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Abstract 

Traumatic spinal cord injury (SCI) is a devastating clinical condition that affects 

approximately 2.5 million patients across the world with 130,000 new injures being reported 

each year. Advances in research have provided better understanding of the complex 

pathophysiology after spinal cord injury, but so far no effective treatment has been able to 

provide functional recovery. Utilizing principles of tissue engineering, incorporation of a 

tubular implant at site of injury has gained considerable attention in recent years. The 

mechanical strength of the tubular implant, proposed for incorporation at site of injury, is 

very important for efficacy of the implant. In this project we have fabricated different types 

of hollow fiber channels (HFCs) with a porous morphology using dip-coating and sub-

critical CO2 process. The HFCs have been characterized, their mechanical properties have 

been tested in vitro and their degradation behaviour over time has been analyzed. 

Among the different types of HFCs tested for mechanical properties, single layered, 

double layered and reverse porosity, presence of porosity gradient and its orientation plays 

an important role towards establishing the mechanical strength of the HFC. The porosity 

gradient results from the difference in pore sizes between the inner and the outer layer of the 

HFC. During our study we were able to satisfy two crucial parameters regarding the 

mechanical strength of the HFC. Firstly, it is important for the HFC to match its mechanical 

strength with that of spinal cord tissue and secondly, the ability of the HFC to possess 

optimal weight to avoid damage to the already injured tissue. Thus we were able to fabricate 

a tubular implant that has desired mechanical properties to be used after SCI. 
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Resume 

Les traumatismes medullaires bouleversent la vie de 2.5 millions de personnes a 

travers le monde. A chaque annee, 130 000 nouveaux cas sont signales. Aujourd'hui, la 

physiopathologie complexe de ce type de blessure est beaucoup mieux comprise. Malgre 

cette meilleure comprehension, aucun traitement efficace n'a ete decouvert qui permet une 

recuperation fonctionnelle du patient. L'incorporation d'un implant tubulaire au niveau du 

site de la blessure, en utilisant les techniques de genie des tissus, a ete un sujet d'interet 

majeur ces dernieres annees. La force mecanique de 1'implant tubulaire, destine a 

1'implantation, est essentielle pour l'efficacite de l'implant. Lors de ce projet, nous avons 

fabrique par un depot par trempage et un procede de CO2 sous-critique differents types de 

canaux creux fibreux (Hollow fiber channels, HFC) dont la morphologie etait poreuse. Les 

HFC ont ete caracterises, leurs proprietes mecaniques testees in vitro et leur degradation au 

fil du temps analysee. 

Parmi les differents types de HFC dont les proprietes mecaniques ont ete 

caracterisees : monocouche, bicouche et porosite inverse, la presence d'un gradient de 

porosite et son orientation jouent des roles importants dans l'etablissement de la force 

mecanique du HFC. Les dimensions des pores de la couche interieure et de la couche 

exterieure du HFC sont differentes creant le gradient de porosite. Lors de notre etude nous 

avons reussi a satisfaire aux deux parametres primordiaux a la force mecanique du HFC. 

Premierement, il est important que le HFC correspond a la force mecanique des tissues de la 

moelle epiniere. Deuxiemement, le poids du HFC doit etre optimise afin de ne pas 

endommager les tissus affectes par les blessures. Nous avons reussi a fabriquer un implant 
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tubulaire avec les proprietes mecaniques desirees pour etre utilise apres un traumatisme 

medullaire. 
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1. Introduction 

1.1 Spinal Cord Injury (SCI) 

All over the world approximately 2.5 million patients live with spinal cord injuries 

(SCI) [1] and it has been estimated that 130,000 new injuries are reported each year [4] with 

an average of 10,000 cases being reported from the United States alone [5]. Some of the 

main factors that cause spinal cord injury are road accidents, diving injuries, accidental falls 

and gunshot wounds. Patients suffering from SCI have a low quality of life, are restricted to 

bedside and due to loss of income, often have accumulated financial burdens given the high 

costs associated with primary clinical care. As a result of loss of sensory and motor functions 

beyond the site of injury, the patients suffer from loss of limb function, multiple health 

problems such as urinary tract infection, pressure sores and other cardiac and respiratory 

disorders. SCI patients have reduced life expectancy and require extensive care for their 

daily living which is both challenging and exhaustive. It has been estimated that the total 

cost involved for all SCI cases in the US is to the tune of $7,736 billion [5] per year and 

poses an enormous burden on the health care system that provides for the basic necessities of 

these patients. 

Advances in research in the field of SCI during the last twenty years [4, 6] has forged 

better understanding of the physiological conditions after injury and has enabled emergence 

of several regenerative strategies that seem promising. These strategies involve application 

of intricate principles of tissue engineering that involve combination of some or all elements 

such as tubular implants [7-10], neutralization of molecules that inhibit tissue regeneration 

[1, 11, 12], introduction of conducive cells and growth factors to provide a permissive 
1 



environment for tissue regeneration and eventually help reverse some of the devastation of 

SCI. However given the complex pathophysiology of SCI, functional recovery has remained 

elusive so far. 

In our project, we hope to take a step in the right direction by proposing a strategy 

that may help in obtaining functional recovery after the SCI. Before suggesting our 

approach, a brief understanding of the anatomy of the nervous system and changes 

introduced within it after SCI is necessary. The knowledge of complex mechanism at play 

after the SCI is important to prepare one for the challenges that are faced while dealing with 

body's inherent response to spinal cord injury. 

1.2 Nervous System in the Human Body, its Injury and Regeneration 

The nervous system in the human body helps in coordinating activities within the 

different systems of the body by permitting communication, control and integration of 

bodily functions [13]. Homeostasis, the normal condition of the human body, is maintained 

successfully by the nervous system as it detects the changes that occur in the external and 

internal environment of the body, known as stimulus, evaluates the information received, 

assesses it and thereby provides an appropriate response to this stimulus. Based on the 

anatomy, different parts of nervous system that work in coordination with each other [14-

16], are described below and shown in Figure 1.1: 

i) Central Nervous System (CNS): As suggested by its name, CNS provides a 

central functionality within entire nervous system by behaving as the 
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principal integrator of sensory input and motor output. The CNS is 

responsible for receiving sensory information, evaluating it and then initiating 

an outgoing response. The CNS is comprised of the brain and the spinal cord 

that are protected by bony and membranous coverings along with the 

presence of cushioning fluid known as cerebrospinal fluid (CSF) [14]. 

Besides protecting it, the CSF also circulates in CNS along with blood, to 

monitor changes in the internal environment. Within CNS the barrier of 

cellular membranes that separates brain tissue and CSF from being in direct 

contact with blood is known as the blood-brain barrier (BBB). Structurally it 

is constituted of tight sheaths formed between astrocytes projections and 

endothelial cells of brain capillaries. The BBB maintains a stable environment 

that is required for normal functioning of the brain [16]. 

Spinal cord within the CNS has the important responsibility of 

providing routes to conduct information being transmitted in form of nerve 

impulses to and from the brain. Spinal cord accomplishes this task with help 

of two types of tracts essentially composed of bundles of axons (axons are 

discussed in detail in the next section) known as ascending and descending 

tracts. Ascending tracts conduct sensory impulses up the cord to the brain and 

descending tracts conduct motor impulses down the cord from the brain. 

Spinal Cord also serves as the reflex centre for all spinal reflexes [13]. 

ii) Peripheral Nervous System (PNS): This part of the nervous system is named 

as such since it consists of all the nerve tissues that lie within the peripheral 
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regions of the nervous system, outside the CNS. The PNS consists of cranial 

nerves that originate from the brain and carry impulses to and from it, and the 

spinal nerves that originate from the spinal cord and carry messages to and 

from it [13]. 

4 



Posterior view 

Central 
nervous -̂  
system 

_J) . 

St 

Peripheral 
"nervous 
system 

Figure 1.1 Anatomy of human body depicting central nervous system and peripheral 

nervous system. Figure adapted from Reference [13] 
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Within the nervous system, there exist mainly two types of cells: neurons and glial 

cells. Neurons are specialized excitable cells that receive and transmit electrical and 

chemical signals by conducting impulses, thus completing the circuitry functions within the 

nervous system. Neurons exist within both CNS and PNS and are the main building blocks 

of nervous system. Neurons are often distinguished by the presence of a cell body and a long 

process that is a threadlike extension of cytoplasm and is known as an axon as shown in 

Figure 1.2 [13]. An axon usually has one or more side branches called axon collaterals and 

one or more dendrites. The primary job of an axon is to transmit neural messages by 

conduction of nerve impulses from cell body to end of the neuron. On the other hand, 

dendrites and the cell body mainly act as the input zone that receives nerve stimulation and 

initiates nerve impulses in response [15]. 
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Figure 1.2 Structure of a neuron. Figure adapted from Reference [13] 
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Glial cells have always been understood to exist for supporting the function of 

neurons. But with turn of the century, glial cells are being much appreciated for their 

dynamic role in nervous system given their capability of carrying out major functions such 

as regulating the composition of extracellular fluid within the CNS [15]. Glial cells are also 

known for their ability to regenerate. Four types of glial cells that exist within CNS are 

astrocytes, microglia, ependymal cells and oligodendrocytes; within PNS there exists only a 

single type of glial cell namely the Schwann cells. The functions of different types of glial 

cells are briefly described below and their structures are shown in Figure 1.3: 

i) Astrocytes: are the most numerous type of glia and are star-shaped. They 

have long delicate processes that extend through the brain tissue by attaching 

neurons to blood capillaries of the brain. They perform important functions 

such as feeding the neurons by converting glucose from blood and converting 

it into lactic acid for neurons. Their role in presence of the blood-brain barrier 

has already been described. Recent findings suggest that astrocytes influence 

growth of neurons and manners in which they form neural circuits [15]. 

ii) Microglia: are small sized, usually stationery cells in CNS. Upon damage to 

the brain or spinal cord tissue, they enlarge in size and act as macrophages 

thereby performing phagocytosis by engulfing and destroying 

microorganisms and cellular debris [15]. 

iii) Ependymal cells: resemble epithelial cells and form thin sheets that line the 

fluid-filled cavities in brain and spinal cord. Some of these cells also take part 
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in producing fluid that fills these spaces while others have cilia that keep the 

fluid circulating within the cavities [15]. 

iv) Oligodendrocytes: are smaller in size and have fewer processes as compared 

to astrocytes. They help in holding the nerve fibers together and their most 

important function is to produce myelin sheath around nerve fibers in the 

CNS that improves the conduction of electric impulses [15]. 

v) Schwann cells: exist only in the PNS, support functions of nerve fibers and 

also produce myelin sheaths in some cases. Schwann cells have the ability to 

wrap themselves around a single nerve fiber in layers and presence of myelin, 

a white fatty substance, in their cell membrane helps to ensheath these nerve 

fibers. Myelin sheath is important for transmission/conduction of electric 

impulses along nerve fibers and within a neuron, only axons have myelin 

sheath and not the dendrites. This function of ensheathing the nerve fibers, is 

performed by Schwann cells in PNS and oligodendrocytes in CNS [15]. 
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Figure 1.3 Different types of glial cells that exist in the nervous system (A) astrocytes 

(B) microglial cell (C) ependymal cell (D) oligodendrocytes (E) and (F) two types of 

Schwann cells. Figure adapted from Reference [15] 

10 



1.2.1 Spinal Cord Injury and associated Physiological changes 

Spinal cord injury can be classified as traumatic or non-traumatic. A sudden 

traumatic physical impact as a result of vehicular accidents, diving injuries, accidental falls 

or gunshot wounds can fracture the bony structure of spinal column that protects the spinal 

cord tissue and cause considerable damage to the spinal cord tissue. Non-traumatic injuries, 

on the other hand, occur due to medical conditions such as arthritis, cancer, inflammation or 

infections, or disk degeneration of the spine. Injuries to the spinal cord in any form, can lead 

to dislocation, compression known as contusion injury, or even create a wound that 

penetrates and cuts the spinal cord, known as transection injury [17]. 

In our research work we have focussed on transection model of spinal cord injury. It 

is decidedly the most challenging scenario, given the extent of lesion that completely 

destroys communication and basic functionality between the two ends, proximal and distal, 

of the injured spinal cord [5, 18], that upon transection are also known as rostral and the 

caudal ends. 

SCI drastically affects the normal functioning of the spinal cord and leads to 

disconnect in the motor and sensory communication pathways, thus affecting functionality 

below the site of injury. Primary damage after SCI involves death of cells existing within 

spinal cord including neurons, oligodendrocytes, astrocytes & precursor cells, and formation 

of cysts & cavities that may interrupt the descending and ascending axonal tracts [4]. Given 

the non-proliferative characteristic of neurons, their death leads to loss of function, whereas 

death of axons causes disconnect in the communication pathways between the CNS and the 

PNS. After the initial injury, a secondary injury known as the glial scar arises that causes 
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additional structural damage and functional loss. Although the formation of glial scar is 

body's inherent mechanism to stabilize the fragile CNS tissue after injury and to help repair 

the blood-brain barrier and prevent an overwhelming inflammatory response to limit cellular 

degeneration [6], it has an extremely inhibitory effect on regeneration. 

Glial scar is comprised of reactive astrocytes that form a tight boundary with their 

processes [19], transmembrane molecular inhibitors of axonal growth, macrophages and 

local microglia that perform phagocytosis [4]. All these factors combine to create an 

inhibitory environment within glial scar that present a physical barrier [20], and thus the lack 

of pathway, for regeneration of axons. Over time the glial scar develops to become rubbery, 

tenacious, growth-blocking membrane [6]. 

1.2.2 Injury and Regeneration mechanism in PNS 

Although CNS and PNS constitute the two subsystems within nervous system, often 

a comparison is made between their respective regeneration mechanisms after injury. The 

reason for this is quite evident. Being entities of the same nervous system it has been 

observed that post injury, PNS possesses the ability to regenerate itself due to the permissive 

environment provided at site of injury, even though efficiency of regeneration is dependent 

on the gap of injury. CNS on the other hand, has a complex and inhibitory environment that 

does not encourage axonal regeneration by itself. 

Injury to PNS causes damage to nerves leading to functional loss in the associated 

muscles and sensory organs. Literature indicates that this damage occurring in peripheral 
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nerves can be shown to be partially reversible since they have the capacity for self-

regeneration [21]. Presence of Schwann cells in the PNS helps in guiding damaged axons, 

from the proximal to the distal stump of injured nerve fiber, and eventually establishes their 

communication once again. After the axons have been injured, cellular changes cause 

degradation of the distal nerve stump. Axons are then surrounded by Schwann cells at the 

distal stump that proliferate rapidly to form narrow tubes using their extensions, known as 

bands of Biinger. These bands of Biinger provide a mechanical support and guide the axonal 

migration. The debris from injury is cleared within a duration of approximately 7 months in 

cases of human beings and regeneration of axons begins from proximal end, towards the 

distal end [22]. Some other factors that contribute to regenerative mechanism are cell 

adhesion molecules and extracellular matrix [20]. 

The extent of regeneration of peripheral nerves is dependent on size of gap arising as 

a result of injury, age group of the individual etc. When the transected gap between nerve 

ends is greater than 2 cm, nerve autografts are recommended to obtain functional recovery 

after injury [23-25]. Though use of autografts is considered as the gold standard, some of the 

issues associated with it are morbidity at donor site, formation of neuromas, structural 

differences between donor and recipient grafts and limited availability of material for 

extensive repair [23]. These issues, as shown by extensive research, are being addressed by 

use of tubular conduits or nerve guides that are fabricated from biocompatible materials to 

aid in nerve regeneration over longer gaps [26-31]. 
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Given the regenerative mechanism within PNS due to presence of a more permissive 

environment, it proves to be a good learning model that can assist in arriving at a suitable 

regenerative technique for spinal cord injuries [6]. 

1.3 Role of Tissue Engineering 

Tissue engineering is an evolving area of research and can be defined as "the 

application of principles and methods of engineering and life sciences toward fundamental 

understanding of structure-function relationships in normal and pathological mammalian 

tissues and the development of biological substitutes to restore, maintain, or improve tissue 

function" [32]. Within the realm of tissue engineering, scaffolds can be utilized for 

developing new tissues or repairing and regenerating injured tissues. The scaffold can direct 

growth of cells, usually in presence of growth promoting factors and thereby aid in tissue 

development. 

Based on their crucial application, the scaffolds must possess adequate physical 

properties such as mechanical strength and porous morphological structure. Mechanical 

strength of the scaffold plays an important role in helping maintain its in vivo efficacy given 

the presence of biomechanical forces at the site of implantation. Also the scaffold must be 

strong enough to support and stabilize the tissue that it is helping to regenerate. Porous 

structure of the scaffold helps in cellular growth of the tissue by providing a substrate to 

which cells can attach and grow. Also this morphology can be utilized to seed cells and thus 

aid in their proliferation, growth and differentiation. The scaffold must be biocompatible and 

not give rise to any adverse infections or inflammation in vivo, post implantation. 
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Depending on the application of the scaffolds, it may be desirable to have degradable 

material for the fabrication of the scaffold, especially if the tissue is expected to support 

further tissue growth and development. Absence of any synthetic remains once the tissue 

regeneration is well underway proves to be beneficial since the probability of infection and 

chronic inflammation are reduced. However the time of degradation of the scaffolds should 

match closely with the rate of tissue regeneration so that the developing tissue continues to 

have the support of the scaffold till needed [33]. 

Injuries to the spinal cord result in significant loss of original neural tissue that 

comprises the complex and well arranged architecture of cells and extracellular matrices. 

Utilization of concepts of tissue engineering can be attempted to help regenerate the 

damaged neural tissue, by implanting a scaffold at site of injury. The main aim of 

implantation of a scaffold after SCI is to achieve functional recovery and reversal some of 

the SCI effects. 

