initiator, (C) catalyst deactivation by water, (D) propagation 

step via coordination/insertion of monomer into the stannous alkoxide bond, (E) deactivation of polymerizing 

center via reaction with water or alcoholic initiator as well as transesterification.185  

It is reported that TMC undergoes cationic polymerization with various alcohol/HCl·Et2O 

initiator systems via a monomer activation mechanism (Figure 2.5). This mechanism could 

suppress unfavorable reactions such as disproportionation and decarboxylation. Also, 

conducting the reaction at room temperature decreases the chance of TMC auto-initiation 

and back-biting. According to this mechanism, initially the hydrogen ion of HCl·Et2O 

activates the TMC monomer by conjugating to the carbonate bond. The resulting activated 

monomer is more susceptible to a nucleophilic attack by the hydroxyl group on the 

alcoholic initiator or the growing chain end.195,197 



 

33 

 

 

Figure 2.5. Mechanism of polymerization of TMC in the presence of HCl·Et2O as a catalyst, including (A) 

activation of monomer, (B) polymer initiation step via nucleophilic attack of the hydroxyl group on the 

alcoholic initiator, (C) propagation step via nucleophilic attack of the hydroxyl group on the growing chain 

end.195,197 

DBU catalyzes polymerization of carbonate monomers via two different mechanisms 

including activation of the initiating/propagating hydroxyl group via hydrogen bonding 

(Figure 2.6.A),198,199 and an anion mechanism in which DBU conjugates with TMC, 

forming an alkoxide anion. The resulting alkoxide anion serves as an initiator that can 

attack the carbonyl group of TMC monomers(Figure 2.6.B).184,190,199,241 
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Figure 2.6. Mechanism of polymerization of TMC in the presence of DBU as a catalyst, including (A) 

activation of the initiating/propagating hydroxyl group,198 (B) formation of alkoxide anion initiator and 

propagation step via the attack of anion to the carbonyl bond of TMC. 184 

These studies have highlighted the fact that the choice of catalyst may determine the 

polymerization conditions, purification process, polymer dispersity, and the end group 

fidelity, and subsequently adjusts the physical/mechanical properties and biocompatibility 

of the final polymer. There are several studies on successful copolymerization of TMC 

with functionalized monomers for biomedical applications.175,183,184,194 The presence of 

pendant groups on TMC such as the benzyloxy group of BTMC may affect the activity of 

the carbonate bond in the presence of each catalyst, which influences the BTMC 

polymerization rate and subsequently the conformation of its copolymer with TMC. A 

BTMC homopolymer as well as its random and block copolymers were also fabricated via 

ROP of cyclic carbonate monomers, most frequently with Sn(Oct)2 as a catalyst.177–179,200–
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204 However, given the potential toxicity of residual Sn in the polymer, it is necessary to 

determine the effect of the pendent benzyloxy group of BTMC on polymerization rates in 

the presence of less toxic catalysts such as DBU and HCl·Et2O. 

2.9 Tissue response 

All delivery vehicles induce a tissue response when implanted into living tissue. The tissue 

response continuum is the series of body responses that are initiated by the administration 

procedure followed by the presence of the delivery device including responses to the 

biomaterial, its degradation products, and the released growth factor.  Therefore, it is 

necessary to initially study the effect of the biomaterial and its degradation products on the 

surrounding tissue. The tissue response to the delivery device is characterized by multiple 

factors including the extent of injury and the loss of basement membrane caused via the 

administration process, blood-material interactions, provisional matrix formation, acute 

inflammation, chronic inflammation, granulation tissue and fibrosis/fibrous capsule 

development at the tissue-biomaterial interface.100,101,205,206 All biomaterials initiate an 

inflammatory response, but materials resulting in stable healing without significant 

ongoing inflammation or irritation are deemed to be biocompatible. 

In the first hours after implantation, the damage incurred to the vascularized tissue causes 

blood-material interactions and inflammatory cell recruitment, specifically neutrophils and 

monocytes. The blood-material interactions cause blood protein deposition onto the surface 

of the biomaterial leading to the formation of a transient provisional matrix consisting of 

the initial thrombus/blood clot, at and around the tissue-biomaterial interface. The 
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provisional matrix is a natural sustained release environment rich in activating and 

inhibiting substances such as mitogens, chemoattractants, cytokines and growth factors that 

are capable of modulating macrophage activity along with the proliferation and activation 

of other cells in the inflammatory response and wound healing process. The tissue response 

to the biomaterial is indirectly induced by the surface chemistry and hydrophobicity of the 

biomaterial surface that determines the composition of the adsorbed layer of proteins.207,208 

In addition, the charge of the biomaterial determines neutrophil and macrophage adhesion 

and foreign body giant cells (FBGC) formation.209,210 

Following the coagulation around the implanted biomaterial, fibrinogen is hydrolyzed to 

fibrin by thrombin, forming a dense fibrin network. The hydrolysis process activates fibrin 

stabilizing factor (factor XIII) to catalyze the formation of crosslinks within the deposited 

fibrin network.206 The fibrin network improves leukocyte, neutrophil and macrophage 

adhesion,211,212 and plays the role of a transient matrix for leukocyte extravasation.213 

Fibrinogen adsorbs most abundantly to the surface of hydrophobic biomaterials which are 

progressively denaturing over time, leading to the exposure of the P1 fragment of 

fibrinogen.214 Exposure of the P1 fragment induces biomaterial binding to the phagocyte 

integrin complement receptor (CR3) leading to the adhesion of tissue phagocytes to the 

biomaterial. Subsequently, these phagocytes release cytokines and chemokines such as 

interleukin–1 (IL-1), tissue necrosis factor (TNF-α), VEGF and C-C chemokine ligand 

(CCL)-2/MCP-1 that activate the proximal vasculature and attract leukocytes and 

fibroblasts.215 
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Finally, complement factor C3b can bind to the biomaterial inducing the complement 

system.216,217 The adsorbed C3b is recognized by infiltrating phagocytes through binding 

to the CR1 receptor. In addition, complement factor Bb can bind to C3b forming C3 

convertase C3bBb. C3bBb can splice many C3 molecules to C3a and C3b convertase 

inducing the opsonization process which leads to the release of the potent leukocyte 

chemoattractant C5a, and leukocyte infiltration during the acute phase of inflammation as 

well as the release of oxidative metabolites.206  The presence of C3a and C5a also increases 

the permeability of the capillaries and induces the release of histamine and  interleukin-13 

(IL-13) by mast cells in the surrounding tissue, which amplifies the inflammatory response 

and consequently the foreign body reaction by recruiting phagocytic cells including 

macrophages.100,206 Also, antibodies may bind to the biomaterial surface activating the 

classical complement pathway. The Fc domain of these antibodies is recognized by 

complement factor C1q that subsequently deposits and activates C3b on the biomaterial 

causing a similar response as seen with spontaneously adsorbed C3b.206,215 The provisional 

matrix and the adsorption of fibrin, complement and antibodies activates the following 

inflammatory process. Therefore, the initial foreign body reaction against the biomaterial 

depends on the physiochemical characterization of the biomaterial and the extent of the 

injury caused via administration.  

Acute inflammation begins by the infiltration of neutrophil granulocytes 

(polymorphonuclear leukocytes, PMNs) that are attracted to the implantation site within 

24-48 hours. This phase is characterized by the presence of neutrophils as the first set of 

phagocytic cells to infiltrate the site of implantation. Neutrophils are attracted by the 

secretion of TGF-β, platelet factor 4 (PF4), TNF-α and IL-1 by platelets. Neutrophils kill 
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any bacteria around the site of implantation by secreting lysosomal agents and oxygen free 

radicals.206,218 Redundant neutrophils are cleared from the implantation site by extrusion to 

the wound surface as slough or by phagocytosis by macrophages. The main function of 

PMNs is specific to the first days after implantation to prevent infection, and they are 

considered to have little influence beyond this stage.100,101,205,206,218 

The chronic inflammation phase follows the acute inflammation and extends for 2-3 weeks. 

During this stage, the blood monocytes are attracted to the tissue by a variety of 

chemoattractants including complement, clotting components, fragments of 

immunoglobulin G, leukotriene B4, platelet factor IV, PDGF and TGF-β, and undergo a 

phenotypic change to convert to tissue macrophages.218 Macrophages are the key 

regulatory cells at this stage of the inflammatory process. The assembled macrophages are 

phagocytic cells and the primary producers of growth factors including PDGF, TNF-α, 

interleukin 6 (IL-6), granulocyte-colony stimulating factor (G-CSF) and granulocyte 

macrophage-colony stimulating factor (GM-CSF). These growth factors are responsible 

for attracting more macrophages and fibroblasts to the site of implantation to proliferate 

and produce replacement ECM by fibroblasts as well as the proliferation of SMCs and ECs 

resulting in angiogenesis.206,218  

The secreted cytokines in the acute and chronic inflammatory phases induces the formation 

of granulation tissue, which has a pink, soft, granular gross appearance as a hallmark of 

healing inflammation. Histologically, the granulation tissue is characterized by 

proliferating fibroblasts and vascular endothelial cells in a loose ECM.  This process 

involves proliferation and maturation of ECs into capillary tubes, and proliferation of 
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fibroblasts and myofibroblasts, which are responsible for synthesizing collagen, especially 

collagen type I and III, fibronectin and proteoglycans  around the implanted 

biomaterial.100,206,218 The thickness of the resulting collagenous capsule formed around the 

implanted biomaterial would directly affect the kinetic of the growth factor release to the 

ischemic site as the released growth factors need to diffuse through the fibrous layer to 

initiate angiogenesis.219 If the implanted polymer and its degradation products cause 

irritation to the surrounding tissue, macrophages and FBGCs will persist around the 

biomaterial to phagocyte the degradation products by attracting more macrophages and 

forming FBGCs. Therefore, the tissue response may continue till the polymer degrades 

completely and its degradation products are eliminated from the body.100,219,220  

2.10 Summary 

The sustained and local delivery of bioactive angiogenic growth factors at optimized 

dosage and sequence using a delivery vehicle is a promising clinical approach for treating 

critical limb ischemia. As demonstrated by the natural angiogenesis process, multiple 

growth factors are involved in forming new and stable blood vessels. VEGF-A is the most 

potent angiogenic growth factor initiating angiogenesis via binding to VEGFR-2 

expressing on ECs, and subsequently affects EC mitogenesis. When designing such a 

delivery device multiple issues should be considered including biocompatibility of the 

biomaterial and its degradation products as well as the degree and extent of the tissue 

damage caused via the administration process determining the tissue response, the 

manufacturing process affecting the bioactivity of the incorporated growth factor, and the 

release mechanism determining the dosage, sequence and bioactivity of the released 
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growth factor. Injectable delivery vehicles possess a number of advantageous and so may 

be a promising approach in therapeutic angiogenesis.   
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Chapter 3 

Proposed Approach and Objectives  

3.1 Proposal 

A delivery formulation for treating critical limb ischemia should be biocompatible and 

biodegradable and able to be administrated directly to the affected site via a minimally 

invasive approach. This delivery vehicle should provide a sustained release at the effective 

local dose of the target growth factor with a minimal initial burst effect while the bioactivity 

of the growth factor is preserved.14–16  

To achieve these goals, fabrication of a viscous and biodegradable delivery formulation 

based on modified low molecular weight PTMC was proposed in which VEGF would be 

incorporated as a lyophilized powder by simple mixing. The rationale of introducing 

modified low molecular weight PTMC to make a delivery device was as follows. The low 

molecular weight PTMC homopolymer, number average molecular weight (Mn) lower than 

2400 Da, has a low glass transition temperature (Tg) of -40 to -17 ºC and an amorphous 

structure, which makes it a relatively low viscosity polymer at room temperature and at 37 

ºC.158  Also, its amorphous structure prevents incomplete release of loaded growth factor 

that results from the presence of polymer crystallinity as well as tissue inflammation caused 

by exposing polymer crystals to tissue.221 However, its depot forming behavior, 

degradation rate, and subsequently the growth factor delivery capacity and release rate are 

highly dependent on the polymer molecular weight.221,222 Previous studies showed that at 

620 Da, PTMC was dispersed into numerous droplets in the tissue upon subcutaneous 
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implantation, which were rapidly absorbed by the body (80% within the first 7 days). In 

contrast, at a higher molecular weight of 1600 Da, PTMC formed a cohesive single depot 

in the body that degraded very slowly, reaching only 55% weight loss after 40 weeks.221  

Clinical trials have consistently demonstrated that administration of a single growth factor 

is not sufficient to provide a stable and effective blood vessel network.18,57,73 According to 

the natural angiogenesis process, multiple growth factors are involved to induce EC 

activation, proliferation, migration, and tube formation as well as attracting 

pericytes/SMCs to stabilize the newly formed blood vessels.7,43,81 Therefore, several 

studies have examined the co-administration of angiogenic growth factors such as 

VEGF/FGF-2,59,82 VEGF/PDGF-BB,58,60,61 PDGF/FGF-2,59 VEGF/HGF,15,63 

VEGF/PlGF67 to improve therapeutic angiogenesis. However, this study focused on the 

release behavior of  VEGF as the most potent angiogenic growth factor stimulating the 

proliferation and migration of endothelial cells56,69,82,223 to determine the feasibility of 

releasing bioactive growth factors from the designed formulation.  

3.2 Objective 

The main objective of this project was to determine the ability of a delivery formulation 

based on modified low molecular weight PTMC for localized and sustained release of 

bioactive VEGF. 

3.3 Specific Aims 

To achieve the above objective the following 4 specific aims were studied: 
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1. The synthesis, characterization and assessment of the in vitro degradation of a 

hydrolysable and injectable ester or anhydride-linked low molecular weight PTMC.  

2. The synthesis, characterization and assessment of the in vitro degradation of low 

molecular weight poly(trimethylene carbonate-co-2-hydroxy trimethylene 

carbonate) (P(TMC-co-HTMC)). 

3. Determination of the influence of the copolymer composition of P(TMC-co-

HTMC) on its in vivo degradation rate and tissue response. 

4. Determination of the effect of P(TMC-co-HTMC) composition, degradation rate 

and the protein particle composition on in vitro release of VEGF and its bioactivity. 
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Chapter 4 

Hydrolysable, Conjugated, Low Molecular Weight Poly(trimethylene 

carbonate) (PTMC): Synthesis, Characterization and In Vitro 

Degradation  

4.1 Abstract 

In this chapter, Specific Aim 1 is addressed, namely the synthesis, characterization and in 

vitro degradation study of a hydrolysable ester or anhydride-linked low molecular weight 

PTMC, as an injectable delivery vehicle. PTMC was prepared via melt ring opening 

polymerization initiated with either a hydrophobic (1-octanol) or hydrophilic initiator (350 

Da poly(ethylene glycol) methyl ether, P350) using tin(II) 2-ethylhexanoate as a catalyst. 

The ester or anhydride linked PTMCs were prepared using sebacoyl chloride and 

diglycolyl chloride as conjugation molecules. An in vitro mass loss study of the conjugated 

samples showed that the anhydride bond cleaved within the first 24 hours, generating acidic 

products that lowered the pH of the buffered degradation medium. In contrast, due to the 

slower reactivity of the ester bond, ester hydrolysis did not result in an acidic pH within 

the incubation medium. However, the ester bond degraded too slowly for the intended 

application. Using P350 as an initiator increased the total mass loss to about 26 wt% within 

28 days; however, using P350 caused a large initial mass loss of solubilized polymer 

followed by a very slow mass loss.  Based on these results the conjugation approach was 

considered to not provide a desirable polymer degradation profile. 
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4.2 Introduction 

With the objective of producing a viscous liquid polymer with no acidic degradation 

products for growth factor delivery, low molecular weight poly(trimethylene carbonate) 

(PTMC) with amorphous structure and glass transition temperature of -40 ºC to -17 ºC has 

been introduced recently. However, the in vivo degradation rate of injectable PTMC was 

not controllable, and its depot forming behaviour was highly dependent on the polymer 

molecular weight. Previous studies showed that at 620 Da, PTMC was dispersed into 

numerous droplets in the tissue upon subcutaneous implantation, and rapidly absorbed by 

the body (80% within the first 7 days). In contrast at a higher molecular weight of 1600 

Da, PTMC formed a cohesive single depot in the body, but one that degraded very slowly, 

reaching only 55% weight loss after 40 weeks.158 Therefore, in this chapter a strategy of 

linking low molecular weight PTMC chains in the range of 600-1000 Da, with a 

hydrolysable ester or anhydride linkage (Figure 4.1) was examined. In this way, a 

molecular weight large enough to form a cohesive depot would be attained, while still 

providing biodegradability. 

CH3 O O O O

O O

O

R

OOOOOCH3
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n

n

 

Figure 4.1. General chemical structure of low molecular weight PTMC blocks conjugated with a hydrolysable 

linkage (R). 
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Based on this strategy, cleavage of the hydrolyzable linkage would form two water soluble 

PTMC chains, which would be readily eliminated from the body.158 To adjust polymer 

degradation rate, the hydrophilicity of the initiator used, the molecular weight of the PTMC 

blocks, and the susceptibility of the linking bond to cleavage in an aqueous environment 

are important parameters. Therefore, different initiators generally recognized as safe for in 

vivo use, such as 1-octanol and low molecular weight poly(ethylene glycol) methyl ether 

(Figure 4.2.A), were used in combination with the diacid halides as sebacoyl chloride (SC) 

or diglycolyl chloride (DGC) (Figure 4.2.B) to form conjugated PTMC.224,225 It was 

reasoned that the degradation products formed from the hydrolysis of the resulting 

polymer, sebacic acid and glycolic acid, which are naturally present in the body, would not 

cause an adverse tissue response.226–229 

 

Figure 4.2. Chemical structure of A) initiator molecules, B) conjugation molecules used. 

The objective of this chapter was to synthesize, characterize and determine the in vitro 

degradation of hydrolysable ester and anhydride conjugated low molecular weight PTMC 
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to assess the potential of this polymer approach for forming a suitable liquid injectable 

vehicle for VEGF delivery. 

4.3 Materials 

1,3-trimethylene carbonate (Boehringer Ingelheim) (TMC) was obtained from Leapchem, 

Hangzhou, China. Stannous 2-ethylhexanoate (Sn(Oct)2) was purchased from Alfa Aesar, 

USA. Succinic anhydride, sebacoyl chloride (SC), diglycolyl chloride (DGC), 

triethylamine (TEA), 1-octanol, 350 Da poly(ethylene glycol) methyl ether (P350), 

deuterated dimethyl sulfoxide (DMSO–d6) were purchased from Sigma-Aldrich Ltd, 

Canada. Phosphate buffered saline (PBS) powder, dichloromethane (DCM), ethyl acetate 

(EtOAc), and toluene were purchased from Thermo Fisher Scientific, Canada. Water used 

was of type 1 purity, obtained from a Millipore Milli-Q Plus ultrapure water filtration 

system. Solvents were dried over activated 3 Å molecular sieves. All other materials were 

used as received. 

