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Abstract 

The aim of this thesis is to determine the feasibility of an injectable delivery system based on 5-

ethylene ketal ε-caprolactone for localized delivery of vascular endothelial growth factor (VEGF) 

and hepatocyte growth factor (HGF) for treating critical limb ischemia. HGF and VEGF were 

chosen because of their ability to simultaneously stimulate the proliferation and migration of 

endothelial cells, to initiate the formation of blood vessels and the recruitment of pericytes to 

stabilize the blood vessels. Homopolymer of 5-ethylene ketal ε-caprolactone and its copolymer 

with D,L-Lactide were synthesized by ring opening polymerization using hydrophobic initiator 

(octan-1-ol) or an hydrophilic initiator (MPEG), and stannous octanoate as a co-initiator/catalyst. 

The resulting polymers were amorphous and viscous liquids at room temperature. The viscosity, 

biodegradation rate, and release rate were varied by copolymerizing with D,L-lactide and/or 

initiating with MPEG or octan-1-ol.  In vitro, the polymers degraded with surface erosion 

characterized by a nearly linear mass loss with time with no significant change in number average 

molecular weight and glass transition temperature.  The ratio of EKC to DLLA in the copolymer 

remained the same throughout the degradation studies. A similar degradation mechanism was 

observed in vivo when the copolymer initiated with octan-1-ol was implanted subcutaneously in 

rats. In vivo, the polymer exhibited a moderate chronic inflammatory response, characterized by 

the presence of neutrophils, macrophages, fibroblasts and fibrous capsule formation. The 

inflammatory response decreased with time but was still on going after 18 weeks of subcutaneous 

implantation. Protein release from the polymer was transported by convection through the 

hydrated polymer region, at a rate determined by the osmotic pressure generated and the 

hydraulic conductivity of the polymer. Highly bioactive VEGF and HGF were released in a 

sustained manner, without burst effect for over 41 days when delivered simultaneously, using the 

osmotic release mechanism. VEGF was released at the rate of 36 ± 7 ng/day for 41 days, while 

HGF was released at the rate of 16 ± 2 ng/day for 70 days. Factors that influenced release of 
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proteins were their solubility in the concentrated trehalose solution and hydraulic permeability of 

the polymer. This delivery system can serve as a potential vehicle for controlled release of VEGF 

and HGF for treating critical limb ischemia or the controlled release of other proteins for other 

clinical applications. 
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Chapter 1 

GENERAL INTRODUCTION 

1.1 Introduction 

Peripheral vascular occlusive disease is a progressive illness that results in occlusion of arteries to 

the limb, due to atherosclerosis of large and medium sized arteries 
1
. As the condition progresses, blood 

flow to the distal tissues is severely impeded, depriving these tissues of oxygen and nutrients, which leads 

to critical limb ischemia (CLI) in tissues fed by the diseased artery 
2
. These patients experience chronic 

ischemic rest pain, ulcers, or gangrene in the lower limb, and have a poor prognosis 
3
. This condition 

afflicts 27 million people in the western world 
2, 4

, and it is estimated that there are 500 new cases of 

critical limb ischemia per million individuals in the USA and Europe each year 
3
. The number of patients 

in this group is expected to increase with the continued aging of the general population and increased 

incidence of concomitant diseases such as obesity and diabetes mellitus 
2, 5, 6

. 

 

Currently, peripheral perfusion for short occlusions of the iliac arteries can only be improved by 

angioplasty, and long segments of occlusions, especially those distal to the common femoral artery, are 

best treated by bypass surgery
2, 4

. These treatment options are highly invasive and lead to eventual 

amputation in more than 50,000 patients each year in the United States 
2
. The need for amputation is due 

to inadequate autologous vein material to use as a bypass conduit, the anatomic extent and the distribution 

of arterial occlusive disease, occlusion of distal downstream target arteries for bypass, micro-vascular 

disease that prevents healing despite a successful bypass, and other co-morbid conditions that make major 

surgeries hazardous 
2, 7

. For 10-30% of these patients, revascularization is not a suitable option; greater 

than 40% of this patient population will require major amputation, and 20% will die within 6 months 
3, 4, 8

. 

The body is capable of developing new collateral blood vessels to mediate ischemia by producing 

endogenous angiogenic growth factors, but this spontaneous biologic response, termed angiogenesis, 
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typically occurs very slowly in the body, and is often unable to replace the lost blood flow completely 
9
. 

As a result, the exogenous administration of these angiogenic growth factors is required. This treatment 

process is called therapeutic angiogenesis. 

 

In this work, the angiogenic growth factors considered for treating critical limb ischemia were 

vascular endothelial growth factor (VEGF) and hepatocyte growth factor (HGF), due to their ability to 

synergistically induce the proliferation and migration of endothelial cells to form blood vessels and the 

recruitment of pericytes to stabilize the formed blood vessels. These growth factors were formulated with 

trehalose and BSA, lyophilized and incorporated into a liquid injectable polymer based on 5-ethylene 

ketal ε-caprolactone by simple mixing and released via an osmotic pressure release mechanism. The 

reason for this formulation approach will be developed throughout the following literature review. 
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Chapter 2 

LITERATURE REVIEW 

2.1 Blood Vessels  

Blood vessels include arteries, arterioles, capillaries, venules, and veins
10-12

. These vessels are 

distinguished from one another by the difference in their physical dimensions, morphological 

characteristics, and function 
11

. As the arteries get further away from the heart, they branch into smaller 

vessels (lumen diameter of 30 µm) known as the arterioles 
12

. The arterioles further branch into smaller 

diameter vessels known as the capillaries. Capillaries have a diameter of 6 µm 
12, 13

 and consist of one 

layer of endothelial cells. From the capillaries, oxygen and nutrients are transferred to the tissues in 

exchange for carbon dioxide and waste from the tissues 
10-12

. The capillaries merge together to form 

vessels with larger diameter (lumen diameter of 20 µm) called the venules which transport deoxygenated 

blood and waste to the veins (lumen diameter of 0.5 cm) and finally to the vena cava (lumen diameter of 

3.0 cm), from where deoxygenated blood is transported to the thin walled chamber of the heart (right 

atrium) and then to the right ventricle 
10-12

. Figure 2-1 shows the structure of an arteriole. The intima is the 

inner (blood contacting) layer of all the blood vessels and consists mainly of endothelial cells supported 

by an internal elastic lamina 
14

. All the other blood vessels apart from the capillaries have a second layer 

known as the media, which consist of pericytes, smooth muscle cells and their extracellular matrix 

(elastin fibres) 
14, 15

. The media is thicker in the arteries and arterioles compared to the veins and 

venules
12

. Larger vessels such as arteries and veins, contain a third, outer layer, called the adventitia, 

which is composed principally of nerve endings, a few resident inflammatory cells, fibroblasts, and their 

extracellular matrix (collagen fibres) 
15, 16

.  
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Figure 2-1:  Structure of an arteriole showing the endothelium ensheathed with two layers of 

smooth muscle cells (Used with permission from 
17

) 

 

The endothelium, which consists of a thin layer of endothelial cells, regulates vascular tone, 

hemostasis and vascular permeability 
18

. Pericytes have close contact with endothelial cells via pores in 

the basal lamina and thus influence the proliferation of endothelial cells 
19, 20

. Pericytes, like smooth 

muscles cells, respond to factors secreted by endothelial cells and regulate blood vessel diameter by 

contraction and relaxation
20

. The elasticity of the elastin fibers in the media ensures the delivery of blood 

to the tissues and provides the elasticity and resilience required to generate continuous blood flow
18

. The 

adventitia acts as a biological processing centre for the retrieval, integration, storage, and release of key 

regulators of the vessel wall function 
16

. In response to hormonal, inflammatory and environmental 

stresses such as hypoxia or ischemia, resident adventitial cells (fibroblasts, progenitor cells) are activated 

to increase cell proliferation, expression of contractile and extracellular matrix protein, secretion of 

chemokines, cytokines and growth factor that contribute significantly to vascular remodeling
21

. 

 

Endothelial cell

Smooth muscle cell

Muscular wall
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2.2 New blood vessel formation process 

The formation of new blood vessels is a complex process and can occur via a number of different 

processes, which include vasculogenesis, angiogenesis, and angiogenic remodeling or arteriogenesis 
22-24

. 

However, the relevant processes of blood vessel formation in this study are angiogenesis and 

arteriogenesis.  

 

2.2.1 Vasculogenesis  

Vasculogensis, which occurs only in the embryo, is the process whereby hematopoietic stem cells 

and endothelial progenitor cells differentiate, proliferate in situ within a previously avascular tissue and 

then coalesce to form a primitive tubular network 
23, 25

.  

 

2.2.2 Angiogenesis 

Angiogenesis involves the sprouting of new blood vessels from pre-existing blood vessels to form 

new capillary networks 
26

. Each step in angiogenesis is mediated and controlled by a variety of growth 

factors and these growth factors are secreted in a spatial and temporal manner in a tightly controlled 

fashion. The driving force for angiogenesis is hypoxia in the surrounding tissue 
17

, which stimulates 

endothelial cells to secrete proteinases, such as urokinase-plasminogen activator (UPA) and the matrix 

metalloproteinases (MMPs), which cause rapid degradation of the nearby extracellular matrix. Upon 

degradation of the extracellular matrix, hypoxia-inducible factor (HIF-1α)  stimulates the transcription of 

soluble factors such as VEGF and other angiogenic cytokines to stimulate endothelial cells (ECs) to 

migrate and proliferate 
5, 17

. The migration and proliferation of endothelial cells lead to the formation of a 

capillary lumen via cell-cell and cell-matrix interaction 
17, 22, 23

. These new capillary networks are small 

with a diameter of 10 – 20 µm 
13

, consisting of endothelial cell tubes lacking additional wall structures 
13, 

26
. Figure 2-2 is a schematic representation of the process of angiogenesis, indicating the roles and timings 

of the multiple signaling factors involved, including angiopoietins (Ang), vascular endothelial growth 
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factor (VEGF), hepatocyte growth factor (HGF), transforming growth factor (TGF-β), platelet derived 

growth factor (PDGF), fibroblast growth factor (FGF), epithelial growth factor (EGF), receptor tyrosine 

kinase expressed on angiopoietins (Tie2), vascular endothelial cadherin (VE cadherin), Ephrin B2 and 

tumour necrosis factor -α (TNF-α) in each step of angiogenesis. 

 

 

Figure 2-2: The process of angiogenesis and the soluble signaling factors involved in each stage. 

Used with permission from
27

.  

 

2.2.3 Arteriogenesis 

Arteriogenesis is the process of remodeling a pre-existing interconnecting arteriole to increase its 

luminal diameter to form matured blood vessels 
24, 28

. Arteriogenesis is triggered by physical forces such 

as increased shear forces, which appear within the collateral arteriole as a result of the vessel occlusion 
17, 

26
. The increased shear force upregulates cell adhesion molecules for circulating monocytes to accumulate 

around the proliferating artery to release required growth factors such as platelet derived growth factor 

(PDGB-BB) 
15

, basic fibroblast derived growth factor (bFGF) 
15

 and hepatocyte growth factor (HGF)
13

. 



 

7 

 

The released growth factors act in an autocrine or paracrine manner to initiate the proliferation and 

migration of pericytes and smooth muscle cells (SMCs) 
15

. The endothelial cells integrate tightly with the 

recruited smooth muscle cells (SMCs), pericytes and the surrounding matrix to form mature vessels 
22, 29

. 

This remodeling event, which leads to an increase in luminal diameter, is necessary to accept increased 

blood flow and thereby provide a means to bypass the occluded vessel 
24

. 

 

2.3 Therapeutic Angiogenesis 

Therapeutic angiogenesis can be accomplished through the local administration of various growth 

factors, such as vascular endothelial growth factor (VEGF)
30-33

, hepatocyte growth factor (HGF) 
31, 34-36

 

and basic fibroblast growth factor 
34, 37

. VEGF and HGF were utilized for this research as stated in chapter 

1, therefore their structures and functions are provided below. 

 

2.3.1 Vascular Endothelial Growth Factor (VEGF) 

The VEGF family consists of seven members: VEGF-A, VEGF-B, VEGF-C, VEGF-D, VEGF-E, 

VEGF-F and placental growth factor (PIGF) 
38

. VEGF-A is a key molecule in the induction of 

angiogenenesis and vasculogensis as it causes proliferation and migration of endothelial cells leading to 

sprouting and tube formation 
38, 39

. VEGF-A is distinguished from other heparin-binding angiogenic 

growth factors by several features. First, VEGF-A is secreted by keratinocytes, pericytes, smooth muscle 

cells, macrophages, mast cells and adipose tissue derived cells which are in close proximity with 

endothelial cells. This mode of secretion suggests that VEGF-A functions in a paracrine manner to form 

blood vessels 
17, 40, 41

. Secondly, VEGF-A binds to two tyrosine-kinase receptors present on endothelial 

cells, but not on other cell types: Flt or VEGF receptor 1 (VEGFR-1) and KDR or VEGFR-2. This 

selective binding makes the action of VEGF-A specific to endothelial cells 
42

.  KDR dominates the 

angiogenic response and is therefore of greater therapeutic interest 
42

. Under appropriate dosage, VEGF-A 
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binds to KDR to stimulate the proliferation and migration of endothelial cells, to initiate the formation of 

immature vessels by vasculogenesis and angiogenic sprouting 
17

.  

 

There are four isoforms of VEGF-A containing 121, 165, 189 and 209 amino acids which differ 

in mitogenic potency, affinity for extracellular matrix protein or cellular receptor and temporal pattern of 

expression 
17

. However, VEGF-A165 is the most common and biologically active form of VEGF-A 
5, 22

. 

For this reason VEGF-A165 was utilized in this research. For simplicity, VEGF-A165 will be referred to as 

VEGF henceforth. VEGF exists in both glycosylated and non-glycosylated forms, with molecular weights 

of 46 and 38.3 kDa respectively 
43, 44

. The VEGF used in this study is the non-glycosylated form. VEGF 

has an isolectric point (pI) of 8.5 – 8.9 
45, 46

, and it exists as a dimer covalently linked by two symmetrical 

disulfide bonds between cys 51 and cys 60. Each monomer is stabilized with a cysteine knot made of 

three disulfide bonds 
47

. Each monomer consists of two domains; a receptor binding domain (pI of 5.6), 

and a heparin binding domain (pI of 11.6) 
46

. Figure 2-3 shows the receptor binding domain of VEGF. 
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Figure 2-3:The receptor binding site of VEGF. The receptor binding site is built from strand β2, β5 

and β6 from one subunit (blue) along with the N-terminal α helix from the other subunit (red). The 

most important binding determinants for KDR receptor are phe17', Gln79, Ile46, Glu64' and Ile83 

(shown in yellow)    Used with permission from 
47

. 

 

The critical residues responsible for KDR binding are Phe17', Ile46, Glu64', Gln79 and Ile83. 

These residues span the dimer interface with short three-stranded antiparallel β sheets (β2, β5 and β6) 

from one subunit along with the N-terminal α helix from the other subunit 
47

. The binding of VEGF to the 

Flt-1 receptor is mediated by residues Asp63', Glu64' and Glu67' 
47

. Glu67' is part of the loop containing 

Asp63' and Glu64'. The half-life for VEGF in serum is 50 minutes 
37

. This could be because, in the free 

form, there is rapid diffusion of VEGF to the surrounding tissue 
33

. In addition, there is the possibility of 

protein degradation due to the hostile ischemic environment created by the extensive protein degradation 

that takes place as part of inflammation and extracellular matrix (ECM) remodeling-induced enzymatic 

responses 
48

 The N-terminal residues of recombinant human VEGF (rh-VEGF) that participate in receptor 

binding are prone to deamidation (Asn 10), oxidation (Met-3), and diketopiperazine reactions (Ala1-Pro2-

Met3) that occur 7.4, 2.5, and 5.2 times faster, respectively, at pH 5 compared to pH 8 
43

.  

 

2.3.2 Hepatocyte Growth Factor (HGF) 

Unlike VEGF, the receptor of HGF, c-met, is expressed on multiple cell types including  

hepatocytes, myeloid precursor cells, pericytes, smooth muscle cells and various epithelial and 

endothelial cells
40, 42

. HGF, following binding to the c-met receptor, stimulates proliferation, migration, 

and/or morphological differentiation of a wide variety of cellular targets, including hepatocytes and 

epithelial cells, melanocytes, endothelial cells, and hematopoietic cells 
42

. HGF also induces the 

production of VEGF by human keratinocytes 
49, 50

and endothelial cells 
50

and acts as a chemoattractant for 

pericytes 
51

. The synthesis of HGF by mesenchymal cells such as fibroblasts and SMCs coupled with 

effects on epithelial and endothelial cells suggest a paracrine mode of action 
52

. HGF has a pI of 9.5 and a 

half-life of 3-5 minutes in plasma 
53, 54

. The short half-life could be as a result of the same reason 

suspected for VEGF. HGF is part of the plasminogen related growth factors synthesized as a 90 kDa 
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biologically inactive precursor, mostly found in a matrix-associated form 
55

. This is converted in the 

extracellular matrix to a biologically active heterodimer consisting of a 60 kDa α chain, and a 30 kDa β 

chain by proteolytic cleavage using pure urokinase 
55, 56

. The α chain contains a well-defined N-terminal 

hydrophobic domain and an hairpin-loop region (N; residues 31-127), followed by four „kringle‟ domains 

(K1-K4) while the β chain resembles a serine protease in sequence, with no protease activity 
57

.  

 

Figure 2-4 shows the hairpin-loop region and the N-terminal domain of HGF. The N domain of 

HGF plays an essential role in interactions with the c-met receptor and heparin. This domain resides 

primarily in the N and K1 domains, which contain a hairpin-loop region (residues 70-96), characterized 

by two disulfide bonds 
57

. HGF is a heat labile protein; it loses activity significantly when heated at 56°C 

for 30 minutes or completely by boiling for 1.5 minutes 
58

. Activity is also partially lost when treated with 

1M acetic acid or completely by trypsin digestion 
58

. HGF is also known to lose activity by electrostatic 

interaction with gelatin made using the alkaline process of hydrolysis 
59

. 

 

Figure 2-4: The structure of the N domain of HGF (left) 
57

. The structure of the hairloop region in 

the N domain of HGF (right). Used with permission from 
57

. 
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The co-release of VEGF with HGF approach was chosen for our studies because several studies 

have shown that the administration of a single growth factor is not sufficient for the formation of stable 

and functional blood vessels. As discussed above, the formation of new blood vessels is a complex 

process, which requires multiple growth factors to work together in an ordered sequence to induce 

endothelial cell activation, proliferation, migration and tube formation, as well as attract pericytes and 

smooth muscle cells to complete the angiogenic cascade 
40, 60-63

. VEGF was chosen because it promotes 

the initial stages of angiogenesis by stimulating the proliferation and migration of endothelial cells, which 

is an essential rate limiting step in physiological angiogenesis 
40, 42, 61, 64

. HGF stimulates endothelial cells 

to proliferate and migrate and induces blood vessel formation in vivo in a dose dependent manner 
42, 52, 65

. 

HGF also induces the production of VEGF by human keratinocytes 
49, 50

and endothelial cells 
50

and acts as 

a chemoattractant for pericytes 
51

. The combination of VEGF and HGF has been shown to produce a 

synergistic effect on endothelial cell proliferation and migration 
42, 52, 66

.  

 

2.4 Growth Factor Delivery Strategies 

The typical experimental approach of administering growth factors involves either bolus injection 

into the ischemic site, or systemic administration using intra-venous and intra-peritoneal injection of a 

growth factor solution. Although therapeutic benefit was reported with bolus and systemic injection of 

vascular endothelial growth factors in rabbits 
41, 67

,  pigs 
68

  and dogs 
37

,  no significant improvement in the 

quality of life of patients that are not suitable candidates for standard revascularization was achieved in 

phase 2 clinical trials 
69

. These growth factors are quickly cleared or metabolized in the tissue, because of 

the hostile ischemic environment created by the extensive protein degradation that takes place as part of 

inflammation and extracellular matrix (ECM) remodeling-induced enzymatic responses 
2, 33, 48, 70

. As a 

result, these growth factors have short elimination half-lives after injection. Like other therapeutic 

proteins, growth factors are readily susceptible to enzymatic degradation, oxidation, aggregation, 

denaturation and adsorption at interfaces, isomerization, deamidation and diketopiperazine formation in a 



 

12 

 

physiological environment 
43, 71

. In deamidation, the side chain linkage in a glutamine or asparagine 

residue is hydrolyzed to form a free carboxylic acid 
72

. In isomerization, the peptide backbone is 

transferred from the α-carboxyl of an asparagine or glutamine residue to the side chain β or γ carboxyl 
72

 . 

Oxidation is the modification of the methionine residue to either a metsulfoxide or metsulfone derivative 

73
. Adsorption at the interface occurs when there is hydrophobic contact between a protein and a 

hydrophobic polymer in the presence of water/organic solvent interfaces 
46

. The dketopiperazine reaction 

occurs in peptides and proteins that possess the N-terminal sequence in which proline in the second to the 

last residue undergoes a non-enzymatic aminolysis 
74

 . All these degradation pathways could lead to 

unfolding, precipitation and aggregation of proteins.  

 

Preliminary experiments and preclinical trials have indicated that a continuous, local 

administration of these angiogenic growth factors at the ischemic site is necessary to induce 

neovascularization 
62, 75

. This continuous release is needed because angiogenic factors act as survival 

factors for endothelial cells, and exposure to the growth factor needs to be sustained to prevent early 

apoptosis of the migrating endothelial cells.  For example, application of VEGF 
33, 60, 64

 or of VEGF and 

PDGF-BB 
60, 76

 at the ischemic site for 4 weeks resulted in elevated vascularity and improved blood flow 

in a hind limb ischemic mouse and rat model. This result suggests that the co-release of VEGF and HGF 

may be required for at least four weeks to generate stable and functional blood vessels
60, 76

. To attain 

therapeutically relevant local concentrations via systemic injection, multiple large doses must be injected, 

which is inefficient and may result in unwanted blood vessel growth 
6, 33, 77

. To achieve effective local low 

dose and sustained delivery, three alternative strategies have been examined: gene therapy, cell therapy, 

and polymeric delivery. 

  

2.4.1 Gene Therapy 

Gene therapy is a sophisticated form of sustained delivery system. It involves the insertion of a 

new gene that encodes the expression for the production of a specific growth factor into a cell. The new 
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gene is usually inserted in vivo using different vectors, but sometimes ex vivo, and then the cells 

implanted. Once transfected, the target cells express the required growth factor for days, weeks or even 

longer, depending on the specific tissue transfected and the vector used. Figure 2-5 shows the gene 

therapy approach to therapeutic angiogenesis using viral vectors. 

 

 

Figure 2-5 : The gene therapy approach to therapeutic angiogenesis using viral vectors. Used with 

permission from 
78

. 

 

Viral vectors are currently the most efficient gene delivery method, taking advantage of the 

natural ability of viruses to penetrate into the host cells and transfer their genetic material to the nucleus. 

However, viral vectors such as the retrovirus and adenovirus have serious safety concerns such as 

oncogenicity, toxicity and immunogenicity 
79

. The effectiveness of gene therapy in reduction of 

amputation rate, improvement of skin ulcer and hemodynamic improvement has been investigated in 

clinical trials in humans, but the results have been disappointing 
3, 80

. The disappointing results can be 
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attributed to inconsistent levels of growth factor expression achieved with the same administered dose of 

gene vector in different individuals, variability due to differences in transfection efficiencies, and low 

transfection rates producing variable intra-individual doses 
5
.  

 

2.4.2 Cell Therapy 

Another strategy of achieving new blood vessel formation is by delivery of stem or progenitor 

cells to the ischemic site. The stem cells are either transplanted locally 
81, 82

 or via intravenous transfusion 

83
. However local transplantation is more advantageous as it will increase cell density at the target site and 

may reduce systemic side effects. The endothelial progenitor cells used have been derived from such 

sources as bone marrow mononuclear cells (BM-MNCs) 
82, 84

, human adipose tissue derived stromal cells 

(ASC)
85

 and human umbilical cord blood endothelial progenitor cells (EPC)
83

. The fate of stem and 

progenitor cells at the site of angiogenesis remains controversial. Initially, reports indicated engraftment 

and differentiation of epithelial progenitor stem cells to matured endothelial cells within the growing 

capillary network 
81, 82

. Recent studies indicate that the implanted stem progenitor cells function in a  

paracrine mode of action by secreting angiogenic and antiapoptotic factors such as VEGF and HGF to 

stimulate the proliferation and migration of existing endothelial cells and pericytes, forming new blood 

vessels 
85, 86

. The secreted antiapoptotic factor may reduce or prevent the apoptosis of endothelial cells 

and pericytes. 

 

There has been some evidence of stem or progenitor cell therapy in experimental models of hind 

limb or myocardial ischemia achieving success 
81, 83

. In a recent review of clinical studies done using stem 

cells, 
87

 18 of the 25 clinical studies that reported on the use of mononuclear cells or progenitor cells for 

the treatment of patients with critical limb ischemia were analyzed. This analysis indicated that progenitor 

cell-based therapies are safe, feasible and promote vascularization in ischemic tissues with improved 

clinical outcomes but the low therapeutic efficacy due to poor survival of cells transplanted into ischemic 

tissues remains the largest obstacle. In addition, the clinical studies thus far have been small and lacked 
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double-blinded controls, as a result, larger, randomized and blinded studies still need to be done to 

illustrate the efficacy of this therapy. Furthermore, there are still questions about cell populations to be 

used, optimal doses, and routes of administration that need to be addressed 
87

. Inconsistencies in these 

parameters could lead to variability in results obtained.  

 

2.4.3 Polymeric Delivery 

In comparison to gene and cell therapy, polymeric delivery systems have a number of advantages, 

including a precise knowledge of the delivered dose, the ability to achieve prolonged delivery, and the 

ability to combine several proteins in a single formulation. The desired controlled release devise should 

deliver the encapsulated protein in its active form. The main issue of polymeric delivery systems for 

protein therapeutics is possible degradation of the protein within the device during manufacture, storage 

or upon implantation and release from the device 
31, 88, 89

. As a result, the presence of moisture and use of 

high temperature must be avoided during device fabrication 
51

. In addition, the chosen controlled release 

device should be easily introduced to the affected site, delivering an effective, local, therapeutically 

relevant concentrations, at a sustained rate, with little biodistribution outside the ischemic region, and 

with minimal initial burst release. For example, a high burst release of VEGF could lead to the formation 

of abnormal and short-lived blood vessels 
64, 90

. Furthermore, the delivery device should be made from 

biocompatible and biodegradable materials with non-toxic degradation products 
33

. A review of a variety 

of approaches that have been examined for polymeric growth factor delivery has been recently published 

51
. These approaches include hydrogels, matrices, microparticles, polymeric monoliths and liquid 

injectable hydrophobic polymer devices, made using natural and synthetic materials such as gelatin, 

collagen, alginate, poly(N-isopropylacrylamide), chitosan, poly(trimethylene carbonate), 

poly(orthoesters) and poly(lactic-co-glycolic acid) (PLGA).  
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2.4.3.1 Hydrogels 

Hydrogels are polymer networks that are physically or chemically crosslinked, and which absorb 

large amounts of water while retaining their three dimensional form 
60, 61, 91

. The mechanical properties of 

hydrogels can be similar to that of the extracellular matrix; therefore, inflammation as a result of 

mechanical irritation can be avoided. Although hydrogels can be introduced into the body with minimally 

invasive procedures, a potential problem with hydrogels as protein delivery systems is the possibility of 

protein hydrolysis and aggregation while storing the delivery system with the large amount of water 
71

. 

Moreover, release durations in vitro and in vivo are generally too short to provide effective 

neovascularization, being on the order of days 
35, 36, 61, 92

. A number of different hydrogels have been 

examined as potential angiogenic growth factor delivery systems, including chitosan, gelatin, collagen 

and alginate; however, alginate has been the most commonly used.  