1.4 Concept of Tubular Strategies 

SCI leads to disconnect in axonal tracts that affects functionality below the site of 

injury. As has already been discussed, after injury a cascade of events known as secondary 

injury leads to formation of glial scar thereby creating an inhibitory environment resulting in 

inability of axonal regeneration. 

To reverse the effects of SCI and lead to functional recovery, it is necessary that the 

severed axons be allowed to regenerate and reconnect. The conceptual design of a hollow 
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tubular implant, as proposed by others and us [18, 34-45], involves enclosing the rostral and 

caudal ends of the transected spinal cord within it. The tubular implant is intended to act as a 

structural bridge that prevents formation of scar tissue and serves as a protective casing to 

support axons in extending from inhibitory boundary of glial scar to a permissive 

environment of uninjured CNS [7]. A schematic representation is shown in Figure 1.4. It is 

necessary for this implant to possess adequate mechanical strength so that it can support the 

rostral and caudal ends of the injured spinal cord during the regeneration process. It is aimed 

that by providing such a conducive environment, the regeneration and reinnervation of axons 

beyond the glial scar can be encouraged. It is known from literature that axons do not lose 

their regenerative ability after injury [6, 46] due to the presence of 'growth cones' within the 

dystrophic endbulbs of transected axons that still have their viability maintained after injury. 

Therefore when provided with a growth permissive environment, it is possible for the axons 

to re-grow. 
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Figure 1.4 Schematic design of tubular strategy after SCI 
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The choice of material for fabrication of the tubular implant is an important criterion. 

Use of biodegradable biomaterials in this regard is advantageous since they are completely 

resorbed in the body, after having served their purpose [37-39, 47]. On the other hand, 

tubular implants fabricated from non-degradable biomaterials continue to be present in the 

body after their purpose has been served [18, 34-36, 41, 42, 45]. A secondary surgery 

performed for removal of these implants can be detrimental to the process of tissue 

regeneration at site of injury [33]. Use of non-degradable materials has been shown to lead to 

formation of a fibrous capsule on outer surface of tubular implant along with occurrence of 

calcification in some studies [18] and an inflammatory response characterized by presence of 

macrophages and foreign body giant cells, in other studies [34]. 

Implantation of a biodegradable tubular implant, can promote process of tissue 

regeneration, and upon complete degradation can be replaced by the newly developed tissue, 

without the presence of a foreign material over extended course of time. To successfully 

achieve this task, it is important to closely match the rates of tubular implant degradation & 

tissue development, for continued mechanical and structural support to the developing tissue 

[33]. 

One of the challenges associated with use of biodegradable materials for fabrication 

of tubular implants, is to provide the implants with suitable mechanical strength. Mechanical 

strength is a very important physical property of the tubular implant necessary for providing 

structural support and stability to injured spinal cord tissue in vivo. In different species, the 

entire spinal cord has an elastic modulus ranging between 230 to 600 kPa including the 

membranous pia mater [35]. Given the above, mechanical properties of the tubular implant 
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should be designed to closely match those of the spinal cord tissue. A weak tubular implant 

has been shown to collapse in vivo, due to thinning of the tubular wall brought about by 

combined action of compressive forces and phagocytosis leading to its collapse at site of 

injury [34]. Alternatively an excessively strong tubular implant can damage the surrounding 

tissue due to its undesirable rigidity. As shown by Nomura et al. [43] use of coil reinforced 

guidance channels, led to formation of syringomyelic cyst formation causing further 

deterioration to the tissue regeneration process. In both circumstances, the process of nerve 

regeneration was adversely affected, clearly due to mechanical strength mismatch. 

While making an effort to design a tubular implant with enhanced mechanical 

properties, it is important to regulate its mass to avoid any further damage to the already 

injured tissue. The biodegradable implant with a higher mass will undesirably lead to an 

increased accumulation of acidic by-products upon its degradation whereas a tubular implant 

with low mass may not extend desirable mechanical properties. The solution to this problem 

lies in carefully regulating the mass of the tubular implant. A suitable model that presents 

itself in nature is that of human bone. Bone is renowned for its excellent load bearing 

capacity, being a tissue that achieves an accurate compromise between its mechanical 

strength and optimum weight [48]. Presence of a porosity gradient within the two layers of 

bone structure, inner layer being more porous than outer layer, gives the bone its unique 

capability. Figure 1.5 shows the cross section of the bone tissue. By mimicking the 

conceptual design of bone within the tubular implant, even with use of biodegradable 

materials, it may be possible to offer adequate mechanical strength along with an optimum 

weight. 
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Figure 1.5 Cross section of bone tissue shows the porosity gradient between the outer 

and inner layers 
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Within the realm of tissue engineering, fabrication of scaffolds with gradient 

structures has been attempted in the past. However, the application of gradient structured 

scaffolds has so far, never been utilized for providing mechanical strength to tubular 

implants that are used for tissue regeneration after SCI. Harley et al. [49] fabricated porous 

tubular scaffolds with gradient in porosity and pore size, along the radius of the scaffold. The 

concept was to study the direction of growth of myofibroblasts after peripheral nervous 

injury, and this was achieved by making the inner wall of the tubular scaffold completely 

permeable to cell growth in contrast to cell-impermeable outer layer. Several other 

approaches, for repair or replacement of tissues or organs, using the concept of functionally 

graded scaffolds has also been researched [49-52]. Each layer of such functionally graded 

scaffolds is designed to perform a desired biological function based on the fact that different 

pore sizes encourage growth of different cell types. The presence of a porosity gradient 

within such scaffolds provides it the desired mechanical strength. Such conceptual designs of 

the scaffold, achieved by conventional and rapid prototyping techniques, mimic the 

structural arrangement of naturally occurring tissues or organs where each layer is designed 

to perform specific biological, mechanical and anatomical functions [50]. Interactions 

between different cell or tissues, growing within a single scaffold with different pore sizes 

were also studied by Oh et al. [51] who developed cylindrical scaffolds with porosity 

gradient along the longitudinal direction using a centrifugation method, to study such 

cellular interactions. In addition Zein et al. [52] used fused deposition modeling technique, 

equipped with an extruder that deposited semi-molten polymer material layer by layer to 

create tissue engineering scaffolds with a porosity gradient. Centrifugation, freeze drying, 
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conventional and rapid prototyping are some of the other techniques that have been 

attempted for creation of porosity gradient within the scaffolds [49-51]. 

Presence of a porous structure of the tubular implant from the perspective of tissue 

engineering can further help in the overall tissue regeneration process at the site of spinal 

cord injury. The pores within the implant can maximize cell attachment, proliferation & 

differentiation along with vascularisation and tissue growth [7, 47, 51]. 

In view of the above discussion, we propose a tubular structure known as the hollow 

fiber channel (HFC) to be used for implantation after spinal cord injury. The HFC has been 

proposed to be fabricated using biodegradable polymers and must be designed to possess 

adequate mechanical strength with an optimum mass and desirable porous morphology. The 

project goals listed below include design, development and fabrication of the HFC along 

with techniques to analyze and assess its physical properties such as mechanical strength, 

degradation behaviour in vitro. 

1.5 Project Goals 

The goals of this project have been listed as follows: 

a) To fabricate degradable HFCs by dip-coating and sub-critical CO2 process. 

b) To characterize and compare different types of HFCs and test their mechanical 

properties in vitro. 

c) To follow the degradation performances of the HFCs over time in vitro. 
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1.6 Hypotheses 

A degradable HFC with layered porosity that mimics the porous bone structure will 

be mechanically strong for a given unit mass for potential applications in SCI repairs. 
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2. Literature Survey 

This project establishes the fabrication technique of hollow fiber channel, a tubular 

implant that has been proposed by us for reversing the devastating effects of SCI, and 

analyzes its physical properties in vitro. For its efficacy, it is important for the HFC to 

possess adequate mechanical strength, porosity and suitable rate of degradation. In this 

literature survey we discuss a wide range of tissue engineering strategies, including scaffolds 

and tubular implants, proposed by other research groups for purpose of bringing functional 

recovery after SCI. We also discuss the different methodologies used to introduce porosity 

gradient within tubular implants and techniques to establish their mechanical strength. 

2.1 Regenerative Strategies after SCI 

From discussion in the previous chapter, it can be stated that regenerative response of 

adult mammalian spinal cord is not encouraging due to the inhibitive environment that exists 

after injury. A study performed by Ramon Cajal in 1928 was the starting point indicating 

towards the regenerative ability of damaged axons after SCI. With use of peripheral nerve 

implants at site of injury in the spinal cord, it was shown that axons exhibited regeneration 

having been provided a growth permissive environment. Interestingly in this case it was 

established that within peripheral nerve grafts presence of Schwann cells, also known for 

their regenerative role after PNS injury, helped in axonal regeneration [53]. Lately it has 

been shown that the damaged axons after SCI do not lose their regenerative ability after 
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injury [6, 46] and presence of 'growth cones' within their dystrophic end bulbs remains 

viable thus enabling their regeneration. 

Having established that regeneration of axons is indeed possible, attempts have been 

made in providing a growth permissive environment by using principles of tissue 

engineering [11, 54]. To begin with, research in this area included the use of scaffolds and 

matrices that were meant to provide a structural support to the regenerating tissue, at site of 

implantation. The design of scaffolds was further developed and components, such as cells 

seeded within scaffold, growth factors, peptides, gels [12] were used in combination or 

alone, to provide therapeutic benefits to help reverse the effects of SCI. Recently, the 

concept of tubular strategy, a hollow cylindrical shaped scaffold, has emerged [7]. The 

tubular implant, also known as nerve guidance channel or nerve guide, is meant to enclose 

the caudal and rostral end of the injured spinal cord to provide them mechanical support and 

also directionally guide the regeneration axons. In the initial stages after SCI, the tubular 

implant limits formation of scar tissue by allowing accumulation of neurite growth 

promoting factors [55] and protects the injured stumps from surrounding inhibitory 

environment. 

2.2 Tubular Implants as Regenerative Strategies 

Concept of a tubular implant for use as regenerative strategy after SCI has gained 

considerable importance in the last decade. In PNS injury tubular implants have shown 

successful results in case of nerve lesions with a gap of less than 3 cm. In fact recently 

biodegradable nerve conduits for repair in PNS, have been approved for clinical use in 
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human subjects by US Food and Drug Administration (FDA) and Conformit Europe (CE) 

[56, 57]. In case of SCI tubular implants have not been able to provide results that indicate 

functional recovery; however their use seems promising since axonal regeneration to some 

extent has been observed [18, 45, 58, 59]. 

Given the complex pathophysiology of the SCI, use of a bioengineered approach that 

utilizes hollow cylindrical shape of the tubular implant along with a combination of any of 

these elements such as seeded cells within its structure, presence of matrix within its lumen, 

presence of neurotrophic factors may be capable of providing desired functional recovery 

[12]. Use of these techniques has potential to regenerate damaged axons across the injury 

gap, since the tubular implants provide a permissive environment through the inhibitory 

boundary of glial scar [60]. Purpose of using these elements within an unfilled tubular 

implant will render it capable of replacing lost neural tissue, provide protection to damaged 

ends of spinal cord from the inhibitory glial scar and enhance axonal regeneration and 

synaptic plasticity. These activities may prove helpful in reversing some or all effects of 

SCI. Some combination approaches have shown regeneration of axons with help of seeding 

cells within the tubular implant. A few examples of cells used for this purpose are neural 

stem cells, Schwann cells, olfactory ensheathing glia [8, 9, 55, 61, 62]. 

It is important to experiment the proposed regenerative strategies by use of an 

appropriate animal model. Rat models are a common choice in area of SCI research since 

they are easy to care for, inexpensive, have less surgical infections and the techniques for 

their functional analysis are well established. For experimenting the performance of a 

tubular device, partial or complete transection rat model is usually recommended [5]. The 
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partial model refers to hemisection or severing one half of spinal cord (along its length), 

while the other half remains intact, whereas transection model refers to complete severance 

of spinal cord. Even though probability of occurrence of a partial injury in real life is higher, 

main issue with use of this model is the difficulty in establishing whether regeneration 

observed in axons is due to the implanted tubular strategy or due to axons that were spared 

during the injury [5, 18]. 

In partial injury model, polymer tubular implant fabricated from PLGA 50:50 and 

poly(lysine) and seeded with neural stem cells (NSCs) post injury, exhibited coordinated and 

weight-bearing hindlimb stepping in the adult rats after 70 days [9]. Implantation of the 

scaffold with NSCs was shown to improve functional recovery and reduce scar tissue. 

Another study involving the use of Schwann cells seeded within tubular implants made from 

poly(P-hydroxybutyrate) (PHB) exhibited neuronal survival and regeneration after SCI in 

rats [60, 61]. Addition of extracellular molecules fibronectin, laminin and collagen were 

further seen to improve cell survival to help bridge the spinal trauma zone and promote 

axonal regeneration across the implant. Regenerating axons were seen to enter tubular graft 

from both ends and extended across its entire length. Unfilled collagen tubular implants 

guided axonal regeneration and contributed to innervation and hence improvement in 

motion, of hindlimbs of adult rats affected by SCI. The axons from rostral end of spinal cord 

were observed to grow into caudal end through the collagen tube [63]. The regeneration and 

myelination of axons was attributed to unexpected presence of Schwann cells that had 

migrated into collagen tube after its implantation at site of injury. The direct contact of 

growth cones of rostral injured axons with ventral roots led to their reconnection causing 
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accumulation of neurotrophic factors that helped in migration of Schwann cells into the 

tube. 

To eliminate the uncertainty that arises in case of partial injury model and ascertain 

regenerative ability of injured axons with tubular strategies, some complete transection SCI 

models that were researched will be discussed below. Due to retraction of spinal cord after 

transection, a gap arises and for functional recovery the descending axons involved in 

locomotor functions must regenerate and myelinate across this gap and into the caudal end 

to form synaptic connections with target neurons. The implant at site of injury is expected to 

help with this traversal of injured axons. The benefit associated with use of transection 

model is a relative measure of stabilization in pathological changes and subsequent 

neurological outcomes that allows a clear assessment of biocompatibility and effectiveness 

of tubular strategy. 

Unfilled poly(2-hydroxy-ethyl methacrylate-co-methyl methacrylate) (PHEMA-

MMA) hydrogel channels implanted after transection injury, exhibited regeneration of only 

brainstem motor nuclei [18]. However when different matrices such as collagen, fibrin, 

Matrigel™, methylcellulose, were combined with growth factors, such as fibroblast growth 

factor-1 (FGF-1) and neurotrophin-3 (NT-3), within the lumen of similar hydrogel channels, 

regeneration of a variety of neurons was observed [45]. The specificity of matrix and growth 

factor combination towards a particular type of axons was highlighted. This confirms the 

advantages that a combination approach may bring to the tubular strategy. Another study 

showing a similar example was conducted by Patist et al. [64]. Tubular implants containing 

longitudinally oriented macropores connected to each other by a network of micropores 
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were fabricated using poly (D, L- lactic acid) and loaded with brain-derived neurotrophic 

factor (BDNF). Upon implantation after SCI, they exhibited a neuroprotective effect on 

neurons in rostral end and substantial improvement of hind limb function was observed, 

even though a low number of axons were observed to be myelinated. Use of Schwann cells 

either seeded within lumen of the tubular implant or used as a nerve graft to bridge the 

injured ends of the spinal cord, constituted another regenerative strategy. Tubular implants 

fabricated from poly(L-lactic acid) were seeded with Schwann cells. When implanted after a 

complete transection injury, they exhibited enhanced formation of myelinated axons and 

blood vessels, signifying angiogenesis [55]. In addition, a combinatory approach involving 

Schwann cell graft, with presence of chondroitinase ABC for reducing inhibition in the glial 

scar and olfactory ensheathing glia, was implanted in adult rats [65]. Significant 

improvements in hindlimb and forelimb coupling of animals were observed along with an 

increase in number of myelinated axons. However prominent descending tracts did not 

successfully regenerate. Regeneration of axons has been shown to be limited within the 

Schwann cell graft only and does not venture beyond the implant boundaries. 

2.3 Biomaterials for Tubular Implants 

While the importance of a combinatorial approach as a regenerative strategy has been 

discussed at length, biomaterial used for fabrication of tubular implants also play a very 

important role in determining their efficacy. The biomaterial used for tubular implant 

fabrication must be noncytotoxic, noncarcinogenic, nonimmunogenic, nonmutagenic, and 

cause no irritation and allergic response either at local or systemic level in vivo. The chosen 
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biomaterial must possess the ability to be modified into a desired shape, should be easy to 

handle and transplant, have porous morphology to allow for cellular adhesion and growth 

that promotes tissue regeneration & vascularisation [10, 27]. 

A wide variety of biomaterials, especially polymers both natural and synthetic, have 

been used for fabrication of tubular implants [12, 66]. The benefit of natural biomaterial lies 

in their low cost and easy availability, besides increased biocompatibility. Among them are 

naturally derived molecules such as agarose, collagen, chitin. On the other hand, synthetic 

materials are attractive alternative options since their properties such as mechanical strength, 

rate of degradation, morphology etc. can be optimized as needed. Some examples are 

poly(a-hydroxyacids), poly(ethylene glycol) (PEG), poly(P-hydroxybutirate) and hydrogels 

such as poly(2-hydroxyethyl methacrylate) (PHEMA), poly(2-hydroxy-ethyl methacrylate-

co-methyl methacrylate) (PHEMA-MMA). 

For ease of classification, polymeric biomaterials are classified based on their 

degradation properties as degradable and non-degradable. 