4.4 Methods  

4.4.1 Synthesis of poly(trimethylene carbonate) (PTMC) 

Low molecular weight PTMC was synthesized by a ring opening melt polymerization of 

TMC at 125 ºC. In this reaction, 1-octanol and P350 were used as initiators to adjust both 

PTMC molecular weight and hydrophilicity, and Sn(Oct)2 was used as a catalyst. A 

monomer to catalyst mole ratio (M/C) of 800:1 was used based on a previous protocol for 

TMC polymerization.158 The following is a representative procedure for preparing PTMC 
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at a monomer to initiator mole ratio (M/I) of 5:1. 1-octanol (1.27 g, 9.8 mmol), TMC (5 g, 

49 mmol), and 57 µL of 50 % Sn(Oct)2 solution (24.8 mg, 0.06 mmol of catalyst) in dry 

toluene were added to a previously flame-dried glass ampoule. The ampoule was purged 

with argon then evacuated under vacuum, for 3 cycles. Finally, the ampoule was vacuum 

sealed and placed in a 60 ºC oven for 10-15 min to melt the monomer. The resulting melt 

was mixed using a vortexer and placed in an oven maintained at 125 ºC under 20 mm Hg 

vacuum overnight. Different monomer to initiator ratios were used to achieve polymers of 

different molecular weight.  

4.4.2  Synthesis of carboxylic acid terminated PTMC (PTMC-COOH) 

Without any purification, PTMC was transferred to a newly dried glass ampoule with a 

stoichiometric amount of succinic anhydride to terminal PTMC hydroxyl. The ampoule 

was purged with argon, and flame-sealed under vacuum. The mixture was placed at 160 ºC 

under 20 mm Hg vacuum for 4 h. The resulting functionalized polymer is referred to 

hereafter as PTMC-COOH. 

4.4.3 Ester and anhydride conjugation  

To prepare ester-linked PTMC, it was reacted with diacid halides (DGC or SC) in dry DCM 

in the presence of TEA as a catalyst and acid scavenger at a TEA/polymer molar ratio of 

1.05. All steps were done in dry glassware at low humidity (between 5-8%) in a glove box 

to prevent the hydrolysis of the reactants and the final product. Anhydride linked PTMC 

was prepared in the same manner, with the exception that PTMC-COOH was used instead 
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of PTMC. To purify the conjugated polymers, DCM was extracted completely by 

evaporation on a rotary evaporator, and then the resulting precipitate was dissolved in 

EtOAc to a concentration of 10 wt%. The TEA·HCl salt was filtered out and the polymer 

solution was concentrated to 20 wt%. The concentrated solution was placed at -20 ºC 

overnight to force the remaining TEA·HCl salt to precipitate. Then the top layer was 

separated and centrifuged for 8 min. Finally, EtOAc was extracted by evaporation on the 

rotary evaporator, and the final polymer dried at 40 ºC under 20 mm Hg vacuum. 

4.4.4 Polymer Characterization 

A Bruker Avance-400 MHz spectrometer was used to measure 1H NMR spectra of the 

polymers in DMSO-d6 (10 mg/mL) at room temperature after the initial polymerization, 

conjugation reaction and throughout in vitro degradation. The conversion rate of TMC to 

PTMC and the number average molecular weight (Mn) of the resulting PTMC (conjugated 

and non-conjugated PTMC) were calculated by comparing the signal intensity of the 

methylene groups adjacent to the carbonate bond (δ = 4.4 ppm) of the unreacted TMC and 

the central methylene groups from the alkane region of PTMC (δ = 1.9 ppm and 1.72 ppm), 

respectively, to the signal intensity of the methyl group of 1-octanol (δ = 0.8 ppm), or to 

the methylene group of P350 (δ = 3.6 ppm). The degree of conversion of the hydroxyl 

chain ends to carboxylic acid in the formation of PTMC-COOH, as well as the extent of 

the ester conjugation reaction were calculated by comparing the signal intensity of the 

remaining central methylene group of the end unit of PTMC ( = 1.72 ppm) to the signal 

intensity of the methyl group of 1-octanol ( = 0.8 ppm), or to the methylene group of P350 

(δ = 3.6 ppm). The extent of the anhydride conjugation reaction was calculated by 
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comparing the signal intensity of the methylene group linked to anhydride bond ( = 2.76 

ppm) to the signal intensity of the methyl group of 1-octanol ( = 0.8 ppm). 

Thermal properties were determined using a Mettler-Toledo DSC1 differential scanning 

calorimeter. A heating and cooling rate of 10 ºC /min was applied over a temperature range 

of -100 ºC to 80 ºC. The glass transition temperature (Tg) was taken as the midpoint of the 

inflection in the second heating cycle. The initial water solubility of ester and anhydride-

linked PTMCs was measured by adding 1 mL of 37 ºC distilled water at an initial pH of 

~7 to 50 mg of each polymer. The samples were then continuously mixed on a rotary mixer 

for 24 h at 37 ºC. After this time, the supernatant was extracted and freeze-dried. The dry 

mass of the dissolved polymer was measured, and the solubility reported as a wt% 

concentration. 

4.4.5 In vitro Polymer Degradation 

The in vitro degradation rate was assessed in pH 7.4 phosphate buffered saline (PBS). 

Approximately 50 mg of each polymer was placed at the bottom of a 1 mL glass vial and 

then 1 mL of 37 ºC PBS was added. To add the polymer, it was pre-heated to 37-40 ºC 

while within a plastic 1 mL syringe and injected into the bottom of the glass vial. The exact 

initial weight of polymer in each vial was measured and recorded. The vials were then 

placed in a thermomixer at 37 ºC with horizontal shaking at 300 rpm. The solution pH was 

measured at each time point to assess the effect of the degradation products on the pH of 

the PBS. At specific time points, 3 samples were collected, the PBS was removed by 

aspiration using a pipette, the remaining polymer was washed 3 times with distilled water 
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to remove residual buffer salts, and then the polymer was dried to a constant weight on a 

Modulyo D lyophilizer (Thermosavant, USA) at -50 ºC and 100 mbar. The resulting dry 

samples were analyzed at each time point for weight loss, molecular weight, and chemical 

composition as described in section 4.4.4. 

The dissolution trend of PTMC and PTMC-COOH at the initial molecular weight of 640 

Da was also studied at the same condition as the control samples for ester and anhydride-

linked samples, respectively.  

4.4.6 Statistics 

All data are reported as the average ± the standard deviation about the average.  

4.5 Results and Discussion 

4.5.1 Polymer Synthesis  

The main goal was to prepare PTMC and PTMC-COOH to subsequently conjugate through 

an ester or anhydride bond, respectively. For these studies, PTMC was synthesized via ring 

opening melt polymerization initiated with either a hydrophobic (1-octanol) or hydrophilic 

(P350) initiator to adjust the hydrophilicity, and thus the hydrolytic degradation rate, of the 

resulting polymer. The monomer to initiator molar ratio was chosen to achieve targeted 

number average molecular weights of 600-1000 Da. This range of molecular weight was 

chosen based on previous studies that showed rapid absorption of octanol initiated PTMC  

(Mn = 620 Da) following subcutaneous implantation in rats.158  
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Figure 4.3 shows a representative 1H NMR spectrum of PTMC initiated with 1-octanol 

along with peak assignments. The 1H NMR spectra corresponds well to the spectra of TMC 

and PTMC reported in the literature.158 Based on the integration of the methylene groups 

linked to the carbonate bond of unreacted TMC, almost complete (97-99%) monomer 

conversion was achieved. A representative 1H NMR spectrum of PTMC initiated with P350 

is given in Appendix A, Figure A.1.  

 

 

Figure 4.3. 1H NMR spectrum of PTMC initiated with 1-octanol obtained in DMSO-d6. M/ I= 5, Mn = 640 

Da. Peak “M” corresponds to the methylene groups linked to the carbonate bond of TMC monomer. 

To form the carboxylic acid terminated PTMC (PTMC-COOH), 1-octanol initiated PTMC 

was reacted with a stochiometric amount of succinic anhydride. A representative 1H NMR 
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spectrum along with peak assignments is shown in Figure 4.4. A significant decrease in the 

peaks corresponding to the protons on the end unit PTMC central methylene group ( = 

1.72 ppm), the methylene group linked to the terminal hydroxyl ( = 3.45 ppm) and the 

hydroxyl group (δ = 4.55 ppm), as well as the appearance of new peaks corresponding to 

the carboxylic acid protons (δ = 12.25 ppm) and the protons on the methylene groups of 

the end group of PTMC-COOH (δ = 2.55 ppm) confirmed the success of the reaction. 

Based on the integration of the remaining central methylene group of the end unit of PTMC 

at 1.72 ppm in Figure 4.4, a 90% conversion of hydroxyl end group to carboxylic acid end 

group was achieved. 

 

 

Figure 4.4. 1H NMR spectrum obtained in DMSO-d6 of PTMC-COOH initiated with 1-octanol, M/I=5, Mn 

= 724 Da. T’2 and T’3 are the peaks corresponding to the methylene groups of the remaining end unit of 

PTMC, and e’ is the unreacted succinic acid.  
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4.5.2 PTMC Conjugation  

Ester-linked PTMC was prepared by reaction between PTMC, initiated either with 1-

octanol or P350, and diacid halides (DGC or SC). Hereafter, the conjugated polymers will 

be referred to as initiator-linkage-linker molecule. For example, octanol initiated PTMCs 

linked via an ester using sebacoyl chloride will be referred to as OCT-CE-SC. Figure 4.5 

shows a representative 1H NMR spectrum of OCT-CE-SC along with peak assignments. A 

significant decrease in the peaks corresponding to the end unit PTMC including central 

methylene group ( = 1.72 ppm), the methylene group linked to hydroxyl ( = 3.45 ppm) 

and the hydroxyl group (δ = 4.55 ppm), as well as the appearance of new peaks 

corresponding to the central methylene groups of the linker molecule (δ = 1.25 and 1.6 

ppm) and the methylene groups linked to the ester bond (δ = 2.27 ppm) confirmed the 

success of the reaction. Based on the integration of the central methylene groups of PTMC 

end unit (δ = 1.72 ppm), a high rate of esterification (> 90%) was achieved. 1H NMR 

spectra of the other ester-linked PTMCs initiated with either 1-octanol or P350 are given 

in Appendix A, Figure A.2 and Figure A.3.  
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Figure 4.5. 1H NMR spectrum of ester-linked PTMC (OCT-CE-SC) obtained in DMSO-d6. 

The anhydride-linked PTMC was prepared by the reaction of PTMC-COOH with sebacoyl 

chloride. Figure 4.6 shows a representative 1H NMR spectrum of the anhydride-linked 

PTMC, OCT-CA-SC, along with assignments. The appearance of new peaks 

corresponding to the central methylene groups of the linker molecule (δ = 1.25 and 1.6 

ppm) and the methylene groups linked to the anhydride bond (δ = 2.6 and 2.76 ppm) 

confirmed the success of the reaction. Based on the integration of peak h at 2.76 ppm, 

corresponding to the methylene protons adjacent to the anhydride, a moderate rate of 

formation of the anhydride-linked PTMC of 75% was obtained, which decreased to 66% 

after purification.   
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Figure 4.6. 1H NMR spectrum of anhydride-linked PTMC (OCT-CA-SC) obtained in DMSO-d6. Peak “H” 

at 2.17 ppm represents the unreacted end methylene group of SC.  

Table 4.1 lists the physical-chemical properties of the resulting ester and anhydride-linked 

PTMCs. Conjugation via anhydride or ester linkage provided products with number 

average molecular weights close to the desired target values, while the glass transition 

temperatures were low enough to allow the polymers to be injectable (-57 to -47 ºC).158 

The anhydride-linked PTMC, OCT-CA-SC, showed nearly 5 times higher water solubility 

than the ester-linked PTMC with the same linker and initiator, OCT-CE-SC. Also, using 

the hydrophilic initiator, P350, significantly increased the initial water solubility of the 

ester-linked PTMCs by 12-15 times; however, increasing the molecular weight of PTMC 
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and subsequently decreasing the ethylene glycol to TMC molar ratio (EG/TMC) did not 

cause a significant change in initial water solubility of the resulting conjugated PTMC.  

Table 4.1 Physical-chemical properties of conjugated PTMCs 

 

Sample 

Initial Polymer Conjugated Polymer 

Mn (Da) Tg (˚C) (EG/TMC) Conversion (%) Mn (Da) Tg (˚C) Water solubility (wt%) 

OCT-CA-SC 640 -53 … 66 1040 -54 0.25 ± 0.003 

OCT-CE-SC 640 -60 … 90 1440 -56.5 0.045 ± 0.003 

OCT-CE-DGC 640 -60 … 90 1340 -51 0.052 ± 0.001 

P350-CE-SC-4 760 -62 2 90 1600 -57 0.74 ± 0.02 

P350-CE-DGC-4 760 -62 2 91 1510 -53 0.8 ± 0.035 

P350-CE-SC-6 950 -58 1.3 90 2080 -52 0.63 ± 0.015 

P350-CE-DGC-6 950 -58 1.3 92.5 2000 -47 0.79 ± 0.017 

 

4.5.3 In vitro Mass Loss of Conjugated PTMC  

In vitro degradation of the ester- and anhydride-linked PTMC samples initiated by 1-

octanol or P350 was studied in pH 7.4 PBS at 37 ºC to gain an understanding of the effect 

of the hydrolysis rate of the linkage bond, hydrophilicity of the initiator and the influence 

of degradation products on the degradation rate of the conjugated polymer and the change 

in pH of the degradation medium. Changes in sample weight, polymer composition and 

pH were studied over time.  

Measurements of pH during the degradation experiment showed that an acidic degradation 

medium (pH = 4.5) existed very early for the anhydride-linked PTMC sample, OCT-CA-

SC, which gradually increased to neutral pH in 5 weeks (Figure 4.7). OCT-CA-SC showed 
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approximately 80 wt% mass loss within 3 weeks, and finally completely dissolved in week 

5 (Figure 4.8). In parallel, the mass loss by dissolution of the 640 Da PTMC-COOH used 

to prepare OCT-CA-SC was studied as a control, and the pH of the PBS medium during 

the degradation study was monitored to determine the influence of PTMC-COOH water 

solubility and carboxylic acid end group on mass loss and pH. The medium pH during the 

dissolution of PTMC-COOH was 5.5 at day 1 and gradually increased to neutral by 2 weeks 

(Figure 4.7), and a complete mass loss by dissolution of PTMC-COOH was observed 

within 5 weeks (Figure 4.8). Therefore, the mass loss of OCT-CA-SC is the result of 

hydrolysis of anhydride bond leading to release of the water-soluble PTMC-COOH chains. 

 

Figure 4.7. pH of PBS during the in vitro degradation of anhydride-linked PTMC and dissolution of PTMC-

COOH at 37 ºC. The initial pH of the medium, replaced at each time point, was 7.4. 
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Figure 4.8. Mass loss (%) of anhydride-linked PTMC and unlinked PTMC-COOH in 37 ºC PBS at the initial 

pH of 7.4. 

To determine the factors causing the acidic pH and mass loss of OCT-CA-SC in PBS, the 

1H NMR spectra of the remaining as well as dissolved OCT-CA-SC were analyzed and 

compared to the 1H NMR spectrum and the mass loss trend of the control sample, PTMC-

COOH. According to Figure 4.9 which shows the 1H NMR spectrum of the OCT-CA-SC 

remaining at 24 h, the peak corresponding to the methylene group linked to the anhydride 

bond (δ = 2.6 and 2.76 ppm in Figure 4.6) had disappeared completely. Also, new peaks 

appeared corresponding to the methylene groups linked to the carboxylic acid end group 

in sebacic acid (δ = 2.17 ppm) and succinic acid (δ = 2.4 ppm) as well as the carboxylic 

acid end group of PTMC-COOH (δ = 2.55 ppm), (Figure 4.9). Therefore, the anhydride 

bond linking the PTMC-COOH chains was completely cleaved in less than 24 h, forming 

short non-conjugated PTMC-COOH chains. Subsequently, the low molecular weight 

PTMC-COOH chains dissolved in PBS, as indicated by the fact that PTMC-COOH and 

OCT-CA-SC showed essentially the same mass loss rate (Figure 4.8).  
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Figure 4.9. 1H NMR spectrum obtained in DMSO-d6 of the OCT-CA-SC remaining at 24 h in 37 ºC PBS at 

an initial pH of 7.4. 

Furthermore, the 1H NMR spectrum of the dissolved fraction of the degraded OCT-CA-

SC after 24 h showed peaks related to sebacic acid at 1.25, 1.5 and 2.2 ppm, and a peak at 

2.4 ppm arising from succinic acid (Figure 4.10). The succinic acid peak was also observed 

in the 1H NMR spectrum of the soluble fraction of PTMC-COOH. Therefore, the ester 

bond linking the succinic acid to PTMC was also cleaved under the resulting acidic 

conditions. According to this evidence, the resulting acidic pH during the degradation of 

OCT-CA-SC was due to the rapid cleavage of the anhydride bond subsequently releasing 

low molecular weight acidic products and the hydrolysis of a portion (15-20 wt%) of the 

ester linked succinic acid. The remaining insoluble fraction of the OCT-CA-SC and 

PTMC-COOH samples retained a succinic acid end group in the last days of the study. At 

these time points, the aqueous medium surrounding the samples had a neutral pH; however, 

less than 20 wt% of the initial polymer mass remained. 
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Figure 4.10. 1H NMR spectrum of dissolved fraction of OCT-CA-SC at 24 h under in vitro degradation 

condition obtained in DMSO-d6. In this figure abbreviations are as “SE”: sebacic acid, “SU”: succinic acid, 

“P”: polymer, “D”: 1,3-propanediol, i: initiator.  

Based on these results, anhydride-linked PTMC was not considered a suitable candidate 

for growth factor delivery because of the acidic pH generated during its degradation, which 

would likely affect the growth factor bioactivity.107,119 Also, the high sensitivity of the 

anhydride bond to environmental humidity, which made forming and storing the 

anhydride-linked polymer difficult, is another limitation of using the anhydride-linked 

PTMC. 

In contrast, the degradation medium of the ester-linked PTMC samples initiated either with 

1-octanol or P350 had a fairly constant pH that varied between 6.8-7.3, values comparable 

with the initial pH of PBS and a control medium containing the control sample, non-

conjugated PTMC. The ester-linked PTMC chains initiated with 1-octanol showed a much 

slower degradation rate compared to the anhydride-linked PTMC, reaching approximately 

30 wt% mass loss within 84 days (Figure 4.11). The lower mass loss rate of the ester-linked 

polymers compared to the anhydride-linked polymers is due to the slower rate of cleavage 
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of the ester bond compared to the anhydride bond,167 and the preservation of a neutral 

aqueous media.  

 

Figure 4.11. Mass loss (%) of ester-linked PTMC and unlinked PTMC in 37 ˚C pH 7.4 PBS. 

The mass loss of the 640 Da PTMC used to prepare the ester linked polymers was also 

studied to determine the influence of PTMC water solubility on mass loss. As PTMC does 

not degrade appreciably by hydrolysis,221,174 a depot formed from 640 Da PTMC could 

only lose mass by the slow dissolution of its water-soluble mass fraction.  Over 84 days, 

the 640 Da samples lost 16 ± 1.6 wt% of their initial mass.  

According to the lower number average molecular weight and higher water solubility of 

PTMC compared to the ester-linked PTMC, it can be concluded that hydrolysis of the ester 

bond produced PTMC chains with carboxylic acid end groups, which increased the mass 

loss over that of the 640 Da PTMC samples. However, most of the non-degraded polymer 
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remaining after 12 weeks consisted of ester linked PTMC blocks. Figure 4.12 shows a 

representative 1H NMR spectrum of OCT-CE-SC remaining after 12 weeks degradation in 

PBS.  Based on the integrations of the central methylene group of PTMC end unit (δ = 1.72 

ppm) and PTMC chain (δ = 1.9 ppm), the remaining OCT-CE-SC at 84 days still showed 

89% ester-linkage and an Mn equal to 1540 Da.  