 

Alginate is a random copolymer of D-mannuronic acid and L-guluronic acid residues 
33, 93

, and 

has been widely investigated as a delivery system for various growth factors. Alginate gels in the 

presence of divalent cations, such as calcium, which ionically crosslink the negatively charged 

carboxylate groups in the L-guluronic blocks of alginate. This gentle gelling property makes it an 

attractive polymer for this application 
93

. Highly purified alginates are biocompatible; however, alginate 

itself degrades very slowly 
33

, and its gels degrade in an uncontrollable manner, releasing high molecular 

weight chains that may have difficulty being cleared from the body 
94

. Drug release from non-degradable 

alginate hydrogels is predominantly driven by diffusion 
33

. Alginates can be rendered degradable by 

partial oxidation of the uronate residue to an open chain adduct to make it more susceptible to hydrolysis 

using sodium periodate 
33, 93

. Another strategy of controlling degradation is by using a binary molecular 

weight formulation by incorporating low molecular weight chains, which more readily disassociate from 

the gel, and can be subsequently excreted from the body 
33, 35, 44

. In contrast to non-degradable alginate 

hydrogels, where diffusion is the predominant mechanism of growth factor release, growth factor release 

from degradable gels could be tuned by controlling both diffusion and alginate degradation 
33, 35

.  
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Silva and co-worker 
33

 investigated the release of VEGF from gels formed from binary molecular 

weight alginate that was either partially oxidized with sodium periodate or non-oxidized. VEGF release 

from the partially oxidized form was faster with a high initial burst of 40% and total fraction released of 

about 80% after 30 days, while VEGF release from the non-oxidized form was sustained with 15% initial 

burst and 50% released after 30 days. The released VEGF was biologically active for 4 days with little 

distribution outside the ischemic region. However, fully normal limb perfusion was not achieved after 42 

days and bioactivity data for the released VEGF after 4 days were not shown 
33

. Considering the water 

content of the hydrogel (98 % (w/v)), there is the possibility of protein hydrolysis and aggregation while 

storing the delivery system with the large amount of water. Recently, Ruvinov and co-workers formed a 

complex between HGF and sulfated alginate via electrostatic interaction 
35

. The growth factor was 

released at a rate determined by its binding constant to the hydrogel 
35, 36

. However, after in vivo injection 

into ischemic myocardial tissue, 75% of the incorporated HGF was released after 6 hours followed by a 

slow release for 5 days, after which only 85% of the incorporated HGF was released 
35

. Though the 

released growth factor was bioactive, the high burst release of 75% after 6 hours might lead to significant 

undesirable side effects. 

 

Collagen type 1 is the most abundant protein present in the body of mammals with a long history 

of clinical use and has been explored as a delivery vehicle for bFGF
70

 and HGF
70, 95

. Impregnation of 

HGF into freeze-dried collagen sheets/microspheres was carried out by use of phosphate buffered saline 

solution (PBS, pH 7.4) containing various concentrations of HGF 
70, 95

. At this pH, HGF was 

electrostatically bound to the collagen matrix and was released in vivo at a rate similar to the degradation 

rate of the collagen matrix
70, 95

. Release occurred for about 30 days at a decreasing rate with time. Though 

this approach led to increased number of blood vessels and promotion of vascular maturation compared to 

control 
70

, no attempt was made to determine the bioactivity of the released HGF. With the high water 
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content of the collagen gel (83 % (w/v)), there is the possibility of protein hydrolysis and aggregation 

while storing the delivery system.  

 

Gelatin is a denatured collagen commercially available as a bioabsorbable polymer. It is 

enzymatically degradable and has a long history of clinical use due to its biocompatibility and 

biodegradability in the physiological environment 
96, 97

. To enhance its use as a controlled release device, 

it is crosslinked using chemical crosslinkers such as glutaraldehyde 
59, 97

. The degradation rate and hence 

the release of growth factors is determined by the extent of crosslinking of the gelatin matrix 
59

. 

Depending on its processing procedure, gelatin can be positively or negatively charged at physiological 

pH, and the charge can be utilized in the electrostatic binding of oppositely charged protein, providing an 

additional means of controlling release
59, 97

. The alkaline process hydrolyses the amide groups of 

asparagines and glutamine into carboxylic groups, thus converting these residues to aspartate and 

glutamate while the acidic pre-treatment does not affect the amide groups present. As a result, the gelatin 

processed with an alkaline process possesses a greater proportion of carboxyl groups, rendering it 

negatively charged and lowering its isoelectric point (pI) to 5 compared to acidic-processed gelatin which 

possesses a pI of 9 which is similar to that of collagen 
96

. 

 

 Gelatin can be readily prepared into sheets, foams and microspheres by simple techniques. 

Growth factors incorporated within these gelatin forms were released at a rate determined by their affinity 

for gelatin
97

 and or the extent of crosslinking 
59, 98

. Gelatin has been used for the delivery of VEGF
98

, 

bFGF
97

 and TGF-β1 
97

 and HGF
59

 both in vitro and in vivo. With the gelatin crosslinked with 10 mM 

glutaraldehyde, containing 60 ng of VEGF /mg of gelatin microparticles, a high burst release of 61% was 

observed on the first day followed by 1.5%/day from day 1 to 3, 0.8% /day from day 3 to 16 and 

1.3%/day from day 16-28
98

. Though the released VEGF maintained 90% bioactivity for over 14 days, the 

high burst release of 61% on the first day could lead to significant side effects
98

. Though the released 

HGF was capable of increasing capillary density and enhance blood flow in a hind limb ischemic model
59

, 
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the disadvantage of this approach is the decreased bioactivity of HGF as a result of electrostatic 

complexation 
59

, the resulting complex between the positively charged growth factor and the negatively 

charged gelatin formed may be immunogenic, and the rate of gelatin degradation would vary from 

individual to individual which would affect release kinetics. 

 

Chitosan is a linear copolymer of linked β-(14) glucosamine (2-amino-2-deoxy-D-glucose) and 

N-acetyl-D-glucosamine (2-acetamido-2-deoxy-D-glucose), obtained by purifying deacetylated chitin
99

. It 

has been shown to be biocompatible, biodegradable
100

, to accelerate wound healing 
99

 and to have 

antimicrobial properties
101

. However, chitosan is insoluble at neutral pH. A water soluble and photo-

crosslinkable derivative of chitosan was prepared by grafting 4-azidobenzoic acid to the available free 

amine groups of lactose modified chitosan 
102

. When exposed to UV irradiation, the azide group is 

converted to nitrene which is highly reactive with amino groups, inducing reaction with the amine group 

of chitosan. A disadvantage of this approach is the possibility of non-specific interaction of these nitrenes 

with amino groups on the incorporated protein itself, resulting in protein denaturation. This polymer has 

been used for the release of bFGF 
103

 and VEGF
103, 104

. Using this approach, a burst release of about 10-

25% was observed on the first day with no substantial release afterwards, by the end of the release 

studies, approximately 80% of the incorporated growth factors were still retained in the photopolymerized 

polymer
92, 103, 104

. The incomplete release of bFGF and VEGF observed could be due to the aggregation of 

the protein within the device possibly due to the interaction of nitrene with the amino acid of the protein 

or hydrolysis of the protein due to the high water content of the gel
103, 104

. This approach was used to 

deliver bFGF to ischemic regions in rabbit hearts, and the released bFGF induced angiogenesis in the 

ischemic myocardium 
92

. However, the extent of release and in vivo release rate were not assessed.  

 

2.4.3.2 Microparticles 

Polymeric microparticles in the form of microspheres, microcapsules, and nanoparticles capable 

of delivering a prolonged and constant amount of growth factors have been developed 
46, 105-107

. Potential 
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advantages of this approach are the possibility of injection at the site of action and long term release 
108

. 

Microspheres made from poly(lactic acid) (PLA), poly (glycolic acid) (PGA) and their copolymer 

(PLGA) for prolonged and sustained delivery of therapeutic proteins have been developed using various 

emulsion methods
46, 105, 106

. Generally, depending on polymer formulation and encapsulated drug, the drug 

release profile from PLGA microspheres is characterized by an initial burst, followed by a diffusion 

and/or erosion release phase 
89, 107

. The initial burst release is due to the surface resident protein particles, 

while the diffusion controlled release is a result of dissolved protein diffusing through the water filled 

pores and channels within the microspheres 
89, 107, 109

. The erosion release mechanism depends on the 

polymer degradation rate, the size of the system, and the process used to obtain the particles 
107

. However, 

major issues with this delivery system are low protein encapsulation efficiency 
89

and possible protein 

instability induced during manufacture, storage and release resulting in incomplete release and loss of 

protein activity 
46, 89, 110

. The presence of water/organic solvent interfaces and hydrophobic contact 

between protein and hydrophobic polymer results in interfacial adsorption followed by unfolding and 

aggregation during microsphere preparation 
88, 109

. Incomplete protein release occurs as a result of 

hydrophobic interactions between protein and polymer leading to aggregation and precipitation, while 

loss of protein activity during release occurs due to hydrolytic degradation of the polymer, which 

generates acidic oligomers and monomers lowering the pH within the microsphere to as low as 1.5
111

. 

Therefore, protein denaturation may be much more pronounced inside the microparticles than on the 

surface 
89

. The pH reduction within the microsphere has been linked to aggregation and hydrolysis of 

ovalbumin 
89

 and VEGF 
46, 106

 over time. Denatured or aggregated protein species will not only be 

therapeutically inactive, but may cause unpredictable side effects such as immunogenicity or toxicity 
112

. 

Effective control over protein stability during microsphere processing can be generally exerted by 

selecting suitable techniques and using stabilizers, whereas protein stability during the release stage is 

much more difficult to attain 
88

. Despite these limitations, PLGA microspheres have been explored for the 

delivery of VEGF 
46, 105-107, 110, 113

 and HGF 
107

.   
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Cleland and coworkers 
46

 prepared microspheres with an initial VEGF loading of 9% (w/w) using 

a spray drying technique. With formulations containing 10 mg/mL of VEGF and 1 mg/mL of trehalose, a 

low initial release of less than 10% followed by a lag phase of 5 days and sustained release phase was 

observed, with over 90% of the incorporated VEGF released in 35 days. However, the released VEGF 

aggregated and hydrolyzed over time and lost 15% of its heparin affinity after 8 days. However, the 

released VEGF did not lose its ability to bind the KDR receptor that stimulates endothelial cell 

proliferation after 8 days of release from the microspheres, producing a dose dependent angiogenic 

response. Kim and Burgess 
110

examined the release of VEGF from PLGA microspheres in vitro and in 

vivo after subcutaneous injection in rats. Their study showed that VEGF was released as the polymer 

degraded both in vivo and in vitro. About 25% of the VEGF activity was lost and this loss was attributed 

to the acidic microenvironment within the PLGA microsphere. In a more recent study, Formiga and 

coworkers 
106

 prepared microspheres with an initial VEGF loading of 0.06% w/w using a 

solvent/extraction evaporation method. A low initial release of 10% in the first 6 hours was observed, 

with about 60% released from day 1 to 7, and a much slower release rate from day 7 to 28 when about 75 

% of the incorporated VEGF had been released, and about 25% of the incorporated protein appears to be 

non-releasable. VEGF released increased angiogenesis and arteriogenesis in an acute ischemia-

reperfusion rat model. Using two cell based assays, the released growth factors on day 3 and day 7 were 

bioactive, but the bioactivity of the VEGF released (15% of incorporated VEGF) from day 7 to day 28 

was not assessed. With 25% of non-releasable VEGF, there is the possibility that the released growth 

factor beyond 7 days may have been denatured.  

 

Zhu and coworkers 
107

 prepared microspheres made from a blend of PLGA and 

poly(hydroxyalkanoate) for HGF delivery. HGF was loaded into the polymer at 0.002% (w/w) using the 

water-in-oil-in-water technique. With formulations containing 0.002 % w/w of HGF and 5% w/w of BSA, 

two phases of release were observed, a low initial release in the first two weeks as a result of diffusion 

from areas near the surface and a subsequent accelerated release that was consistent with the accelerated 
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mass degradation of the polymer. Over 90% of the incorporated HGF was released after 70 days. Using 

cell-based assays, the HGF released was highly bioactive for over 40 days when about 65% of the 

incorporated HGF has been released. The bioactivity of the remaining HGF released after 40 days was not 

determined, and there is the possibility of HGF aggregation and hydrolysis due to pH reduction within the 

PLGA microsphere. 

 

2.4.3.3 Porous Matrices/Scaffolds 

Matrices are polymers fabricated into porous or non-porous three-dimensional structures with 

dispersed solid growth factor particles. Porous scaffolds can provide a large surface area for cell 

infiltration, which will elicit the ingrowth of blood vessels and reduce fibrous encapsulation or fibrosis 

when implanted 
114

. Fibrous encapsulation is disadvantageous especially in drug delivery, as it may create 

a barrier to growth factor transport into the surrounding tissue, thereby reducing growth factor release rate 

51
. Growth factors can be either adsorbed to the scaffolds

115, 116
, mixed in the lyophilized form into the 

polymer before processing the polymer into a porous scaffold, or by pre-encapsulating the growth factor 

in microspheres and then fabricating scaffolds from these particles
46, 62, 107, 108

. Adsorbing growth factors 

onto the scaffold is an inefficient process, and results in low encapsulation efficiency and a high burst 

effect 
115, 116

. Pre-encapsulating the growth factor into microspheres using the emulsion technique has 

been attributed to loss of protein bioactivity 
110

.  

 

Cleland and co-workers 
46

 encapsulated VEGF with different ratios of trehalose into PLGA 

microspheres and compressed them into a dense and non-porous disk by compression molding. On the 

first day, less than 10% of the incorporated VEGF was released, followed by a lag of 10 days, after which 

two phases of release were observed: from 10 – 21 days when about 40% was released, and a much rapid 

release from 21 – 40 days when almost complete release was achieved. However, no effort was made to 

determine the bioactivity of the released VEGF. Sheridan and co-workers 
117

 also prepared VEGF loaded 

scaffolds made from PLGA. A large burst effect of 20% was observed on the first 2 days, with a total of 
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about 40% of VEGF released after 44 days. The released VEGF was bioactive over the first 7 days when 

about 25% was released, after which bioactivity was not measured. The ability of this delivery system to 

stimulate angiogenesis in a lower hind limb model was reported by Sun and co-workers 
32

. In their study, 

a burst release of about 30% of VEGF was observed on the first day, after which VEGF was released at 

30-90 ng/day with a total of 80% of the incorporated VEGF released after 30 days. The released VEGF 

induced tissue perfusion, greater capillary density, and more mature-appearing vasculature compared to 

the controls 
32

. Considering the rather low level of VEGF released after 44 days from PLGA which may 

have low pH within the device, there is the possibility of VEGF aggregation within the device.  

 

To improve the encapsulation efficiency and release profile of VEGF from PLGA scaffolds, 

Ennett and coworkers 
118

 pre-encapsulated VEGF in PLGA microspheres and distributed the 

microspheres in PLGA scaffolds that were made using the gas foaming/particulate leaching method. 

When implanted in vivo, a burst release of 26% was observed within the first day, followed by a sustained 

release reaching 75% by day 15, and 80% by day 35. Using this approach, a greater number of blood 

vessels were found surrounding the implant when compared to control after in vivo implantation. The 

overall percentage of VEGF released that was bioactive was not assessed, and it is possible that the VEGF 

remaining underwent aggregation and hydrolysis due to pH reduction within the PLGA microsphere.   

 

Smith and co-workers 
119

 incorporated HGF in PLGA porous scaffolds by immersing PLGA 

microspheres in alginate/HGF solution. This suspension was then lyophilized to obtain a powder, which 

was pressed in the presence of NaCl to form disks, and the disks were subjected to 800 psi of CO2 for 24 

hours. The NaCl was leached out from the disk by immersing in 0.1M CaCl2 for 16 hours. In the first 24 

hours, 35% of the incorporated HGF was released, 55% was released on the 4
th
 day and 63% on the 10

th
 

day. By the 35
th
 day, about 70% of the incorporated HGF was released and about 80% of the released 

HGF was bioactive over time. However, this procedure is inefficient as only 55% of the incorporated 

HGF was successfully encapsulated into the disk.  
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The degradation of growth factors released from matrices made from PLGA is likely a result of 

the same issues reported for microspheres. In addition, matrices can only be delivered to the ischemic site 

via implantation, and this is a major setback.  

 

2.4.3.6 Multiple Growth Factor Delivery 

The need for the co-administration of two or more growth factors to achieve stable blood vessel 

formation has motivated the investigation of multiple growth factor delivery systems. Richardson and co-

workers made porous scaffolds by compressing particulate PLGA that was mixed with VEGF that had 

been co-lyophilized with alginate and NaCl, with microspheres pre-encapsulated with platelet derived 

growth factor BB (PDGF-BB) to provide multiple growth factor delivery with a distinct release rate for 

each factor. PDGF-BB stabilizes primitive blood vessels by inducing the migration and proliferation of 

smooth muscle cells 
17

. VEGF and PDGF-BB were co-released at the rates of 79 and 1.5 - 60 ng/day 

respectively for the first 7 days followed by a slower release rate that was sustained for up to 35 days with 

no burst effect. After two weeks of implantation, this release pattern generated larger and more matured 

blood vessels than delivery of either factor alone when implanted in a mouse hind limb ischemia model 
62

.  

However, the long-term stability of the blood vessels was not assessed and the encapsulation efficiency of 

VEGF and PDGF-BB were not determined.  Despite the fact that the released growth factors were 

reported to be bioactive over the first 3 weeks, the bioactivity data was not reported. There is the chance 

of reduction in bioactivity of the released growth factors as a result of the acidic degradation products 

formed when PLGA is hydrolyzed, especially at the latter stages of release.  

 

Using a similar approach, Chen and coworkers 
113

 pre-encapsulated PDGF-BB in PLGA 

microspheres, and then the PLGA microspheres were lyophilized with or without VEGF in an alginate 

solution. Each layer of the scaffold was mixed separately, and manually compacted in a scaffold die. 

Layers were compacted on top of each other and then finally compressed at 1,500 psi in a Carver press for 
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1 minute to form a single scaffold. Samples were exposed to high pressure CO2 gas to saturate the 

polymer with gas. A thermodynamic instability was created by decreasing the gas pressure to ambient 

pressure. This led to nucleation and growth of gas pores within the polymer matrices. The NaCl particles 

were leached out by immersing the matrices in double distilled water to form matrices with open pores. 

Total protein loading after fabrication was 1.5 μg of VEGF and/or 3 μg of PDGF in layer 1 and 3 μg 

VEGF alone in layer 2. The release profile of VEGF determined by its radioactivity was similar in layer 1 

and layer 2; a quick burst and a sustained release was observed. On the first day, there was a burst release 

of about 27% for VEGF but only about 8% for PDGF-BB. In the compartment delivering a high dose of 

VEGF alone, a high density of small, immature blood vessels was observed at 2 weeks. Sequential 

delivery of VEGF and PDGF-BB led to slightly lower blood vessel density, but vessel size and maturity 

were significantly enhanced. However, only about 80-85% of the incorporated VEGF was released 

depending on initial loading while about 50% of the incorporated PDGF-BB was released after about 42 

days. Even though the biological activity of the growth factors released were not measured, there is the 

risk of loss of biological activity as a result of the acidic degradation products formed when PLGA is 

hydrolyzed , this is more prominent at the latter stages of release.  

 

Hao and co-workers combined VEGF and PDGF-BB in an alginate solution prior to gelling
76

. 

Following an initial burst on the first day, VEGF and PDGF-BB were co-released in a sustained manner; 

VEGF was released at a rate of 75 ng/day from days 1–12, and 10 ng/day from days 12– 30, while PDGF-

BB was released at the rate of 70 ng/day from days 1–30. Using the same approach, Sun and co-workers 

combined an alginate solution with VEGF and mixed it with PDGF-BB pre-encapsulated in PLGA 

microspheres prior to gelling
60

. VEGF and PDGF-BB were released in a sequential manner. A high burst 

of 50% of VEGF (1500 ng) was released within 2 days, which reached more than 70% (60 ng/day) by day 

12, and more than 80% (12 ng/day) by day 36. In contrast to VEGF, about 10% (300 ng) of PDGF-BB 

was released within 2 days, and reached more than 40% (90 ng/day) by day 12 and more than 70% (25 

ng/day) by day 36. In both cases, the dual delivery system generated larger and more matured blood 
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vessels that were superior to the delivery of either factor alone in a mouse hind limb ischemic model after 

four weeks of implantation.  However, the large burst of VEGF in the first two days is inefficient and 

could lead to potential side effects. Though the level of bioactivity of the released growth factors was not 

studied, there is the potential of growth factor denaturation due to the large amount of water in the gel.  

 

Recently, dextran based hydrogels immobilized with VEGF, stromal cell-derived growth factor -1 

(SDF-1), insulin growth factor (IGF-1) and angiopoetins-1 (Ang-1) have been shown to induce more 

tissue in-growth with more and larger blood vessels within 3 weeks in rats compared to hydrogels 

immobilized with VEGF alone, which was able to induce tissue in-growth only after 5 weeks of 

implantation
61

. The rate of delivery and the delivery sequence using this approach was not mentioned.  

Though the bioactivities of the released growth factors were not determined, there is the potential of 

growth factor denaturation due to the high water content of the gel.  More recently, Layman and co-

workers examined the co-release of bFGF and G-CSF incorporated into a fibrin hydrogel. About 93% of 

the incorporated bFGF was released within the first 5 days with a burst release of approximately 35% on 

the first day while about 88% of G-CSF was released within the first 5 days with a burst release of 

approximately 30% on the first day. The released growth factors led to a significant increase in the 

reperfusion of the hind limb ischemic model in comparison to the single factor delivery, with only 80% of 

normal reperfusion recovered after 8 weeks 
63

.  

 

Chapanian and Amsden utilized an osmotic pressure release mechanism to achieve both co- and 

sequential release of VEGF and HGF from cylindrical geometries, made from a biodegradable elastomer 

composed of photo-cross-linked, terminally acrylated star-poly(trimethylene carbonate-co-DL-lactide-co-

ε-caprolactone) 
31

. Co-release was achieved by co-lyophilizing both growth factors with albumin, 

trehalose and NaCl to generate enough osmotic pressure to drive the release. The particles were 

distributed throughout the polymer, poured into a mold and photocrosslinked with UV light. By using this 

approach, VEGF and HGF were released at similar rates, with 20% burst release on the first day followed 
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by a sustained release for over 14 days, with 65% of the embedded VEGF released by day 20. To achieve 

sequential release, the inner core of the cylinder consisted of HGF particles covered with an outer 

polymer layer that contained VEGF particles. The HGF particles in the inner layer contained a greater 

amount of NaCl to drive its release. By using this approach, VEGF and HGF were released sequentially 

in a sustained manner for over 30 days, with VEGF released faster than HGF. The released growth factors 

were highly bioactive as assessed from cell-based assays. This was the first attempt to release VEGF and 

HGF from the same delivery vehicle in vitro. However, the efficacy of this delivery system has not been 

tested in vivo. The setbacks of this approach are that there is need for surgery to implant the device and 

the polymer degrades at a relatively slow rate, with 9.6 ± 0.4 % mass loss after 28 weeks. 

 

Marui and co-workers 
70

combined bFGF and HGF in a collagen sheet, by rehydrating a 

lyophilized collagen sheet with a 20 µL PBS solution containing 5 µg of bFGF and 20 µg of HGF.  HGF 

and bFGF were released as the collagen matrix degraded in vivo with a burst release of 30% on the first 

day and almost complete release by 28 days. This formulation induced increased number of blood vessels 

and promoted vascular maturity in severe murine hind limb ischemic model in a synergistic manner 

which was equivalent to that observed with 80 µg of bFGF or HGF alone. Though no attempt was made 

to determine the bioactivity of the released growth factors, there is a high likelihood of growth factor 

hydrolysis and denaturation due to the large water content on the gel (98 % (w/v)).  

 

More recently, Ruvinov and coworkers 
36

fabricated an injectable alginate with affinity-bound 

growth factors, by incubating insulin-like growth factor 1 (IGF-1) or HGF (1 mg/mL each) with alginate-

sulfate solution (0.83% w/v) for about 1.5 hours at 37°C. The resulting solution was mixed with the 

solution of the partially calcium-cross-linked alginate to provide multiple growth factor delivery with a 

distinct release rate for each factor. IGF-1 was released faster than HGF; IGF-1 was released with a burst 

release of greater than 50 % while HGF was released with a burst release of about 5% in the first 6 hours, 

followed by a much lower rate of growth factor release. IGF-1 was released at a faster rate compared to 
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HGF, and this led to the formation of mature and larger blood vessels. The difference in release kinetics 

of the growth factors was attributed to their different affinity for alginate sulfate. The high burst release of 

IGF-1 within the first 6 hours may lead to significant side effects; furthermore, the growth factors are 

prone to hydrolysis and aggregation as a result of the large water content of the alginate hydrogel. 

 

2.4.3.4 Osmotically-driven release 

The protein degradation associated with acidic degradation products of the polymer vehicle can 

be overcome provided the proteins are completely released from the device long before the polymer 

degrades significantly. This type of release behavior has been shown to be possible by employing an 

osmotic pressure release mechanism
31

. For solid matrices, the osmotic pressure driven mechanism is 

determined by the osmotic activity of the embedded particles, the particle loading in the polymer and the 

mechanical properties of the polymer. The osmotic pressure release mechanism from solid monolith 

matrices proceeds as follows.  Upon immersion in an aqueous environment, water molecules penetrate the 

polymer until they reach a polymer-encapsulated particle, hereafter called a capsule. The water dissolves 

the solid particle at the polymer-drug interface to form a saturated solution, generating a water activity 

gradient between the saturated solution formed and the surrounding aqueous media 
120, 121

. The activity 

gradient draws water into the capsule to generate an internal osmotic pressure equal to the osmotic 

pressure of the saturated solution.  The generated pressure is resisted by the viscoelastic nature of the 

polymer 
122

. The outcome of this resistance is as follows: (1) when the polymer is unable to resist the 

pressure generated by the capsule, polymer bonds are broken, and cracks are formed in the polymer bulk, 

which connects the contents of the capsule to the pore network, and the dissolved contents are forced 

through these cracks towards the surface as a result of the pressure gradient, (2) when the generated 

pressure is unable to initiate bond breakage in the polymer, a thermodynamic equilibrium is established 

and the encapsulated drug is not released until the polymer degrades 
122

.  
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Complete release via the osmotic pressure release mechanism is achieved as the excipient 

osmotic activity increases 
123

, or the particle size 
124

 and tensile strength decreases 
125

, and reaches a 

maximum value at or near the percolation threshold 
123

. This technique can provide many of the 

requirements for a successful polymer-based growth factor delivery system. It provides a sustained 

release of bioactive growth factors, with a near zero order release profile and with very minimal initial 

burst release 
126

. For the osmotic pressure release mechanism to dominate and for almost complete release 

of protein, the protein and osmolyte particles are loaded into the polymer at a volumetric loading of less 

than 30% 
123

. The osmotic release mechanism has been investigated for the release of VEGF and HGF 

from solid monoliths 
31,127, 128

, and for VEGF from liquid injectable polymers, 
129, 130

 discussed in the next 

section. 

