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Soft tissue replacement and functional restoration

Soft tissues connect, support or surround other structures and organs of the body. The

term "soft tissue" applies to the skeletal muscles, fat, and connective tissue along with

the vessels and nerves supplying these components. In general sense, it also applies to

all organs (e.g. heart, brain, liver, kidney). Acute and chronic injury may cause transient

or permanent damage to organs and soft tissues. Nature’s response to damage is to

engage in physiological repair mechanisms (Fig. 1). These, however, may not provide

the adequate restoration of the tissue or organ function or even cause adverse repair

and remodeling, such as fibrosis. Therefore, alternative approaches for restoration and

repair have to be applied, the most dramatic example of which is organ transplantation

(Fig. 1). The damaged (or lost tissues) could be completely replaced by durable

prostheses (graft) of biological or synthetic origin (e.g., heart valve prosthesis, cardiac

pacemakers). With the advances in medical and natural sciences, new approaches

focused on exploiting body’s own ability to regenerate, facilitated with degradable

instead of durable (non-degradable) materials started gaining interest. Tissue

engineering and regenerative medicine (TERM) approaches are promising to functionally

restore or even regenerate organ or tissue function. TERM is the mimicking of nature’s

own regeneration mechanisms and thus requires the generation of regenerative

microenvironment, which may comprise of any or a combination of cells, instructive

factors and a scaffold.

Figure 1. Overview of regeneration mechanisms.
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Non-degradable (durable) grafts

Biological grafts can be autologous, i.e. from the patient, allogenic, i.e. from a donor or

xenogenic, i.e. harvested from an animal. For instance, to treat damaged vasculature,

three different types of grafts of biological origin could be used1 (Table 1).

Table 1. Soft tissue repair applications.

Biological grafts
Application

Autograft Allograft Xenograft
Artificial grafts

Blood
vessels1

Saphenous vein
(low availability,
failure rate 20%
in a year)

GA*-treated umbilical
cord vein (less
successful than
autografts)

Modified bovine
graft (less
successful than
autografts)

Dacron™,
GoreTex™ (only for
ID > 6mm); PU
(Corethane™,
Biomer™), Nylon™

Heart
valves1 -

Homograft (cadavers)
(problems with long-
term durability; limited
availability)

GA* cross-linked
porcine graft

Composite
mechanical
prosthesis
(thrombo-embolic
complications); PU,
polyester, silicone
rubber
(not successful)

Skin2

Low availability,
additional
morbidity &
scarring;
Cultured
autologous
keratinocytes
(delay in
availability)

Amniotic membranes
(possible
contamination);
Allografts (possible viral
transmission)

Frog, lizard,
rabbit, dog, pig
skin (temporary
replacement)

PU-membrane;
Silicone-collagen
membrane;
hyaluronic acid-
based membrane;
collagen sponges;
fibrin glue

Muscle3

Autologous
acellular matrix
to support
myofibers;
Cellular methods
(tissue
engineering)

Acellular dermal matrix,
Possible infections

Kangaroo, ox,
deer, whale
tendons,
porcine small
intestine
submucosa

ePTFE; PP;
Hyaluronate;
Carboxymethyl
cellulose

Nerve
(guides)4, 5

Nerve grafts
(sensory loss,
scarring,
neuroma
formation,
second incision,
limited supply

Cadaveric nerve grafts
(potential side effects of
host
immunosuppression)

-

Cellulose esters,
gelatine, rubber, PE,
polyvinyl (repair of
noncritical sensory
nerves < 3 cm);
Polyglycolic acid

*GA – Glutaraldehyde.
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With respect to the immunologically related issues, autograft would be optimal to use.

Unfortunately, in most of the implications, the quality and availability of the patients own

“material” is limited. In those cases, allografts are preferred above xenografts. However,

allografts are related to viral and bacterial infections due to the complications of proper

preparation and processing of human cadaveric tissue6.

Due to the drawbacks given above, an alternative approach led to the development of

synthetic prostheses.

Synthetic prostheses for the replacement of damaged soft tissues are mostly

manufactured from (bio)medical grade polymers and specially designed to fulfill the

function of the tissue they are replacing. Synthetic materials posses the following

advantages relevant to biological grafts: 1) limited batch-to-batch variations, 2)

adjustable/adaptable properties and 3) absence of unknown pathogens.

Since the 1970s, in addition to the already mentioned biological grafts for the treatment

of damaged blood vessels, synthetic vascular prostheses are also available1. These

synthetic grafts are manufactured from poly(ethylene terephthalate) (PET; Dacron®) and

poly(tetrafluoroethylene) (PTFE; Gore-Tex®). Other polymers such as Nylon® and

polyurethanes (Corethane®, Biomer®) have also been utilized with variable success.