 

Figure 4.12. 1H NMR spectrum obtained in DMSO-d6 of OCT-CE-SC remaining at 84 days under in vitro 

degradation conditions.  

To increase the mass loss rate of the ester-linked PTMC, P350 initiated PTMC was 

prepared at different EG/TMC ratio, and conjugated using both DGC and SC. The resulting 

ester-linked polymers showed approximately 20-40 wt% mass loss within 1 day in pH 7.4 

PBS at 37 ºC. The mass loss increased up to 2 weeks, then slowed, reaching a final value 

of 40-60 wt% by 84 days (Figure 4.13). Except for the difference in the initial mass loss in 

day 1, all samples showed almost the same mass loss trend with time, which was 

independent of the EG/TMC ratio and linker molecule used. The higher initial mass loss 
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of PEG-initiated ester-linked PTMCs was due to the higher water solubility of PEG-

initiated PTMC. The integration of the central methylene group of the PTMC end unit (δ 

= 1.72 ppm) showed that the remaining polymer chains were still highly linked via an ester 

bond (Appendix A, Figure A.5). Therefore, the rate of ester hydrolysis was considered too 

slow for the intended purpose, with the desired degradation time of 6-10 weeks not 

attainable even for the P350 initiated ester-linked PTMC.  

 

Figure 4.13. Mass loss (%) of ester-linked PEG-initiated PTMC-OH in 37˚C pH 7.4 PBS. 

4.6 Conclusion 

In this chapter, an approach was explored based on increasing the overall molecular weight 

of the injectable PTMC via conjugation by either hydrolysable ester or anhydride linkages. 

It was reasoned that the linkage would cleave in aqueous media over time, thereby releasing 

free PTMC chains that would slowly dissolve within 6 to10 weeks. An in vitro mass loss 
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study of the conjugated samples showed that for the anhydride-linked PTMC all the 

anhydride bonds cleaved within the first 24 hours, generating acidic products that lowered 

the pH of the buffered degradation medium. The resulting mass loss was then due to the 

dissolution of the PTMC-COOH chains formed. In contrast, due to the slower reactivity of 

the ester bond within the ester-linked PTMC, ester hydrolysis did not result in an acidic pH 

within the incubation medium. However, the ester bond degraded too slowly for the 

intended application. Using P350 as an initiator to increase the water solubility of the ester-

linked PTMC increased the total mass loss to about 26 wt% within 28 days. However, the 

increased polymer water solubility resulting from the incorporation of the P350 caused a 

large initial mass loss of solubilized polymer followed by a very slow mass loss.  Based on 

these results the conjugation approach was considered to not provide desirable complete 

and gradual degradation within the target time frame of 6-10 weeks. 
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Chapter 5 

Hydrolysable injectable delivery vehicle based on low molecular weight 

poly(trimethylene carbonate-co-5-hydroxy trimethylene carbonate): 

Synthesis, characterization and in vitro degradation  

5.1 Abstract  

In this chapter, Specific Aim 2 is addressed, namely the synthesis, characterization and in 

vitro degradation of poly(trimethylene carbonate-co-5-hydroxy trimethylene carbonate), 

P(TMC-co-HTMC), as an injectable delivery vehicle. Ring opening polymerization under 

melt and solution conditions and initiated with hydrophobic initiators (1-octanol and 1-

butanol) was explored using different catalysts. Specifically, hydrogen chloride in ether 

(HCl·Et2O), 1,8-diazabicyclo-7-undecene, and tin(II) 2-ethylhexanoate were examined. 

The polymerization kinetics for each catalyst and its effect on copolymer microstructure 

were determined. Also, the nature of the initiator, the molecular weight and the copolymer 

composition were studied for their effects on copolymer glass transition temperature (Tg), 

in vitro degradation rate, and the incubation medium pH during degradation. Of the 

catalysts studied, HCl·Et2O provided a random comonomer distribution and low toxicity 

burden. Copolymers prepared with HCl·Et2O as catalyst and of different molecular 

weights, 5-hydroxy trimethylene carbonate (HTMC) content, and using varying initiators 

were injectable at room temperature having Tg’s less than -20 ºC. Moreover, the in vitro 

degradation of random copolymer was tailored by adjusting the HTMC content, initial 

molecular weight and the choice of initiator. During in vitro degradation, the pH of the 
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medium surrounding the copolymer always remained near neutral, which is a safe 

condition for preserving the bioactivity of the released growth factor.  

5.2 Introduction 

The strategy of utilizing anhydride or ester linked poly(trimethylene carbonate) did not 

result in a polymer that met the desired features for the intended application. Thus, based 

on recent findings in the Amsden laboratory, a new polymer strategy was developed, 

involving a copolymer of trimethylene carbonate (TMC) with 5-hydroxy trimethylene 

carbonate (HTMC),177,179,230 P(TMC-co-HTMC). In this approach, P(TMC-co-HTMC) 

was prepared through two steps. In the first, 5-benzyloxy trimethylene carbonate (BTMC) 

was copolymerized with TMC via ring-opening polymerization (ROP) under melt or 

solution conditions. Following copolymerization, the BTMC repeating units were 

debenzylated to yield HTMC repeating units along the backbone (Figure 5.1).177,230  

 

Figure 5.1. Copolymer chemical structure; n and m refer to the number of repeating units of TMC and BTMC 

or HTMC along the copolymer backbone, k refers to the number of methylene (CH2) groups within the 

initiator (e.g. k = 3 is 1-butanol, k = 7 is 1-octanol). 
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An examination of the degradation of HTMC homopolymers (PHTMC) by Dr. Chen from 

the Amsden group showed that the presence of the pendant hydroxyl group resulted in a 

rapid rate of degradation, with a 42 kDa homopolymer reaching complete mass loss within 

24 hours at neutral or alkaline pH. According to the degradation mechanism of PHTMC 

proposed by Dr. Chen, the final degradation products of PHTMC are glycerol and carbon 

dioxide,176,180,231 both of which are natural components of physiological systems.181,182 The 

degradation of PHTMC also did not result in a significant lowering of the local pH in a 

solution buffered at physiologic conditions. 

Based on the proposed degradation mechanism and fast degradation of PHTMC within 24 

h, it was therefore proposed that introducing HTMC units distributed randomly along the 

backbone of a low molecular weight copolymer of HTMC and TMC would result in a 

liquid viscous polymer with a controllable degradation rate while preserving the local 

neutral pH.   

In ROP, the choice of catalyst dictates the polymerization rate, polymerization conditions, 

purification process, polymer dispersity, and end group fidelity (the number of polymer 

chains that incorporate the initiator),232,233 and thus warrants careful consideration based on 

the intended application for the polymer. To achieve a random structure, TMC and BTMC 

copolymerization was studied using different catalyst systems including hydrogen chloride 

solution in diethyl ether (HCl·Et2O),184,194,234,235 1,8-diazabicyclo-7-undecene 

(DBU),184,190–193,236and tin(II) 2-ethylhexanoate (Sn(Oct)2) (Figure 5.2).185,237   
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Figure 5.2. Chemical structure of monomers and catalysts. 

Sn(Oct)2 is the most frequently used and most efficient catalyst in ROP of cyclic carbonate 

monomers at high temperature, but tin complexes have shown a potential toxicity due to 

tin residues and subsequently extensive purification is required for biomedical 

applications.186 Also, side reactions including initiation with water as well as monomer 

auto-initiation, chain  transesterification and backbiting at high temperatures of 

polymerization may affect the end group fidelity and molecular weight dispersity.184,185  

Therefore, potentially less toxic catalysts such as DBU and HCl were also explored.186,196 

Both DBU and HCl·Et2O are reported to catalyze the polymerization of cyclic carbonate 

monomers at room temperature under solution conditions with suitable control over 

molecular weight and molecular weight dispersity.234 All three catalysts used in this study 

are effective in the ROP of cyclic carbonate, but function through different mechanisms. 

The Sn(Oct)2 catalytic mechanism is considered a coordination-insertion in which the Sn 

group attaches to the hydroxyl group of the growing polymer chain or the alcoholic initiator 

and coordinates with the carbonyl group of the monomer.185 DBU catalyzes polymerization 

via an anionic mechanism in which DBU conjugates with TMC forming an alkoxide anion, 

184,190,199 and activation of the initiating/propagating hydroxyl group via hydrogen 

binding.198,199 In contrast, HCl·Et2O activates the monomer by conjugating to its carbonate 
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bond. The resulting activated monomer is susceptible to a nucleophilic attack by the 

hydroxyl group on the alcoholic initiator or the growing chain end.234,197 The presence of 

the benzyloxy group in the BTMC monomer as an electronegative group provides a 

positive charge density around the carbonate bond which may affect the monomer stability 

under the polymerization conditions provided by each catalyst and subsequently determine 

the copolymer microstructure. 

Therefore, the effect of each catalyst and polymerization condition on the monomer 

conversion rate as well as copolymer microstructure, molecular weight, and end group 

fidelity of the final copolymer was studied. The objective was to obtain a random 

copolymer with high purity, high end group fidelity, controlled molecular weight and 

narrow molecular weight distribution with hydrolysable HTMC units distributed randomly 

along the backbone. Finally, copolymers were  prepared using the most suitable of these 

catalysts, with different initiators and at different molecular weight to adjust the 

degradation rate, Tg and viscosity of the final compolymer.237
 

5.3 Materials 

1,3-trimethylene carbonate (TMC) was obtained from Leapchem, Hangzhou, China. 5-

benzyloxy trimethylene carbonate (BTMC) was purchased from Obiter research LLC, 

USA. Tin(II) 2-ethylhexanoate (Sn(Oct)2) was purchased from Alfa Aesar, USA. 1 M 

hydrogen chloride solution in diethyl ether (HCl·Et2O), 1,8-diazabicyclo-7-undecene 

(DBU), palladium on carbon (Pd/C), palladium hydroxide on carbon (Pd(OH)2/C), 1-

octanol, 1-butanol, celite, deuterated chloroform (CDCl3) and deuterated dimethyl 
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sulfoxide (DMSO–d6) were purchased from Sigma-Aldrich Ltd, Canada. Phosphate 

buffered saline (PBS) powder, anhydrous potassium carbonate (K2CO3), tetrahydrofuran 

(THF), methanol (MeOH), dichloromethane (DCM), and diethyl ether were purchased 

from Thermo Fisher Scientific, Canada. Hydrogen gas (H2) (99.99% purity) was purchased 

from Linde Ltd, Canada. Water used was of type 1 purity, obtained from a Millipore Milli-

Q Plus ultrapure water filtration system. THF and MeOH were dried over activated 3 Å 

molecular sieves. All other materials were used as received. 

5.4 Methods 

5.4.1 Synthesis of P(TMC-co-BTMC) via different polymerization methods  

5.4.1.1 Melt polymerization using Sn(Oct)2 

Prescribed amounts of TMC and BTMC at a molar ratio of 50/50 were put in glass 

ampoules to prepare compositions of copolymer with 40 total repeating units. In this 

reaction, 1-octanol and Sn(Oct)2 were used as initiator and catalyst, respectively. A 

monomer to catalyst mole ratio (M/C) of 800:1 was used based on a previous protocol for 

TMC polymerization.158 The following is a representative procedure for preparing a 

copolymer with a monomer to initiator molar ratio (M/I) of 40:1 and BTMC/TMC molar 

ratio of 50/50.  In a flame-dried glass ampoule was mixed 1-octanol (0.318 g, 2.45 mmol), 

TMC (5 g, 49 mmol), BTMC (10.2 g, 49 mmol), and 100 µL of 50% Sn(Oct)2 solution (50 

mg, 0.12 mmol of catalyst) in dry toluene. The ampoule was purged with argon and 

connected to vacuum for 3 cycles. Finally, the ampoule was vacuum sealed and placed in 
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a 60 ºC oven for 10-15 min to melt the monomer. The resulting melt was mixed using a 

vortex and placed in an oven at 130-135 ºC under 20 mm Hg vacuum. To determine the 

kinetics of copolymerization, 4 individual ampoules were removed from the oven at 

specific time points and cooled to 5 ºC in a refrigerator for 10 min to quench the 

polymerization. The resulting copolymer will be referred to as OCT-P40-50B-Sn. After 

complete monomer conversion, the resulting copolymer was purified by precipitation in 

cold methanol. 

5.4.1.2 Solution polymerization using HCl·Et2O and DBU 

The following is a representative procedure for preparing copolymer with a M/I of 18:1 

and BTMC/TMC molar ratio of 50/50 using HCl·Et2O as a catalyst at a M/C molar ratio 

of 3:1. 1-octanol (0.71 g, 5.4 mmol) was added to a 1.5 M solution of TMC (5 g, 49 mmol) 

and BTMC (10.2 g, 49 mmol) in dry DCM. Following this addition, 33 mL of 1 M 

HCl·Et2O was added to the glass vial to achieve a final monomer concentration of 1 M and 

a M/C ratio of 3:1. To avoid auto-initiation and initiation with water the polymerization 

reaction was performed under argon at room temperature. The same procedure was used 

for copolymerization with DBU but with a M/I of 40:1 and a M/C of 80:1 using a 1 M 

solution of monomer in dry DCM. The M/C molar ratio was chosen based on preliminary 

experiments. According to the higher catalytic activity of DBU and Sn(Oct)2 than 

HCl·Et2O in these preliminary results, a higher M/I was chosen for the copolymerization 

in the presence of these catalysts to be able to track the monomer conversion over time.  
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To study the kinetics of copolymerization using HCl·Et2O, the collected polymerization 

solution at each time point was quenched using a flow of air over the sample for 2-3 min 

following the addition of 10-fold diethyl ether as a non-solvent to completely precipitate 

the polymer. The kinetics of copolymerization using DBU was also determined via 

quenching the collected polymerization solution at each time point by adding 2 equivalents 

of acetic acid to catalyst.191 The solvent was removed under a flow of air. Finally, all 

samples were stored at -20 ºC until analyzed. The resulting copolymers prepared using 

DBU and HCl·Et2O will be referred to as OCT-P40-50B-DBU and OCT-P18-50B-HCl, 

respectively.  

After complete monomer conversion, the copolymer prepared with HCl·Et2O was 

purified/neutralized by washing in cold MilliQ water 3 times at 4 ºC. After each wash, the 

water pH was checked and adjusted to neutral using K2CO3. The copolymer prepared with 

DBU was purified by precipitation in cold methanol at -20 ºC. For studies examining the 

influence of HTMC content and initiator structure on polymer degradation rate, 

copolymers with BTMC/TMC molar ratios of 30/70 and 50/50, initiated with 1-octanol or 

1-butanol were prepared using HCl·Et2O as a catalyst. 

5.4.2 Debenzylation of P(TMC-co-BTMC) 

The BTMC units of the final pure copolymer were debenzylated to hydroxyl groups using 

a Pd/C and Pd(OH)2/C mixture (1:1 w/w ratio). For this purpose the copolymer dissolved 

in a THF/MeOH solvent mixture was added to the catalyst dissolved in THF under Ar in a 

water-free autoclave reactor.238 The final ratio of THF to MeOH and the final copolymer 
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concentration were adjusted to 4 v/v and 0.1 w/v, respectively. A Pd/C and Pd(OH)2/C 

mixture of 34 g catalyst/mol of BTMC was used. The autoclave reactor was charged with 

H2 at 120 psig and then continuously agitated for 24 h at room temperature.201,202 The 

resulting copolymer, P(TMC-co-HTMC), was filtered through a celite cake, washed with 

anhydrous THF and dried on a roto-evaporator. Finally, the copolymer was washed with 

neutral MilliQ water to extract the initial water-soluble fraction and dried on a Modulyo D 

lyophilizer (Thermosavant, USA) at -50 ºC and 100 mbar.  

5.4.3 Polymer Characterization  

The monomer conversion rate, the final chemical composition and number average 

molecular weight (Mn) of P(TMC-co-BTMC) were determined by 1H NMR spectroscopy 

(Bruker Avance 400 MHz) using CDCl3 as the solvent at room temperature. The Mn and 

chemical composition of P(TMC-co-HTMC) were determined by 1H NMR spectroscopy 

using DMSO-d6 as the solvent at room temperature.  

In the kinetics study of the copolymerization of TMC and BTMC, the TMC conversion 

rate was calculated by comparing the signal intensity of the central methylene group of 

TMC units along the copolymer chain (δ = 2.06 ppm) with the signal intensity of the central 

methylene group of the TMC monomer (δ = 2.16 ppm). To calculate the BTMC conversion 

rate, the signal intensity of the methylene groups linked to the carbonate bond of the BTMC 

units in the copolymer chain (δ = 4.1 - 4.25 ppm) was compared with the signal intensity 

of the methylene group of the pendent benzyloxy group (δ = 4.67 ppm) of the BTMC 

monomer and the BTMC of the growing copolymer. The percentage of BTMC repeating 
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units in the copolymer chain was calculated by comparing the signal intensity of the 

methylene group of the pendent benzyloxy group of the BTMC (δ = 4.67 ppm) with the 

signal intensity of the central methylene group of the TMC units (δ = 2.06 ppm). The Mn 

was calculated by comparing the signal intensity of these two peaks with the signal 

intensity of the methyl group of the initiator (δ = 0.9 ppm). End group fidelity (α) was 

calculated as shown in Equations 1 to 4.232 The terminal group ratio (τ) was calculated by 

dividing the signal intensity of the methylene groups of a BTMC end unit (δ = 3.75 ppm) 

and a TMC end unit (δ = 1.93 and 3.66 ppm) by the signal intensity of the methylene group 

of initiator (δ = 0.9 ppm, Equation 1). If no chains were initiated by another source, such 

as residual water, and no transesterification occurred, τ would be 1. The amount by which 

τ exceeds 1 represents the integration contribution from polymer chains without an attached 

initiator. This quantity is then halved to account for the fact that non-alcohol initiated-

polymer chains will have an identical terminal CH2 group on both chain ends due to 

decarboxylation of the carbonic ester end. α is then obtained by normalizing the number of 

alcohol initiated-polymer chains to the total number of polymer chains (initiated plus non-

initiated, Equation 2), and Mn was calculated by Equation 3. If τ <1, then α = τ, and Mn 

was calculated using Equation 4. 
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In these equations, Mw(TMC), Mw(BTMC) and Mwi are the molar mass of TMC, BTMC and 

initiator (either 1-octanol or 1-butanol), respectively. To characterize P(TMC-co-HTMC), 

the same methodology was utilized; however, corresponding HTMC units were analyzed 

instead of BTMC units. 

In the resulting P(TMC-co-BTMC), the microstructure was determined by 13C NMR 

spectroscopy (Bruker Avance 400 MHz) using CDCl3 as the solvent at room temperature. 

The degree of randomness was calculated by comparing the signal intensity of the 

methylene groups linked to the carbonate bond of BTMC-TMC pairings (δ = 64.5 and 

66.25 ppm) with the analogue signals of BTMC-BTMC pairings (δ = 66.5 ppm) and of 

TMC-TMC pairings (δ = 64.25 ppm). 
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Copolymer dispersity was measured using a Waters gel permeation chromatography 

system (GPC) equipped with a 2690 GPC separation module equipped with four Waters 

Styragel HR columns in series, and a Waters 410 Differential Refractometer. Refractive 

index measurements were collected at 25 ºC using distilled THF as the eluent and calibrated 

to polystyrene standards. The solution used for GPC measurement was prepared at 3-10 

mg/mL using HPLC grade THF and filtered through a 0.2 μm syringe filter. Thermal 

properties were determined by a Mettler-Toledo DSC1 differential scanning calorimeter. 