2.3.1 Degradable Materials 

As the name suggests, these biomaterials degrade in the body leaving behind no 

foreign material after a given period of time. From the perspective of tubular implants used 

for SCI, presence of a non-degradable implant has been shown to be harmful leading to 

constriction of regenerating spinal cord ends or foreign body reactions that develop over 

long term [64, 67, 68]. A secondary surgery performed for retrieval of implant can further 
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damage the injury area. Some benefits associated with tubular implants fabricated from 

synthetic degradable biomaterials include: ability to control degradation kinetics and 

mechanical strength [39] of the implant, release of non toxic by-products after degradation 

that can be excreted by metabolic pathways in vivo, and the benefit of use of implant as a 

drug delivery device that can be designed for sustained-release of therapeutic agents through 

diffusion [10, 69, 70] over a desirable duration of time. Given the degradable nature of the 

tubular implant, its mechanical strength will decrease complemented by increasing strength 

of the regenerating injured tissue that it is supporting [33]. 

a) Collagen 

Collagen has been tested as a potential material for spinal cord repair, given its 

biocompatibility, elasticity, structural flexibility that allow it to be easily fabricated in 

various shapes and abundance in nature [71]. Collagen tubular implant after SCI has been 

shown to reduce scar tissue invasion, orient axonal regeneration and lead to formation of 

well-vascularized tissue cable connecting rostral and caudal spinal cord stumps [8]. The 

implantation of collagen filaments in young rats has also led to regeneration of axons 

directed along the collagen filament implant [62]. In spite of these developments, no 

functional recovery of limb function has been shown since due to lack of significant axonal 

regeneration of injured spinal tracts. Even though collagen is a biodegradable polymer the 

resorption period of the collagen tube has been observed to be up to 3.5 years in some cases 

[8]. Since a shorter resorption period is desired for SCI applications, this aspect will need to 

be adjusted during fabrication. One needs to be cautious about using collagen in SCI repairs 
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however, since there is also the possibility of collagen being a component of the inhibiting 

glial scar [7, 39]. This ambiguity often casts a doubt on potential use of collagen as 

biomaterial after SCI. 

b) Agarose 

Agarose is a hydrogel, a linear polysaccharide that is obtained from sea weed [72]. It 

has soft, flexible and tissue like properties and is therefore considered a good candidate for 

use for SCI repairs. Agarose has been used as a three dimensional scaffold in vivo and served 

as a carrier of trophic factors such as BDNF with the purpose of encouraging neurite growth 

at site of injury [70]. Agarose scaffolds were also fabricated with uniaxial linear pores, using 

the freeze drying technique, with the purpose of physically aligning regenerating axons [72]. 

These scaffolds exhibited controlled rate of degradation in vitro and also had the potential to 

be used as a drug delivery vehicle. Stokols et al. [73] fabricated agarose scaffolds with 

multiple channels extending throughout the length of scaffold. The uniaxial channels with 

precise dimensions helped in linear organization of regenerating axons and increased their 

penetration when BDNF was incorporated within the scaffold. Compared to random growth, 

organized and linear growth of axons as described above, can increase number of 

regenerating axons beyond lesion site and thus help in completing synaptic circuits for 

leading to functional recovery. 
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c) Chitosan/Chitin 

Chitin is known as the most abundant polysaccharide in nature and due to its 

properties of biocompatibility, biodegradability, low toxicity and cost it has found use in 

some biomedical applications such as membranes for deep burns, ulcer conditions and 

orthopaedic injuries [74, 75]. Chitosan is prepared from deacetylation of chitin and has a 

lower rate of degradation when compared to chitin and is therefore preferred for fabrication 

of scaffolds to be used after SCI [12, 76]. Chitosan can be developed into porous membranes 

with help of supercritical CO2 using phase inversion technique [77] and have been shown to 

be capable of sustaining cell adhesion & proliferation, thus possessing the potential to be 

used as a drug delivery vehicle. Main issues with use of chitosan scaffolds is difficulty in 

controlling its physical properties such as pore size and mechanical strength since the 

biomaterial is known to swell when hydrated [26, 75]. In terms of obtaining functional 

recovery, tubular implants of chitosan were filled with collagen and used in a partial SCI 

model in rats. Axonal regeneration of nerve fibers that traversed across the area of injury 

and into the caudal end [59] were observed. Even though these results were encouraging, to 

establish efficacy of the strategy a complete transection injury model must be able to show 

similar results. 

d) Poly-P-hydroxybutirate 

Poly(P-hydroxybutirate) (PHB) belongs to the family of poly(hydroxy-alkanoates) 

(PHA) and exists in microorganisms in the form of energy storage granules. It is known to 

degrade in vivo into the non-toxic form of [3-hydroxybutyric acid [60]. This thermoplastic 
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polyester is known for its biocompatibility and mechanical properties comparable to that of 

polylactides. The only drawback is its high brittleness [78]. PHB patches have been studied 

for development of dura substitute material [79]. For a partial injury model of SCI, unfilled 

tubular scaffolds fabricated from PHB, exhibited axonal growth on the outside of the implant 

and not inside. When coated with alginate hydrogel containing fibronectin, these implants 

exhibited only neuroprotection for the injured spinal cord [61] but in combination with 

Schwann cells, regenerating axons were observed to enter graft from both ends, extending 

across its entire length and bridge the spinal trauma zone [60]. 

e) Poly(a-hydroxy acids) 

This group of synthetic biodegradable polymers also known as aliphatic polyesters 

consist of poly(lactic acid) (PLA), poly(glycolic acid) (PGA), poly(lactic-co-glycolic acid) 

(PLGA), poly(e-caprolactone) (PCL) and some of their copolymers. PLA and PGA have 

been commonly used for the last few decades in clinical setting as absorbable sutures and 

orthopedic fixation devices and have been recently approved by US Food and Drug 

Administration (FDA) and Conformit Europe (CE) for use as absorbable nerve conduits for 

clinical repair of peripheral and cranial nerves [57]. 

Research studies related with SCI have shown that aliphatic polyesters adapt easily 

and have biocompatibility within CNS environment [2, 10, 26, 28-31, 37-39, 55, 58, 64, 80-

86]. Various techniques are used, such as electrospinning [84], solvent casting & particulate 

leaching [80, 81], phase inversion [31, 85], microbraiding [2, 26], and gas foaming [87], to 

fabricate tubular implants with a porous morphology which is helpful for tissue engineering 
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as has already been discussed before. The degradation kinetics of aliphatic polyesters and its 

copolymers can be controlled depending on their composition. A prime example of this is 

PLGA which is a copolymer of PLA and PGA. Varying the ratio of glycolic and lactic acid 

monomers (GA and LA), PLGA can exhibit different rates of degradation [12, 88, 89]. The 

mechanical strength of tubular implants fabricated from aliphatic polyesters can also be 

controlled based on their composition and method of fabrication [90-93]. The only drawback 

associated with the use of these biomaterials is that during degradation release of acidic by­

products leads to a drop in pH value at the site of implantation [33, 85]. Also the tubular 

implants have been shown to loose flexibility and become stiff after some time post 

implantation [57] and break up into polymer pieces that can harm the regenerating tissue 

[72]. 

2.3.2 Non-Degradable Materials 

Non-degradable biomaterials that have been used for fabrication of scaffolds and 

matrices for implantation after SCI include poly[N-(2-hydroxypropyl)methacrylamide] 

(PHPMA), NeuroGel, poly(hydroxyethyl-methacrylate) (pHEMA), blend of hyaluronan & 

methylcellulose (HAMC) and xyloglucan hydrogel [94-98]. Synthetic non-degradable 

biomaterials include poly(2-hydroxyethyl methacrylate-co-methyl methacrylate) (PHEMA), 

poly(2-hydroxyethyl methacrylate-co-methyl methacrylate) P(HEMA-co-MMA), 

poly(acrylonitrile-co-vinylchloride) (PAN/PVC), and silicone. Given the structural stability 

and ability to closely match the mechanical properties of the spinal cord tissue, the non-

degradable biomaterials have been suggested for fabrication of tubular implants [12, 35]. 
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The non-degradable hydrogels have been known to offer ease of fabrication, lower protein 

absorption [42], and potential to be used as drug delivery vehicles [94] or be seeded with 

cells [96], but their main drawback is their non-degradability. These biomaterials continue to 

reside in body as foreign materials, after tissue restoration and may present a risk causing 

delayed immune response or rejection [33, 39]. 

a) PHEMA/P(HEMA-co-MMA) 

These non-degradable synthetic hydrogels are known for their biocompatibility and 

non-toxicity have recently been researched in greater depth for fabrication of tubular 

implants after SCI [18, 34-36, 41-45, 99]. The attractive features for their use are soft texture 

and mechanical properties that closely match with spinal cord tissue. Tubular implants of 

PHEMA/P(HEMA-co-MMA) were fabricated to match the modulus of elasticity of spinal 

cord tissue [36, 42]. These implants, when used for implantation after complete transection 

SCI, resulted in regeneration of a few types of axons [18]. This growth was improved with 

regeneration of axons from different neurons on incorporating different types of matrices and 

growth factors within the lumen of the implant. In spite of these measures, functional 

recovery remained elusive [45]. To further improve upon this axonal regeneration, a longer 

implantation period of P(HEMA-co-MMA) channels was observed, during which the 

channels collapsed due to lack of sufficient mechanical strength [34]. To strengthen them, 

coil reinforced tubular implants were fabricated from the same biomaterial [41], but their 

implantation resulted in development of syringomyelic cyst [43]. Syringomyelic cyst 

developed in the rostral stump of the injured spinal cord as a result of obstruction of 
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cerebrospinal fluid (CSF) due to swelling of the injured spinal cord. This physiological 

condition prevented axonal regeneration, led to caudal migration of the rostral stump thereby 

causing further damage to the already injured area of the spinal cord. 

Use of PHEMA/P(HEMA-co-MMA) hydrogels have not been successful in showing 

functional recovery after SCI although advances in axonal regeneration have been 

successful. Even though they are biocompatible in nature, use of tubular implants fabricated 

from PHEMA/P(HEMA-co-MMA) have been associated with in vivo development of 

fibrous tissue capsule and the presence of giant foreign body type cells and calcification 

around the implant. 

b) PAN/PVC 

Tubular implants fabricated from PAN/PVC have often been studied in 

combinatorial approaches for SCI regeneration [67, 68, 100, 101]. PAN/PVC channels filled 

with suspension of Schwann cells facilitated regeneration of myelinated and unmyelinated 

axons when implanted into a transected model of SCI in rat [67]. However this permissive 

environment was unable to lead the axonal regeneration into the caudal end of the spinal 

cord. Interestingly similar channels and presence of Schwann cells, in a partial injury model 

of SCI, [68] axonal re-growth of specific neuronal pathways could be observed with 

regeneration of axons from different regions. Regenerated axons were also able to enter the 

host cord environment without presence of neurotrophic growth factors. 
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Fabrication of PAN/PVC tubular implants requires organic solvents during synthesis 

which can be harmful for in vivo environment [12] and semi-permeability exhibited by 

tubular implants may interfere with its axonal regeneration response [55]. Finally the results 

that have been shown with use of PAN/PVC are limited to partial injury model and can be 

attributed to the presence of Schwann cells, since therapeutic ability of PAN/PVC has not 

been specifically established [39, 55]. 
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2.4 Fabrication Techniques for Tubular Implants 

There are many different methods by which tubular implants can be fabricated. 

Concept of any fabrication technique is to develop a tubular implant with appropriate 

structural, morphological and mechanical properties to help improve its in vivo efficacy and 

achieve functional recovery after SCI. Specific fabrication techniques can be used to 

enhance mechanical strength, porosity and pore size during fabrication. For example gas 

foaming technique helps in achieving desirable porosity and pore size, electrospinning helps 

in providing extra cellular matrix (ECM) structural properties that aid in cell growth and 

attachment and freeze drying technique provides conducive fabrication environment thereby 

maintaining the efficacy of drug loaded tubular implants. In the following text, techniques to 

prepare HFCs will be reviewed. 

2.4.1 Solvent Casting 

The solvent casting technique involves dissolving polymer in a solvent and casting it 

in the desired shape of a tubular implant [102]. In some cases a porogen, such as sodium 

chloride (NaCl) is added to polymer solution, to be leached out in water-based media after 

the solvent has completely evaporated for obtaining a porous morphology of the implant 

[81, 86]. 

This commonly used technique often involves variations in the method by which 

polymer is shaped. Widmer et al. [86] used an extruder equipped with a piston extrusion tool 

mounted on a hydraulic press as shown in Figure 2.1. The tool was filled with dried wafers 

of polymer solution dissolved with NaCl crystals as porogen. Upon heating, the extrusion 
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tool converted polymer wafers to semi-liquid state to be easily extruded with the piston in a 

tubular shape. The tubular implants were then washed in water to leach out NaCl crystals. 

Figure 2.1 provides a better insight into the design of the extrusion tool. 

Li et al. [28] used a different approach to solvent casting technique. The polymer 

sheets were cast and before drying, were patterned using physical imprinting and embossing 

methods employing a master pattern and a secondary template. These imprinted sheets were 

assembled as tubular implants using rolling-fusing method. As a result of imprinting and 

embossing, the tubular implant possessed multiple intralumenal walls with precise 

topography along longitudinal axis. This technique increased surface area of the tubular 

implant by eight times as compared to regular tubular implants. Presence of patterning inside 

the lumen was designed to help in cellular infiltration, proliferation and axonal guidance, 

thereby further promoting tissue regeneration. However, more studies are needed to establish 

their efficacy. 

Multi-lumen tubular implants were developed by Moore et al. [103] using solvent 

casting technique, with PLGA dissolved in methylene chloride as a polymer solution, 

injected into a tube shaped mold. Steel wires were inserted in the mold to create lumens 

within the final implant, and moulds were dried for over 24 hours in an airtight chamber 

attached to a high-vacuum pump. This multi-lumen tubular implants exhibited greater 

permeability than single lumen implants due to the presence of interconnected pores [37]. 

Wong et al. [81] fabricated multi-lumen tubular implants with PCL dissolved in acetone and 

used NaCl crystals as porogen. Tubular implants with a variety of designs for the inner 

lumen, such as single lumen, multi-lumen, open path with and without core, were fabricated 
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by injecting the polymer solution in the appropriately shaped moulds. While the concepts are 

interesting, results from these designs show that the open path designs of the tubular lumen, 

both with and without cores, when implanted in vivo helped in axonal regeneration with 

lesser connective and fibrous tissue. 

Advantages of solvent casting technique are its simple approach and use of 

inexpensive equipment. The mechanism of salt leaching helps in providing desired level of 

porosity within both inner lumen and outer surface of the tubular implant [37]. The main 

drawback associated with this technique is the use of organic solvents such as methylene 

chloride, acetone to create polymer solutions. Since the residual solvent in the implant is 

hard to completely remove, the resulting implants prepared using solvent casting may have 

negative effects on biocompatibility and physical properties of the implant [102]. 
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Figure 2.1 Piston Extrusion Tool for Solvent Casting. Figure adapted from Reference 

[86] 
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2.4.2 Phase separation 

a) Thermally Induced Phase Separation 

Changes in thermal energy to induce separation of two phases such as homogenous 

polymer-solvent or polymer-solvent-non-solvent within the polymer solution by either solid-

solid demixing or liquid-liquid phase separation, is the principle applied in the case of 

thermally induced phase separation (TIPS) [104]. Polymer solution cast on the surface first 

undergoes liquid phase separation and then sublimation during which solvent rich phase is 

removed. 

He et al. [82] fabricated multi-lumen tubular implants by injecting PLGA solution in 

either acetic acid or dioxane, with granular ammonium bicarbonate as porogen in a stainless 

steel injection mould that was fixed with wires acting as mandrels. The schematic 

representation of the mould is shown in Figure 2.2. The polymer solution was injected at a 

temperature of -40°C and mould was further maintained at low temperatures for 4 hours. 

After removal from the mould, the tubular implants were further lyophilized for 5 days 

before immersing in water for 2 days for leaching of porogen. Use of different solvents 

within TIPS technique can lead to different porosities in tubular implants. For example 

glacial acetic acid exhibited poor interconnected lamellar-like structures and dioxane led to 

formation of open pore morphology. Interestingly dimethylsulphoxide (DMSO) resulted in 

radial structure due to its dendritic crystallization within the implants [104]. 

Sundback et al. [105] fabricated porous biodegradable conduits from poly (DL-

lactide-co-glycolide) (DL-PLGA) dissolved in acetic acid by using combined injection 

molding and TIPS technique. The tubular implants contained longitudinal channels that were 
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axially aligned, numbers of which could be easily varied, within its structure to guide 

regenerating axons and provide support for adherence of Schwann cells. The TIPS technique 

was modified such that polymer solution was injected under low pressure into the cold 

mould at room temperature. An outer skin layer, semi permeable in nature, on the fabricated 

implant was observed due to rapid quenching of polymer solution as soon as it initially 

contacts the cold mould surface. 

Advantage of using TIPS technique is well-defined microporous structure that can be 

manipulated by using different types of solvents for instance use of dioxane instead of acetic 

acid as a solvent provides more porous morphology. Some of the disadvantages associated 

with this technique are formation of non-porous lamellae low porosity on the outer surface 

of the implant, compact bulk macrostructure and a difference in pore size between inner 

lumen of the tubular implant and the outer layer. 
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Figure 2.2 Injection molding tool used for fabrication of tubular implants using the 

thermally induced phase separation technique. Figure adapted from Reference [105] 
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b) Liquid-Liquid Centrifugal Casting 

The method of liquid-liquid centrifugal casting has been mostly used to create 

tubular implants from biomaterials such as hydrogels that cannot be dissolved in solvents. 

The phase separation occurs during rotation of the solution at high speed and when 

propagating polymer radical becomes insoluble in solvent [42]. Phase separation within the 

polymer is induced by filling polymer in a cylindrical mould and rotating it at high speed. 