  

Solid monoliths used in osmotic release have been elastomeric matrices with dispersed particles 

containing a highly osmotically active compound. Gu and coworkers 
125

 utilized the osmotic release 

mechanism to release VEGF from a biodegradable elastomeric device made by photo-cross-linking an 

acrylated star copolymer macromer of ε-caprolactone and D, L-lactide. The photoencapsulation technique 

did not denature the encapsulated VEGF. In this approach, the protein was lyophilized along with 

trehalose, which acts as the osmotic agent, and the solid particles were distributed throughout the polymer 

matrix at less than 10% w/w. VEGF was released in a linear fashion for over 18 days; however, the 

bioactivity of the released VEGF decreased significantly after 8 days. This decrease was attributed to a 

decrease in the local microenvironment pH within the matrix. To eliminate the limitation of loss of 

bioactivity as a result of acidic degradation by-product formation, a terpolymer of trimethylene carbonate 

with DLLA and ε-caprolactone at a ratio of 50:25:25 was used. Poly(trimethylene carbonate) undergoes 

hydrolysis slowly and does not generate acidic degradation by-products, as do poly(esters). Highly 

bioactive VEGF and HGF were released sequentially or simultaneously from the terpolymer at a 

sustained rate for more than 10 days 
31

.  
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2.4.3.5 Liquid Injectable Polymers 

Liquid injectable polymers are polymers with a low glass transition temperature, a low melting 

point and low viscosity. As a result, the growth factors can be easily incorporated throughout the 

polymers by physical mixing. The first of such polymer formulations examined for protein delivery was 

based on a semi-solid, self-catalyzed poly(ortho ester) (POEs) for VEGF delivery
131, 132

 . Protein release 

from semi-solid, self-catalyzed POEs depended on pH, the buffering capacity of the protein solution 
132

, 

and protein molecular charge 
132

. However, protein release duration was very short, ranging from 6 to 15 

days 
131, 132

 and there was a high burst release of 20% in the first 24 hours 
131, 132

. In addition, the 

accumulation of acidic degradation products within the polymer resulted in a drop in pH to less than 5.2 

within the polymer, and this drop in pH has been cited as the cause of both protein aggregation and VEGF 

denaturation through hydrolysis when released from these polymers 
133

. However, protein aggregation 

was minimized by the addition of trehalose into the formulation. 

 

More recently, Amsden and coworkers utilized an osmotic release mechanism to release VEGF 

from liquid, injectable poly(trimethylene carbonate) with a molecular weight of 1600 Da. VEGF was 

lyophilized along with trehalose (95% w/w) and BSA (4.9% w/w), sieved to less than 45 µm, and the 

solid particles were distributed throughout the polymer matrix at a total loading of 1% w/w. The mass 

fraction of VEGF released was independent of the polymer‟s viscosity and the amount of VEGF in the 

particles.
30

. VEGF was released in a sustained manner at a rate of 15 – 20 ng/day for over 40 days, 

followed by a decreasing rate with time. An endothelial cell based assay indicated that the released VEGF 

retained about 90% of its bioactivity over 40 days. Injection of the VEGF-loaded polymer subcutaneously 

in the backs of rats elicited the formation of blood vessels, which regressed with time due to the low 

concentration of VEGF released and moreover, one single growth factor cannot complete the angiogenic 

cascade. Furthermore, the polymer degraded slowly in vivo with only 55% weight loss after 40 weeks of 

degradation. This slow degradation rate implies that the polymer would remain at the implantation site 

long after the growth factor has been released, eliciting a prolonged immunological response.  
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2.5 Summary 

The sustained and local delivery of angiogenic growth factors is a clinically appealing strategy for 

treating critical limb ischemia. Reviewing the growth factors that are involved in angiogenesis, it has been 

identified that each step in angiogenesis is mediated and controlled by a variety of growth factors and 

these growth factors are secreted in a spatial and temporal manner in a tightly controlled fashion. 

Therefore, one single growth factor cannot complete the angiogenic cascade. For effective 

vascularization, two or more growth factors have to be delivered together or sequentially. Reviewing the 

delivery strategies of therapeutic growth factors using polymeric delivery systems, key issues associated 

with the bioactivity of the incorporated growth factor, the delivery mechanism, and hence 

revascularization to induce collateral blood vessel formation were identified. Though hydrogels can be 

easily injected to the affected site, one major problem with this delivery approach is that while storing the 

delivery system in water, there is the possibility of growth factor denaturation. Though microspheres 

made from hydrolysable polyesters such as PLA, PGA and PLGA could be injected directly to the 

affected site, they are not a suitable drug delivery system for acid sensitive growth factors that require 

multi-week delivery. This is because of the complex manufacturing procedure and the accumulation of 

acidic degradation products within the polymer that may denature the growth factor. Most of the matrices 

that have been investigated to date are made from polyesters such as PLA, PGA and PLGA and are 

subject to similar drawbacks as for microspheres. In addition, matrices have to be delivered via 

implantation, which requires surgery, and this is a major limitation.  For most of the studies using 

hydrogels, microspheres and matrices, the release of growth factors is not sustained; there is incomplete 

release and a large initial burst of growth factors, which might be problematic as the large burst release of 

these factors may produce undesired side effects. It is essential that the growth factors are released in their 

bioactive form because denatured or aggregated growth factors will not only be therapeutically inactive, 

but may cause unpredictable side effects such as immunogenicity or toxicity 
112

. Unfortunately, most of 
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the studies to date did not included bioactivity data of the growth factors after being incorporated into the 

delivery device; however some studies indicate a reduction in bioactivity over time.  

 

2.6 Tissue Response to biomaterial implantation 

Since the growth factors would be incorporated in a polymeric delivery device, it is essential to 

understand the release mechanism of the incorporated growth factors when implanted in vivo and most 

importantly the effect of the polymer and its degradation products on the surrounding tissue. The tissue 

response to biomaterial implantation is characterized by blood-material interactions, provisional matrix 

formation, acute inflammation, chronic inflammation, granulation tissue development, foreign body 

reaction, fibrosis/fibrous capsule formation and subsequent resolution of the inflammatory response 
134-136

. 

This section describes the formation of the blood clot, adsorption of proteins on implanted biomaterials, 

and the subsequent inflammatory response. 

 

Figure 2-6 shows the cascades of events that occur when a polymer device is implanted in vivo.   

 

 

Figure 2-6: Events that occur when biomaterial is implanted in vivo. Adapted  from 
134
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As a result of the injury to the blood vessels, circulating blood platelets are exposed to proteins 

such as collagen in the basal lamina and extracellular matrix underneath the endothelium, which triggers 

platelet aggregation  to form a platelet clot via the intrinsic coagulation pathway
137

. The damaged 

endothelium and the platelet clot provide the phospholipid surface on which prothrombin is converted to 

thrombin by tissue factor (thromboplastin)
12

. Fibrinogen is hydrolyzed to a dense fibrin network by 

thrombin which also activates fibrin stabilizing factor (factor XIII) to catalyze the formation of crosslinks 

within the deposited fibrin network
134

. The fibrin network forms a clot, which traps the blood cells and 

eventually seals off the damaged area of the endothelium to stop bleeding 
12

. The coagulation enables 

platelets to disintegrate and shed their contents, among which are several inflammatory mediators such as 

VEGF, interleukin -8 (IL-8), transforming growth factor (TGF), platelet factor (PF4), interleukin – 1  (IL-

1) and tissue necrosis factor (TNF-α) which recruits inflammatory cells to the site of implantation134
. The 

fibrin clot formed at the tissue/polymer interface serves as a sticky provisional matrix that functions as a 

scaffold on which the recruited neutrophils, monocytes and macrophages interact via surface receptors
136, 

138
.  

 

The adsorption of fibrinogen, complement, antibodies and other plasma proteins on the implanted 

biomaterial further activates the inflammatory process that was initiated by tissue damage. The adsorption 

of complement protein C3b on the implanted material can activate the alternate complement pathway 

while the specific binding of antibodies on the implanted material can activate the classical complement 

pathway
134

. The Fc domain of the bound antibodies is recognized by the C1q complement factor which 

induces the deposition of C3b on the implanted material
134

. The infiltrated phagocytes can recognize the 

adsorbed C3b through binding to the CR1 receptor
134

. The binding of complement factor Bb to C3b forms 

C3 convertase C3bBb, which splices C3 molecules to C3a and C3b to initiate the opsonisation process
134

. 

The opsonization initiates the release of C5a which contributes to leukocyte infiltration to the 

implantation site
134

. Both C3a and C5a increase the permeability of the vascular bed to induce the release 
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of histamine and interleukin -13 (IL-13) by mast cells in the surrounding tissues which further mediates 

the recruitment of phagocytic cells, including macrophages, to the site of implantation
138

.
134

. Fibrinogen 

can adsorb onto the polymer surface and change its conformation to expose its P1 fragments, which are 

recognized by the phagocyte integrin complement receptor 3 (CR3), thereby activating the adhesion of 

tissue phagocytes to the implant 
134, 135, 139, 140, 140

.  

 

The acute inflammation phase usually lasts for less than one week depending on the extent of 

injury, site of injury, protein adsorption on the implant and extent of provisional matrix formation
136

. This 

phase is characterized by the presence of neutrophils (polymorphonuclear leukocytes, PMNs), which 

contain a nucleus divided into 2 to 5 lobes 
136

. Neutrophils are the first set of phagocytic cells to migrate 

toward the site of inflammation or infection, and they are attracted to the implant site by the secretion of 

transforming growth factor (TGF-β), platelet factor (PF4), interleukin – 1  (IL-1) and tissue necrosis 

factor (TNF-α) by platelets 
137

. Neutrophils produce lysosomal agents and oxygen free radicals to kill any 

bacteria around the site of implantation 
137

.  

 

The chronic inflammation phase follows the acute inflammation phase, and can extend for 2 to 3 

weeks in the presence of a biocompatible biomaterial. This phase is characterized by the presence of 

monocytes, fibroblasts, lymphocytes, macrophages and foreign body giant cells at the tissue-implant 

interface 
136

. These inflammatory cells are attracted to the tissue-polymer interface by the secretion of 

more chemoattractants such as platelet derived growth factor (PDGF), leukotriene (LTB4), monocyte 

chemoattractant protein (MCP-1) and interleukin 8 (IL-8) secreted by the platelets. These are in addition 

to chemoattractants already secreted during the acute inflammation stage, which direct the migration of 

macrophages to the wound site 
134, 136, 137

. Interferon-gamma (IFN-γ) secreted by fibroblasts cells and IL-3 

secreted by mast cells initiate the differentiation of monocytes to macrophages 
136, 137, 141

.  
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The assembled macrophages at the site of implantation further secrete chemokines and cytokines 

such as PDGF, tissue necrosis factor (TNF-α), interleukin 6 (IL-6), granulocyte-colony stimulating factor 

(G-CSF) and granulocyte macrophage-colony stimulating factor (GM-CSF), attracting more macrophages 

and fibroblasts to the site of implantation 
134, 135

. The secreted chemokines such as of IL-1 and TNF-α 

activate macrophages to synthesize nitric oxide which kills pathogens and prevents further infection.  

Macrophages phagocytose foreign and debris material; however, due to the large size of the implanted 

material, macrophages undergo “frustrated phagocytosis” and fuse together to form larger foreign body 

giant cells (FBGCs) composed of a few dozen of individual macrophages under the influence of secreted 

cytokines such as interleukin-4 (IL-4) 
134, 135

. The formed giant cells secrete degradative agents such as 

superoxides and free radicals, causing localized damage to implants and other foreign bodies 
134, 135

.  

 

The secreted cytokines in the acute and chronic inflammatory phase initiate the formation of 

granulation tissue, which is characterized by the presence of macrophages and their derivatives, foreign 

body giant cells, myofibroblasts, endothelial cells, provisional extracellular matrix, fibroblasts with 

evidence of vascularization 
135, 136

. Furthermore, the lysosomal agents and the chemical mediators secreted 

during the acute and chronic inflammation process activate and trigger the up-regulation of growth factors 

such as VEGF by fibroblasts and endothelial cells to initiate the formation of new blood vessels. When 

TGF-β is produced in abundance, it stimulates the extensive production of collagen I, and III, fibronectin, 

and proteoglycans around the implant by fibroblast like cells (myofibroblasts) and inhibits the production 

of matrix-degrading proteases, and subsequently activates the formation of fibrotic scar tissue around the 

implant 
134, 136

. The thickness of the capsule formed would influence the kinetics of growth factor release 

from the polymer to the ischemic tissue as the released growth factors need to diffuse through the formed 

collagenous layer to initiate a biological function near the device 
140

. The presence of macrophages and 

FBGCs with the components of the granulation tissue is called foreign body reaction (FBR). If the 

polymer becomes a source of irritation to the surrounding tissue due to the release of degradation products 

or leachables from the polymer 
142, 143

, macrophages and FBGCs will persist in an attempt to phagocytose 
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the polymer‟s degradation products by attracting more macrophages and forming more FBGCs at the 

implant site.  As a result, the foreign body reaction may persist until the polymer fully degrades and the 

degradation products are removed from the body 
135, 136

.  

 

 The resolution of the foreign body reaction occurs when the polymer fully degrades. During this 

phase, low levels of TNFα-1β and TGF-β are produced by macrophages. TGF-β plays an anti-

inflammatory role, by inhibiting the production and secretion of C-C chemokine ligand-2 (CCL2) and C-

C chemokine ligand-3 (CCL3) by macrophages, which eventually halts the influx of phagocytic cells and 

most of the macrophages migrate towards the draining lymph nodes
134

. TGF-β initiates the differentiation 

of fibroblast-like cells to myofibroblast cells which are critical to wound healing and they actuate the 

shrinking of fibrotic tissue around the implant
134

. TNFα-1β and TGF-β stimulate fibroblast cells to 

produce collagenase that degrade the extracellular matrix and help to rearrange and re-organize a 

structured extracellular matrix, thus initiating repair 
134

. 
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Chapter 3 

PROPOSAL AND OBJECTIVES 

 

3.1 Proposal 

Any controlled release device for treating critical limb ischemia should be easily introduced to the 

affected site, deliver an effective local dose of applicable growth factors in their bioactive form, with a 

minimal burst effect, at a sustained rate, and with little biodistribution outside the ischemic region
33, 46

. To 

overcome the issue of denaturation of growth factors during device fabrication and release 
46, 59, 110, 144

, 

osmotic delivery of VEGF and/or HGF from a viscous liquid, biodegradable polymer vehicle was 

proposed. Low molecular weight polymers based on 5-ethylene ketal ε-caprolactone were proposed as the 

delivery vehicle, within which growth factors would be incorporated as a lyophilized powder by simple 

mixing.  

 

The rationale for this approach was as follows. 5-ethylene ketal ε-caprolactone was chosen 

because its homopolymer has a Tg of -35
o
C to -14

o
C 

145
 depending on its molecular weight, and it is 

amorphous. The low Tg and lack of crystallinity indicates that low molecular weight polymers prepared 

from this monomer would have a low viscosity and thus would be easily injected into the afflicted tissue 

at body temperature. Other advantages of the polymer being amorphous are that incomplete release as a 

result of polymer crystallinity and latter term inflammation caused by exposing polymer crystals to tissue 

would be avoided 
143, 146, 147

. Moreover, this polymer undergoes hydrolytic degradation in vivo; removing 

the need for device explantation after the growth factor is released. 5-ethylene ketal ε-caprolactone can be 

readily copolymerized with other cyclic lactone monomers 
148

, therefore there was the possibility of 

adjusting the physical properties of the polymer to obtain a favorable release profile and polymer 

degradation rate by copolymerization with monomers such as D,L-lactide (DLLA). The osmotic release 

mechanism can provide a zero order release profile with no initial burst for a minimum period of two 
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weeks
31, 129

, and the possibility of complete release of incorporated acid sensitive protein drugs before 

ester hydrolysis of the polymer begins.  

 

VEGF was chosen because it promotes the initial stages of angiogenesis by stimulating the 

proliferation and migration of endothelial cells, which is an essential rate limiting step in physiological 

angiogenesis 
40, 42, 61, 64

. HGF stimulates endothelial cells to proliferate and migrate and induces blood 

vessel formation in vivo in a dose dependent manner 
42, 52, 65

. HGF also induces the production of VEGF 

by human keratinocytes 
49, 50

and endothelial cells 
50

and acts as a chemoattractant for pericytes 
51

. The 

combination of VEGF and HGF has been shown to produce a synergistic effect on endothelial cell 

proliferation and migration, and pericyte recruitment, leading to the formation of stable blood vessels 
42, 52, 

66
. This delivery strategy would provide a minimally invasive means of delivering VEGF and HGF for the 

purpose of initiating the formation of stable and functional blood vessels for treating critical limb 

ischemia.  

 

3.2 Objectives 

The main objective of this work was to determine the feasibility of an injectable polymeric 

delivery device made from low viscosity poly(5-ethylene ketal ε-caprolactone) or its copolymer with  

DLLA for localized and sustained delivery of bioactive VEGF and HGF to treat critical limb ischemia.  

 

The specific objectives were: 

1. To develop and characterize an injectable delivery vehicle made from 5-ethylene ketal ε-

caprolactone and its copolymer with DLLA. 
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2. To explore the potential of an injectable delivery vehicle consisting of low molecular weight 

poly(5-ethylene ketal ε-caprolactone) (PEKC) or its copolymer with DLLA for the delivery of 

proteins using an osmotic pressure mechanism.   

 

3. To more clearly explain the mechanism of osmotic release of proteins from viscous liquid 

polymers, and in particular, the means by which the dissolved solute is transported through the 

polymer phase. 

 

4. To investigate the in vivo biodegradation rate and tissue response to subcutaneously injected 

octan-1-ol initiated poly(5-ethylene ketal ε-caprolactone-co-D,L-lactide) (OCT-PEKCDLLA) in 

rats. 

 

5. To investigate the ability of low molecular weight, OCT-PEKCDLLA to serve as a single, or 

dual, delivery system for the release of VEGF and/or HGF in a sustained manner and in their 

active form for a period of 4 to 6 weeks utilizing the osmotic pressure release mechanism. 
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Chapter 4 

SURFACE ERODING LIQUID INJECTABLE POLYMERS BASED ON 5-

ETHYLENE KETAL ε-CAPROLACTONE 
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†
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This chapter relates to the first specific objective of this thesis, which is to develop and 

characterize an injectable delivery vehicle made from 5-ethylene ketal ε-caprolactone and its copolymer 

with D,L lactide (DLLA). The polymers were made by ring opening polymerization, initiated with 

hydrophobic (octan-1-ol) or hydrophilic methoxy poly (ethylene glycol) (MPEG) initiator, using stannous 

octanoate as co-initiator/catalyst. This paper describes the polymerization and the effect of the initiator 

used in the ring opening polymerization on viscosity, glass transition temperature and in vitro 

biodegradation rate. The in vitro cytotoxicity of the monomer‟s degradation product to 3T3 fibroblast 

cells was also investigated.  
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Abstract 

Liquid, injectable hydrophobic polymers are potentially useful as depot systems for localized drug 

delivery. Low molecular weight polymers of 5-ethylene ketal ε-caprolactone and copolymers of this 

monomer with D,L-lactide were prepared and their properties assessed with respect to their suitability for 

this purpose. The polymers were amorphous, of low viscosity, and the viscosity was adjustable by choice 

of initiator and/or by copolymerizing with D,L-lactide. Lower viscosity polymers were attained by using 

350 Da methoxy poly(ethylene glycol) as an initiator in comparison to octan-1-ol, while copolymerization 

with D,L-lactide increased viscosity. The initiator used had no significant effect on the rate of mass loss 

in vitro and copolymers with D,L-lactide (DLLA) degraded faster than 5-ethylene ketal ε-caprolactone 

(EKC) homopolymers. For the EKC based polymers, a nearly constant degradation rate was observed. 

This finding was attributed to the hydrolytic susceptibility of the EKC-EKC ester linkage, which was 

comparable to that of DLLA-DLLA, coupled with a higher molecular weight of the water-soluble 

degradation product and the low initial molecular weight of the EKC based polymers. Cytotoxicity of the 

hydrolyzed EKC monomer to 3T3 fibroblast cells was comparable to that of ε-caprolactone, suggesting 

that polymers prepared from EKC may be well tolerated upon in vivo implantation. 
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4.0. Introduction   

 Recent biotechnology and drug developments have resulted in an increased demand for loco-

regional administration combined with sustained and controlled release of therapeutic proteins in the 

treatment of conditions such as ischemia and cancer
149, 149-151

. To meet these demands, a number of 

different polymer formulations have been investigated that can be injected directly into the required site 

without the need for surgical implantation and retrieval and once injected, form a depot. One approach to 

achieving this aim is to utilize low molecular weight, biodegradable polymers that possess melting points 

below body temperature. A number of polymers have been explored for this purpose, including 

poly(ortho esters),
132, 152-155

 low molecular weight poly(α-hydroxy acids),
156-158

 hexyl-substituted 

poly(lactide),
159 

poly(trimethylene carbonate)
160

 and branched, ester linked, fatty acid polymers from the 

reaction of glyceryl monolinoleate with succinic anhydride
161, 162

. 

 

This formulation approach is advantageous as it allows facile incorporation of thermally sensitive 

drugs such as proteins and peptides by simple mixing, and injectability through standard gauge needles 

and thus administration via minimally invasive means. In addition, there is no need for device retrieval 

and there is restricted water penetration, which may provide enhanced stability for drugs such as proteins 

incorporated as solid particles
30

. Moreover, the viscosity and thus the injectability of the polymers can be 

controlled by appropriate selection of monomers and initiator
163, 164

.
 

 

In this work, the development of a new polymer for use as an injectable delivery vehicle, made 

from low viscosity poly(5-ethylene ketal ε-caprolactone) (PEKC) or its copolymer with D,L-lactide 

(DLLA), is presented. PEKC was chosen because it is amorphous and has a low glass transition 

temperature (-35ºC at molecular weight of 2600 Da
165

). The low glass transition temperature ensures that 

the polymer will have a low viscosity and be easy to inject, and the lack of crystallinity will not impede 

degradation 
147

 and may prevent latter term inflammation caused by exposing polymer crystals to tissue
142, 
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143
. Moreover, it was reasoned that the hydrophillic pendant ketal group would confer enhanced 

hydrophilicity to the polymer, modifying its hydrolytic degradation. The polymerization kinetics, physical 

characteristics, and in vitro degradation rates of these polymers were measured and are discussed in terms 

of the intended application as an injectable drug delivery vehicle. The polymers were synthesized by ring-

opening polymerization initiated with either octan-1-ol or 350 Da methoxy poly(ethylene glycol) and 

copolymerized with D,L-lactide to control the viscosity, glass transition temperature, biodegradability and 

overall hydrophobicity. The cytotoxicity of the EKC monomer degradation products to 3T3 fibroblast 

cells was also assessed and compared to those of ε-caprolactone. 

 

4.1 Materials 

Unless stated otherwise, all materials were used as received from the manufacturer. 1,4-

cyclohexanedione monoethylene ketal (97% purity), meta-chloroperoxybenzoic acid (MCPBA), octan-1-

ol (anhydrous, purity 99%), dichloromethane (CH2Cl2), hexane, methanol, tetrahydrofuran (THF), ethyl 

acetate (EtOAc), stannous 2-ethylhexanoate (95% purity), Dulbecco‟s phosphate buffered saline (PBS), 

magnesium sulphate (MgSO4), sodium bicarbonate, methoxy poly(ethylene glycol) with an average 

molecular weight of 350 Da (MPEG 350) and chloroform-d (CDCl3) were obtained from Sigma-Aldrich, 

ON, Canada. Dimethyl sulfoxide-d6 (DMSO-d6, 99% purity), was obtained from Cambridge Isotope 

Laboratories Inc., MA, USA, D,L-lactide was obtained from Purac, the Netherlands and purified by 

recrystallization from dried toluene and WST-1 reagent was obtained from Roche Canada.  

 

4.2 Methods 

4.2.1 Synthesis of 5-ethylene ketal ε-caprolactone 

The 5-ethylene ketal ε-caprolactone monomer was prepared by the Baeyer-Villiger oxidation of 

1, 4-cyclohexanedione monoethylene ketal by meta-chloroperoxybenzoic acid (MCPBA), as described by 

Tian and co-workers
166

 with some modifications. In a representative procedure, 50 g of MCPBA was 
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dissolved in 400 mL of CH2Cl2 and about 15 g of MgSO4 and 7.5 g of sodium bicarbonate were added. 

This mixture was stirred until all the MCPBA had dissolved. After which, 25 g of 1,4-cyclohexanedione 

monoethylene ketal were dissolved in 50 mL of CH2Cl2, added drop-wise into the dissolved MCPBA and 

left to stir overnight. The stirred solution was chilled to -20ºC for 1-2 h and filtered to eliminate MgSO4 

and 3-chlorobenzoic acid. The solvent was evaporated and the resulting product purified by silica gel 

column chromatography using 5%, 10%, 15%, 20%, 25%, 30% and 35% EtOAc/hexane gradient as 

eluent. Following solvent removal, the final product was analysed via 
1
H-NMR in CDCl3 for composition 

and purity on a Bruker Avance 400 MHz spectrometer.  

 

4.2.2 Polymer Synthesis  

PEKC and its copolymer with DLLA (PEKCDLLA) were prepared through ring-opening 

polymerization at 110ºC for 24 hours. The reaction was catalyzed by stannous 2-ethylhexanoate and 

initiated by octan-1-ol (OCT-PEKC, OCT-PEKCDLLA) or MPEG 350 (PEG-PEKC, PEG-PEKCDLLA) 

in a vacuum-sealed glass ampoule under argon. The catalyst to initiator ratio was 3×10
-3

:1. The 

monomers and initiator were added into a flame-dried glass ampoule, the required amount of stannous 2-

ethylhexanoate dissolved in toluene was added, and the mixture was vortexed, purged with dry nitrogen 

gas for 5 minutes and placed under vacuum before heat sealing and transferring to pre-heated oil at 110ºC 

for 24 hours. The resulting polymers were dissolved in CH2Cl2 and precipitated sequentially in hexane 

and methanol cooled using dry ice. The molar ratio of EKC to DLLA in PEKCDLLA was designed to be 

3:1 to obtain a polymer with a low glass transition temperature. For comparison, polymers of similar 

molecular weight were also prepared from ε-caprolactone copolymerized with DLLA and initiated with 

octan-1-ol (OCT-PCLDLLA) or MPEG 350 (PEG-PCLDLLA). Polymer yields ranged from 70 to 80%.  

 

4.2.3 Polymer Characterization 

To confirm the structure and purity of the polymers and to provide preliminary measurements of 

number average molecular weight, 
1
H-NMR spectra of the polymers and co-polymers were recorded in 
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DMSO-d6 at 400 MHz. The resulting peaks were compared to the solvent peaks relative to 

tetramethylsilane as reference. The polymer number average molecular weights were calculated by end 

group analysis from the signal intensity of the methyl group of octan-1-ol at δ = 0.85 ppm and MPEG 350 

at δ = 3.23 ppm, and the methylene group at δ = 2.3 ppm for EKC and methine group at δ = 5.1 ppm for 

DLLA. The number average molecular weight (Mn), the weight average molecular weight (Mw) and 

polydispersity index (PDI) were measured using a gel permeation chromatography (GPC) system 

consisting of a Waters 2960 separation module equipped with four Styragel HR columns (HR4.0, HR3.0, 

HR1.0, HR0.5 packed with 5 µm particles) in series. This was coupled with a Waters 410 differential 

refractometer detector and a Wyatt Technology DAWN EOS photometer multi-angle light scattering (LS) 

detector. Samples were prepared in anhydrous THF at concentrations of 30 mg/mL. The samples were 

filtered with a 0.45 µm syringe and 100 µL were injected into a column at 1.0 mL/min and 40ºC. The data 

were processed using Astra (version 4.90.08) software. The increments of refractive index (dn/dc) used in 

the molecular weight calculations were determined using a Wyatt Optilab rEX. For this purpose, samples 

were prepared in anhydrous THF at concentrations ranging from 3 mg/mL - 22 mg/mL. 