A heating and cooling rate of 10 ºC/min was applied for temperature range of -100 ºC to 

80 ºC. The Tg was taken as the inflection point of the second heating cycle. 

5.4.4 In vitro degradation  

1 mL of pH 7.4 PBS at 37 ºC was added to 50 mg of each copolymer within a glass vial. 

The glass vials were then placed in a thermomixer at 37 ºC with horizontal shaking at 300 

rpm. At specific time points, 3 samples were collected, washed 3 times with distilled water 

to remove residual salt and then dried to a constant weight on a Modulyo D lyophilizer 

(Thermosavant, USA) at -50 ºC and 100 mbar.  The resulting dry samples were weighed 

and analyzed for number average molecular weight and composition as described in section 

5.4.3. The solution pH was also measured using pH meter to assess the effect of the 

degradation products on the aqueous environment pH.  
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5.4.5 Viscosity measurement  

Melt viscosity was measured using a Reological Visco Tech controlled stress rheometer at 

25 ºC and 37 ºC. A parallel plate stainless steel fixture with a diameter of 20 mm and a 0.5 

mm plate gap was used.  

5.4.6 Statistical analysis 

The viscosity, in vitro degradation rate, and the chemical composition and number average 

molecular weight of the remained copolymers during the degradation study were assessed 

using 3 samples. All the data are reported as the average ± the standard deviation about the 

average. Statistical differences were determined using a one-way ANOVA. Differences 

were considered significant for p values less than 0.05. 

5.5 Results and Discussion 

5.5.1 Influence of catalyst on copolymer conformation 

The objective was to prepare a copolymer with high purity, high end group fidelity, low 

molecular weight and narrow molecular weight distribution with hydrolysable HTMC units 

distributed randomly along the backbone. To examine the control over polymerization and 

determine the copolymer conformation, the conversion rate of each monomer was studied 

in the presence of the different catalysts chosen: HCl·Et2O, DBU, and Sn(Oct)2. Each of 

these catalysts reportedly functions differently, which would affect the microstructure of 
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the final copolymer. In these experiments, 1-octanol was used as the initiator, while an 

equimolar ratio of TMC and BTMC was used in the feed.  

After complete conversion of the monomers, the 1H NMR spectra of copolymers made 

using different catalysts possessed the anticipated peaks based on chemical structure as 

compared to the spectra of the corresponding homopolymers. Figure 5.3 shows a 

representative 1H NMR spectrum of OCT-P18-50B-HCl after complete monomer 

conversion along with peak assignments. In this spectrum, there are two signals 

corresponding to the central methylene group (δ = 2.06 ppm), and the methylene groups 

linked to the carbonate bond (δ = 4.1 - 4.25 ppm) from the alkane region of the TMC units. 

Copolymerizing BTMC with TMC revealed new signals corresponding to the central 

methine group (δ = 3.88 ppm), methylene group linked to the benzyl group (δ = 4.67 ppm), 

and the signal related to the protons of the benzyl group (δ = 7.36 ppm) for the BTMC 

units. The representative 1H NMR spectra of OCT-P40-50B-DBU and OCT-P40-50B-Sn 

are given in Figure B.1 and Figure B.2 of Appendix B, respectively.  
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Figure 5.3. 1H NMR spectrum of OCT-P18-50B-HCl obtained in CDCl3, M/I=18, Mn = 1440, Da, BTMC: 

46%. Protons labelled with a prime correspond to the copolymer end group. 

The monomer conversion rate was determined by quenching the copolymerizing samples 

at a given time point and monitoring the integration area of peaks corresponding to the 

monomers and the resulting copolymers via following the 1H NMR spectra as explained in 

section 5.4.3. Figure 5.4 shows a representative stacked 1H NMR spectra of the 

copolymerization of TMC and BTMC in the presence of HCl·Et2O as the catalyst. The 

monomer conversion (%) versus time using the different catalysts is shown in Figure 5.5. 
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Figure 5.4. Stacked 1H NMR spectra obtained in CDCl3 of TMC and BTMC conversion versus time during 

copolymerization. The initiator was 1-octanol, and the catalyst was HCl·Et2O. 



 

82 

 

 

Figure 5.5. Monomer conversion versus time for the copolymerization of TMC and BTMC using different 

catalysts: (A) Sn(Oct)2, 130-135˚C; (B) HCl·Et2O, room temperature and (C) DBU, room temperature. 

The presence of the benzyloxy group in the BTMC monomer as an electronegative group 

provides a positive charge density around the carbonate bond which may affect the 

monomer stability under the polymerization conditions. The monomer conversion results 

revealed that TMC and BTMC monomers do polymerize coincidently in the melt in the 
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presence of Sn(Oct)2, and that BTMC polymerizes slightly faster than TMC (Figure 5.5A). 

Sn(Oct)2 is considered to act in a coordination-insertion manner, in which the Sn group 

becomes attached to the initiator or the growing end of the polymer chain forming stannous 

alkoxide and coordinates with the carbonyl of a carbonate monomer, ultimately causing 

monomer to be inserted between the Sn group and the rest of the polymer chain (Figure 

5.6A).185 According to the propagation step in the presence of Sn(Oct)2, it is expected that 

the partial positive charge density around the carbonate bond in BTMC would facilitate the 

nucleophilic attack of stannous alkoxide to the carbonate bond of BTMC, increasing the 

BTMC conversion rate. However, our results showed a negligible difference between TMC 

and BTMC conversion under ROP condition at 130-135 ºC. 

When the monomers were copolymerized in solution using HCl·Et2O as the catalyst, both 

monomers were also incorporated into the copolymer at nearly the same rate, with TMC 

reacting slightly faster (Figure 5.5B). According to the proposed mechanism of HCl·Et2O 

catalyzed ring-opening polymerization, initially the hydrogen ion of the HCl·Et2O 

activates the monomer by conjugating to the carbonate bond. The resulting activated 

monomer is more susceptible to a nucleophilic attack by the hydroxyl group on the 

alcoholic initiator or the growing chain end (Figure 5.6B).234,197  In this mechanism, the 

carbonate bond of  the cyclic monomer is already activated and positively charged by 

HCl·Et2O; thus the higher partial positive charge density around the carbonate bond of 

BTMC does not affect the BTMC affinity significantly in comparison to TMC. As such, 

with both Sn(Oct)2 and HCl·Et2O, a random distribution of TMC and BTMC was expected. 

The polymerizations with HCl·Et2O, however, proceeded much more slowly, reaching 
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complete conversion in 120 h, in contrast to the complete conversion within 6 h found 

using Sn(Oct)2 in a melt copolymerization at 130-135 ºC. 

 

Figure 5.6. Mechanism of polymerization of cyclic carbonate monomer in the presence of (A) Sn (Oct)2, (B) 

HCl·Et2O, (C) DBU as a catalyst. 
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In contrast, BTMC polymerized much faster than TMC in the present of DBU, as it reached 

complete conversion in 12 h, at which time the TMC conversion was only 50%. Thus, 

blocky copolymers were formed (Figure 5.5C).  

DBU catalyzes polymerization via activation of the initiating/propagating hydroxyl 

group198,199 and an anionic mechanism causes auto-initiating of TMC (Figure 

5.6C).184,190,199 According to the monomer conversion achieved in this study, the partial 

positive charge around the carbonate bond caused by the benzyloxy group in the BTMC 

monomer provided higher reactivity and thus a higher monomer conversion rate for BTMC 

than for TMC in the presence of DBU. For all three catalysts, monomer conversion slowed 

near the end of the polymerization, due to the low concentration of monomers in the 

polymerization solution.  

In the copolymerization of TMC and BTMC, eight possible sequences of repeating units 

may form as described in Figure 5.7. In this figure, BTMC units and TMC units are referred 

to as B and T, respectively.  
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Figure 5.7. Possible sequences of carbonate bonds in the copolymer structure. 

To calculate the degree of randomness of the copolymer backbone, the 13C NMR spectrum 

of P(TMC-co-BTMC) was compared with the 13C NMR spectra of PTMC and PBTMC 

(Figure 5.8). The peaks of triad sequences that do not overlap the peaks of homopolymers 

(B-B-B and T-T-T( determine the randomness in the sequences.200,239 
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Figure 5.8. 13C NMR spectra of A) OCT-P18-50B-HCl (Mn = 1440 Da), B) PBTMC (Mn = 5100 Da), C) 

PTMC (Mn = 12600 Da), NMR solvent: CDCl3. 

Referring to the 13C NMR spectrum of each homopolymer the resonance signals of 13C 

nuclei were attributed to the carbon atoms at different sites of each kind of carbonate co-

monomer. In these spectra, resonances of the carbonyl group for the PTMC backbone 

appeared as separate signal for carbons of the methylene groups linked to the carbonate 

bond at δ = 64.25 ppm (Figure 5.8.C). In contrast, PBTMC showed signals for carbons of 

the methylene groups linked to the carbonate bond at δ = 66.5 ppm (Figure 5.8.B). As seen 

in Figure 5.8.A, which shows a representative spectrum of a copolymer (OCT-P18-50H-

HCl) two new peaks appeared for carbons of the methylene groups linked to the carbonate 

bond at 64.5 ppm and 66.25 ppm. These peaks can be related to B-T pairings in different 

sequences showing that BTMC and TMC are linked together instead of linking to the 

corresponding homo-monomer. Similar peaks were observed in the 13C NMR spectra of 

OCT-P40-50H-Sn and OCT-P40-50H-DBU (Figure B.3 and Figure B.4 in Appendix B). 
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Comparison of the relative intensities allowed for the calculation of the degree of 

randomness in each copolymer (Table 5.1). According to the 13C NMR spectra, use of 

Sn(Oct)2 and HCl·Et2O as catalysts yielded higher degrees of randomness (46-50 %) than 

the use of DBU as a catalyst (33 %, Table 5.1). These results are in agreement with the 

monomer conversion rates shown in Figure 5.6. 

Table 5.1. Characterization of the pure copolymers prepared with different catalysts 

Sample 
Theoretical 

Mn (Da) 

Actual  

Mn (Da) 
Dispersity BTMC (%) Tg (̊C) Randomness (%) α (%) 

OCT-P18-50B-HCl 2900 1440 1.2 46 -21 46 60 

OCT-P40-50B-Sn 6300 3920 1.6 48 -7 50 55 

OCT-P40-50B-DBU 6300 3200 1.3 50 -7 33 42 

 

The monomer composition, number average molecular weight, end group fidelity, 

molecular weight distribution, and Tg of the resulting copolymers are also given in Table 

5.1.  Polymerization with all three catalysts yielded copolymer compositions similar to the 

target composition of equimolar TMC and BTMC. However, the number average 

molecular weight determined from 1H NMR end group analysis was significantly lower 

than the theoretical molecular weight. This difference in molecular weight was due to the 

poor end group fidelity (α), which ranged from 42% for DBU catalyzed polymerization to 

60% for the HCl·Et2O catalyzed polymerizations. End group fidelity quantifies the 

proportion of the polymer chains that initiated with the initiator and contain the expected 

end group. In these copolymers, 100% end group fidelity is referred to as those copolymer 

chains containing a methyl group from the alcohol initiator at one end and a terminal 
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hydroxyl group on the other end. End group fidelity can be reduced by side reactions such 

as initiation with water, catalyst and impurities, auto-initiation of the monomer, backbiting 

and trans-esterification. Unexpected polymer chain initiation is possible for all three 

catalysts used in this study from sources other than the initiator, including residual water 

in the reactants,184,185 and potentially residual TEA or TEA·HCl in the BTMC as an 

impurity.177,178 In addition, poor end group fidelity may be the result of auto-initiation of 

the cyclic monomer, trans-esterification and backbiting at the elevated temperature of 130 

ºC used with the Sn(Oct)2 catalyzed polymerization ,184,185 and initiation with DBU at room 

temperature.190,199,241 (add Ref 190, 199) Also, side reactions affected the molecular weight 

dispersity  as Sn(Oct)2 with higher possibility of auto-initiation, backbiting and trans-

esterification showed higher molecular weight dispersity of 1.6 in comparison with DBU 

and  HCl· Et2O with molecular weight dispersity of 1.3 and 1.2, respectively.  

The DSC thermographs of the copolymers are shown in Figure B.4 in Appendix B. All the 

copolymers were amorphous and exhibited only one Tg which was -21 ºC for the lower 

molecular weight copolymer, OCT-P18-50H-HCl, and -7 ºC for the higher molecular 

weight copolymers OCT-P40-50H-DBU and OCT-P40-50H-Sn. The difference in 

microstructure of the copolymers did not affect their Tg’s; however, decreasing the 

molecular weight diminished the Tg significantly.  

Of the catalysts studied, HCl·Et2O was chosen for further polymerizations.  This catalyst 

yielded random copolymers with a narrow molecular weight distribution and reasonably 

high end group fidelity while being readily removed by purification and thus contributing 

low toxicity.  
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5.5.2 Preparation and characterization of P(TMC-co-HTMC)s  

A series of copolymers of different molecular weight and monomer ratio were prepared 

using HCl·Et2O as a catalyst, and debenzylated using Pd/C and Pd (OH)/C, yielding  

pendant hydroxyl groups along the copolymer backbone.177,179,202 Figure 5.9 shows the 1H 

NMR spectrum of OCT-P18-30H; the copolymer contains 18 monomer units with 30 

mol% of those monomers HTMC. The resulting copolymers were purified by precipitation 

in MilliQ water at room temperature. Complete disappearance of the signals corresponding 

to the methylene group linked to the benzyl group (δ = 4.67 ppm, Figure 5.4) and the 

protons of the benzyl group (δ = 7.36 ppm, Figure 5.4) in the 1H NMR spectrum of the 

copolymer as well as the appearance of a new peak at 5.45 ppm corresponding to the 

pendant hydroxyl group along the backbone, confirmed complete conversion of the 

benzyloxy groups to hydroxyl groups.  
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Figure 5.9. 1H NMR spectrum of copolymer OCT-P18-30H obtained in DMSO-d6. M/I=18, Mn = 1600 Da, 

HTMC: 30%. Labels with a prime correspond to the copolymer end group and the label (OH)TMC 

corresponds to the hydroxyl group of TMC end unit. 

The end group fidelity increased upon debenzylation and purification (Table 5.2). This 

result is attributed to the loss of low molecular weight fractions during the purification step 

in MilliQ water. All the resulting copolymers had low Tg’s in the range of -23 ºC to -50 ºC 

and were amorphous. The Tg of the resulting debenzylated copolymers increased as 

molecular weight increased. For copolymers of approximately the same molecular weight 

(those of Mn between 1460 and 1600 Da) but with different amount of HTMC, the Tg did 

not change significantly as the amount of HTMC in the copolymer increased. This result 

reflects the limited influence of hydrogen bonding provided by the pendant hydroxyl group 

of the HTMC on Tg. The initiator used had no influence on the glass transition temperature 

as well. For example, for copolymers with a molecular weight of approximately 1800 Da 
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and a monomer composition of 50 mol% HTMC, the Tg was – 23 ºC, regardless of whether 

1-butanol or 1-octanol was used as the initiator. In contrast, samples with the same amount 

of HTMC but of lower molecular weight, e.g. OCT-P10-30H vs. OCT-P18-30H, showed 

significantly lower Tg.  

Table 5.2. Characterization of the pure copolymers prepared using HCl·Et2O as catalyst. 

 

5.5.3 In vitro degradation  

In vitro degradation studies were undertaken in pH 7.4 PBS under mild agitation at 300 

rpm. The degradation rate of the copolymer under these conditions was dependent on 

copolymer composition, copolymer molecular weight, and the nature of the initiator used 

(Figure 5.10). The amount of HTMC in the copolymer had the greatest effect on the 

copolymer mass loss rate. Copolymers with 50 mol% HTMC lost more than 60 wt% of 

 

 

Sample 

 

Feed moles 

of BTMC 

(%) 

Before debenzylation After debenzylation and purification 

BTMC 

molar 

(%) 

Mn (Da) α (%) 
Tg 

(˚C) 

HTMC 

molar 

(%) 

Mn (Da) α (%) Tg (˚C) 

BU-P6-50H 50 49 610 56.2 -40 46 580 75 -50 

BU-P18-50H 50 50.2 1920 70.6 -16 50 1500 90 -23 

OCT-P18-50H 50 50.6 1690 63 -20 49 1560 95 -23 

OCT-P10-30H 30 29.6 940 74 -34 27 1160 100 -35 

OCT-P18-30H 27.8 24.7 1650 71 -24 30 1600 83 -25 

BU-P18-30H 27.8 27.3 1690 72 -25 26 1580 86 -26 
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their initial mass before 2 weeks; in contrast, copolymers possessing 30 mol% HTMC 

required 16 weeks to reach approximately the same extent of mass loss. For copolymers 

with 50 mol% HTMC, molecular weight and initiator also affected the mass loss trends, 

with shorter chains and chains of the same molecular weight but initiated with the more 

hydrophilic initiator, 1-butanol, showing a higher mass loss rate. On the other hand, 

copolymers consisting of 30 mol% HTMC content exhibited almost the same mass loss 

trend, regardless of initiator or initial molecular weight, reaching a plateau of between 47-

55 % after 16 weeks. For all copolymers examined, the rate of mass loss decreased with 

time.  

 

Figure 5.10. Mass loss of the samples in PBS (pH 7.4) at 37 ºC under horizontal agitation of 300 rpm. The 

PBS was replaced every second day. Statistical difference between copolymers containing 50 mol% initial 

HTMC over time (*), statistical difference of the copolymers containing 50 mol% initial HTMC with 

copolymers containing 30 mol% initial HTMC (**), p < 0.05, one-way ANOVA, n=3.  

To obtain insight into the degradation mechanism, the monomer composition and the 

number average molecular weight of the remaining copolymer were monitored with time. 

The effect of HTMC content as well as the effect of initiator and molecular weight on the 

degradation mechanism and trend were studied (Figure 5.11 and Figure 5.12). The HTMC 

content of the copolymer mass that remained as a separate phase from the buffer medium 
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decreased with time for all cases. As shown in Figure 5.11A, the HTMC content decreased 

significantly in the first week for the samples containing 50 mol% HTMC then remained 

nearly constant at between 12 ± 6% to 22 ± 2.4 %. Also, samples containing 30 mol% 

HTMC showed a significant decrease in HTMC content within the first 2 weeks, after 

which the HTMC content remained nearly constant at between 6-15% (Figure 5.11B). This 

result is a product of the hydrolytic resistance of the TMC carbonate linkage,242 and the 

hydrophilicity/ degradation of the HTMC units distributed along the copolymer 

backcone.177  

 

Figure 5.11. HTMC percentage of the samples in PBS (pH 7.4) at 37 ˚C under horizontal agitation of 300 

rpm. The PBS was changed every other day. A: 50% HTMC, B: 30% HTMC. Statistical difference with day 

1 (*), Statistical difference of BU-P6-50H with other copolymers in week 1 (Ω), p < 0.05, One-way ANOVA, 

n=3. 

In a similar fashion as the change in HTMC content with time, the average molecular 

weight of the copolymers decreased over time by 12 to 38 % depending on the initial 
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copolymer molecular weight (Figure 5.12). According to these results, copolymers 

initiated with 1-butanol and 1-octanol were soluble in water at a number average molecular 

weight lower than approximately 700-1300 Da depending on the HTMC content of the 

remaining copolymer. One-way ANOVA did not show significant statistical difference in 

Mn and HTMC content over time between the copolymers except for BU-P6-50H in week 

1 which showed significantly lower HTMC content in comparison to other copolymers, 

and OCT-P10-30H which showed significantly lower Mn from week 4 in comparison to 

OCT-P18-30H and BU-P18-30H. 

