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Abstract
The current approach towards treating critical size bone defects, with the aim
of repairing or regenerating bone, is the use of bone grafts (autografts or
allografts). However, due to various disadvantages associated with the use of
autografts and allografts, biomaterials; synthetic ceramic/polymer composites
as bone grafts substitutes and guided bone regeneration membranes in
particular, have been recognised as effective alternatives to the traditional
methods.
Polyhedral oligomeric silsesquioxane covalently bonded to poly(carbonateurea-urethane), (POSS-PCU), a novel co-polymer, has displayed improved
physico-chemical and material-cell interaction properties, which have led to
variety of investigations on clinical applications of this material such as in
synthetic heart valve production, bypass grafts, POSS-PCU coated stents and
biomaterial scaffolds.
In this thesis, hydroxyapatite incorporated POSS-PCU composite films were
developed and examined for the purpose of bone grafting and augmentation.
Various concentrations of hydroxyapatite, filler integration and fabrication
techniques as well as in vitro models were used to find the most suitable
HA/POSS-PCU based composite film that has a closer characteristics to
natural bone and enhances bone repair and new bone formation for bone
grafting and augmentation applications. It was shown that hydroxyapatite has
a concentration-dependent effect on the physico-chemical and material-cell
interaction properties of POSS-PCU. In addition, it was shown that
hydroxyapatite particles were exposed on the surface of the 50 wt%
3

HA/POSS-PCU composite films and enhanced the bioactivity of these
composite films in simulated body fluid. Finally, optimisation of the samples
using surface solvent etching and porosity showed that the former increased
surface hydrophobicity and reduced mechanical properties of both HA
incorporated and HA free POSS-PCU films. Amongst all of the HA/POSS-PCU
based composite films investigated here porous 50 wt% HA/POSS-PCU
composites showed the most enhanced material-cell interaction properties. In
conclusion, HA/POSS-PCU composites have the potential to be further
investigated for bone augmentation as guided bone regeneration membranes.
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Caption
Chapter 1

1.1

General classification of bone. Based on its shape and
appearance bone is generally classified into four types; long
bone, short bone, flat bone or irregular bone.

1.2

Macroscopic classification of bone. Trabecular (spongy) and
cortical (compact) bones are the two major macroscopic
classification of bone.

1.3

An illustration of the origins and fates of the bone cells. Different
bone cells have different functions from making new bone to
adsorbing the old bone structure. The process of differentiation
into osteoblasts is controlled through signalling pathways (e.g.
Wnt signalling pathway), transcription factors (e.g. RUNX2) and
growth factors (e.g. bone morphogenic proteins). The factors
that regulate apoptosis, however, are not fully understood but
are linked to regulatory hormones (e.g. oestrogen) and
cytokines category of proteins (e.g. interleukins) involved in cell
signalling.

1.4

An illustration of bone remodelling process. Bone remodelling is
a cycle which is initiated by osteoblastic activation of osteoclast
differentiation (A and B), followed by “cleaning up” the resorption
site by monouncleated cells of unknown origin (C). Coupling
factors, such as insulin-like growth factor-I and transforming
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growth factor-β, are released from the extracellular matrix during
the resorption process. These coupling factors assist the
recruitment and activation of osteoblasts to the resorption site
(D). Finally, new bone is formed by osteoblasts; while bone is
being resorbed at a similar rate to it being formed (E).
1.5

A flow diagram mapping the process of bone repair. Various
factors such as cells, markers and growth factors are involved
at each stage to oversee the progression of the process to the
next stage.
Chapter 2

2.1

A schematic representation of POSS-PCU molecular structure.
POSS

is

covalently

bonded

to

the

4,4-

methylenebis(phenylisocyanate) (MDI), the hard segment of
PCU; followed by reaction with poly(1,6-hexamethylene
carbonate) diol, the soft segment of PCU creating a pre-polymer
which is then chain extended with ethylenediamine in
dimethylacetamide (DMAC), to create POSS-PCU co-polymer.
2.2

A schematic representation of chemical bonding and structure
of silsesquioxanes: (ai) non-cage- random, (aii) non-cageladder, (aiii) partial nanocage structure and (b) nanocage
structure.
Chapter 4

4.1

A schematic figure of the dumbbell-shaped structures cut using
a laser cutter for mechanical properties testing.
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4.2

Preparation and mechanical testing of samples. Trotec Speedy
laser cutter was used to cut sheets of samples into dumbbellshaped specimens (A) for mechanical testing using an Instron
5565 tensile testing equipment with a 500N load cell and
pneumatic grips (B).

4.3

Compression testing of 18 wt% POSS-PCU and 5 wt%
HA/POSS-PCU (manually mixed and pre-polymerisation mixed)
spinal fusion cages. Tests were carried out at a rate of 5 mm/min
to 50% of the original thickness to investigate the compression
extension versus the load applied on each sample (n = 3).

4.4

Measurement of the contact angle (wettability). The angle
formed between a water droplet/air bubble and samples were
measured using a Kruss contact angle machine (A). In sessile
drop technique (B) a needle was placed directly on the surface
of the construct and a drop of liquid was dispensed (values of θ
> 90° were considered hydrophobic), whereas in captive bubble
technique (C) using a curve needle a bubble of air was injected
beneath the sample, the surface of which was located in the
liquid (distilled water) (values of ɸ < 90° were considered
hydrophobic).

4.5

Measurement of the surface stiffness and surface roughness of
samples. Measurements were taken by an AFM by Bruker
Dimension 3100, operating in contact mode.

4.6

Determination of surface functional groups of samples. An ATRFTIR 4200 (JASCO, Tokyo, Japan) equipped with a PIKE
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Technologie

MIRacleTM,

single

bounce

diamond

ATR

(attenuated total reflectance).
4.7

FESEM and EDX sample analysis. Samples morphology and
their the surface elemental composition were investigated using
a using a JEOL 1010 field emission scanning electron
microscope and EDX (EDX Inc. USA) at various magnifications
depending on the nature of the sample being observed (Table
4.12).

4.8

Measuring of the viscoelasticity/pseudoplastic behaviour of 18
wt% POSS-PCU, manually mixed 5 wt% HA/POSS-PCU and
pre-polymerisation mixed 5 wt% HA/POSS-PCU solutions in
DMAC over time. The measurements were carried out at 25°C
with the minimum and maximum shear rates set at 0.1 and 250
(1/S), respectively, using a Bohlin CVO 100 rheometer.

4.9

Immersion of 18 wt% POSS-PCU based films and 50 wt%
HA/POSS-PCU based composite films in 5 X SBF.
Chapter 5

5.1

3D printing process. The 3D dimensions of the final product, in
the form of CAD file, is sliced into two dimensional (2D). The
building block material is deposited layer by layer on the
platform, integrating the newest layer to the older layer of
material in an additive process.

5.2

Fully assembled RepRap Mendel 3D printer.

5.3

RepRap Mendel 3D printer frame.
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5.4

Assembly of the axes to the frame of the 3D printer. A) x-axis.
B) y-axis, and C) z-axis.

5.5

Reverse 3D printing of a POSS-PCU based lumbar fusion cage.
PVA mould was 3D printed to create structure of a lumbar fusion
cage (A). The finished printed PVA cage (L 9.5 x W 8 x H 6.5
mm) is shown in (B), which was then filled with 18 wt% POSSPCU solution in DMAC and the PVA mould was removed by
solvent casting/solute exchange induced phase-separation
techniques. The finished POSS-PCU cage is shown in (C).

5.6

Mechanical

properties

of

18

wt%

POSS-PCU,

pre-

polymerisation mixed 5 wt% HA/POSS-PCU and manually
mixed 5 wt% HA/POSS-PCU samples fabricated by solvent
casting and solute exchange induced phase-separation
techniques. Data are represented as mean ± SD, *P < 0.001.
5.7

(A) Sessile drop contact angle measurement of 18 wt% POSSPCU, pre-polymerisation mixed 5 wt% POSS-PCU, and
manually mixed 5 wt% POSS-PCU films fabricated by solvent
casting (θ > 90 is considered hydrophobic). (B) Captive Bubble
contact angle measurement of 18 wt% POSS-PCU, prepolymerisation mixed 5 wt% POSS-PCU, and manually mixed 5
wt% POSS-PCU films fabricated by solute exchange induced
phase-separation (ɸ < 90 is considered hydrophobic). Data are
represented as mean ± SD, *P < 0.05.
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5.8

18

wt%

POSS-PCU,

pre-polymerisation

mixed

5

wt%

HA/POSS-PCU and manually mixed 5 wt% HA/POSS-PCU
solutions in DMAC as a function of shear rate, prior to exceeding
their shear strength. Estimated relative error for 18 wt% POSSPCU, pre-polymerisation mixed 5 wt% HA/POSS-PCU and
manually mixed 5 wt% HA/POSS-PCU samples were 5.9%,
6.3% and 5.4%, respectively.
5.9

Typical ATR-FTIR spectra of synthetic hydroxyapatite.

5.10

ATR-FTIR spectrum of the surfaces of 18 wt% POSS-PCU films
fabricated by solvent casting (blue spectrum) and solute
exchange induced phase-separation (red spectrum) indicating a
decrease of POSS (Si-O-Si) peak at 1100 cm-1 as shown by the
arrow. This difference is associated with the difference in the
method of DMAC removal between the two fabrication
techniques.

5.11

ATR-FTIR spectrum of the surfaces of pre-polymerisation mixed
5 wt% HA/POSS-PCU films fabricated by solvent casting (blue
spectrum) and solute exchange induced phase-separation (red
spectrum) indicating a decrease of POSS (Si-O-Si) peak at 1100
cm-1 as shown by the arrow. This difference is associated with
the difference in the method of DMAC removal between the two
fabrication techniques. There was no indication of HA exposure
on the surfaces of these films.

5.12

ATR-FTIR spectrum of the surfaces of manually mixed 5 wt%
HA/POSS-PCU films fabricated by solvent casting (blue
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spectrum) and solute exchange induced phase-separation (red
spectrum) indicating a decrease of POSS (Si-O-Si) peak at 1100
cm-1 as shown by the arrow. This difference is associated with
the difference in the method of DMAC removal between the two
fabrication techniques. There was no indication of HA exposure
on the surfaces of these films.
5.13

SEM was used to investigate the difference in surface
morphology of 18 wt% POSS-PCU films fabricated by solvent
casting versus solute exchange induced phase-separation. It
was shown, as expected, that solute exchange induced phaseseparation technique, due to the difference in the method of
DMAC removal, creates undersigned and random pores on the
surface of the films. Magnification X 1000.

5.14

SEM was used to investigate the difference in surface
morphology of pre-polymerisation mixed 5 wt% HA/POSS-PCU
composite films fabricated by solvent casting versus solute
exchange induced phase-separation. It was shown, as
expected, that solute exchange induced phase-separation
technique, due to the difference in the method of DMAC
removal, creates undersigned and random pores on the surface
of the films. Magnification X 1000.

5.15

SEM was used to investigate the difference in surface
morphology of

manually mixed

5

wt%

HA/POSS-PCU

composite films fabricated by solvent casting versus solute
exchange induced phase-separation. It was shown, as
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expected, that solute exchange induced phase-separation
technique, due to the difference in the method of DMAC
removal, creates undersigned and random pores on the surface
of the films. Magnification X 1000.
5.16

Comparison of the compressive properties of reverse 3D printed
18

wt%

POSS-PCU,

pre-polymerisation

mixed

5

wt%

HA/POSS-PCU, and manually mixed 5 wt% HA/POSS-PCU
cages; (A) their Young’s modulus and (B) their compressive
strength (*P < 0.001 & ** P < 0.05). Data are represented as
mean ± SD.
Chapter 6
6.1

Advantages and disadvantages of osteoblast cell models for in
vitro research.

6.2

Mechanical properties of 18 wt% POSS-PCU, 10 wt%
HA/POSS-PCU, 30 wt% HA/POSS-PCU and 50 wt% HA/POSSPCU composite. Data are represented as mean ± SD, *P < 0.05.

6.3

Contact angle (sessile drop) measurements of HA reinforced
POSS-PCU composite films at 10, 30, and 50 wt% HA compared
to 18 wt% POSS-PCU films. Samples became less hydrophobic
as the concentration of HA increased (θ < 90° was considered
hydrophilic). Data are represented as mean ± SD, (* P < 0.05).

6.4

AFM images of HA reinforced POSS-PCU composite films at 10
(B), 30 (C), and 50 wt% (D) HA compared to 18 wt% POSS-PCU
control (A) films. Incorporation of 50 wt% HA particles into
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POSS-PCU resulted in surfaces with significantly increased
nanotopographical features compared to other surfaces.
6.5

The root mean square surface roughness (Rq) (A) and the
surface stiffness (B) of 18 wt% POSS-PCU, 10, 30, and 50 wt%
HA/POSS-PCU films. Data are presented as mean ± SD, (* P <
0.05).

6.6

Comparison of cellular activity of SaOS-2 cells on HA free and
HA incorporated POSS-PCU films. Cell viability (A) and the total
DNA (B) measurements compared the metabolic activity and the
total number of adhered SaOS-2 cells, which showed that all
samples exhibited significant increase of metabolic activity and
cell adhesion between 6 & 24 hrs. The measurements are
against their respective readings at 6 hrs. Data are presented as
mean ± SD, (* P < 0.05).