 

The thermal properties of the polymers were measured with a DSC 1 STARe system (Mettler 

Toledo). The samples were run at a heating and cooling rate of 10 ºC/min using the following temperature 

program. The sample was first cooled from 25ºC to -90ºC and held for 3 minutes at that temperature. This 

cycle was followed by heating from -90ºC to 105ºC with a hold time of 3 minutes at 105ºC. It was further 

cooled from 105ºC to -90ºC with a hold time of 3 minutes at -90ºC. Finally, the sample was heated from -

90ºC to 105ºC. The glass transition temperature (Tg) was obtained from the inflection point of the second 

heating cycle. The zero shear viscosity (η) of the polymers at temperatures ranging from 25ºC to 50ºC 

was measured using a TA Instruments AR 2000 rheometer ((TA Instruments, New Castle, DE). A parallel 

plate apparatus with cone stainless steel (0.5 DEG) attachment and 40 mm diameter was used in the 

steady-shear mode. 
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4.2.4 Polymer Degradation 

In vitro degradation of the polymers was studied using about 150 mg of the polymer in 1 mL of 

0.1M pH 7.4 phosphate buffer saline (PBS) at a temperature of 37ºC for 24 weeks without any 

agitation
147

. The buffer was replaced weekly and samples were washed with distilled water to remove 

residual salt and dried to a constant weight in an oven at 50ºC. Samples were assessed at each time point 

for weight loss, changes in molecular weight, composition and glass transition temperature. The glass 

transition temperatures of both the first and second heating cycle were reported.  The changes in 

molecular weight were determined using GPC as described above.  

 

4.2.5 Assessment of Monomer Cytotoxicity  

Cytotoxicity of the EKC monomer was assessed towards 3T3 fibroblasts (CCL 92)
167

. 20 mg of 

monomer were degraded in 2 mL of 8X Dulbecco‟s modified Eagle‟s medium (DMEM) pH 7.4 in an 

incubator maintained at 37ºC for 24 hours. The resulting solution was diluted 8 times with deionised 

water to make the solution isotonic and the pH adjusted to 7.4 with sodium hydroxide solution. This 

solution was diluted with DMEM and added to passage 7 3T3 fibroblasts at concentrations of 0 to 1.2 

mg/ml. 100 µL of the DMEM + degradation products solution supplemented with 5% fetal calf serum 

(FCS) was added to each well of a 96 well plate (n = 4). After 24 hours of culturing the cells, 10µL of cell 

proliferation reagent (WST-1) was added and allowed to incubate for 4 hours. The mitochondria 

conversion of the cells to a yellow metabolite was determined by measuring the absorbance at 440 nm (n 

= 4). The cytotoxicity of ε-caprolactone monomer degraded in the same fashion was also measured as a 

control.  The results are reported as a percent of cells remaining metabolically active as compared to 

controls that did not receive an aliquot of monomer degradation products. 
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4.2 Statistics 

 All polymer property measurements were done on triplicate samples and are reported as the 

average ± the standard deviation about the average. Pair-wise evaluations of significant difference were 

assessed using a Student t test with a p value of less than 0.05 considered significant. 

 

4. 3 Results and Discussion 

4.3.1 Synthesis of 5-ethylene ketal ε- caprolactone 

5-ethylene ketal ε-caprolactone (3) (EKC) was synthesized by the Baeyer-Villiger oxidation of 

1,4-cyclohexane monoethylene acetal (1) by meta-chloroperoxybenzoic acid (2) (Figure 4-1). The 

reaction was complete with an average recovery of 67 % after column separation. The structure of the 

monomer was confirmed using 
1
H-NMR spectroscopy in CDCl3 (Figure 4-2).  

 

 

Figure 4-1: Synthesis pathway for the formation of 5-ethylene ketal ε-caprolactone (3) 
166

. 
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Figure 4-2: 
1
H-NMR spectrum of 5-ethylene ketal ε-caprolactone obtained in CDCl3. 

 

4.3.2 Polymerization Kinetics 

The kinetics of the homopolymerization and copolymerization with DLLA initiated with octan-1-

ol was studied over 18 hours. Monomer conversion was determined using 
1
H-NMR spectroscopy by 

following the intensity of the peak at 2.7 ppm associated with the EKC monomer and the same peak in the 

growing polymer at 2.35 ppm. For these experiments, a 0.5 g polymer batch size was used. Figure 4-3A 

shows the conversion of the EKC monomer with time during homopolymerization while Figure 4-3B 

shows the conversion of EKC and DLLA with time during copolymerization 

 

a
bc

d

e,f
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Figure 4-3: Monomer conversion during ring opening polymerization using octan-1-ol as initiator 

and stannous octanoate as catalyst at a temperature of 110ºC. (A) EKC in OCT-PEKC (B) EKC 

and DLLA in OCT-PEKCDLLA. 

 

 

http://pubs.acs.org/action/showImage?doi=10.1021/bm200980a&iName=master.img-004.png&type=master
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For PEKC initiated with octan-1-ol, monomer conversion is almost complete after about 6 hours 

under these conditions. For copolymers with DLLA initiated with octan-1-ol, the polymerization of the 

EKC reached about 90% completion at about 6 h while the DLLA reached about 95% completion. EKC 

polymerized more slowly in the presence of DLLA compared to its homopolymerization. This slower 

polymerization is attributed to the differences in monomer reactivity. DLLA has a higher reactivity 

compared to ε-caprolactone, 
168

 and ε-caprolactone and EKC have the same reactivity 
148

. Thus, DLLA 

would be incorporated into the polymer at a faster rate compared to EKC. This difference in reactivity 

may lead to copolymers with blocky structures; however because of the small molar ratio of DLLA to 

EKC and the low molecular weight, the block lengths would be small. 

 

A polymerization temperature of 110ºC was chosen because above this temperature the 5-

ethylene ketal functional group was unstable and deacetylated to form a ketone pendant group. A 
1
H-

NMR spectrum of PEG-PEKCDLLA, obtained at a polymerization temperature of 120ºC for 24 hours, is 

provided in appendix A. The spectrum shows the appearance of peaks between δ= 2.7 and 2.9 ppm, 

corresponding to a ketone pendant group
166, 169, 170

.
 
 Pyrolysis of the polymer ester groups at 120ºC was 

also evident, in the form of carboxylic acid (δ = 12 ppm) and unsaturated (δ = 5.7 ppm, 5.9 ppm, 6.3 ppm) 

terminal groups.  A similar pyrolysis mechanism has been reported for the thermal degradation of poly(2-

oxepane-1,5-dione-ran-ε-caprolactone) in the presence of trace amounts of tin 
169

.  

 

4.3.2 Polymer Characterization 

Figure 4-4 shows the 
1
H-NMR spectrum of OCT-PEKCDLLA as obtained in DMSO-d6. The 

spectrum confirmed the expected major peaks associated with the backbone polymer and the end groups. 
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Figure 4-4: 
1
H-NMR of octan-1-ol initiated poly(5-ethylene ketal ε-caprolactone-ran-D,L-lactide, 

obtained in DMSO-d6. 

 

The number average molecular weight of the product polymers was calculated by end-group 

analysis using the 
1
H-NMR spectra and the signal intensity of the methyl group from octan-1-ol at  = 

0.85 ppm and methyl group of MPEG 350 at  = 3.2 ppm as the reference end group peaks, and the 

methylene group at  = 2.3 ppm for EKC and the methine group of DLLA at  = 5.1 ppm as the reference 

monomer peaks. The number average molecular weight was then calculated based on the number of each 

monomer in the resulting polymer, as calculated by the ratio of the reference monomer peak integration to 

the reference end group peak integration. This value of the number average molecular weight was then 

compared to that obtained via GPC measurement. Table 4-1 shows the monomer composition of the 
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polymers, their number average molecular weights as calculated via end-group analysis as well as by 

GPC, polydispersity index (PDI) obtained by GPC, and their glass transition temperature (Tg).  

 

Table 4-1: Physical properties of the synthesized polymers.  

Monomer feed ratio 

(EKC:DLLA (mol:mol)) 

Product 

monomer ratio 

(EKC:DLLA 

(mol:mol)) 

    Tg 

    (
o
C) 

 Mn 

 1
H-NMR 

 (Da) 

  Mn 

  GPC 

  (Da) 

PDI η37ºC                    

(Pa·s) 

E 

(kJ/mol) 

OCT-PEKC 

(12:0) 

13.2:0     -30     2390    2680 1.30 26.3 75.9 ± 2.4 

PEG-PEKC 

(12:0) 

OCT-PEKCDLLA 

(9.9:3.3) 

PEG-PEKCDLLA 

(9.9:3.3) 

OCT-PCLDLLA 

(12:4) 

PEG-PCLDLLA 

(12:4) 

12.9:0 

 

13.5:3.8 

 

10.6:3.5 

 

13.5:4.0 

 

16.6:4.6 

    -36 

 

    -21 

 

    -24 

 

    -51 

 

    -53 

    2570 

 

    3000 

 

   2610 

 

   2200 

 

   2780 

   2420 

 

   2700 

 

   2330 

 

   2200 

 

   2970 

1.53 

 

1.32 

 

1.42 

 

1.23 

 

1.33 

17.5 

 

106.1 

 

40.1 

 

2.1 

 

3.0 

69.2 ± 2.1 

 

92.8 ± 2.7 

 

84.9 ± 3.5 

 

51.6 ± 1.1 

 

49.4 ± 1.5 

 

The increments of refractive index (dn/dc) values, used in calculating the molecular weight by 

GPC, are listed in Table 4-2. The Mn obtained from 
1
H-NMR end group analysis and from GPC are in 

good agreement. However, the number average molecular weights of the polymer and the monomer ratios 

were higher than expected based on total monomer conversion and each initiator initiating a polymer 
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chain of equal length. This result is attributed to loss of low molecular weight polymer molecules during 

the purification procedure and incomplete monomer conversion. 

 

Table 4-2: Increment of refractive index of the polymers in THF 

Polymer   dn/dc 

(mL/g)  95% CI* 

OCT-PEKC 0.0737 (0.001) 

PEG-PEKC 

OCT-PEKCDLLA 

PEG-PEKCDLLA 

OCT-PCLDLLA 

PEG-PCLDLLA 

0.0822 (0.001) 

0.0655 (0.003) 

0.0749 (0.003) 

0.0682 (0.003) 

0.0638 (0.004) 

* CI = confidence interval 

 

4.3.3 Polymer Viscosity & Thermal Properties 

For the proposed application, an amorphous polymer with viscosity low enough to allow easy 

injection and high enough to provide control over drug release is required. Previous experience with low 

molecular weight poly(trimethylene carbonate), indicated that a viscosity of 10-100 Pa·s was desired to 

provide ready injection through standard gage needles while still producing a non-dispersible implant 

within the tissue
160

. Based on preliminary studies on the 37ºC viscosity of OCT-PEKC at different 

number average molecular weight (Figure 4-5), 2200 Da was chosen as a target number average 

molecular weight (Mn) for comparing the various polymers.  
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Figure 4-5: Viscosity measured at 37ºC of low molecular weight OCT-PEKC as a function of their 

number average molecular weight. 

 

For the copolymers, an EKC to DLLA molar ratio of 3:1 was chosen as a compromise between 

the anticipated increases in polymer degradation rate versus the increase in viscosity by incorporating a 

monomer that would increase the glass transition temperature. All the EKC based polymers were 

amorphous at the molecular weights obtained. The Tg of OCT-PCLDLLA and PEG-PCLDLLA were the 

lowest of the polymers examined.  This result can be attributed to the lower Tg of poly(ε-caprolactone) (- 

60ºC 
171

) relative to PEKC (-35ºC to -14ºC
165

). The influence of the initiator used on the Tg of the 

resulting polymer is demonstrated by comparing OCT-PEKC to PEG-PEKC; the Tg of PEG-PEKC was  

- 36ºC compared to OCT-PEKC with similar number of EKC units, which was -30ºC. The lower Tg of the 

PEG-PEKC is due to the ether bonds in the PEG conferring greater polymer chain flexibility and thus a 

lower glass transition temperature than is provided by the alkane group in the octan-1-ol. The Tg of these 

homopolymers are consistent with the -35ºC value reported for PEKC initiated with aluminium 

isopropoxide in toluene at 25ºC with molecular weight of 2600 Da
165

. The homopolymers had a lower Tg 
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compared to the co-polymers with DLLA, regardless of the initiator used. This result is due to the higher 

Tg of DLLA, which is about 55ºC, depending on molecular weight 
172

. 

 

The zero shear viscosities of the polymers were closely related to their glass transition 

temperature and all samples exhibited Newtonian flow behaviour. The viscosities ranged from 2.1 to 

106.1 Pa·s at 37ºC (Table 4-1). The Newtonian flow behaviour indicated that the polymers have 

molecular weights low enough that the polymer chains in the melt are not extensively entangled. For 

polymers and liquids at temperatures above their Tg, the zero shear viscosity η, is related to temperature 

by the following Arrhenius-type equation 
173

. 

 

      (1) 

 

In Eq (1) ηr is the zero shear viscosity at reference temperature Tr, E is the activation energy 

required for flow, R is the gas constant, and k is a constant. By fitting Eq (1) to the viscosity data plotted 

vs. T
-1

  (Figure 4-6), the slope of each curve (E/R) was obtained from which the activation energy was 

calculated.  
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Figure 4-6: Viscosity temperature dependence. The solid lines represent fits of the Arrhenius 

expression (Eq (1)) to the data. 

 

These activation energy values are listed in Table 4-1. The activation energy required for flow is 

influenced by the same properties as the glass transition temperature, and increases as polymer chain 

flexibility decreases. 

 

4.3.4 In Vitro Degradation  

As aliphatic polyesters, these polymers undergo hydrolysis in aqueous media. In vitro degradation 

of the polymers was done at a pH of 7.4 and temperature of 37ºC to gain an understanding of the 

influence of the hydrophilicity of the initiator used (MPEG versus octan-1-ol), and the influence of 

copolymerization with DLLA, on the rate of hydrolysis. The results would also give insight into how long 

the polymer would remain at the injection site after the drug has been delivered. Changes in sample 

weight, average molecular weight, composition and Tg with time were studied over 24 weeks.  
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The change in sample weight was determined by comparing the weight of the dry polymer at each time 

point to the weight of the dry polymer before degradation. Initially yellow and clear, the layer of the 

polymer directly in contact with water became opaque in the buffer due to water absorption (Appendix 

B). The weight loss with time of the EKC based polymers is given in Figure 4-7A while that of CL based 

polymers is given in Figure 4-7B.  
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Figure 4-7: Weight loss of the polymers during in vitro degradation in pH 7.4 PBS at 37ºC (A) 

influence of initiator and incorporation of DLLA for EKC containing polymers, and (B) 

comparative degradation of copolymers of CL with DLLA initiated with octan-1-ol and PEG. 

 

The EKC homopolymer initiated with MPEG 350 initially lost weight faster than the 

homopolymer initiated with octan-1-ol; however, after 3 weeks there was no significant difference in the 

rate of weight loss of the homopolymers, but the weight loss of the PEG-initiated polymers was greater 
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than those of the octan-1-ol initiated polymers as a result of the greater initial weight loss. Similarly, there 

was no significant difference in the degradation rate of the EKCDLLA copolymers with respect to the 

initiator used.  Thus, the hydrophilicity of the initiator had no significant effect on the rate of polymer 

hydrolysis after 3 weeks. The initial weight loss of the MPEG-initiated polymers could not be attributed 

to the presence of unreacted MPEG in the polymer, as the absence of unreacted MPEG and monomer in 

the purified polymers was confirmed via 
1
H-NMR (Appendix C). The 

1
H-NMR spectrum confirmed the 

absence of the OH peak associated with unreacted MPEG 350 at δ = 4.55 ppm and the proton peak (Ha) at 

δ = 2.7 ppm associated with the EKC monomer.  

 

As anticipated, incorporation of DLLA resulted in an increase in degradation rate of the 

copolymers over that of the EKC homopolymers (Figure 4-7A). For all EKC polymers and copolymers, 

after the first 3 weeks the degradation rate was nearly constant, while for CL based copolymers weight 

loss was slower initially, but increased noticeably between 14 and 24 weeks (Figure 4-7B). This latter 

degradation profile is characteristic of bulk erosion 
174

. Moreover, the EKC based copolymers degraded at 

a faster rate than the CL based copolymers. For example, by 14 weeks, PEG-PEKCDLLA had lost 43.6 ± 

10.4 % of its initial mass whereas PEG-PCLDLLA had lost 27.3 ± 3.9 %. Analysis of the 
1
H-NMR 

spectra of the degraded PEG-PCLDLLA and PEG-PEKCDLLA showed that there was significant 

cleavage of the ester bond between PEG and the aliphatic polyester as indicated by a significant reduction 

of the peak at δ = 3.23 ppm, assigned to the CH3 end group of the MPEG, with time (Appendix  D and E).  

As a result, the molecular weight change with degradation time could only be reliably determined by GPC 

and not end group analysis.  

 

As shown in Figure 4-8, the number average molecular weight of the EKC based homopolymer 

and copolymer initiated with octan-1-ol did not change significantly over the 24-week period. For the 

PEG initiated EKC homopolymer and EKCDLLA copolymer, the molecular weight increased slightly 

over the first 3 weeks due to the loss of the low molecular weight polymer fraction, then stayed relatively 
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constant, except for PEG-PEKCDLLA; by 24 weeks, the molecular weight of PEG-PEKCDLLA had 

decreased slightly. This loss in molecular weight was primarily a result of the hydrolysis of the ester bond 

associated with the PEG portion of the polymer. The molecular weight of the OCT-PCLDLLA and PEG-

PCLDLLA polymers did not change over the first 8 weeks; however at 14 weeks and afterwards, there 

was a significant decrease in molecular weight, which was more notable for PEG-PCLDLLA. By 24 

weeks the molecular weight of PEG-PCLDLLA was too low to be reliably measured.  

 

 

Figure 4-8: Number average molecular weight change of the polymers during in vitro degradation 

as measured using GPC. 

 

 To gain insight into the difference in rate of weight loss between the EKC and the CL based 

copolymers, the ratios of EKC to DLLA and CL to DLLA in the degrading copolymers were measured at 

each time point. The ratio of the monomers in the degraded polymers was determined using 
1
H-NMR by 

comparing the signal intensity at δ= 2.3 ppm for EKC and CL and 5.1 ppm for DLLA. The result is 
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shown in Figure 4-9. For the EKCDLLA copolymers, the ratio of EKC to DLLA remained the same over 

the 24-weeks period, whereas for the CLDLLA copolymers, the ratio of CL to DLLA remained the same 

for 14 weeks, after which the ratio became significantly greater. These results indicate that the EKC-EKC 

and EKC-DLLA ester bonds are as likely to undergo hydrolysis as the DLLA-DLLA bonds, whereas CL-

CL bond cleavage is less likely to occur than DLLA-DLLA cleavage.  

 

Figure 4-9: Change in monomer ratio of CL or EKC to DLLA during in vitro degradation. 

 

Following buffer removal and drying with a flow of air to remove surface water, the white, 

opaque polymer layers in contact with the buffer solution were separated and their thermal characteristics 

measured. Representative thermograms are given in Figure 4-10A for the EKC containing polymers at 

week 3. 
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Figure 4-10: DSC thermograms of A) the hydrated polymer layer in contact with the buffer 

solution, and B) the inner bulk of the polymer after 8 weeks incubation in buffer. 
a
 indicates the 

first heating cycle, and 
b
 indicates the second heating cycle, obtained following holding the polymer 

at 105ºC for 5 minutes, followed by cooling to -90ºC.  
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A distinct endotherm was observed in the first heating cycle, centred on 0ºC for both the PEG-

PEKC and OCT-PEKC, indicative of the melting of free water within this polymer layer. The glass 

transition during the first heating cycle is also broader, and at a lower temperature. Moreover, a broad 

evaporation endotherm is also observed. Following water evaporation by holding the polymer at 105ºC 

for 3 minutes then cooling and re-heating, a more distinct glass transition is apparent, occurring at a 

higher temperature, and the endotherms are no longer present. The thermal characteristics of the clear 

bottom layer of the degrading polymers were also measured to determine the degree of water penetration 

into the degrading polymer with time (Figure 4-10B). The melting endotherms are absent in the first 

heating cycles, showing that there was no free water in the polymer bulk. However, the glass transition 

observed during the first heating cycle was lower than that observed following holding the polymer at 

105ºC for 3 minutes then cooling and running the second heating cycle. As the molecular weight of the 

polymer does not change during degradation, this result indicates that water must have been present in the 

bulk phase and that it plasticized the polymers. 

 

The first heating cycle was used to measure the glass transition temperature of the hydrated 

polymer, and was then compared to glass transition temperature of the polymer following drying. The 

glass transition temperature (Tg) of the wet polymers was consistently lower than when dry, signifying 

that there was plasticization of these polymers due to the absorbance of water. Moreover, the Tg of the 

wet and dry EKC based polymers did not change markedly over the 24-week time period just as the 

molecular weight did not significantly change over the same time frame (appendix F). For the CLDLLA 

copolymers, the Tg did not significantly change over the first 14 weeks; however at 24 weeks, the Tg was 

significantly lower (appendix G). This latter result can be attributed to a combination of loss of the DLLA 

from the polymer combined with the reduction in polymer molecular weight. Furthermore, the influence 

of water plasticization on Tg on the CL based polymers was less pronounced at the initial time points, but 

became more significant as degradation proceeded. 
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Aliphatic polyesters typically degrade in a bulk erosion fashion. In this process, water penetrates 

the polymer more rapidly than the ester bonds are cleaved by hydrolysis. The ester bonds are cleaved in a 

random fashion, forming hydroxyl and carboxylic acid end groups. The acidic degradation products 

formed auto-catalyse hydrolysis and the degradation rate accelerates with time. Degradation products are 

eventually formed that are soluble in water and weight loss begins. Furthermore, the ester bonds of the 

more hydrophilic monomer in a copolymer degrade first
174

. The CLDLLA copolymers exhibit this type of 

erosion, with an onset of weight loss corresponding to a decrease in molecular weight, a decrease in Tg, 

and an increase in the CL component of the non-degraded polymer as degradation proceeded. By contrast, 

the EKC based polymers exhibited nearly linear weight loss, as well as constant Tg, composition, and Mn 

with degradation time. This result cannot be ascribed to classical surface erosion, because in classical 

surface erosion, the rate of water penetration into the polymer is slow in comparison to the rate of bond 

cleavage via hydrolysis and so hydrolysis is limited to a thin region near the surface 
175

. Although the 

EKC-based polymers exhibit surface erosion-like aspects, it is unlikely that classical surface erosion is 

occurring, as some water does penetrate into the bulk of the EKC-based polymers because the polymers 

were plasticized by water, and this occurs to a greater extent than within the CL-based copolymers, at 

least during the beginning stages of degradation. The degradation behavior of the EKC based polymers is 

a result of the fact that the EKC-EKC bonds are as likely to undergo cleavage as the DLLA-DLLA bonds 

combined with the facts that the EKC monomer is more polar than CL and so is likely to yield 

degradation products that are soluble in water at a higher Mn, and that the initial polymer molecular 

weight is low. As hydrolysis is random, few bond cleavages are required to form a water-soluble 

degradation product, which would be of an intermediate molecular weight. To support this explanation, 2 

mL of pH 7.4 PBS were added to 40 mg of PEG-PEKCDLLA and PEG-PCLDLLA in a glass vial and 

incubated at 37ºC for 24 hours. The supernatant was collected, frozen and lyophilized for 48 hours. The 

solid was dissolved in DMSO-d6 and the Mn calculated from 
1
H-NMR data. The molecular weight and 

the ratio of CL to DLLA of the PEG-PCLDLLA in the supernatant were 935 Da and 2:1, respectively, 

while the molecular weight and ratio of EKC to DLLA of the PEG-PEKCDLLA in the supernatant was 
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1320 Da and 3.3:1, respectively. Furthermore, there is a hydrated layer of polymer in contact with the 

buffer solution. Thus, weight loss is nearly linear likely because water-soluble degradation products are 

more rapidly formed in this hydrated layer and transported relatively quickly to the surface and therefore 

do not accumulate within the bulk. Water penetration into the polymer bulk occurs, but the degradation 

rate within the bulk is slower due to a lower amount of water present. 

 

4.3.4 Monomer Cytotoxicity  

To assess the potential of the EKC-based polymers as implantable biomaterials, the cytotoxicity 

of the degradation products of the monomer towards 3T3 fibroblasts was measured. As shown in Figure 

4-11, following exposure of the degradation products of the EKC monomer to 3T3 fibroblast cells, about 

80% of the cells retained metabolic activity comparable to unexposed controls.  

 

Figure 4-11: Cytotoxicity of degradation products of EKC and CL monomer to 3T3 fibroblast cells.  
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This result was similar to the activity of 3T3 fibroblast cells exposed to the same concentration of 

the degradation products of ε-caprolactone monomer. Thus, the degradation products of EKC monomer 

were no more toxic than ε-caprolactone monomer. Homo and copolymers of ε-caprolactone have a long 

history of safe clinical use, and so this result implies that the EKC homo and copolymers may be non-

toxic in vivo.  

 

4.4. Conclusions 

Low molecular weight poly (5-ethylene ketal ε-caprolactone) and its copolymer with D,L-lactide 

were prepared and their properties investigated as potential biodegradable, hydrophobic liquid injectable 

vehicles for local drug delivery. The polymerization was done at 110ºC to prevent backbone pyrolysis and 

deacetylation of the 5-ethylene ketal side group. The polymers were amorphous with low viscosity and 

therefore injectable at 37ºC. The viscosity was tuneable by choice of initiator and/or by copolymerizing 

with D,L-lactide; lower viscosity was attained by using PEG 350 as an initiator in comparison to octan-1-

ol as initiator while incorporation of D, L-lactide increased viscosity. The initiator used had no significant 

effect on the rate of mass loss in vitro, after the first three weeks. Co-polymers with D,L-lactide degraded 

faster than 5-ethylene ketal ε-caprolactone (EKC) homopolymers, due to the higher hydrophilicity of the 

D,L-lactide. For the EKC based polymers, a nearly linear degradation rate was observed. This finding was 

attributed to the hydrolytic susceptibility of the EKC-EKC ester linkage, which was comparable to that of 

the DLLA-DLLA linkage, coupled with the intermediate molecular weight of the water-soluble 

degradation product and the low molecular initial weight of the EKC-based polymers. Moreover, 

cytotoxicity of the hydrolysed EKC monomer to 3T3 fibroblast cells was the same as ε-caprolactone, 

suggesting that polymers prepared from EKC may be well tolerated upon in vivo implantation.  
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Chapter 5 

OSMOTIC PRESSURE DRIVEN PROTEIN RELEASE FROM VISCOUS 

LIQUID INJECTABLE POLYMERS BASED ON 5-ETHYLENE KETAL Ɛ-

CAPROLACTONE 

Iyabo Oladunni Babasola and Brian G. Amsden
 † 

 

Department of Chemical Engineering, Queen‟s University, Kingston, ON, Canada 

†
Human Mobility Research Centre, Kingston General Hospital, Kingston, ON, Canada 

 

This paper is focused on the second and third specific objectives of this research, which is to 

investigate the potential of polymers based on 5-ethylene ketal ε-caprolactone to deliver a protein using 

the osmotic release mechanism and to elucidate the mechanism by which proteins are released from the 

polymer.  
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Abstract 

In this study, the potential of low molecular weight, viscous liquid polymers based on 5-ethylene ketal ε-

caprolactone for localized delivery of proteins via an osmotic pressure release mechanism was 

investigated. Furthermore, the osmotic release mechanism from viscous liquid polymers was elucidated.  

5-ethylene ketal ε-caprolactone was homopolymerized or copolymerized with D,L-lactide (DLLA) by 

ring-opening polymerization. Polymer hydrophobicity was adjusted by choice of initiator; hydrophobic 

polymers were prepared by initiating with octan-1-ol while more hydrophilic polymers were prepared by 

initiating with 350 Da methoxy polyethylene glycol (PEG). Particles consisting of bovine serum albumin 

(BSA) as a model protein drug were co-lyophilized with trehalose at 50:50 and 10:90 (w/w) ratios and 

were mixed into the polymers at 1 and/or 5% (w/w) particle loading. The release and mechanism of 

release of BSA from the polymers were assessed in vitro. BSA was released in a sustained manner, with a 

near zero-order release profile, and with no initial burst effect for 5 to 80 days depending on the 

polymer‟s hydrophilicity; the release was faster from the PEG initiated polymers than from the octan-1-ol 

initiated polymers. Increasing the particle loading from 1 to 5% (w/w) resulted in a more noticeable burst 

effect, but did not significantly increase the mass fraction release rate. Using fluorescently labeled BSA 

and a laser scanning confocal microscope, this release behaviour was determined to proceed as follows. 