 

Figure 5.12. Change in Mn of the samples in PBS (pH 7.4) at 37 ˚C under horizontal agitation of 300 rpm. 

The PBS was changed every other day. A: 50% HTMC, B: 30% HTMC. Statistical difference of OCT-P10-

30H with OCT-P18-30H and BU-P18-30H overtime (*), p < 0.05, one-way ANOVA, n=3. 
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The degradation mechanism of the HTMC homopolymer has been studied by Dr. Fei Chen 

of the Amsden group. According to this study as water diffuses into the polymer bulk, the 

HTMC units are cleaved quickly. The degradation occurs through intramolecular 

nucleophilic attack of the carbon monoxide anion formed from the pendant hydroxyl 

groups of the repeating units or the hydroxyl end group in water on the carbonate 

bond.176,180 Upon cleavage of HTMC units, the polymer chain length decreases gradually 

until oligomers become short enough to dissolve in the surrounding aqueous phase. 

Therefore, the degradation of P(TMC-co-HTMC) would be expected to depend on the rate 

of diffusion of water into the copolymer bulk. As water diffuses into the copolymer, HTMC 

units cleave, gradually producing oligomers. If the resulting oligomer is soluble in water, 

the copolymer bulk will lose mass. Thus, the degradation rate of the P(TMC-co-HTMC) 

would be expected to depend on the initial HTMC content, the hydrophilicity of the 

initiator, the arrangement of the HTMC units and the initial molecular weight. Increasing 

the copolymer hydrophilicity by incorporating a higher HTMC content and/or using a more 

hydrophilic initiator would be expected to facilitate water diffusion into the polymer bulk. 

Comparing the degradation of the P18 copolymers that possessed different initial HTMC 

content revealed that the presence of a greater number of HTMC units (50 mol% vs 30 

mol%) providing more hydrophilic/degradable units along the backbone led to initially 

quick cleavage of the chains as the HTMC content dropped significantly to approximately 

20 mol% within a week (Figure 5.11.A), and showing 55-70 wt% mass loss depending on 

the initiator used (Figure 5.10). Afterwards the changes in mass loss, HTMC% and Mn of 

the remained copolymers with 50 mol% initial HTMC content showed almost the same 

trend as the copolymers with 30 mol% initial HTMC content. At 50 mol% initial HTMC 
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content, copolymers initiated with more hydrophilic initiator, BU-P18-50H, showed 

significantly higher mass loss for approximately 20 wt% in week 1 in comparison to OCT-

P18-50H which was followed at fairly constant difference over time (Figure 5.10). The 

effect of the hydrophilicity of the initiator was not observed in the mass loss of the 

copolymers with 30 mol% initial HTMC content. According to the close HTMC content 

and Mn of the remained P18 copolymers at later time points, it can be concluded that the 

HTMC content is the main factor increasing the hydrophilicity of the resulting copolymer 

which in combination with the hydrophilic initiator leaded to higher mass loss. As the 

HTMC content decreased to approximately 20 mol%, the number of 

hydrophilic/degradable units of the resulting cleaved chains decreased and the effect of the 

initiator hydrophilicity is obscured. 

If the HTMC units are distributed randomly along the backbone, cleaving the HTMC units 

would lead to low molecular weight oligomers that are mostly composed of TMC repeating 

units. The water solubility of the resulting cleaved oligomers would depend on their 

molecular weight which is determined by the initial HTMC content and the initial 

molecular weight of the copolymer. At high HTMC content of 50 mol%, significantly 

higher mass loss was observed for the copolymer with lower initial molecular weight (BU-

P6-50H) in comparison to BU-P18-50H and OCT-P18-50H. However, this effect of initial 

molecular weight on the degradation was not observed in the series of the copolymers with 

30 mol% initial HTMC content due to the limited water solubility of PTMC.  

An important consideration for the potential application of these copolymers as a growth 

factor delivery device is the change in pH of the degradation medium by the generation of 
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degradation products. One of the degradation products of the copolymers is carbon dioxide, 

which in water is converted to carbonic acid. Therefore, the pH of the PBS solution was 

monitored with time during degradation for copolymers initially containing 30 and 50 

mol% HTMC, initiated with 1-octanol or 1-butanol (Figure 5.13). For the more rapidly 

degrading copolymers with 50 mol% HTMC content and during the first days of the 

degradation study, the pH dropped to 6.1 then returned to a neutral pH within 2 weeks. The 

decrease in pH corresponds to the period of most rapid mass loss (Figure 5.10) and decrease 

in HTMC content of the copolymer (Figure 5.11), and therefore is attributed to the 

formation of high amounts of carbonic acid in water. It is notable, however, that the pH of 

the PBS degradation medium was only mildly acidic. The pH of the medium surrounding 

the more slowly degrading copolymers with 30 mol% HTMC content always remained 

close to neutral, a result of the reduced amount of carbon dioxide generated with time. 

 

Figure 5.13. pH of degradation medium during in vitro degradation in PBS. 
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5.5.4 Copolymer Viscosity  

Due to the moderate in vitro degradation rate of the 1000-2000 Da copolymers containing 

30 mol%, these copolymers were chosen for further examination as a growth factor 

delivery vehicle. As such, it was necessary to assess whether the copolymers would be 

injectable.  Previous studies showed that liquid polymers can be readily injected by hand 

through standard gauge needles at a viscosity less than about 100 Pa·s.221,237 The viscosity 

of the copolymer is related to its Tg, which can be adjusted by choice of initiator, by the 

number of HTMC repeating units, and the molecular weight (Table 5.2). All the 

copolymers showed Newtonian flow behavior with average viscosities ranging from 45-

362 Pa·s at 25 ºC and 15-93 Pa·s at 37 ºC (Table 5.3). The viscosity was higher for the 

copolymers with higher molecular weight, and there was no significant effect of the 

initiator on viscosity. All three copolymers would be expected to be injectable at 37 ºC, 

which was confirmed by manual injection through an 18 ½ gauge needle at 37 ºC. 

Table 5.3. viscosity measurements at 25 ºC and 37 ºC 

Sample  25 ºC (Pa·s) 37 ºC (Pa·s) 

OCT-P10-30H 45 ± 4.8 15 ± 1.8 

OCT-P18-30H 362 ±5.6 92± 2.3 

BU-P18-30H 346 ±17.2 98 ± 4.7 
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5.6 Conclusion 

In this chapter, it was demonstrated that distributing HTMC units randomly along the 

backbone of an TMC-HTMC copolymer yielded a hydrolytically degradable copolymer. 

A comparison of copolymers of different molecular weights and HTMC content prepared 

with different initiators showed that the HTMC content was the most influential parameter 

affecting degradation. A high HTMC content of 50 mol% caused rapid mass loss reaching 

60-95 wt% within 2 weeks depending on the initial molecular weight of the copolymer, 

and a slightly acidic pH during the first days of degradation. In contrast, a lower HTMC 

content of 30 mol% showed gradual mass loss over time, reaching 47-55 wt% within 16 

weeks, while the solution pH always remained close to neutral. The initial molecular 

weight also affected the degradation rate as the copolymers with lower initial molecular 

weight degraded faster as a result of the more likely generation of water-soluble 

degradation products, particularly for copolymers with higher HTMC content. From these 

results, the copolymers containing 30 mo% HTMC were chosen for further study as the 

drug delivery vehicle. These copolymers had viscosities less than 100 Pa·s at 37 ºC and 

were manually injectable. In the next chapters, in vivo degradation mechanism and tissue 

response of these compounds as well as the protein release will be presented. 
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Chapter 6 

In vivo degradation and tissue response to low molecular weight 

poly(trimethylene carbonate-co-5-hydroxyl trimethylene carbonate) 

(P(TMC-co-HTMC)) 

6.1 Abstract 

The purpose of this study was to determine the in vivo degradation mechanism of, and 

assess the tissue response to, 1000-2000 Da P(TMC-co-HTMC)s initiated with 1-octanol 

or 1-butanol at a 30 mol% HTMC content after subcutaneous injection in rats. The change 

in molecular weight and change in copolymer composition were monitored and evaluated 

as a function of implantation time over 22 weeks. The tissue response was assessed 

histologically using Masson’s trichrome staining and immunohistochemically by staining 

for CD68 positive cells. The in vivo degradation study revealed rapid degradation of the 

HTMC units followed by gradual elimination of the short chains produced via HTMC 

cleavage. The lower molecular weight copolymer degraded significantly faster due to the 

fewer backbone cleavage events required to produce short, water-soluble oligomers. The 

tissue response to the implanted copolymers was comparable to that of a MONOCRYL 

suture, indicating that the copolymer can be considered biocompatible. These findings 

suggest that these copolymer compositions are promising candidates for use as an 

injectable drug delivery vehicle.  
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6.2 Introduction 

Inflammation is the natural response to the implantation of a biomaterial. The severity and 

duration of the implantation depends on the implantation technique, the extent of the injury 

caused by the implantation process, the blood-material interaction, provisional matrix 

formation, the extent of cell necrosis following implantation, the degradation rate of the 

biomaterial, the toxicity of the implanted biomaterial and its degradation products, as well 

as the physical properties and the shape of the implant.100,101 One advantage of the use of a 

liquid injectable delivery formulation in protein therapeutic angiogenesis is the minimally-

invasive implantation through injection and the lack of mechanical irritation of the 

surrounding tissue which can result in a thick fibrous encapsulation layer,243,244 and may 

subsequently delay drug absorption into the tissue. The liquid injectable delivery 

formulation should be biocompatible providing stable healing without significant ongoing 

inflammation or irritation.100,101,205,206 

In this chapter, the influence of the poly(trimethylene carbonate-co-5-hydroxyl 

trimethylene carbonate) (P(TMC-co-HTMC)) molecular weight, initiator and viscosity on 

its in vivo degradation rate and the tissue response to the copolymer were studied. To 

achieve this objective, P(TMC-co-HTMC) was prepared through the co-polymerization of 

5-benzyloxy trimethylene carbonate (BTMC) with trimethylene carbonate (TMC) via ring-

opening solution polymerization using hydrogen chloride solution in diethyl ether 

(HCl·Et2O) as a catalyst. Following copolymerization, the BTMC repeating units were 

debenzylated to yield a P(TMC-co-HTMC) copolymer with hydroxyl pendant groups 

along the backbone.177,230 Based on the results achieved in Chapter 5, an HTMC mol%  of 



 

103 

 

30 and a molecular range of 1000-2000 Da were chosen due to the moderate in vitro 

degradation rate of these copolymers. It was reasoned that the chosen copolymer 

composition would also show a moderate in vivo degradation rate which would allow for 

effective growth factor delivery. The change in molecular weight and copolymer 

composition were monitored and evaluated as a function of implantation time. The tissue 

response to P(TMC-co-HTMC)s was assessed histologically using Masson’s trichrome 

staining and immunohistochemically by staining for CD68 positive (CD68+) cells and 

compared to the tissue response to the implantation of a clinically used suture, 

MONOCRYL, which is considered to be biocompatible with a standard degradation time 

of 13-17 weeks.245,246 

6.3 Materials 

1,3-trimethylene carbonate (TMC) was obtained from Leapchem, Hangzhou, China. 5-

benzyloxy trimethylene carbonate (BTMC) was purchased from Obiter research LLC, 

USA. 1 M hydrogen chloride solution in diethyl ether (HCl·Et2O), palladium on carbon 

(Pd/C), palladium hydroxide on carbon (Pd(OH)2/C), 1-octanol, 1-butanol, celite, sodium 

citrate, Tween 20, bovine serum albumin (≥98% purity) (BSA) and deuterated dimethyl 

sulfoxide (DMSO–d6) were purchased from Sigma-Aldrich Ltd, Canada. Phosphate 

buffered saline (PBS) powder, tris hydrochloride (TBS), PermountTM mounting medium, 

anhydrous potassium carbonate (K2CO3), formaldehyde, tetrahydrofuran (THF), methanol 

(MeOH) and dichloromethane (DCM) were purchased from Thermo Fisher Scientific, 

Canada. Hydrogen gas (H2) (99.99% purity) was purchased from Linde Ltd, Canada. Water 

used was of type 1 purity, obtained from a Millipore Milli-Q Plus ultrapure water filtration 
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system. THF and methanol were dried over activated 3 Å molecular sieves. All other 

materials were used as received.  

Wistar rats were received from Charles River Laboratories, Canada. Tramadol was 

purchased from Chiron Compounding Pharmacy Inc, Canada. Primary antibody (antirat-

CD68 antibody [ED1] ab31630), the secondary antibody (goat anti-mouse IgG H&L 

(Alexa Fluor® 488 (ab150113) and fluoroshield mounting medium with 4',6-diamidino-2-

phenylindole (DAPI) (ab104139) were purchased from abcam, Canada. Masson’s 

trichrome (25088) was purchased from Polysciences Inc, Canada.  MONOCRYL* Plus 

suture 3-0 was purchased from Ethicon, USA. 

6.4 Methods 

6.4.1 Synthesis and characterization of P(TMC-co-HTMC) 

P(TMC-co-HTMC) initiated with 1-octanol or 1-butanol at an HTMC/TMC molar ratio of 

30/70 (30 mol% HTMC) and molecular weight range of 1000-2000 Da were prepared and 

characterized as described in sections 5.4.1.2, 5.4.2 and 5.4.3.   

6.4.2 In vivo biocompatibility and biodegradation   

The following animal study was performed in accordance with the guidelines of the 

Canadian Council on Animal Care code of ethics governing animal experiment (protocol 

#Amsden 2015-1627). The study involved subcutaneous injection of the copolymers into 

the dorsal tissue of male Wistar rats weighing approximately 300 g. Prior to injection, the 
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copolymer vials were decontaminated by exposure to germicidal UV light in a biosafety 

cabinet (BSC) for 30 min. Then 1 mL sterile syringes were filled with copolymer using an 

autoclaved metal spatula while in the BSC, and  packed in autoclave bags to be transported 

to the operating room. Prior to injection, the syringes were heated to 37-40 ºC to facilitate 

injection. The rats were anesthetized with 1 % isoflurane in oxygen for few minutes to 

achieve a level of surgical anesthesia as indicated by a lack of tail and corneal reflexes. 

Once anesthetized, the rats were shaved at the site of implantation, the skin was disinfected 

using 10 % povidone iodine, and washed with saline. To implant the copolymer samples, 

a small incision was made, and a pocket formed between the skin and the underlying tissue. 

Then approximately 100 mg of the pre-heated copolymer was injected into the pocket 

through a 18 ½ gauge needle, and the pocket was closed using suture wound clips. Two 

implantation sites for each copolymer composition on the dorsal area of each rat were 

provided. The mass of injection was determined by weighing the syringe plus needle before 

and after each injection. A small piece of  MONOCRYL* Plus 3-0 suture of about 1 cm 

length was implanted as a control in the same manner. After implantation, tramadol was 

injected subcutaneously at a dose of 20 mg/kg body weight. The tramadol injection was 

repeated every 24 h for 3 days. The day following implantation, and every 2 to 3 days 

afterwards, the animals were observed for signs of unusual behavior including avoidance 

of other animals, lack of grooming, dull or cloudy eyes, diarrhea, increased respiration, 

aggression, salivation, listlessness, dehydration, and chattering. After 1, 2, 4, 12 and 22 

weeks, two rats were chosen randomly and humanely euthanized by the injection of a lethal 

dose of Euthanyl at 120 mg/kg body weight. The site of implantation was shaved, and the 

skin was dissected back. A photograph of the surrounding tissue was taken and the tissue 
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was visually assessed for signs of inflammation and necrosis. To determine the in vivo 

degradation mechanism, from each rat one injection site of each copolymer composition 

was opened by a surgical scalpel blade and the remaining copolymer was removed from 

the site using a spatula. 1H NMR spectra of the copolymers were recorded in DMSO-d6 at 

room temperature on a 400 MHz Bruker Avance spectrometer, and Mn and HTMC molar 

composition were calculated as described in Section 5.4.3. 

6.4.3 Histological and immunohistochemistry analysis 

The harvested tissue was fixed in 4 wt% paraformaldehyde in PBS immediately after 

extraction and stored overnight in a refrigerator at 4 ºC. Then tissues were transferred to 

75 vol% ethanol and stored in a refrigerator at 4 ºC until processing. The resulting tissues 

were dehydrated in graded ethanol (75% and then 100%), cleared in xylene, and then 

embedded in paraffin. The tissue blocks in paraffin were cut at 10 µm intervals and 

deparaffinized by immersing in xylene, graded ethanol (100%, 50% and then 25%) and 

PBS, respectively. Finally, the tissue sections were stained with a Masson’s trichrome stain 

kit according to the supplier’s instructions. The stained sections were dehydrated using 

xylene and ethanol, and coverslipped with PermountTM mounting medium.150,247 All 

images were obtained using a Zeiss Axiocam microscope camera equipped with Axio 

Vision software (version 4.7.1.0) using a microscope objective of 20X. A total of 5 images 

were captured per slide. The thickness of the fibrous capsule and the number of the cells 

per 104 μm2 distributed in the inflammatory zone at a distance of 100-300 µm from the 

copolymer-tissue interface was measured from these images using ImageJ software. 
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For immunohistochemistry (IHC) analyses, the deparaffinized tissue sections were 

subjected to heat-mediated antigen retrieval in pH 6 citrate buffer bath at 60 ºC overnight 

and then washed in a bath of 1X TBS-0.025% Tween 20 at room temperature. The 

endogenous peroxide activity was blocked using 5000 µg/mL BSA in TBS for 30 min at 

room temperature. The primary antibody (mouse anti rat-CD68 antibody) diluted in 1% 

BSA solution in 1X TBS at 1:400 dilution was applied on the sections and incubated at 4 

ºC in a refrigerator overnight. The day after, the slides were washed by immersion in a bath 

of 1X TBS-0.025% Tween 20 with gentle agitation. The secondary antibody (goat anti 

mouse IgG Alexafluor488) diluted in 1X TBS at 1:500 dilution was applied on the sections 

and incubated at room temperature in a dark room for 1 h. Finally, sections were mounted 

in Fluoroshield mounting medium with DAPI and coverslipped in a dark room. Tissue 

sections of spleen at a thickness of 10 µm were used on a separate slide as a positive control. 

Slides were stored in a refrigerator at 4 ºC in a closed box with no exposure to light. Each 

IHC slide included one negative control. For the negative control, the primary antibody 

was replaced by 1% BSA solution in 1X TBS. This protocol was optimized based on the 

immunohistochemistry application guide and instructions from Abcam. All images were 

taken with a Zeiss Axio Imager M1 microscope camera equipped with ZEN blue software 

using a microscope objective of 40X. A total of 8 images were captured per slide and the 

number of CD68+ cells per 104 μm2 distributed in the inflammatory zone at a distance of 

100-300 µm from the copolymer-tissue interface was measured using ZEN blue software. 
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6.4.4 Statistics 

The chemical composition and number average molecular weight of the extracted 

copolymers were measured on duplicate samples. All data are reported as the average ± the 

standard deviation about the average. Statistical differences were determined using a one-

way ANOVA. Differences were considered significant for p values less than 0.05. 