6.7

SaOS-2 Comparison of cellular activity of SaOS-2 cells on HA
free and HA incorporated POSS-PCU films from day 1 to day
21. Cell viability (A) and the total DNA (B) measurements
compared the metabolic activity and the total number of seeded
SaOS-2 cells and showed that the metabolic activity and the
total number of cells increased significantly on all samples
during 14 days of the culture, followed by a significant decrease
at day 21. Amongst all of the samples, 50 wt% HA/POSS-PCU
showed the highest metabolic activity at day 14. The comparison
is against day 1 Thermanox. Data are presented as mean ± SD
(* P < 0.05).
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6.8

SaOS-2 rate of proliferation (A) and the metabolic activity/µg
DNA (B) on HA free and HA incorporated POSS-PCU films
measured from day 1 to day 21. 50 wt% HA/POSS-PCU films
showed the highest metabolic activity/µg DNA at day 14,
compared to other samples. It also had the highest rate of
proliferation at all time points, compared to the other samples.
The comparison is against day 1 Thermanox. Data are
presented as mean ± SD (* P < 0.001 & ** P < 0.05).

6.9

Total ALP activity (A) and the ALP activity/µg of DNA (B) of
SaOS-2 cells on HA free and HA incorporated POSS-PCU films
measured from day 0 to day 21. Both graphs show an increase
of activity on all the samples between day 0 and 14, followed by
down regulation of ALP between day 14 and 21 of the culture.
At day 14, 50 wt% HA/POSS-PCU had the most significant ALP
activity/µg of DNA amongst all the samples. The comparison is
against day 1 Thermanox. Data are presented as mean ± SD (*
P < 0.05).

6.10

Alizarin Red staining on Thermanox (A), 18 wt% POSS-PCU
(B), 10 wt% HA/POSS-PCU (C), 30 wt% HA/POSS-PCU (D),
and 50 wt% HA/POSS-PCU (E) films to confirm bone nodule
formation. Bone nodule formation by SaOS-2 cells on all
samples was confirmed after 3 weeks of cell culture. A higher
density of bone nodules (indicated by white arrows) was
exhibited on 50 wt% HA/POSS-PCU composite films compared
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to other samples investigated and Thermanox as the control (bar
is at 100 µm).
6.11A-D

SEM imaging of SaOS-2 morphology after a 14-day culture on
Thermanox (A-B) and 18 wt% POSS-PCU (C-D).

6.11E-H

SEM imaging of SaOS-2 morphology after a 14-day culture on
10 wt% (E-F) and 30 wt% (G-H) HA/POSS-PCU.

6.11I-L

SEM imaging of SaOS-2 morphology after a 14-day culture on
50 wt% (I-J) exhibiting crystal/needle shape calcium phosphate
deposition (K-L).
Chapter 7

7.1

Porous 18 wt% POSS-PCU films and porous 50 wt% HA/POSSPCU composite films microstructure. Random macro-pores
where observed on the surface of the 50 wt% HA/POSS-PCU
composite films.

7.2

ATR-FTIR spectrum of 18 wt% POSS-PCU (black) versus
porous 18 wt% POSS-PCU (red) films showing superimposed
spectrums with slight reduction in POSS (Si-O-Si) peak of
porous films.

7.3

ATR-FTIR spectrum of 18 wt% POSS-PCU (black) versus
etched 18 wt% POSS-PCU (red) films showing reduction in
POSS, carbonyl and urethane peaks after etching will amidogen
peak increased.

7.4

ATR-FTIR spectrum of 18 wt% POSS-PCU (black) versus
etched and porous 18 wt% POSS-PCU (red) films showing
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reduction in POSS, carbonyl and urethane peaks after etching
will amidogen peak increased.
7.5

ATR-FTIR spectrum of 50 wt% HA/POSS-PCU (black) versus
porous 50 wt% HA/POSS-PCU (red) composite film confirming
phosphate peaks on both films but at a lower intensity (at 1043
cm-1) on the surface of porous 50 wt% HA/POSS-PCU
compared to 50 wt% HA/POSS-PCU composite film.

7.6

ATR-FTIR spectrum of 50 wt% HA/POSS-PCU (black) versus
etched 50 wt% HA/POSS-PCU (red) composite film confirming
phosphate peaks on both films but at a lower intensity (at 1043
cm-1) on the surface of etched 50 wt% HA/POSS-PCU
compared to 50 wt% HA/POSS-PCU composite film. Carbonyl
and urethane peaks intensity were reduced on etched surfaces
and amidogen peak was increased.

7.7

ATR-FTIR spectrum of 50 wt% HA/POSS-PCU (black) versus
etched and porous 50 wt% HA/POSS-PCU (red) composite film
confirming phosphate peaks on both films but at a lower intensity
(at 1047 cm-1) on the surface of etched and porous 50 wt%
HA/POSS-PCU compared to 50 wt% HA/POSS-PCU composite
films. Amidogen peak was increased on the etched and porous
50 wt% HA/POSS-PCU composite films.

7.8

ATR-FTIR spectrum of 18 wt% POSS-PCU (black) versus 50
wt% HA/POSS-PCU (red) composite film confirming the
presence of phosphate group on the surface of 50 wt%
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HA/POSS-PCU composite film with lower intensity of urethane
peak at 1245 cm-1.
7.9

ATR-FTIR spectrum of porous 18 wt% POSS-PCU (black)
versus porous 50 wt% HA/POSS-PCU (red) composite film
confirming the presence of phosphate group on the surface of
50 wt% HA/POSS-PCU composite films with lower intensity of
urethane peak at 1245 cm-1.

7.10

ATR-FTIR spectrum of etched 18 wt% POSS-PCU (black)
versus etched 50 wt% HA/POSS-PCU (red) composite film
confirming the presence of phosphate group on the surface of
etched 50 wt% HA/POSS-PCU samples. There was a decrease
in the intensity of urethane peak at 1245 cm -1 on the surface of
50 wt% POSS-PCU composites while both samples showed
amidogen peaks at their surfaces.

7.11

ATR-FTIR spectrum of etched and porous 18 wt% POSS-PCU
(black) versus etched and porous 50 wt% HA/POSS-PCU (red)
composite film confirming the presence of phosphate group on
the surface of etched 50 wt% HA/POSS-PCU samples. There
was a decrease in the intensity of urethane peak at 1245 cm -1
on the surface of 50 wt% POSS-PCU composites while both
samples showed amidogen peaks at their surfaces.

7.12

ATR-FTIR spectrums of 18 wt% POSS-PCU (black) versus SBF
immersed 18 wt% POSS-PCU (red) films showing significant
loss of urethane and carbonyl peaks on the surface of the SBF
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immersed 18 wt% POSS-PCU films and no apparent phosphate
peaks.
7.13

ATR-FTIR spectrums of 50 wt% HA/POSS-PCU (red) versus
SBF immersed 50 wt% HA/POSS-PCU (black) composite films
showing increase phosphate peak on the surface of the SBF
immersed 50 wt% HA/POSS-PCU films.

7.14

ATR-FTIR spectrums of SBF immersed 18 wt% POSS-PCU
films (black) versus SBF immersed 50 wt% HA/POSS-PCU (red)
composite films showing strong peaks of phosphate group on
the surface of the SBF immersed 50 wt% HA/POSS-PCU
composite films.

7.15

ATR-FTIR spectrums of SBF immersed porous 18 wt% POSSPCU films (black) versus SBF immersed porous 50 wt%
HA/POSS-PCU (red) composite films showing stronger intensity
of POSS-PCU, phosphate and carbonate related peaks on the
surface of the SBF immersed porous 50 wt% HA/POSS-PCU
composite films.

7.16

ATR-FTIR spectrums of SBF immersed etched 18 wt% POSSPCU films (black) versus SBF immersed etched 50 wt%
HA/POSS-PCU (red) composite films showing phosphate
related peaks on the surface of the SBF immersed etched 50
wt% HA/POSS-PCU composite films and the presence of a
strong amidogen peak on the surface of both samples.

7.17

ATR-FTIR spectrums of SBF immersed etched and porous 18
wt% POSS-PCU films (black) versus SBF immersed etched and
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porous 50 wt% HA/POSS-PCU (red) composite films showing a
higher intensity of phosphate related peaks on the surface of the
SBF immersed etched and porous 50 wt% HA/POSS-PCU
composite films and the presence of a strong amidogen peak on
the surface of both samples.
7.18

Investigation of the surface roughness of 18 wt% POSS-PCU
(A), 50 wt% HA/POSS-PCU (B), porous 18 wt% POSS-PCU (C),
and porous 50 wt% HA/POSS-PCU (D) films using AFM.
Incorporation of 50 wt% HA particles and more notably porosity
significantly increased the surface roughness of HA based
composite films compared to 18 wt% POSS-PCU based films.

7.19

Investigation of the surface morphology of 18 wt% POSS-PCU
films using FESEM (A & B) and their surface elemental
composition using EDX (C).

7.20

Investigation of the surface morphology of 50 wt% HA/POSSPCU composite films using FESEM (A & B) and their surface
elemental composition using EDX (C).

7.21

Investigation of the surface morphology of etched 18 wt%
POSS-PCU films using FESEM (A & B) and their surface
elemental composition using EDX (C).

7.22

Investigation of the surface morphology of etched 50 wt%
HA/POSS-PCU composite films using FESEM (A & B) and their
surface elemental composition using EDX (C).
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7.23

Investigation of the surface morphology of porous 18 wt%
POSS-PCU films using FESEM (A & B) and their surface
elemental composition using EDX (C).

7.24

Investigation of the surface morphology of porous 50 wt%
HA/POSS-PCU composite films using FESEM (A & B) and their
surface elemental composition using EDX (C).

7.25

Investigation of the surface morphology of etched and porous 18
wt% POSS-PCU films using FESEM (A & B) and their surface
elemental composition using EDX (C).

7.26

Investigation of the surface morphology of etched and porous
50 wt% HA/POSS-PCU composite films using FESEM (A & B)
and their surface elemental composition using EDX (C).

7.27

Investigation of the bioactivity of 18 wt% POSS-PCU films in
SBF using FESEM (A & B) and their surface elemental
composition using EDX (C).

7.28

Investigation of the bioactivity of 50 wt% HA/POSS-PCU
composite films in SBF using FESEM (A & B) and their surface
elemental composition using EDX (C).

7.29

Investigation of the bioactivity of etched 18 wt% POSS-PCU
films in SBF using FESEM (A & B) and their surface elemental
composition using EDX (C).

7.30

Investigation of the bioactivity of etched 50 wt% HA/POSS-PCU
composite films in SBF using FESEM (A & B) and their surface
elemental composition using EDX (C).
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7.31

Investigation of the bioactivity of porous 18 wt% POSS-PCU
films in SBF using FESEM (A & B) and their surface elemental
composition using EDX (C).

7.32

Investigation of the bioactivity of porous 50 wt% HA/POSS-PCU
composite films in SBF using FESEM (A & B) and their surface
elemental composition using EDX (C).

7.33

Investigation of the bioactivity of etched and porous 18 wt%
POSS-PCU composite films in SBF using FESEM (A & B) and
their surface elemental composition using EDX (C).

7.34

Investigation of the bioactivity of etched and porous 50 wt%
HA/POSS-PCU composite films in SBF using FESEM (A & B)
and their surface elemental composition using EDX (C).
Chapter 8

8.1

Mechanical properties (Young’s modulus) of 18 wt% POSSPCU and 50 wt% HA/POSS-PCU based films reflecting the
effect of surface etching and designed porosity on the samples
mechanical properties. Data are represented as mean ± SD, (*P
< 0.001).

8.2

Mechanical properties (maximum tensile strength) of 18 wt%
POSS-PCU and 50 wt% HA/POSS-PCU based films reflecting
the effect of surface etching and designed porosity on the
scaffolds mechanical properties. Data are represented as mean
± SD, (*P < 0.05).

8.3

Mechanical properties (elongation at break) of 18 wt% POSSPCU and 50 wt% HA/POSS-PCU based films reflecting the
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effect of surface etching and designed porosity on the scaffolds
mechanical properties. Data are represented as mean ± SD, (*P
< 0.05).
8.4

Sessile drop contact angle measurement of non-porous 18 wt%
POSS-PCU, etched 18 wt% POSS-PCU, 50 wt% HA/POSSPCU and etched 50 wt% HA/POSS-PCU samples fabricated by
solvent casting (θ > 90 is considered hydrophobic). Data are
represented as mean ± SD, *P < 0.05.

8.5

Captive Bubble contact angle measurement of porous 18 wt%
POSS-PCU, etched and porous 18 wt% POSS-PCU, porous 50
wt% HA/POSS-PCU, and etched and porous 50 wt% HA/POSSPCU samples fabricated by solute exchange induced phaseseparation (ɸ < 90 is considered hydrophobic). Data are
represented as mean ± SD, *P < 0.05.

8.6

Comparison of cellular activity of Hob cells on 18 wt% POSSPCU and 50 wt% HA/POSS-PCU based films between 6 & 24
hrs. Cell viability (A) and the total DNA (B) measurements
compared the metabolic activity and the total number of seeded
Hob cells, which both significantly increased at the end of the
first 24 h culture period compared to measurements taken at 6
h after culturing. The measurements are against their respective
readings at 6 hrs. Data are presented as mean ± SD, (P < 0.05).