It was first believed that artificial grafts should be non-degradable and as bio-inert as

possible. Therefore, most of the artificial graft materials listed in the Table 1 are

biostable. However, clinical practice showed that Dacron® and Gore-Tex® can only be

applied in the repair of large diameter blood vessels (>6mm) since they were occluded

when implanted in the small diameter vasculature sites7, 8. The reason is a compliance

mismatch between the artificial graft and the native artery which results in the

development of intimal hyperplasia at the anastomosis and graft occlusion. Furthermore,

for instance in nerve regeneration, the clinical employment of non-degradable materials

is hampered by occasional local tissue fibrosis, triggered by the implanted material and

nerve compression5. These observations led to an interest in the concept of degradable

grafts and arising additional possibilities such as delivery of cells and/or growth and

other instructive cell factors.

Degradable biomedical grafts

Tissue regeneration strategies have been applied to virtually all soft tissues: nerve

conduits5, cardio-vascular7, 9, skin10, muscle3 etc11, 12. All these treatment modalities

require temporary supports i.e. biomaterials that are tuned to a specific application in

terms of biodegradability, structural support, porosity, strength, stiffness, appropriate

surface properties, biomechanical compliance among others. Scaffolds need to facilitate

loading with cells and growth factors and exchange of oxygen, nutrients and waste13.

Regardless of the mode the scaffold is applied, bare or pre-cultured with relevant cells,
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in order to provide viable cell environment, the porous structure must allow

vascularization14. The latter is only possible if the scaffold is highly porous with

interconnected channels.

Porous scaffolds for soft tissue replacement can be manufactured using a variety of

methods (Table 2)15, 16. All the methods can be divided into: non-design controlled and

design controlled scaffolds. Design-controlled manufacturing method, i.e. rapid

prototyping (also known as solid free-form technique) are computer aided-fabrication

processes and are therefore, of newer date. Non-design controlled manufacturing

methods cover a broad range of melt- , gas- and solvent- processing techniques. All

these methods have their pros and cons. Therefore, a choice of the manufacturing

method depends firstly on the material physio-chemical properties, and the consensus

between the advantages and disadvantages of the technique.

Degradable biomedical grafts can be fabricated from naturally occurring polymers,

synthetic polymers or the combination of the two.

When designing porous scaffolds for TERM, the following properties of biological tissues

should be mimicked: 1) architecture, 2) support, 3) strength / elasticity / flexibility, 4)

growth factor delivery / binding and 5) possibility of turnover, i.e. regeneration through

replacement of damaged tissue with novel tissue with the intended, i.e. original,

architecture and function. Depending on the application, mimicking one of the listed

properties might be more important than the other.

Additionally, the scaffold should mimic the properties of the extracellular matrix (ECM) of

the soft tissues that are being regenerated17. Since ECM is mainly composed of proteins

and polysaccharides, most of the scientific research in the field of tissue engineering

focused on: collagen, gelatin, fibrin, hyaluronan, alginate, chitosan and starch. Of these

molecules, alginate, chitosan and starch are derived from non-mammalian and plant

sources, yet exhibit remarkable qualities for tissue engineering. Although these natural

polymers usually warrant appropriate cell adhesion and proliferation and generally do not

evoke an adverse foreign body reaction (i.e. tissue response) when implanted, their use

is limited by a number of disadvantages. Naturally derived polymers suffer from large

batch-to-batch variation in properties, possible contamination, poor mechanical

performance and most important, limited possibilities for processing (e.g., collagen and

chitin cannot be heat processed)15.
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Table 2. Methods to produce scaffolds for soft tissue regeneration.

Non-design controlled Design-controlled
Method Pros Cons Method Pros Cons

Fiber felts
- easy process
- high porosity

lack
structural
stability

Sheet-
lamination

-
small features
cannot be
fabricated

Fiber
bonding

high porosity
limited
choice of
polymers

Adhesion
bonding

- broad
polymer
choice

- low heat
effect on
powder

materials trapped
in matrix difficult
to remove

Phase
separation

preserved
activity of the
possible
bioactive
molecule

- scaffold
morph.
difficult to
control

- solvent
residue

Solvent
casting &
particulate
leaching

- controlled
high porosity

- independent
control of
porosity &
pore size

- limited to
membran
es up to
3mm thick

- solvent
residue

Laser
sintering

-

- materials
trapped in matrix
difficult to
remove

- polymers might
degrade

Membrane
lamination

3D matrix
solvent
residue

Melt molding

- independent
control of
porosity &
pore size

- macro shape
control

high
temperature
required for
semi-
crystalline
polymers

Photopolym.