Release from the polymer was triggered by the water activity gradient between the surrounding aqueous 

medium and the saturated solution, which forms when water is absorbed from the surrounding medium to 

dissolve a given particle. The generated pressure initiates swelling around the particle/polymer interface, 

and creates a highly hydrated polymer region through which the solute is transported by convection, at a 

rate determined by the osmotic pressure generated and the hydraulic conductivity of the polymer. These 

studies indicate that low molecular weight 5-ethylene ketal ε-caprolactone based polymers may be 

suitable as a viscous, injectable medium for localized delivery of therapeutic proteins via the osmotic 

release mechanism. 
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5.0 Introduction  

Protein and peptide therapeutics have become an important class of drugs, and numerous 

protein therapeutics have been approved for use or are in advanced clinical testing 
176

. Due to the 

intrinsic physico-chemical and biological properties of these proteins, a safe, effective and patient 

friendly delivery approach for these proteins remains a challenge 
91, 149

. To improve patient 

compliance and achieve the optimal therapeutic effects without toxicity and unfavorable side 

effects, it would be ideal to have injectable formulations that could provide local and sustained 

release of protein therapeutics within the therapeutic range over a period of several days, weeks 

or even months.  

 

For this purpose, liquid, injectable, hydrophobic and biodegradable polymeric vehicles 

may be advantageous as they allow facile incorporation of thermally sensitive drugs such as 

proteins and peptides by simple mixing 
131, 133

, and they are injectable through standard gauge 

needles, and so can be administered via minimally invasive means 
131, 177

. There is restricted water 

penetration into these polymers, which may provide enhanced stability for drugs such as proteins 

incorporated as solid particles 
30

. The viscosity and thus the injectability of the polymers can be 

controlled by appropriate selection of monomers and initiator 
30, 130, 131

. For this strategy to be 

effective there must be a compromise between injectability and effective depot formation. The 

polymer must be have a viscosity low enough to allow easy injection while still high enough to 

reduce dispersion within the tissue and thus provide control over drug release. Previous work by 

Timbart and co-workers
30, 160

 indicated that a viscosity of 10-100 Pa∙s was necessary to provide 

ready injection through standard gauge needles while still producing a non-dispersible implant 

within the tissue. 
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Poly(5-ethylene ketal ε-caprolactone) (PEKC) could be a promising injectable delivery 

system for protein therapeutics. PEKC has a similar chemical structure as poly(ε-caprolactone), 

except that the gamma carbon is substituted with an ethylene ketal pendant group (Figure 5-1). 

PEKC is amorphous and has a low viscosity of 17.5 to 26.3 Pa·s at a molecular weight of about 

2500 Da and at 37ºC, depending on the initiator used (Table 5-1) 
130

. EKC can be readily 

copolymerized with other monomers, such as D,L-lactide, to control viscosity (Table 5-1), and 

biodegradability (Figure 5-2) 
130

. Viscosity can also be controlled by adjusting molecular weight 

(Table 5-1). The pendant ketal group increases the hydrophilicity of the polymer, which enhances 

its hydrolytic degradation. Low molecular weight PEKC, and its copolymers, degrade by surface 

erosion (Figure 5-2),
130

 a feature that might be advantageous in preserving the bioactivity of 

incorporated therapeutic proteins. 

 

 

Figure 5-1: Structure of: A) poly(ε-caprolactone) and B) poly(ethylene ketal ε-

caprolactone). 
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Table 5-1: Physical characteristics of the polymers used 
130

 

Polymer Designation monomer ratio 

(EKC:DLLA 

(mol:mol)) 

    Tg
a 

    (
o
C) 

  Mn
b 

(Da) 

PDI
c 

η37ºC
d

                    

(Pa·s) 

OCT-PEKC 13.2 : 0 -32.4 2390 1.40 26.3 

PEG-PEKC 12.9 : 0 -35.7 2570 1.17 17.8 

OCT-PEKCDLLA 1 10.0 : 3.5 -22.1 2340 1.32 79.4 

OCT-PEKCDLLA 2 13.0 : 4.0 -19.7 2810 1.26 129.0 

PEG-PEKCDLLA 10.6 : 3.5 -25.0 2610 1.26 55.2 

a
 glass transition temperature, 

b
 number average molecular weight, 

c
 polydispersity index, 

d
 zero 

shear rate viscosity at 37ºC. 

 

 

Figure 5-2: Degradation profile of PEKC and EKC copolymerized with DLLA, prepared 

with either octan-1-ol (OCT-PEKC, OCT-PEKCDLLA) or 350 Da methoxy poly(ethylene 

glycol) (PEG-PEKC, PEG-PEKCDLLA) in 0.1 M PBS at 37 °C and pH 7.4 (reproduced 

from 
130

 , used with permission). 
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An osmotic pressure release mechanism was used as it can provide a linear release profile 

with very minimal initial burst
30

. The osmotic pressure release mechanism for viscous liquid 

polymers is incompletely understood, but is believed to occur as follows 
133, 147

. Water from the 

surrounding medium dissolves into and diffuses through the polymer matrix until it encounters a 

polymer-enclosed drug particle. At the particle/polymer interface, the water phase dissolves a 

portion of the particle to form a saturated solution. The water activity in the saturated solution 

formed is much less than that in the surrounding aqueous medium. This difference generates an 

activity gradient between the solution at the particle surface and the surrounding medium. The 

activity gradient draws water into the polymer to generate an osmotic pressure equal to the 

osmotic pressure of the saturated solution. The pressure generated drives the solution through the 

polymer towards the surface, where the pressure is lower. The means by which the solution is 

moved through the polymer phase has not yet been clarified.  

 

Most proteins have low solubility in water and generate low osmotic pressures. For 

example, a saturated solution of bovine serum albumin (BSA) with a molecular weight of 66 kDa 

would generate an osmotic pressure of approximately 12 atm at 25°C
178

; this is not sufficient 

osmotic activity to drive its release 
30, 178

. However, a saturated solution of the non-reducing sugar 

trehalose, can provide an osmotic pressure of 92 atm at 37°C 
147

which is sufficient to drive the 

release of proteins from viscous liquid polymers to the release medium
30

. Thus, intimately mixing 

trehalose with the protein can be used to generate the necessary osmotic pressure to drive the 

release of the protein, plus trehalose, from the polymer. 
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The first objective of this study was to explore the potential of an injectable delivery 

vehicle consisting of low molecular weight poly(5-ethylene ketal ε-caprolactone) (PEKC) or its 

copolymer with D,L-lactide (DLLA) for the delivery of proteins using the osmotic pressure 

release mechanism. For this purpose, BSA as a model protein was used because it has previously 

been shown to release at the same rate with therapeutic protein such as VEGF, using the osmotic 

release mechanism. The second objective was to more clearly elucidate the mechanism of 

osmotic release of proteins from viscous liquid polymers, and in particular, the means by which 

the dissolved solute is transported through the polymer phase to the release medium.  

 

5.1.Materials 

1,4-cyclohexanedione monoethylene ketal (97% purity), meta-chloroperoxybenzoic acid 

(MCPBA) (97% purity), octan-1-ol (anhydrous, 99% purity), stannous 2-ethylhexanoate (95% 

purity), Dulbecco‟s phosphate buffered saline (PBS), sulphuric acid, phenol, methoxy 

poly(ethylene glycol) with an average molecular weight of 350 Da (MPEG 350), bovine serum 

albumin (≥ 98% purity), D-(+)-trehalose dihydrate (≥ 99% purity), and succinic acid (99% purity) 

were obtained from Sigma-Aldrich, ON, Canada. D,L-lactide was obtained from Purac, the 

Netherlands and purified by recrystallization from dried toluene. The bicinchoninic acid (BCA) 

protein assay kit was purchased from Pierce, Rockford, IL, USA.  

 

5.2 Methods 

5.2.1 Synthesis of 5-ethylene ketal ε-caprolactone-based copolymers 

The 5-ethylene ketal ε-caprolactone monomer was prepared by the Baeyer-Villiger 

oxidation of 1,4-cyclohexanedione monoethylene ketal by meta-chloroperoxybenzoic acid 
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(MCPBA), and used to prepare EKC homopolymers and copolymers with DLLA, initiated with 

octan-1-ol and methoxy PEG, via ring-opening polymerization utilizing stannous 2-

ethylhexanoate as a catalyst, as described previously 
130

. The properties of these polymers are 

listed in Table 5-1. 

 

5.2.2 Preparation of protein particles 

The protein particles were prepared by dissolving trehalose and BSA at a weight ratio of 

50:50 and 90:10 in 10 mL of 0.5 mM pH 7 succinate buffer. This solution was frozen in liquid 

nitrogen, then lyophilized on a Modulyo D freeze dryer (Thermosavant, USA) at -50°C and 100 

mbar. The resulting powder was sieved through a #325 Tyler sieve to yield < 45 μm particles.  

 

5.2.3  In vitro BSA release 

A known amount of lyophilized protein particles was suspended with a known amount of 

polymer by physical mixing. The lyophilized particles were loaded into the polymer at 1 and 5% 

(w/w). To facilitate mixing, the polymer was initially warmed to 40°C. Following mixing, the 

protein-loaded polymer was drawn into a plastic 1 mL syringe, and approximately 100 mg 

dispensed into the base of a 2 mL glass vial to fill the bottom of the vial to a height of 

approximately 3 mm. The exact weight of the mixture in each vial was recorded. The vials were 

filled with 0.8 mL of 37°C pH 7.4 PBS containing 0.02% (w/v) Tween 20 and 0.02% (w/v) 

sodium azide. The Tween 20 was added to prevent non-specific adsorption of the BSA to the 

glass vials 
133

 and sodium azide was added as an antimicrobial. The vials were capped and placed 

on a rotary mixer rotating at 300 rpm and maintained at 37°C. For each condition, triplicate 

samples were prepared. As controls, polymer-only samples were also prepared. At frequent 
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sampling intervals, the buffer was replaced with fresh buffer. The removed buffer was stored at -

80°C until analyzed.  

 

The BSA concentration in the release medium was measured on a microplate 

spectrophotometer at a single wavelength of 562 nm using the bicinchoninic acid (BCA) protein 

assay in accordance with the supplier's protocol. The released trehalose was quantified by using a 

phenol-sulfuric acid calorimetric assay as follows 
30

. 5 μL of 80% phenol in distilled water was 

added to 0.3 mL of diluted released media, gently mixed, and 1 mL of concentrated sulfuric acid 

was added, the stream of acid being directed against the liquid surface. After 10 minutes, the 

liquid was vortexed and left for 20 minutes at 30°C, after which 100 μL was placed in triplicate in 

a 96 well plate and absorbance measured at 480 nm. The concentration of trehalose in the release 

medium was determined by using calibration curves of known concentrations of trehalose varying 

from 0 to 300 µg/mL in PBS. 

 

5.2.4 Elucidation of Release Mechanism 

To investigate the release mechanism, fluorescein isothiocyanate conjugated BSA (FITC-

BSA) was incorporated into the protein particles.  The particles were prepared by dissolving 

183.9 mg of trehalose, 23.6 mg of BSA and 4.1 mg of (FITC-BSA) in 20 mL of 0.5 mM, pH 7.4 

succinate buffer. The solution was lyophilized, and the resulting particles sieved to < 45 µm and 

loaded into the OCT-PEKCDLLA 2 at 1% (w/w) loading as described above. About 18 mg of the 

protein-loaded polymer was injected into a glass tube with an internal diameter of 0.8 mm and a 

length of 3.5 cm. The polymer filled the tube to a height of ~ 10 mm. The tube was then filled 

with release buffer to a height of 3 cm and placed upright in an oven maintained at 37ºC. At given 
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time points, the tube was removed from the oven and mounted flat on the stage of an Olympus 

FV1000 confocal microscope. The FITC-BSA particle loaded polymer was imaged prior to 

release at depths of up to 300 µm from the surface, at a step size of 10 µm, and at days 7 and 14 

via laser scanning confocal microscopy and brightfield microscopy.  

 

5.3 Statistics 

 All release experiments were done in triplicate and results are reported as the average ± 

the standard deviation about the average. Evaluations of significant difference between group 

means were assessed using a one-way Kruskal-Wallis ANOVA. A p value of less than 0.05 was 

considered significant. 

 

5.4 Results  

5.4.1  In vitro BSA release  

Due to the low viscosity of the polymers, the trehalose-BSA particles were evenly 

distributed throughout the polymers by physical mixing (Figure 5-3). The average diameter of the 

particles was less than 45 µm as anticipated. To form solid particles with an osmotic activity 

capable of driving BSA release from the polymer, BSA was lyophilized with trehalose, which is a 

compatible osmolyte that has been used previously to drive the release of VEGF from 

poly(trimethylene carbonate)
30

. The release experiments were performed in such a manner as to 

approximate release from a slab configuration, under near perfect sink conditions. 
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Figure 5-3: Image of lyophilized trehalose and BSA containing FITC-BSA loaded into 

OCT-PEKCDLLA at 1 % loading obtained using a laser scanning confocal microscope. The 

image was taken from the top of the tube, prior to adding water and was generated by 

stacking images taken at different depths.  The scale bar represents 50 µm. 

 

5.4.2 Effect of initiator hydrophilicity and copolymerization with 

DLLA on release  

Previous work by Sharifpoor and Amsden showed that almost 100% of incorporated 

vitamin B12 was released from 1315 Da poly(trimethylene carbonate) in a sustained manner via 

the osmotic release mechanism 
147

. This release was achieved by lyophilizing trehalose and 

vitamin B12 at a weight ratio of 50:50, sieving the particles to less than 25 μm, and loading the 

particles in the polymer at 1% (w/w). Vitamin B12 was released faster from a copolymer of ε-

caprolactone with trimethylene carbonate (viscosity of 2.7 Pa·s) compared to poly(trimethylene 

carbonate) (viscosity of 16.8 Pa·s) of similar molecular weight, suggesting that polymer viscosity 

influenced release. Furthermore, the release mechanism relies on water imbibition into the 

polymer. It was thus expected that utilizing PEG as the initiator would result in an increase in the 

release rate over that observed for polymers initiated with octan-1-ol, as PEG is more hydrophilic 

Top of the tube

FITC BSA particles dispersed 

in polymer
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and would allow for faster and increased water penetration into the polymer. To test this 

hypothesis, BSA release from EKC based polymers with varying viscosities and with PEG and 

octan-1-ol as the initiators was investigated using a BSA : trehalose weight ratio of 50:50 and a 

1% particle loading.   

 

For all the polymers examined, release proceeded with a very low burst amount (less than 

6%), after which a constant release phase was observed. The duration and rate of the constant 

release phase varied, depending on the nature of the initiator used to prepare the polymer. When 

the hydrophobic initiator (octan-1-ol) was used, the release of BSA appeared to be influenced by 

polymer viscosity (Figure 5-4A). The release rate of BSA increased as polymer viscosity 

decreased (Figure 5-4B), with release rates of 1.2 ± 0.1, 5.4 ± 0.6, and 9.4 ± 0.4%/day, for OCT-

PEKCDLLA 2 (η37ºC = 129 Pa·s), OCT-PEKCDLLA 1 (η37ºC = 79.4 Pa·s), and OCT-PEKC (η37ºC 

= 26.3 Pa·s), respectively (p = 0.03).  
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Figure 5-4 A) Cumulative mass fraction release of BSA from octan-1-ol initiated polymers 

of comparable number average molecular weight. B) BSA release rate versus viscosity of 

octan-1-ol initiated polymer. The error bars indicate the standard deviation of 3 

independent release experiments.   The straight lines in A represent linear regressions over 

the times indicated by the length of the line. For each regression, the coefficient of 

determination was ≥ 0.92. 

 

As proposed, BSA was released faster from the PEG initiated polymers (Figure 5-5). 

However, for these polymers, BSA release did not increase as polymer viscosity decreased. The 

BSA was released faster from PEG-PEKCDLLA (η37ºC = 55.2 Pa·s) than from PEG-PEKC (η37ºC 

= 17.8 Pa·s) (p = 0.049). Over the first 5 days, the release rate of BSA from PEG-PEKC was 14.7 

± 0.3%/day, while that for PEG-PEKCDLLA was 18.6 ± 0.7%/day. 
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Figure 5-5: Cumulative mass fraction release of BSA from PEG-initiated polymers of 

comparable number average molecular weight. The error bars indicate the standard 

deviation of 3 independent release experiments.  The straight lines represent linear 

regressions over the times indicated by the length of the line. For each regression, the 

coefficient of determination was ≥ 0.92. 

 

The release profile of BSA from PEG-PEKC and PEG-PEKCDLLA might be suitable for 

proteins that need to be released in less than 10 days, but not for proteins that need to be released 

over longer time periods. As multi-week, and nearly constant, protein release is advantageous in a 

number of applications, formulations using OCT-PEKCDLLA 2 as a basis were examined 

further. 
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5.4.3 Effect of particle trehalose content and total particle loading on 

release 

Based on previous work for osmotically driven release from liquid injectable polymers
147

, 

low melting point microspheres 
179

 and elastomers 
123, 125

, it was expected that BSA release would 

increase as trehalose content in the particle increased due to an increase in solution osmotic 

pressure generated upon dissolution of the particles in the polymer. To determine the extent of 

increase in release rate in the EKC-based polymers, formulations containing trehalose content of 

90% (w/w) in the particles, and a particle loading of 1% (w/w) in OCT-PEKCDLLA 2 were 

examined. Linear release profiles were again obtained (Figure 5-6), with the release rate being 

higher for the formulation containing 90% (w/w) trehalose in the particles. By increasing the 

trehalose concentration in the particle from 50% (w/w) to 90% (w/w), the release rate increased 

by 27%; BSA was released from the formulation containing 50% (w/w) trehalose at 0.96 ± 

0.02%/day compared to 1.24 ± 0.02%/day from the formulation containing 90% (w/w) trehalose 

for the first 70 days.  
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Figure 5-6: BSA release from OCT-PEKCDLLA 2 loading with 1% and 5% particles 

containing 90% trehalose and 10% BSA. The error bars indicate the standard deviation of 

3 independent release experiments. The straight lines represent linear regressions over the 

times indicated by the length of the line. For each regression, the coefficient of 

determination was ≥ 0.99. 

 

For release from elastomer systems, increasing the particle loading increased the release 

rate 
31, 123

. The influence of loading on release from liquid injectable polymer systems has not yet 

been elucidated. To determine whether the BSA release rate from the OCT-PEKCDLLA 2 was 

influenced by the total loading of particles into the polymer, BSA release from particles 

containing 90% trehalose was examined with particle loadings of 1% and 5% (w/w). Increasing 

the particle loading from 1 to 5% (w/w) resulted in a slightly longer time frame before linear 

release was observed (Figure 5-6). Linear release was noticeable after 1 day for the 1% particle 

loading formulation, whereas linear release was not observable until after 4 days for the 5% 

particle loading formulation. The total mass fraction of BSA released during the initial periods of 
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nonlinear release were ~ 10% for the 1% (w/w) particle loading case and 21% for the 5% (w/w) 

particle loading case. Following the initial period of nonlinear release, the linear release rates for 

both formulations were statistically equal (p = 0.83). BSA was released from the formulation with 

1% (w/w) loading at 1.24 ± 0.02%/day compared to 1.17 ± 0.02%/day for the 5% (w/w) loading 

case, over the same time frame.  

 

 In a  previous study
30

, vascular endothelial growth factor (VEGF) and trehalose were 

released at the same rate from liquid poly(trimethylene carbonate) as would be expected if a 

similar osmotic pressure release mechanism as proposed for release from elastomers was driving 

the release for viscous liquid polymers. In this study, with the formulation containing particles 

with 50% (w/w) trehalose, trehalose and BSA were also released at the same rate (Figure 5-7A). 

However, for formulations containing particles with 90% trehalose, trehalose was released at a 

slightly greater rate than was BSA (Figure 5-7B). With particle compositions of 90% (w/w) 

trehalose, the particles loaded at 1% (w/w) released trehalose faster than the particles loaded at 

5% (w/w) in the early stages of release.  
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Figure 5-7:Mass Fraction of trehalose and BSA released from OCT-PEKCDLLA 2 using 

particles with a trehalose to BSA weight ratio of (A) 50 : 50 at 1 % (w/w) loading and (B) 90 

: 10 at 5 % (w/w) loading. 
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5.4.4 Release mechanism 

In order to elucidate the release mechanism, the release of FITC-BSA with time from 

OCT-PEKCDLLA 2 was studied visually using images taken with a laser scanning confocal 

microscope. In Figure 5-8, the fluorescent image obtained from the laser scanning confocal 

microscope has been overlaid with the corresponding brightfield image.  

 

 

Figure 5-8:Confocal laser scanning microscope images showing water penetration into 

OCT-PEKCDLLA 2 containing dispersed FITC BSA particles taken at day 7 (left) and at 

day 14 (right).  The scale bar represents 50 μm.  

 

The image on the left and the image on the right were taken at day 7 and 14 respectively. 

As was shown in Figure 5-3, prior to adding water to the tube, the particles were evenly dispersed 

in the polymer. By day 7, water had diffused into the upper region of the polymer, and had begun 

dissolving dispersed particles. The solution formed created swollen capsules that are clearly 

visible in the brightfield image. Capsules very near the interface can be seen that also contain 

undissolved solid particles fluorescing green in the overlay image. By day 14, a fluorescent halo 
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surrounded the capsules visible in the overlaid brightfield/fluorescent images. The polymer region 

surrounding the capsules also fluoresced green, with this region of fluorescence extending 

towards and reaching the polymer/aqueous medium interface. Also apparent is dissolved and 

released FITC-BSA in the aqueous medium above the polymer.  

 

5.5 Discussion 

The release results show that BSA and trehalose are being released at almost the same 

rate, therefore release must be dominated by convective flow and not diffusion. Moreover, the 

imaging experiments show FITC-BSA in the polymer region surrounding the swelling particles, 

and that this fluorescence is nearly homogeneous, indicating that distinct pores are not being 

formed. Based on these observations, the following release mechanism is proposed. 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. This phase of release corresponds to the 

observed burst. Water from the surrounding medium also dissolves into, and diffuses through, the 

polymer matrix until it encounters a polymer-enclosed drug particle. At the particle/polymer 

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 polymer to generate an osmotic pressure equal to the 

osmotic pressure of the saturated solution at the particle/polymer interface. The pressure causes 

the capsule to swell, with the swelling extent determined by the polymer‟s hydraulic conductivity 

and hydrophilicity. As a result of the pressure generated and the low molecular weight of the 

polymer, water is forced into the polymer region surrounding the capsules. The water forced into 

the surrounding polymer forms what have been termed “zones of excess hydration”
180

. At some 
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point in time, these zones overlap to form a continuous pathway extending to the surface. The 

dissolved solutes are transported by convection through this hydrated region, driven by the 

osmotic pressure difference between the dissolved solute at the particle/polymer interface and the 

external medium. A pictorial representation of the proposed release mechanism is shown in 

Figure 5-9.   

 

 

Figure 5-9: Pictorial representation of proposed osmotic swelling mechanism that involves 

zones of excess hydration where solute transport is facilitated. (A) Water from the 

surrounding medium dissolves into and diffuses through the polymer matrix until it 

encounters a polymer-enclosed drug particle (B) At the particle/polymer interface, the 

water phase dissolves a portion of the particle to form a saturated solution. (C) This activity 

gradient between the solution at the particle surface and the surrounding medium draws 

water into the polymer to generate an osmotic pressure equal to the osmotic pressure of the 

saturated solution. The pressure generated drives the solution to the surrounding polymer 

known as the “zone of excess hydration” (D) More solute is diffused through the swollen 

polymer or clusters of water dispersed in the polymer causing an overlap of these zones of 

excess hydration as it extends towards and reaches the polymer/aqueous medium interface.  
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This release process is analogous to the Starling model for convective flow through a 

semi-permeable membrane, expressed as 
181

 

 

      (1) 

In Equation (1) J is solute flux, k is the hydraulic conductivity of the polymer, ΔΠ is the osmotic 

pressure difference between the water at the particle/polymer interface and the external medium, 

and Cs is the solute concentration in the hydrated region. 

 

From the proposed release mechanism, the observed release results can be explained as 

follows. The release rate of the encapsulated solid agent is determined by the amount of water 

within the zones of excess hydration. This is in turn determined by the hydraulic conductivity of 

the polymer. The PEG initiated polymers are more hydrophilic compared to the hydrophobic 

octan-1-ol initiated polymers 
182, 183

. As a result, the hydraulic conductivity of the PEG initiated 

polymers is greater. They absorb more water and water absorption is faster, creating a larger 

“zone of excess hydration”, and therefore releasing more solute at a given time to the 

polymer/aqueous phase interface compared to the more hydrophobic octan-1-ol initiated 

polymers. With the PEG initiated polymers, BSA release was independent of viscosity; however, 

with the hydrophobic polymers, viscosity appeared to be influential. The influential factor in the 

release kinetics is the hydraulic permeability of the polymer; when hydraulic permeability of the 

polymer is high, viscosity is less influential. 

 

J = k DP( )Cs
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 BSA release from the more hydrophobic polymer (OCT-PEKCDLLA 2) increased as 

trehalose content in the loaded particles increased due to the increase in osmotic pressure 

generated upon dissolution of a particle in the polymer, as anticipated. This finding has been 

noted in osmotically driven release from liquid injectable polymers
147

, low melting point 

microspheres 
179

 and elastomers 
123, 125

. Our result indicate that more water was absorbed into the 

polymer as a result of the osmotic pressure generated, increasing the extent of the zone of excess 

hydration, which increased solute release. The almost complete, sustained and near zero order 

release profile observed as a result of osmotic pressure generated upon dissolution of the particle 

was expected, based on previous results 
30, 147

. The particle loading used was 1% w/w or 5% w/w; 

this value is below the percolation threshold, which is about 33% for most geometries 
122, 147

. The 

percolation threshold is defined as the volume fraction of dispersed particles at which enough 

particles are touching so as to form a path spanning the thickness of the device
122

. The osmotic 

pressure release dominates when the total volumetric loading of the particle in the polymer is 

below the percolation threshold
123, 184

. 

 

 Based on previous osmotically induced studies from elastomers, where solute release is 

determined by the mechanical properties of the device, 
123, 125

, increasing the particle loading 

increased release rates due to the resulting thinner polymer wall that surrounded a given 

entrapped particle. In elastomeric devices, due to the pressure gradient generated when water is 

drawn into the capsule, cracks are formed, which connect the content of the capsule to the pore 

network, allowing transport of the dissolved contents towards the surface 
123, 125

. However, in our 

studies where solute is released through the “zone of excess hydration”, by increasing the particle 

loading from 1% (w/w) to 5% (w/w), a short, non-linear initial burst release was observed at 
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higher particle loading due to the expected increase in fraction of the particles that would reside at 

the surface. Increasing the total particle loading, provided it remains below the percolation 

threshold, would result in the overlap in the zones of hydration to occur sooner. Nevertheless, the 

hydraulic permeability and osmotic driving force would remain the same, and so the near zero 

order mass fraction release rate is unaffected.  

 

  It must also be noted that the polymer is undergoing hydrolytic degradation during the 

release phase. Nonetheless, with this polymeric delivery system, the acidic degradation products 

formed are water soluble and do not accumulate within the polymer but are released to the release 

media shortly after they are formed, confining polymer degradation and thus solute release to the 

surface. However, given that extended periods of constant release were observed when non-

hydrolyzable poly(trimethylene carbonate) was used 
30

 which were similar in time scale to the 

release duration in this study when OCT-PEKCDLLA 2 was used, it would appear that the 

influence of polymer degradation on the release rate is not large. The low impact of polymer 

degradation on release may be due to the fact that degradation is proceeding more slowly than 

solute is being released. 

