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Abstract

During the resorbable-polymer-boom of the 1970s and 1980s, polycaprolactone
(PCL) was used in the biomaterials field and a number of drug-delivery devices. Its
popularity was soon superseded by faster resorbable polymers which had fewer perceived
disadvantages associated with long term degradation (up to 3-4 years) and intracellular
resorption pathways; consequently, PCL was almost forgotten for most of two decades.
Recently, a resurgence of interest has propelled PCL back into the biomaterials-arena. The
superior rheological and viscoelastic properties over many of its aliphatic polyester
counterparts renders PCL easy to manufacture and manipulate into a large range of implants
and devices. Coupled with relatively inexpensive production routes and FDA approval, this
provides a promising platform for the production of longer-term degradable implants which
may be manipulated physically, chemically and biologically to possess tailorable degradation
kinetics to suit a specific anatomical site. This review will discuss the application of PCL as a
biomaterial over the last two decades focusing on the advantages which have propagated its
return into the spotlight with a particular focus on medical devices, drug delivery and tissue

engineering.



1. Introduction

Polycaprolactone (PCL) was one of the earliest polymers synthesized by the
Carothers group in the early 1930s [1]. It became commercially available following efforts to
identify synthetic polymers that could be degraded by microorganisms [2]. PCL can be
prepared by either ring-opening polymerisation of e-caprolactone using a variety of anionic,
cationic and coordination catalysts or via free radical ring-opening polymerisation of 2-
methylene-1-3-dioxepane [3]. PCL is a hydrophobic, semicrystalline polymer; its crystallinity
tends to decrease with increasing molecular weight. The good solubility of PCL, its low
melting point (59-64 °C) and exceptional blend-compatibility has stimulated extensive
research into its potential application in the biomedical field [4-6]. Consequently, during the
resorbable-polymer-boom of the 1970s and 1980s, PCL and its copolymers were used in a
number of drug-delivery devices. Attention was drawn to these biopolymers owing to their
numerous advantages over other biopolymers in use at that time. These included tailorable
degradation kinetics and mechanical properties, their ease of shaping and ease of manufacture
enabling appropriate pore sizes conducive to tissue in-growth, and the controlled delivery of
drugs contained within their matrix. Functional groups could also be added to render the
polymer more hydrophilic, adhesive, or biocompatible which enabled favourable cell-
responses. Due to the fact that PCL degrades at a slower rate than polyglycolide (PGA),
polyD,L-lactide (PDLA) and its copolymers and was therefore originally used in drug
delivery devices that remain active for over one year and in slow degrading suture materials

(Maxon™).

Although initially attracting some research attention, PCL was soon overwhelmed by
the popularity of other resorbable polymers such as polylactides and polyglycolides, which

were studied in applications which demanded the polymer matrix to release encapsulated



drugs within days or weeks with a complete resorption 2-4 months after implantation. The
medical device industry was interested in replacing metal devices (plates, screws, nails etc)
by using biodegradable implants; however PCL did not have the mechanical properties to be
applied in high load bearing applications. Furthermore, both the medical device and drug
delivery community felt that faster resorbable polymers also had fewer perceived
disadvantages associated with the long term degradation (up to 3-4 years for PCL) and
intracellular resorption pathways; consequently, PCL was almost forgotten for most of two

decades.

A resurgence of interest has propelled PCL back into the biomaterials/arena with the
birth of a new field, namely tissue engineering; a trend which is depicted graphically in
Figure 1. This huge resurgence of interest during the 1990s and 2000s has stemmed from the
realization that PCL possesses superior rheological and viscoelastic properties over many of
its resorbable-polymer counterparts which renders it easy to manufacture and manipulate into
a large range of scaffolds, some of which are shown in Figure 2. In reality, PCL can be used
in a wide range of scaffold fabrication technologies as described in section 8.1 and its
relatively inexpensive production routes, compared with other aliphatic polyesters, is hugely
advantageous. Furthermore, the fact that a number of drug-delivery devices fabricated with
PCL already have FDA approval and CE Mark registration enables a faster avenue to market.
Interestingly, in spite of these clear advantages, PCLs are not widely exploited by many
research groups from a translational point of view. This review will discuss the applications
of PCL as a biomaterial over the last two decades, including its relationship with other
bioresorbable polymers. It will focus on the properties and advantages which have
propagated PCL’s return into the spotlight of drug delivery and especially the tissue

engineering arena.



2. Synthesis and Physicochemical Properties of PCL

PCL is prepared by the ring opening polymerisation of the cyclic monomer e-
caprolactone and was studied as early as the 1930s [1]. Catalysts such as stannous octoate are
used to catalyze the polymerisation and low molecular weight alcohols can be used to control

the molecular weight of the polymer [7].

There are various mechanisms which affect the polymerisation of PCL and these are
anionic, cationic, co-ordination and radical. Each method affects the resulting molecular
weight, molecular weight distribution, end group composition and chemical structure of the
copolymers [5]. PCL is a semi-crystalline polymer having a glass transition temperature (Tg)
of —60° C and melting point ranging between 59 and 64~ C, dictated by the crystalline nature
of PCL which enables easy formability at relatively low temperatures. The number average
molecular weight of PCL samples may generally vary from 3,000 to 80,000 g/mol and can be

graded according to the molecular weight [8].

PCL is soluble in chloroform, dichloromethane, carbon tetrachloride, benzene,
toluene, cyclohexanone and 2-nitropropane at room temperature. It has a low solubility in
acetone, 2-butanone, ethyl acetate, dimethylformamide and acetonitrile and is insoluble in
alcohol, petroleum ether and diethyl ether [9]. PCL can be blended with other polymers to
improve stress crack resistance, dyeability and adhesion and has used in combination with
polymers such as cellulose propionate, cellulose acetate butyrate, polylactic acid and

polylactic acid-co-glycolic acid for manipulating the rate of drug release from microcapsules.

[4].



In the 1970’s it had already been recognised that PCL is particularly amenable to
blending and polymer blends based on PCL were thus categorized with three types of
compatibility; firstly exhibiting only a single Tg; secondly as mechanically compatible,
exhibiting the Tg values of each component but with superior mechanical properties and
thirdly as incompatible, exhibiting the enhanced properties of phase-separated material [10].
Compatibility of PCL with other polymers depends on the ratios employed and is generally
used to have better control over the permeability of the delivery systems. Copolymers (block
and random) of PCL can be formed using many monomers, e.g. ethyleneoxide,
polyvinylchloride, chloroprene, polyethylene glycol, polystyrene, diisocyanates(urethanes),
tetrahydrofuran (THF), diglycolide, dilactide, d-valerlactone, substituted caprolactones, 4-

vinyl anisole, styrene, methyl methacrylate and vinyl acetate. [5].