Dalton et al. [36] created tubular implants of PHEMA by polymerizing 2-hydroxy ethyl 

methacrylate (HEMA) in a cylindrical mould by application of centrifugal force at 5000 rpm 

for 5 hours, that pushes PHEMA to the edge forming a thin tubular structure. Figure 2.3 

depicts the schematic of this process. Increasing the rotational speed led to fabrication of 

thinner walled tubes and increase of concentration of monomer led to thicker walled tubes. 

Luo et al. [42] added monomer methyl methacrylate (MMA) to enhance phase separation 

over gelation in the above configuration. The copolymerization led to faster separation of 

PHEMA-MMA phase, due to the hydrophobicity of MMA, as compared to PHEMA phase 

separation. The tubular implants achieved higher mechanical strength with increased 

concentration of MMA and had microporous gel morphology on the outside of the implant 

without use of porogens and an inner sponge phase. This design of a bilayered tubular 

implant, achieved as a result of centrifugal casting, was thought useful for delivery of 

proteins and other drug release mechanisms in a controlled manner. With slight change in 

chemistry, P(HEMA-co-MMA) tubular implants fabricated by the same method, with an 

outer gel-like layer and an interconnected macroporous inner layer, possessed appropriate 

mechanical strength lying within recommended range for SCI tubular implants [35]. This 

was made possible by ensuring that phase separation occurs before gelation process. 

46 



So far the liquid-liquid centrifugal technique had been used for fabrication of tubular 

implants using non-degradable hydrogels. Goraltchouk et al. [40] synthesized biodegradable 

tubular implants consisting of L-lactide (LLA) and polyethylene glycol (PEG), terminated 

by methacrylate (MA) groups. The polymerizing mixture of MA-LLA-PEG in a solution 

with water, was centrifuged at 2500 rpm for 6 hours. The degradation and mechanical 

properties of the polymer could be adjusted by varying the ratio of LLA and PEG. In MA-

LLA-PEG tubes crystallinity and hydrophobicity increased with LLA content and 

amorphous content and hydrophilicity increased with PEG molar mass and content. 

The main advantages associated with this technique are lack of skin layer formation 

on outer surface of tubular implant and flexibility to vary porosity and mechanical of the 

tubular implant by varying parameters such as monomer combinations, speed of rotation and 

solubility of monomers [40]. 
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Figure 2.3 Fabrication of tubular implants using liquid-liquid phase separation 

technique. Figure adapted from Reference [35] 
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2.4.3 Wet Phase Inversion 

The technique of wet phase inversion (WPI) fabricates semi permeable tubular 

implants, also known as hollow fiber membranes (HFM), from polymer solution using an 

annular spinneret with a bore liquid precipitant of deionized water. The polymer solution 

was pumped at a rate lower than the deionized water to allow the polymer to precipitate into 

the shape of tubular implant [85]. It was necessary to manipulate these rates to obtain an 

appropriate texture of the HFM [31]. A schematic diagram of this technique is shown in 

Figure 2.4. 

Wen et al. [85] fabricated tubular implants using wet phase inversion technique using 

polymer solution with different solvents. By varying parameters such as spinneret size, 

pairing of solvent & non-solvent used and concentration of polymer solution, polymer 

implants could be obtained with variable sizes, surface morphologies and porosities. To 

increase the guidance role and promote nerve regeneration after SCI, semi permeable HFMs 

were designed and fabricated with aligned grooves inside their inner lumen [31]. HFMs 

could be fabricated with dimensionally controlled grooves within inner lumen, desirable 

groove width, inner and outer diameters. These requirements were sensitive to concentration 

of polymer solution & its flow rate and choice of non-solvent and its flow rate. HFMs 

exhibited homogeneous surface and bulk degradation which could prove to be helpful for 

axonal regeneration after SCI [85]. 

The WPI technique allows for fine-tuning of physical properties such as 

permeability, inner and outer surface morphologies and size of the tubular implant. Besides 

these, it provides highly aligned structures with inner lumen of the tubular implant to offer 
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guidance cues to regenerating axons [85]. The fabrication of aligned grooves within the 

tubular implant can help guiding axons immediately close to inner wall; however axons in 

the centre may need further guidance to avoid aberrant growth behaviour [29]. 
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Figure 2.4 Wet Phase Inversion technique for fabrication of tubular implants 

(a) schematic of phase-inversion technique and (b) design of the spinneret. Figure 

adapted from Reference [29] 
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2.4.4 Dip-coating 

As the name suggests this technique involves the first step of immersion of a mandrel 

to dip-coat it and adhere layer of polymer on its surface. Second step involves precipitation 

or deposition of polymer on mandrel by using a non-solvent. The non-solvent creates a phase 

separation effect within polymer solution that leads to solidifications of polymer and 

capturing of its microporous structure [106]. The final thickness of the tubular implant can 

be controlled by number of dip-coatings. 

Bender et al. [80] fabricated longitudinally aligned multiple channel tubular implants, 

by dip-coating PVA mandrels in a solution of poly(caprolactone) (PCL) and tetrahydrofuran 

(THF) and using water as non-solvent for precipitation after the initial immersion/dip-

coating technique. Nerve guides with multiple channel geometry were fabricated to provide 

larger surface area for extending axons in order to improve and enhance axonal elongation. 

Wan et al. [106] fabricated tubular implants using polyphosphoester solution for dip-

coating and, water, methanol or mixture of water-methanol were experimented as different 

non-solvents for precipitation. After precipitation the tubular implants were air dried by 

rotation and then dried either in vacuum environment or freeze dried before removing them 

from the mandrels. It was established that viscosity of polymer solution should neither be too 

high to cause irregularities on implant surface nor too low to require many dip coatings, and 

speed of rotating mandrel should be optimum to allow uniform drying. Mechanical strength 

of tubular implant could be maintained with minimum three dip-coatings and porosity of 

tubular implants could be controlled by ratio of methanol & water in non-solvent bath and 

method of drying by either vacuum or freeze drying. 
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The advantages of dip-coating technique are ease of fabrication, generation of porous 

structure with use of non-solvent bath and the ability to incorporate different porosities at a 

layer by layer level of the tubular implant [106]. The drawbacks associated are use of 

organic solvent for creating polymer solutions since residual amount of solvent after 

fabrication cannot be determined. Sometimes formation of air bubbles due to insufficient 

drying time can cause aberrations on the surface of tubular implant. 

2.4.5 Freeze-Drying 

This technique involves preparation of an emulsion, dissolving a polymer in a solvent 

or hydrogel with a non-solvent, which is then frozen before phase separation. In this case, 

formation of ice crystals act as a porogen, the size of which can be controlled by varying 

freezing temperature and concentration of polymer solution [107]. Concentration of polymer 

solution, solvents and freezing temperature, play an important role in this technique. 

Stokols et al. [72] fabricated linearly oriented nerve guidance tubular implants from 

agarose by using freeze drying technique. These implants had uniaxial linear pores, with 

dimensions within range of 100-200 um, extending full length of scaffold. These linear pores 

were designed to help in guidance of regenerating axons by physically aligning and 

restricting their direction of growth in an effort to increase probability of achieving 

functional recovery after SCI. The pores obtained were polygonal in shape with an arranged 

honeycomb like structure, large enough to allow vascularisation and infiltration of cells 

supporting regeneration. 
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Huang et al. [75] fabricated longitudinally oriented tubular implants combining 

techniques of lyophilizing (freeze drying) and wire heating. The polymer solutions of PLGA 

and chitosan were freeze dried and filled in rubber moulds with Ni-Cr wires as mandrels. 

Electric current was passed through the mandrels to create longitudinal channels within the 

two types of tubular implants. These channels were designed to increase surface area of the 

tubular implant to provide support and guidance to regenerating axons. Tubular implants 

fabricated from chitosan were observed to be more permeable than PLGA implants but it 

was found difficult to control pore size in chitosan implants. 

The advantages associated with freeze drying technique are use of conducive 

operating conditions during fabrication of tubular implants since low temperatures do not 

compromise the efficacy of implants as compared to other harsh techniques such as melting 

casting. Also a separate porogen is not required to introduce porosity since ice crystals can 

provide a desirable microarchitecture [72]. 

2.4.6 Microbraiding 

Microbraiding involves a similar approach as used in making of yarns from fibers. 

Bini et al. [26] fabricated microbraided tubular implants using PLGA and chitosan fibers. 

Polymer fibers were initially wound on a number of spindles that were then used to braid a 

tubular structure on a teflon mandrel. A schematic of this process is shown in Figure 2.5. 

These tubular implants have been shown to be flexible in vivo as compared to other 

synthetic implants, even when same biomaterials were used in both cases. In vitro 

degradation study showed that outer surface of PLGA tubular implant was flexible, 
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permeable and displayed no swelling whereas in chitosan implants 60% swelling was 

observed. In addition in vivo studies showed no inflammatory response [23] and good 

viability for cells was shown in both cases. Tanaka et al. [2] fabricated microbraided 

channels using PGA whose inner lumen and outer surface were coated with collagen 

solution. Different number of collagen layers was coated on tubular implants and higher 

number of layers helped in increasing mechanical strength of the implant as shown by in 

vitro and in vivo studies. 

The advantage of microbraiding technique is that tubular implant of any desired 

length can be fabricated and its diameter can be adjusted by controlling the diameter of 

mandrel. Porosity of the implant is obtained as a result of various braiding parameters such 

as number of polymer fibers in a spindle, number of monofilaments in a fiber, number of 

spindles and braiding angle of spindles used during the technique. The disadvantages are 

lack of ability to control permeability of tubular implant and secondly the inner lumen of the 

tubular conduit lacks a comparatively smooth surface that is important to help in axonal 

outgrowth [85]. 
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Figure 2.5 Depiction of microbraiding technique for fabrication of tubular implants (a) 

schematic of microbraiding process and (b) sample of microbraided tubular construct. 

Figure adapted from Reference [26] 
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2.4.7 Electrospinning 

Electrospinning technique has increasingly gained wide importance in field of tissue 

engineering. The electrospun fibers have been used for fabrication of scaffolds and are now 

finding use for fabrication of tubular implants. This technique has found application as skin 

replacement, fabrication of vascular grafts, prosthetic heart valves in soft tissue engineering 

[108]. Electrospinning uses electrostatic force to produce polymer fibers ranging in diameter 

from few microns to nanometres. Polymer solution when ejected in a jet from the end of a 

syringe, due to the presence of a high electric field, produces nano sized polymeric fibers 

that can be collected on a spool that has been electrically grounded [107]. Morphology of the 

tubular implant fabricated from this technique has a connected porous geometry [109]. A 

schematic diagram to better explain the electrospinning technique has been depicted in 

Figure 2.6. 

Valmikinathan et al. [84] first created sheets of sintered PLGA microspheres that 

were cut into strips on which PLGA fibers were electrospun, before being rolled to form 

spiral tubular implants. These implants possessed nanofibrous morphology besides having 

adequate mechanical strength being fabricated from microsphere sintered sheets. 

Advantages associated with use of electrospun fibers are increase in surface area and 

presence of surface texture mimicking extracellular matrix that encourages cell attachment 

and proliferation. Electrospun fibers offer better control over orientation of fibers within the 

tubular implant thus providing the benefit of axonal guidance. The low mechanical strength 

is the main drawback associated with fabrication of tubular implants from electrospinning 

[84]. 

57 



Syringe 
pump Syringe 

Polymer 
solution 

Spinneret tip 

Taylor cone • 

Polymer jet 
(Stable region) 
Instable jet 
region 

Nano fibers 

•ligh voltage 
! Power supply 

Coynter 
electrode 
(Fiber collector] 

Figure 2.6 Schematic of electrospinning process for fabrication for fabrication of 

tubular implants. Figure adapted from Reference [109] 
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2.4.8 C0 2 Gas foaming 

Gas foaming technique using supercritical CO2, has found increased use for 

fabrication of porous scaffolds used for tissue engineering. In its compressed state, 

supercritical CO2 (scCCh) (31.1 °C and 7.38 MPa respectively [110]) has the unique ability 

to plasticize a wide range of polymers. Complete saturation of SCCO2 followed by its 

depressurization creates a foamed morphology within the polymer matrix wherein pore size, 

distribution and density can be controlled by factors such as temperature and saturation 

pressure of foaming process and rate of pressure drop during depressurization [87, 111, 112]. 

Even use of CO2 at sub-critical temperatures and pressures been shown to be effective in 

generation of porous structures [113]. 

Temtem et al. [77] fabricated tubular implants from chitosan using SCCO2 gas 

foaming technology. Chitosan was dissolved in acetic acid and then placed in a high pressure 

chamber under the effect of SCCO2. They were able to show that the tubular implants did not 

have any effect of cytotoxicity and this was attributed to the complete removal of acetic acid 

due to action of supercritical CO2. Yang et al. [10] developed single and multi-lumen tubular 

implants using gas foaming technique. Growth factor loaded microspheres were mixed with 

a porogen, NaCl particles, and deionized water to obtain a mixture that was loaded into 

stainless steel moulds and foamed under effect of sub-supercritical CO2 at 800 psi. After 

leaching, the final tubular implants exhibited to have a well controlled porosity that could be 

controlled by adjusting the porogen to polymer ratio. Encapsulation of the growth factor 

within the microsphere, after foaming, provided a more sustained release. Also the ability to 

control porosity was related to modulate mechanical strength of the tubular implants. 
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Advantages associated with CO2 gas foaming technique are its non-toxicity, ease of 

availability, low cost and no residue. It has been shown that a controlled morphology can be 

obtained based on pressure and temperature conditions, rate of depressurization and soaking 

time of the polymer within the SCCO2 environment [77]. The supercritical SCCO2 used as a 

processing solvent has replaced other organic solvents [114]. Also use of SCCO2 has been 

effectively known to remove organic solvents and possess sterilization effects. Koegler et al. 

[115] established that scaffolds fabricated from a PLGA and chloroform solution exhibited a 

reduction in residual chloroform to a safer limit of 50 ppm after being fabricated using 

SCCO2. Although no guidelines have been set by U.S. Department of Health and Human 

Services and the FDA for the amount of chloroform in implantable devices, but the 

chloroform in oral medication has been limited to 60 ppm [116]. The sterilization effects of 

SCCO2 were shown by Dillow et al. [117]. The disadvantage of using the CO2 foaming 

technique is the presence of a non-porous skin layer formed on surface of the tubular 

implants that can pose to be a barrier for the cell nutrients and waste products of cell 

metabolism. Also the pore network has a relatively closed morphology [87]. 

2.5 Different designs for tubular implants 

The concept and applications of single lumen tubular implant have already been 

discussed in detail. Even though different biomaterials and combination of cellular therapies 

and growth factors have exhibited axonal regeneration after SCI, so far functional recovery 

has remained elusive. It has been theorized that within single lumen tubular implant, the 

innervations targeted by regenerating axons may not be accurate thus leading to their 
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misdirection and subsequently polyinnervation of axonal branches originating from the same 

motor neuron [38]. In order to avoid this, since accuracy is important to help find the axons 

their original or related end organ to subsequently obtain functional recovery after SCI, 

multi-lumen tubular implants have been proposed [10, 37, 38, 80, 81, 118]. 

Each lumen within the multiple-lumen tubular implant, is expected to behave as an 

individual guidance channel thereby providing segregated functional pathways for 

regeneration of different type of axons [10]. Thus multiple lumens within the tubular 

implant can be made to mimic micro-architectural layout of the spinal cord tracts. This 

method may enhance targeting specific group of regenerating axons and can also allow for 

delivery of a specific therapeutic approach conducive [39]. Organization and reconnection 

of different tracts in the spinal cord are important for functional recovery [81]. Figure 2.7 

shows the schematic design and picture of a fabricated tubular implant. 

Besides obtaining accuracy in innervations, the multi-lumen tubular implants have 

been designed to have increased surface area for cell attachment and enhanced axonal 

elongation [37, 80]. This design for multi-lumen tubular implants has also been shown to 

alter the physical properties of the implant. As compared to single lumen, the multi-lumen 

tubular implants have been shown to possess higher flexibility towards compressive loads, 

greater resistance to deformation and increased porosity. Due to higher swelling when 

implanted, increased rate of degradation has also been reported [37]. When single and 

multi-lumen tubular implants were implanted after complete transection SCI in rat model, no 

significant statistical difference was observed in accuracy of axonal regeneration [38]. 
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Use of multi-lumen tubular implants has also been described as an advanced step 

towards sustained delivery of therapeutic agents [5] as was shown by step wise release of 

nerve growth factor (NGF) from single and multi-lumen tubular implants [10]. The 

implants continued to possess their original dimensions after 13 days of subcutaneous 

implantation and exhibited tissue infiltration. 
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Figure 2.7 Design of multi-lumen tubular implants (a) Schematic layout of the implant 

with seven channels and (b) PLGA tubular implants fabricated from parallel wire 

moulds. Figure adapted from References [38,103] 
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2.6 Porosity Gradient in Tubular Implants 

Porosity gradient within scaffolds for tissue engineering has been studied mainly 

with aim to encourage regeneration of damaged organs or tissues. Different sized pores 

present within each scaffold layer can encourage growth of a variety of cell types thereby 

creating each layer of scaffold to perform a desired biological function. Such conceptual 

designs of the scaffold, have been achieved by conventional and rapid prototyping 

techniques [50]. For tissue regeneration after SCI, the concept of porosity gradient within a 

tubular implant has been designed for providing adequate mechanical support [35, 42], 

therapeutic measures such as controlled drug delivery [69, 118], protecting infiltration of 

glial scar at site of injury and promoting regeneration within inner lumen of the implant [29, 

31, 85]. Different techniques have been used for creation of tubular implant with porosity 

gradient such as centrifugation, freeze drying, conventional and rapid prototyping [49-52]. 