8.7

Comparison of cellular activity of Hob cells on 18 wt% POSSPCU and 50 wt% HA/POSS-PCU based films from day 1 to day
21. Cell viability (A) and the total DNA (B) measurements

32

compared the metabolic activity and the total number of seeded
Hob cells which both significantly increased at the end of the 14
day culture period compared to measurements taken on day 1
of culturing, with porous 50 wt% HA/POSS-PCU composite films
showing the highest cellular activity amongst all samples at day
14. The comparison is against day 1 TCP. Data are presented
as mean ± SD, (*P < 0.001).
8.8

Hob cells metabolic activity/µg DNA (A) and their rate of
proliferation (B) cells on 18 wt% POSS-PCU and 50 wt%
HA/POSS-PCU based films from day 1 to day 21. Porous 50
wt% HA/POSS-PCU composite films showed the highest
metabolic activity/µg DNA as well as the highest rate of
proliferation at day 14 compared to the other samples. The
measurements are against day 1 TCP. Data are presented as
mean ± SD, (*P < 0.05).

8.9

Total ALP activity (A) and the ALP activity/µg of DNA (B) of Hob
cells on 18 wt% POSS-PCU and 50 wt% HA/POSS-PCU based
films from day 0 to day 21. Graphs A and B show significant
increase of ALP activity on all of the samples between day 0 and
14, followed by down regulation of ALP between day 14 and 21
of the culture (P < 0.01 and P < 0.05, respectively). Porous 50
wt% HA/POSS-PCU had the highest ALP activity amongst all of
the

samples

investigated

throughout

the

culture.

The

measurements are against day 1 TCP. Data are presented as
mean ± SD.
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8.10A-F

FESEM morphological assessment of growth of Hob cells on
TCP and 18 wt% POSS-PCU samples.

8.10G-L

FESEM morphological assessment of growth of Hob cells on 50
wt% HA/POSS-PCU and etched 18 wt% POSS-PCU samples.
Crystal/needle shape Ca and P deposition are indicated using
blue arrows.

8.10 M-R

FESEM morphological assessment of growth of Hob cells on
etched 50 wt% HA/POSS-PCU and porous 18 wt% POSS-PCU
samples. Crystal/needle shape Ca and P deposition as well as
early signs of bone nodule formation are indicated using blue
and red arrows, respectively.

8.10S-X

FESEM morphological assessment of growth of Hob cells on
porous 50 wt% HA/POSS-PCU and etched and porous 18 wt%
POSS-PCU samples. Crystal/needle shape Ca and P deposition
as well as early signs of bone nodule formation are indicated
using blue and red arrows, respectively.

8.10 Y-¥

FESEM morphological assessment of growth of Hob cells on
etched and porous 50 wt% HA/POSS-PCU samples.
Chapter 9

9.1

A potential design for a HA/POSS-PCU based membrane for the
purpose of bone augmentation using GBR concept. The
membrane consist of a non-porous, hydrophobic outer-face (18
wt% POSS-PCU) and a porous, more hydrophilic inner-face
(porous 50 wt% HA/POSS-PCU).
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Overview of the Chapters
In this thesis, Chapters 1 has been dedicated to an overview of natural bone. This
chapter describes bone as a tissue, its composition, and the processes through
which bone forms, remodels and repairs itself. In some cases, especially in critical
size defects, bone is unable to repair or regenerate itself and medical intervention
is required. Chapter 2 discusses the currently available treatment options for bone
grafting and augmentation. It reviews the advantages and disadvantages of the
“gold standard” treatment techniques currently employed in these fields as well as
discussing synthetic ceramic/polymer composites as bone grafts substitutes and
guided bone regeneration membranes for the purpose of bone grafting and
augmentation. These chapters are followed by Chapter 3, which discusses the
main aims and objectives of this research thesis based on a novel synthetic copolymer (POSS-PCU). Here, incorporation of hydroxyapatite into POSS-PCU was
investigated with the aim of developing an ideal composite biomaterial for bone
grafting and augmentation. Chapter 4 documents various materials and methods
used to conduct the subsequent experimental studies in Chapters 5, 6, 7, and 8.
Different integration and fabrication techniques were evaluated to develop
hydroxyapatite incorporated POSS-PCU composite films (Chapter 5), which were
characterised in terms of their physico-chemical and material-cell behaviour in
Chapter 6. The best performing composite films were further optimised (using
surface topography) and evaluated in terms of their bioactivity in simulated body
fluid in Chapter 7 and in vitro model in Chapter 8 of this thesis. Finally, Chapter
9 provides a summary of this research thesis (in terms of its obstacles and
achievements) as well as its potential future directions.
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Chapter 1:
Overview of Natural Bone
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Chapter 1: Overview of Natural Bone
1.1 Bone Tissue
Bone has evolved over hundreds of millions of years and is what makes
vertebrates distinct from other animals. Bone is a hierarchically structured
organic/inorganic composite responsible for the formation of skeleton and
enabling locomotion and support [1]. Bone tissue can act as a protector of vital
organs as well as a mineral reservoir for calcium homeostasis [2]. Different
types of bone can be classified according to its composition, size and shape.
A routine classification of bone is based on its shape, which has four main
categorises; long bones, short bones, flat bones and irregular bones (Fig. 1.1)
[3]. Long bones are characterised as being longer than they are wide, having
a well-defined shaft and two ends. Long bones are considered to be all limb
bones apart from patellas, carpals, and tarsals. Short bones are those that
have a cube-shape structure consisting of carples and tarsals. Flat bones, on
the other hand, are thin and often curved bones such as most of skull bones,
scapulae and ribs. Finally, irregular bones are those of more complicated
shapes that do not fit into the other categorises. A good example of this class
of bone are the vertebrae and coxae.
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Figure 1.1 General classification of bone. Based on its shape and
appearance bone is generally classified into four types; long bone, short bone,
flat bone or irregular bone [3].

Macroscopic classification of bone falls into two major categorise; trabecular
(spongy) and cortical (compact) (Fig. 1.2) [3]. Trabecular bone provides
support to moveable joints as well as giving more flexibility to cortical bone [4].
Compared to cortical bone, trabecular bone has a higher surface area to mass
ratio as it is less dense. It is also more porous and therefore weaker than
cortical bone. Furthermore, trabecular bone is highly vascular and contains
most of the body’s red bone marrow responsible for the production of blood
cells. Cortical bone, on the other hand, is denser, harder, stiffer and
mechanically stronger than trabecular bone. The general function of cortical
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bone is to provide support to the body and creating connective areas for joints,
muscles and tendons. In total, cortical bone makes up 80 wt% of the total
weight of skeleton, whereby trabecular bone contributes the other 20 wt% [5].

Figure 1.2 Macroscopic classification of bone. Trabecular (spongy) and
cortical (compact) bones are the two major macroscopic classification of bone
[3].

49

As the two types of bones perform different load-dependent tasks, trabecular
bone and cortical bones have distinct differences in terms of mechanical
properties (Table 1.1). For instance, one important mechanical characteristics
of bone tissue is its anisotropy nature, which means that, under loading, bone
tissue has the ability to modify its behaviour depending on the direction of the
load (i.e. surface versus longitudinal direction) [6]. Load support has been
shown to be stronger in the bone when applied in the longitudinal direction as
opposed to the surface of the bone.

Table 1.1 Comparison of the mechanical properties of trabecular bone versus
cortical bone.

Type of
Bone

Porosity (%)

Apatite Content
(wt%)

Young’s
Modulus
(GPa)

Ultimate
Tensile
Strength
(MPa)

Trabecular

~ 80-90

40

0.02-0.5

0.5-4

Cortical

~ 5-10

60-70

16-23

80-150

1.2 Composition of Bone
Bone matrix consists of; an organic and inorganic component. The organic part
mainly consists of various types of collagen, with collagen type I being
predominant in mature bone [7]. Collagen provides the matrix with flexibility
and tensile strength, as well as creating an anchoring location for mineral
crystals of the inorganic component of bone. The main component of the
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inorganic bone mineral of natural bone is a highly substituted form of
carbonated hydroxyapatite (HA). Where HA, with the chemical formula
Ca10(PO4)6(OH)2, has a calcium to phosphorous (Ca/P) ratio of 1.67, bone
mineral has Ca/P ratios ranging from 1.37 - 1.87, due to its complex
composition containing additional ions such as silicon, carbonate and zinc [8,
9]. Ca and P are the two main elements (as well as trace elements such as
carbonate, sodium, magnesium, zinc, silicate, and fluoride) of the bone mineral
matrix and are released into the bloodstream during bone resorption.
Furthermore, Ca and P play crucial roles in bone growth and development and
their relative concentration is controlled by various hormonal and physicochemical factors [10]. Ca/P ratio of bone has been shown to vary in patients
with bone diseases such as rheumatoid arthritis compared to those with
healthy bone [11]. The inorganic matrix provides bone with its stiffness and
compressive strength. Furthermore, due to the physiological importance of Ca
and P in the soft tissue, the inorganic matrix also acts as a mineral reservoir
[12]. The combination of the two components together gives bone a composite
structure with organic and inorganic components contributing about 20% and
65% of its total mass, respectively. The other 10% is made up of water.
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1.3 Bone Ossification
Bone ossification or osteogenesis is the process by which new bone is formed.
The concept of bone ossification lies on the basis of transforming a pre-existing
mesenchymal tissue into newly developed bone tissue and this occurs in two
ways; intramembranous ossification and endochondral ossification [13].
Intramembranous

ossification

occurs

through

direct

conversion

of

mesenchymal tissue into bone, whereas endochondral ossification refers to
the development of bone by first differentiating mesenchymal tissue into
cartilage as an intermediate, which is later replaced by bone [14, 15].
Endochondral ossification is associated with the laying down of the skeleton
during growth and importantly occurs during fracture healing [16].
Intramembranous ossification is responsible for forming the bones of the skull
and can occur in stable situation during fracture healing.
As a highly dynamic process, bone formation occurs at three stages; 1)
synthesis of osteoid, 2) mineralisation of this matrix and 3) remodelling of bone
through resorption and reformation processes. There are various cells involved
at each of these stages. Osteoblasts of the bone marrow stroma are involved
in matrix synthesis and its mineralisation, through expression of functional
proteins including but not limited to osteocalcin and alkaline phosphates (ALP)
(Fig. 1.3). These cells are differentiated from mesenchymal stem cells (MSCs)
by Runt-related transcription factor 2 (RUNX2) - a transcription factor that is
responsible for driving the differentiation pathway. Other transcription factors
such as Osterix and key proteins such as B catenin are also crucial [17, 18].
Differentiation of osteoprogenitor cells into osteoblasts is controlled through
the Wnt/j-catenin pathway, which leads to the generation of mono-nucleated
52

osteoblasts that appear flat to plump in shape at their early stages and then
lined up along bone-forming surfaces later at their maturity stage [16, 19].
Another role for the osteoblast is to control the differentiation of the osteoclasts
through the receptor activator of nuclear factor kappa-B (RANK), receptor
activator of nuclear factor kappa-B ligand (RANK-L) and osteoprotegerin
(OPG) pathways, which in turn regulate osteoclast formation and activation
through bone modelling and remodelling [20].

Figure 1.3 An illustration of the origins and fates of the bone cells.
Different bone cells have different functions from making new bone to
adsorbing the old bone structure. The process of differentiation into
osteoblasts is controlled through signalling pathways (e.g. Wnt signalling
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pathway), transcription factors (e.g. RUNX2) and growth factors (e.g. bone
morphogenic proteins). The factors that regulate apoptosis, however, are not
fully understood but are linked to regulatory hormones (e.g. oestrogen) and
cytokines category of proteins (e.g. interleukins) involved in cell signalling [17].
As the osteoblast cells produce bone matrix some of the cells become trapped
in the extracellular matrix (ECM) and calcification proceeds around them.
These cells are known as osteocytes. These cells are in contact with one
another and with osteoblasts on the surface of the osteoid through fine cellular
processes that pass through fine openings (known as canniculi) in the calcified
bone. As the most abundant bone cells, osteocytes act as mechanosensors
and are responsible for supporting bone structure and metabolism by
controlling and setting the balance between bone resorption (through
osteoclasts) and bone formation (through osteoblasts) [21, 22]. Table 1.2
summaries the characteristics and functions of bone cells in greater details
[23, 24].
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Table 1.2 The origin and characteristics of different types of bone cells.
Mesenchymal Stem Cells








Progenitor cells capable
of
replication
as
undifferentiated cells.
They have small cell
body with a few long and
thin cell processes.
Under specific stimuli,
these
cells
can
differentiate to fully
functioning osteocytes,
chondrocytes, muscle
cells, stromal cells or
fibroblasts.
Their ability to proliferate
and
differentiate
is
believed to decrease
with age.

Osteoblasts












Fully differentiated cells
from either bone marrow
stromal cells or MSCs.
Derived
from
preosteoblast
cells
activated
with
bone
morphogenetic proteins.
Found lining areas of
freshly developed and
unmineralised
bone
tissue, with high collagen
type I content.
They are very large and
have large, uniformly dark
and oval nuclei.
Their mitochondria is rich
in Ca and acts as an
intracellular Ca reservoir.
They lay down osteoid on
the surface of bone and
control
primary
mineralisation
of
the
freshly developed osteoid
cells by ALP.

Osteocytes








They are the main cellular
components of bone.
They are fully matured
osteoblasts.
They have a stellate shape,
and contain 40-60 cell
processes per cell.
They lie in small lacunae in
the
middle
of
fully
mineralised bone matrix.
They are responsible for
maintaining the mineralised
tissue.

Osteoclasts
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They
are
differentiated
cells
from
the
hematopoietic stem
cells.
They have a brush
border with high
content
of
acid
phosphatase.
They have several
vascular nuclei and
produce proteolytic
enzymes for bone
resorption.
They have short
cycle, hence show
rapid increase and
high activity once
stimulated.