Physico-mechanical properties of several degradable polymers, amongst them PCL,
have been investigated and compared by Engelberg et al who investigated thermal properties
(Tg, crystallization, melting and decomposition points) and tensile properties including
Young's modulus, tensile strength and elongation at yield and break [11]. Some of these

properties are listed in Table 1.

3. Biodegradation

When one considers biopolymers it is important to keep in mind that something which
is biodegradable does not necessarily translate to being bioresorbable, that is, as it degrades
and moves away from their site of action in vivo it is not necessarily removed from the body.
In contrast, bioresorbability is a concept which reflects total elimination of the initial foreign
materials and bulk degradation products by-products (low molecular weight compounds) with

no residual side effects [12]. The definitions of biodegradable, bioresorbable, bioabsorbable



and bioerodable, according to Vert, are detailed in Table 2, appropriate categorization of
these properties are of fundamental importance in the discussion of polymer-based materials

particularly in biomedical applications.

PCLs can be biodegraded by outdoor living organisms (bacteria and fungi) but they
are not biodegradable in animal and human bodies because of the lack of suitable enzymes
[13]. That is not to say they are not bioresorbable, but rather, the process takes much longer,
propagating firstly via hydrolytic degradation. It is widely accepted that hydrolytic
degradation of poly (a-hydroxy) esters can proceed via surface or bulk degradation pathways,
depicted schematically in Figure 3. What determines the means by which this pathway
proceeds is the diffusion-reaction phenomenon. Surface degradation or erosion involves the
hydrolytic cleavage of the polymer backbone only at the surface [14]. This situation arises
when the rate of hydrolytic chain scission and the production of oligomers and monomers,
which diffuse into the surroundings, is faster than the rate of water intrusion into the polymer
bulk. This typically results in thinning of the polymer over time without affecting the
molecular weight of the internal bulk of the polymer which would generally remain
unchanged over the degradation period (Figure 3a). The advantage to this type of erosion is
the predictability of the process, giving desirable release vehicles for drugs as release-rates

can be predetermined [15].

Bulk degradation occurs when water penetrates the entire polymer bulk, causing
hydrolysis throughout the entire polymer matrix (Figure 3b). Random hydrolytic chain
scission would take place and produce an overall reduction in molecular weight. If water
molecules can diffuse into the polymer bulk, hydrolyse the chains enabling the monomers or

oligomers to diffuse out, erosion will occur gradually and equilibrium for this diffusion-



reaction phenomenon would be achieved. If this equilibrium is disturbed, the degradation
mechanism could provoke internal auto-catalysis, via the carboxyl and hydroxyl end group
by-products. Whereas surface oligomers and carboxyl groups may freely diffuse into the
surroundings (surface erosion situation), in the case of bulk degradation the internal
concentration of autocatalysis products can produce an acidic gradient as each newly
generated carboxyl end group formed during ester bond cleavage accumulates. This in turn
accelerates the internal degradation compared to the surface leaving an outer layer of higher
molecular weight skin with a lower molecular weight, degraded, interior (Figure 3c). The
degradation mechanism thus becomes defined by bimodal molecular weight distribution.
When the inner oligomers become small enough, they diffuse rapidly through the outer layer
and this is accompanied by an onset of weight loss and a decrease in the rate of chain scission
producing a higher molecular weight hollowed out structure. The rapid release of these
oligomers and acid by-products can result in inflammatory reactions in vivo as reported in the
bioresorbable device literature [16]. Furthermore, if the surrounding tissue is unable to buffer
the pH change due to poor vascularisation or low metabolic activity then local, temporary
disturbances may arise — an example of this has been observed from fibre reinforced PGA
pins used during orthopedic surgery which led to increased osmotic pressure through local

fluid accumulation at the time of rapid degradation [17].

The homopolymer PCL has a total degradation of two to four years (depending of the
starting molecular weight of the device or implant) [18-20]. The rate of hydrolysis can be
altered by copolymerisation with other lactones or glycolides/lactides [3]. Extensive studies
by the authors group concerning in vitro and in vivo degradation of PCL scaffolds detected no
evidence of internal catalysis evidenced by uniform molecular weight distribution over time

and cross sectional examination of the scaffold struts over a 6 month [21] and 36 month (non-



published) period. Other degradation studies using PCL in separate in vitro (saline) and in
Vivo (rabbit) conditions reported that both hydrolytic degradation rates were similar and thus
concluded that enzymatic involvement in the first stage of degradation phase (0-12 month)

was not a significant factor in the degradation process [22, 23].

From degradation studies presented in the literature it can be concluded that PCL
undergoes a two-stage degradation process: firstly the non-enzymatic hydrolytic cleavage of
ester groups and secondly, when the polymer is more highly crystalline and of low molecular
weight (less than 3000) the polymer is shown to undergo intracellular degradation as
evidenced by observation of PCL fragments uptake in phagosomes of macrophages and giant
cells and within fibroblasts [24] which supports the theory that PCL may be completely
resorbed and degraded via an intracellular mechanism once the molecular weight was
reduced to 3000 or less. It was also noted that in the first stage the degradation rate of PCL is
essentially identical to the in vitro hydrolysis at 40°C and obeyed first-order kinetics. It was
concluded that the mechanism of PCL degradation could be attributed to random hydrolytic

chain scission of the ester linkages, which caused a decrease in molecular weight.

Ali et al studied the mechanism of PCL degradation in vitro by mean of gel
permeation chromatography (GPC), differential scanning calorimetry (DSC) and scanning
electron microscopy (SEM). It was hypothesized that the HO-radical was likely to be a
significant cause of PCL degradation in implantable devices [25]. Chen et al studied the in
vitro degradation behavior of the PCL microparticles and compared these with that of PCL
film in PBS at 37+1°C at pH7.4. The shape of PCL was found to have no obvious effect on

its degradation rate, which suggested that homogeneous degradation dominated the process.



Recently, accelerated degradation models for PCL have been investigated primarily
by thermal methods by several groups [26]. Persenaire et al. proposed a two-stage thermal
degradation mechanism of PCL [27] and found in the first stage there was a statistical rupture
of the polyester chains via ester pyrolysis reaction. The second stage led to the formation of
g-caprolactone (cyclic monomer) as result of an unzipping depolymerisation process.
Sivalingam et al. investigated the thermal degradation in bulk and solution [28, 29] and found
that the polymer degraded by random chain scission and specific chain end scission in

solution and bulk, respectively.