- easy to
remove
support
material

- easy to get
small
features

- limited to
polymerizable
systems

- material
biocompatibility

High-
pressure
processing

no organic
solvent

- non-
porous
surface

- closed
pores
inside the
matrix

Hydrocarbon
templating

- no thickness
limitation

- control over
pore
structure,
porosity

- solvent
residue

- possible
closed
pores
inside the
matrix

Droplet
deposition

- no material
trapped in
the matrix

- easy to
make ~ 100
μm features 

- anisotropy
between XY and
Z direction

- high heat effect
on raw material
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Degradable biomedical polymers

Ever since the introduction of (bio)degradable polyglycolic acid (PGA)-based surgical

sutures to the market in the 1970s18, the interest in degradable polymers for medical

purposes gained increasing interest. Scientific research in this field exponentially

increased and was mainly focused on the development of novel polymers as scaffolds for

various TERM applications for the last two decades. Investigated materials belonging to

the family of (bio)degradable polymers are contained in the Table 3. Due to the

robustness of the manufacturing process, the readily availability and FDA approved

monomers, degradable poly(-esters) obtained by the ring-opening polymerization

(ROP) of different lactones (e.g., glycolide, D,L-Lactide, L-Lactide, -caprolactone)

comprise the majority of the polymers considered for TERM applications. The ROP is

conventionally catalyzed by organo-metallic compounds (e.g., Stannous Octanoate). For

biomedical applications, the organo-metallic catalyst is seen as an impurity with possible

adverse effects due to suspected toxicity. In the last decade, an alternative has been

extensively sought in nature’s own catalysts, enzymes. Enzyme catalysis can be used to

produce a variety of polymers such as: carbohydrates (e.g., cellulose, amylase, xylan,

hybrid type polysaccharides), polyesters, polycarbonates and polyphosphates19-23. In

addition, enzyme catalysts can be employed for obtaining polymers that are impossible

or very difficult to prepare via conventional chemical catalysis, for instance in

regiospecific and enantioselective polymerizations19. Lipases (e.g., Candida antartica,

Candida rugosa, Pseudomonas cepacia, Rhizopus delemar, porcine pancreatic lipase) are

capable of catalyzing ROP of small and large ring lactones (macrolides), lactides and

cyclic carbonates regardless of the ring strain and chemical polymerizability19. The

unstrained γ-butyrolactone could not be polymerized using aluminoxane initiators but it

could be polymerized by enzymes such as lipases24-26. In addition to providing catalysts

that can be easily removed and synthesis of specialty polymers, enzymatic catalysis also

exhibits other advantages compared to the chemical catalysis such as: mild

polymerization conditions (i.e. lower temperature, atmospheric pressure), possibility of

conducting reactions in bulk, in organic media and at interfaces22 . Furthermore, lipases

do not require exclusion of water and air when producing polyesters.
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Table 3. Degradable biomedical polymers. Presented data adopted from Gunatillake et al.27,

Williams et al.28, Chen et al.9 and Nair et al.29.

A disadvantage of using poly(-esters) is the acidic degradation products build up within

the degradable polymer matrix30, 31. This results in the lowering of local pH and auto-

catalytic hydrolysis of the ester bond. Following the bulk erosion mechanism (see

section: “Degradation of biomedical polymers”), the acidic products are released in large

concentration which causes local inflammation at the implant site and therefore,

seriously hamper biocompatibility. Furthermore, PCL and PTMC are slowly degrading

polymers and are not suitable for TERM of soft tissues9, 29. The copolymerization with

other lactones can increase their degradability. However, the release of acid degradation

products is not avoided by copolymerization. Based on their possible application,

degradability and physical properties, the rest of polymer types listed in the Table 3 can

roughly be divided into polymers for typically orthopedic applications, polymers typically

utilized in drug delivery and the intermediate polymers that could be used in soft tissue

regeneration. Typical polymers for orthopedic applications are: crosslinked

poly(propylene fumarate), tyrosine-derived poly(amino acids) and polyphosphazanes.

The most appropriate polymers as drug delivery mediators are poly(ortho esters),
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polyanhydrides, poly(alkyl cyanoacrylate) and polyphosphoesters. Although very

attractive, synthetic polyaminoacids are usually obtained by multiple steps synthesis

under controlled conditions, which makes them laborious and expensive to produce,

especially in the quantities required for manufacturing of 3D-implants32.

Owning to their great potential in tailoring the polymer structure to achieve the desired

physio-chemical and mechanical properties, polyurethanes (PUs) hold great potential as

polymers for TERM of soft tissues. In addition to excellent mechanical properties, PUs

exhibit good blood compatibility. Last, but not the least, PUs can be processed using a

broad range of processing methods.