Bone Lining Cells





They are formed in the
lining surface of bone.
They are flat, slender
elongated cells of
inactive nature.
They are responsible
for preparing the
surface of bone by
discarding
unmineralised
collagen
fibrils
followed
by
the
deposition
of
a
smooth
layer
of
collagen.

1.4 Bone Mineralisation
Bone mineralisation, or otherwise referred to as calcification, is a constant
process during the human life cycle, both during growth and development and
in adult life. When matrix maturation occurs Ca and P secreted by osteoblasts,
are deposited in the “hole” zones of triple helical fibrils of collagen type I [25,
26].
As bone matures, crystals of bone mineral (the size and amount of which are
determined by the Ca and P binding proteins such as osteocalcin, osteopontin
and bone sialoproteins) enlarge, grow and aggregate leading to the
mineralisation of bone. Bone mineralisation is locally regulated at three levels
1) systematic hormones, 2) bone cells, and 3) paracrine/autocrine actions of
cell products [27, 28]. Ca and P, along with a few other key ions (e.g. silicon,
carbonate and zinc), are released into the bloodstream during bone resorption.

1.5 Bone Remodelling
Bone remodelling is a lifelong process, whereby mature or damaged bone
tissue is removed and replaced by newly formed bone tissue. Various cells are
involved in bone remodelling collectively referred to as the basic multicellular
unit (BMU), whose lifespan determines the duration of the bone remodelling
process, referred to as the bone modelling period. Natural bone remodelling
takes place in three consecutive steps: osteoclastic resorption, reversal (the
surface is prepared for osteoblast differentiation and migration) and formation
(laying down fresh bone by osteoblasts) (Fig. 1.4) [29, 30]. These phases
continue for about 2 weeks, 4-5 weeks and up to 6 months, respectively.
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Various factors can affect the nature and the length of any of these phases
and consequently the final outcome of bone remodelling. However, a vital
factor in this process is the mechanical environment. This phenomenon can
be clearly explained by Wolff’s law, which points out the adaptive character of
bone to mechanical implications [31]. According to Wolff’s law, bone, in a
healthy animal (including human), is adaptable to the load under which it is
placed. In other words, under increasing amount of load, bone remodels itself
to become stronger in order to be able to withstand the pressure of that load.
The adaptive changes are accommodated through changes in resorption,
reversal and formation stages of bone remodelling.
Under

resting

conditions,

osteocytes

express

sclerostin,

a

mechanotrasduction key molecule, which directs bone resorption through
antagonising the Wnt-canonical-β-catenin signalling pathway (required for
cells to adhere to the osteoblast lineage) in osteocytes and osteoblasts [32].
Under loading conditions, however, sclerostin expression is supressed leading
to the activation of the Wnt-canonical signalling pathways, which in turn
activates bone formation. Sclerostin level also regulates the expression of
other osteocyte-specific proteins, such as RANKL and OPG [32]. It is the
dynamic RANKL/OPG ratio that maintains the balance between bone
formation and resorption.
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Figure 1.4 An illustration of bone remodelling process. Bone remodelling
is a cycle which is initiated by osteoblastic activation of osteoclast
differentiation (A and B), followed by “cleaning up” the resorption site by
monouncleated cells of unknown origin (C). Coupling factors, such as insulinlike growth factor-I and transforming growth factor-β, are released from the
ECM during the resorption process. These coupling factors assist the
recruitment and activation of osteoblasts to the resorption site (D). Finally, new
bone is formed by osteoblasts; while bone is being resorbed at a similar rate
to it being formed (E) [30].
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1.6 Natural Process of Bone Repair
Bone is a tissue with the ability to heal defects and fractures caused commonly
by falls, accidents or sports injuries. This tissue can also regenerate new tissue
with a vascular supply in order to maintain functionality, both at physical and
biological levels. The natural process of bone (fracture) healing through
endochondral ossification consists of four stages; i) inflammatory response, ii)
soft callus (new tissue formed over a wound) formation, iii) hard callus
formation, and iiii) bone remodelling [33]. The inflammatory response is
initiated by the release of platelet-derived growth factors (PDGF) and a
transforming growth factors (TGFs), due to the disruption of blood supply and
blood clot (hematoma) formation at the site of the injury. During soft callus
formation, the periosteal MSCs differentiate into osteoblasts, followed by the
replacement of blood clots with fibrocartilage. In the next stage of bone repair,
hard callus replaces the cartilage and osteoblasts make woven bone (fibrous,
mechanically weak). Finally, a remodelling process starts whereby the hard
callus is resorbed by osteoclasts followed by the formation of lamellar bone
(parallel alignment of collagen, mechanically strong) by osteoblasts. Figure
1.5 summaries the natural bone repair process and details the markers and
growth factors involved at each stage [34].
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Figure 1.5 A flow diagram mapping the process of bone repair. Various
factors such as cells, markers and growth factors are involved at each stage
to oversee the progression of the process to the next stage [34].
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1.7 Delayed Unions, Non-unions, and Malunions
There is an average anticipated period of time during which the bone healing
process should occur. However, in some cases, due to the significance of the
injury or insufficient osteogenic reaction, the ability of fractured bone to
regenerate and undergo repair may be compromised [35]. Furthermore, the
healing time can vary depending on the location, configuration, the specific
bone and age group [36]. Those injuries that take longer than average but do
heal eventually are known as delayed unions. However, if the situation
continues for 3 consecutive months without any obvious signs of healing it is
known as a non-union (pseudarthrosis). Non-unions, which usually have
symptoms of pain, tenderness, heat, and swelling, are unlikely to mend without
medical intervention. In some cases, a malunion could occur, which is the
healing of a fractured bone in an abnormal position. If the altered bone
positioning is significant, then such healing would most likely require surgical
treatment to avoid complications such as; reduced function at the site of injury,
discomfort, pain and swelling.
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Chapter 2: Bone Grafting and
Augmentation: Current Approaches

2.1 Introduction
The ever increasing worldwide statistics of bone disorders and related
diseases, in particular in aging or obese populations as well as those with poor
physical activity, have raised alarming concerns as studies suggest the
incidence of bone disorder to more than double up by 2020 globally [37, 38].
In the case of critical size bone defects, which cannot be repaired by the
natural process of bone healing, surgical intervention using permanent,
temporary or biodegradable devices is required. The current approach towards
surgically treating critical size bone defects, with the aim of repairing or
regenerating bone, is the use of bone grafts (autografts or allografts) [39-41].
So far, autografts have been considered as the “gold standard” for the repair
of critical size bone defects due to their many characteristics including their
histocompatibility, non-immunogenicity and osteoinductive (the ability to
induce cells to differentiate to mature bone cells)/osteoconductive (the ability
to promote bone growth and formation) potentials [38, 39]. However,
harvesting autografts from patient’s iliac crest, as a second procedure, is
considered expensive and risky leading to bleeding, inflammation, and
increased risk of infection as well as acute pain [42-44]. There are extensive
reports on significant donor site injury and morbidity following this procedure
[45, 46]. Allografts on the other hand, run the risk of disease transmission (such
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as the human immunodeficiency virus (HIV) and hepatitis) and their durability
over time is case dependent [47]. Therefore, orthopaedic and dental
biomaterials (biological or synthetic substances) have been developed to be
introduced in the human body as constituents of devices with the aim of
performing certain biological functions by replacing or repairing critically
damaged bone [8]. The advantages of using biomaterials over autografts or
allografts is mainly due to the unlimited supply, eliminated risk of disease
transmission and relatively low cost associated with biomaterials [38, 49, 50].
Despite the vast efforts to find an ideal biomaterial for bone replacement, most
of the available techniques, materials or devices have failed to achieve this
goal. One of the main obstacles resulting in the failure to replace bone is the
mechanical mismatch between currently available orthopaedic and dental
biomaterials and natural bone tissue, leading to a phenomenon known as
“stress shielding” [51]. Metallic biomaterials (such as stainless steel, cobaltchrome, and titanium alloys) are good examples in this case as they are
significantly stiffer (100 – 250 GPa, depending on the type of alloy) compared
to natural bone (cortical bone modulus; 10 – 25 GPa). The significant
difference in the modulus of the metallic implant and natural bone leads to the
metallic implant taking up most of the load and consequently resulting in a
reduced biomechanical stimulus on the bone and ultimately leading to the
resorption of bone through mechanobiological pathways [48, 51]. This is
followed by the loosening and failure of the implant, pain at the site of
injury/surgery and the requirement of further medical interventions. Therefore,
the main focus of the current scientific research is on developing cutting edge
strategies to encourage new bone formation (rather than replacing it) based
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on the adaptive abilities of natural bone to self-heal and undergoing
mechanical adaptation. To this end, various approaches including but not
limited to: bone grafting [52, 53], guided bone regeneration (GBR) [54],
distraction osteogenesis [55], platelet-rich plasma [56], cell based therapy [57]
and bone tissue engineering [38, 41] have been developed and trialled to
encourage new bone formation in different applications. From the perspective
of this research thesis, the two major bone formation/augmentation strategies
are bone grafting and GBR approaches, which have been expanded into more
details as followed.

2.2 Bone Grafting Approach
Bone grafting is a surgical procedure to repair a critical size bone defect
(caused as the result of trauma or a disease) in contour and/or volume by a
natural or synthesis replacement that would encourage new bone formation
mainly on the principles of osteoconduction (grafts that provide physical
structure for new bone formation), osteoinduction (grafts that induce new bone
formation through the osteogenic differentiation of pluripotent stem cells in a
non-bony site), osteogenesis (grafts that contain living bone cells for new bone
formation), osteostimulation (grafts that stimulate new bone formation through
signalling or activating cells) and bioactivity (grafts that have the ability to
create a bone like mineral layer on their surfaces upon implantation in
simulated body fluid (SBF)) [51, 58-60] . The nature of bone grafts fall into four
general categories: autografts, allografts, xenografts, and alloplasts, all of
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which have shown success in stimulating new bone formation as well as
increasing osseous dimensions (bone augmentation) [61-63].

2.2.1 Autografts
Autografts (patient’s own tissue transferred from one site to another), as
mentioned, are considered the “gold standard” grafting option for critical size
bone defects due to their low cost, no risk of disease transmission and
relatively low risk of immunogenic response. They are considered to be,
depending on their type, osteoconductive, osteogenic, and osteoinductive.
Furthermore, autografts are biocompatible, easy to manipulate and their
microscopic architecture is a good match to the damaged/missing bone [64].
Autografts, depending on their source, can be classified into different types:
1) Iliac crest grafts, the most common source of autografts, are used when
large volume of bone augmentation is required to be achieved for instance
to restore severely resorbed maxillae or in degenerated lumbar or cervical
spine as well as in bilateral sinus lift procedures. Cortical and trabecular
(cancellous) bone can both be collected in sufficient amounts in the form of
blocks or particulate bone (particles of bone collected during drilling of the
implant) from this site.
2) Chin grafts, harvested from the parasymphyseal region, are mainly used in
dentistry for onlay grafting (laid directly onto the surface of the host bone)
and sinus lifting procedures. Trabecular bone, at a limited volume, can be
collected from this site as well as particulate cortical bone, although the
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latter may prove to be very difficult in most cases due to the close proximity
of nerves.
3) Mandibular grafts, mainly used in onlay grafting, are good sources of block
and particulate cortical bone, although there is limitation to the size of
available grafts. However, almost no trabecular bone can be collected from
this site.
4) Tibial grafts are another source of extra-oral autograft site, which provide
limited volume of trabecular bone for onlay grafting, severe cases of
arthritis and unhealed joint fusions or fractures.

Despite the advantages of autografts, various issues and risk factors
associated with these types of grafts pose limitations on the use of this
approach. These limitations include but are not limited to: donor site morbidity,
increased risk of infection, extended surgical procedure, limited supply,
scarring and high complication rates [51, 65].

2.2.2 Allografts
Allografts, tissue graft transfer between same specimens but of non-identical
genetic composition, are an alternative option to autografts with cadaver bone
forming the main source of these grafts. A wide range of particulate, thin sheets
of cortical plate or larger volume of bone blocks are available in the form of
freeze dried bone allografts or demineralised freeze dried bone allograft for
use in orthopaedic (e.g. spinal fusion surgeries) or dental (e.g. periodontology
and implant) procedures [64]. Allografts are a suitable source of bone grafts
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for patients with inadequate autograft bone and without the need of a
secondary operation. However, similar to autografts, there are many limitations
and risk factors involved with using allografts which include but are not limited
to: risk of disease transmission (such as HIV and hepatitis), infection,
inconsistency in donor bone quality and also debatable ability to retain their
osteoinductive potential once transplanted [47, 60].

2.2.3 Xenografts
Xenografts, graft tissues transferred between two different species, are
another alternative to autografts which are either used on their own or in
combination with autografts to provide an inert framework for new bone
formation and bone augmentation. The main source of xenografts is bone of
bovine with Bio-Oss® (deproteinised, sterilised bovine bone with 75 – 80%
porosity in the form of cortical granules) and Bio-Gide® (highly purified natural
collagen from pigs in the form of a membrane that enables soft tissue
management during bone augmentation by providing a barrier function) being
two commonly used examples of this type of grafts in implant dentistry [66, 67].
Despite the abundancy in sourcing xenografts, various barriers such as risk of
disease transmission, risk of graft rejection and uncertainty over the lifespan
of the transplanted grafts limit their use in orthopaedic or dental applications.
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2.2.4 Alloplasts or Bone Graft Substitutes
Alloplast grafts or otherwise known as bone graft substitutes have been used
as a synthetic substitute to autografts and allografts in orthopaedic and dental
implants for many decades [68-70]. Bone graft substitutes can be divided to
four main categories: demineralised bone matrix (DBM), ceramics, polymeric
and composite grafts [71]. Bone grafts substitutes have been developed in
different formulations such as pellets, cement and injectable paste [72]. Table
2.1 presents some of the commercially developed synthetic bone graft
substitutes.