The thickness of the fibrous capsule and the density of the cells for each copolymer 

composition were averaged for implantation sites from 5 images for histological analysis 

(N=5) and 8 images for immunohistochemically analysis (N=8) on two different rats (n=2) 

at each time point. Statistical differences were determined using a two-way ANOVA with 

a Bonferroni post-hoc test. Differences were considered significant for p values less than 

0.05. 

6.5 Results and Discussion 

6.5.1 Copolymer properties 

A series of 1000-2000 Da copolymers initiated with 1-butanol or 1-octanol and having a 

30 mol% HTMC content were prepared using HCl·Et2O. The resulting copolymers were 

purified and characterized as explained in chapter 5. Table 6.1 shows the physical-chemical 

properties of the copolymers. The resulting copolymers showed approximately the same 

physical-chemical properties as the previous series of the copolymers used for the in vitro 

degradation study of the copolymer in Chapter 5, which supports the reproducibility of the 

copolymerization and purification processes.    
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Table 6.1. Physical-chemical properties of P(TMC-co-HTMC) copolymers 

Sample Initiator Mn (Da) Tg (ºC) HTMC (%) Viscosity at 37 ºC (Pa·s) 

OCT-P10-30H 1-octanol 1160 -35 30 15 ± 1.8 

OCT-P18-30H 1-octanol 1740 -26 28 92± 2.3 

BU-P18-30H 1-butanol 1730 -25 29 98 ± 4.7 

 

6.5.2 Visual observation and in vivo biodegradation 

The copolymer pre-heated to 40 ºC was injected easily through an 18 ½ gauge needle and 

into the tissue pocket formed in the subcutaneous space. During the period of the study all 

the animals gained weight and no signs of discomfort or adverse response such as sores 

and redness were observed around the injection sites. A photograph of the surrounding 

tissue was taken after euthanization and exposure of the injection site, and the tissue around 

the injection site was visually assessed. Figure 6.1 shows representative images of the 

copolymer samples within the subcutaneous tissue before explanting from the tissue. The 

injected copolymers formed a depot at the implantation site which was readily observed 

visually at each time point.  
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Figure 6.1. Representative photographs of copolymer samples in the subcutaneous tissue before explantation 

at time points of 1 to 22 weeks. A: BU-P18-30H, B: OCT-P18-30H, C: OCT-P10-30H. 

Figure 6.2 shows the change in the number average molecular weight (Mn) and HTMC 

mol% of the remaining copolymer over the 22 weeks of the in vivo study. By week 1, the 

remaining copolymer samples had lost 55-60% of their initial HTMC content. The HTMC 

composition of the copolymers then stayed fairly constant with time at approximately 10 

mol% except for BU-P18-30H, which showed a significant decrease in HTMC molar % of 

5 ± 0.6 by week 22 (p value < 0.05). For the copolymer compositions with an initial Mn of 

approximately 1700 Da, a 20-40% decrease in Mn was observed over the first week. The 

Mn then stayed constant up to week 12. By week 22, the Mn had not changed significantly 

for OCT-P18-30H samples; however, a significant increase was observed in the Mn of the 
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BU-P18-30H samples (p value < 0.05). In contrast, the Mn remained constant for OCT-

P10-30H until week 4, after which the cohesive depot had disappeared.  

 

Figure 6.2. Evolution of A: HTMC mole% and B: Mn (Da) during in vivo degradation. Each data point 

represents the average, and the error bars are the standard deviation about the average. Statistical difference 

between week 22 with previous time points (*), statistical difference between OCT-P18-30H with B-P18-

30H at the same time point (**), p < 0.05, One-way ANOVA, n=2. 

According to these results, HTMC units along the backbone were rapidly lost from the 

copolymer within a week in the body, resulting in the production of lower molecular weight 

chains containing principally TMC. A statistical comparison of these in vivo results with 
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the in vitro degradation results in section 5.5.3 using two-way ANOVA revealed no 

significant difference in the Mn and HTMC content of the remained copolymers under in 

vitro and in vivo condition at the same time points up to week 12. Figure 6.3 shows the 

representative comparison of Mn and HTMC content corresponding to BU-PA8-30H under 

in vivo and in vitro conditions. Representative images for other copolymers are given in 

Appendix C, Figure C.1 and C.2.  

 

 

Figure 6.3. In vivo versus in vitro degradation changes of BU-P18-30H in : A) HTMC mole% and ) Mn (Da). 

Each data point represents the average, and the error bars are the standard deviation about the average.  
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An extra time point of week 22 was analyzed under the in vivo condition. The results of 

this time point suggest that the hydrophilicity of the initiator influences the copolymer 

degradation in vivo at the later time points as the remaining BU-P18-3OH possessed a 

significantly higher Mn and lower HTMC mol% in comparison to the OCT-P18-30H 

samples. The OCT-P18-30H and BU-P18-30H were still observed at the site of injection 

at 22 weeks. In contrast, the lower molecular weight OCT-P10-30H had disappeared, 

indicating it had a faster degradation rate. This faster degradation was due to the fewer 

backbone cleavage events required to produce short chains that were soluble in the aqueous 

medium surrounding the samples.  

6.5.3 Histological and immunohistochemistry analysis 

Harvested tissue sections were stained with Masson’s trichrome to determine the host 

tissue response to the copolymers. Masson’s trichrome stains collagen blue, cytoplasm and 

muscle fiber red and nuclei black. Figures 6.4 and 6.5 show representative 

photomicrographs of the stained tissue sections at different time points. All the injected 

copolymers initially formed cohesive depots, but with some small copolymer droplets in 

the tissue surrounding the injection site that were observed up to week 4. By week 12 the 

suture and OCT-P10-30H had disappeared; however, OCT-P18-30H and BU-P18-30H 

could still be found in the tissue at week 22. 
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Figure 6.4. Representative photomicrographs of tissue sections (muscle side) of copolymer samples stained 

with Masson’s trichrome at time points of 1, 2 and 4 weeks. A: BU-P18-3H, B: OCT-P18-30H, C: OCT-

P10-30H, S: Suture, copolymer (P), suture (S), fibrous capsule (FC), copolymer particle (*). Scale bar: 50 

µm, 20X. The dashed line represents the inflammatory zone. 
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Figure 6.5. Representative photomicrographs of tissue sections (muscle side) of copolymer samples stained 

with Masson’s trichrome at time points of 12 and 22 weeks. A: BU-P18-3H, B: OCT-P18-30H, copolymer 

(P), suture (S), fibrous capsule (FC). Scale bar: 50 µm, 20X. The dashed line represents the inflammatory 

zone. 

The thickness of the fibrous capsule and the number of the cells present in the inflammatory 

zone, 0-300 µm from the copolymer-tissue interface, were measured using Image J (Figure 

6.6 and 6.7, respectively). The number of cells per area and the thickness of the fibrous 

capsule around the copolymer droplets were also analyzed. By week 2 a fibrous capsule 

layer had formed around the injected copolymers and the suture with a range of average 

thickness of 24-53 µm. The capsule surrounding the OCT-P10-30H samples was 

significantly thicker than that around the other copolymers. The thickness of the fibrous 

capsule did not change significantly at week 4 for both the suture and the OCT-P10-30H. 

The higher molecular weight copolymer samples, OCT-P18-30H and BU-P18-30H, 

showed a significant gradual increase in the thickness of the fibrous capsule over time from 

week 2 to 12 which stabilized by week 22. There was no significant difference in capsule 
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thickness between the copolymers themselves and between the suture and the copolymers 

from week 4 to 22.  

 

Figure 6.6. Thickness of the fibrous capsule formed around the implants after 2, 4, 12, and 22 weeks of 

subcutaneous injection in Wistar rats. Tissue sections were chosen randomly, and the error bars indicate the 

standard deviation of 5 images of each sample (N=5) on two different rats (n=2). Statistical difference with 

the previous time point for OCT-P18-30H (**) and BU-P18-30H (***), p < 0.01. Statistical difference 

between OCT-P10-30H with other copolymers at the same time point (θ’), p < 0.05. Two-way ANOVA with 

Bonferroni post-hoc test. 

As shown in Figure 6.7,  there were several layers of infiltrated cells at week 1, which are 

likely fibroblasts, neutrophils and macrophages, 100,101,205,206 with no evidence of fibrous 

capsule formation. Cells distributed at the inflammatory zone with the range of average 

thickness of 175-200 µm which was significantly thicker than the inflammatory zone 

around the tissue-suture interface with the thickness of 70 ± 33 µm. All three copolymers 

had a significantly greater density of cells (range of average cell density = 80-88 cells/104 

µm2) present at the tissue-copolymer interface than was present at the tissue-suture 

interface (average cell density = 42 ± 12 cells/104 µm2). There was no significant difference 

in cell density at the tissue-copolymer interface between the copolymers at week 1. By 

week 2, the thickness of the inflammatory zone surrounding the tissue-copolymer interface 
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decreased significantly to 86-100 µm, which was similar in range to that around the suture. 

By week 2 and 4, the number of cells at the tissue-copolymer interface and within the 

surrounding inflammatory zone significantly decreased compared to the previous weeks. 

Also, no significant difference in the cell density in the inflammatory zone was observed 

between copolymers themselves and between the copolymers and the suture at week 4 

(range of average cell density (46-57 cells/104 µm2)). By week 12, the cell density in the 

inflammatory zone around the copolymers that remained, OCT-P18-30H and BU-P18-

30H, decreased significantly in comparison to week 4. The cell density in the inflammatory 

zone around these copolymers had stabilized by week 22. No significant difference was 

observed in the cell density in the inflammatory zone between the copolymers themselves 

or between the copolymers and the suture from week 4 to week 22.   

 

Figure 6.7. Number of cells at the copolymer-tissue interface and the surrounding fibrous capsule per 104 

μm2 after 1 to 22 weeks of subcutaneous injection in Wistar rats. Tissue sections were chosen randomly, and 

the error bars indicate the standard deviation of 5 images of each sample (N=5) on two different rats (n=2). 

Statistical difference with the previous time point for OCT-P10-30H (*), OCT-P18-30H (**), BU-P18-30H 

(***) and suture (Δ), statistical difference between OCT-P10-30H with other copolymers at the same time 

point (θ), statistical difference between suture with copolymers at the same time point (Ω), p < 0.01, Two-

way ANOVA with Bonferroni post-hoc test. 
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Macrophages are cells produced by the differentiation of monocytes within tissue. They 

are responsible for phagocytosing the cellular debris, invading pathogens and foreign 

materials in the tissue. Macrophages also secrete chemotactic signals to other cell types 

participating in the wound healing process. The continued presence of macrophages at the 

tissue-copolymer interface is a sign of chronic inflammation.100,101,205,206 To quantify the 

number of macrophages at the tissue-copolymer interface, the tissue sections were 

immunostained with the pan-macrophage marker CD68. CD68 is a glycoprotein that binds 

to low density lipoprotein, and is highly expressed on monocytes and macrophages.244 

Representative images for CD68+ staining in tissue surrounding BU-P18-30H samples as 

well as the suture control are given in Figure 6.8. Representative images for all the 

copolymers for each time point are given in Appendix C, Figure C.3. 

 

Figure 6.8. Representative photomicrographs of CD68+ cells in tissue (muscle side) surrounding BU-P18-

30H and the suture control stained with the pan-macrophage marker CD68 at time points of 1, 4 and 22 

weeks. Copolymer (P), suture (S), green color: CD68, blue color: DAPI. Scale bar: 50 µm, 40X. 
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From the analysis of the Masson’s trichrome images of the inflammatory zone thickness, 

the region of interest was taken as 0-300 µm from the copolymer/suture-tissue interface. 

The number of monocytes/macrophages (CD68+ cells) within this selected area was 

counted and reported as the number of CD68+ cells/104 µm2 (Figure 6.9). CD68+ cells 

around the copolymer droplets in the tissue within the same region of interest were also 

included in the counting.  

 

Figure 6.9. Number of CD68+ cells at the copolymer-tissue interface and the surrounding fibrous capsule per 

104 μm2 after 1 to 22 weeks of subcutaneous injection in Wistar rats. Tissue sections were chosen randomly, 

and the error bars indicate the standard deviation of 8 images of each sample (N=8) on two different rats 

(n=2). Statistical difference with the previous time point for OCT-P10-30H (*), OCT-P18-30H (**), BU-

P18-30H (***) and suture (Δ), statistical difference between OCT-P10-30H with other copolymers at the 

same time point (θ), statistical difference between suture with copolymers at the same time point (Ω), p < 

0.01, Two-way ANOVA with Bonferroni post-hoc test. 

By week 1, there was a significantly greater density of CD68+ cells present within the 

inflammatory zone around the implanted copolymers than within the inflammatory zone 

around the suture. Also, a significantly higher CD68+ cell density was observed around 

the OCT-P10-30H copolymer than in the inflammatory zone around the other copolymers. 
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By weeks 2 and 4, the CD68+ cell density at the tissue-copolymer and tissue-suture 

interfaces as well as within the surrounding inflammatory zone significantly decreased 

compared to the previous weeks. Furthermore, the CD68+ cell density was significantly 

higher around the copolymers than in the inflammatory zone around the suture. By week 

12, the CD68+ cell density decreased significantly for the remained copolymers, OCT-P18-

30H and BU-P18-30H in comparison to week 4 which stabilized fairly by week 22. Not a 

significant difference was observed between copolymers from week 2 to week 22. 

The purpose of implanting a delivery vehicle containing growth factors is to achieve a 

locally sustained release of a controlled dose of the growth factor while preserving its 

bioactivity. Therefore, as with any other foreign material implant, the delivery vehicle 

should be biocompatible and implanted via a minimally invasive technique while providing 

stable healing without significant ongoing inflammation or irritation.100,101,205,206 Also, it 

should be considered that the inflammatory response and foreign body reaction caused by 

the delivery vehicle may affect the movement of the growth factor from the vehicle into 

the tissue and thus alter the subsequent angiogenesis process. 243,244  

All the P(TMC-co-HTMC) copolymers exhibited almost the same tissue response. A 

slightly higher total cell density, higher CD68+ cells density and a thicker fibrous capsule 

was observed around the lower molecular weight OCT-P10-30H in week 1 and 2. This 

result can be related to its faster degradation and subsequent release of a greater amount of 

degradation products with time in comparison to the other copolymers. The faster 

degradation resulted in a more intense but briefer inflammatory response to the 

implantation of the OCT-P10-30H as compared to the OCT-P18-30H and BU-P18-30H. 
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At the later time point of 12 weeks, the Monocryl suture and OCT-P10-30H completely 

disappeared while OCT-P18-30H and BU-P18-30H samples still remained in the tissue 

surrounded by fewer macrophages and a thicker fibrous capsule in comparison to week 4. 

The inflammatory response stabilized by week 22 around these copolymers. The tissue 

surrounding the P(TMC-co-HTMC) copolymers exhibited a higher total cell density at 

week 1 than was found for the suture; however, no significant difference was observed in 

the later time points. Also, a significantly higher CD68+ cell density was observed in the 

tissue surrounding all the copolymers than around the suture at different time points.  A 

higher total cell density in week 1 and higher CD68+ cell density over time around the 

copolymers than around the suture may be due to differences in the implantation method. 

The suture was placed with forceps into the pocket formed between the skin and the 

underlying tissue. In contrast, the copolymer samples were injected into the pocket through 

a syringe. Therefore, while injecting the copolymer, the movement of the needle within the 

pocket formed in the tissue and its contact with the tissue may have caused greater trauma 

and subsequently a more severe acute inflammatory response. In addition to the difference 

in the implantation method, other parameters can influence the tissue response including 

the surface chemistry, mechanical strength and the degradation products of the implant. 

These parameters determine the composition of the adsorbed layer of proteins and 

modulate the macrophage activity around the implant.100,101,207,208 MONOCRYL suture is 

a solid filament composed of 25% ɛ-caprolactone and 75% glycolic acid repeating units245 

while the copolymer is a viscous liquid and is composed of TMC and HTMC repeating 

units. Degradation of the suture leads to the release of glycolic acid115 as well as short 

oligomers mainly composed of ɛ-caprolactone,248,249 which are different than the glycerol, 
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CO2, and the short oligomers mainly composed of TMC resulting from the degradation of 

P(TMC-co-HTMC).250,180 Therefore, the difference in the degradation products and the 

protein adsorption to the surface of the copolymer than the suture may cause different 

inflammatory response which should be studied further.  

6.6 Conclusion 

This study of the in vivo degradation and the tissue response of the injectable P(TMC-co-

HTMC) revealed quick degradation of the HTMC units followed by gradual elimination of 

the short chains produced via HTMC cleavage. Using a lower molecular weight copolymer, 

e.g. OCT-P10-30H, accelerated the degradation rate significantly due to the fewer 

backbone cleavage events required to produce water-soluble short chains. P(TMC-co-

HTMC)s at the molecular range of 1000-2000 Da initiated with either 1-octanol or 1-

butanol exhibited the same inflammatory response, which subsided in the later weeks of 

the study. The observed tissue response was comparable with the tissue response of a 

commercial and clinically used MONOCRYL suture. However, a longer term in vivo study 

should be completed to investigate the actual degradation time of the higher molecular 

weight copolymers (OCT-P18-30H and BU-P18-30H). These findings suggest that these 

copolymer compositions are potential candidates to be used as an injectable delivery 

formulation depending on the desirable degradation time.  
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Chapter 7 

Protein release from low molecular weight poly(trimethyelen carbonate-

co-5- hydroxy trimethylene carbonate) (P(TMC-co-HTMC)): the effect 

of copolymer composition, degradation rate and the protein particle 

composition 

7.1 Abstract 

In this chapter, the potential of poly(trimethyelen carbonate-co-5- hydroxy trimethylene 

carbonate) (P(TMC-co-HTMC)) to act as a delivery vehicle for proteins was studied in vitro. 

In this regard, copolymers initiated with 1-octanol or 1-butanol at an HTMC/TMC molar 

ratio of 30/70 and molecular weight range of 1000-2000 Da were prepared, and the 

influence of copolymer composition, degradation rate and the protein particle composition 

on the in vitro release of lysozyme, bovine serum albumin (BSA) and VEGF was studied. 

Finally, the bioactivity of the released vascular endothelial growth factor (VEGF) was 

assessed using a telomerase-immortalized human aortic endothelial cells (TeloHAEC) 

proliferation assay. Protein particles were prepared by lyophilization of the different 

proteins with trehalose in buffer solution individually. The resulting lyophilized powder 

was sieved and incorporated into the copolymer by simple mixing. A sustained prolonged 

release of lysozyme of 9-17 weeks was obtained, depending on the copolymer composition 

and loading capacity, but BSA exhibited a rapid and almost complete release within 4 days. 

VEGF was also released quickly, with 70-90 % released within 9 days, depending on the 

salt concentration incorporated into the lyophilized protein powder. However, decreasing 

the salt content provided longer release time up to 9 weeks. The released VEGF showed 



 

124 

 

greater than 80% bioactivity throughout the release period. It was determined that the rate 

of protein release was controlled by the solubility of the lyophilized protein in the aqueous 

environment within the copolymer, the concentration of the salt included in the lyophilized 

powder, and the flexibility of the copolymer chains to form superhydrated regions upon 

water diffusion into the polymer bulk and subsequently dissolution of the protein particles. 

This study introduced P(TMC-co-HTMC) as a potential vehicle to deliver acid sensitive 

proteins without loss of their bioactivity for short or long-term delivery approaches 

depending on the protein physical properties. 