Pitt et al showed that the mechanism of in vivo degradation of PCL, PLA and their
random copolymers was qualitatively the same. The degradation rate of random copolymers
was much higher than those of the homopolymers under the same conditions [30]. On the
other hand, the degradation rate of PCL/PLA block copolymers was found to be intermediate
of PCL or PLA homopolymers and increased with PLA content in the 0-40% range [31].
However when the PLA content was greater than 40%, the degradation was found to exceed
that of the homopolymers [32]. Degradation kinetics are highly dependent upon the
molecular weight of the polymer(s). High molecular weight structures take much longer to
degrade, as mediated through the chain length of the polymer. Higher molecular weight
increases the chain length necessitating a greater number of ester bonds to be cleaved in order
to generate water soluble monomers/oligomers to allow erosion to proceed; degradation
consequently takes longer. Woodward and coworkers studied the in vivo (Dawley rats) and
intracellular degradation of PCL and reported that degradation first proceeded with non-
enzymatic bulk hydrolysis, and a transient initial inflammatory response occurred only for the
first 2 weeks [24]. After 9 months, only when the molecular weight had reduced to

approximately 5000 g/mol, did a loss in mass emerge and subsequently the PCL implants



fragmented. Figure 4 schematically depicts the interplay between the mass loss and molecular

weight loss from a typical resorbable polymer scaffold in vivo.

For the study of intracellular degradation, low molecular weight PCL (Mn, 3000
g/mol) powders, 53-500 nm, were used. The authors reported that the powdered PCL was
rapidly degraded and absorbed within 13 days inside the phagosomes of macrophage and
giant cells, and that the sole metabolite was 6-hydroxyl caproic acid. Figure 5a illustrates the
mechanism by which PCL degrades hydrolytically. Hydrolysis intermediates 6-hydroxyl
caproic acid and acetyl coenzyme A are formed which in turn enter the citric acid cycle and

are eliminated from the body [33].

More recently Sun et al designed a long-term study in which in vivo degradation of
PCL was observed for 3 years in rats [23]. Distribution, absorption and excretion of PCL
were traced in rats using radioactive labeling. The results showed that PCL capsules with
initial Mw of 66 000 g/mol remained intact in shape during 2-year implantation, and broke
into low Mw (8000 g/mol) pieces at the end of 30 months. The Mw of PCL deceased linearly
with time. Tritium-labeled PCL (Mw 3000 g/mol) was subcutaneous implanted in rats to
investigate its absorption and excretion and the radioactive tracer was first detected in plasma
15 days post-implantation. At the same time, radioactive excreta were recovered from feces
and urine. An accumulative 92% of the implanted radioactive tracer was excreted from feces
and urine at 135 days post-implantation. In parallel, the plasma radioactivity dropped to
background level. Radioactivity in the organs was also close to background level confirming
that the material did not accumulate in body tissue and could be completely excreted which

was in accordance with early studies by Pitt et al [34].
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Pulkkinen et al demonstrated that 2,2-bis(2-oxazoline) linked PCL (PCL-O) was
degraded in vitro enzymatically by surface erosion which could enable the novel use of this
material for drug delivery and other biomedical applications. The degradation, erosion
(weight loss) and toxicity of PCL-O poly(ester-amide)s were evaluated in vivo. PCL and
three PCL-O polymers with different PCL block lengths (Mn: 1500, 3900, 7500 g/mol) were
melt-pressed in the form of discs and implanted subcutaneously in Wistar rats (dose
approximately 340 mg/kg) for 1, 4 and 12 weeks. With an implantation of 12 weeks, up to
16.5% weight loss of polymer discs was measured for the most extensively linked PCL-O
polymer (block length 1500 g/mol) whereas practically no weight loss was observed with the
other polymers. Nuclear magnetic resonance (NMR), DSC and GPC studies as well as SEM
micrographs before and after implantation and in vitro hydrolysis studies collectively
indicated that enzyme based surface erosion of PCL-O polymers occurred in vivo. The in vivo
evaluation based on results from hematology, clinical chemistry and histology of the
implantation area and main organs (i.e. heart, lung, liver, kidney, spleen and brain)
demonstrated that PCL-O polymers were biocompatible and safe, enzyme-sensitive

biomaterials [35].

Surprisingly, despite more than 1000 papers being published during the last decade in
the biomaterials and tissue engineering literature (Figure 1) which use PCL-based-scaffolds,
only a small number of groups have included a study of the degradation and resorption

kinetics of the PCL scaffolds.

The authors group have undertaken several long-term degradation studies of ordinary
(Sigma) and medical grade (Birmingham Polymers) PCL scaffolds both in vitro and in vivo

[21]. An accelerated degradation systems based on NaOH was also developed and validated

11



against a system based on simulated physiological conditions [36]. Figure 5b illustrates
surface erosion of PCL and the associated changes in crystallinity over time (owing to its
crystalline and amorphous components) which can lead to cyclic increasing and decreasing
crystallinities throughout the degradation period. Microscopic and macroscopic views of an
accelerated degradation system are shown in Figure 5c. PCL scaffolds were degraded from 0
to 5 weeks and were observed to degrade via a surface erosion pathway homogenously

throughout the scaffold structure, through the thinning of the filament diameters.

As previously described, PCL is an excellent candidate for co-polymerisation or
blending to engineer desired mechanical properties and degradation kinetics of a medical
device or scaffold. A Dutch group were amongst the first to use PCL based copolymers to
design and commercialize nerve guides device. The degradation and the tissue response
evoked by poly(1,3-trimethylene carbonate) [poly(TMC)] and copolymers of TMC with
either 52 mol % D,L-lactide (DLLA) or 89 mol % e-caprolactone (CL) were evaluated in
vivo by subcutaneous implantation of polymer films in rats for periods up to one year [37].
Poly(TMC) specimens were extensively degraded after 3 weeks and, as confirmed by
histology, totally resorbed in less than a year. A fast linear decrease in thickness and mass
without a change in molecular weight was observed. Initially an acute sterile inflammatory
tissue reaction, caused by the implantation procedure, was observed, followed by a mild
macrophage-mediated foreign body reaction that lasted during the resorption period of the
polymer. It was concluded that in vivo, poly(TMC) degraded via surface erosion involving
cellular-mediated processes. The degradation of the copolymers was slower than that of
poly(TMC), taking place via autocatalyzed bulk hydrolysis, preferentially of ester bonds. The
TMC-DLLA copolymer degraded 20 times faster than the TMC-CL one. In both cases, the

tissue reaction upon implantation resembled a so called sterile inflammatory reaction

12



followed by a foreign body reaction that was defined by a fibrous encapsulation. Significant
mass loss was only observed for the TMC-DLLA copolymer, which underwent 96% mass
loss in 1 year. When extensive mass loss started, a mild-to-moderate secondary foreign body
reaction, related to clearance of the polymer fragments, was triggered. The results presented
in this study demonstrate that poly(TMC) and both TMC copolymers (TMC-DLLA and
TMC-CL) are biodegradable and biocompatible materials, making these polymers attractive

for the preparation of short and long-term degradable devices for soft tissue engineering [37].