In

some

classifications

growth

factors

such

as

bone

morphogenetic proteins (BMPs) are also considered as bone graft substitutes.
Demineralised Bone Matrix (DBM) is sourced by an acid extraction process
from cortical or corticocancellous bone which has had the inorganic mineral
removed leaving behind a composite of non-collagenous proteins, bone
growth factors, and collagen [72]. They are known to possess osteoinductive
and to some degree osteoconductive properties, stimulate osseous healing (3
– 6 months after implantation) and to be non-degradable for at least 7 years
[73, 74]. A good example of commercially available DBM is Grafton DBM
(Osteotech, Eatonton, New Jersey), which has been used as graft extender or
substitutes to bone voids in bone augmentation of various sites of bone defects
such as in lumbar spinal fusion and dental implant procedures [72, 75]. Despite
their advantageous osteoinductive and handling properties, they also have
many disadvantages such as their lack of mineral scaffold, loss of structural
rigidity and migration (due to compression or irrigation), risk of infection and
inconsistency in their quality [51].
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Synthetic ceramic bone graft substitutes have mineral structures similar to the
mineral content of human bone, which based on their composition can be
classified as calcium phosphates (such as HA, triclacium phosphate (TCPs),
and biphasic phosphate (combination of HA and TCPs)), bioactive glasses and
calcium sulfate. Synthetic ceramic bone graft substitutes are developed from
inorganic, non-metallic materials with a crystal structure using sintering
manufacturing processes. The sintering process increases the size of
crystallisation and produces porous ceramic material [76]. Most of these
synthetic ceramic bone graft substitutes are porous and have osteoconductive
properties the degree of which depends on a number of factors such as their
pore size, porosity, interconnectivity and degradation profile [77]. However,
their mechanical brittleness and low tensile resistance has raised concerns for
their application in load-bearing orthopaedic or dental large bone defect sites
[78].
Carbonate‐substituted HA ((Ca,Mg,Na)10(PO4HPO4CO3)6(OH)2) of the mineral
component of natural bone makes up approximately 5 wt% of the human body
mass [51]. As described in Section 1.2, unlike natural bone mineral, synthetic
HA is stoichiometric in its pure form with the chemical formulation of
Ca10(PO4)6(OH)2. Despite the slight difference in formulation, synthetic HA
closely resembles the chemical properties of natural bone mineral and has
been shown to be compatible with bone tissue and has been successfully used
in repairing critical size bone defects both in vitro and in vivo [51, 79-81]. HA,
due to its high crystallinity and stability, has a slow rate of degradation (2 - 5
years) compared to TCPs (1 year) in vivo [82]. The slow rate of degradation
and the radiopaque nature of HA have imposed some clinical disadvantages
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to the use of this material as it can mask the progress of remodelling of new
bone in X-rays. TCPs, with a chemical formula of Ca3(PO4)6, due to its faster
degradation rate has been used as an alternative solution to overcome the
limitations of HA. However, TCPs also has some limitations in clinical
applications as they are suitable to fill small bone defects and not critical size
bone defects and that their fast degradation rate could lead to the resorption
of the graft before their full osseointegration into the defect site and
replacement by newly formed bone [76, 83].
Bioactive glasses made of sodium oxide, calcium oxide and silicon oxide (as
the main components), are hard and solid ceramic bone graft substitutes that
are available as soluble, resorbable and non-resorbable (depending on the
proportion of sodium oxide content) grafts [84]. Based on their manufacturing
process,

microspheres,

fibres

and

porous

bioactive

glasses

with

osteoconductive and to some degree osteoinductive properties can be formed.
When exposed to physiologic aqueous solutions, a silica-rich gel layer forms
on the surface of these silicon-based synthetic grafts, which consequently
leads to the formation of a mechanically strong bond between the graft and
bone [85]. The strong bonding between the graft and bone forms based on the
combination of Ca2+ and PO4

2–

ions (present within the newly formed silica-

rich gel) to form crystals of HA similar to that of natural bone mineral [86].
Despite the lack of a scientific consensus on the structural or biomechanical
properties of bioactive glasses, they have been shown to have a superior
mechanical strength compared to synthetic HA or TCPs due to their strong
graft-bone bonding [86, 87]. The biocompatibility and bioactivity of these bone
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graft substitutes have granted their wide clinical applications such as in
craniofacial reconstructive surgery, dental and orthopaedic surgeries [88].
Calcium sulfate is an inorganic ceramic which is produced as a dry powder
that upon mixing with water can be hardened through crystallisation in an
exothermic

reaction.

Calcium

sulfate

bone

graft

substitutes

have

osteoconductive but no osteoinductive properties. They are biocompatible and
their degradation can take from 6 to 12 weeks upon implantation in vivo by a
process of dissolution [89]. In their set form (in dry environment), calcium
sulfate ceramics have a compressive strength greater than trabecular bone,
and a tensile strength slightly less than trabecular bone, however, once
implanted and in contact with physiologic aqueous solutions they soften and
lack the sufficient biomechanical support and osteoconductive efficacy
required for the repair of critical size bone defects [76, 90]. It is therefore due
to their lack of reliable mechanical properties that the clinical applications of
calcium sulfate bone graft substitutes has been limited to small bone defects
and as a bone void filler [86].
As polymeric and composite bone grafts substitutes form the basis of this
research thesis they are discussed in detail in Section 2.4.
Growth factors such as bone morphogenetic proteins (BMPs), although not
technically categorised as bone graft substitutes, with their ability to induce
bone growth have gained endurance scientific attention as a synthetic
substitute for autografts and allografts in clinical applications [64]. In recent
years, recombinant human bone morphogenetic proteins (rhBMPs) have been
used to manipulate MSCs differentiation pathway towards osteogenic cell line
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using various biomaterials (such as metals, ceramics, polymer and
composites) as delivery systems [91, 92]. The osteoinductive nature of
rhBMPs and their proven ability to promote bone growth have led to their vast
application in clinical research [93, 94], while reports on complications such as
potential ectopic bone growth and their excessive resorption have caused
controversy amongst clinicians and scientific researchers [51, 95].
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Table 2.1 Examples of some of the commercially developed synthetic bone
graft substitutes.

Commercial
Name
AllofuseTM

Available
Mechanism of
Forms
Action
Heat
sensitive Injectable
gel Osteoconduction,
co-polymer with and putty
osteoinduction,
DBM
resorbable

ProOsteon®
500R

HA/calcium
carbonate
composite
DBM in a lecithin
carrier

InterGro®

BonePlast®

HEALOS® Bone
Graft
Replacement

CONDUIT®
TCP Granules

Material

Calcium sulfate
with or without
HA/calcium
carbonate
composite
granules
Mineralised
collagen matrix

β-TCP

Granular or block

Osteoconduction,
resorbable

Paste, putty and
mixed
with
HA/CC
composite
granules
Powders
and
setting solutions
of variety of
volumes

Osteoconduction,
osteoinduction,
resorbable

Variety of strip
sizes

Osteoconduction,
osteoinduction,
osteogenesis
when mixed with
bone
marrow
aspirate

Granules

Osteoconduction,
osteoinduction
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Osteoconduction,
osteoinduction

2.3 Guided Bone Regeneration (GBR) Approach
The concept of GBR was first described when cell-occlusive membranes were
used in spinal fusion surgeries [96]. Today, GBR is a widely used approach
towards promotion of new bone formation and augmentation based on using
a barrier membrane to create a secluded cavity over a site of defect to
encourage ingrowth of osteogenic cells and prevention of soft tissue overlaying
the defect cavity by undesired cells such as epithelial cells and gingival
connective tissue [63]. In the early investigations on the clinical applications of
this approach, most authors described the ability of osteogenic cells to
promote bone augmentation in the cavity site to be attributed to the protection
provided by the barrier membranes against blood clot formation. However, it
is now clear that the barrier membranes, by mechanically excluding undesired
cells and soft tissue from growing in the defect cavity, create the necessary
space and environment for the osteoprogenitor cells to colonise, proliferate
and differentiate along the osteoblastic lineage, therefore, promoting new bone
formation and bone augmentation within the secluded site of defect [97]. GBR
has been shown to provide the most predictable results (compared to other
approaches such as grafting) when used to fill pre-implant bone defects with
new bone as well as predicting the rate and long-term stability of the newly
augmented site [98-100].
Various non-resorbable and resorbable membrane materials have been
developed for the purpose of GBR based on the characteristics of a desirable
membrane that requires it to be biocompatible, have cell occluding properties,
promote integration by the host tissues, have space making ability and also be
easy to handle and sterilise [97, 101]. Natural and synthetic biomaterials such
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as collagen, bovine, and synthetic polymers (such as polyurethane (PU),
polylactic acid (PLA), polyglycolic acid (PGA), polyorthoester (POE) and
different co-polymers of polylactic and polygalactic acid) have been used as
the building blocks of resorbable GBR barrier membranes on the basis that
their eventual microbiological and enzymatic degradation would eliminate the
need for a secondary operation (to remove the membrane) as opposed to the
non-resorbable ones [102]. However, as the overall rate of degradation of
resorbable membranes depends on various factors such as on the nature of
the polymer, the local pH, the local temperature, the polymer crystallisation
degree and the membrane volume, it was proven difficult to control the barrier
degradation rate in relation to the rate of bone formation [97, 103]. Therefore,
despite for the need of a secondary operation, non-resorbable barrier
membranes are currently the most commonly employed materials for bone
formation and augmentation based on GBR approach.
Expanded polytetra-fluorothylene (e-PTFE) membranes, due to their excellent
biocompatibility and non-degradable nature, have been considered as the
“gold standard” material for GBR [102]. e-PTFE is a porous and biologically
inert polymer which does not elicit immunologic reactions. e-PTFE membranes
have been successfully used as GBR barriers in various dental critical size
bone defects such as in extraction socket defects, horizontal and vertical ridge
augmentation, and the correction of dehiscence and fenestration defects
around implants to achieve new bone formation as well as bone augmentation
[63, 104]. However, e-PTFE has a high Young’s modulus (approximately 4
GPa) [105], rendering it a stiff material for this application. The stiffness of ePTFE could lead to significant mechanical mismatch, soft tissue dehisce
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(rupture along a medical incision), and consequently the exposure of defect
cavity to infection and undesired cells and tissues [102, 107]. Therefore, the
search for a biomechanically compatible material for the development of an
ideal GBR barrier membrane which would allow for deep and interconnected
penetration and differentiation of osteogenic cells is still ongoing. Table 2.2
presents some of the commercially developed GBR barrier membranes.
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Table 2.2 Commercially developed non-resorbable and resorbable GBR
barrier membranes.

Type

Commercial
Name

Material

Thickness
(μm)

Comments

Gore-Tex®

e-PTFE

0.5–30

TefGen FD™

High density
PTFE

0.2–0.3

Longest followup
studies
compared to any
other
commercial GBR
membrane
Easy to remove

BioGide®

Porcine

Variable

Biosorb®
Membrane

Bovine

Variable

Biofix®

Polyglycolic
acid

Variable

OsseoQuest®

Hydrolyzable
polyester

Variable

Nonresorbable

Resorbable
(Natural
Collagen)

Resorbable
(Synthetic)

79

Useful
alternative to ePTFE (24 weeks
degradation
period)
Provide
stable
fixation
(26 – 38 weeks
degradation
period)
Excellent barrier
to gingival cells
and bacteria (24
–
28
weeks
degradation
period)
Good
tissue
integration (16 –
24
weeks
degradation
period)