7.2 Introduction 

Peripheral arterial disease (PAD) is a chronic condition caused by the formation and 

hardening of fatty plaque (atherosclerosis) within arteries and arterioles, resulting in 

narrowing or blocking of the vessels carrying blood to the limbs. 1–3 This condition affects 

8.5 million Americans aged over 40 years, and the number of patients is expected to 

dramatically increase as the population ages and the number of individuals suffering from 

obesity, diabetes, smoking and hypertension increases.4–7 Current treatments including 

pharmacological therapy and controlling the risk factors,2 percutaneous transluminal 

angioplasty (PTA)10,11 and bypass surgery12 have decreased the mortality rates; however, 

10-40 % of patients with PAD still require amputation. 2,3 Amputation itself causes 5-10% 

mortality for below-the-knee amputations and 15-20% for above-the-knee amputations 

after bypass surgery. Additionally, 30% of survivors will die within 2 years, and the other 

30% will require a second amputation. Finally, full restoration of mobility with no 

amputation is achieved in less than 50% of patients.2,3   
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The discovery of angiogenic growth factors represented a potential treatment approach, 

named therapeutic angiogenesis. In this approach new capillaries are induced to grow from 

the pre-existing blood vessels around the arterial blockage to carry blood to the deprived 

tissue, bypassing the site of occlusion.19,20 In the natural angiogenesis process, multiple 

growth factors are involved in forming new and stable blood vessels.7,81,251 The body is 

intrinsically able to produce endogenous angiogenic growth factors and subsequently 

induce new blood vessels at the site of ischemia.28 However, this natural response occurs 

very slowly, and it cannot compensate for the lost blood flow completely.13  

One approach to achieve therapeutic angiogenesis is through the sustained release of 

exogenous angiogenic growth factors directly to the ischemic site via a minimally invasive, 

biocompatible, and biodegradable delivery vehicle. Ideally, the delivery vehicle provides 

a sustained release of individual or combinations of growth factors at an effective local 

dose and duration with a minimal initial burst effect while the bioactivity of the growth 

factor is preserved.14–16 Of the growth factors involved in angiogenesis, those of the VEGF 

family are of high importance. VEGF-A is the most common and most biologically active 

isoform of the VEGF family that is secreted into the extracellular environment.7 VEGF-A 

will be referred to as VEGF in this chapter. VEGF stimulates the proliferation and 

migration of endothelial cells (ECs), which is an essential rate limiting step in physiological 

angiogenesis.252,72  

Many different kinds of injectable delivery vehicles have been utilized to achieve effective 

angiogenic growth factor delivery, such as microspheres,18,108,109,126 hydrogels,74,75 and 

viscous liquid polymers.63,149,150,160,164 A viscous liquid injectable delivery vehicle has 
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some advantages over the other injectable formulations for this application such as simple 

loading of the growth factors into the vehicle by mixing, 63,149,150 a less complicated 

manufacturing process with the absence of water and organic solvents,102,105 and a longer 

release duration than achieved with hydrogels.74  

In this chapter, the potential of a viscous liquid formulation based on low molecular weight 

poly(trimethylene carbonate-co-5-hydroxy trimethylene carbonate) (P(TMC-co-HTMC)) 

is examined. The influence of P(TMC-co-HTMC) molecular weight and viscosity, 

degradation rate and the protein particle composition on the in vitro release, and the 

bioactivity of the released protein will be determined. To achieve this objective, P(TMC-

co-HTMC) was prepared through the co-polymerization of 5-benzyloxy trimethylene 

carbonate (BTMC) with trimethylene carbonate (TMC) via ring-opening solution 

polymerization using hydrogen chloride solution in diethyl ether (HCl·Et2O) as a catalyst. 

Following copolymerization, the BTMC repeating units were debenzylated to yield 

P(TMC-co-HTMC) copolymer with hydroxyl pendant groups along the backbone.177,230 

Based on the results achieved in chapters 5 and 6, an HTMC content of 30 mol% and a 

molecular weight range of 1000-2000 Da were chosen. These copolymers exhibited a 

moderate in vitro and in vivo degradation rate that was long enough to provide the 

necessary release period of 3-4 weeks for the sustained local release of the bioactive growth 

factors while not lasting so long as to cause prolonged inflammation at the injection site.13 

To determine the factors influencing protein release, the model protein drugs lysozyme and 

bovine serum albumin (BSA) were studied. Finally, a formulation composition of VEGF, 

BSA and trehalose was chosen and the VEGF release rate and bioactivity of the released 

VEGF were assessed.  
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7.3 Materials 

1,3-trimethylene carbonate (TMC) was obtained from Leapchem, Hangzhou, China. 5-

benzyloxy trimethylene carbonate (BTMC) was purchased from Obiter research LLC, 

USA. 1 M hydrogen chloride solution in diethyl ether (HCl·Et2O), palladium on carbon 

(Pd/C), palladium hydroxide on carbon (Pd(OH)2/C), 1-octanol, 1-butanol, celite, Tween 

20, sodium azide, bovine serum albumin (≥ 98% purity) (BSA), lysozyme from egg white 

(L7651, ≥ 98% purity), and deuterated dimethyl sulfoxide (DMSO–d6) were purchased 

from Sigma-Aldrich Ltd, Canada. Phosphate buffered saline (PBS) powder, anhydrous 

potassium carbonate (K2CO3), D-(+)-trehalose dihydrate (≥ 99% purity), potassium 

phosphate monobasic (KH2PO4), sodium phosphate dibasic heptahydrate (Na2HPO4-

7H2O), HEPES, tetrahydrofuran (THF), methanol (MeOH) and dichloromethane (DCM) 

were purchased from Thermo Fisher Scientific, Canada. Hydrogen gas (H2) (99.99% 

purity) was purchased from Linde Ltd, Canada. A bicinichoninic acid (BCA) protein assay 

kit was purchased from Thermo Scientific, Canada. Recombinant human vascular 

endothelial growth factor (VEGF-A, 100-20) and a human VEGF-A standard ABTS 

ELISA development kit (900-K10) were purchased from Peproptech Inc, Canada. 

Telomerase-immortalized human aortic endothelial cells (TeloHAEC, ATCC® CRL-

4502TM) were purchased from ATCC, USA. Basal endothelial cell growth medium (EGM-

2) and supplements were purchased from Lonza, Switzerland. The cell proliferation reagent 

WST-1 (05 015 944 001) was purchased from Roche, USA. All other materials were used 

as received. Water used was of type 1 purity, obtained from a Millipore Milli-Q Plus 

ultrapure water filtration system. THF and MeOH were dried over activated 3 Å molecular 

sieves. 
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7.4 Method 

7.4.1 Synthesis and characterization of P(TMC-co-HTMC) 

P(TMC-co-HTMC) initiated with 1-octanol or 1-butanol at an HTMC/TMC molar ratio of 

30/70 (30 mol% HTMC) and molecular weight range of 1000-2000 Da were prepared and 

characterized as described in sections 5.4.1.2, 5.4.2 and 5.4.3.  

7.4.2 Preparation of solid protein particles  

7.4.2.1 Lysozyme and BSA particles 

A series of formulations consisting of the model protein drugs lysozyme and BSA were 

prepared to determine the influence of different factors on protein release. Lysozyme 

particles were prepared by dissolving lysozyme and trehalose in pH 7.4 PBS at a lysozyme: 

trehalose weight ratio of 98:2. Trehalose was added to maintain protein stability. Previous 

studies have shown that addition of trehalose even at 2 wt%  of the total particle weight 

had a marked impact on the protein stability during both lyophilization and following 

release.253 The solution was prepared at 5 wt% at room temperature, then frozen in liquid 

nitrogen, and lyophilized on a Modulyo D lyophilizer (Thermosavant, USA) at -50 ºC and 

a vacuum of 100 mbar. The dry powder was then sieved through a #325 Tyler sieve to yield 

< 45 µm diameter particles. The resulting protein particles composed of lysozyme and 

trehalose will be referred to as L98/T2. BSA/trehalose particles were also prepared using 

the same method in PBS or phosphate buffer without saline (PB). The resulting protein 

particles composed of BSA and trehalose will be referred to as BSA98/T2 prepared in PBS 
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and BSA98/T2-PB prepared in PB without saline. Table 7.1 shows the final composition 

of the protein particles. 

Table 7.1. Composition of protein particles prepared in PBS or PB buffer 

Protein particle Buffer Lysozyme (wt%) BSA (wt %) Trehalose (wt%) Salt (wt %) 

L98/T2 PBS 82.5 … 1.684 15.84 

BSA98/T2 PBS … 82.5 1.684 15.84 

BSA98/T2-PB PB … 96.2 1.974 1.83 

 

7.4.2.2 VEGF particles 

VEGF containing particles were prepared by dissolving trehalose and BSA in pH 7.4 PBS 

or phosphate buffer without saline (PB) at a BSA: trehalose weight ratio of 97.8:2. This 

BSA/trehalose solution was prepared at 5 wt% at room temperature, and then filtered 

through a 0.2 µm sterile filter in a biological safety cabinet (BSC). A VEGF solution was 

prepared at 1 mg/mL using sterile autoclaved Milli-Q water, and then added to the sterile 

BSA/trehalose solution. This solution was frozen in liquid nitrogen and lyophilized in a 

sterile jar on a Modulyo D lyophilizer (Thermosavant, USA) at -50 ºC and 100 mbar 

vacuum. The resulting powder was sieved through a sterile #325 Tyler sieve in a biological 

safety cabinet to yield < 45 µm particles. The final dry weight ratio of VEGF/BSA/T was 

0.2/97.8/2. The resulting VEGF particles will be referred as VEGF/BSA/T prepared in 

PBS, and VEGF/BSA/T-PB prepared in PB without saline. Table 7.2 shows the final 

composition of the VEGF particles. 
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Table 7.2. Composition of VEGF particles prepared in PBS or PB buffer 

VEGF particle Buffer BSA (wt %) Trehalose (wt%) VEGF (wt%) Salt (wt %) 

VEGF/BSA/T PBS 82.3 1.684 0.1683 15.84 

VEGF/BSA/T-PB PB 96 1.974 0.196 1.83 

 

7.4.3 In vitro release study  

The lyophilized particles were loaded into the copolymer pre-heated to 37 ºC to obtain 0.5, 

1 and 2 wt% particle loadings. The resulting copolymer-protein particle suspension was 

injected into the bottom of a 1 mL glass vial to fill the bottom of the vial to a height of 

approximately 2-3 mm using a 1 mL syringe with an 18 ½ gauge needle. The exact weight 

of mixture in each vial was recorded. The glass vial was then filled with pH 7.4 PBS 

containing 0.02% (v/v) Tween 20 and 0.02% (w/v) sodium azide at a ratio of 100 mg 

copolymer in 1 mL of PBS. Tween 20 was included to prevent nonspecific adsorption of 

protein to the glass vial and sodium azide was included as an antimicrobial.171 The vials 

were capped and agitated in a thermomixer at 37 ºC with horizontal shaking at 300 rpm. 

The PBS was replaced at each time point with fresh buffer, and the removed buffer was 

frozen in liquid nitrogen, and stored at -80 ºC for subsequent analysis. As a control, 

copolymer only samples were used. For the VEGF release study, copolymer containing 

only BSA98/T2 was used as the control. To measure the bioactivity of the released VEGF 

the release medium was 1% BSA and 1% antibiotics in pH 7.4 PBS at 37 ºC.63 All release 

experiments were performed in triplicate, and protein assays were run in triplicate for each 

sample at each time point. The lysozyme concentration and BSA concentration in the 
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release medium were measured using the BCA protein assay kit according to the supplier’s 

protocol. The VEGF concentration in the release medium was measured using a human 

VEGF-A standard ABTS ELISA development kit according to the supplier’s protocols. 

The color development was measured using an EnSpire 2300 microplate reader 

(PerkinElmer). 

7.4.4 Cell culture 

TeloHAECs were cultured in EGM-2 supplemented with 0.04% (v/v) hydrocortisone, 

0.1% (v/v) gentamicin amphotericin B (GA-1000), 2% (v/v) fetal bovine serum (FBS), 

0.1% (v/v) ascorbic acid, 0.1% (v/v) heparin, 0.4% (v/v) human fibroblast growth factor-

B, 0.1% (v/v) VEGF, 0.1% (v/v) insulin growth factor-1, and 0.1% (v/v) human epidermal 

growth factor under standard conditions at 37 ºC in incubator until they reached 

approximately 80% confluence.  

7.4.5 Bioactivity assay 

The bioactivity of the released VEGF was assessed by determination of its ability to 

stimulate the proliferation of TeloHAECs as compared to the proliferation obtained with 

the same concentration of as-received VEGF. After passage 10-30, TeloHAECs were 

trypsinized and rinsed twice using Hanks' balanced salt solution (HBSS) buffer. Cells were 

re-suspended in growth factor free EGM-2 containing 0.04% (v/v) hydrocortisone, 0.1% 

(v/v) GA-1000, 0.5% (v/v) FBS, 0.1% (v/v) ascorbic acid, 0.1% (v/v) heparin at a 

concentration of 30,000 cells/mL. 100 μL of this cell suspension was added to each well 
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of a 96-well plate, and the plate was incubated at 37 ºC for 1 h. The released medium from 

each sampled vial at the selected time point was diluted to a VEGF concentration of 5 

ng/mL using growth factor free basal media, and 100 μL of the resulted dilute release 

medium was added to a given well. The final concentration of the cells and VEGF in each 

well were 3000 cells/well and 2.5 ng/mL, respectively. The bioactivity assay was run in 

triplicate for each time point.  

As a control of the bioactivity assay, the standard calibration curve of the as-received 

VEGF was prepared. For this purpose, VEGF standard solutions with concentrations of 0 

to 40 ng/mL were prepared in the same growth factor free basal media using as-received 

VEGF. Then, 100 μL of the standard solution at different concentrations was added to the 

100 μL of the cell suspension in each well, in triplicate. The bioactivity assay was run in 

triplicate for each concentration. The standard solutions were aliquoted, frozen in liquid 

nitrogen and stored at -80 ºC until needed. 

The bioactivity assay was run by measuring the metabolic activity of the cells after 48 h 

incubation at 37 ºC using a WST-1 assay kit. For this purpose, 20 μL of WST-1 reagent 

was added to each well and incubated at 37 ºC for 2 h. An absorbance measurement at 

450/690 nm was taken using a Molecular Devices SpectraMax 190 with Softmax Pro 5 as 

the software. The bioactivity was calculated as a fraction of the activity expressed by the 

cells incubated with the release medium divided by the activity that would be expressed by 

cells exposed to an equivalent concentration of as-received VEGF, as determined from the 

standards.  
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7.4.6 Statistics 

All data are reported as the average ± the standard deviation about the average. Statistical 

differences in the release kinetics were determined using a two-way ANOVA with a 

Bonferroni post-hoc test. Differences were considered significant for p values less than 

0.01. 

7.5 Results and Discussion 

7.5.1 Release of model proteins  

To determine the factors influencing the protein release, the model proteins lysozyme and 

BSA were studied as proteins with different physical properties including isoelectric point, 

water solubility and molecular weight. Other than the protein physical properties, the effect 

of copolymer physical properties (molecular weight, Tg and viscosity) and copolymer 

degradation rate as well as protein loading capacity were studied. Due to the low viscosity 

of the copolymers, the protein particles were easily mixed into the copolymer at 37 ºC 

using a spatula. Table 7.3 shows the physical-chemical properties of the copolymers used 

in this study. The resulting copolymers showed approximately the same physical-chemical 

properties as the previous series of the copolymers used in Chapters 5 and 6, which supports 

the reproducibility of the copolymerization and purification processes.    
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Table 7.3. Physical-chemical properties of P(TMC-co-HTMC) 

Copolymer Initiator Mn (Da) Tg (˚C) HTMC (%) Viscosity (Pa·s, 37 ˚C) 

OCT-P10-30H 1-octanol 1180 - 35 30 15 ± 1.8 

OCT-P18-30H 1-octanol 1740 -26 28 92± 2.3 

BU-P18-30H 1-butanol 1730 -25 28.5 98 ± 4.7 

 

To determine the effect of these parameters, the lysozyme and BSA were co-lyophilized 

individually with trehalose as a cryoprotectant and lyoprotectant in pH 7.4 PBS.39,40 The 

resulting protein particles were ground and sieved to less than 45 µm, and then loaded at 

different loading capacities into 1000-2000 Da P(TMC-co-HTMC)s with an HTMC 

content of 30 mol% initiated with either 1-octanol or 1-butanol. To simplify the 

examination of the influence of various formulation parameters, the initial release studies 

were performed by injecting approximately 100 mg of the copolymer formulation 

incorporating the protein particles into a 1 mL glass vial with a 0.4 cm internal diameter. 

The copolymer formed a cylinder with release available from only one surface. Release 

was thus unidirectional from a surface area of approximately 0.12 cm2. 

To gain an understanding of those formulation parameters influential to protein release, 

initial experiments were conducted using lysozyme and BSA as model protein drugs. 

Lysozyme has a molecular weight of 14 kDa,254  an isoelectric point  of 11,255 and a water 

solubility of 18 mg/mL in pH 7 1.5 %w/v NaCl solution at 25 ºC.256 In contrast BSA has a 

molecular weight of 66.5 kDa257, an isoelectric point of 4.7−4.9257–259 and a water solubility 

of 448 mg/mL at 25 ºC, in pH 7.4, 0.9 %w/v NaCl solution.259 Formulation parameters 

examined in the model proteins included the copolymer physical properties and 
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degradation rate, the total mass loading of protein particles in the copolymers  and the effect 

of protein properties included the water solubility and net charge.    

Figure 7.1 shows the release of lysozyme from P(TMC-co-HTMC)s containing 1 wt% of 

L98/T2 particles. An initial burst release of 1.3 % of the lysozyme was observed after 1 

hour of incubation due to dissolution of surface resident particles. The initial burst release 

continued to the range of the average release of 4-8 % in the first 24 h.  No significant 

difference in in vitro release between the copolymers was observed over the first 4 days. 

Following the burst phase, a two-phase release profile was observed for all the copolymers, 

with an initially faster release period followed by a longer and slower release period till 

lysozyme was completely released. The duration and fraction of lysozyme released during 

the first phase was copolymer dependent. OCT-P10-30H, having the lower molecular 

weight of 1180 Da, released approximately 75 % of the incorporated lysozyme over a 

period of 1.5 weeks. The release rate during the first phase was significantly slower from 

the higher molecular weight OCT-P18-30H and BU-P18-30H, reaching respectively 46 % 

and 66 % release by approximately 4 weeks. The lysozyme release during the second phase 

was dependent on the fraction of lysozyme remaining in the copolymer following the first 

release phase, with the release from OCT-P10-30H being slowest and release from the 

OCT-P18-30H being highest. Lysozyme was completely released from these copolymers 

by 17 weeks.  

 



 

136 

 

 

Figure 7.1. Influence of P(TMC-co-HTMC) initiator and molecular weight on lysozyme release. The particle 

loading for each case was 1 wt%. Statistical difference of OCT-P18-30H with BU-P18-30H at each time 

point (*), statistical difference of OCT-P10-30H with OCT-P18-30H and BU-P18-30H at each time point 

(**), p < 0.01, n=3.  

Figure 7.2 shows the effect of the loading capacity, 1 wt% vs 2 wt%, on the release of 

lysozyme from BU-P18-30H. Using a 2 wt% loading, the release started with a minimal 

burst release of approximately 1 % within the first hour of the study continued to 11 % in 

the first 24 h. In comparison to the lower loading capacity of 1 wt%, no significant 

difference was observed in the first 2 days. Finally, a complete release was achieved at 

week 8. In contrast to the 1 wt% loading formulation, a continuous sustained release was 

observed with the 2 wt% loading.  
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Figure 7.2. Influence of particle loading on lysozyme release incorporated in L98/T2 particles from BU-P18-

30H. Statistical difference of 1 wt% loading with 2 wt% loading at each time point (*), p < 0.01.  