Bi-layered chitosan tubes were fabricated by Wang et al. [118] with an outer layer of 

chitosan film fabricated by dip-coating/immersion precipitation technique and an inner layer 

of nano/micro fibres coated with peptide, fabricated by electrospinning process. The inner 

layer had interconnected pores and high surface area for attachment & growth of cells to 

facilitate angiogenesis. The purpose of the chitosan layer was to protect the physical 

integrity of the inner fibrous layer. The mechanical property of the bilayered tube was 

observed to improve with the presence of the outer layer and also its biocompatibility was 

maintained. Goraltchouk et al. [69] created a bilayered tubular implant with a porosity 

gradient designed for used as a drug-delivery system. The inner layer of chitosan and outer 

layer of chitin had microspheres trapped between them that were loaded with two model 
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proteins, bovine serum albumin (BSA) and recombinant human epidermal growth factor 

(rhEGF). Harley et al. [49] fabricated porous tubular implants with gradient in pore size, 

along the radius, using freeze-drying technique by co-precipitation of glycosaminoglycans in 

a suspension of collagen and acetic acid. This implant was designed with purpose of nerve 

regeneration after nervous system injuries. Inner wall of the tubular implant was designed as 

permeable, with open-cell foam morphology and radially aligned pore channels to enhance 

cellular growth and proliferation. On the other hand, outer wall had a non-oriented 

amorphous pore structure, closed-cell foam morphology and high relative density to 

encourage protein permeability but no cellular infiltration. Oh et al. [51] fabricated a tubular 

implant of PCL with a porosity gradient, using centrifugation rotation method at a high 

speed of 3000 rpm. Within the tubular implant, pore size was within a range of -88 to 

~405um increasing gradually along its length and porosity was within a range of -80% to 

-94%. The study concluded that cells and tissues require different pore sizes for their growth 

such as 380-405 um for chondrocytes and osteoblast growth, 186-200 urn for fibroblast 

growth and 290-310 um for new bone formation thereby proving the tubular implant as a 

good tool for systematic cellular studies. 

2.7 Techniques for establishing Mechanical Properties of Tubular Implants 

As already established in literature [35], the elastic modulus of the entire spinal cord 

in different species of animals, lies within the range of 230-600 kPa. Accordingly, for the 

tubular implant to be successful in vivo, its mechanical properties such as Modulus of 

Elasticity/Young's Modulus should match that of surrounding spinal cord tissue. Therefore 
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attempts have been made to design the tubular implants to possess mechanical properties that 

lie within this range. 

Quite a few studies have been undertaken for establishing mechanical properties of 

tubular implants intended for axonal regeneration after SCI. There is no single testing 

approach that has been standardized to calculate mechanical properties of a given tubular 

implant and the techniques differ from each other mainly in two respects: type of force being 

applied and direction of force being applied. Some studies have tested tubular implants by 

applying tensile type of force [18, 34, 35, 42, 45, 80, 84, 86, 118] whereas other studies have 

applied compressive type of force either in transverse direction [41, 74, 82] or in 

longitudinal direction [2, 10, 119] with respect to orientation of the tubular implant. 

Mechanical testing poses to be a challenge due to the differences between the in vivo 

and in vitro conditions experienced by the tubular implant. While performing mechanical 

testing of the implant in vitro biomechanical loads along with temperature, pH and 

osmolality should be closely mimicked as they exist in vivo. Also in vitro conditions use 

application of a uniaxial load with ends of the tubular implant being open during testing 

whereas in vivo the tubular implant is either sutured or fit properly to injured stumps of 

spinal cord and the biomechanical loads are likely to be applied constantly from multiple 

angles [34]. 

Luo et al. [42] established Young's modulus of PHEMA-MMA tubular implants by 

applying tensile force using a micromechanical tester and the similar approach was used by 

Dalton et al. [35] for mechanically testing the PHEMA tubular implants. Results indicated 

that mechanical properties of these tubular implants were within the range of mechanical 

strength of the entire spinal cord, as discussed above. Given their mechanical properties, 
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these implants were able to exhibit axonal regeneration upon implantation in a SCI rat model 

[18, 45]. However, in order to obtain sufficient axonal regeneration to provide functional 

recovery, increased mechanical strength was required [34]. Efforts to this effect resulted in 

excessively strong implants [41] that resulted in further injury in form of syringomyelic 

cavity after SCI [43]. 

Other studies established mechanical properties of tubular implants fabricated from 

aliphatic polyesters by applying force in tensile direction using a mechanical tester [80, 84, 

86]. The modulus of elasticity was calculated based on tensile force required to pull apart 

two ends of tubular implant till it failed. Use of tensile force for calculating mechanical 

properties may only provide material properties of the tubular implant and does not mimic in 

vivo biomechanical forces that are expected to be experienced by it. 

Compressive force was applied to calculate Modulus of Elasticity of chitosan tubular 

implants by Ferier et al. [74] in transverse direction and of PLGA implants by He et al. [82] 

in longitudinal direction. In both cases the compressive force was applied and the 

mechanical behaviour of the tubular implants was analyzed. 

A different type of mechanical testing was performed by Tanaka et al. [2] and 

Kawaguchi et al. [119] to analyze mechanical behaviour of bioabsorbable polyglycolic acid-

collagen (PGA-collagen) tubular implants. Compressive force was applied perpendicular to 

the longitudinal axis (transverse direction) or along the radius of the tubular implant. The 

force applied and displacement obtained was plotted and mechanical strength of the tubular 

implants was analyzed by application of Timoshenko's theory of elastic stability that had 

been modified accordingly [3]. They observed an estimate of mechanical properties of 

tubular implants based on their hollow cylindrical shape with a narrow lumen. An effort was 
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made to provide an estimate regarding in vivo biomechanical conditions as they would exist 

after implantation of the tubular implant. 

Some other approaches that were used included use of three-point bending test by de 

Ruiter et al. [37] to establish mechanical properties of multi-lumen tubular implants. When 

mechanical strength of single and multi-lumen tubular implants was compared, the multi­

lumen implants exhibited increased flexibility. However no value for modulus of elasticity 

was quoted for any of the tubular implants. Wang et al. [118] reported mechanical testing of 

bilayered chitosan tubular implants, by application of point load in the compressive direction 

using a mechanical tester. This method does not reflect the strength of the tubular implant 

since the biomechanical load being applied on the implant may not be concentrated at a 

specific point and may be spread over its entire length. 

Finally it can be assimilated from the above discussion that mechanical strength of 

the tubular implant, to be used for tissue regeneration after SCI, plays a crucial role towards 

its in vivo efficacy. While establishing the mechanical strength of the tubular implant, it is 

quite essential to account both for its shape and morphological structure. This criteria can be 

met by performing the mechanical testing by application of force along the longitudinal 

direction of the tubular implant and calculating the value of Modulus of Elasticity. Also to 

analyze the mechanical behaviour of the tubular implant after implantation, mechanical 

testing by application of transverse direction force or force along the radial direction of the 

tubular implant can be performed. Such a direction application of force helps to mimic the 

biomechanical forces as are expected to be experienced by the tubular implant after 

implantation. However, this technique can only be used to compare between tubular 
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implants of a similar type and cannot be used as a standardized measurement technique for 

all tubular implants. 

69 



3. Experimental 

3.1 Materials 

Polymers, poly (DL lactide-co-glycolide) with 50:50 monomer ratio (PLGA 50:50) at 

an inherent viscosity range (I.V. range) of 0.76 - 0.94 dL/g (Mw = 81,600 g/mol), poly (s-

caprolactone) (PCL) with I.V. of 1.08 dl/g (Mw = 123,000 g/mol), and poly (lactide-co- s-

caprolactone) (PLCL) (80:20) with an I.V. of 1.26 dl/g (Mw = 175,000 g/mol) were 

purchased from Durect Corporation (Pelham, AL). Deionized distilled water was obtained 

from ZenoPure Quatra 90 LC setup (Zenon Environmental Inc., Burlington, ON) and used at 

18 M^.cm resistance. Chloroform was purchased from VWR International. Bone-dry CO2 

was supplied by BOC (Ottawa, ON) and glass rods with outer diameter of 3mm were 

purchased from Pegasus Industrial Specialties Inc (Cambridge, ON). All chemicals were 

used as received unless otherwise indicated. 

The polymer molecular structures are listed below: 

Poly (DL lactide-co-glycolide) (PLGA 50:50) 

O 

O CH2
 c)-\0 CH2 C-) m:n = 50:50 

CH 3 
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Poly (s-caprolactone) (PCL) 

O 

-f0-f-CH2-)-C-t 

Poly (lactide-co- e-caprolactone) (PLCL 80:20) 

O O 

-O CH2 

CH3 

c^ 0^C H 2V4r m: n = 80:20 
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Chemical and physical properties of the polymers used were provided by the manufacturer 

and are listed in Table 3.1 and 3.2. 

Table 3.1 Chemical Properties of the Polymers [120] 

Polymer Inherent 

Viscosity 

(dL/g) 

X76-0.94 

1.08 

1.26 

Melting Point 

(°C) 

Amorphous 

58-63 

Amorphous 

Glass 

Transition 

Temperature 

(°C) 

45-50 

(-65)-(-60) 

17-23 

Approximate 

Resorption 

(months) 

1-2 

>24 

16 

PCL 

PLCL 80:20 

Table 3.2 Physical Properties of the Polymers [120] 

Polymer Density Tensile Strength Elongation 

(g/mL) (MPa) (%) 

Modulus 

(MPa) 

PLGA 50:50 134 41.37-55.16 3-10 1.38 x 10"-2.76 x 10" 

PCL 1.11 20.68 - 34.47 300 - 500 2.07 x 102 - 3.45 x 102 

PLCL 80:20 1.22 -5.17 -150 4.13 x l O 2 - 13.78 x KT 
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3.2 Fabrication of Hollow Fiber Channels (HFCs) 

3.2.1 Dip-Coating Technique 

Polymers were dissolved in chloroform to obtain 15% (w/v) solutions. The HFCs 

were prepared using a dip-coating technique by dipping a 3mm glass mandrel in polymer 

solution, which was then dried horizontally using a BDC 2002 digital stirrer (Caframo 

Limited, Wiarton, ON) at speed of 250 rpm. The glass mandrel with the polymer layer was 

dried for two hours to avoid formation of bubbles, before another layer was coated on top. 

This process was repeated till a final diameter of 4mm was achieved. Figure 3.1 shows a 

schematic of the dip-coating technique. After dip-coating, the polymer tubes were dried for 

10 days in a vacuum chamber, at gauge pressure of - 24 kPa and room temperature. 

Single layered HFCs were obtained by dip-coating 11 layers of PLGA solution and 

double layered HFCs were obtained by first dip-coating 7 layers of PLGA solution followed 

by 6 layers of PLCL/PCL_3/1 (w/w) blend solution. 

Some HFCs were also fabricated with a reversed layout of porosity gradient and 

characterized as reverse porosity HFCs. This typical structure was achieved by dip coating 7 

layers of PLGA solution followed by 7 layers of PLCL/PCL_9/1 (w/w) blend solution. By 

altering the ratio of the PLCL/PCL blend, a different morphology was achieved. 
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Figure 3.1 Schematic of HFC Fabrication by Dip-coating technique 
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3.2.2 Sub-critical CO2 foaming 

To obtain the desirable foamed morphology of HFC, the single and double layered 

polymer tubes, were saturated with sub-critical CO2 at a pressure of 5.86 MPa at room 

temperature (~25°C) for 5.5 hours. Before soaking in sub-critical CO2 environment, the 

polymer tube was encased in a hollow cylindrically shaped teflon mould and capped at both 

ends, to ensure that the final HFC that was produced had accurate dimensions. The mould 

and its caps at the two ends were designed with holes for exposure to sub-critical CO2. A 

schematic of the stainless steel foaming chamber is shown in Figure 3.2. 
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Figure 3.2 Schematic of the sub-critical CO2 foaming process 
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3.3 Mechanical Testing of HFCs 

Mechanical testing of single and double layered HFCs was done using Instron 

Mechanical Tester floor model 4482 (Norwood, MA). More than 3 samples of each single 

and double layered HFC, with an inner and outer diameter of 3mm and 5mm, respectively 

were tested. The HFCs were tested, based on ASTM standards (D 618 00, E6-03, E9-89a, 

El 11-97) with minor modifications. The uniaxial compressive force was applied at speed of 

0.1 mm/sec to avoid damage to HFC structure during testing and to obtain wide range of data 

for necessary calculations. Each HFC was compressed up to 3.5 mm to analyze the 

behaviour exhibited by the foamed structure of the HFC. 

3.3.1 Longitudinal direction 

Longitudinal direction mechanical testing was performed for single and double layered 

HFCs by application of compressive force along the longitudinal axis of the HFC at a speed 

of 0.1 mm/min, using a 100 N load cell thereby compressing the HFC by 3.5 mm. A 

schematic of direction of force application is shown in Figure 3.3. The mechanical testing 

was done at room temperature. The modulus of elasticity was calculated from the slope of 

the stress-strain curve by using the following relationship [41]: 

w , , -_, . . Stress(o) 
Modulus of Elasticity = 

Strain (e) 
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where: 

<r = */M-di) a) 

if-i, 
£ = • 

h (2) 

F denotes the force applied, do, dj;, denote the outside and inside diameter of the HFC 

respectively and lj, If denote the initial length and final length after application of force of the 

HFC respectively. 

For the mechanical testing of all the HFCs, a single factor ANOVA test was used (with 

significance level of a = 0.05) to compare the average values of all the samples. 
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Figure 3.3 Schematic of mechanical testing in longitudinal direction 
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3.3.2 Transverse direction 

Transverse direction mechanical testing of single and double layered HFCs was 

performed by application of compressive force perpendicular to the longitudinal axis of the 

HFC or application of force along its radial direction, at a speed of 0.1 mm/min, using a 100 

N load cell thereby compressing the HFC by 3.5 mm. The mechanical testing was done at 

room temperature. A schematic of direction of force application is shown in Figure 3.4. 
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Figure 3.4 Schematic of mechanical testing in transverse direction 
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The data from the mechanical testing of each HFC was collected in the form of 'Force 

applied versus deformation obtained'. The strain (s) was calculated as [2]: 

d, — d f 

£ = ^-rL (3) 
dl 

where d; and df are the initial diameter and final diameter after application of force, of the 

HFC respectively. Due to varying lengths of the HFCs, within a range of 8-11 mm, the force 

applied was normalized against length. 

For each HFC tested a curve was plotted between 'Force per unit length (F) versus 

the subsequent strain (e)'. This curve helped in establishing a comparison of mechanical 

strength between single and double layered HFCs. 

Also a curve was plotted between 'Force per unit length and weight (F/w) versus 

strain (E)', to analyze the mechanical strength offered by both single and double layered 

HFCs for a unit mass. 

For the mechanical testing of all the HFCs, a single factor ANOVA test was used 

(with significance level of a = 0.05) to compare the average values of all the samples. 
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3.4 Scanning Electron Microscope 

The HFC samples were stored at room temperature for 2 days before they were 

fractured in liquid nitrogen. The HFCs were mounted on aluminum studs using Pelco 

conductive graphite paint (Redding, CA) and then sputter coated with gold-palladium 

coating of 7 um thickness. The porous structures of the surfaces were observed under SEM 

(Tescan Vega-II XMU Variable Pressure SEM). 

3.5 Characterization of HFCs 

3.5.1 Image Analysis 

For characterization of HFCs, the dimensions of individual cells were calculated 

using the Image Pro 3D Analyzer 6.0 software (Media Cybernetics, Inc., Bethesda, MD). 

The cell edge length, cell wall thickness and cell face thickness were measured. An average 

value was calculated from 10 measurements made from the sample group and standard 

deviation was also calculated. 

3.5.2 Density & Porosity 

To calculate the density 'p' of the HFC, its mass and volume were calculated and the 

following relationship was used [121]: 

mass ... 
P = (4) 

Volume 
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The volume of the HFC is given by: 

Volume = 7t{r2
0 - rt

2 )i (5) 

where r0, r; and 1 are the outer diameter, inner diameter and the length of the HFC. 

The porosity of the HFC was calculated by using the following relationship [121]: 

* 
Porosity = 1 - — (6) 

Ps 

where p and ps are the densities of the foamed and unfoamed HFC. 

3.6 Degradation Study 

3.6.1 Study Layout 

This study was carried out to investigate the in vitro degradation behaviour of single 

and double layered HFCs. The study was carried out over duration of 10 weeks, with each 

type of HFC batch, Single layered (Batch 1) and Double layered (Batch 2), having 40 

samples each. 

Before beginning the study, each HFC was weighed, using the Sartorius CPA225D 

analytical balance (Sartorius AG, Germany) and its weight was recorded at Week 0. After 

this each HFC was enclosed in a fine cotton mesh bag, thereby creating a small tea bag like 

structure, which was then suspended in a glass bottle containing 20 ml of PBS (physiological 

media) with 1% sodium azide dissolved in it to avoid growth of any bacteria in the HFC. 
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Starting Week 1 of the study, all the glass bottles containing the HFCs were placed at a 

temperature of 37°C. All the procedures of the degradation study were followed as per the 

guidelines in the ASTM F 1635-04 standard. 

Throughout the degradation study, pH of the samples was monitored every two days 

and changed appropriately when observed to be lower than the physiological range. The 

samples were shaken twice daily to ensure that PBS infiltrated evenly throughout the HFC. 

A set of 4 samples from each batch were retrieved at the same time point in each 

week. These samples were washed three times in dionized distilled water, frozen overnight 

at -20°C and then freeze dried for 48 hours with Labconco Freeze Dry System (Kansas City, 

MO) to ensure that there was no left over moisture within the HFCs. 