In conclusion, the degradation of PCL compared to PLA, PGA, copolymers thereof
and many other resorbable polymers is slow, making it much more suitable for long-term
degradation applications such as delivery of encapsulated molecules extending over a period

of more than one year, which will be discussed in section 5.

4. Biocompatibility

Originally biocompatibility referred to the ability of a material to perform with an
appropriate host response in a specific application [38]. However, more recent definitions are
aiming to describe the biological mechanism in more detail (Williams 2007 Trends in
biotechnology). In vitro biocompatibility or cytotoxicity is generally evaluated through cell
culture systems. In vivo experimental, histological and pathological examination of the peri-
implant and host responses - such as immunogenic, carcinogenic and thrombogenic responses
are also studied. The complexity of these host responses is a result of a series of temporal and
spatial processes involving numerous closely interdependent mechanisms of material-tissue
interactions. It is these interactions that control the ultimate performance of a material within
a biological environment. If we consider the field of biostable materials and permanently

implanted devices/implants, the primary goal is minimizing and adjusting material-tissue
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interactions. The interaction of the living environment and the material should be acceptable
and stable for long-term therapies and performances. Conversely, in the field of
biodegradable and bioresorbable polymers, the situation is quite the opposite with an added
dimension of complexity afforded by the degradation and resorption by-products of the
implants, which are able to strongly interact with living systems. From this point of view,
biodegradable and bioresorbable polymers must be regarded as much closer to pharmacology
than to material science. Hence, biocompatibility is a factor that must be considered before
the selection of biodegradable polymers to be used in medical devices, scaffolds and drug

delivery systems.

In general, bioresorbable polymers and devices are well tolerated by living tissue [39],
with their biocompatibilities depending primarily on the factors briefly discussed below. The
leaching of low molecular mass compounds either through degradation or because of the
presence of leachable impurities is the mayor cause of triggering inflammation. Release of
acidic degradation products from bioresorbable polymers and implants is also a large
contributor to the observed secondary inflammatory reactions. Another important factor
which influences inflammation responses is the site of implantation. If the capacity of the
surrounding tissues to eliminate the by-products is low, due to poor vascularization or low
metabolic activity, the chemical composition of the by-products may lead to local temporary
disturbances. One example of this is the increase of osmotic pressure or change in pH
manifested by local fluid accumulation or transient sinus formation [17]. Hence, problems of
biocompatibility of bioresorbable polymers such as aliphatic polyesters are unquestionably

related to biodegradability and bioresorbability.

The determination of both the degradation rate of the polymer and the local tissue

14



clearance is crucial in predicting the concentration of by-products present in the tissue and
resultant host response. Originally, the inflammatory response of copolymers PCL and PLA
after implantation in male wistar rats was studied in detail by by Pitt et al [24]. The injection
of microspheres into the body resulted in the activation of neutrophils and causes mild
localized inflammation. The rapid activation of neutrophils by PCL microspheres was
confirmed by measurement of superoxide anion generation as measured by
chemiluminescence. Neutrophils activation released chemotactic factors leading to influx of
massive number of neutrophils into the affected site and causing inflammation. Phagocytosis
of drug loaded polymeric microspheres by white blood cells was shown to be the main
clearance mechanism by which foreign material was eliminated from the body [24].
Inflammatory reactions in bones were less pronounced than in muscles. Even so the
investigators do not discuss this observation in great detail one might hypothesize that the
pronounced primary inflammatory reaction in muscle might be due to a better vascularization

of muscle tissue and a greater amount of implanted material.

The tissue reaction of implantable microspheres comprising PCL prepared by solvent
evaporation methods was studied by implantation in the brain of wistar rats [40]. Results
indicated no necrosis was observed which implied good biocompatibility of microspheres
within the brain tissue. To prevent the phagocytosis of microspheres, modification of
microspheres surface can be undertaken by steric stabilization. Flow cytometry has been used
to study the effect of PCL microspheres on apoptosis and cell cycle of fibroblasts. Results
revealed that PCL microspheres purified in different ways showed different

cytocompatibility; with well-purified microspheres having supeior cytocompatibility [41].

Both PCL and PLLA are slow degrading polymers but their biocompatibility resulting

15



from degradation is quite different. Bergsma et al reported foreign body reactions to PLLA
bone plates and screws [16]. Six out of ten patients had to be reoperated after postoperative
periods between 35 and 44 months due to swelling at the implantation site. The authors
reported no discoloration of the overlaying tissue, with no signs of acute or subcutaneous
inflammation, or an increase in temperature or pain on palpation. Light microscopic analysis
of the soft tissue showed a foreign body reaction without signs of inflammation around the
PLLA. On the outer part of the PLLA a few polymorphonuclear leucocytes were present
whereas the inner part was surrounded by dense connective tissue lying within macrophages,
foreign body giant cells, and fibrocytes. The authors hypothesized that the observed foreign
body reaction was a combination of a biochemical and biomechanical reaction of the crystal-

like PLLA fragments [16].

Pistner et al (1993) and Gutwald et al (1994) studied two amorphous and one
crystalline PLA in the paravertebral muscle of rats. The crystalline PLA remained almost
stable in form and structure over a period of 116 weeks. No signs of inflammation and a mild
foreign body reaction were observed. After 116 weeks, the amorphous PLA of higher
molecular weight almost completely resorbed, whereas the amorphous PLA of lower
molecular weight was metabolized. During the degradation and resorption period a mild to

moderate histiocytic inflammation was found [42-44].

As discussed above it is crucially important to study biocompatibility not only from a
short-term point of view but also in the long-term. Unfortunately most in vivo studies in the
tissue engineering field suffer from being prematurely ended in order to extract histological
and/or biomechanical data before the PCL scaffold itself has been cleared from the

implantation site. It’s accepted that long term in vivo data is costly to acquire but this does not

16



negate the need to have robust information pertaining to long term degradation of the
microspheres and scaffold, the biocompatibility, the mechanical properties of the

scaffold/new tissue and the ultimate outcome of implantation after months or even years.