Degradation of biomedical polymers

Degradable polymers are materials that degrade within the duration of their application,

or immediately after it. All polymers degrade. Thus, so-called “non-degradable” polymers

are those materials that require substantially longer time to degrade than the duration of

their application. The terms degradation and erosion are being used interchangeably. In

its essence, degradation starts with polymer chain-scission, where functional groups of

the polymer are cleaved followed by the release of oligomers, and finally monomers. The

process of “erosion” represents the loss of polymer material due to loss of oligomers and

monomers from the degrading polymer matrix30. Polymer degradation can be classified

into: photo-, thermal-, mechanical and chemical. For biomedical applications, thermal

degradation is not of interest. Photo-degradation can start before the actual application,

as a result of UV- or γ-sterilization. During the application, mechanical and chemical

degradation are the most relevant. Mechanical degradation refers to the biomedical

polymers that are subjected to mechanical stresses, for instance sutures or internal

fixation devices, also called “wear” devices. Chemical degradation of biodegradable

polymers always occurs regardless of their application, and is therefore, considered the

most important degradation mechanism.

All biodegradable polymers are comprised of hydrolyzable functionalities which can

degrade unassisted or catalyzed by acidity of degradation products (autocatalysis)

and/or enzymes. The extent and the rate of the hydrolytical degradation depend on the

physico-chemical properties of the polymer matrix, such as chemical nature of the

degradable functionality and possible steric hindrance, degree of swelling, crystallinity,

object morphology and shape.

Polymer erosion depends on swelling, solubility of degraded species in water and their

diffusability through the polymer matrix and morphological changes induced by the

degradation30, 33. Based on the mechanism of erosion, biodegradable polymers are

divided into: surface eroding and bulk eroding33. Surface eroding polymers gradually lose

material from surface; during degradation the object becomes smaller, but maintains its
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shape and strength. In case of bulk eroding polymers, the chain-cleavage will not result

in the decrease in size of the object for a considerable time until channels are made from

the inside of the degrading matrix to the surface of the polymer. For most of the

applications, surface erosion is preferred above the bulk erosion, since the degraded

material is continuously removed from the surface in a linear, and therefore, predictable

manner. In addition, surface erosion prevents the accumulation of possibly harmful

concentrations of degradation products (e.g., acidic products during degradation of

poly(-esters)).

Polymer surface properties and cell adhesion

Biodegradable scaffolds designed for application in TERM of various damaged tissues

should be able to provide cell adhesion and proliferation. Cell adhesion to biomedical

polymers is mainly governed by the polymer surface properties, such as surface chemical

composition, roughness and hydrophobicity34-37. Therefore, it is essential to assess these

properties when designing biodegradable scaffolds. Cell adhesion and proliferation are

usually tested in vitro, by seeding bare or surface-modified biomaterials with a cell type

relevant for the application.

From the moment a cell suspension in culture medium is brought into contact with a

biomaterial, a sequence of events occurs. First, serum proteins (present in the fetal calf

serum, FCS, supplement of most culture media) adhere to the surface. Protein deposition

depends on the protein and biomaterial surface properties (e.g., hydrogen bonds,

hydrophobic interactions between the biomaterial and a protein). The protein adhesion is

a reversible process that includes attachment and detachment known as the Vroman

effect38. Second, cell adhesion occurs via cell adhesion receptor binding to the

recognition sites of the adhered protein. Subsequently, cells spread and generally start

to excrete ECM. If the in vitro microenvironment is appropriate in terms of ECM and

growth factors, the cells continue their normal life cycle by proliferating. Due to their

artificial nature, most of the biomedical polymers do not provide adequate cell adhesion.

It is shown that this drawback could be avoided by coating of biomaterials with

appropriate ECM proteins39.

Biocompatibility

Initially, biocompatibility of biomaterials was defined as a list of events that had to be

avoided, i.e. the biomaterial had to be non-toxic, non-immunogenic, non-thrombogenic,

non-carcinogenic etc. However, in the period from 1940s to 1980s it became obvious

that the response to the biomaterial depends on the implantation site, that instead of

being inert, biomaterial should specifically react with the host organism and that it

should even degrade for some applications. As the result of these findings, in 1987
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biocompatibility has been re-defined as “the ability of a material to perform with an

appropriate host response in a specific situation”40. This definition, laid down by Prof.

David F. Williams, was general and self-evident and could not practically help in

categorization of individual biomaterials as biocompatible or not. Since it became more

obvious that the biocompatibility of a particular material is intimately connected to its

function, the author of the old biocompatibility definition revised it using examples of

long-term implantable devices, intentionally degradable implantable devices,

intravascularly invasive short term medical devices and tissue engineering products40.