After vacuum freeze drying, all HFCs were weighed within the cotton mesh bags and 

the mass loss was calculated fusing the following relationship: 

Mr.-M, 
mass loss = (7) 

M, 

where Mo and Mt are the mass of the HFC enclosed in the bag at Week 0 and 't' refers to the 

time point (Week 1, 2, 3 ... 10) during degradation respectively, and Mj is the initial mass of 

the HFC without the bag at Week 0. 
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3.6.2 Characterization of Samples (Mechanical Testing, SEM pictures, Image 

Analysis) 

All samples retrieved each week were weighed and their dimensions (length, outer 

diameter and inner diameter) were measured using electronic digital vernier caliper (VWR, 

Mississauga, ON). For characterization purposes, their volume, density and porosity was 

calculated as described in Section 3.5.2. 

Three samples from each batch, Batchl and Batch2, were tested for their mechanical 

strength along the longitudinal direction as per the method in Section 3.3.1. 

Also one sample from each batch was viewed under SEM for Image Analysis as 

described in Section 3.5.1. 
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4. Results 

4.1 Morphology of HFC 

During fabrication of single and double layered HFCs it was essential to ensure that 

each layer being dip coated was created uniformly and smoothly without air bubbles. To 

achieve this, after dip coating the polymer tubes were dried for 2 hours till the desirable 

number of layers had been dip-coated. Then, before foaming the polymer tubes were dried 

for 10 days in a vacuum chamber that helped evaporate most of the solvent and thus led to 

HFCs being fabricated reproducibly and without any air bubbles. 

All fabricated HFCs, single and double layered, had an inner diameter of 3.04 ± 0.03 

mm and outer diameter of 5.24 ± 0.11 mm. Given our fabrication technique the length of 

HFCs varied slightly and the average value was 9.77 ± 1.92 mm. 

4.1.1 Single layered HFC 

Morphology of single layered HFC is shown in Figure 4.1. As shown in the cross 

sectional view, the single layered HFC is fabricated only from one material PLGA 50:50 and 

has uniform porosity throughout the structure. 

Characterization of foamed structure of HFC helped to establish that average pore 

size was 63.67 ± 15.73 (am. The porosity of single layered HFCs was calculated to be 77%. 

This value compares well with porosities obtained in scaffolds fabricated using such 

biodegradable materials [50]. 
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4.1.2 Double layered HFC 

Within the double layered HFC, the inner layer fabricated from PLGA 50:50 has 

larger pores as compared to the outer layer composed of PLCL/PCL_3/1 blend with smaller 

pores as shown in Figure 4.2. The gradient of porosity is distinctly visible within the cross 

section view of the double layered HFC, as the pore size of inner layer becomes smaller 

while moving radially outwards, from the inner lumen towards the outer layer. 

Upon characterization of foamed structure of HFC, it was observed that average pore 

size of inner layer was 54.04 ± 5.04 um and that for outer layer was 5.03 ± 1.05 (am. 

The porosity of double layered HFCs has been calculated as 54%. This value 

compares well with porosities obtained in scaffolds fabricated using such biodegradable 

materials [50]. 
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Figure 4.2 Morphology of Double layered HFC 

90 



4.2 Mechanical Testing 

To establish the mechanical strength of the single and double layered HFCs, 

mechanical testing was performed by application of compressive force along the longitudinal 

axis of the HFC and this has been referred to as 'Longitudinal Direction' testing. This 

approach has been undertaken by some studies [34, 41] to establish mechanical properties of 

a tubular implant and helps in comparing the mechanical strength of single and double 

layered HFCs with other tubular implants that have been used for a similar purpose in this 

field of research. Also this technique is useful in establishing the mechanical strength of the 

HFC while accounting both for its cylindrical shape and foamed morphological structure. 

'Transverse Direction' testing refers to applying compressive force perpendicular to 

the longitudinal axis of a tubular implant or along its radial direction. Due to very small 

annular dimensions of the HFC, this method was chosen solely to compare and analyze the 

difference in mechanical properties of single layered and double layered HFCs [3] fabricated 

in our laboratory. We feel that this technique helps in providing an estimate of in vivo 

biomechanical forces that are expected to be experienced by the HFC post implantation. 

4.2.1 Mechanical Testing in Longitudinal Direction 

'Longitudinal Direction' mechanical testing was done on both single and double 

layered HFCs. As discussed in Section 3.3.1, the modulus of elasticity was obtained from the 

slope of the 'Stress vs Strain' curve. This slope was obtained from the indicated region of the 

curve as shown in Figure 4.3. 
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Figure 4.3 Curve obtained from 'Longitudinal Direction' testing 
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4.2.2 Longitudinal Direction: Mechanical Strength of HFCs 

The modulus of elasticity obtained by 'Longitudinal Direction' testing was 60.27 ± 

8.85 MPa for double layered HFCs and 36.65 ± 6.20 MPa for single layered HFCs. The 

double layered HFCs were more than 1.5 times stronger than single layered HFCs, a 

comparison of which is shown in Figure 4.4. 
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Figure 4.4 Comparison between modulus of elasticity for single and double layered 

HFCs by 'Longitudinal Direction' testing 
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4.2.3 Mechanical Testing in Transverse Direction 

During the transverse direction testing, mechanical strength was analyzed for each of 

the HFCs, by normalizing the force applied with the length of the HFC. Figure 4.5 shows the 

typical shape of the curve achieved after transverse direction testing. 
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Figure 4.5 Curve from 'Transverse Direction' testing 
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4.2.4 Transverse Direction: Mechanical Strength normalized with length 

The mechanical strength normalized with length for single and double layered HFC 

was analyzed by using the initial part of the slope, <10%, from the 'Force per unit length (F) 

versus the subsequent strain (s)' curve'". 

The unit mechanical strength, normalized with length, for double layered HFC was 

390.09 ± 10.63 kPa and for single layered HFC was 181.91 ± 7.55 kPa. As shown in Figure 

4.6, these values indicate that double layered HFC is twice as strong as single layered HFC. 

1 For further details on this concept and derivation of units please refer Ref [2, 3] 

97 



^ 450 -
es 

w 400 -

t 
J 350 -

% 300 -

a 250 -
es 
E © 200 -
B 

g> 150 -
<u 
u 

2 ioo -
es 
1 50 ~ 
.a u « 
*? A -2 0 H 

* 

T 
1 

HFCs 

* shows significant difference between samples p < 0.05 

^ ^ H D Single layered HFC 

^ ^ H • Double layered HFC 

1 

Figure 4.6 Comparison between mechanical strength normalized with length, for single 

and double layered HFCs 
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4.2.5 Transverse Direction: Mechanical strength normalized with length and weight 

The mechanical strength normalized with length and weight was analyzed to 

establish the mechanical strength being offered by each type of HFC, single or double 

layered, for a given mass. This was done by using the initial part of the slope, <10%, from 

the curve plotted between 'Force per unit length and weight (F/w) versus strain (E)'11. 

Mechanical strength, normalized with length and weight, for double layered HFC 

was 5207.07 ± 420.30 kPa and for single layered HFC was 3370.70 ± 374.12 kPa. Figure 4.7 

clearly indicates that the mechanical strength normalized with length and weight for double 

layered HFC was 1.5 times higher than the value obtained for single layered HFC. It is 

evident from this result that the double layered HFC provides higher strength for a given 

mass of HFC when compared to a single layered HFC. 

This important result helps to bring us closer to our goal of being able to fabricate a 

HFC that possesses adequate mechanical strength for a given mass, thereby providing a 

structure that mimics the structure of bone. 

For further details on this concept and derivation of units please refer Ref [2, 3] 
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4.3 Degradation Study 

The main focus of this study was to understand and analyze the respective changes in 

mechanical strength of both single and double layered HFCs upon in vitro degradation. To 

better analyze the degradation behaviour of the HFCs, behaviour displayed due to mass loss, 

changes in volume & porosity were monitored. The general observation during the 

degradation study was that by Week 4, the single layered HFCs collapsed completely, 

breaking in pieces and losing their cylindrical shape. In double layered HFCs, this similar 

behaviour was seen by Week 8. As a result, after collapse of the HFCs only mass loss could 

be studied, since other properties such as volume loss, porosity and mechanical strength 

were structure dependant. 

4.3.1 Mass Loss for single and double layered HFCs 

As shown in Figure 4.8, during the first three weeks of degradation study, rate of 

mass loss was low and within 10%, for both single layered and double layered HFCs even 

though the rate of mass loss was greater for single layered than double layered HFCs. After 

Week 3, the rate of mass loss increased for both types of HFCs. For double layered HFCs, 

the increase in mass loss assumed a gradual slope, being 2% at Week 3 and going up to 

73.5% at Week 10. However for single layered HFCs, mass loss at Week 3 was recorded at 

4.5% and it jumped dramatically to reach 91% by Week 10. The rapid increase in mass loss 

for both single and double layered HFCs correlates with the time point when they lost their 

cylindrical shape, Week 4 and Week 8 respectively (as shown in SEM micrographs in 

Section 4.3.5). 
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Figure 4.8 Percentage mass loss for single and double Layered HFCs 
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4.3.2 Mass Loss of two layers of double layered HFC 

As discussed above, the rate of mass loss for single and double layered HFCs could 

be established during the degradation study but it was difficult to establish the rate of mass 

loss separately for inner and outer layer of the double layered HFC. However it was known 

that the inner layer was fabricated from the same biomaterial as the entire single layered 

HFC i.e. PLGA 50:50, albeit with different number of layers. Thus an attempt was made to 

mathematically calculate the individual rate of mass loss for the inner and outer layers of a 

double layered HFC, as discussed below. It was assumed that the rate of degradation of 

single layered HFC and the inner layer of double layered HFC was same, since they were 

fabricated from the same biomaterial. 

The double layered HFCs were always fabricated by 6 times dip coating in PLGA 

50:50 to constitute the inner layer and 7 times dip coating in PLCL/PCL_3/1 blend to 

constitute the outer layer. The following relationships were used: 

where PPLGA, HIPLGA, VPLGA refer to the density, mass and volume of single layered HFC 

respectively. From the above, density of single layered HFC was obtained. 

For double layered HFC: 

Thickness of each layer dip coated (EL) = Total thickness of HFC / 13 
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This assumption was made based on the fact that during dip-coating of each layer, 

parameters such as duration of dip-coating and viscosity of polymer solution used were 

constant. 

If rD, ri denote the outer and inner radii of the double layered HFC and re denotes the 

radii of the entire inner layer of PLGA 50:50 (since there are 6 dip coats), then: 

ri = r; + EL; V2 = ri + EL; ti = V2 + EL; 

U = rj + EL; V5 = T4 + EL; r6 = r5 + EL; 

For the hollow cylindrical structure of double layered HFC: 

VinnerLayen niinnerUyer is volume and mass respectively of inner layer of PLGA 50:50 

Vc-uterLayen niouterLayer is volume and mass respectively of outer layer of PLCL/PCL_3/1 blend 

niDoubieLayered is the mass of the entire double layered HFC 

boubieLayered is the length of the entire double layered HFC 

» lnnerLayer= 1 iDoubleLayered (X6 " fi ) 

TllnnerLayer = P PLGA V innerLayer 

mOuterLayer = rnDoubleLayered HFC — mima-Layer 
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Based on the above calculations the rate of mass loss of the outer layer was 

calculated. The individual rates of mass loss of inner and outer layer of a double layered 

HFC are plotted in comparison with its overall mass loss rate in Figure 4.9. 
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Figure 4.9 Percentage mass loss for the two layers of double layered HFC 
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4.3.3 Change in Volume and Porosity for single and double layered HFCs 

For calculating the changes in volume, parameters of length (1), outer (do) and inner 

(dj) diameter of the HFC samples were measured, recorded and volume calculated, after they 

were retrieved each week at the same time point. 

As shown in Figure 4.10, the rate of volume loss was observed to be greater for 

single layered HFCs as compared to double layered HFCs. Data for single layered HFCs 

could not be collected after week 3, since their cylindrical shape had ruptured. 

However, for double layered HFCs, the rate of volume loss was observed to stabilize 

after Week 3. At Week 6, the inner layer of the double layered HFC, fabricated from PLGA 

50:50, collapsed completely thereby closing the lumen of the HFC. This behaviour was 

observed in all the double layered HFC samples at this time point. As a result, due to lack of 

a dimension of the inner lumen, during measurement and calculation, the volume is 

indicative of a closed cylindrical structure. This unexpected behaviour of the inner layer of 

the double layered HFC, is the reason behind the abnormal 'increase in volume' observed at 

Week 6 in Figure 4.10. 

After Week 6, the inner layer of the double layered HFC continued to degrade and 

the debris from within the lumen cleared by Week 7. As a result the dimension for the inner 

lumen showed an increase and the rate of volume loss was recorded at 50.3% as compared to 

22% at Week 5. The data from Week 6 is considered as an aberration in this case. After 

Week 7 the structure of double layered HFC collapsed and further volume related 

measurements could not be taken. 

As shown in Figure 4.11, the porosity for single layered HFCs decreased 

considerably during the first 3 weeks, starting from its initial value of 77% and reaching a 
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low value of 40% at Week 3. Since the measurement of porosity was based on volume, after 

Week 3 the porosity for single layered HFC could not be calculated. 

For double layered HFCs, reduction of porosity was observed at Week 1. Then 

onwards the trend exhibits little change in value of porosity and is recorded at 58% during 

Week 5. The only exception to this behaviour was value of porosity at Week 6, which was at 

an abnormally low value of 48.7 % due to unexpected changes in volume as a result of 

blockage of inner lumen of the HFC, as has already been discussed above. No porosity 

calculations could be made at Week 8, due to rupture of the cylindrical shape of the double 

layered HFC. For the double layered HFCs, after the initial drop in porosity, the value 

continued to increase throughout the degradation study. 
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4.3.4 Change in Mechanical Strength of single and double layered HFCs 

During the degradation study mechanical strength of single and double layered HFCs 

was clearly impacted. As was to be expected, the degradation of the biomaterials from which 

the HFC was fabricated, reduced its mechanical strength over the duration of 10 weeks. 

4.3.4.1 Mechanical strength normalized with length 

During the degradation study the difference in mechanical behaviour of single and 

double layered HFCs was compared by performing testing by the 'Transverse direction' 

method. As shown in Figure 4.12 the mechanical strength normalized with length increased 

twofold at Week 1 as compared to its value at Week 0 for both single and double layered 

HFCs. However, at Week 2 the mechanical strength began to decrease rapidly. For single 

layered HFCs the mechanical behaviour normalized with length, could not be analyzed at 

Week 4 because their structure collapsed. 

For double layered HFCs the mechanical strength, normalized with length, continued 

to decrease and acquired a very low value, approximately 6 kPa at Week 7 after which the 

HFCs could not be mechanically tested due to their collapse. 
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4.3.4.2 Mechanical strength normalized with length and weight 

For both single and double layered HFCs, mechanical strength normalized with 

length and weight showed a similar trend as shown for mechanical strength normalized with 

length. 

As shown in Figure 4.13, a threefold increase was observed for both types of HFCs 

during Week 1 of degradation study, as compared to their values at Week 0. At Week 2 the 

mechanical strength began to decrease rapidly. Mechanical behaviour normalized with 

length and weight, could not be measured at Week 4 due to the collapse of single layered 

HFCs. 

For double layered HFCs the mechanical strength (normalized with length and 

weight) continued to decrease and acquired a very low value of approximately 128 kPa at 

Week 7 after which the HFCs could not be mechanically tested due to their collapse. 
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4.3.5 Change in Morphology for single and double layered HFCs 

Subtle changes were noticed in the morphology of single and double layered HFCs 

during the degradation study. 

For the single layered HFCs the degradation started after Week 1 and as shown in 

Figure 4.14, by Week 2 the inner wall started to break into small pieces in all the HFCs. By 

Week 3, very fine cracks could be noticed within the porous structure of the single layered 

HFC and Week 4 saw the collapse of the cylindrical structure of the HFC. 

The double layered HFCs exhibited more sturdy structures, due to the presence of the 

outer layer of PLCL/PCL_3/ blend as shown in Figure 4.15. The HFCs were not much 

affected into Week 1 of degradation; however by Week 2 the inner layer of PLGA 50:50 

began to degrade. By Week 3 very fine cracks appeared in the porous structure of the inner 

layer. At Week 4, the inner layer had begun to crumble and the outer layer started to show 

slight degradation as small cracks appeared on its surface but the cylindrical structure of the 

HFC was maintained. At Week 5 the inner lumen began to narrow down due to collection of 

debris of the degrading inner layer. At Week 6 this inner lumen was observed to be 

completely closed, thus giving the look of a 'solid cylindrical structure' to the degrading 

HFC. At Week 7, the degraded remains of the inner layer flowed out of its lumen thus 

clearing it up. With most of the inner layer seemingly to have degraded, the inner lumen of 

the cylindrical structure became larger as was shown by its dimensions. Now with only the 

outer layer remaining the cylindrical shape was still maintained but the HFC became quite 

fragile to handle. At Week 8, this cylindrical structure too collapsed thereby completely 

breaking up the double layered HFCs. 
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The observation of the collapse of cylindrical shape of the single layered HFC at 

Week 4 was confirmed by the similar observations made with the inner layer of the double 

layered HFC. At Week 4, the double layered HFC also showed crumbling of the inner layer 

which instead of breaking out from the structure, given the narrow lumen and lack of a 

circulation pathway, begins to collect in the lumen of the double layered HFC. Thus from 

this observation it can be concluded that indeed the PLGA 50:50 layer degrades sufficiently 

to lose its shape by Week 4. 
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4.4 Reverse Porosity 

The morphology achieved for the reverse porosity HFCs was exactly the reverse 

layout of porosity gradient as had been observed in case of double layered HFCs. The inner 

layer has small pores as compared to the outer layer with larger pores as shown in cross 

section view of Figure 4.16. 