Meek et al (2009) recognised a scarcity in literature on long-term nerve guide studies
of Neurolac™, after having shown that small fragments of the nerve guide comprising
poly(DL-lactide-g-caprolactone) [PDLLA-PCL] (which were assumed to fully resorb) could
still be found on the edge of the epineurium of the regenerated nerve after implantation.
Consequently they studied the 2-year degradation and possible long-term foreign body
reaction against the nerve guides after implantation in the sciatic nerve of the rat. They
demonstrated that nerve regeneration took place through the scaffold, and after 2-years of
implantation no remains of the implant could be found macroscopically. However,
microscopically, the polymer fragments along with multinucleated giant cells and
macrophages were found along the regenerated nerve tissue. Hence, the authors concluded
that a 3-year study was warranted to capture the nerve tissue after complete clearance of the

polymer by the system [45].

Several studies by Hutmacher et al have looked at both the short term and long term
biocompatibility of PCL scaffolds using different animal models and some this work is
summarized in Figure 6 [21, 46-49]. Figure 6a shows the surgical implantation of the Smm
diameter PCL scaffolds into the parietal bone of the rabbit/rabbit. Figure 6b shows the
explanted rabbit skull. Upper insets depict micro computed-topography (uCT) images of the
mineralised bone within the critical sized skull defects/scaffold sites after 2-years
implantation (empty defects showed incomplete bridging of the defects). Furthermore the

histology (lower insets) demonstrated some new bone formation in the centre of the PCL

17



scaffolds/defect sites, as detected using von kossa staining which binds to calcium salts and
turns black. Further development of these scaffolds by the authors has led to the production
of second-generation scaffolds which are composite by nature and contained PCL with
20wt% tricalcium phosphate (TCP). Figure 6¢ depicts histology from a rat calvarial critical-
sized models used to study the effect of PCL-TCP composite scaffolds implanted for 15
weeks, with some scaffold groups containing 5 pg rhBMP2 (recombinant human bone
morphogenetic proteins, the primary interest in this growth factor family arises from their
effective use in clinical bone regeneration). By 15 weeks, PCL-TCP/thBMP2 defects
exhibited complete healing of the calvarium as shown by histological staining in Figure 6c.
The scaffold alone also stimulated some bone formation at this relatively early stage,
compared with no healing observed for empty defects. These studies compound the
biocompatibility of the PCL and PCL composites with no adverse biocompatibility effects

found at short-term time points of 15 week up to long-term implantations of 2 years.

5. PCL Applied in Drug Delivery Systems.

PCL is suitable for controlled drug delivery due to a high permeability to many drugs
excellent biocompatibility and its ability to be fully excreted from the body once bioresorbed.
Biodegradation of PCL is slow in comparison to other polymers, so it is most suitable for
long-term delivery extending over a period of more than one year. PCL also has the ability to
form compatible blends with other polymers which can affect the degradation kinetics which

in turn can be tailored to fulfill desired release profiles [50-52].

The delivery of therapeutic compounds can be hindered by their poor water solubility,

however, recent advances in drug formulation have obviated the potential of colloidal vectors
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to act as efficient solubilising agents in such cases [53]. The capacity of block copolymer
micelles to increase the solubility of hydrophobic molecules stems from their structural
composition, which is characterized by a hydrophobic core sterically stabilized by a
hydrophilic corona. The former serves as a reservoir in which the drug molecules can be
incorporated by means of chemical, physical or electrostatic interactions, depending on their
physicochemical properties [53]. Drug release rates from PCL depends on type of
formulation, method of preparation, PCL content, size and percent of drug loaded in the
microcapsules. Due to a higher permeability of PCL it is blended with other polymers to
improve stress, crack resistance, dyeability and control over release rate of drugs. Within the
last decades, PCL polymers have been major area of interest to develop controlled delivery

systems especially for peptides and proteins [52].

Lemmouchi et al have investigated the in vitro and in vivo release of the selected
drugs, isometamidium chloride and ethidium bromide from PCL-PLLA, PCL-DLLA and

PCL-TMC rods [54].

5.1.  PCL Microspheres
Much research has been focused on degradable polymer microspheres for drug
delivery. Administration of medication via such systems is advantageous because
microspheres can be ingested or injected; they can be tailored for desired release profiles and

in some cases can even provide organ-targeted release [51].

A microencapsulated drug is a promising drug delivery system with obvious
advantages, such as improving the therapeutic efficiency and efficacy, prolonging the

biological activity, controlling the drug release rate and decreasing the administration
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frequency. As drug microparticles, besides biocompatibility, one of the most important
requirements is that the matrix material should be biodegraded within a suitable period which
is compatible with the drug release rate. Hence, biodegradable polymers have been the major
focus of attempts to develop improved delivery systems for pharmaceutical research. There
has been extensive research into drug delivery using biodegradable polymeric devices ever
since bioresorbable surgical sutures entered the market two decades ago. Amongst the
different classes of biodegradable polymers, the thermoplastic aliphatic poly(esters) such as
PLA, PGA and especially their copolymers such as poly(lactide-co-glycolide) (PLGA) have
generated tremendous interest because of their excellent biocompatibility, biodegradability,
and mechanical strength, most of which can be tailored via the copolymerisation of different
amounts of each respective polymer. They are easy to formulate into various devices for
carrying a variety of drug classes such as vaccines, peptides, proteins, and micromolecules.

Most importantly, they have been approved by the FDA for drug delivery [10].