New proposed paradigms for biocompatibility of long term implantable devices and

scaffolds for tissue engineering are as follows:

For long term implantable device: “The biocompatibility of a long term implantable

medical device refers to the ability of the device to perform its intended function, with

the desired degree of incorporation in the host, without eliciting any undesirable local or

systematic effects in that host”.

For tissue engineering scaffolds: “The biocompatibility of a scaffold or matrix for tissue

engineering product refers to the ability to perform as a substrate that will support the

appropriate cellular activity, including the facilitation of molecular and mechanical

signaling systems, in order to optimize tissue regeneration, without eliciting any

undesirable local or systematic responses in the eventual host”.

Finally, the revised definition of biocompatibility proposed in the year 2008 is as follows:

“Biocompatibility refers to the ability of a biomaterial to perform its desired function with

respect to a medical therapy, without eliciting any undesirable local or systematic effects

in the recipient or beneficiary of that therapy, but generating the most appropriate

beneficial cellular or tissue response in that specific situation, and optimizing the clinically

relevant performance of that therapy”40.

According to this new definition, the biocompatibility of a material can only be assessed

by implantation of the biomaterial shaped up as a final product ready for its intended

use. Since the development of an implant from the choice of the chemical structure to

authorities-approved medical device ready for clinic often takes more then 10 years, it

seems that recently proposed definition cannot fully be used in all product development

stages. This definition only applies to the biocompatibility assessment of the final clinical

product evaluated as therapeutic efficacy in patients.

During the last six decades a number of in vitro and in vivo tests have been developed

and performed to assess the biocompatibility of biomaterials.

Biocompatibility is evaluated by in vitro assays and in vivo implantation experiments.

Although the biomaterials are developed to be used in vivo, the complexity of in vivo

reactions often makes interpretation of results difficult. In addition, using cell cultures

i.e. in vitro is more economical and, some might argue, more ethical then animal
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experimentation. It is recommendable to use cells of human origin, primary or stable

(immortalized) cell lines. The advantage of using cell lines is that they exhibit more

constant phenotype as opposed the primary cell cultures that are by definition

heterogeneous. The disadvantage is they frequently lack one or more features typical for

their in vivo counterparts. When studying cell behavior on biomaterials, regardless of a

cell type or the final biomaterial application, it is of interest to assess: cell adhesion,

proliferation and function41. Cell adhesion is a process in which specific cell surface

receptors recognize binding domains of proteins adsorbed on the biomaterial surface.

Once adhered, cells undergo further cytoskeletal changes, resulting in cell spreading and

migration on the biomaterial surface. One of the properties of viable cells is proliferation,

and it is therefore important to investigate. Cell adhesion is measured by simple

enumeration of adhered cells (DAPI, DNA extraction, light microscopy among others).

Cell proliferation can be monitored by immuno-detection of incorporated

bromodeoxyuridine (BrdU) into DNA or by assessing the expression of the nuclear

marker Ki-67 to mention a few.

The final evaluation of the biomaterial tested for biocompatibility should be performed in

vivo. The experimental procedure varies between researchers which complicates

comparison of the results. There are several factors that influence the course and fate of

the implant in animals: species of the test animal, age of the animal, implantation site,

duration of the experiment and implant characteristics (implant shape and size, surface

morphology, hydrophobicity and roughness)42. Evaluation starts after explantation: the

tissue is placed in a fixative, dehydrated in graded alcohol solutions and subsequently

embedded in paraffin of plastic. The embedded tissue is then sliced into thin sections,

stained (with e.g., hematoxylin) and mounted on slides. The tissue response or foreign

body reaction (FBR) is assessed by light microscopy methods. Further investigation into

type and function of cellular tissue constituents (e.g., macrophages, giant cells,

fibroblasts, vascular endothelium, collagen) is done by immunohistochemical analysis.

This method requires for the explanted tissue to be snap-frozen at - 70°C and cut in thin

sections. The sample is further treated with an appropriate enzyme substrate. Although

still far from the clinical situation, studies of biocompatibility of biomaterials using an

animal model provide information on the extent and mechanism of the tissue response

that the tested biomaterial evokes (foreign body reaction). Furthermore, animal studies

are essential to assess biomaterial degradation in vivo.