Upon characterization of foamed structure of HFC, it was observed that average pore 

size of inner layer was 4 um and that for outer layer was 70 urn. 

The porosity of these HFCs has been calculated at 67%. 
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4.4.1 Mechanical Testing 

Mechanical testing of reverse porosity HFCs, performed using 'Transverse 

Direction' technique, established that they were less strong mechanically than double layered 

HFCs. Mechanical strength normalized with length when compared to single and double 

layered HFCs appeared to be the weakest as shown in Figure 4.17. 
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The mechanical behaviour normalized with length and weight, for reverse porosity 

HFC, exhibited a lower trend as compared to that of double layered HFC, though it was 

improved as compared to single layered HFC. This means that for a given mass, it was the 

double layered HFC that exhibited the most superior mechanical behaviour as compared to 

reverse porosity or single layered HFCs as shown in Figure 4.18. 

These results give a clear indication that fabricating a reverse porosity HFC does not 

provide us with similar mechanical strength as that of a double layered HFC. It further 

emphasizes the ability of the double layered HFC to provide enhanced mechanical behaviour 

by virtue of its structural and morphological layout, which principally mimics the design 

layout of the bone. This analysis regarding morphological structure of double layered HFC is 

discussed in detail in Discussion. 
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5. Discussion 

5.1 Single and Double layered HFCs 

During fabrication of the HFCs, it was necessary to fabricate the structure so that it 

possessed uniform morphology throughout its entire length. To achieve this, two approaches 

were used. Firstly, use of dip-coating technique ensured that polymer solution was evenly 

distributed on the glass mandrel. Secondly, a cylindrical teflon mold was used to encase the 

polymer tube during foaming in sub-critical CO2 environment. Dimensions of teflon mold 

were large enough to allow the polymer tube to foam adequately while ensuring that its 

shape and dimensions were maintained. This fabrication technique was developed for both 

single and double layered HFCs. 

In spite of following the above mentioned step wise approach, fabrication of double 

layered HFC was more complex than that of single layered HFC. This is because as per our 

design requirements we wanted to fabricate a double layered HFC with a porosity gradient, 

i.e. having different pore sizes in its inner and outer layers. This approach was challenging, 

especially in two ways. First, in order to provide such a porosity gradient each of the two 

layers was fabricated with a different polymer, to utilize their variable foaming ability. For 

designing a desirable porosity gradient, the foaming behaviour and pore sizes of each 

individual polymer and its blend with other polymers that had already been studied and 

utilized. Secondly, since a different polymer was used for each layer, each polymer had a 

different rate of expansion due to its specific foaming behaviour. Therefore it was imperative 

to maintain sufficient compatibility between the two layers so that they do not separate after 

being foamed and the overall HFC structure continues to retain its stability. 
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Figure 5.1 Porosity gradient between inner and outer layers in double layered HFC 
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The first challenge was achieved successfully by fabricating inner layer from PLGA 

50:50 that foamed to provide large pores, and outer layer from a blend of PLCL/PCL_3/1 

that foamed to provide smaller pores. As can be seen from Figure 5.1, a distinct gradient of 

porosity was obtained within the cross section of double layered HFC with this combination. 

The ability of the inner layer to provide large pores can be explained by analyzing the 

physical and chemical properties of PLGA 50:50 that is an amorphous polymer with good 

solubility in sub-supercritical CO2 [122] and low glass transition temperature (Tg) ranging 

between 45-50°C. Due to these characteristics at sub-supercritical operating conditions, CO2 

is dissolved into the polymer matrix and helps the molecules to relax, thereby further 

lowering its Tg [123]. As a result upon release of high pressure CO2, and its conversion from 

supercritical to gaseous phase, a thermodynamic instability is rendered within the polymer 

matrix that leads to nucleation and growth of cells throughout the scaffold structure [111]. 

In the outer layer the formation of smaller pores as compared to the inner layer is due 

to combined foaming ability of PLCL and PCL. PLCL has a low Tg of -20°C and behaves 

quite similar to PLGA 50:50 under operating conditions of sub-supercritical CO2. Given its 

semi-crystalline nature it does not enjoy a good solubility with sub-supercritical CO2, 

thereby limiting its uptake in polymer matrix [124]. As a result upon release of the high 

pressure CO2 and creation of thermodynamic instability, CO2 molecules try to diffuse out 

and swell the polymer matrix but since the semi crystalline structure is not destroyed, the 

polymer cannot be foamed adequately. Therefore a combination of PLCL and PCL in the 

outer layer, in ratio 3/1 (w/w), gave rise to relatively smaller sized pores. 
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Considering our second challenging issue, to avoid separation of inner and outer 

layer of the double layered HFC due to different rates of expansion, it is necessary for the 

interface between the two layers to be strong enough to withstand the expansion forces. 

Choice of polymers for fabrication of the two layers played a very important role in 

resolving this issue. The inner layer of PLGA 50:50 and the outer layer of PLCL/PCL_3/1 

(w/w) had different foaming behaviours. However presence of common segment of poly-d,l-

lactic groups within the chemical structure of both PLGA 50:50 and PLCL, provided 

molecular entanglement and adhesion between the inner and outer layers after foaming. Also 

presence of common caprolactone segment chains between PLCL and PCL helped in 

providing homogeneity to the blend that constituted the outer layer. Thereby a stable 

structure with sufficient adherence between the inner and the outer layer could be 

successfully created. As can be seen from the SEM picture in Figure 5.2, the inner and outer 

layer of the double layered HFC displayed adhesion with no phase separation and hence a 

smooth interface between the two layers. 
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5.2 Importance of Mechanical Strength of HFC 

One of the main reasons for lack of functional recovery after spinal cord injury, given 

that various tubular strategies have been proposed for implantation, has been mismatch of 

mechanical strength of tubular implant with the surrounding spinal cord tissue. On one hand 

a weak tubular implant has been shown to collapse in vivo, due to thinning of the tubular 

wall brought about by combined action of compressive forces and phagocytosis leading to its 

collapse at site of injury [34]. On the other hand an excessively strong tubular implant can 

damage the surrounding tissue due to its undesirable rigidity. As shown by Nomura et al. 

[43] that the use of coil reinforced guidance channels led to formation of syringomyelic cyst 

formation causing further deterioration to the tissue regeneration process. In both 

circumstances, the process of nerve regeneration was adversely affected, due to mechanical 

strength mismatch. 

Mechanical strength for a tubular implant is necessary to help maintain the patency 

of its lumen, during the nerve regeneration process [119]. To help establish the most 

desirable mechanical strength, we look at the mechanical properties of the surrounding 

spinal cord tissue that it should match. Literature states that the entire spinal cord, in 

different species, has an elastic modulus ranging between 230 to 600 kPa, including the 

membranous pia mater [35]. Mechanical strength of single and double layered HFCs was 

established, compared and analyzed by calculating their modulus of elasticity based on in 

vitro mechanical testing. 
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5.3 Directional aspect of Mechanical Testing of HFC 

The two important aspects that were considered during in vitro mechanical testing of 

single and double layered HFCs were: 1) type of force being applied and 2) direction of 

application of force. 

The type of force applied for mechanical testing was compressive in nature. 

Application of compressive force is the closest approximation to in vivo forces since the 

exact biomechanical conditions cannot be created in vitro. Studies dealing with in vivo 

implantation of tubular implants after the SCI have shown that it is the presence of constant 

and repetitive compressive biomechanical forces at site of injury that affect and compromise 

the patency of tubes [34, 35, 37, 41]. In light of the above, application of any other type of 

force e.g. tensile as done by some studies [35, 42], is not suggestible. A study by de Ruiter et 

al [37] also describes using bending loads to analyze the overall stiffness of the tubular 

implants designed for implantation after SCI. We have not incorporated that aspect within 

our testing methodology, since application of similar loads in in vivo environment has not 

been reported widely in literature. 

There were two directions of application of force chosen for establishing the 

mechanical strength of the tubular implant. The first approach considered application of 

uniaxial force along the longitudinal direction of the tubular implant, referred to as 

'Longitudinal direction' testing. This technique was used to establish the modulus of 

elasticity of single and double layered HFCs by considering both shape and morphological 

structure of the HFC. This type of testing was able to provide an estimation of material 

properties of the implant while also considering the cylindrical shape of the implant [34, 41]. 
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As a secondary measure, mechanical testing with application of force along the 

transverse or radial direction of the HFC was undertaken. This approach was performed only 

to compare between the mechanical strength of single and double layered HFCs that had 

been fabricated in our lab. This technique was chosen to mimic the in vivo biomechanical 

forces as closely as possible. As has been shown by studies in this field [18, 34, 43, 45], 

during implantation, tubular implant is either inserted into or sutured to, rostral and caudal 

stump of the injured spinal cord. Consequently, a considerable impact of biomechanical 

forces in vivo is expected to be experienced along the length of tubular implant. Also we 

were interested in specifically analyzing the mechanical behaviour of the HFC when its 

length is compromised and its patency is at stake due to application of compressive force. To 

achieve the above, modifications were made to the theory postulated by Timoshenko et al. 

Application of force was considered on ring like section of the entire HFC structure and the 

compressive force applied was normalized against length of HFC. Within this approach, 

normalization of length for each HFC gave the added benefit of being able to compare HFC 

samples with different lengths. 

We believe that by following the aforementioned approaches for in vitro mechanical 

testing, we were able to provide the closest estimate of biomechanical forces as are estimated 

to exist in vivo. 

5.3.1 Mechanical Behaviour of HFC in Transverse Direction 

As has been discussed above, a comparison between mechanical behaviour of single 

and double layered HFCs could be made. 

133 



The 'Force per unit length (F) versus the subsequent strain (e)' curve was plotted for 

each HFC that was tested and the basic shape of the curve for both single and double layered 

HFCs, after testing, was similar. Figure 5.3 shows an example of type of curve obtained after 

testing of each HFC. The compressive behaviour exhibited by the curve is in agreement with 

the predicted behaviour of Elastic-Plastic foams [121]. By virtue of their foamed 

morphology, both single and double layered HFCs are characterized as cellular solid 

structures comprising of cells, generally referred to as pores. After neglecting initial toe-

region, the curve can be divided into the following three regions as shown in Figure 5.3: 

i) Linear Elasticity Region: This region within the cellular foamed structure 

arises due to application of uniaxial compressive force that causes the cell 

walls to bend, 

ii) Plateau Region: This is the second part of the curve where the cells collapse 

due to continued application of force. As a result of the collapse there is 

formation of plastic hinges within the cells that causes the buckling of the 

foamed structure thus signifying its yield behaviour, 

iii) Densification Region: This region is obtained due to continued application of 

load on the already collapsed foamed HFC structure. The opposite cell walls 

that touch each other result in compressing of the solid material itself by 

further application of force. 
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Even though the shape of the 'Force per unit length (F) versus the subsequent strain 

(s)' curve was similar for both single and double layered HFCs, the slope of double layered 

HFC was higher than that of single layered HFC as shown in Figure 5.4. The steeper slope 

indicated that double layered HFC can withstand higher compressive load before deforming 

to the same extent as a single layered HFC. This indicates that double layered HFC exhibits 

a stronger mechanical behaviour than single layered HFC. 
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5.3.2 Mechanical Strength comparison between single and double layered HFCs 

The mechanical strength of single and double layered HFCs was analyzed by 

normalizing the compressive force applied by length of the HFC. Therefore mechanical 

behaviour has been denoted as normalized with length. 

Our goal during the designing procedure was to develop an ideal HFC that provides 

optimum mechanical strength for its given mass. If increasing only the mechanical strength 

of HFC had been in question, it could have been achieved easily by increasing the mass of 

the material constituting the implant. However such an approach can prove to be detrimental 

since excessive HFC materials, once implanted in vivo, can cause damage to surrounding 

tissue at site due to overwhelmingly acid environment generated by the degradation 

products. In order to avoid this predicament, we developed a design of HFC that was capable 

of providing higher mechanical strength but still maintained a low mass. To achieve this 

requirement, we took inspiration from the structure of bone that provides high strength for an 

optimum weight [48]. In order to mimic the bone, we incorporated the conceptual design of 

porosity gradient within the double layered HFCs, the morphological details of which are 

discussed in the next section. 

Therefore it was very important for us to establish the mechanical strength that was 

being offered by single and double layered HFCs for their given mass. To achieve this, 

mechanical behaviour of both types of HFCs was analyzed as 'normalized with length and 

weight'. 

After comparing the mechanical behaviour as discussed above, it was observed that 

the double layered HFC was stronger than single layered HFC on both accounts. When 
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'normalized with length', double layered HFC had two times more mechanical strength than 

single layered HFC and when 'normalized with length and weight', it offered 1.5 times 

higher mechanical strength for a given mass when compared to single layered HFC. 

The reason for higher mechanical strength of double layered HFC can be attributed to 

the presence of its outer layer that, besides increasing mechanical strength, ensures that mass 

of the HFC does not increase as much. We have tried to analyze the difference in mechanical 

strength of the two types of HFCs at a morphological level by performing image analysis on 

their SEM micrographs and discussed it in Section 5.3.4. 

5.4 Mimicking Bone Structure: double layered HFC 

As per our requirement, we were successful in being able to develop a distinct 

porosity gradient along the transverse cross-section of a double layered HFC. By providing 

such a porosity gradient, we wanted to achieve the aim of being able to mimic the bone 

structure. Bone is known for its unique ability to achieve a compromise between its load 

bearing capacity and weight, by providing high mechanical strength in face of local 

biomechanical loads that act on it, but still retaining an optimum mass [48]. Bone possesses 

a higher mechanical strength due to its structural layout that boasts of a double layered 

structure along its radius, with the outer layer of cortical bone, being solid and dense 

compared to the inner layer of cancellous bone that is spongy and porous with a typical 

honeycomb type foam structure [50, 121, 125] thus displaying a porosity gradient. Indeed by 

mimicking this design in form of a double layered HFC, we were able to show 
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experimentally that both its mechanical strength and ability to offer higher load bearing 

capacity for its given mass, increased as compared to single layered HFC. 

5.5 Image analysis for Mechanical Strength of single and double layered HFCs 

The Image Analysis was performed by measuring various parameters of individual 

cells from SEM pictures of the cross section of single and double layered HFCs. The 

purpose was to further understand the higher mechanical strength of double layered HFC 

based on its structural and material properties. Figure 5.5 depicts how the parameters from 

SEM pictures were calculated and Table 5.1 summarizes the average value of measured 

parameters and their ratios. 
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Table 5.1 Parameters for Image analysis of PLGA 50:50 and PLCL/PCL_3/1 blend layer 

Parameters of PLGA 50:50 layer 

1 

Average Value Standard Deviation 

(urn) (urn) 

65.03 12.51 

!&n 

0.00064 

tf/l 

0.02519 

Parameters of PLCL_PCL/3_1 blend layer 

1 

Average Value Standard Deviation 

(um) (um) 

(v/n 

8.62 1.37 41.01856 

tf/l 

0.38274 

Note: Average value of each parameter was obtained from 10 measurements made from the 

sample group 

where: 

1: length of the cell member in the foamed structure of HFC 

te: edge thickness of the cell member in the foamed structure of HFC 

tf: face thickness of the cell member in the foamed structure of HFC 
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Within the double layered HFC, average value of cell edge length parameter '1' for 

inner layer (fabricated from PLGA 50:50), was 7 times greater than the average value of 

same parameter for the outer layer (fabricated from PLCL/PCL_3/1 blend). Also the 

dimensions of cell edge thickness and cell face thickness, V and V respectively, increased 

by almost two fold in outer layer as compared to inner layer. The relationship between 

modulus of elasticity of the foamed HFC (E*) and modulus of elasticity of the solid polymer 

biomaterials (Es) from which HFC has been fabricated, is defined as [121]: 

E=E. a V/* — 
/ 4 / 

(9) 

where a' and (3' are constants of proportionality. 

From the above mentioned relationship, two facts emerge. First, the value of modulus 

of elasticity of the foamed HFC, 'E*', is directly proportional to the ratio '(te4/!4)' and 

secondly 'E ' is directly proportional to the ratio '(tf/1)'- Upon application of this relationship 

to the double layered HFC it becomes evident that the outer layer fabricated from 

PLCL/PCL_3/1 blend is mechanically stronger than the inner layer of PLGA 50:50. The 

higher value of cell edge length parameter '1' of the inner layer is the main factor that 

compromises its mechanical strength. But it is the presence of outer layer of PLCL/PCL_3/1 

blend, which enhances the overall mechanical strength of the double layered HFC. This 

reasoning also helps in understanding the lower mechanical strength of a standalone single 

layered HFC that is comprised only of the PLGA 50:50 when compared to the double 

layered HFC. 

At this point it is worth mentioning that before being processed into foamed 

structures, the modulus of elasticity of raw materials (Es) for PLGA 50:50 is approximately 3 
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times greater than that of blend of PLCL/PCL_3/1 [120]. But after the polymers have been 

foamed by soaking in SCO2, by virtue of their morphological structure and pore size, within 

the double layered HFC, the outer layer of PLCL/PCL_3/1 blend imparts a higher 

mechanical strength when compared to the inner layer of PLGA 50:50. This is confirmed by 

mechanical testing and Image analysis of microstructure of the HFC samples. This change in 

micro structural dimensions of the two layers is observed due to unique foaming property of 

each polymer involved in creation of the HFC as has been shown by us with fabrication of 

single and multi layered scaffolds. 

Thus, image analysis further helps in establishing the results that have been already 

shown experimentally, that of double layered HFC being mechanically stronger than single 

layered HFC. 