Figure 7.3 shows the release of BSA from BU-P18-30H containing different amounts of 

BSA98/T2 particles of varying total salt content. BU-P18-30H was chosen based on the 

release profile of lysozyme as BU-P18-30H demonstrated a sustained release of the 

lysozyme for 70-100 % release within 5 weeks depending on the loading capacity. An 

initial low burst release of 0.6-2 % of BSA was observed during the first hour due to 

dissolution of surface resident particles, followed by a rapid release of approximately 30-

40 % within 24 h. No significant difference was observed in the BSA release by increasing 

the particle loading (Figure 7.3.A) or the salt content (Figure 7.3.B). All formulations 

exhibited a continuous sustained release, reaching 80 % release within 3 days with 

complete release within 7 days.  
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Figure 7.3. In vitro release profiles of BSA incorporated in BSA98/T2 particles from BU-P18-30H 

copolymer. A) influence of particle loading on release of BSA incorporated into the particles prepared in 

PBS buffer (BSA98/T2 particles), and B) influence of salt content on BSA release incorporated into the 

BSA98/T2 particles prepared in PBS (BSA98/T2) or PB buffer (BSA98/T2-PB), n = 3. 

Comparing the release of BSA from BU-P18-30H to the release of lysozyme under the 

same particle formulation and particle loading conditions revealed that lysozyme released 

significantly more slowly than BSA (Figure 7.4).  Over the first three days BSA and 

lysozyme had release rates of 365 ± 50 µg/day and 46 ±26 µg/day, respectively.  
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Figure 7.4. In vitro release profiles of BSA and lysozyme incorporated in protein particles containing the 

same concentration of salt and protein from BU-P18-30H copolymer showing the influence of protein 

physical properties. The particle loading for each case was 1 wt%, n = 3. 

Using this type of formulation, different mechanisms may affect the release rate, including 

the degradation rate of the copolymer, the hydration extent of the copolymer, and protein 

transport either by diffusion or convection within the hydrated copolymer. According to 

previous studies on the release of protein particles from liquid viscous hydrolysable 

polymers, the release process can be explained as follows.171 Upon contact with the release 

medium, particles resident at the surface, and those particles in contact with them, dissolve 

and diffuse into the release media, generating the burst effect. The burst effect is low when 

low particle loadings are used.260 Water from the surrounding medium also dissolves into, 

and diffuses through, the copolymer matrix until it encounters a copolymer-enclosed drug 

particle. At the particle/copolymer interface, the water dissolves a portion of the particle to 

form a saturated solution. An activity gradient is generated between the saturated solution 

and the surrounding aqueous medium. The activity gradient draws water into the 

copolymer to generate an osmotic pressure equal to the osmotic pressure of the saturated 

solution at the particle/copolymer interface. As a result of the low molecular weight of the 
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copolymer, water is forced into the copolymer region surrounding the capsules, generating 

superhydrated regions, wherein the water concentration is higher than that obtained from 

fully hydrating the copolymer in the absence of the encapsulated particle261,262 The water 

forced into the surrounding copolymer forms what have been termed “zones of excess 

hydration”.43 These zones eventually overlap to form a continuous pathway extending to 

the surface. The dissolved solutes are transported through this superhydrated region to the 

surface. At the same time, the copolymer is degrading. The degradation of the copolymer 

increases the rate at which water can penetrate the copolymer, increasing the water content 

of the superhydrated regions as well as reduces the distance over which a dissolved solute 

must transport in order to be released. 

As seen in Figure 7.1, the release of lysozyme increased as the molecular weight of the 

copolymer decreased. According to the physical properties of OCT-P10-30H (Tg = -35 ºC, 

viscosity = 15 ± 1.8 Pa·s) as well as its in vitro degradation study in Chapter 5, the increase 

in release rate of lysozyme from OCT-P10-30H is attributed to the higher flexibility of the 

copolymer chains to form superhydrated regions as well as an increase in the contribution 

of copolymer degradation, lower Mn of the remained fraction of OCT-P10-30H in water 

over time in comparison to other copolymers, on lysozyme release. The super-saturation 

of the copolymer phase by water not only depends on the osmotic activity of the entrapped 

particles but it is also determined by the relaxation ability of the copolymer chains to resist 

the swelling pressure, as reflected by copolymer Tg. At lower molecular weight, copolymer 

chains are more flexible, and copolymer is less viscous. Therefore, it takes a shorter time 

for more flexible chains to adapt themselves to the swelling pressure, thus facilitating the 

formation of the superhydrated regions .63,171,261 These effects cause the zone of excess 
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hydration to form faster as the copolymer molecular weight decreases. The use of a more 

hydrophilic initiator such as 1-butanol vs 1-octanol caused a significant increase in the 

release rate of lysozyme from the copolymers with same molecular weight of 

approximately 1700 Da, which is likely due to the an increase in water content of the 

copolymer during lysozyme release.15,63,171 The initial faster release period observed for all 

copolymers is likely a diffusion-controlled release phase, while the second slower release 

period is likely a copolymer degradation-controlled release phase. 

The difference in release between lysozyme and BSA was considered to be due to the 

difference in protein solubility in the aqueous medium within the copolymer matrix. Once 

water contacts the protein/trehalose/buffer salt particles, it dissolves the incorporated salt 

and trehalose generating a concentrated salt and trehalose region around the protein 

particles in the superhydrated regions. BSA has a significantly higher solubility in 

equivalent NaCl solutions, and so dissolves faster and to a higher concentration in the 

superhydrated regions and subsequently releases faster than lysozyme. 

7.5.2 In vitro VEGF release  

Van Belle and coworkers showed that 25-50 ng/mL of VEGF induced maximum 

endothelial cell proliferation and migration over a 48 hour period.263 Further, previous 

studies have revealed that 3-4 weeks of sustained and local delivery of bioactive growth 

factors into the hypoxic tissue is necessary to form a stable vascular network and provide 

effective blood flow.13,14,35 Using these results as a basis, our target for VEGF release was 

approximately 25-50 ng/day released for a period of 3-4 weeks as a first approximation of 



 

142 

 

a therapeutically relevant dose. Based on previous studies, to achieve this dosing requires 

diluting VEGF within the solid particles such that the VEGF is a very small fraction of the 

total solids present.63 According to these previous results, a particles composition of 97.8 

wt% BSA, 2 wt% trehalose and 0.2 wt% VEGF was chosen. To determine the effect of salt 

content on VEGF release from VEGF/BSA/T particles, the particles were prepared at the 

mentioned ratio using two different buffer solutions: PBS (VEGF/BSA/T particles) or PB 

without saline (VEGF/BSA/T-PB particles). Finally, VEGF particles were distributed into 

BU-P18-30H at 1 and 2 wt% loading and the release was studied using 7.4 pH PBS as the 

release medium at 37 ºC.   

The VEGF was released from the VEGF/BSA/T particles contained NaCl with an initial 

low burst release of ~ 0.8-1.1 % after 1 h due to the dissolution of surface resident particles. 

However, VEGF was subsequently released quickly reaching between 46-58 % within 24 

h depending on the particle loading, and 90 % release within 9 days (Figure 7.5). The 

VEGF release rate decreased in the later days of the study reaching complete release in 7 

weeks. As was seen with BSA release, there was little effect of the initial particle loading 

on the VEGF release kinetics. Doubling the loading resulted in approximately 10 % higher 

release at day 1; however, there were no significant differences in the later days.  
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Figure 7.5. Release of VEGF from BU-P18-30. The VEGF was incorporated into VEGF/BSA/T particles 

prepared in PBS. Statistical difference of 1 wt% loading with 2 wt% loading at each time point (*), p < 0.01, 

n = 3. 

Comparing the VEGF release with the BSA and lysozyme release from BU-P18-30H 

(Figure 7.6) revealed that VEGF was released at a similar rate as BSA but significantly 

faster than lysozyme.  The presence of BSA as the main component in the VEGF/BSA/T 

protein particles (containing 97.8 wt% BSA) likely determined the release behavior of 

VEGF. A possible explanation for the similarity in the release profile of BSA and VEGF 

is that the VEGF becomes electrostatically complexed to BSA and the two molecules 

diffuse together to be released. BSA has an isoelectric point of 4.7−4.9257–259 while VEGF 

has an isoelectric point of 8.5-8.9.82 Therefore at the pH conditions within the environment 

of the dissolving protein particles, BSA and VEGF would carry an opposite net charge. 

Support for this explanation comes from recent studies describing heteroprotein 

complexation between BSA and lysozyme.264,265 
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Figure 7.6. Influence of the physical properties of the protein on the release rate from BU-P18-30H. The 

particle loading for each case was 1 wt%, n = 3. 

Comparing the VEGF release from the VEGF/BSA/T-PB particles prepared in PB buffer 

to VEGF/BSA/T particles prepared in PBS at 1 wt% loading showed a significantly lower 

release rate of approximately 13 wt% difference in day 1 increasing to approximately 15-

20 wt% difference up to day 17. VEGF was released for a longer time from VEGF/BSA/T-

PB reaching 90 wt% release after 5 weeks and the complete release after 9 weeks (Figure 

7.7). 
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Figure 7.7. Influence of the particle salt content on VEGF release rate from BU-P18-30H. The particle 

loading for each case was 1 wt%. Statistical difference of Formulation A with Formulation B at each time 

point (*), p < 0.01, n = 3. 

The previous studies on osmotically driven release mechanism showed that, as the 

concentration of the osmotically active excipients such as trehalose or salt in the protein 

particles increases, the protein release rate increases.149,171 Release of VEGF from the 

VEGF/BSA/T-PB particles prepared in PB, which has approximately 9 times lower salt 

concentration than PBS, revealed that the rate of VEGF release was strongly influenced by 

the salt content in the incorporated particles, suggesting that release was also affected by 

the osmotic activity of the solution formed within the copolymer by the dissolved particles. 

The lower osmotic pressure produced by the VEGF/BSA/T-PB particles reduced the extent 

of water penetration into the copolymer which subsequently retarded the dissolution and 

release of the VEGF, leading to a slower release rate.  
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7.5.3 Bioactivity assay 

The bioactivity of VEGF in the release media was assessed using an in vitro assay based 

on the proliferation of TeloHAECs. The bioactivity of the released VEGF from 

Formulations A and B was calculated relative to the proliferation of TeloHAECs grown in 

the presence of the same concentration of as-received VEGF. Greater than 80% bioactivity 

was obtained for the released VEGF throughout the release study (Figure 7.8). The 

bioactivity of the VEGF after lyophilization was also determined, with bioactivities of 

94%±0.6 and 117%±3.5 for VEGF/BSA/T and VEGF/BSA/T-PB particles, respectively. 

 

Figure 7.8. Fraction of bioactive VEGF in the release media relative to the same concentration of as-received 

growth factors. Each point represents the average of the released protein from three samples with 3 replicates 

per sample. 

Protecting growth factor bioactivity is one of the most important parameters that should be 

considered when designing a growth factor delivery device. According to the preparation 

steps of the protein particles in this study, several sources of the stress may have affected 

the bioactivity of the VEGF, including shear strain caused by agitation, filtration, sieving 
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and grounding, as well as temperature and pH fluctuation during freezing, lyophilization, 

thawing, and protein release.79,86–90 In this study, VEGF was lyophilized with trehalose, 

which acts as a cryoprotectant and lyoprotectant to maintain the protein stability.90,96,97 

Trehalose has a high glass transition temperature, which reduces the motion of the protein 

molecules during the drying stage by forming highly viscous glassy matrices that stabilize 

the protein molecules and maintains their native conformation.93,95,98 Also, the presence of 

the buffer salts in the lyophilizing solution controls the solution pH before freezing.83,95 

Studies on the bioactivity of the growth factors released from other formulations such as 

PLGA microspheres revealed that the acidic degradation products resulting in a decrease 

in pH of the surrounding aqueous solution and within the polymer,114–117 significantly 

caused the growth factor denaturation119,107 and inhibit cell viability. 120 In contrast to 

PLGA, the study on the degradation mechanism of P(TMC-co-HTMC) revealed that 

copolymer degradation leads to release of non acidic products including glycerol, CO2, and 

the short oligomers mainly composed of TMC.172,180 Also, as mentioned in Chapter 5, the 

pH of the medium surrounding the copolymers with 30 mol% HTMC content always 

remained close to neutral. Therefore, the high bioactivity of the released VEGF can also 

be attributed to the lack of acidic products formed from the degradation of the P(TMC-co-

HTMC). 

7.6 Conclusion 

A formulation utilizing viscous, liquid injectable P(TMC-co-HTMC) with a 30 mol% 

HTMC and a molecular weight range of 1000-2000 Da provided sustained protein release. 

In this formulation, particles of lysozyme, BSA and VEGF were co-lyophilized with 
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trehalose and salt and incorporated into the copolymer by simple mixing. The rate of 

protein release was determined by the solubility of the lyophilized protein in the aqueous 

environment within the copolymer, the concentration of the salt included in the lyophilized 

powder, and the flexibility of the copolymer chains to form superhydrated regions upon 

water diffusion into the polymer bulk. The target release rate of VEGF was a sustained 

release at the rate of 25-50 ng/day. However, our study showed VEGF release of 60-80 % 

within the first 3 days depending on the salt content of the particles. These rates correspond 

to an average rate of 767 ± 45 ng/day and 638 ± 64 ng/day in day 1 and 374 ± 42 ng/day 

and 194 ± 28 ng/day in day 2 for VEGF/BSA/T and VEGF/BSA/T-PB, respectively. 

Therefore, it is necessary to optimize the formulation to provide a release rate closer to the 

target rate. Notably, VEGF released from this formulation maintained a high bioactivity, a 

result due principally to the lack of acidic products formed from the degradation of the 

P(TMC-co-HTMC). Thus, P(TMC-co-BTMC) has potential as a vehicle to deliver acid 

sensitive proteins without loss of their bioactivity. 
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Chapter 8 

Conclusion and Recommendations 

8.1 Conclusion 

Injectable and hydrolysable polymeric delivery systems based on modified low molecular 

weight conjugated PTMC, ester or anhydride-linked PTMC, and low molecular weight 

poly(trimethylene carbonate-co-5-hydroxy trimethylene carbonate), P(TMC-co-HTMC), 

were successfully synthesized and characterized. Based on the in vitro degradation of the 

conjugated PTMC, the conjugation approach using anhydride or ester bond is not an 

efficient approach providing the desired degradation time and/or neutral release medium 

needed for preserving the bioactivity of the released growth factors. Preparing P(TMC-co-

HTMC) using different catalysts revealed that HCl·Et2O and Sn(oct)2 are both able to 

provide a random comonomer distribution; however, HCl·Et2O is more favored for 

biological applications due to the lower toxicity burden. In vitro and in vivo degradation of 

the resulting random copolymers prepared using HCl·Et2O was tailored by adjusting the 

initial HTMC content, initial molecular weight and the choice of initiator. During in vitro 

degradation, the pH of the medium surrounding the copolymer always remained near 

neutral. The in vivo and in vitro degradation mechanism is based on the degradation of 

HTMC units followed by gradual elimination/dissolution of the short polymeric chains 

mostly composed of TMC. The tissue response to the subcutaneously injected copolymers 

at the molecular weight range of 1000-2000 Da with 30 mol% initial HTMC content 

subsided with time but was still ongoing after 22 weeks. The observed tissue response was 

comparable with the tissue response of a commercial and clinically used MONOCRYL 
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suture indicating that the copolymer can be considered biocompatible. Rate of protein 

release (lysozyme, BSA and VEGF) under in vitro conditions from the same copolymers 

as used for the in vivo degradation study is controlled by the solubility of the lyophilized 

protein in the aqueous environment within the copolymer, the concentration of the salt 

included in the lyophilized powder, and the flexibility of the copolymer chains to form 

superhydrated regions upon water diffusion into the polymer bulk and subsequently 

dissolution of the protein particles. The released VEGF showed greater than 80% 

bioactivity throughout the release period. This delivery formulation can serve as a potential 

biocompatible vehicle to deliver acid sensitive proteins without loss of their bioactivity for 

short or long-term delivery approaches depending on the protein physical properties.  

8.2 Recommendations 

• In vitro degradation study of copolymers at different molecular weight and HTMC 

content in the medium containing cholesterol esterase and lipase is needed to be 

studied. This result should be compared with the in vitro degradation of PTMC 

homopolymer at the same molecular weight in the presence of the same enzyme as 

well as with the degradation of the analog copolymers in PBS to determine the 

effect of HTMC units on the enzymatic hydrolysis.   

• It is necessary to study the in vitro degradation of the copolymer with or without 

protein particles using the same copolymer batch to determine the effect of forming 

superhydrated regions in copolymer bulk on copolymer degradation. 
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• A longer-term in vivo degradation study of the 1700 Da copolymers until the 

copolymers are completely resorbed still needs to be done.  

• Optimizing the protein particle composition to achieve the target release rate of 25-

50 ng/day is still needs to be done. In this case using VEGF/BSA/T-PB formulation 

at lower loading capacity and lower VEGF content is suggested. 
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Appendix A 

 

Figure A.1. 1H NMR spectrum of PTMC initiated with P350 obtained in DMSO-d6, M/I= 6, Mn=950 Da. 

 

 

 

 

 

Figure A.2. 1HNMR spectrum of ester-linked PTMC (OCT-CE-DGC) obtained in DMSO-d6. 
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Figure A.3. 1HNMR spectrum of ester-linked PTMC (P350-CE-SC) obtained in DMSO-d6, EG/TMC: 1.3. 
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Appendix B 

 

 

Figure B.1. 1H NMR spectrum of OCT-P18-50B-DBU obtained in CDCl3, M/I=40, Mn=3200 Da, BTMC: 

32.8 %. Labels with prime are corresponding to the copolymer end group. 

 

Figure B.2. 1H NMR spectrum of OCT-P18-50B-Sn obtained in CDCl3, M/I=40, Mn=3920 Da, BTMC:50 

%. Labels with prime are corresponding to the copolymer end group. 
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Figure B.3. 13C NMR spectra of A) OCT-P18-50B-DBU obtained in CDCl3, Mn=3200 Da, BTMC: 32.8 %.  

 

 

 

Figure B.4. 13C NMR spectra of A) OCT-P18-50B-Sn obtained in CDCl3, Mn=3920 Da, BTMC: 50 %.  

 

 

 

Figure B.5. The glass transition temperature of P(TMC-co-BTMC) from DSC heating thermograph:(A) 

Sn(Oct)2, (B) DBU, and (C) HCl·Et2O. 
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Appendix C 

 

 

 

 

 

 

Figure C.1. In vivo versus in vitro degradation changes of OCT-P18-30H in : A) HTMC mole% and ) Mn 

(Da). Each data point represents the average, and the error bars are the standard deviation about the average.  



 

176 

 

 
 

 

 
 

Figure C.2. In vivo versus in vitro degradation changes of OCT-P10-30H in : A) HTMC mole% and ) Mn 

(Da). Each data point represents the average, and the error bars are the standard deviation about the average.  
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Figure C.3. Photomicrographs of tissue sections (muscle side) of copolymers and suture extracted and stained 

for CD68. (P): copolymer, (S): suture, green color: FITC, blue color: DAPI, Scale bar: 50 µm, 40X. 

 

 

 

 

 

 