The matrix material of bioresorbable microparticles can be decomposed into non-toxic
and low molecular weight species concomitant with release of the drug which are then
metabolized or absorbed by the organism. It is no surprise that a huge research interest is now
focused on the application of biodegradable microparticles for controlled drugs release.
Amongst them, polycaprolactone is one of the more widely utilised. The advantages of PCL
include its high permeability to small drug molecules, and their negligible tendency to
generate an acidic environment during degradation as compared to PLA and PGAs. The
degradation of PCL homopolymer is very slow as compared to other polyesters making it
more suitable for long term delivery systems extending to a period of more than one year, and

with appropriate blending the delivery can be increased/decreased as desired [10].
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PCL microspheres can be prepared by several different methods, some of which are
reviewed by Freiberg et al [51]. Colloidal monomers dispersed in a liquid with opposite
solubilities can be polymerised [55]. Spherical droplets are formed by oil-soluble organic
monomers dispersed in aqueous media (oil in water, O/W) or by water-soluble monomers
dissolved in water dispersed in an organic medium (water in oil, W/O) [56]. The
polymerisation of dispersed monomers is achievable by various methods including emulsion,
suspension, and dispersion techniques [57]. Emulsions are typically used to form uniform
spheres on nanometer scales (10—100nm). The resulting polymer beads can be so uniform on
the nano-scale that they may diffract visible light [58]. Dispersion polymerisation results in
microspheres of the range 0.5-10um. The reagents (including monomer, initiator, and
stabilizer) are dissolved in an organic medium and since the initiator is soluble inside the
monomer, polymerisation takes place inside the monomer droplets. The polymer beads,
insoluble in the organic solvent, precipitate, and the stabilizer prevents bead flocculation [59].
Significant work on dispersion polymerisation in supercritical CO, has been undertaken in
recent years which may be beneficial to medical applications since no toxic solvents are

involved [60] [61].

Suspension polymerisation typically gives microspheres in the range of 50-500 um. In
suspension polymerisation the monomer is dispersed in a water phase with a stabilizer; the
initiator is soluble in the monomer phase where polymerisation occurs. The size and quantity
of the particles is determined by the size and quantity of dispersed monomer droplets and by

the speed of mechanical stirring [57].

Solvent evaporation (also known as the double emulsion technique) and spray drying

techniques are common techniques for producing microspheres from linear polymers and
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have been reviewed by Vasir et al (2003)[62]. Briefly, microspheres can be produced by the
evaporation of an organic solvent from dispersed oil droplets containing both polymer and
biomolecule [63]. Often a double emulsion is employed whereby the biomolecule is first
dissolved in water; this aqueous phase is dispersed in an organic solvent (usually
dichloromethane, DCM), which contains the degradable polymer and the first W/O emulsion
is formed. Dispersion of the first emulsion in a stabilized aqueous medium (usually using
poly vinyl alcohol as stabilizer) forms the final O/W emulsion; microspheres are formed as
the DCM evaporates and the polymer hardens, trapping the encapsulated drug [64]. A major
obstacle in the entrapment of drugs into microspheres is attaining a high yield via good
entrapment efficiencies. Many groups fail to achieve a high enough entrapment to warrant
further production of the microspheres at the risk of losing too much drug in the process
which is very costly. It is also surprising how few details are provided in many studies which

detail the method of quantifying drug entrapment efficiencies.

5.2.  PCL nanospheres

Nanospheres are colloidal drug delivery systems, which act as transport carrier
compartments for drugs or other active molecules, with size ranging between 10-1000nm.
Drug particles may be encapsulated, dispersed or absorbed in the nanospheres. They may also
be termed as nanoparticles or nanocapsules depending upon whether the drug is in a
polymeric matrix or encapsulated in the shell. Nanospheres and nanocapsules can be prepared
by the same methods as those described for microparticles, except that manufacturing
parameters are adjusted to obtain nanometer size droplets. This can be obtained by using a
relatively small ratio of the dispersed phase to the dispersion medium and a substantially
higher stirring speed [65].

Nanospheres can be used for selective targeting via the reticuloendothelial system to
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the liver and to cells that are phagocytically active. The size of nanospheres allows them to be
administered intravenously via injection unlike many other colloidal systems which occlude
both needles and capillaries. Injectable nanoparticulate carriers have good applicability for
specific drug delivery and medical imaging. But they cannot generally be used due to their
elimination within seconds after intravenous injection by the reticuloendothelial system. To
overcome this limitation, monodisperse biodegradable nanospheres have been developed
from amphiphilic copolymers. These nanospheres were shown to exhibit increased blood
circulation time and reduced drug accumulation in the liver of mice [65].The efficacy of these
colloidal particles as drug carriers is closely related to their interaction with proteins and
enzymes in different body fluids. The interaction phenomenon between lysozyme, a
positively charged enzyme that is highly concentrated in mucosa and two different drug
carriers: nanocapsules made of an oily core coated by PCL and nanoparticles made solely of
PCL were analyzed. Results showed that the interaction of lysozyme with these colloidal
drug carriers was highly affected by their surface charge [66]. Gref et al analysed plasma
protein adsorption zeta potential and the particle uptake by polymorphonuclear cells by
biodegradable PEG-coated PLA, PLGA and PCL nanoparticles. The influence of the PEG
corona thickness and density, as well as the influence of the nature of the core was studied
[67]. The conditions to stabilize PLGA and the PCL nanoparticles by freeze drying with
several cryoprotective agents were identified. Studies indicated the necessity of adding
sucrose, glucose, trehalose or gelatin to preserve the properties of nanoparticles regardless of

the freezing procedure [68].

6. Techniques of nanosphere preparation
Different methods have been reported in literature for the preparation of drug entrapped

nanoparticles including, emulsion polymerisation method in continuous aqueous phase,
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emulsion polymerisation method in continuous organic phase, interfacial polymerisation,
interfacial disposition, solvent evaporation, desolvation of macromolecules and dialysis

methods [69]. Select methods for preparing PCL nanospheres are discussed below:

6.1.1.1. Interfacial polymer disposition method

Interfacial polymer disposition is a procedure for preparing biodegradable nanospheres
following displacement of a semi-polar solvent, miscible with water from a lipophilic
solution. In this method, the polymer is first dissolved in an organic solvent, usually acetone.
Similarly the mixture of phospholipid is prepared in acetone by increasing the temperature to
near boiling point, the drug is then dissolved in benzyl benzoate and is added to the acetonic
solution. The resulting organic solution is poured under stirring into water containing the
surfactant poloxamer, with the aqueous phase immediately turning into a milky solution;
indicating the formation of nanocapsules. Acetone is then removed under reduced pressure.
The colloidal suspension thus formed is concentrated to the desired volume by removal of
water [70]. Spray-dried polymeric nanocapsules and nanospheres have also been prepared

from PCL suspensions containing diclofenac using interfacial deposition of the polymer [71].