Foreign body reaction (FBR) to biomaterials

Foreign body reaction (FBR) to biomaterials is a complex response mechanism that

proceeds via a sequence of events defined as: injury, blood-material interactions,

provisional matrix formation, onset (acute inflammation), progression (chronic
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inflammation), granulation tissue development, foreign body giant cell formation, and

resolution via fibrosis/fibrous capsule development43, 44 (Fig. 2). In general, the FBR

comprises of three stages: onset, progression and resolution45

Figure 2. Sequence of events characteristic for FBR to biomaterials (adopted from Anderson et

al.44

Table 4 provides an overview of the cell types and ECM elements involved in the FBR to

biomaterials. Not all the cell types play a role throughout the FBR process. For instance,

even though neutrophils are recruited first, they are replaced relatively fast by

monocytes which differentiate into macrophages.
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Table 4. Cell types and ECM elements involved in the FBR to biomaterials43.

Inravascular (blood) cells

Erytrocytes (RBC)

Neutrophyls

Monocytes

Eosinophils

Lymphocytes

Basophils

Platelets

Connective tissue cells

Mast cells

Fibroblasts

Macrophages

Lymphocytes

Extracellular matrix (ECM) components

Collagens

Elastin

Proteoglycans

Fibronectin

Laminin

The initial inflammation response is triggered by injury caused during the implantation of

a biomaterial. Because of the invasion on vascularized connective tissue during the

surgical procedure, the material contacts with blood and almost immediately acquires a

protein layer, so-called provisional matrix43. This initial protein deposition (protein type

and conformation) depends on the surface properties of the biomaterial (i.e. chemical

composition, hydrophobicity, roughness). The adsorbed protein layer comprises

mitogens, chemo-attractants, cytokines, growth factors and other bioactive agents that

dictate adhesion and survival of monocytes, macrophages and foreign body giant cells

(FBGCs). The injury also leads to thrombin formation involving activation of the extrinsic

and intrinsic coagulation systems (see section: “Haemocompatibility”), the complement

system (see section: “Haemocompatibility”), the fibrinolytic system, the kinin-generating

system and platelets46-48.

The onset (acute inflammation) lasts relatively short (from minutes to days) and is

characterized by neutrophils (polymorphonuclear leukocytes; PMNs) modulated by

histamine release and fibrinogen adsorption. The major role of neutrophils in this stage

of FBR is to phagocytose microorganisms and foreign materials. Furthermore, they

secrete chemokines that attract monocytes. Due to the size discrepancy between the
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biomaterial and neutrophils, instead of real phagocytosis, a so-called “frustrated

phagocytosis” occurs43. Although the degradation of the biomaterial by PMNs is

inefficient, activated PMNs secrete a host of degrading enzymes, including proteases.

Chronic inflammation is characterized by presence of macrophages, monocytes and

lymphocytes. At this stage, proliferation of blood vessels and connective tissue is also

observed. Due to the number of active biologicals (enzymes, growth factors,

cyt/chemokines and more) they produce, macrophages are the most important cell type

and thus dominate the chronic inflammation phase. Macrophages are long-living cells

and are considered key mediators in the development of immune reactions. They

produce a large spectrum of factors, to mention only a few: proteases, chemotactic

factors, reactive oxygen metabolites, complement components, coagulation factors,

growth-promoting factors and cytokines44.

Proliferation of newly formed small blood vessels and fibroblasts active in producing

collagen and proteoglycans leads to formation of the granulation tissue. The molecular

composition of the granulation tissue changes from predominately proteoglycan to

collagen III.

To further facilitate the phagocytosis of the biomaterial, macrophages fuse to form

foreign body giant cells (FBGCs). The exact molecular mechanism that leads to the

fusion of macrophages into FBGC has not been fully described44. However, two key

factors have been defined: necessity of appropriate fusion inducing stimuli (e.g., IL-4,

IL-13, MCP-I) and protein composition adsorbed onto the implant surface (e.g.,

fibronectin, vitronectin). Generally, more rough surfaces (e.g., fabric or porous materials)

lead to localization of larger number of FBGCs and macrophages at the implant surface.

As well as the macrophages, FBGCs also produce a range of degradation mediators49, 50.

It has been shown that adherent macrophages and FBGCs contributed to the

degradation of Pellethane 2363-80A® (a polyurethane) via the environmental stress

cracking (ESC)51, 52. Furthermore, FBGC are recognized as potential immune response

regulator of the FBR53.

Haemocompatibility

Regardless of the biomaterials final application, i.e. blood-contacting (e.g., vascular

prosthesis, heart valves) or not, haemocompatibility of any new biomaterial should be

addressed. However, the standard experimental set on how to assess biomaterials

haemocompatibility does not exist. The lack of standardization hampers the comparison

of results obtained by different research groups.

The cell and molecular biology of blood activation and coagulation is extremely complex.