The process of new bone formation follows a unique pattern which involves
angiogenesis and the ingrowth of osteogenic cells from the external
boundaries of the defect towards the centre of the defect in order to create a
well-vascularised new bone tissue. The process of following this growth
pattern, which allows for woven bone proliferation and bone apposition within
the site of the defect, depends on various factors mainly the size of the defect
[107]. In some cases of critical size bone defects, in which the defect size is
significantly large, generation of a biomechanically stable central matrix of
woven bone is not achieved leading to the formation of a disorganised
connective tissue at the centre of the defect site [63]. In order to overcome this
issue, the recommended standard procedure for large bone defects, based on
the GBR approach, is to use a combination of barrier membranes and bone
grafts or bone graft substitutes [108]. Various combinations including but not
limited to: resorbable collagen membranes with autografts, e- PTFE
membranes with autografts, e- PTFE membranes with synthetic HA and
resorbable bovine membranes with synthetic HA have been used in vivo and
in clinical studies with promising outcomes [108, 109]. Furthermore, in many
studies reported in the literature, fixation products such as non-resorbable mini
screws and tacks as well as resorbable tacks made from polylactic acid have
been used to stabilise GBR barrier membranes in their place [110-112],
however, no real evidence has been shown by these studies to confirm that
the use of these stabilisation devices has significantly enhanced scaffolds’
biomechanical or bone augmentation properties.
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2.4. Polymeric Biomaterials as Bone Graft Substitutes
Polymeric biomaterials in particular polymeric bone graft substitutes are
another offer completely different physical, mechanical and chemical
properties to the other classes of biomaterials previously discussed for bone
grafting and augmentation purposes. Generally, polymers can be categories
into natural and synthetic polymers and further divided into degradable and
non-degradable ones. Chitosan - (a linear polysaccharide produced by the
deacetylation of chitin, a naturally occurring polymer) based biomaterials have
been one group of natural polymers that have attracted considerable attention
in bone repair, formation and augmentation applications, owing to their pore
forming ability, binding capacity with anionic molecules, antibacterial activity
and biodegradation [113]. However, on their own, they generally lack the
necessary mechanical properties to support the process of bone repair and
new bone formation. Collagen based bone graft substitutes are another class
of natural polymers used in orthopaedic and dental applications. Collagen
nanofibrous structure (50 - 500 nm) can have improving effects on cell
attachment, proliferation and differentiation for new bone formation, however,
the natural and rapid degradability of this family of biomaterials limits their
applications [114]. Other naturally occurring polymeric biomaterials used in
orthopaedic and dental applications include gelatine- and fibrin-based bone
graft substitutes. These natural polymers also have limited applications due to
the nature and rate of their degradation.
Degradable and non-degradable synthetic polymers have been extensively
studied as the basic materials for the development of synthetic bone graft
substitutes as standalone devices and as extenders of autografts and
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allografts to promote in vivo bone ingrowth and subsequently repair or
regenerate bone to replace missing tissue [70]. One of the main advantages
of using synthetic polymer-based bone graft substitutes in orthopaedic or
dental applications is their mechanical stability and that their degradation rates
can be engineered to match the rate of new bone formation [115-118]. In
addition, they can be easily modified and also mass-produced. Examples of
degradable and non-degradable synthetic polymers used for the purpose of
bone repair, formation and augmentation include but are not limited to:
polycaprolactone (PCL) [119,120], poly (lactic-co-glycolic) acid (PLGA)
[121,122], polyamide, polyvinyl alcohol (PVA) [123,124], PU [125,126], and
polyetheretherketone (PEEK) [127,128]. Although synthetic polymers can offer
wide advantages, including controlled degradation, biocompatibility and,
mechanical stability, they lack osteoconductivity or osteoinductivity.

2.4.1 Composite Biomaterials as Bone Graft Substitutes
In order to overcome the poor fracture toughness of synthetic ceramic based
bone graft substitutes and the lack of osteoconductivity/osteoinductivity of
polymeric bone graft substitutes, as well as to closely resemble the nature and
composition of natural bone, composite materials have been developed as
bone graft substitutes for the purpose of orthopaedic and dental applications.
For instance, it has been shown that a composite matrix developed by the
addition of collagen sheets with a calcium/phosphate compound significantly
increased the resistance and mechanical properties of the bone graft
substitute as opposed to its individual components [129, 130]. A good example
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of a commercially available composite material is Healos (DePuy
Orthopaedics, Inc, Warsaw, Ind), which is a natural polymer-ceramic (collagen
fibers coated with HA) used in spinal fusion surgeries for bone augmentation
at the site of fusion [70]. Composites of synthetic polymers and ceramic
materials have also been widely investigated for bone repair and new bone
formation. For instance, Amnrosio et al. developed bioresorbable microsphere
composites of poly(lactide-co-glycolide) acid (PLAGA) and a non-crystalline
calcium phosphate ceramic using a modiﬁed emulsion/solvent evaporation
technique [131]. According to the authors, the ceramic content of the
microspheres as determined by gravimetric analysis, was approximately 28
wt%. Physico-chemical analysis of the microspheres showed that the
synthesised carbonated calcium phosphate content of the composites closely
resembled the composition of natural bone mineral. In addition, the authors
claimed that they successfully develop a calcium phosphate ceramic
composite whose chemical composition and low crystallinity make them
suitable alternatives as a material for bone repair applications, while also
stating that although their synthesised material has desirable characteristics,
the brittleness of the ceramic content had negatively affected the mechanical
properties of the composite as opposed to pure PLAGA polymer. In another
example, bioactive composites of synthetic PEEK polymer mixed with HA
(ranging from 5 to 40 vol%) were developed and tested for load-bearing
orthopaedic implants by Bakar et al. and their mechanical and biological
behaviour were tested [132]. Dynamic behaviour under tension-fatigue
showed that the fatigue-life of the composites were dependent on the amount
of HA as well as the applied stress load with drastic drop in tensile strength
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associated with the increase of HA content. This finding suggests filler-matrix
de-bonding at higher HA content. Preliminary in vivo studies, on the other
hand, suggested great promotion of vascularisation as well as formation of
osteoid and osteocytes within lamellar bone after 16 weeks of implantation in
pig animal models.
After reviewing the scientific literature and the available data from various in
vitro, in vivo and clinical studies, it is my observation that, in an attempt to
develop an ideal polymeric based composite bone graft substitute for
orthopaedic and dental applications, an increase in material bioactivity upon
combining polymers with synthetic ceramic based bone graft substitutes can
be achieved, which at the same time can lead to reduced mechanical stability
in a ceramic content concentration-dependant manner. It is interesting though
that in most of the scientific publications the authors have drawn conclusions
that their proposed polymer/ceramic composite materials with increased
bioactivity yet reduced mechanical properties should be considered as an ideal
material for bone repair and regeneration, which begs the question to be asked
as to which factor determines the success of an implant in orthopaedic or
dental applications; its bioactivity or mechanical stability?
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2.5 Bioactivity and Mechanical Properties of Synthetic
Ceramic/polymer Bone Graft Substitute Composites
As mentioned before, the clinical need for synthetic bone graft substitutes to
replace autografts and allografts is becoming more and more apparent.
Although a range of materials have been investigated and developed for use
as synthetic bone graft substitutes, their translation to clinical applications is
dependent on meeting various material characteristics criteria with bioactivity
and mechanical stability being two major aspects. From the perspective of this
research thesis, these material characteristics are discussed based on
synthetic ceramic (HA)/polymer composite bone graft substitutes.
In an ideal situation, a bone graft substitute should both replace the missing
bone and also encourage new bone ingrowth into the grafted defect site. This
would create a platform for the existing bone and the substituted graft material
to bond and allow for new bone to grow on and into the porous structure of the
platform to replace the bone graft substitute material at a desirable and
matching rate based on the natural process of bone remodelling (Section 1.5).
For these steps to occur, the bone graft substitute should be bioactive meaning
that it should have the ability to develop a direct, adherent and strong bonding
with the bone tissue and, from the cellular perspective, it should encourage the
attachment and differentiation of osteogenic cells on its surface [133, 134]. The
need for “bioactivity” has limited the choice of ceramic bone graft substitutes
in orthopaedic and dental applications. Nevertheless, a wide range of bioactive
synthetic calcium phosphates based ceramic/synthetic polymer composite
bone graft substitutes with different chemistries and structural morphologies
have been developed for orthopaedic and dental applications [135-139]. For
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example, Rajzar et al. developed a nanocomposite membranes of nHA/
poly(L/DL)-lactide (nHA/PLDL) and compared the in vitro bioactivity of the
nanocomposite membrane to PLDL membranes [140]. In this study, authors
synthesised nHA nanoparticles of average size of 23 nm and specific surface
area of 79.9 m2/g. 20 wt% nHA/PLDL membranes were fabricated using
electrospinning and characterised by SBF test and in vitro culturing of human
osteoblast cells. They found that incorporation of nHA at 20 wt% led to
nonhomogeneous distribution of nHA nanoparticles and formation of
agglomerates. They observed that there was a decrease in porosity of the
nHA/PLDL membranes compared to PLDL membranes, which the authors
attributed to the effective charge dissipation of nHA particles, preventing interfibre repulsion [140, 141]. They also observed a 30% drop in tensile properties
of the membrane of nHA/PLDL compared to PLDL membranes explained by
the non-bonding effect of nHA agglomerates on the overall mechanical stability
of the membranes. Furthermore, they found that the incorporation of 20 wt%
nHA into PLDL significantly increased human osteoblast cells attachment,
proliferation and differentiation using cell viability ViaLight assay, ALP assay
and OsteoImage mineralisation test. SBF study also confirmed the bioactivity
of nHA incorporated PLDL as a continuous compact apatite layer was formed
after 3 days of testing confirmed by X-ray diffraction analysis (XRD). They
concluded that nHA incorporation into PLDL enhances the membranes
bioactivity which justifies the exploitation of the membranes for orthopaedic
applications. Despite the success of the authors to enhance PLDL bioactivity
by incorporation of nHA, they failed to confirm and provide evidence that the
synthesised nHA nanoparticles were truly nanoparticles in size as the specific
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surface area of the nanoparticles provided by the author is too small and one
would expect a significantly higher surface area to account for the highly submicronised structure of the nanoparticles. Furthermore, the authors did not
justify the importance of enhanced bioactivity over compromised mechanical
stability of the membranes and their effects on new bone growth.
Danoux et al. investigated the in vitro and in vivo bioactivity of polylactic
acid/hydroxyapatite (PLA/HA) composites as a synthetic bone graft substitute
for new bone formation. They used extrusion to develop composites of 50 wt%
PLA and 50 wt% nHA powder [142]. They compared the in vitro bioactivity of
the nHA/PLA scaffolds to PLA by culturing human MSCs (hMSCs) and
assessing their proliferation and osteogenic differentiation. They found that
both PLA and nHA/PLA scaffolds supported hMSCs proliferation after 2 weeks
of culturing, however, nHA/PLA composites significantly increased alkaline
ALP activity of hMSCs cells compared to PLA. They also investigated the in
vivo bioactivity of their nHA/PLA composite scaffolds and PLA by conducting
a 12 week preliminary study in dogs. They found that the nHA/PLA composites
induced new bone formation in contrast to PLA scaffolds that were not
osteoinductive. Despite the success of the authors in presenting the bioactivity
of their synthetic ceramic/polymer composites in contrast to controls, they
failed to investigate the concentration-dependent effect of nHA particles on the
overall mechanical stability of the composites, especially since they had used
a high filler to polymer content (50 wt% nHA to 50 wt% PLA, respectively).
Furthermore, they stated that by using extrusion manufacturing technique
(solvent-free) to develop nHA/PLA composites, their materials were dense and
not containing pores or channels to support ingrowth of osteogenic cells.
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Therefore, they had introduced artificial pores between the plates of extruded
materials but failed to provide any details on the design process or the
comparison of bone growth stimulation on dense nHA/PLA composites and
artificially porous nHA/PLA composites. Lastly, there was no comprehensive
investigation on the nano structure of the synthesised HA particles as well as
their exposure on the surface of composites other than energy dispersive xray (EDX), which on its own is not a true confirmative analysis.
The level of bioactivity of such composites and their ability to induce new bone
formation depends on various factors including but not limited to: pore
interconnection size, porosity, and pore interconnectivity. Porous structure in
synthetic ceramic/polymer composites are necessary for allowing the
migration and proliferation of osteoblasts and stem cells as well as
vascularisation [134]. In addition, a porous surface enhances the mechanical
stability (bonding) between the implant interface and the surrounding bone
through creating a mechanical interlock that minimises the motion between the
implant and natural bone [143]. Various published scientific research suggest
that the minimum pore size required for osteogenesis is 100 µm, while pores
of > 300 μm in size exhibited better osteogenesis on calcium phosphates
based ceramic bone graft substitutes [144, 145]. In addition, most studies
report that larger pores enable direct osteogenesis and vascularisation,
whereas smaller pores result in ingrowth of unmineralised osteoid tissue [134,
146]. Furthermore, the structure of the pores with respect to each other has
also been investigated as they can be interconnecting or contain dead-ends
[134, 147], with the former type being advantageous in calcium phosphates
based ceramic bone graft substitutes and composites for the purpose of
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ingrowth of osteogenic cells and consequently new bone [147]. Despite many
reports on the effect of pore size on the bioactivity and osteoconductivity of
synthetic ceramic/polymer composites, the findings reported by Klawitter et al.
[148] and Lu et al. [149] changed this perspective. Klawitter et al. observed
mineralised bone ingrowth in pores as small as 40 μm in size and an enhanced
in penetration of bone ingrowth into polyethylene implants with pore
interconnection size of up to a 100 – 135 μm limit. Lu et al., however, found
that the critical interconnection size for bone ingrowth on HA or β-TCP bone
graft substitutes was only 50 μm. These findings, therefore, suggest that
despite most reports, it is the interconnection size of pores that controls and
determines bone ingrowth and not the pore size [150]. This phenomenon was
further confirmed by Eggli et al. who showed enhanced bone ingrowth into
well-interconnected pores of 50 – 100 μm compared to poorly connected pores
of 200 – 400 μm in size [151]. Furthermore, enhanced interconnectivity of
pores allows for better internal vascularisation for the purpose of nutrients and
oxygen delivery to support new bone formation. In addition to pore
interconnectivity, porosity also plays a crucial role in determining the bioactivity
of synthetic ceramic/polymer composites as it effects the degree and rate of
bone ingrowth. Reports in scientific literature confirms that higher
microporosity in synthetic ceramic/polymer composites encourages better
osteogenesis due to increased surface area and greater ion exchange and
bone-inducing factor adsorption [134, 152]. Furthermore, it has been shown
that porosity volume of less than 60% does not support bony integration into
central pore chambers of non-degradable bone graft substitutes [150,153]. It
should be noted that despite the overwhelming volume of evidence to support
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the importance of porosity and pore interconnectivity for new bone formation,
the optimum characteristics of these factors are not the same in all materials
and depending on the composition, chemistry, and the nature of the bone graft
substitutes the optimum porosity and pore interconnectivity may significantly
differ. This is clearly the case in degradable synthetic ceramic bone graft
substitutes (such as β-TCP) as their resorbable nature leads to opening up of
their structure, therefore, may requiring a lower material porosity and
interconnectivity to begin with compared to synthetic HA with slower
degradation rate [150].
When enhancing the bioactivity of a synthetic ceramic/polymer composite
bone graft substitute through manipulation of the ceramic content or porosity,
the overall mechanical stability of the implant should be considered. Early
studies on ceramic bone graft substitutes were focused on developing implants
that closely resembled the mechanical properties of the load-bearing natural
bone tissue and most of these attempts failed as most ceramic materials
available as bone graft substitutes possessed poor fracture toughness and
bending strength compared to natural bone [51]. Hence, calcium phosphates
ceramic such as HA and TCPs have been shown to offer limited biomechanical
support due to their brittleness and lack of tensile strength [134]. Although
TCPs are less brittle than HA they degrade faster which means they would
lose their mechanical strength at a higher rate than HA over time. In synthetic
ceramic/polymer composite bone graft substitutes, like any other composite
material, there is a direct correlation between ceramic filler content weight and
the mechanical properties of the composite as an increase in filler content
weight increases stress concentration and decreases the ultimate tensile and
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compressive strength of the composite [154]. Gay et al. investigated the effect
of increasing concentration of HA (0.25 – 50 wt%) on the mechanical
properties of HA/ poly-l-lactic acid (HA/PLLA) composites as orthopaedic bone
graft substitute material [155]. They found that by increasing HA concentration
(0.25 – 50 wt%) the Young’s modulus of the composites significantly increased
from 2 GPa for PLLA without HA to 6 GPa in 50 wt% HA/PLLA composites.
However, they observed an intermediate compression failure with 25 wt%
HA/PLLA composites and a typical brittle fracture with 50 wt% HA/PLLA
composites compared to the plastic deformation of PLLA without HA as
observed on a typical stress-strain curves in compression. These findings
suggests that by increasing the concentration of the HA particles HA/PLLA
bonding weakens within the composite matrix leading to the overall
mechanical instability of the material under compression.
According to Wolff’s law, the adaptive nature of natural bone means that
mechanical stimuli could stimulate its reduction or increase in mass by
manipulating the mechano-sensitivity of osteoblasts and osteocytes as
required