6.1.1.2. Dialysis method
Indomethacin loaded nanospheres of PCL have been prepared by dialysis methods. The
polymer was dissolved in organic solvent (dimethylformamide) and the drug was added to
the solution under constant stirring at room temperature. After removing the organic solvent
dialysis was undertaken for 24h using cellulose membrane bag. The miceller solution was
collected from the bag, sonicated and centrifuged to remove aggregated particles and

unloaded drug. Lyophilization was then performed to obtain nanospheres [72].
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6.1.1.3. Emulsion polymerisation method

The earliest nanoparticles prepared by the polymerisation of a monomer were those
proposed by Birrenbach and Speiser in the 1970s [73]. In emulsion polymerisation, droplets
of water insoluble monomers are emulsified in an external aqueous and acidic phase
containing a stabilizer. The monomers polymerise relatively fast by an anionic
polymerisation mechanism, the polymerisation rate being dependent on the pH of the
medium. At neutral pH, the monomer polymerises extremely fast, leading to the formation of
aggregates. However, at acidic pH, between pH 2 and 4, the reaction is slowed, yielding
nanospheres (frequently 200 nm) with a narrow-size distribution. The system is maintained
under magnetic agitation while the polymerisation reaction takes place. Finally the colloidal
suspension is neutralized and lyophilized following the incorporation of glucose as a

cryoprotectant [52].

Water soluble drugs may be associated with nanospheres either by dissolving the drug
in the aqueous polymerisation medium or by incubating blank nanospheres in an aqueous
solution of the drug. High speed mixing or sonication is a critical step in emulsification of a
drug or monomer solution into the external phase as it determines the size distribution, of the
nanoparticles. In order to achieve narrow particle size distribution ultrasonication or high
speed homogenization is required; hence these parameters should be carefully monitored

during processing.

PCL nanospheres encapsulating numerous drugs have been investigated by various
researchers and have been comprehensively reviewed by Sinha et al [52] who detail the use
of PCL as a favorable ocular penetration carrier in nanosphere form compared with

microspheres when used to deliver indomethacin [74]. Calvo et al further concluded that the
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colloidal nature of PCL nanosphere and nanocapsule carriers was the main factor responsible
for favorable corneal transport and that cornea penetration was not increased by variation of
the inner structure or composition of the carriers [66, 75]. This finding was also observed by
Marchal-Heussler et al in their use of PCL as a colloidal nanoparticle suspension containing
cartelol, finding the inner oily core of the carrier provided better cartelol entrapment and
provided a more pronounced effect on intraocular pressure compared with cartelol eye drops

[76].

Other drug encapsulations for ophthalmic applications using PCL
nanospheres/capsules include fluribrofen [77, 78], aceclofenac [79], cyclosporine A [75, 80]
and Metipranol [81, 82]. Several orally admininstrated PCL nanosphere/nanocapsules have
been investigated to deliver antihypertensive agents such as isradipine [83]. Many groups
have utilised PCL copolymers in cancer-related nanoparticle delivery systems. A ligand-
mediated nanoparticulate drug carrier was designed by Kim et al, which could identify a
specific receptor on the surfaces of tumor cells. Biodegradable poly(ethylene oxide)/PCL
(PEG/PCL) amphiphilic block copolymers coupled to biotin ligands were synthesized
harboring the anticancer drug paclitaxel, prepared via micelle formation in aqueous solution.
Results showed that the biotin-conjugated nanoparticles could improve the selective delivery
of paclitaxel into cancer cells via interactions with over-expressed biotin receptors on the
surfaces of cancer cells [84]. Tamoxifen-loaded PEO-PCL nanoparticles were also prepared
using solvent a displacement process by Shenoy et al. The use of pluronic surfactants (F-68
and F-108) increased the stabilisation of the particles and achieved preferential tumor

targeting and a circulating drug reservoir [85].

7. PCL Applied in Medical devices
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7.1.  Sutures

In the past four decades, several studies have been published relating to the
biocompatibility of sutures made from aliphatic polyesters [86]. The material composition of
the commercially available sutures are PGA (Dexon™), PLLGA 10/90 (Vicryl®), poly
(glycolid-co-trimethylencarbonat) 67.5/32.5 (Maxon®), and polydioxanone (PDS). In the
case of suture materials, inflammatory response is more pronounced for Dexon™ and
Vicryl® (mononuclear cells, polymorphonuclear leucocytes and lymphocytes, histiocytes and
multinucleated giant cells) than for Maxon® and PDS (mononuclear macrophages, a few

neutrophils, multinucleated giant cells, organized collagenous capsule).

A block copolymer of PCL with glycolide, offering reduced stiffness compared with
pure polyglycolide, is being sold as a monofilament suture by Ethicon, Inc. (Somerville, NJ),

under the trade name Monacryl® [19].

7.2.  Wound Dressings

A major pioneer in the characterization and application of resorbable polymers,
amongst them PCL, was Pitt during the early 1980°s [3]. Pitt and co-workers undertook
several studies including degradation studies both in vitro [87, 88] and in vivo [30]. Later
studies involved sub dermal delivery of L-methadone from PCL microspheres [89]. Since
then, PCL has been utilised as an ultra thin film for dressing cutaneous wounds [90] and has
also been used as a release vehicle for the chemical antiseptic chlorohexidine [91]. Blending
PCL with the polymeric antimicrobial complex, poly (vinylpyrrolidone)-iodine to provide a
ureteral biomaterial with reduced encrustation was investigated by Jones et al. Interestingly,

they demonstrated a relationship between the degradation rate of the polymer and the

27



resistance to encrustation (the degradation was tailored via altering the high to low molecular

weight ratio of PCL in the polymer blends) [92].

7.3.  Contraceptive devices

Almost 10 million women have used the subdermal contraceptive implants including
Norplant® Jadelle® and Implanon® which have often-traumatic retrieval operations
associated with their end point. Consequently, the last two decades have seen substantial
research into developing a biodegradable matrix implant for controlled release of
contraceptives to circumvent the need for device-retrieval surgery. PCL is a highly desirable
candidate for this role owing to its slow degradation, biocompatability and FDA approval.
Dhanaraju et al have prepared and characterised PCL microspheres as an injectable implant

system for the controlled delivery of contraceptive steroids [93-95].