From the moment biomaterial comes in contact with blood (during implantation),

coagulation and complement systems are activated and cause an inflammatory reaction
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(the onset of the FBR). These three processes are interrelated and are dictated by

interaction of the main players i.e. proteins, platelets, neutrophils, macrophages and

FBGCs44, 46. Due to the complexity, these events are investigated separately.

The coagulation cascade can be divided into an intrinsic system and an extrinsic system46

(Fig. 3). The intrinsic system is activated by the contact of blood with the biomaterial,

while the extrinsic system is triggered by tissue factor (TF) secreted by damaged cells at

the site of vascular injury. Most of the methods to study the coagulation of biomaterials

focus on the intrinsic system activation and resulting generation of either thrombin and

fibrin.

Figure 3. Coagulation cascade. Taken from Gorbet et al46.

The complement system consists of approximately 30 plasma and membrane-bound

proteins. The role of the complement system is to destroy and remove substances, either

by direct lysis or by mediating the leukocyte function in inflammation and innate

immunity. The complement system is triggered by an enzyme that catalysis the

formation of C3 convertase, which further causes C5 convertase formation and the final

assembly, terminal complement complex (TCC)46 (Fig. 4). TCC inserts into the lipid layer
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of the target cell, resulting its damage and/or lysis. In the case of the biomaterial, TCC

binds to the deposited protein layer (i.e. vitronectin). During complement activation,

several peptides are released, such as C3a, C4a and C5a that are capable of binding to

specific receptors on neutrophils, monocytes, macrophages, mast cells and smooth

muscle cells (SMC) and can lead to their activation. Furthermore, these peptides

influence chemotaxis, vasodilatation and cell attachment46.

Figure 4. Complement activation mechanism. Taken from Gorbet et al46.

Polyurethanes

Owning to a wide range of physical and chemical properties, polyurethanes (PUs) found

numerous applications in everyday life, covering a broad range of products, e.g.,

coatings, insulation foams and high impact engineering plastics. Polyurethanes are

synthesized via an addition reaction between a diol and a diisocyanate, leading to the

formation of the urethane bond (Fig. 5). Depending on the stoichiometry of the

reactants and the alcohol functionality, PUs can be thermoplastic elastomers or

covalently cross-linked thermosets. Covalently cross-linked PUs are employed in the

manufacturing of insulation materials (soft or rigid PU foams) and protective coatings.

These PUs, being thermosets, cannot be further processed (dissolved or molten), and

are therefore not very appealing for the development of biodegradable scaffolds.
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Figure 5. Formation of the urethane bond.

Thermoplastic PUs are segmented structures comprised of defined blocks of so-called

“soft” (oligodiol) and “hard” segments (diisocyanate and chain-extender) which result in

the phase-separated morphology54, 55. Due to the vast variety of choices for both “soft”

and “hard” segment, there are numerous different combinations leading to the polymers

with different properties. The soft segment is usually comprised of hydroxyl-terminated

polyesters, polyethers or polycarbonates in the amorphous phase. The diisocyanate can

contain an aromatic or an aliphatic moiety. The hard segment is rarely solely based on a

diisocyanate. Usually, to achieve good mechanical properties a chain-extender has to be

used, the most common being aliphatic difunctional alcohols and difunctional amines.

The hard segment is capable of forming hydrogen bonds as depicted in the Fig. 6.

Figure 6. Formation of H-bonds in polyurethanes. a) H-bonds between two urethane groups, b)

H-bond between urethane and ester.

Soft and hard segments are preferably physically incompatible, creating a microphase-

separated morphology, where hydrogen-bonded hard segment forms physically cross-

linked crystals dispersed in the soft segment matrix (Fig. 7). The existence of the

microphase separation (MS) is essential for good mechanical properties of segmented

PUs. Hydrogen bond (H-bond) interactions between urethane segments (Fig. 6a)

contribute to the MS and thus mechanical properties, whilst H-bond formation between

the urethane and the ester bond lead to phase mixing (Fig. 6b).
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Figure 7. Schematic representation of the microphase separation of polyurethanes. a –

amorphous mixture of hard and soft segments; b – crystalline hard segment domains; c –

paracrystalline soft segment; d – disordered soft segment; e – disordered hard segment56

Due to their chemical nature, hard segments are generally more hydrophilic than the

oligodiol soft segments. Since most of the biomedical polyurethanes are above their

glass transition temperature (Tg) during application, the above-mentioned segments are

relatively mobile. It is shown that the surface of PUs contacting hydrophobic air

predominantly comprises of soft segment55. Upon immersion of PU in a humid

environment, the hard segments arise to the surface57 (Fig. 7). This dynamic nature of

PUs can be utilized when designing scaffolds for regeneration of soft tissues.