5.6 Degradation Study 

The importance of mechanical strength of the two types of HFCs has already been 

established and significant differences between them observed. The main aim of performing 

Degradation Study was to understand and compare the change in mechanical strength, of 

single and double layered HFCs, during in vitro degradation so that an insight into their in 

vivo behaviour could be obtained. 
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5.6.1 Changes in Mechanical Strength of single and double layered HFCs 

During the study, mechanical strength of both types of HFCs was observed to reduce 

in magnitude with progression of time and an effective contrast could be observed between 

degradation behaviour of single and double layered HFCs. The single layered HFC showed a 

fast rate of degradation and all samples exhibited structural collapse by Week 4 but for 

double layered HFC such a structural collapse was observed by Week 8. This aspect also 

proved to be a limitation since calculation of shape dependent properties of HFCs such as 

volume, porosity and mechanical strength could not be done post to their collapse. 

Both types of HFCs were fabricated from, either or all, biodegradable polyesters 

namely PLGA 50:50, PLCL & PCL. These polymers degrade by hydrolysis [83] when 

exposed to aqueous media, PBS in our case, that is being absorbed leads to cleavage of ester 

linkages within polymer chain thereby causing breakdown of the polymer backbone [47, 

126, 127]. Degradation of these polymers, with time leads to formation of small chain low 

molecular weight fragments that have lower mechanical properties and as a result 

compromise the overall physical properties of the polymer [88]. 

At the beginning of the degradation study, mechanical strength of both types of 

HFCs first displayed an increase during Week 1, and then started to decline. This unexpected 

increase can be explained by analyzing other properties of the HFCs that were recorded at 

that timeline. As per their mathematical relationship, porosity of the HFC is directly related 

to its volume (the equations to this effect are provided in Chapter 3: Experimental, Section 

3.5.2). For both types of HFCs, during Week 1, mass loss was not significant however a 

decrease in dimensions and hence reduction in volume, was observed. Theoretical 
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calculation of these parameters indicates a lowered value of porosity. From a morphological 

point of view, low porosity is indicative of diminishing some of the structural defects of 

porous HFCs by making their structure more dense and compact and as a result increasing 

their mechanical properties. 

After Week 1, mechanical strength began to decline for both single and double 

layered HFCs. As has been discussed before, this can be attributed to hydrolysis that leads to 

formation of lower molecular weight by-products. The complete degradation of PLGA 50:50 

layer at Week 4 was evident, with complete loss of cylindrical shape in case of single 

layered HFC samples and breaking of inner layer for double layered HFC samples, as shown 

in Figure 5.6. The double layered HFC seemed to be held together only due to the presence 

of outer layer of PLCL/PCL_3/1. At Week 6, for double layered HFC the inner layer 

completely broke down and obstructed its lumen thereby leading the samples to appear as 

'solid cylindrical structures'. This integrity of double layered HFC was maintained till Week 

8, after which the outer layer collapsed, thereby breaking down the cylindrical structure. 
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5.6.2 Overall Degradation behaviour of single and double layered HFCs 

The degradation behaviour shown both by single and double layered HFCs was in 

agreement with the model that has been proposed by Wu et al. [88]. The process of 

degradation could be divided into three stages for both HFCs, as shown in Figure 5.7 and 

5.8, though time line for each stage was different: 

i) Stage I- Quasi stable stage: During this stage (SI), mass loss of HFCs was not 

substantial, but a decrease in their dimensions was observed along with 

lowering of porosity. Also an increase in mechanical properties was observed 

at Week 1 that has already been explained above. This behaviour is consistent 

with other studies [128]. 

ii) Stage H-Loss-of-strength stage: This stage (S2) is marked by decrease in 

mechanical properties for both single and double layered HFCs however their 

dimensions and porosity did not decrease as much. As explained in literature 

[88] reduction in molecular weight of the degrading polymers leads to 

formation of low molecular weight by-products that have low mechanical 

properties 

iii) Stage Ill-Loss of weight and disruption-of-scaffold stage: This stage (S3) is 

signified by substantial weight loss for both types of HFCs. Both volume and 

porosity continued to show a decline but at a very slow pace. The HFCs lost 

most of their mechanical strength and became fragile. For single and double 

layered HFCs, as in case of other stages this stage too arrived at different time 

points but for both, this stage was marked by complete collapse of their 

cylindrical structure. 
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5.6.3 Rate of Degradation of HFC layers 

Independent calculation of rate of mass loss for each of the two layers within the 

double layered HFC shows that outer layer had a lower rate as compared to inner layer. This 

lower rate helped the outer layer to retain its physical properties for a longer duration than 

the inner layer. Also on comparison of double layered HFC with single layered HFC, the 

former continued to exhibit higher mechanical strength due to its outer layer and cylindrical 

shape being intact. 

The outer layer of the double layered HFC is comprised of PLCL/PCL_3/1 and the 

inner layer of the double layered HFC and entire single layered HFC are fabricated from 

PLGA 50:50. Upon comparison of rates of degradation of raw polymers [120], PLGA 50:50 

has the highest degradation rate followed by PLCL and finally PCL [129]. This is in 

agreement with degradation behaviour that was observed in case of single and double 

layered HFCs. An explanation justifying these rates of degradation is given below. 

PLGA 50:50 is a copolymer of poly (lactic acid) (PLA) and poly (glycolic acid) 

(PGA) and PLCL is a copolymer of PLA and e-caprolactone (CL) in ratio 80/20. PCL is 

known to be semi-crystalline and amorphous nature of PLGA 50:50 and partially crystalline 

structure of PLCL are explained by the fact that crystallinity decreases as ratio of PLA 

decreases from 80% [83]. During hydrolysis amorphous regions of the polymer are known to 

degrade faster than the crystalline regions thus lowering mechanical properties, as seen for 

single layered HFC and inner layer of double layered HFC. In outer layer of double layered 

HFC, PLCL and PCL upon degradation create crystalline fragments as by-products that 

maintain mechanical strength for a longer duration until complete degradation. 

151 



Another factor that contributes to degradation of both types of HFCs during 

hydrolysis is hydrophilicity/hydrophobicity of the copolymers. When compared, PCL is 

more hydrophobic in nature than PGA. Within PLGA 50:50 and PLCL, PGA is more 

hydrophilic than CL [130]. Therefore PLGA 50:50 layer degrades faster than 

PLCL/PCL_3/1 layer. 

5.6.4 Image analysis for Degradation Study 

Image analysis was performed on SEM images of the single and double layered HFC 

taken during degradation study. By analyzing the changes in dimensions of parameters of 

pores that constituted foamed structure of single and double layered HFCs, the reduction in 

mechanical strength could be explained. 

Table 5.2 lists the parameters that were measured from SEM pictures over the duration 

of 4 weeks during degradation study. After Week 4, due to collapse of single layered HFCs 

and inner layer of double layered HFCs, as discussed above, it became difficult to study their 

porous structure and layout from the SEM pictures. 

The relationship between the ratio, '(WVl4)' in the foamed structure of HFC, and 

mechanical strength of foamed HFC 'E*', has already been defined and discussed at length 

in Section 5.3.4. Using the same argument it can be stated that as value of parameter T 

increases for PLGA 50:50 layer, the layer becomes mechanically weak due to degradation of 

the biomaterial which makes the space within the cell size bigger as more and more material 

is degraded from it. As a result the ratio, '(te4/l4)' becomes smaller and finally at Week 4, it 
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acquires a value of 0.000133 as compared to 0.00122 at Week 1 leading to complete collapse 

of the structure of single layered HFC. 

Similarly, the mechanical strength of double layered HFC is observed to decrease 

because the value of parameter T is becoming larger for both inner and outer layer thereby 

leading to decrease in ratio '(te4/l4)' and compromising its overall mechanical strength. 

Between the duration of Week 4 and Week 6 due to rupturing of the inner layer, it was 

difficult to differentiate between inner and outer layer of double layered HFC samples, from 

the SEM pictures. Thus pore sizes could not be measured of specific layers. But it can be 

fairly estimated that mechanism of degradation in outer layer would have been similar in 

terms of further increase in pore size leading to its final collapse [121]. 
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Table 5.2 Parameters for Image Analysis for PLGA 50:50 layer and PLCL/PCL_3/1 blend 

layer for HFC during Degradation Study 

PLGA 50:50 Layer 

Week 

0 

1 

2 

3 

4 

(C/O 

0.00081 

0.00122 

0.00095 

0.00088 

0.000133 

tf/l 

0.03020 

0.025093 

0.027145 

0.02515 

0.02035 

PLCL/PCL. 

(teVl4) 

30.48712 

9.52481 

4.37841 

1.61939 

0.86961 

_3/l blend Layer 

tf/1 

0.43814 

0.39499 

0.28080 

0.25103 

0.21327 

Note: Average value of each parameter was obtained from 10 measurements made from the 

sample group 
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5.7 Reverse Porosity 

It is evident from the above discussion that double layered HFC is mechanically 

stronger and as shown by the in vitro degradation study, it can retain its cylindrical structure 

for a longer duration than the single layered HFC. The mechanical strength enjoyed by the 

double layered HFC lies within the range, as recommended in literature, thereby being able 

to match the strength of surrounding spinal cord tissue. In exhibiting the above mentioned 

behaviour, presence of porosity gradient created as a result of morphological difference 

between inner and outer layers of the double layered HFC, plays a very crucial role. This 

porosity gradient in double layered HFC was created by seeking inspiration from design of 

bone and by mimicking its structural layout, as has been described in Section 5.3.3. It is 

based on the concept that the presence of a gradient with pore size becoming smaller moving 

from inner layer towards outer layer along radial direction of HFC provides increased 

strength. 

To test a reverse scenario to the above mentioned design layout, a unique type of 

HFC with presence of a reverse porosity gradient layout compared to double layered HFC 

was created. This HFC, known as reverse porosity HFC, had outer layer with large sized 

pores and inner layer with small sized pores, thus reversing the structural design concept on 

which double layered HFCs were fabricated. 

5.7.1 Mechanical Strength comparison for Reverse Porosity and other HFCs 

Upon mechanical testing, reverse porosity HFCs exhibited lower mechanical 

strength, for both cases: normalized against length and normalized against length and weight 
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when compared with the double layered HFCs. This result effectively conveys that the 

direction of porosity gradient is very important. Even though reverse porosity HFC had a 

porosity gradient, in a reverse layout, the smaller pores in inner layer could not provide 

sufficient mechanical strength to the overall structure when compressive force was applied 

on the HFC. The first point of contact for the applied force was the outer surface of the HFC 

and presence of larger pores in the outer layer undermined the mechanical strength of the 

reverse porosity HFC as a whole. 

To the best of my knowledge there are no models available in the literature providing 

information about mechanical strength of a structural layout that reverses the layout patters 

as observed in case of bone. Therefore it was difficult to compare the reverse porosity study 

that we had undertaken. Only one study, performed by Zeschky et al. [131], approached this 

issue in a remote manner by comparing the mechanical strength of asymmetric structures 

with their reverse layout. Their work involved fabrication of polysilsesquioxane derived 

ceramic foams, from which they were able establish that mechanical strength of the ceramic 

foamed structure was greater when it was tested with the outer layer consisting of small 

sized pores and the inner layer with large sized pores, as compared to the reverse scenario. 

This is in agreement with results shown by our mechanical testing of reverse porosity HFC 

and double layered HFC. Therefore we can confidently state that radial direction of porosity 

gradient, whereby the size of pores decreases from the inner layer towards the outer layer, 

provides enhanced mechanical strength to the HFC structure. 
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5.7.2 Image analysis for Mechanical Strength of Reverse Porosity HFC 

Image analysis was performed with reverse porosity HFC too, as had been performed 

with single and double layered HFCs to analyze its mechanical strength. The average values 

of the parameters measured are shown in Table 5.3. The values reveal that the outer layer of 

PLCL/PCL blend had the average value of cell edge length parameter '1' 6.8 times greater 

than the average value of same parameter for the inner layer of PLGA 50:50. As a result the 

ratios 'te4/l4' and 'tf/T decrease in the outer layer as compared to the inner layer. Using the 

same relationship as explained in Section 5.3.4, it becomes evident that the outer layer is 

weaker than the inner layer. Also when the value of modulus of elasticity of the solid 

polymer (Es) is compared, value for PLGA 50:50 is approximately 3 times greater than each 

of PLCL and PCL [120]. As has been mentioned before, for reverse porosity HFCs the inner 

layer was fabricated from PLGA 50:50 and the outer layer from a different blend as 

compared to the double layered HFC, i.e. PLCL/PCL_9/1. After being soaked in sCCh, the 

morphology of the outer layer was characterized by large sized pores. By virtue of foaming 

properties of the blend PLCL/PCL_9/1, modulus of elasticity (E*) of the foamed outer layer 

did not improve as compared to the modulus of elasticity of raw material polymer (Es) as had 

been observed in case of outer layer of double layered HFC. As a result low Es value of 

PLCL/PCL_9/1 blend could not be enhanced due to foaming in SCO2 environment. 

Consequently, this can be seen in the mechanical testing results that the presence of the weak 

outer layer does not contribute to the overall mechanical strength of the reverse porosity 

HFC. 
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Table 5.3 Image analysis parameters for reverse porosity HFCs 

Parameters of PLGA 50:50 layer 

TtTTTT 

Average Value Standard Deviation 

(fini) (urn) 

11.37 4.12 0.05026 

:M; 

0.31414 

Parameters PLCL/PCL blend layer 

Average Value Standard Deviation 

(um) (um) 

77.61 

H 

16.76 9.34818E-05 

Wi 

0.06916 

Note: Average value of each parameter was obtained from 10 measurements made from the 

sample group 
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6. Conclusion 

In conclusion, we were able to achieve the Project Goals that were stated in the 

beginning of the study. The summary is discussed below. 

Two types of HFCs, single and double layered, were fabricated successfully using 

dip-coating technique. The desired morphology of HFCs, fabricated from biodegradable 

polymers, could be achieved by foaming the polymers in sub-critical CO2 environment. The 

double layered HFC was designed to possess a porosity gradient, with the inner layer 

possessing larger pores and the outer layer designed with smaller pores. This was 

accomplished by using different polymers for fabrication of the inner and outer layers of the 

double layered HFC that successfully provided asymmetric structure along the cross-section 

of HFC. 

The mechanical strength of HFC was an important criterion since it has been 

designed with proposed application at site of spinal cord injury. Comparison of mechanical 

properties in vitro, established that double layered HFC exhibited higher mechanical 

strength, as compared to single layered HFC. The double layered HFC proved to be stronger 

for its given mass as compared to single layered HFC. Thus we were successful in 

mimicking the design of porosity gradient as is observed within bone and also its concept of 

offering higher mechanical strength for its optimum mass. 

Fabrication and mechanical testing of reverse porosity HFC, helped to establish the 

relationship between orientation of porosity gradient and mechanical strength, as has been 

observed successfully for double layered HFC. To obtain higher mechanical strength it was 
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necessary to have the layout within which inner layer had larger pores and outer layer had 

smaller pores, as in case of double layered HFC. A reverse layout with respect to this design, 

when incorporated within the HFC did not provide same magnitude of mechanical strength. 

Finally, degradation study was able to exhibit the contrast in mechanical strengths, 

during degradation, between single and double layered HFCs. Single layered HFCs lost their 

mechanical strength and structural shape within 4 weeks during the study whereas the 

double layered HFC continued to maintain their structure for twice the duration of time, 

although its mechanical strength showed a step wise decline. 

During this project, biodegradable double layered HFC were fabricated, using simple 

cost effective techniques, with a porosity gradient incorporated within the design that helped 

to increase its mechanical strength. The design of double layered HFC mimicked that of 

human bone by following a similar concept of higher load bearing ability being offered 

given an optimum mass. The Degradation Study performed in vitro exhibited step wise loss 

of mechanical strength of double layered HFC that was an improvement in comparison with 

the behaviour of single layered HFC. Therefore in vitro studies indicate double layered HFC 

to be a favourable candidate that can be proposed for implantation after SCI, based on its 

merits. 
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7. Future Work 

This project was successful in establishing the difference in mechanical strength as 

tested in vitro, between two types of HFC, single layered HFC with a uniform morphology 

throughout the HFC and double layered HFC with presence of a porosity gradient 

mimicking the structural concept of the bone. Also, the different degradation rates of the two 

HFCs could be observed along with subsequent changes in their mechanical strength. These 

HFCs have been designed with the eventual purpose of in vivo implantation of bringing 

functional recovery after SCI. For accomplishing this task it is quite necessary, given the 

norms of tissue engineering, that the HFC behave as drug delivery vehicles. Further studies 

that can be conducted in this field are: 

a) Investigate different mechanisms of loading therapeutic agents such as Neurotrophic 

Factors (NFs) within the HFC: Delivery of NFs at site after SCI can play an 

important role towards neuronal survival, proliferation and differentiation along with 

axonal regeneration. There are two main techniques that can be used for 

incorporation of these therapeutic agents within the HFC: firstly, by suspension or 

chemical linkage of therapeutic agent at fabrication stage and secondly, by using 

polymer based biodegradable microparticles, that encapsulate NF within them, for 

fabrication of HFC. 

b) Study diffusion kinetics of therapeutic agents incorporated within each layer of 

double layered HFC: The two layers of double layered HFC have been designed with 

different porosities and when incorporated with therapeutic agents, each layer is 

expected to exhibit unique release behaviour. The different rates of release indicated 
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by each layer can be used to provide two different therapeutic agents in a stepwise 

manner, at the site of injury, each fulfilling its intended function. 

c) Investigation of in vivo mechanical properties of HFCs loaded with therapeutic 

agents: After incorporation of therapeutic agents within the HFC it is necessary to 

test its mechanical properties in vitro to ensure its efficacy after implantation. 
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