Sun et al have developed a 2-year contraceptive device comprising PCL/Pluronic F68
compounds filled with levonorgestral powder which was approved by the SFDA to conduct
phase II human clinical trials in China [23]. Preclinical studies using rats and dogs
demonstrated good release kinetics of levonorgestral from this device, with no adverse
effects. After implant retrieval at 2 years the implant was physically stable with an associated
drop in the molecular weight of the polymer from 66,000 to 15,000 Da [96]. Recently, multi
component biomaterials comprising a hydrogel matrix (2-hydroxyethyl methacrylate cross-
linked by ethylene glycol dimethacrylate) with levonorgestral-containing PCL microspheres
dispersed within were developed by Zalfen et al. Such assemblies show promise owing to the
combination of several release mechanisms which can tailor the release of encapsulated
drugs, potential applications include the design of implantable devices with long-term

activity, as required by contraceptive and hormone replacement treatments [97].
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7.4.  Fixation Devices

Kulkarni et al [98, 99] and Cutright et al [100] were amongst the first to report
preliminary experiments on the use of aliphatic polyesters in the design of internal fixation
devices. Kulkarni et al (1971) used extruded pins of L- and D-PLA for the reduction of
mandibular fractures in dogs and confirmed minimal inflammatory responses for both
polymers [98]. Cutright et al (1971) reported data on mandibular fracture reduction in
monkeys using transosseous ligatures with PLA suture materials [101]. Animals were
sacrificed from 2 to 12 weeks. At 12 weeks, early features of bony union appeared and the
sutures became infiltrated by cellular connective tissue with fibroblasts, endothelial cells,
mononuclear phagocytes and giant cells. Sutures were progressively replaced by bands of
new collagen and vascular connective tissue. The tissue reaction was limited to the immediate

perisutural area.

Studies using pure PCL in orthopaedic applications are rare in the current literature.
One study involved the fixation of rabbit humeri osteotomies with PCL reinforced with glass
fibres versus stainless steel, the outcome demonstrating that although the PCL caused less
stress shielding than stainless steel, the mechanical strength of the PCL was not sufficient for
load bearing applications owing to high mal-union rates [102]. It should be noted however
that several studies exist which exploit the positive properties of PCL and blend these with
other materials producing superior copolymers and composites which may have the desirable
properties for use in mechanically challenging applications where a more resilient material is

needed [103].
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Rudd et al have studied PCL for application as a resorbable composite implant during
the last decade, with an aim at craniofacial repair. The PCL was polymerised in situ and has
been reinforced with several different fibres including knitted vicryl mesh [104], phosphate
glass fibres [105] and sodium- and calcium-phosphate glass fibres [106]. The studies have

also included several cell biocompatibility studies [107, 108].

7.5.  Dentistry

The filling material used in root canal systems during the common dental procedure;
root canal treatment, has popularly involved gutta-percha in one of its many forms for almost
100 years. An optimal root filling material should provide a predictable seal, inhibit or kill
residual bacteria, prevent re-contamination and facilitate periapical healing. The creation of a
"seal" can be complicated and the final result is often deemed suspect. Alani et al aimed to
develop a novel PCL/phosphate glass composite deliverable as a root filling and capable of
releasing ionic species to enable a predictable seal in an aqueous environment. Different
compositions of PCL-iron phosphate glass composites were produced and delivered into an
ex vivo root canal model. Standardized root canals were prepared in extracted human teeth.
The teeth were examined for root filling adaptation and precipitate formation (SEM), ion
release (Na+, Ca2+, PO43', P2074', P;0y>” and PsO;¢° ’), and sealing ability. The experiments
were controlled with teeth obturated with contemporary gutta-percha and a conventional
zinc-oxide/eugenol sealer. The adaptation of the PCL composite was statistically significantly
better than the control groups. Precipitate formation was noted in some specimens but all
released various ionic species in an inverse proportion to the iron oxide concentration. The
experimental material exhibited significantly less leakage after 7 days immersion in saline
compared with those not immersed, or the control GP group. PCL-phosphate glass

composites showed good potential as a root filling material capable of producing a seal in an
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aqueous environment without a sealer [109].

PCL is also used as the thermoplastic synthetic polymer-based root canal filling
material recently introduced to the market as part of the composite Resilon™, which also
contains bioactive glass, bismuth oxychloride and barium sulphate. This material replaces
gutta-percha cones and is available in the Resilon®/Epiphany System. According to the
manufacturer, the PCL polymer in Resilon™ provides the material with thermoplastic
properties that enable its application in techniques that rely on thermoplasticity. According to

Miner et al [110], the melting point of Resilon™ is the same as that of gutta-percha (60°C).

Traditionally, the augmentation of bony defects is carried out using allografts,
xenografts, autogenous bone, and synthetic biomaterials with the transplantation of
autogenous bone being regarded as the gold standard. Hutmacher [111] and Zein [112] have
presented a suitable three dimensional PCL scaffold that can be used for mandible
augmentation purposes. In a clinical study in dogs, Rai et al have regenerated critical-sized
defects of the mandible with PCL and 20% TCP scaffolds in combination with platelet rich
plasma [113]. Schuckert et al (2009) reported the first successful clinical case of the
reconstruction of the anterior mandible on an osteoporotic patient using the 3D PCL scaffold
in combination with platelet rich plasma, and hBMP2 in a 71-year-old human female patient.
A bacterial infection had caused a peri-implantitis in two dental implants leading to a large
destruction in the anterior mandible. Both implants were removed under antibiotic
prophylaxis and a PCL scaffold which had been specifically prepared for this clinical case
containing platelet rich plasma and rhBMP2 (1.2 mg) was inserted. After complication-free
wound healing, the radiological control demonstrated de novo-grown bone in the anterior

mandible 6 months postoperatively. Dental implants were inserted in a third operation. A
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bone biopsy of the newly grown bone, as well as of the bordering local bone, was taken and
histologically examined. The bone samples were identical and presented vital laminar bone

demonstrating the success of the procedure [114].

8. PCL Applied in Tissue Engineering

Tissue engineering can be defined as: "an interdisciplinary field that applies the
principles of engineering and life sciences toward the development of biological substitutes
that restore, maintain, or improve tissue function or a whole organ"[115]. Tissue engineering
was once categorized as a subfield of “Biomaterials”, but having grown in scope and
importance it can now be considered as a field in its own right. It is the use of a combination
of cells, engineering and materials methods, and suitable biochemical and physio-chemical
factors to improve or replace biological functions. Tissue engineering is closely associated
with applications that repair or replace portions of or whole tissues (i.e., bone, cartilage,
blood vessels, bladder, etc.). Often, the tissues involved require certain mechanical and
structural properties for proper functioning. The term has also been applied to efforts to
perform specific biochemical functions using cells within an artificially-created support

system (e.g. an artificial pancreas, or a bioartificial liver).

Powerful developments in the multidisciplinary field of tissue engineering have
yielded a novel set of tissue replacement parts and implementation strategies. Scientific
advances in biomaterials, stem cells, growth and differentiation factors, and biomimetic
environments have created unique opportunities to fabricate tissues in the laboratory from
combinations of engineered extracellular matrices ("scaffolds"), cells, and biologically active
molecules. A schematic showing this type of approach is depicted in Figure 7 which s