Figure 8. Dynamic surface properties of polyurethanes.

Biomedical polyurethanes

As mentioned, PUs have been extensively investigated as materials for biomedical

devices58. The initial interest included only biostable PUs predominantly in blood-

contacting device applications. Avcothane®, Biomer®, Pellethane® and Tecoflex® are all

poly(ether urethanes) based on the poly(tetramethylene oxide) (PTMO)52. Although

these materials appeared biocompatible and biostable, it was shown that they do

degrade in vivo by biologically assisted environmental stress cracking (ESC) and metal

ion-supported oxidation leading to calcification51. Furthermore, when the extracts during
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the degradation of Pellethane® were analyzed, 4,4’-butane dianiline (MDA) was detected.

MDA is a known carcinogen, mutagen and displays immediate cell toxicity. To circumvent

the problems of ESC and toxicity, biomedical polyurethanes based on totally

hydrogenated version of the 4,4’-butane diphenylisocyanate (MDI), 1,4-cyclohexane

diisocyanate (HMDI) and various polycarbonate soft segments have been developed

(e.g., Corethane™)52, 55.

Considered not applicable for medical devices at first, poly(ester urethanes) received

more attention in the last two decades since researchers started exploiting their

degradability. Degradation of poly(ester urethanes) proceeds predominantly via

hydrolytic cleavage of the ester bonds of the ester oligodiol. In addition to the variety of

degradable polyester oligodiols, new aliphatic diisocyanates were developed, for instance

hexamethylene diisocyanate (HDI) 1,4-butanediisocyanate (BDI) and lysine diisocyanate

(LDI)54. The use of aliphatic instead of aromatic diisocyanates generally results in lesser

mechanical properties due to the lower degree of MS which limits their application for

load bearing applications. However, aliphatic diisocyanate-based PUs should be suitable

for soft tissue regeneration. Upon degradation, BDI and LDI convert to the

corresponding diamines that are naturally occurring substances in the body and are

therefore considered safe to use in vivo.

For hard tissue function restoration like meniscus replacement, polyurethane (PU) foams

based on poly(ε-caprolactone) (PCL) and BDI have been developed in our laboratory59.

Foams were prepared by combined method of salt leaching and thermally induced phase

separation. The implanted PU foams had a completely interconnected pore structure,

caused only mild inflammatory reaction, and were completely filled with extracellular

matrix and cells of cartilaginous phenotype after 3 month’s of implantation in dogs60.

However, similar foams of the same PU were still not fully degraded 2 years after

implantation61. Slow degradability might be an obstacle to healthy tissue regeneration

when support is needed for a shorter time by causing a prolonged FBR. The

development of novel PUs with a tunable degradation time and pattern is a formidable

challenge. Yet, a property “tuned” PU would favor adequate tissue regeneration without

an adverse course of the FBR. In order to improve the MS and enhance degradability of

PUs with PCL-based soft segments, Heijkants et al. introduced terephthaloyl diisocyanate

(TPHDI)62, 63. The acyl functionality contributes to the greater reactivity of TPHDI and is

expected to hydrolyze relatively fast.

Outline of the thesis

The aim of this thesis was to design haemocompatible polyurethane scaffolds for soft

tissue regeneration that would gradually degrade faster than the commercially available

segmented polyester urethanes evoking only mild tissue response. In exploring
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possibilities of applying polyurethanes as degradable scaffolds, we focused on three

essential aspects of application of biomaterials in the regeneration of soft tissues:

hydrolytic degradation, scaffold design and biocompatibility assessment in vitro and in

vivo.

First we studied the hydrolytic degradation of novel polyurethanes, polyacylurethanes

(PAUs) with the accent on microphase separation change during the course of the

degradation (Chapter 2). The potential to use PAUs as scaffolds for tissue engineering

was further investigated by assessing cell adhesion and haemocompatibility of these

materials in vitro (Chapter 3).

To enhance the degradation rate of poly(ε-caprolactone)- and 1,4-butanediisocyanate-

containing polyurethanes, slowly degrading poly(ε-caprolactone) oligodiol has been

replaced by copolymers comprising of ε-caprolactone and γ-butyrolactone (Chapter 4).

Since γ-butyrolactone does not polymerize efficiently via conventional synthetic

pathways, the copolymers were obtained by enzyme-catalysis. The aim of the

subsequent study was to develop and evaluate biodegradable and haemocompatible

scaffolds utilizing these novel polyurethanes. The scaffolds were characterized by

interconnected-pore morphology that was expected to provide gradual and mild tissue

remodeling at the implant site (Chapter 5).

Finally, the results described in this thesis are summarized and future perspectives are

discussed (Chapter 6).
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