 

5.6 Conclusions 

These studies indicate that low molecular weight poly(5-ethylene ketal ε-caprolactone) 

based polymers have many suitable qualities to act as a viscous, injectable polymer for localized 

delivery of therapeutic proteins in a sustained manner, with a near zero-order release profile and 

with minimal burst effect via the osmotic release mechanism. BSA encapsulated with trehalose as 

the osmotigen was transported by convection driven by the osmotic pressure generated, through 
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interconnected hydrated regions formed by the transport of excess water into the swelling particle 

region. The osmotic pressure generated by the dissolved particle and the hydraulic permeability 

of the hydrated zone surrounding the swelling particle region determines to a large extent the rate 

of solute release from these delivery systems. The hydraulic permeability of the polymer can be 

varied by the choice of initiator used in the ring opening polymerization and/or by 

copolymerizing with D,L-lactide.   
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Chapter 6 

IN VIVO DEGRADATION AND TISSUE RESPONSE TO OCTAN-1-

OL INITIATED POLY(5-ETHYLENE KETAL Ɛ-CAPROLACTONE-

CO-D,L LACTIDE) 

Iyabo Oladunni Babasola, Juares Bianco
†
 and Brian G. Amsden

†
 

 

Department of Chemical Engineering, Queen‟s University, Kingston, ON, Canada 

†
Human Mobility Research Centre, Kingston General Hospital, Kingston, ON, Canada 

 

This paper focuses on the fourth specific objective of this thesis, which was to investigate 

the in vivo biodegradation and tissue response to octan-1-ol initiated poly(5-ethylene ketal ε-

caprolactone-co-D,L lactide) when subcutaneously implanted in rats. The sectioning of the tissue 

after retrieval from the animal, the histology and immunohistological stainings and macrophage 

count were done by Juares Bianco, the second author of this paper.  
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Abstract 

The purpose of this study was to measure the in vivo biodegradation rate and assess the tissue 

response to octan-1-ol initiated poly(5-ethylene ketal ε-caprolactone-co-D,L-lactide) (OCT-

PEKCDLLA) after subcutaneous injection in rats. The mass loss, change in molecular weight, 

change in composition and thermal properties of the polymer were monitored and evaluated as a 

function of implantation time over an 18 week period. The tissue response was assessed 

histologically using Masson‟s trichrome staining and immunohistochemically by staining for 

CD68 positive cells. The polymer lost weight with time in a nearly linear fashion and this was not 

accompanied by a significant change in number average molecular weight, polydispersity index, 

glass transition temperature and monomer ratio for 18 weeks, indicating a surface erosion 

process. A moderate foreign body reaction with the infiltration of numerous cells into the 

implantation site with no fibrous capsule formation was observed in the first week. The infiltrated 

cells at the implantation site consisted of granulocytes, fibroblasts and macrophages adjacent to 

the polymer-tissue interface, which persisted with the formation of fibrous capsule around the 

implant. The inflammatory response decreased with implantation time, but was still ongoing at 18 

weeks, due to incomplete resorption of the polymer. The tissue response to the polymer was 

moderate and comparable to that reported in the literature for poly(trimethylene carbonate), 

poly(lactic acid) and poly(lactic-co-glycolic acid). This study demonstrates that OCT-

PEKCDLLA biodegrades in vivo in a surface erosion fashion, with a moderate tissue response to 

the degradation products of the polymer, indicating that the polymer is biocompatible. These 

findings make this polymer a potential candidate for injectable drug delivery, and other 

biomedical applications.  
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6.0 Introduction  

There is an increased demand for drug-delivery systems that can provide local, controlled 

and sustained release of drugs via a minimally invasive procedure. To meet these demands, a 

number of different polymer formulation approaches have been investigated that can be injected 

directly into the required site without the need for surgical implantation and retrieval, and once 

injected, form a depot. Such approaches include in situ crosslinked systems
35, 36

, in situ thermo-

gelling systems
139

, and liquid injectable hydrophobic polymers 
30, 130, 131, 160

. Polymers investigated 

as liquid injectable hydrophobic polymers include poly(ortho esters) (POEs),
131, 132, 152-155

, low 

molecular weight poly(α-hydroxy acids) 
157, 164, 185, 186

,
 
 hexyl-substituted poly(lactide) 

187-190
 ,

 
and

 

poly(trimethylene carbonate)
30, 160

. The advantages of the use of liquid injectable hydrophobic 

polymers are the relatively straightforward drug incorporation procedure and the lack of 

mechanical irritation of the surrounding tissue. Mechanical irritation of the surrounding tissue can 

result in a thicker fibrous encapsulation layer, 
191, 192

 which may retard drug absorption into the 

tissue. Furthermore, the polymer viscosity and thus the injectability can be controlled by 

appropriate selection of monomer and initiator 
30, 130, 160

.  

 

Recently, we have investigated the use of 5-ethylene ketal ε-caprolactone (EKC) based, 

low molecular weight polymers as injectable drug delivery vehicles 
130

. These polymers degrade 

in vitro by surface erosion 
130

, a feature that might be advantageous in preserving the bioactivity 

of incorporated therapeutic proteins. EKC has been homopolymerized and copolymerized with 

D,L-lactide using either 350 Da methoxy poly(ethylene glycol) (PEG) or octan-1-ol as initiators. 

The resulting polymers were amorphous, liquid, and possessed a low viscosity making them 

injectable. The viscosity and the in vitro degradation rate were controlled by the hydrophilicity of 
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the initiator used and/or by copolymerizing with D,L-lactide. The copolymer of EKC with DLLA 

initiated with octan-1-ol was chosen for further investigation because of its ability to deliver a 

model protein drug, BSA, in a sustained manner, with near zero order release profile, and with no 

burst release for an extended period of time (Chapter 5). The higher viscosity imparted on the 

polymer by copolymerizing with D,L-lactide would ensure that the polymer formed an effective 

depot at the injection site.  

 

Important criteria for the practical in vivo application of this polymer are an 

understanding of both the host tissue response after implantation, and the in vivo degradation rate 

and process. The objectives of this study were therefore to measure the in vivo biodegradation 

rate and assess the tissue response to octan-1-ol initiated poly(5-ethylene ketal ε-caprolactone-co-

D,L-lactide) following subcutaneous injection in rats. The mass loss, change in molecular weight, 

change in composition and thermal properties of the polymer were monitored and evaluated as a 

function of implantation time. The tissue responses were assessed histologically using Masson‟s 

trichrome staining and immunohistochemically by staining for CD68 positive cells.  

 

6.1 Materials  

1,4-cyclohexanedione monoethylene ketal (97% purity), meta-chloroperoxybenzoic acid 

(MCPBA) (97% purity), octan-1-ol (anhydrous, 99% purity), stannous 2-ethylhexanoate (95% 

purity), and Dulbecco‟s phosphate buffered saline (PBS) were obtained from Sigma-Aldrich, ON, 

Canada. D,L-lactide was obtained from Purac, the Netherlands and purified by recrystallization 

from dried toluene. 1% (w/v) bovine serum albumin (BSA type V) was obtained from Sigma, St 

Louis, USA, primary antibody mouse anti-rat CD68 was obtained from AbD Serotec, UK, (cat# 
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MCA341R), secondary antibody anti-mouse IgG was obtained from VectaStain ABC KIT, US 

(cat# PK-6102), streptavidin-peroxidase and 3.3-diaminobenzidine were obtained from Sigma, St. 

Louis, USA, Harris‟ hematoxylin permont was obtained from (Fisher Scientific, US, (cat# SP15-

100), and Masson‟s trichrome was obtained from Sigma Aldrich, Oakville, ON. 

  

6.2 Methods 

6.2.1 Synthesis of poly(5-ethylene ketal ε-caprolactone- co-D,L-

lactide) 

The 5-ethylene ketal ε-caprolactone monomer was prepared by the Baeyer-Villiger 

oxidation of 1,4-cyclohexanedione monoethylene ketal by meta-chloroperoxybenzoic acid 

(MCPBA), and used to prepare the copolymer by polymerizing with D,L-lactide via ring-opening 

polymerization utilizing stannous 2-ethylhexanoate as a catalyst and octan-1-ol as initiator. The 

copolymerization was done in the bulk at 110ºC for 24 hrs. The initial physical properties of the 

polymer thus prepared are shown in Table 6-1 
130

. 

 

Table 6-1: Physical properties of OCT-PEKCDLLA. 
130

 

monomer ratio 

(EKC:DLLA 

(mol:mol)) 

    Tg
a 

    (
o
C) 

  Mn
b 

(Da) 

PDI
c 

η37ºC
d

                    

(Pa·s) 

η40ºC
e
                    

(Pa·s) 

3.2 : 1 -17.3 2740 1.1 180.0 122.0 

a
 glass transition temperature, 

b
 number average molecular weight, 

c
 polydispersity index, 

d
 zero shear rate 

viscosity at 37ºC,  and 
e
 zero shear viscosity at 40

o
C. 
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6.2.2 In vivo Biocompatibility and Biodegradation Studies 

The animal experiments were done in accordance with the guidelines of the Canadian 

Council on Animal Care code of ethics governing animal experimentation (protocol # Amsden 

2007-043-R1). The polymers were loaded into 1 mL plastic syringes, which were then sterilized 

by germicidal UV source (Phillips; G30T8) (253.7nM) for 30 minutes. Prior to injection, the 

polymers were preheated to 40 ºC in a water bath. A total of 16 male Wistar rats, weighing 

approximately 340 g, were used. The rats were anesthetized with 2% isoflurane (Baxter Corp.) in 

oxygen by an Engler ADS 1000 (Benson Medical Industries) at a flow rate of 0.2 mL·min
-1

 of O2. 

At a level of surgical anesthesia (i.e., lack of tail and corneal reflexes), the rats were shaved at the 

site of implantation, the shaved area was disinfected with Hibitane, and 100 µL (120 mg) of the 

polymer was injected through an 18 1/2 G 1.5” needle. Three animals were used for each time 

point, with three injection sites per animal. The implanted polymers were excised on weeks 1, 4, 

8, 12 and 18. At each explantation time point, the rats were anesthetized with 2% isoflurane 

(Baxter Corp.) in oxygen followed by an intraperitoneal injection of Somnotol (65 mg·kg
1
). The 

site of implantation was shaved and the skin was dissected back. One tissue sample containing the 

implanted polymer was harvested from one implantation site from each animal and fixed in 4% 

paraformaldehyde in phosphate-buffered saline for histological analyses. The tissue surrounding 

the other two implantation sites from each animal were carefully removed, and put into glass 

vials. This tissue was frozen at -80°C then cut into small pieces with a scalpel. The diced tissue 

was immersed in dichloromethane (DCM) and vortexed until the polymer is dissolved and 

centrifuged to extract the polymer from the tissue. The DCM phase was gently decanted into a 

previously weighed eppendorf tube. This process was repeated twice. The DCM was evaporated 
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at 50°C for 2 days, and then residual DCM was removed via lyophilization. The mass of the 

extracted polymer was measured and used to calculate the percent weight loss.  

 

The polymers‟ number average molecular weight (Mn), weight average molecular weight 

(Mw), and polydispersity index (PDI), were obtained by gel permeation chromatography (GPC). 

The GPC apparatus consisted of a Waters 1525 Binary HPLC pump and a Precision Detectors 

Enterprise PD2100 Series combined refractive index and light scattering detector. Samples were 

prepared in anhydrous tetrahydrofuran (THF) at concentrations of 30 mgmL
-1

. They were filtered 

through a 0.45 µm filter and 100 µL was injected into an Ultrastyragel column (500 Å, 7.8 × 300 

mm
2
) at 1.0 mLmin

-1
 and a temperature of 30 ºC. Data acquirement and processing were 

conducted using the Precision Detectors‟ Aquire32 and Discovery32 software programs. The 

increment of refractive index (0.065 mL/g)) used in the molecular weight calculations was 

measured using a Wyatt Optilab rEX as described previously 
130

.  

   

1
H-NMR spectra of the polymers were recorded in DMSO-d6 on a 400 MHz Bruker 

Avance spectrometer. The polymer number average molecular weights were calculated by end 

group analysis from the signal intensity of the methyl group of octan-1-ol at δ = 0.85 ppm and 

PEG at δ = 3.23 ppm, and the methylene group at δ = 2.3 ppm for EKC and methine group at δ = 

5.1 ppm for DLLA. The ratio of EKC to DLLA in the polymer was obtained by comparing the 

integration of the EKC peak at δ = 2.3 ppm to the integration of the DLLA peak at δ = 5.1 ppm. 

 

The glass transition temperature was obtained using a DSC 1 STARe system (Mettler 

Toledo). The samples were run at a heating and cooling rate of 10 °C/min using the following 
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temperature program. The sample was first cooled from 25°C to -90°C and held at -90°C for 3 

minutes, followed by heating from -90°C to 105°C with a hold time of 3 minutes at 105°C. It was 

further cooled from 105°C to -90°C and held at -90°C for 3 minutes. The sample was finally 

heated from -90°C to 105°C. The glass transition temperature (Tg) was obtained from the 

inflection point of the second heating cycle. 

 

6.2.3 Histological and Immunohistochemistical Analyses 

The explants were fixed in 4% paraformaldehyde in phosphate-buffered saline 

immediately after extraction. The tissues were then transferred to 70% v/v ethanol in distilled 

water and stored at 4ºC until processing. The tissues were re-hydrated in graded ethanol, cleared 

in toluene, and then embedded in paraffin. Tissue sections were cut at 5 µm intervals and stained 

with Masson‟s trichrome. The sections were observed and photographed with a Zeiss Imager M1 

microscope. For immunohistochemistry, endogenous peroxidase activity was blocked using 3% 

(v/v) H2O2 in distilled water, followed by incubation in 1% (w/v) bovine serum albumin in 0.01M 

phosphate buffer (pH 7.4) (BSA type V, Sigma, St Louis, USA). The tissues were then incubated 

with the pan-macrophage primary antibody mouse anti-rat CD68 diluted in 0.2% (w/v) BSA in 

0.01M phosphate buffer pH 7.4. After incubation in the primary antibody at 4°C overnight, a 

secondary antibody anti-mouse IgG was used for 2 hours at room temperature. The sections were 

incubated with streptavidin-peroxidase followed by 0.5 mg/mL 3,3-diaminobenzidine and 0.3% 

(v/v) hydrogen peroxide treatment in distilled water. The sections were counter-stained with 

Harris‟ hematoxylin and mounted under a cover slip. Each immunohistochemical experiment 

included one negative control. For the negative controls, the primary antibody was replaced by 

normal rabbit/mouse serum. The sections were also observed and photographed with a Zeiss 



 

100 

 

Imager M1 microscope. For each sample, multiple sections were cut and a total of ten images 

from each sample were captured using Zeiss Axio Vision (version 4.6). On these images, the 

fibrous capsule area was measured and the macrophages in this area were counted using Axio 

Vision, Zeiss, Germany, version 4.7.0.0. A final total score for each animal per time point was 

averaged (n=3) and the number of macrophages per 10
4 
m

2 
was calculated. 

 

6.3 Statistics 

 All polymer property measurements were done on triplicate samples and are reported as 

the average ± the standard deviation about the average.   

 

6.4 Results 

Prior to injection, the polymer was a viscous, transparent, and yellow liquid. Due to its 

low viscosity when pre-warmed to 40 ºC, the polymer was injectable through an 18 ½ G needle. 

All the animals gained weight and showed no sign of discomfort or adverse responses such as 

sores on the skin throughout the study period. Figure 6-1 shows representative images of polymer 

samples within the subcutaneous tissue at weeks 1, 4, 12 and 18. The injected polymer samples 

presented a cohesive mass at the implantation site. Due to absorption of water from the 

surrounding tissue, the polymers appeared opaque after implantation. 
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Figure 6-1: Representative photographs of OCT-PEKCDLLA samples in the subcutaneous 

tissue before explanting at weeks 1, 4, 12 and 18. 

 

6.4.1  In vivo biodegradation 

Figure 6-2 shows the in vivo weight loss of the polymer from week 1 to week 18. Mass 

loss was nearly linear with time. By week 4, OCT-PEKCDLLA had lost 14.8. ± 8.4 % of its 

initial weight in vivo, which increased to 52.2 ± 19.1 % by week 18 (Figure 6-2). The large 

variability could be attributed to the assumption that exactly 100 µL of the polymer was injected 

through the syringe, which was measured to weigh 120 mg. Although significant care was 

expended in retrieving the polymer from the tissue, it is also possible that the polymer was not 

completely retrieved from each sample. Figure 6-3 shows the 
1
H NMR spectra of the polymer 

before implantation and at 8 and 18 weeks after implantation. Only the polymer was extracted 

from the tissue, as no peaks apart from the expected polymer peaks were observed, indicating that 

the mass loss measured was not influenced by the extraction of lipids from the surrounding tissue. 

Furthermore, the physical properties of the polymer did not change significantly over the 18 

weeks of the in vivo implantation time frame (Table 6-2).  
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Figure 6-2: Weight loss of the polymers during in vivo and in vitro degradation.  The error 

bars indicate the standard deviation of 6 samples (2 from each rat).   The solid line is a 

linear curve fit to the data over the time period indicated by the length of the line 

(coefficient of determination for the linear regression was = 0.97). 

 

Table 6-2: Physical properties of in vivo degraded polymer with time 

Time 

(weeks) 

    Tg
a 

    (
o
C) 

  Mn
b 

(Da) 

PDI
c 

  EKC:DLLA
 

 

0 -17.3 2740 ± 90 1.09 ± 0.01 3.3 ± 0.2 

1 -17.6 2810 ± 100 1.09 ± 0.01 3.4 ± 0.2 

4 -17.2 2760 ± 90 1.10 ± 0.01 3.4 ± 0.1 

8 -17.5 2720 ± 70 1.09 ± 0.01 3.7 ± 0.1 

12 -17.5 2720 ± 100 1.09 ± 0.02 3.6 ± 0.3 

18 -15.8 2490 ± 70 1.08 ± 0.00 3.0 ± 0.4 

 a
 glass transition temperature 

b
 number average molecular weight (GPC), 

c
 polydispersity index. 
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Figure 6-3: 
1
H-NMR spectra of OCT-PEKCDLLA before implantation and at 8 and 18 

weeks after implantation. 
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6.4.2 Histology and Immunohistochemistry 

Tissue sections were stained with Masson‟s trichrome to determine the host tissue 

reaction to the implant. Masson‟s trichrome stains collagen blue, cytoplasm and muscle fiber red 

and nuclei black. The areas evaluated were the implant-tissue interface and the surrounding 

fibrous capsule. The cellular compositions around the implants were determined in conjunction 

with the immunostaining and the thickness of the fibrous capsule formed around the implant was 

measured using Image J (version 1.45). Representative photomicrographs of tissue sections 

stained with Masson‟s trichrome are shown in Figure 6-4, while the thickness of the fibrous 

capsule surrounding the implant with time is shown in Figure 6-5. 
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Figure 6-4:Photomicrographs of tissue sections of implanted OCT-PEKCDLLA stained 

with Masson’s trichrome after 1, 4, 8, 12 and 18 weeks of implantation in rats. (P) polymer, 

(Fc) Fibrous capsule, (*) probably polymer droplet, (bv) blood vessels, (N) probably 

neutrophils. 
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Figure 6-5: Thickness of fibrous capsule formed around the implant after 4, 8, 12 and 18 

weeks of subcutaneous implantation in rats. 

 

By week one, there were several layers of cell infiltrate at the implantation site, which 

included fibroblasts, granulocytes and macrophages with no evidence of fibrous capsule 

formation. There were small polymer droplets in the tissue surrounding the implant site. These 

small droplets were also surrounded by a layer of granulocytes, macrophages and fibroblast cells. 

By week 4, a fibrous capsule with a thickness of 73 ± 5 µm had formed around the implant and 

the number of cells in the inflammatory zone had decreased significantly compared to that 

observed in the first week. These cells were concentrated within the implant-tissue interface and 

the surrounding fibrous capsule, and consisted of macrophages and fibroblasts. There were fewer 

polymer droplets in the tissue surrounding the implant compared to what was observed in week 1, 

and these polymer droplets were also surrounded by cells. By week 8 and 12, the thickness of the 



 

107 

 

fibrous capsule formed around the implant was similar to that observed in week 4, but the 

macrophage infiltrate to the implantation site had been further reduced. Foreign body giant cells 

(FBGCs) were seen at week 8. By week 18, the fibrous capsule thickness had increased to 103 ± 

20 µm and the macrophage invasion was greater than that in week 12, but was comparable to that 

observed in week 8. 

 

Macrophages are cells produced by the differentiation of monocytes within tissues. Their 

role is to phagocytose cellular debris, pathogens and foreign materials. They also secrete 

chemotactic signals to other cells types that will participate in the wound healing process 
134

. It is 

important to estimate the number of macrophages at the site of implantation because the extended 

presence of macrophages and FBGCs at the site of implantation is an important marker of chronic 

inflammation 
136

. In order to quantitatively determine the number of macrophages and FBGCs, 

tissue sections were stained for the macrophage marker CD68 by immunostaining. CD68 is a 

glycoprotein that binds to low density lipoprotein, and is highly expressed on monocytes and 

macrophages
193

. CD68 positive cells are stained brown in Figure 6-6. 
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Figure 6-6: Photomicrographs of tissue sections of implanted OCT-PEKCDLLA stained for 

CD68 after 1, 4, 8, 12 and 18 weeks of implantation in rats. (P) site of polymer implantation, 

(Fc) Fibrous capsule, (*) probably polymer droplet, (arrow) multi nucleated giant cells, (Fi) 

fibroblast and (M) macrophages. Bar is 40 µm. The photomicrograph on the right labelled 

wk 8 is a higher magnification. 

 



 

109 

 

The sites of interest were the interface between the implant and the tissue, and the fibrous 

capsule formed.  The number of macrophages (CD68+) within a selected area was counted and 

expressed as the number of macrophages/10
4
 µm

2
 (Figure 6-7). By week 1, 11 ± 3 macrophages 

and foreign body giant cells /10
4
 µm

2
 were found at the implant site, and they were evenly 

distributed in the surrounding tissues. A layer of macrophages was also found around the small 

polymer droplets and cellular debris in the surrounding tissue. By week 4, the area of the 

inflammatory zone had decreased and a fibrous capsule had been formed around the implant. 

About 12 ± 3 macrophages /10
4
 µm

2
 were found in the inflammatory region. The macrophages 

were concentrated within the fibrous capsule formed, mainly at the polymer-tissue interface and 

at the edge of the fibrous capsule, where the fibrous capsule interfaced with the surrounding 

tissue. At this time, the number of cells per 10
4
 µm

2
 that were positively stained for macrophages 

were not different from that observed in week 1. By week 8 and week 12, the intensity of the 

inflammatory cell infiltrate had further reduced. About 6 ± 4. and 4 ± 1 macrophages / 10
4
 µm

2
 

respectively were found adjacent to the implant, and the surrounding fibrous capsule respectively. 

By week 8, some macrophages had fused together to form FBGCs, but the number of FBGCs 

seen by week 12 had decreased. By week 18, the macrophages still persisted with 7 ± 0 

macrophages / 10
4
 µm

2
 and were mostly at the interface between the tissue and the polymer, but 

the number of macrophages per 10
4
 µm

2
 was still comparable to that observed at week 8. 
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Figure 6-7: Number of macrophages and foreign body giant cells at the interface between 

the implant and the surrounding capsule per 10
4
  µm

2
. The error bars indicate the standard 

deviation of 3 samples (1 from each rat, multiple sections were used with a total of 10 

images from each sample). 

 

6.5 Discussion 

The purpose of using a controlled delivery device is to locally deliver drugs with 

controlled dose within therapeutically relevant concentrations, to minimize undesirable side 

effects and to protect the bioactivity of the drug. However, the implantation of a controlled 

delivery device evokes an inflammatory response that may influence its performance. The onset 

of the foreign body reaction shares several aspects of wound healing, which starts after the tissue 

is damaged by some sort of injury leading to clot formation, coagulation, and the deposition of a 

provisional matrix around the implant for phagocyte invasion
136

 
134

. These series of events is then 

followed by the acute inflammatory phase, chronic inflammatory phase, granulation tissue 
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formation, foreign body reaction and fibrous capsule formation. As part of the inflammatory 

response to implanted foreign body, neutrophils in the early stage, followed by monocytes and 

macrophages in the latter stage are attracted to the implant under the influence of secreted 

chemokines
140,136

. The secreted chemokines activate macrophages to synthesize nitric oxide 

which kills pathogens and prevents further infection. The macrophages also secrete enzymes and 

reactive oxygen species on the enclosed polymer surface in an effort to degrade it 
135

. In addition, 

macrophages phagocytose foreign and debris material, however, due to the large size of the 

implanted material, macrophages may undergo “frustrated phagocytosis” and fuse together to 

form foreign body giant cells (FBGCs) under the influence of secreted cytokines such as 

interleukin-4 (IL-4) in an attempt to increase their effectiveness against larger and more resistant 

foreign bodies. The formation of FBGCs usually occurs after the third week 
134, 135,136

.  

 

Fibroblast like cells (myofibroblasts) subsequently induces the formation of fibrotic scar 

tissue around the implant 
134, 136

. The situation becomes especially complex if the implant 

becomes a source of irritation to the surrounding tissue due to mechanical irritation and/or the 

release of degradation products from the polymer 
142, 143

. In this case, the presence of 

inflammatory cells at the implantation site would persist in an attempt to phagocytose the 

polymer and its degradation products. Moreover, the macrophages would secrete chemokines that 

would attract more macrophages to the site. As a result, the inflammatory response may not 

subside until the polymer fully degrades and the degradation products are eliminated from the 

implant site 
191, 192

. The resolution of the foreign body reaction occurs when the polymer fully 

degrades. The inflammatory stimulus is removed, and the macrophages migrate away from the 

site towards the draining lymph nodes
134

. The fibroblasts produce collagenase that degrades the 
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fibrous capsule, thus initiating repair 
134

. The nature and timing of the transition from 

inflammation to repair and the extent of clinical manifestation of the inflammation will depend on 

the reaction of the tissue to the polymer and its degradation products. 

 

The tissue response to the OCT-PEKCDLLA was characterized by the presence of 

fibroblasts, granulocytes and macrophages at the implant-tissue interface with no formation of 

fibrous capsule in the first week, signifying the acute inflammatory phase. The macrophage 

invasion at the site of implantation persisted in the fourth week with subsequent encapsulation to 

wall off the polymer in a fibrous capsule with thickness of 73 ± 5µm. From week 8 to week 12, 

the thickness of the fibrous capsule was not different from that observed at week four, while the 

macrophage invasion per 10
4
 µm 

2
 had reduced compared to that observed in week 4. By week 8, 

some macrophages had fused together to form FBGCs. By week 18, thickness of the fibrous 

capsule formed and the macrophage invasion per 10
4
 µm

2
 increased slightly. This could be in 

response to the acidic degradation products formed upon polymer backbone hydrolysis, which 

accumulated at the polymer/tissue interface due to the thicker fibrous capsule that surrounded the 

implant. Thus, the progression of the inflammatory response was decreasing with time, but was 

still ongoing because the polymer was not completely degraded.  