[156,157].

Currently

most

implants

based

on

synthetic

ceramic/polymer composite bone graft substitutes are secured in place with
either internal or external fixation devices (both temporary or permanent) to
provide necessary mechanical stability to the implant. However, it should be
noted that, similar to metallic bone graft substitutes, a stiff synthetic
ceramic/polymer composite bone graft substitute could also lead to stress
shielding effect and therefore limit the mechanical stimulus received by the
native bone tissue resulting in its resorption [51]. In addition, based on the
adaptive nature of natural bone and its stimulation by mechanical stimulus, it
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has been shown that porous bone graft substitutes of 70% and 80% porosity
with low and high levels of microporosity and different ultimate compressive
strength before implantation tend to end up having a similar ultimate
compressive strength after 24 weeks of in vivo implantation compared to each
other and that of the control bone form the same site under an identical
environment [150]. Therefore, suggesting that the mechanical properties and
consequently equilibrium level of bone ingrowth within the bone graft substitute
depends on the macro- and microstructure of the implanted material [150,158].
Overall, these findings indicate that depending on the application such as in
cases where rapid bone repair is required porous synthetic ceramic/polymer
composite bone graft substitutes with their enhanced bioactivity and
encouragement for deep vascularisation and osteogenic cells ingrowth should
be the material of choice, whereas, in cases where mechanical stability of the
implants is of a greater importance, both during the surgery and during the
initial period of implant integration, dense synthetic ceramic/polymer
composite bone graft substitutes may prove more successful [150].
As mentioned, most implants based on synthetic ceramic/polymer composite
bone graft substitutes are secured in place with either internal or external
fixation devices (both temporary or permanent) to provide necessary
mechanical stability to the implant. Although widely used in orthopaedic
surgeries, the role of fixation devices (such as conventional plates and screws)
in conjunction with bone graft substitutes is a very complex topic and there is
very scattered scientific reports available in the literature on their ability to
enhance mechanical stability of implants. While the importance of bioactivity
and osteocunductive properties of bone graft substitutes have been well
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documented in the literature and discussed in this chapter, overall mechanical
stability of the implant, is also a crucial factor. Fixation devices such as
conventional plates and screws act as load-shearing or load-bearing devise,
therefore, neutralising the mechanical forces placed on host tissue by bone
graft substitute implants as well as eliminating implant excessive loading [159].
For instance, locking plates act as load-bearing devices at the site of the bone
defect by converting shear stress to compressive stress at the screw-bone
interface [160]. This is a clever mechanism as natural bone has much higher
resistance to compressive stress than to shear stress [161]. However,
conventional fixation devices may not offer the necessary integration to host
tissue at their interface and as the result lead to stress shielding or necrosis of
osteogenic cells under the fixation device. To overcome this obstacle, ceramic
materials such as HA have been used as coating agents to enhance
integration abilities of fixation devices to the host tissue [162-164].
Fixation devices have various orthopaedic applications, however, their use has
been widely utilised in spinal fusion, a motion eliminating procedure where two
vertebrae are fused together by introducing bone grafts or bone graft
substitutes to promote bone growth. One of the most commonly used
instruments in spinal fusion surgeries is the cage, a device designed by Bagby
et al. with a hollow cylindrical structure to overcome the risks of donor site
morbidity associated with iliac crest grafts [165]. It is referred to as “cage” as
this device has been designed to allow bone grafts to be placed inside its
hollow structure. These cages are situated between two vertebras and replace
the intervertebral disc. The first cage was made out of stainless steel, however,
it was gradually replaced by the titanium mesh cages due to the excellent
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mechanical properties combined with superior osseointegration leading to
better clinical outcomes of titanium [166,167]. However, metallic cages are
very stiff and, as discussed, their use can lead to stress-shielding effect on the
host tissue. In recent years, synthetic ceramic/polymer composites, due to
their excellent bioactivity, osteoconductivity and biocompatibility, have been
widely investigated as the building material for spinal fusion cages [168].
Despite their significantly less stiff nature compared to metallic cages, the
application of synthetic ceramic/polymer composite cages requires a
significant level of implant mechanical stability in such a load-bearing
application. Enhanced mechanical stability of these cages could be supported
and encouraged by using fixation devices such as plates, screw, rods or cages
of suitable types and sizes. These fixation devices, could also act as loadbearing instruments for metallic cages to evenly distribute mechanical forces
on the implant-host tissue interface and avoid stress-shielding effects.
Although increased mechanical stability has been achieved in various
orthopaedic applications by fixation devices during or straight after the
implantation procedure, concerns have been raised over the potential loss of
mechanical stability either after degradation of resorbable fixation devices or
removal of the non-resorbable ones. Kukla et al. investigated the risk of
mechanical instability after removal of cephalomedullary nails fixation devices
used for the treatment of hip fracture, and found that 8% of patients who
underwent removal experienced femoral neck fractures (due to weight bearing
imbalance) during the initial stages of their postoperative period [169]. Clinical
reports have also shown a 10% and 21% increase of refracture incidences in
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distal femur fracture [170] and forearm fracture treatments [171], respectively,
after removal of fixation devices.

2.6 Current Approaches and Designs of Synthetic HA/polymer
Composites
As mentioned, both bioactivity and mechanical strength of implants are crucial
factors in determining their success or failure for new bone formation. To this
end, various composite materials have been developed as bone graft
substitutes that benefit from the advantages of their individual components
while improving upon their disadvantages. Synthetic ceramic/polymer
composite bone graft substitutes are a good example of such materials which
benefit from enhanced mechanical properties by combining bioactive ceramics
such as HA with synthetic polymers. The addition of polymers to HA improves
the brittle nature of HA, while the addition of HA to polymers would improve
the bioactivity of the polymeric matrix [172]. Most synthetic polymers have low
surface wettability (i.e. they are highly hydrophobic) [85] and on their own lack
the necessary osteoconductive properties to induce osteogenic proliferation or
differentiation in order to develop fully mineralised new bone tissue [173-175].
Therefore, synthetic ceramic/polymer composites would offer a wide range of
advantages for orthopaedic and dental applications such as biocompatibility,
improved mechanical strength, osteoconduction, and bone growth promotion
[176, 177].
In order for a synthetic ceramic/polymer composite to closely resemble the
ECM of natural bone and its physiological environment the final design of such
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a composite should be based on three major criterions: 1) the composite
should provide a three dimensional platform to support vascularisation and
osteogenic cellular proliferation and differentiation, 2) it should provide
sufficient structural stability during the process of bone repair/formation, and
3) it should be non-toxic, biocompatible, and degradable (if applicable) at a
matching rate to the process of new bone formation [49, 178].
The first requirement can be achieved by using bioactive and osteoconductive
materials such as calcium phosphates (HA, TCPs) or by functionalisation of
the composite matrix by osteogenic signalling molecules such as (BMPs, TGFbeta, and vascular endothelial growth factors (VEGF)) that promote the
attachment and proliferation of osteogenic cells. The second requirement can
be achieved by using mechanically strong polymers that have the ability to
bear adequate load during the process of new bone formation. As discussed
in this chapter, mechanical stability of the implant is a crucial factor as its
inadequacy can lead to stress shielding effect on the host tissue [179].
Furthermore, the composite can be stabilised in its place using fixation devices
as instruments to eliminate uneven loading on the implant and the host tissue.
In addition, when designing a composite and elaborating on its potential
mechanical properties (both prior and after implantation), the need for a porous
or solid matrix should be considered. As discussed, porosity is important for
well vascularisation and ingrowth of osteogenic cells. In most orthopaedic and
dental applications for repairing critical size bone defects, a porous structure
is a mandatory requirement for a bone graft substitute to ensure
osseointegration of the implant with its surroundings as well as vascularisation
and bone ingrowth [180]. The need for porosity adds another challenge to the
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composite design as varying pore interconnection sizes, pore interconnectivity
levels and porosity volumes not only would affect the mechanical properties of
the final construct but its ability to repair the bone defect and regenerate new
bone [181]. In other applications, such as in bone augmentation using barrier
membranes for GBR, porosity is not a necessary requirement of the composite
design as the aim is to seclude the site of bone defect and eliminate
permeability, therefore, simplifying the design [63].
The third requirement is more challenging than the other two despite the fact
that most synthetically produced biomaterials are biocompatible and non-toxic.
The challenge arises when the implant degradation rate should match the rate
of new bone formation [182]. The fact that in an ideal situation the implant
should fully degrade and become replaced by newly generated bone tissue
(i.e. at some point towards fully repairing the site of bone defect, the newly
formed bone should have adequate mechanical stability in order to not depend
on the support of the degrading material) and the rates of the degradation of
available materials varying significantly as well as the fact that predicting the
required degradation rate is a tricky task to begin with (as the rate of new bone
formation occurs differently depending on various factors such as the size and
site of defect or patient health and age) it means that a fully comprehensive
design is required in order for the composite to succeed [183, 184]. It is for this
reason that in some applications such as in GBR, the use of non-degradable
barrier membranes, despite the requirement of a secondary operation for their
removal, has been justified and approved over the use of degradable barrier
membranes [97, 185].
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Synthetic HA reinforced polymeric matrices were first introduce as bone graft
substitute composites by W. Bonfield and colleagues as a bone analog
biomaterial for the purpose of creating bespoke mechanical stability of the
implants [186]. There are various ways to categorise different polymers used
as matrices for ceramics [187]. There are many ways to categorise different
types of polymeric matrices used in designing a composite for orthopaedic and
dental applications. However, one way of categorising is by the nature of the
polymer component of the composite. Synthetic polymers for orthopaedic and
dental applications can be divided to: 1) non-resorbable and non-injectable
(e.g. thermoplastic polymers such as ultra-high molecular weight polyethylene
(UHMPE), polyaryletherketone (PAEK), and high density polyethylene
(HDPE)) [132], 2) non-resorbable and injectable (e.g. acrylics such as
polymethyl

methacrylate

(PMMA),

and

bisphenol-a-glycidyl

methacrylate/triethylene glycol dimethacrylate (bis-GMA/TEG-DMA)) [188190], 3) bioresorbable and non-injectable (e.g. poly-α-hydroxy esters such as
PLLA and PLGA) [191, 192] and 4) bioresorbable and injectable (e.g.
hydrogels) polymers [193, 194].
Reinforcement of HA into a synthetic polymer matrix has shown to enhance
osteogenic cellular activity and also have a concentration-dependent effect on
the mechanical properties of the composite compared to the un-reinforced
corresponding polymer matrix [195]. For example, incorporation of up to 50
vol.% HA powder has been shown to increase the elastic modulus of HA/HDPE
[196], HA/UHMWPE [197], and HA/PAEK [198] by eight fold compared to unreinforced HDPE, UHMWPE, and PAEK [187]. However, while most of the HA
reinforced synthetic polymer composites reported in literature show increased
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elastic modulus compared to their un-reinforced polymer matrices, it has been
observed that by increasing the vol.% content of HA greater than the threshold
of the composite its ultimate tensile strength would exhibit a decrease. This is
because the increasing content of HA reduces the interfacial bonding of the
HA particles with the polymer matrix and act as “flaws” which consequently
reduce the mechanical strength of the composite, especially in polymers with
less compliant. The threshold of HA content is different in various composites
and depends on many factors such as HA loading level, HA particle size, HA
composition, polymer chemistry and also the method of reinforcement and
fabrication.