 

The thickness of the fibrous capsule formed was 73 ± 5 µm at week 4, which increased to 

103 ± 20 µm by week 18. The thickness of the fibrous capsule formed after 18 weeks of 

subcutaneous implantation in rats was less than the 140 µm reported for poly(lactic-glycolic acid) 

(PLGA) disk 
192

 after 2 weeks of implantation, 200 µm reported for PLA rod after 18 months of 

subcutaneous implantation in rabbits
191

, and 132 ± 10 µm reported for 2400 Da liquid injectable 
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poly(trimethylene carbonate) developed within the first week of subcutaneous implantation in rats 

160
. However, the fibrous capsule thickness is higher than the 15 ± 9 µm reported for 620 Da 

liquid injectable poly(trimethylene carbonate) developed within the first week of subcutaneous 

implantation in rats 
160

 and 45 µm reported for poly(glycerol sebacate) slab which developed 

within 5 weeks after subcutaneous implantation in rats 
192

.    

 

The progression of macrophage invasion at the site of implantation, though not 

quantitatively determined in other studies, is similar to that observed for subcutaneously 

implanted PLA rod and disk in rats
191, 194

 and poly (trimethylene carbonate) (PTMC) films in 

rats
195

 which is at the maximum when the polymer is actively degrading. Considering the 

observed tissue response to the implanted OCT-PEKCDLLA, it can be concluded that the EKC-

based copolymer elicits a moderate tissue response comparable to that observed for biodegradable 

polymers in clinically used devices.  

 

Depending on polymer properties, degradation of polymers in vivo is as a result of either 

hydrolysis and/or cell mediated processes such as enzymatic action or reaction with reactive 

oxygen species 
135

. The in vitro degradation of the homopolymers of EKC and copolymers of 

EKC with DLLA has been previously reported 
130

. During 24 weeks of in vitro degradation in 

phosphate buffer saline solution at pH 7.4 and a temperature of 37°C, the homopolymers and 

copolymers lost weight with time in a nearly linear fashion with no significant change in Tg and 

Mn. With the copolymer, the ratio of EKC and DLLA remained essentially the same throughout 

the study period. Minimal water penetration into the bulk polymer occurred, and mass loss was 

confined to the interface of the polymer with the aqueous media. The above in vivo degradation 
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of the polymer was characterized by similar results. The mass decreased with time in a nearly 

linear fashion, and there was no change in Mn, Tg and the EKC to DLLA ratio, suggesting surface 

erosion as observed in vitro.  

 

6.6 Conclusions 

In vivo, following subcutaneous implantation in rats, low molecular weight, viscous 

liquid octan-1-ol initiated poly(5-ethylene ketal ε-caprolactone-co-D,L lactide) exhibited surface 

erosion characterized by a nearly linear weight loss with time, with no significant change in Mn, 

Tg and ratio of EKC to DLLA for 18 weeks. The polymer induced a moderate inflammatory 

response, which was comparable to that of other clinically used biodegradable polymers. These 

findings suggest that this polymer has potential as an injectable drug delivery device. 

Nevertheless, a longer term in vivo study, taken up to the point that the polymer is completely 

resorbed, is necessary to have a complete insight of the host response to this polymer. 
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Chapter 7 

CO-RELEASE OF VEGF AND HGF FROM OCTAN-1-OL 

INITIATED POLY(5-ETHYLENE KETAL Ɛ-CAPROLACTONE) 

Iyabo Oladunni Babasola and Brian G. Amsden
†
 

 

Department of Chemical Engineering, Queen‟s University, Kingston, ON, Canada 

†
Human Mobility Research Centre, Kingston General Hospital, Kingston, ON, Canada 

 

This paper focuses on the fifth objective of this research, which was to investigate the 

potential of liquid injectable octan-1-ol initiated poly(5-ethylene ketal ε-caprolactone-co-D,L 

lactide) to co-release VEGF and HGF at therapeutically relevant concentrations, using the 

osmotic release mechanism. 
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Abstract 

The potential of a liquid injectable delivery system made from octan-1-ol initiated poly(5-

ethylene ketal ε-caprolactone-co-D,L-lactide) (OCT-PEKCDLLA) to release bioactive vascular 

endothelial growth factor (VEGF) and/or hepatocyte growth factor (HGF), using an osmotic 

pressure release mechanism for the purpose of treating critical limb ischemia was investigated. 

Co-release of VEGF with HGF was chosen because of reports of their potential to initiate the 

proliferation and migration of endothelial cells in a synergistic manner to form stable blood 

vessels. VEGF and HGF were lyophilized separately with trehalose and bovine serum albumin 

(BSA), and incorporated into the polymer separately or together by simple mixing. VEGF and 

HGF were released by convective flow created by the osmotic pressure generated upon 

dissolution of the particles. When the HGF and VEGF particles were mixed together into the 

polymer at 5% (w/w) loading each, a nearly zero order, sustained release of bioactive VEGF and 

HGF for over 41 days with no burst release was achieved under conditions of multidirectional 

release. VEGF was released at 36 ± 7 ng/day for 41 days, while HGF was released at 16 ± 2 

ng/day for 70 days. Factors affecting the release of the growth factors from this delivery device 

were the solubility of growth factor in the concentrated trehalose solution and hydraulic 

permeability of the polymer. The released VEGF maintained approximately 90% bioactivity for 

more than 100 days, while the released HGF maintained approximately 80% bioactivity over 90 

days. This formulation approach, of using a low viscosity polymer delivery vehicle, is potentially 

useful for localized delivery of acid and temperature sensitive proteins, such as VEGF and HGF. 
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This system may also serve as a platform for controlled and predictable delivery patterns for other 

therapeutic proteins in other clinical settings. 
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7.0 Introduction 

Peripheral vascular occlusive disease is a gradual illness that results in occlusion of 

arteries to the limb, due to atherosclerosis of large and medium sized arteries 
1
. The flow of blood 

to the distal tissues is severely impeded as the condition advances, depriving these tissues of 

oxygen and nutrients, which leads to critical limb ischemia (CLI) in tissues fed by the diseased 

artery 
2
. Symptons experienced by these patients include chronic ischemic rest pain, ulcers, or 

gangrene in the lower limb, and a poor prognosis 
3
. This illness affects roughly 27 million people 

in the western world 
2, 4

 and it is estimated that there are 500 new cases of critical limb ischemia 

per million individuals in the USA and Europe each year 
3
.  

 

Current therapies for short occlusions of the iliac arteries can only be improved by 

angioplasty, and long segments of occlusions, especially those distal to the common femoral 

artery, are best treated by bypass surgery
2, 4 

. These treatment options are highly invasive and lead 

to eventual amputation in more than 50,000 patients each year in the United States 
2
. For 10-30% 

of these patients, revascularization is not a suitable option; greater than 40% of this patient 

population will require major amputation, and 20% will die within 6 months 
3, 4, 8

. The body has 

the capacity to develop new collateral blood vessels to mediate ischemia by producing 

endogenous growth factors, but this natural biologic response, termed angiogenesis, is a slow 

process, and is often unable to replace the lost blood flow completely 
9
. As a result, the 

exogenous administration of these growth factors has been investigated, a treatment termed 

therapeutic angiogenesis.  
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Therapeutic angiogenesis can be achieved through the local administration of various 

growth factors, such as vascular endothelial growth factor (VEGF) 
30, 31, 33

, hepatocyte growth 

factor (HGF)
31, 34, 36

 and basic fibroblast growth factor (bFGF)
34, 37

. However, the therapeutic use 

of these growth factors is limited by their short half-lives in vivo 
37, 133, 196

. The growth factors are 

quickly cleared or metabolized in the tissue, because of the hostile ischemic environment created 

by the extensive protein degradation that takes place as part of inflammation and extracellular 

matrix (ECM) remodeling-induced enzymatic responses 
48

. These growth factors must be 

delivered over a 4 - 6 weeks‟ time frame, however, to attain therapeutically relevant local 

concentrations via systemic injection, multiple large doses must be injected, which may result in 

unwanted blood vessel growth and other undesired side effects 
64

.  

 

Although delivery of a single growth factor may initiate angiogenesis 
30, 64

, multiple 

triggers are needed to work together in a coordinated sequence to complete the angiogenic 

process and generate stable vessels 
40, 60-63

. It is thus generally accepted that the co-administration 

of multiple growth factors is required to generate effective therapeutic angiogenesis. To 

overcome formulation complexities associated with sequential delivery of such growth factors, 

another approach would be the simultaneous delivery of growth factors that act synergistically. 

One such growth factor combination could be VEGF and HGF. VEGF is the most extensively 

studied angiogenic growth factor for this purpose, because it promotes the initial stages of 

angiogenesis by stimulating the proliferation and migration of endothelial cells, which is an 

essential rate limiting step in physiological angiogenesis 
30, 60, 61, 64

. HGF stimulates endothelial 

cells to proliferate and migrate in vitro 
42, 52

, up-regulates the production of VEGF by human 

keratinocytes 
49, 50

and endothelial cells 
50

 and acts as a chemoattractant for pericytes 
40, 51

 to induce 
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stable blood vessel formation
65

. Studies have shown that the direct effects of HGF on endothelial 

cell proliferation and migration are similar to that induced by VEGF, and the combination of 

VEGF and HGF produced a synergistic effect on endothelial cell proliferation and migration
42, 52, 

66
. 

 

Liquid injectable hydrophobic polymeric vehicles possess certain attributes that make 

them a potentially attractive delivery vehicle for these growth factors. They allow facile 

incorporation of thermally sensitive drugs such as proteins and peptides by simple mixing 
131, 132

,  

they are injectable through standard gauge needles, and so can be administered via minimally 

invasive means 
131

, there is no need for device retrieval, as the polymers are biodegradable 
131

, 

and there is restricted water penetration, which may provide enhanced stability for drugs such as 

proteins incorporated as solid particles
30

.  

 

Poly(5-ethylene ketal ε-caprolactone) (PEKC) has several features that qualifies it as a 

potential injectable delivery system for protein therapeutics. PEKC is amorphous and at low 

molecular weight, has a viscosity that allows it to be injected through standard gage needles
130

. 

The EKC monomer also can be readily copolymerized with D,L-lactide, to control viscosity and 

biodegradability 
130

. The pendant ketal group increases the hydrophilicity of the polymer, which 

enhances its hydrolytic degradation. Additionally, low molecular weight PEKC, and its 

copolymers, degrades by surface erosion 
130

, a feature that might be advantageous in preserving 

the bioactivity of incorporated therapeutic proteins. Furthermore, an octan-1-ol initiated poly(5-

ethylene ketal ε-caprolactone-co-D,L-lactide) was well tolerated in vivo with a moderate chronic 

inflammatory response that decreased with implantation time (Chapter 6). 
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Previous work using bovine serum albumin (BSA) as a model protein drug, demonstrated 

that 2810 Da octan-1-ol initiated poly(5-ethylene ketal ε-caprolactone-co-D,L-lactide) was 

capable of releasing almost all entrapped BSA in a sustained manner over a period of months 

utilizing an osmotic release mechanism (Chapter 5). The osmotic mechanism is considered to 

proceed as follows. Protein release is governed by the water activity gradient between the 

surrounding aqueous medium and the saturated solution, which forms when water is absorbed 

into the polymer from the surrounding medium and dissolves a polymer-encapsulated particle, 

forming a saturated solution. The activity gradient increases the rate of water transport to the 

particle surface. The imbibed water generates an internal pressure equal to the osmotic pressure 

of the saturated solution. This pressure causes some swelling around the dissolving particle, and 

forms a region of excess hydration within the polymer surrounding the swelling capsule. The 

dissolved solute is driven through this region of excess hydration by convection induced by the 

pressure difference between the osmotic pressure in the solution and the surrounding medium. 

The dissolved solute is driven to the surface of the device through overlapping regions of excess 

hydration. 

  

The objective of this study was to investigate the ability of low molecular weight, octan-

1-ol initiated poly(5-ethylene ketal ε-caprolactone-co-D,L-lactide) (OCT-PEKCDLLA) to serve 

as a single, or dual, delivery system for the release of VEGF and/or HGF in a sustained manner 

and in their active form for a period of at least 4 -.6 weeks utilizing the osmotic pressure release 

mechanism. To accomplish this goal, VEGF or HGF was co-lyophilized with trehalose and BSA, 

and sieved to produce particles of less than 45 µm diameter. These particles were either 

incorporated separately at 10% (w/w) loading into the polymer or together at 5% (w/w) loading 
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each into the polymer, and the in vitro release of VEGF and/or HGF from the polymer was 

assessed. The bioactivities of the released VEGF and HGF were measured using cell-based 

assays.   

 

7.1 Materials  

For the release studies, recombinant human VEGF, HGF, epidermal growth factor (EGF), 

and a VEGF ELISA kit were purchased from Peprotech Inc., Canada. An HGF ELISA kit was 

purchased from R&D Systems (USA). For the bioactivity studies, a WST-1 cell proliferation kit 

was obtained from Roche, Canada and a QuantiFluor
TM

 dsDNA system was obtained from 

Promega Corporation, USA. 1,4-cyclohexanedione monoethylene ketal (97% purity), meta-

chloroperoxybenzoic acid (MCPBA) (97% purity), octan-1-ol (anhydrous, 99% purity), 

dichloromethane (CH2Cl2), hexane, methanol, tetrahydrofuran (THF), ethyl acetate (EtOAc), 

stannous 2-ethylhexanoate (95% purity), Dulbecco‟s phosphate buffered saline (PBS), 

magnesium sulphate (MgSO4), sodium bicarbonate, sulphuric acid, phenol, bovine serum albumin 

(≥ 98% purity), D-(+)-trehalose dihydrate (≥ 99% purity), and succinic acid (99% purity) were 

obtained from Sigma-Aldrich, ON, Canada. D,L-lactide was obtained from Purac, the 

Netherlands and purified by recrystallization from dried toluene.  

 

7.2 Methods 

7.2.1  Synthesis of 5-ethylene ketal ε-caprolactone-based copolymers 

The 5-ethylene ketal ε-caprolactone monomer (EKC) was prepared by the Baeyer-

Villiger oxidation of 1,4-cyclohexanedione monoethylene ketal by meta-chloroperoxybenzoic 

acid (MCPBA). EKC was copolymerized with D,L-lactide (DLLA) via ring-opening 
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polymerization, initiated with octan-1-ol utilizing stannous 2-ethylhexanoate as a catalyst (OCT-

PEKCDLLA), as described previously 
130

. Table 7-1 provides the physical properties of the 

copolymer. 

 

Table 7-1: Characteristics of OCT-PEKCDLLA used. 

monomer ratio 

(EKC:DLLA (mol:mol)) 

    Tg
a
 (

o
C)   Mn

b
 (Da) PDI

c 
η37ºC

d
   (Pa·s) 

13 : 4.0 -19.7 2810 1.3 129.0 

a
 glass transition temperature, 

b
 number average molecular weight, 

c
 polydispersity index, 

d
 zero 

shear rate viscosity at 37ºC. 

 

7.2.2 Preparation of solid particles 

VEGF particles were prepared by dissolving trehalose, bovine serum albumin (BSA) and 

VEGF at a weight ratio of 50:49.8:0.2, 90:9.8:0.2 or 90:9.97:0.03 in 10 mL of 0.5 mM pH 7 

succinate buffer. HGF particles were prepared by dissolving trehalose, BSA and HGF at a weight 

ratio of 90:9.97:0.03, 90:9.985:0.015 and 90:9.9925: 0.0075 in 10 mL of 0.5 mM pH 7 succinate 

buffer. The solution was sterile filtered and frozen in liquid nitrogen, then lyophilized under 

sterile conditions on a Modulyo D freeze dryer (Thermosavant, USA) at -50°C and 100 mbar. 

The resulting powder was sieved through a #325 Tyler sieve to yield < 45 μm particles 
30

.  

 

7.2.3 In vitro release of VEGF 

Prior to the release experiment, the polymer was sterilized by germicidal UV source 

(Phillips; G30T8) (253.7nM) in the laminar flow hood for 30 minutes and the release media used 

was sterile filtered. To maintain the sterility of the polymer, loading of the particle into the 
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polymer, dispensing the protein-loaded polymer into vials, and removing and adding release 

buffers into the vials were all done under sterile conditions in a laminar flow hood. A known 

amount of lyophilized protein particles was suspended with a known amount of OCT-

PEKCDLLA by physical mixing. The designation and composition of the particles and their 

loading into the polymer are shown in Table 7-2.  

 

Table 7-2: Designation and composition of particles and loading into the polymers 

Particle Designation Particle 

loading  

(%) 

Trehalose 

content 

(% w/w) 

BSA content 

(% w/w) 

VEGF content 

(% w/w) 

HGF 

content 

(% w/w) 

1TB50V (0.2)  1 50 49.8 0.2 0 

5TB90V (0.2)  5 90 9.8 0.2 0 

10TB90V (0.03) 10 90 9.97 0.03 0 

10TB90H (0.03) 10 90 9.97 0 0.03 

10TB90H (0.015) 10 90 9.985 0 0.015 

10TB90H (0.0075) 10 90 9.9925 0 0.0075 

 

  The protein-loaded polymer was initially warmed to 40°C, and about 100 mg was 

injected into the base of a 2 mL glass vial to fill the bottom of the vial to a height of 

approximately 3 mm. The exact weight of the mixture in each vial was recorded. The vials were 

filled with 1 mL of 37°C pH 7.4 phosphate buffered saline (PBS) containing 0.02% (v/v) Tween 

20 and 0.02% (w/v) sodium azide. The Tween 20 was added to prevent nonspecific adsorption of 

proteins to the glass vials 
132

 and sodium azide was added as an antimicrobial. The release media 
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used for the bioactivity measurements was PBS at 37°C pH 7.4 containing 1% BSA and 1% 

antibiotics. The vials were capped, placed on a rotary mixer rotating at 300 rpm, and maintained 

at 37°C. All release experiments were done in triplicate. Polymer-only samples were also 

prepared as controls. At frequent sampling intervals, the buffer was replaced with fresh buffer to 

maintain near perfect sink conditions. The removed buffer was stored at -80°C until used for 

analysis. Growth factor concentration in the release medium was measured as a function of time 

using ELISA kits specific for each growth factor, in accordance with the supplier's protocol. The 

results are presented in terms of fractional cumulative release and/or cumulative mass released as 

a function of time. 

 

 To simulate a more representative in vivo release profile, 100 mg of the growth factor 

loaded OCT-PEKCDLLA was injected into a hollow space created in a hydrogel composed of 

methacrylated glycol chitosan (MGC). Due to the bigger size of the gel, the sample was placed in 

a 20 mL glass vial, 3 mL of buffer was added to cover the top of the gel, and the vials were 

maintained at 37°C in an oven without any agitation. MGC with a degree of N-methacrylation 

(number of N-methacrylated residues per 100 residues) of 5%, was prepared as described 

elsewhere 
197

. MGC was chosen because it has a pKa of approximately 6.5 
197

, while VEGF and 

HGF have a pI of 8.5 – 8.9 
45

, and 9.5 
53

 respectively. Therefore, at the pH of the release medium, 

MGC and the growth factors would be positively charged and there would be no interaction 

between them that would affect the observed release kinetics. The water content of the gel was 

high (~ 94% (w/v)); therefore, there was negligible contribution of the gel phase to the release 

kinetics and the release from the liquid polymer was rate limiting. To make the mold, a 6.25% 

(w/v) solution of MGC in deionized water containing 0.8% (w/v) of the photoinitiator  I2959 was 
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poured into a cylindrical Teflon mold (1.6 cm diameter × 1.4 cm). A cylindrical glass rod with 

diameter of 0.5 cm was placed in the center of the mold, extending 0.7 cm from the surface, 

before pouring in the MGC solution. The MGC solution was photopolymerized using 30 mW/cm
2
 

of long-wave (365 nm) UV light for 5 minutes (LIGHTNING CURE 
TM

 from Hamamatsu). The 

glass rod was gently removed and the other side was exposed to the same intensity of UV light 

for 5 minutes. 

 

7.2.4 Cell culture 

Human Aortic Endothelial cells (HAECs) (Lonza Walkersville Inc., Walkersville, MD) 

were cultured in endothelial cell growth media (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, 0.1% (v/v) recombinant human epidermal 

growth factor, 0.1% (v/v) VEGF, 0.4% (v/v) human fibroblast growth factor-B with heparin, and 

0.1% (v/v) insulin growth factor-1. Monkey epithelial lung cells (CCL 208) were cultured in 

Ham‟s F12-K medium with 2 mM L-glutamine adjusted to contain 1.5 g/L sodium bicarbonate 

and supplemented with 60 ng/mL epidermal growth factor, 10% (v/v) fetal bovine serum and 1% 

(v/v) antibiotics. The cells were incubated under standard conditions until they reached greater 

than 80% confluence. 

 

7.2.5 Bioactivity Assays 

The bioactivity of the released VEGF was assessed by determination of its ability to 

stimulate the proliferation of HAECs as compared to the proliferation obtained with the same 

concentration of as-received VEGF. After passage 3, 4, or 5, HAECs were rinsed twice, then 
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suspended in growth factor free basal media containing 0.08% (v/v) hydrocortisone, 0.2% (v/v) 

GA-1000, 0.5% (v/v) FBS, 0.2% (v/v) ascorbic acid, 0.2% (v/v) heparin at a concentration of 

75,000 cells/mL. 100 μL of this cell suspension was added to each well and the plate incubated at 

37°C for 1 h. 100 μL of the release medium from each sampled vial at the selected time point was 

added to a given well. For each bioactivity assay run, VEGF standard solutions with 

concentrations of 0 to 50 ng/mL were prepared in the same basal media and 100 μL added to 

release medium-free wells, in triplicate. Cell number was measured using two assays: WST-1 

which measures metabolic activity, and QuantiFluor
TM

 dsDNA system which quantifies DNA.  

 

After 72 hours, 20 μL of WST-1 reagent was added and incubated at 37ºC, and an 

absorbance measurement at 450/690 nm taken after 4 hours (UQuant UV-VIS 

spectrophotometer). 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. 

The bioactivity of the released HGF was determined using CCL 208 cells, the same culture 

procedure used to determine the bioactivity of VEGF was used. For DNA quantification, after the 

medium was aspirated, cells were rinsed with PBS (0.01 M, pH 7.4) solution and were lysed for 

two hours in 100 μL of 10X trypsin at 37ºC. The cell lysate was mixed with QuantiFlour™ 

dsDNA dye in equal volume and was incubated for 5 minutes at room temperature protected from 

light. The fluorescence was measured using a microplate reader (BIOTEK Synergy HI) with 485 

nm as excitation and 530 nm as emission. The bioactivity was calculated as a fraction of the 

activity expressed by the cells incubated with the release medium divided by the activity that 
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would be expressed by cells exposed to an equivalent concentration of as received VEGF and 

HGF, as determined from the standards. 

 

7.3 Statistics 

All release experiments were done in triplicate and are reported as the average ± the 

standard deviation about the average.  

 

7.4  Results 

7.4.1 In vitro release of VEGF 

In an in vitro human endothelial cell proliferation and migration assay by van Belle and 

co-workers, 50 to 100 ng/mL of VEGF and HGF induced maximum cell proliferation and 

migration over a 48-hour period. This dosing translates to approximately 25-50 ng/day for both 

growth factors
52

. Therefore, our target was to co-release VEGF and HGF at 25-50 ng/day for at 

least 4 weeks. Preliminary studies, in which BSA as a model drug was released from an OCT-

PEKCDLLA using the 1TB50V (0.2) formulation (Chapter 5), indicated that a release rate of 

VEGF at ~20 ± 0.4 ng/day could be obtainable with this formulation, assuming that VEGF was 

released at the same normalized rate as BSA. This assumption was based on the previous finding 

that BSA and trehalose was released at similar normalized rates (Chapter 5). Using this 

formulation, VEGF was released from the OCT-PEKCDLLA in a sustained manner with a 

minimal burst effect (4 ± 0.2%) (Figure 7-1A). However, the VEGF was released at the rate of 

only 8 ± 0.3 ng/day (0.42 ± 0.02 %/day). In addition, after 122 days, only 33 ± 3% of the 

incorporated VEGF had been released (Figure 7-1B). 
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Figure 7-1: Cumulative release of VEGF from 1TB50V (0.2) and 5TB90V (0.2) 

formulations, demonstrating the influence of trehalose content in the particle and the total 

loading of particles into the polymer on the release rate. (A) Cumulative mass released and 

(B) cumulative mass fraction released. The error bars indicate the standard deviation of 3 

independent release experiments. The solid lines are linear curve fits to the data over the 

time period indicated by the length of the line. (Coefficient of determination for the linear 

regressions were ≥ 0.98) 
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 Based on previous work for osmotically driven release from liquid injectable polymers
147

, 

low melting point microspheres 
179

 and elastomers 
31, 123, 125

, it was expected that VEGF release 

would increase as trehalose content in the particle increased due to an increase in solution 

osmotic pressure generated upon dissolution of the particles in the polymer. Furthermore, the 

mass release rate of an agent released via the osmotic mechanism from polymers is proportional 

to the volumetric loading of the particle, provided the loading is below the percolation threshold 

123
. Therefore it was expected that by increasing the trehalose content in the particle from 50% 

(w/w) to 90% (w/w) and the particle loading from 1% w/w to 5% (w/w) (5TB90V), the release 

rate and the total amount released would increase. With this formulation, VEGF was released in a 

sustained manner with no burst effect at a rate of 48 ± 4 ng/day (0.44 ± 0.03 %/day) (Figure 7-

1A). The mass release rate is almost 5 times the mass release rate observed using the 1TB50V 

(0.2) formulation, in accordance with a 5 times increase in the particle loading. Thus, increasing 

particle loading in the polymer increased the mass release rate. However, increasing trehalose 

content had no significant effect on the mass fraction released. Moreover, after 49 days, only 19 ± 

3 % of the incorporated VEGF had been released (Figure 7-1B). 

 

7.4.2  Effect of VEGF concentration in the particle on its release. 

Figure 7-2 shows the mass fraction of trehalose, BSA and VEGF released from the 

5TB90V (0.2) formulation. Over the first 7 days, trehalose and BSA were released at almost 

similar rates, after which trehalose was released faster than BSA. On the other hand, VEGF was 

consistently released more slowly than both trehalose and BSA (Figure 7-2).  
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Figure 7-2:  Cumulative mass fraction of trehalose, BSA and VEGF released from the 

5TB90V formulation.  

 

Since almost all the trehalose in the formulation was released, the low total mass fraction 

of VEGF released was considered to be a result of the limited solubility of VEGF in the 

concentrated trehalose solution. In a previous study of VEGF release from liquid 

poly(trimethylene carbonate) using the osmotic release mechanism driven by trehalose, VEGF 

was released at the same mass release rate when the concentration of VEGF in the formulation 

was increased from 0.1 to 0.5% (w/w). The authors speculated that the VEGF had a reduced 

solubility in the concentrated trehalose solution, when VEGF was loaded at 0.5% (w/w) 

compared to at 0.1% (w/w) 
30

. Thus, it was reasoned that by reducing the concentration of VEGF 

in the particle to below the solubility limit in a concentrated trehalose solution and increasing the 

particle loading to 10%, the desired release rate would be obtained and the total amount of VEGF 
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released would be increased. The solubility of VEGF in the concentrated trehalose solution was 

estimated based on the release rate of VEGF (48 ± 4 ng/day) and the corresponding initial release 

rate of trehalose (122 ± 9 µg/day) from the 5TB90V (0.2) formulation. From this calculation, the 

ratio of VEGF to trehalose in the concentrated trehalose solution was estimated to be 

approximately 390 ng VEGF/mg of trehalose. Therefore, the concentration of VEGF in the 

particle was reduced from 0.2% (w/w) to 0.03% (w/w), the particle loading was increased from 

5% (w/w) to 10% (w/w), while the trehalose particle content was maintained at 90% (w/w) 

(10TB90V (0.03)). The cumulative mass fraction of VEGF and trehalose released from the 

10TB90V (0.03) formulation is shown in Figure 7-3A, while the cumulative mass of VEGF 

released is shown in Figure 7-3B.  
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Figure 7-3: (A) cumulative mass fraction of trehalose and VEGF released from the 

10TB90V formulation and (B) cumulative mass of VEGF released from the 10TB90V 

formulation. The error bars indicate the standard deviation of 3 independent release 

experiments. The solid line in (B) is a linear curve fit to the data over the time period 

indicated by the length of the line. (Coefficient of determination for the linear regressions 

was ≥ 0.99) 
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The VEGF was again released with a minimal burst effect (0.3 % after day 1), and 

exhibited a nearly linear release profile for 94 days. During the linear release phase, the mass 

release rate of VEGF was 22 ± 1 ng/day (0.73 ± 0.01%/day), and by the end of the release period, 

84 ± 2 % of the incorporated VEGF had been released. Thus, by increasing the particle loading to 

10% and reducing the concentration of VEGF in the lyophilized particle from 0.2 %(w/w) to 0.03 

% (w/w), the release rate increased by almost two-fold. 

 

7.4.3. In vitro release of HGF 

Based on the ability to obtain nearly complete release of VEGF at the desired release rate 

from the 10TB90V formulation, the same formulation was further investigated for HGF. HGF 

was incorporated in the trehalose + BSA particle in a similar fashion as VEGF, i.e. at a 

concentration of 0.03% (w/w). These particles were then incorporated into the OCT-PEKCDLLA 

at 10% (w/w) loading (10TB90H 0.03). HGF was released from the polymer in a sustained 

manner with no initial burst release for a prolonged period of time. HGF was released at the rate 

of 13 ± 2 ng/day (0.49 ± 0.07 %/day) and by the end of the release period, 56 ± 8 % of the 

incorporated HGF was released (Figure 7-4A). Following the trend observed previously, 

trehalose was released faster than both growth factors, while VEGF was released faster than HGF 

(Figure 7-4B).   
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Figure 7-4: (A) Cumulative mass of HGF (10TB90V) released alone from OCT-

PEKCDLLA (B) Cumulative mass fraction of trehalose (10TB90V), HGF (10TB90H)  and 

VEGF (10TB90V) released  alone from OCT-PEKCDLLA. The error bars indicate the 

standard deviation of 3 independent release experiments. The solid line in (A) is a linear 

curve fit to the data over the time period indicated by the length of the line (coefficient of 

determination for the linear regression was ≥ 0.99). 
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After the release of VEGF and HGF from the vial, the polymer was dried in the oven for 

2 days and then dissolved in dichloromethane (DCM) and centrifuged to remove residual 

particles. The DCM phase was gently decanted into a previously weighed eppendorf tube and the 

DCM evaporated at 50°C for 2 days. Any residual DCM was removed via lyophilization. The 

mass of the extracted polymer was measured and used to calculate the percent weight loss. The 

Tg, Mn and ratio of EKC to DLLA in the polymer were also measured at 18 and 21 weeks after 

release of HGF and VEGF, respectively. The polymer used for VEGF and HGF release had lost 

approximately 35% of the initial weight during the entire release period; however, the molecular 

weight of the polymer only reduced slightly from 2810 Da to ~ 2500 Da with no significant 

change in ratio of EKC to DLLA and Tg (Table 7-3). As observed during an in vitro degradation 

study in the absence of trehalose 
130

, while the physical properties of the polymer remained the 

same throughout the degradation time, the polymer lost approximately 34.7 ± 0.3% of its initial 

weight by week 14, which increased to approximately 71.8 ± 10.2 % by week 24. The weight loss 

of the polymer used for HGF and VEGF release indicates that the polymer used for the release 

studies degraded slightly slower compared to that in the absence of trehalose  (Figure 7-5). This 

result could be attributed to the slightly lower molecular weight (2700 Da) of the polymer used 

for the degradation studies done in the absence of lyophilized particles (chapter 5) compared to 

the molecular weight of the polymer batch used for this studies (Table 7-3). However considering 

the observed polymer weight loss in the presence versus that in the absence of the 

trehalose/protein particles, it can be inferred that the degradation mechanism of the polymer 

during release is the same in each case. 

 



 

137 

 

 

Figure 7-5: Comparison of weight loss of the OCT-PEKCDLLA  degraded in vitro in the 

absence and presence of particles containing VEGF or HGF. 

 

Table 7-3: Characteristics of OCT-PEKCDLLA after release of VEGF and HGF.  

 % Weight 

remaining 

Tg (ºC) Mn (Da) Molar Ratio of 

EKC to DLLA 

Polymer before 

release 

100 -19.7 2810 3.6 : 1 

Polymer after 

release of VEGF 

65 ± 5 

After 21 weeks 

-18.5 2490 3.8 : 1 

Polymer after 

release of HGF 

68 ± 11 

After 18 weeks 

-18.4 2500 3.4 : 1 
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7.4.4 Bioactivity of the released VEGF and HGF 

The bioactivities of VEGF and HGF in the release media were assessed using an in vitro 

assay based on the proliferation of HAECs and CCL 208 cells, respectively 
31

. The bioactivity of 

the released VEGF and HGF was calculated relative to the proliferation of HAECs and CCL 208 

cells grown in the presence of the same concentration of as-received VEGF and HGF 

respectively. Two cell proliferation assays were used for this purpose, WST-1 and QuantiFluor
TM

 

dsDNA system. WST-1 measures cell number by measuring the number of cells that are 

metabolically active, while Quantiflour
TM

 dsDNA system measures cell number by quantifying 

the amount of DNA present. The results from the two assays were consistent; the released VEGF 

retained approximately 90% of the bioactivity of the as-received VEGF throughout the release 

study (Figure 7-6A), while the HGF retained approximately 80% bioactivity throughout the 

release studies (Figure 7-6B). 
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Figure 7-6: Fraction of bioactive cells in the release media relative to the same 

concentration of as-received growth factors using WST-1 and QuantiFlour
TM

 (A) VEGF 

and (B) HGF. Each point represents the average of the released protein from three samples 

with 2 replicates per sample for each experiment. 
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7.4.5 In vitro release from the hydrogel mold 

It was easier and faster to assess formulation parameters by placing the polymer/particle 

suspension in the bottom of a vial. However, the release rate obtained in this manner would be 

slower than that expected in vivo because release from the vial was unidirectional, while the 

release in vivo would be multidirectional. In order to simulate the release rate of the growth 

factors in vivo, 100 mg of protein-loaded polymer was injected into a hollow space created in a 

hydrogel prepared from N-methacrylate glycol chitosan (MGC). As expected, both VEGF 

(10TB90V 0.03) and HGF (10TB90H 0.03) were released faster when the formulation was 

injected in the gel mold than when injected into the bottom of the vial. VEGF release was 

sustained for the first 31 days at 69 ± 6 ng/day (1.9 ± 0.1 %/day), while HGF was sustained for 9 

days at 64±7 ng/day (2.0 ± 0.3 %/day) and at 18.6 ± 3.5 ng/day (0.6 ± 0.1 %/day) thereafter. 

(Figure 7-7A and 7-7B).  
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Figure 7-7: Cumulative release of VEGF and HGF from OCT-PEKCDLLA when the 

formulation was injected into the MGC gel mold, demonstrating the difference in release 

kinetics of VEGF and HGF when formulated under the same conditions. (A) Cumulative 

mass released and (B) cumulative mass fraction released. The error bars indicate the 

standard deviation of 3 independent release experiments. The solid lines are linear curve 

fits to the data over the time period indicated by the length of the line. (Coefficient of 

determination for the linear regressions was ≥ 0.97) 
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These release rates were calculated via a linear regression, and in all cases the coefficient 

of determination was > 0.97. By the end of the release study, 95 ± 4 % of the incorporated VEGF 

had been released while 66 ± 13 % of the incorporated HGF had been released (Figure 7-7B). 

When the growth factors were released from the OCT-PEKCDLLA within the gel mold, the 

initial release rate of VEGF was approximately 3 times faster than the release rate from the vial, 

while the release rate of HGF was approximately 5 times faster than the release rate from the vial. 

Moreover, a nearly linear release is no longer observed for a long time frame when the release 

was multidirectional compared to when the release of the growth factors was unidirectional. 

 

7.4.6 Co-release of VEGF and HGF 

The VEGF (10TB90V 0.03) and HGF (10TB90H 0.03) particles were also loaded into 

the polymer at 5% particle loading each and injected into the MGC gel mold, to assess the 

feasibility of concurrent release of the two growth factors from the OCT-PEKCDLLA vehicle. It 

was also important to ascertain why VEGF was consistently released faster than HGF; therefore, 

the amount of trehalose released with time was compared to the VEGF and HGF release. The 

release profiles from the single and dual factor-loaded systems coincided, at least for the first 41 

days (Figure 7-8). Trehalose, VEGF and HGF were released in a sustained manner, but at 

different rates. VEGF was released at 36 ± 7 ng/day (2.2 ± 0.3 %/day) for 41 days while HGF 

was released at 16.1 ± 1.5 ng/day (0.95 ± 0.05 %/day) for 70 days. On the other hand, trehalose 

was almost completely released by the seventh day at the rate of 11.0 ± 0.8%/day, which is 

approximately 5 times faster than the release rate of VEGF and about 10 times faster than the 

release rate of HGF in the same time frame.  



 

143 

 

 

 

Figure 7-8: Cumulative release of trehalose, VEGF and HGF from OCT-PEKCDLLA when 

injected into the MGC gel mold.  In the legend, VEGF-D and HGF-D refer to the release of 

each growth factor when incorporated into the polymer together and VEGF-S and HGF-S 

when delivered from the polymer separately. The error bars indicate the standard deviation 

of 3 independent release experiments. The solid lines are linear curve fits to the data over 

the time period indicated by the length of the line. (Coefficient of determination for the 

linear regressions was ≥ 0.97) 

 

7.4.6: Effect of HGF concentration in the particle 

HGF in all cases was released consistently slower than VEGF. This finding led to a 

similar hypothesis as that proposed for VEGF release: that the solubility of HGF in the trehalose 

solution formed by dissolving the particle was less than the HGF content in the particle. To test 

this hypothesis, the vial approach was used, the concentration of HGF in the particle was reduced 

to 0.0075% (w/w) and 0.015% (w/w), incorporated into the OCT-PEKCDLLA at 10% loading, 
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and the release results compared (Figure 7-9A). The release kinetics showed that there was an 

increase in cumulative mass fraction release rate when the concentration of HGF was reduced to 

0.015% (w/w). However, a further decrease in HGF concentration in the particle did not have any 

significant effect on release rate (Figure 7-9A). The release profile of VEGF from the 10TB90V 

(0.03) formulation was compared to the release profile of HGF from 10TB90H (0.015) 

formulation, with these formulations, the fractional release of HGF was slightly faster than that 

observed for VEGF Figure 7-9B. This further indicates that the release of VEGF and HGF is 

limited by their concentration in the concentrated trehalose solution. 
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Figure 7-9: (A) Cumulative mass fraction release of HGF showing effect of concentration of 

HGF in the particle on release rate. (B) Cumulative mass fraction release of HGF (0.015%) 

and VEGF (0.03%). The error bars indicate the standard deviation of 3 independent release 

experiments.  
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7.5 Discussion 

The ultimate goal was to develop an injectable polymeric delivery system made from a 

copolymer of 5-ethylene ketal ε-caprolactone and D,L-lactide, that could provide sustained and 

complete release of VEGF and HGF at a minimum of 25 ng/day for at least 4 weeks with a 

minimal burst, while maintaining their bioactivity. To accomplish these goals, an osmotic release 

mechanism was employed. Trehalose was chosen as the osmotigen for this study because it is a 

compatible osmolyte that has been used previously to drive the release of VEGF from liquid 

injectable 1600 Da poly(trimethylene carbonate) 
30

.  

 

VEGF and HGF were co-lyophilized with trehalose and BSA and the particles thus 

formed incorporated into the polymer by simple mixing. According to the release mechanism 

proposed by Babasola and Amsden (Chapter 5), solute release from the polymer was initiated by 

the water activity gradient between the surrounding aqueous medium and the saturated solution 

formed when water from the surrounding medium dissolves a polymer-enclosed drug particle. 

The activity gradient draws water into the polymer to generate an osmotic pressure equal to the 

osmotic pressure of the saturated solution at the particle/polymer interface. The generated 

pressure initiates swelling around the particle/polymer interface, and creates a highly hydrated 

polymer region surrounding the particle that ultimately overlaps with the hydrated regions of 

neighboring particles, forming a pathway to the surface through which the dissolved solutes are 

transported by convection. The rate of transport is determined by the osmotic pressure generated 

and the hydraulic conductivity of the hydrated zone (Chapter 5).  
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As anticipated, release was slower when release was from one direction compared to 

when release was from multiple directions. As observed with BSA release, increasing the particle 

loading of VEGF from 1% (w/w) to 5% (w/w) increased the mass release rate but had no 

significant effect on the mass fraction release rate. Increasing the total particle loading, provided 

it remains below the percolation threshold, would result in the overlap in the zones of hydration 

to occur at a faster rate. Nevertheless, because the hydraulic permeability and osmotic driving 

force remained the same, the fractional release rate did not change appreciably. By increasing the 

particle loading to 10% (w/w) from 5% (w/w) while decreasing the concentration of VEGF in the 

particle from 0.2% (w/w) to 0.03% (w/w), the fractional release rate and total fraction released 

was significantly increased by almost two fold. This finding suggests that when the concentration 

of VEGF is at or near 0.2% (w/w) in the particle, a smaller fraction of the VEGF in the particle is 

soluble in the saturated trehalose solution formed upon dissolution of the particle. At 0.03% 

(w/w), the concentration of VEGF is low and as a result, a greater fraction of the VEGF is soluble 

in the saturated trehalose solution formed. In a previous study by Amsden and co-worker, 
151

 it 

was observed that there was no significant effect on the fractional release rate from liquid 

poly(trimethylene carbonate) when the concentration of VEGF in equivalent particles was 

increased from 0.1 % (w/w) to 0.5% (w/w). This previous finding and the findings of this study 

further confirms that VEGF release from this formulation was limited by its solubility in the 

concentrated trehalose solution formed by dissolving the particles.  

 

Using the VEGF formulation conditions to formulate HGF did not lead to the same HGF 

release rate as observed for VEGF, suggesting that HGF had a lower solubility limit in the 

concentrated trehalose solution formed than did VEGF. This explanation was supported by the 
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faster release observed upon reducing the concentration of HGF in the particle to 0.015% (w/w) 

and 0.0075% (w/w) from 0.03% (w/w). Moreover, the release rate of HGF from formulation 

10TB90H (0.015) was slightly higher than the release of VEGF from formulation 10TB90V 

(0.03). This further confirms that the release of HGF and VEGF was determined by their 

solubility in the concentrated trehalose solution. When VEGF and HGF were released 

simultaneously from the OCT-PEKCDLLA injected into the MGC gel mold, the fractional 

release rates were comparable to those achieved when the growth factors were incorporated into 

the polymer separately. Moreover, VEGF and HGF were released close to the targeted 

therapeutically relevant concentrations, in a sustained manner, with a near zero order release 

profile, and with no burst release. VEGF was released at a rate of 36 ± 7 ng/day for 41 days, 

while HGF was released at a rate of 16 ± 2 ng/day for 70 days, which is close to the minimum 

targeted delivery rate of 25 ng/day for both growth factors. 

 

 In all formulations tested, the more hydrophilic trehalose was released faster than the 

release of the co-excipient BSA, and the incorporated growth factors, irrespective of the geometry 

of the system. In this formulation, trehalose was almost completely released by 12 days, however, 

the release of VEGF and HGF were still continuous in a sustained manner, with a near zero order 

release profile. The continuous and almost linear release profile observed after almost all 

trehalose has been released could be as a result of the pathway already created by the released 

trehalose, the increased solubility of the growth factors as a result of reduction in trehalose 

concentration and the fact that the polymer degrades by surface erosion. For trehalose to be 

completely released by day 12, water must have penetrated into the bulk of the polymer and the 

absorbed water must have increased the hydraulic permeability of the polymer. However, because 
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the properties of the polymer did not change significantly after release studies even after losing 

about 35% of the initial weight, it can be inferred that hydrolysis of the ester bonds is more 

significant at the interface between the polymer and the aqueous medium, therefore confining the 

release of the dissolved growth factor in that layer. Low molecular weight polymer degradation 

products are formed at the surface that are dissolved into the release medium while the higher 

molecular weight degradation products that are not water soluble remain entrapped in the 

polymer, but at the interface of the polymer with the aqueous medium. All these factors will 

result in continuous release of the growth factors even after all the trehalose has been released.  

 

In an in vivo angiogenesis assay in rats, Richardson and co-workers showed that VEGF 

released from PLGA (85/15) retained biological activity for up to 2 weeks. By using an in vitro 

VEGF receptor ELISA, which binds specifically to the receptor domain of VEGF, Cleland and 

co-workers showed that VEGF released from PLGA (50/50) was stable for up to 8 days 
46

. Oseki 

and co-workers showed that HGF released from gelatin was bioactive for up to 2 weeks 
59

 using 

cell based assays. In the above studies, significant neovascularization was induced in vivo by the 

released growth factors compared to controls without growth factor, but a quantitative analysis of 

the actual percentage of bioactive growth factors released was not provided. In a recent study, 

using a similar cell based assay for measuring bioactivity (WST-1), greater than 95% of VEGF 

released from poly(trimethylene carbonate) 
30

 and greater than 80% of VEGF and HGF released 

from poly(trimethylene carbonate) based elastomers were bioactive 
31

 after 40 and 8 days of 

release respectively. HGF is known to lose activity partially when treated with 1M acetic acid 
58

 

while the N-terminal residues of VEGF that participate in receptor binding are prone to 

deamidation, oxidation and diketopiperazine reactions that occur faster at pH of 5 compared to 
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pH 8 
43

. However, in this study, using 2 cell based assays, VEGF retained approximately 90% 

bioactivity for over 100 days when almost 80% of the incorporated protein was released, while 

HGF maintained approximately 80% bioactivity for over 90 days when over 60% of the 

incorporated growth factor was released. The high bioactivity of these acid sensitive growth 

factors can be attributed to the near neutral pH that was maintained within the polymer as a result 

of the surface degradation mechanism. This bioactivity result is based on the growth factors 

released from the vial, where the growth factors remained in contact with the polymer for a 

longer period of time, which represents a worst-case scenario. The bioactivity of the growth 

factor released from the gel mold would be expected to be greater, considering that the proteins 

would spend less time within the degrading polymer.  

 

Multiple factor delivery has been described by other groups, applying different delivery 

systems or different combination of polymers 
31, 36, 62, 76

. For example, Richardson and co-workers 

made porous scaffolds by compressing particulate PLG that was mixed with VEGF that had been 

co-lyophilized with alginate and NaCl, with microspheres pre-encapsulated with platelet derived 

growth factor (PDGF-BB) to provide multiple growth factor delivery with a distinct release rate 

for each factor. PDGF-BB promotes maturation of blood vessels by the recruitment of vascular 

smooth muscle cells (VSMCs) to the endothelial lining of the developing vasculature 
62

. Hao and 

co-workers used a combination of partially oxidized alginates with low and high molecular 

weights to produce a hydrogel system that sequentially delivered VEGF and PDGF-BB into the 

infarcted myocardium 
76

. The sequential factor delivery was achieved due to the higher 

degradation rates of the partially oxidized alginates constituting the hydrogel. Another group of 

researchers used affinity binding alginate to produce a hydrogel system than sequentially 
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delivered insulin-like growth factor-1 (IGF-1) and HGF 
36

 and VEGF, PDGF-BB and 

transforming growth factor β (TGF-β) 
198

. Sequential factor release was achieved by the 

difference in affinity binding of the growth factor to the affinity binding alginate. The application 

of these delivery systems induced the formation of stable blood vessels. However, in vitro release 

studies were only done for less than 2 weeks and the growth factors were not completely released 

at this time point
36, 198. 

Though the bioactivity of the released growth factors were not determined, 

there is possibility of loss of bioactivity of growth factors using this approach due to electrostatic 

interaction of the affinity binding hydrogel with the growth factors and the large amount of water 

present in the hydrogel.  

 

 Chapanian and Amsden  utilized  the osmotic pressure release mechanism to achieve 

both co- and sequential release of VEGF and HGF from cylindrical geometries, made from a 

biodegradable elastomer composed of photocrosslinked, terminally acrylated star-

poly(trimethylene carbonate-co-DL-lactide-co-ε-caprolactone) 
31

. Co-release was achieved by 

distributing lyophilized particles throughout the polymer and photocrosslinking with UV light. 

Sequential release was achieved when the inner core of the cylinder consisted of HGF particles 

covered with an outer polymer layer which contained VEGF particles. The HGF particles in the 

inner layer contained a greater amount of NaCl to drive its release. However, the efficacy of these 

delivery systems has not been tested in vivo.  

 

 The OCT-PEKCDLLA delivery system presents a simpler dual-delivery system whereby 

the growth factors are co-lyophilized with trehalose and BSA and dispersed into the viscous 

polymer as solid particles by simple mixing. This provides suitable properties as a polymeric 
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delivery device for protein therapeutics. The device fabrication procedure is simple and avoids 

the presence of moisture and the use of high temperature that may denature the protein. Since the 

polymer is viscous at room temperature, the protein-loaded polymer can be easily injected to the 

affected site through standard gauge needles, providing an effective and patient friendly 

approach. The polymer degrades by surface erosion in vitro (Chapter 4) and in vivo (chapter 6) 

without incorporating trehalose, and the physical properties of the polymer used for release did 

not change significantly after in vitro release of trehalose, VEGF and HGF from the polymer. 

Moreover, the growth factors were co-released from the polymer with a near zero order release 

kinetic, with no burst effect and the release could be sustained for over 41 days, within 

therapeutically relevant concentration. With these distinct properties, the formulation can be 

manipulated to release growth factors at desired rates. VEGF and HGF were released from the 

polymer at the rate determined by the hydraulic conductivity of the hydrated polymer region 

surrounding the particle, the solubility of the growth factors in the concentrated trehalose solution 

and the hydraulic permeability of the polymer. Though co-release of VEGF and HGF was 

achieved with this delivery system, a limitation of this approach is that the growth factors were 

not released at the same rate. However, this could be possible by incorporating the growth factors 

at concentrations below their solubility limit in the amount of trehalose used as excipient. 

 

7.6 Conclusions 

A viscous, liquid injectable polymer made from poly (5-ethylene ketal ε-caprolactone -co 

-D,L Lactide) provides a simple means of co-delivering bioactive VEGF and HGF in a sustained 

manner, with a near zero order release kinetics, with minimal burst effect and at therapeutically 

relevant concentrations. Particles obtained from growth factors lyophilized with trehalose and 
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BSA can be incorporated in the polymer by simple mixing and released by convection driven by 

the osmotic pressure generated upon dissolution of the particle. The rate of solute release is 

determined by the solubility of the growth factor in the concentrated trehalose solution and the 

hydraulic conductivity of the hydrated region formed upon dissolution of the particle. There is 

potential for using this delivery system to deliver acid and temperature sensitive drugs without 

loss of bioactivity as a result of acidic degradation products and high processing temperature, and 

at similar rates provided the drug is loaded below the solubility limit in the amount of trehalose 

used as excipient.  
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Chapter 8 

CONCLUSIONS AND RECOMMENDATIONS 

8.1 Conclusions 

Injectable, and biodegradable polymeric delivery systems based on 5-ethylene ketal ε-

caprolactone (EKC) and/or its copolymer with D,L-lactide (DLLA) was successfully synthesized. 

The flowability, biodegradation rate and protein release was varied by initiating with either a 

hydrophilic or hydrophobic initiator and copolymerizing with DLLA. The in vivo tissue response 

to the subcutaneously injected polymer was moderate and decreased with time. The in vitro and 

in vivo degradation was confined to the surface, characterized by a linear mass loss with time 

with no change in Tg, Mn and EKC to DLLA ratio. BSA, VEGF and HGF release was by 

convection via the osmotic pressure generated upon dissolution of the particle at a rate 

determined by the hydraulic permeability of the polymer and their solubility in the concentrated 

trehalose solution. Bioactive VEGF and HGF from OCT-PEKCDLLA were released at 

therapeutically relevant concentrations, with no burst release, with a near zero order release 

profile, and for a prolonged period of time. These delivery systems may serve as a platform for 

controlled and predictable delivery of VEGF and HGF for treating critical limb ischemia or other 

therapeutic proteins in other clinical settings. 

 

8.2 Recommendations 

For efficient mass transport between the implant and the surrounding tissue, the thickness 

of the fibrous capsule formed may be minimized or prevented by co-releasing 

immunosuppressive anti-inflammatory drugs such as dexamethasone 
199

. 
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A longer-term in vivo degradation study of the polymer until the polymer is completely resorbed 

still needs to be done. 

 

It is necessary to study the in vitro degradation of the polymer (using the same polymer batch) 

with or without trehalose incorporated in the polymer to determine the effect of trehalose on the 

degradation of the polymer. 

 

It is also necessary to correlate the in vitro degradation of the polymer and protein release to the 

in vivo degradation of the polymer and protein release using the same polymer batch. 

 

The in vivo efficacy of this delivery approach in an hind limb ischemic model needs to be 

demonstrated. 
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Chapter 9 

CONTRIBUTIONS 

The following are my contributions to the literature: 

 

1. Low molecular weight, poly(5-ethylene ketal ε-caprolactone) and its copolymer with 

DLLA degraded in vitro and in vivo in a surface erosion fashion. 

 

2. Protein release from these liquid injectable polymers occurred by convection driven by 

osmotic pressure through zones of excess hydration formed around the protein/trehalose 

particles.  

 

3. It was demonstrated that copolymer of EKC with DLLA initiated with octan-1-ol was 

well tolerated after subcutaneous injection in rats for 18 weeks.  

 

4. It was identified that a major factor influencing VEGF and HGF release by the osmotic 

pressure mechanism was their solubility in the concentrated trehalose solution. 
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Appendix A 

1
H-NMR spectrum of the PEKC polymerized at 120ºC for 24 hours, showing evidence of degradation 

due to pyrolysis in the way of peaks in the alkene region at 5.7 ppm, 5.9 ppm, 6.3 ppm, which indicate 

the unsaturated end group formed, and at 12 ppm, corresponding to the carboxylic acid formed, as a 

result of pyrolysis. 
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Appendix B 

Photograph of the polymers in buffer at 3 weeks showing the opaque colour of the layer of polymer 

directly in contact with the buffer and the yellow and clear colour of the layer of polymer not directly 

in contact with the buffer. 
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Appendix C 

1
HNMR spectrum of purified PEG-PEKCDLLA, PEG-PEKC and MPEG 350 in DMSO showing 

evidence of the absence of unreacted monomer and initiator. 
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Appendix D 

1
H-NMR spectra of PEG-PCLDLLA during in vitro degradation for 24 weeks. The spectra show the 

gradual loss of the MPEG portion of the polymers by hydrolysis, indicated by the decrease in the 

methyl peak of the MPEG at 3.23 pm. 
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Appendix E 

1
H-NMR spectra of PEG-PEKCDLLA during in vitro degradation for 24 weeks. The spectra show 

the gradual loss of the MPEG portion of the polymers by hydrolysis, indicated by the decrease in the 

methyl peak of the MPEG at 3.23 pm. 
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Appendix F 

Wet and dry glass transition temperatures (ºC) of the EKC containing polymers during degradation. 

Time 

(week) 

OCT-PEKC PEG-PEKC OCT-PEKCDLLA PEG-PEKCDLLA 

wet dry wet dry wet dry wet dry 

3 -34 -30 -35 -32 -29 -24 -27 -21 

8 -34 -29 -34 -30 -33 -24 -27 -21 

14 -35 -30 -34 -30 -31 -26 -24 -19 

24 -35 -31 -35 -30 -29 -26 -25 -20 
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Appendix G 

Wet and dry glass transition temperatures (ºC) of the CL containing polymers during degradation. 

Time 

(week) 

OCT-PCLDLLA PEG-PCLDLLA 

wet dry wet dry 

3 -56 -53 -55 -53 

8 -57 -55 -56 -55 

14 -61 -55 -57 -54 

24 -67 -65 -63 -58 
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