For example, investigation on

HA/thermoplastic polymer

composites such as HA/HDPE, HA/PLLA, and HA/UHMWPE composites have
shown there to be little or no chemical bonding at the HA/polymer interface
[187]. Instead, HA particles were found to be bound to the polymer matrices
using mechanical interlocking for adhesion and attempts to enhance their
chemical bonding through chemically treating and coupling of the HA particles
to the polymer matrices have failed to achieve significant improvements both
in terms of composites internal chemical bonding and also their tensile strength
[199, 200]. HA/acrylics composites on the other hand, such as bis-GMA/TEGDMA, showed significant chemical bonding at the HA/polymer interface
through coupling using silicon molecules [188, 201]. HA/polymer chemical
bonding is especially important in the case of non-resorbable composites as
their mechanical stability determines the implant ability to maintain its integrity
when its interface comes into contact with chemical agents (such as enzymes
and hydrolytes) and undergoes fatigue loading after in vivo implantation [202].
This phenomenon, therefore, has been the reason for the failure of many
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orthopaedic and dental implants to date and despite major scientific efforts to
chemically enhance the mechanical strength of composites reinforced with HA
particles, various obstacles such as concerns for the biocompatibility of the
chemical agents used in the process as well as obtaining Food and Drug
Administration (FDA) approval have limited the use of many orthopaedic or
dental implants to clinical trials. Other methods such as roughened
reinforcement surfaces, anisometric HA reinforcement, and manipulation of
HA particle size reinforcement have been investigated in order to achieve a
stronger HA/polymer bonding without concerns for clinical and FDA approvals
[203]. Small variation of HA particle size in microscale have shown no
significant enhancement on the chemical bonding or mechanical properties of
the HA/polymer composites. For instance, reinforcement of 20 vol.% of 3 – 4
µm size HA particles into polyethylene showed no significant deference in
terms of implant mechanical stability compared to 20 vol.% HA/polyethylene
composites of 7 – 8 µm in size HA particles for dental implants [204]. The nonsignificant effect of variation of HA particle at microscale as well as the fact
that natural bone apatite crystals are nano in size, have led to a recent
excitement on the development of orthopaedic and dental implants using
synthetic

nHA/polymer

nanocomposites.

Synthetic

nHA/polymer

nanocomposites have been shown to enhance osseointegration through
increased surface area, surface hydrophilicity and surface roughness by
encouraging the attachment of transforming growth factor beta (TGF-β), and
VEGF)) that promote the attachment and proliferation of osteogenic cells [205208]. Among different surface modification techniques, increased surface
roughness by nHA nanoparticles enhances osseointegration by increasing
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protein and cell adhesion as well as by creating mechanical interlocks at the
their interface [209, 210]. In terms of mechanical properties, the effect of nHA
on the elastic modulus and ultimate tensile modulus of the composite is
concentration-dependant [187, 196, 211]. However, it should be noted that the
use of nHA nanoparticles, due to the difficulty of uniform discernment of a
nanoscale powder in a viscous polymer matrix, has led to varying reports
published in the literature with no confirmative evidence as to the true size and
nature of the claimed nHA nanoparticles used in developing polymeric
nanocomposites reinforced with nHA.
Moreover, one of the main challenges of mimicking natural bone
characteristics in terms of its vol.% of the apatite content is to maintain
mechanical properties of the composite while achieving a reliable and uniform
mixture of HA/polymer with HA content of above 40 vol.%, an issue that has
been found to be associated with the method of reinforcement [187]. For
instance, it has been shown to be difficult to achieve a homogenous mixture of
above 40 vol.% of HA into HDPE, UHMWPE and PAEK using melt-mixing
processing technique, whereas, using an alternative mixing technique (wet coconsolidation and drying) Roeder et al. managed to mix up to 60 vol.% of HA
into HDPE, despite the fact that they observed significant loss of mechanical
properties of the HA/HDPE composites of above 50 vol.% HA content [195,
196].
Furthermore, various in vitro and in vivo studies have focused on the short and
long term effect of micro and macro-porosity on bone adaptation and new bone
formation as critical design criterion for synthetic HA/polymer bone graft
substitutes since porosity has been shown to effect both the bioactivity and
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mechanical stability of an implant in vivo [51,212]. Recent studies have
demonstrated that the level of microporosity within synthetic ceramic bone
graft substitutes struts determines the implant biological sensitivity in the short
term by enhancing angiogenesis and cell adhesion [213, 214]. In addition, an
increase in either total porosity or strut porosity of the implant has been shown
to accelerate osseointegration [151]. In the long term, however, strut porosity
has been shown to be the determining factor in controlling the adaptive
remodelling nature of the synthetic ceramic/polymer bone graft substitutes in
terms of their mechanical properties and the ultimate bone volume achieved
[158, 212]. This phenomenon was clearly demonstrated by Hing it el. whereby
HA bone graft substitutes of 70 and 80% total porosity were prepared with 10
and 20% strut porosity and implanted in the femoral condyle of 6 month old
New Zealand White rabbits [214]. The authors found a significant increase in
bone volume in both 70 and 80% total porosity HA scaffolds with 20% strut
porosity compared to 10% porosity at week 3. However, at 24 weeks, elevated
bone augmentation was only maintained in 80% total porosity HA scaffolds
with 20% strut porosity and there was no significant change in bone volume in
70% total porosity HA scaffolds with either 10 or 20% strut porosity as well as
80% total porosity HA scaffolds with 10% strut porosity at 12 or 24 week. The
authors attributed their findings to the mechanical disparity amongst the
scaffolds associated with the influence of strut porosity on the mechanics of
the scaffolds as well as the effect of mechano-transduction on controlling the
ultimate bone volume and morphology in the long term. Despite the fact that
recent studies have highlighted the effect of strut porosity on bone
augmentation in the long term, most scientific papers to date have focused on
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total porosity and pore interconnection size of HA/polymer composite bone
graft substitutes by indicating 70 – 90% and 50 – 400 µm to be the optimum
composite porosity and macro pore size, respectively, for enhanced
vascularisation, osteogenic cell adhesion and growth of bone into an implant
[143, 187].

2.7 Polyhedral Oligomeric Silsesquioxane Poly(carbonateurea) Urethane (POSS-PCU)
As discussed in this chapter, various synthetic polymers have been
investigated as matrices for ceramic composites and nanocomposites for bone
repair and augmentation [215, 216]. In this research thesis, a novel copolymer, polyhedral oligomeric silsesquioxane poly(carbonate-urea) urethane
(POSS-PCU) was investigated as a potential matrix for HA incorporation in
order to examine the ability of POSS-PCU to promote bone formation as a
synthetic bone graft substitute or a GBR membrane. POSS-PCU is a novel copolymer developed by covalently bonding the hard segments of POSS (formed
by the interaction of diisocyanate with ethylenediamine in dimethylacetamide
(DMAC) chain extender molecules) to the soft segments of poly carbonate
(urea) urethane (PCU) (Fig. 2.1).
Polyhedral oligomeric silsesquioxanes (POSS) is a type of silsesquioxane
molecule, a novel hybrid material with properties in between those of polymers
and ceramics. The intermediate characteristics of POSS are due to the
inorganic-organic molecular structure of the silsesquioxane. Depending on the
molecular architecture, silsesquioxane are generally categorised into two main
103

types: non-cage structures and nanocage structures, where the latter type is
further sub-classified into random-, ladder-, and partial-cage structures (Fig.
2.2) [217].

104

105

(DMAC), to create POSS-PCU co-polymer.

diol, the soft segment of PCU creating a pre-polymer which is then chain extended with ethylenediamine in dimethylacetamide

methylenebis(phenylisocyanate) (MDI), the hard segment of PCU; followed by reaction with poly(1,6-hexamethylene carbonate)

Figure 2.1 A schematic representation of POSS-PCU molecular structure. POSS is covalently bonded to the 4,4-

Figure 2.2 A schematic representation of chemical bonding and structure
of silsesquioxanes: (ai) non-cage- random, (aii) non-cage-ladder, (aiii) partial
nanocage structure and (b) nanocage structure [129].

POSS has a highly symmetric structure with features at the nanometre scale
(2 to 5 nm); therefore is also regarded as the smallest silica particle [218].
Similar to silicone, POSS is bioinert, has a low inflammatory response, and is
non-toxic and cytocompatible [219]. The prevailing technique to reinforce
polymers with POSS groups is to co-polymerise the POSS macromere with a
suitable host co-monomer in order to achieve an organic-inorganic hybrid copolymer [217]. Based on this system, various other co-polymers have been
developed including but not limited to: PUs, poly(styrene), poly(methacrylate),
epoxies, polyimide, polyolefin, poly(siloxane) and polycarbonate [218, 220223]. Various literature based publications have reported of developing novel
nanocomposites by using the POSS nanosize molecules as nanofillers
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incorporated into other biomaterial polymers, hence, improving the mechanical
and viscoelastic properties of the nanocomposite polymers for applications in
tissue engineering and regenerative medicine [129] [217, 224-226]. However,
upon a closer look at the chemical, physical and structural properties of such
nanocomposites, a potential argument regarding the true nanocomposite
nature of these POSS-reinforced matrices can be raised. Generally a
nanocomposite is described as a nano size filler dispersed in a polymer matrix.
Nanoparticles can be co-polymerissed to a polymer chain and the size of the
POSS molecule (2 to 5 nm) falls within the size range of a nanoparticle (1 to
100 nm). However, upon reinforcement, the pendant POSS molecules have
the ability to form aggregates within the polymer matrix changing from nano to
micro-scale fillers. Therefore, it is a good point to argue that a POSS-reinforced
polymeric matrix is not a nanocomposite but instead is a random co-polymer
formed by homogenous solution co-polymerisation of two oligomers (POSS
and any other suitable polymer, both in solution).
PCU is from the family of polyurethanes (PUs), which because of their
structure/property diversity, are known as one of the most biocompatible
synthetic polymers to date. PCU consist of a crystalline (hard) and an
amorphous (soft) (macromonomer) segments [227]. The hard segment is
composed of diisocyanate and the chain extender, usually a low molecular
weight diol or diamine, while the soft segment is usually a polyol amineterminated polycarbonate (members of PUs family differ from one another
based on their polyol e.g. polyester, polyether, and polycarbonate). The soft
segment of PCU provides elastomeric properties, while the hard segment acts
as an enhancer of the mechanical properties of the material [228].
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Furthermore, the hard and soft segments of PUs tend to separate into their
respective domains and form a phase-separated morphology, the extent of
which depends on the composition and molecular weight of the two segments.
Schollenberger et al. [229] and Zhrahala et al. [230] investigated the effect of
these phase-separated domains, bonded with inter and intra-molecular
hydrogen bonding, on the overall properties of PUs and revealed that by
manipulating the soft or hard segments one can create different ranges of PUs
formulations from rubbery elastomers to impact-modified plastics. This was an
important finding for the field of biomedical sciences as suggested a potential
application of PUs with different hardness/stiffness for the purpose of
biomedical implants. Since then, various members of PUs family gave been
used as biomedical devices and biomaterial scaffolds such as pacemaker
leads, catheters, vascular grafts and prosthetic heart valves [231-234].
Furthermore, PU polymers such as PCU offer great biocompatibility,
thrombogenesis, flexibility, and haemocompatibility [235, 236]. However, they
are known to be biodegradable by hydrolytic and oxidative agents, which occur
mostly at the soft segment of the polymer while the hard segment has a much
higher tendency to remain stable against biodegradation [227].
PUs have been to some extent investigated for orthopaedic and dental
applications as tissue engineered scaffolds, bone graft substitutes and GBR
membranes. Gorna et al. developed porous nanocomposites of 25 wt%
nHA/PU in 5 wt% PU solution in dimethylformamide using phaseseparation/porogen leaching fabrication technique and salt fractions with
particle sizes of 90 – 140, and 300 – 400 µm as porogen [237]. They looked at
the effect of the porogen crystal size on the mechanical properties of the PU
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nanocomposite scaffolds and found that the larger porogen crystal size (300 –
400 µm) significantly decreased the compression strength of the scaffolds
compared to smaller porogen crystal size (90 – 140 µm) (0.04 ± 0.003 and
0.65 ± 0.03 MPa, respectively). Furthermore, they looked at the effect of 25
wt% nHA reinforcement into porous 5 wt% PU solution in dimethylformamide
in terms of the mechanical properties of the nanocomposites and found
improvement on their compression strength but not at a significant level.
However, the authors did not provide any information on the characteristics of
the nHA nanoparticles used in their experiments. Furthermore, the authors did
not elaborate on the nHA and PU bonding at the scaffolds interface as well as
the presence or the absence of the nHA nanoparticles on the surface of their
scaffolds. In another study, Rezwan et al. reviewed the effect of HA and
bioactive glasses reinforcement on the bioactivity of PUs studied by various
authors and reported a consensus significant enhancement of bioactivity in
terms of intracellular and extracellular responses on both glass and ceramic
reinforced PU scaffolds compared to unreinforced PUs [238]. Nielsen et al.
investigated elastic PU as a biodegradable membrane for GBR in adult female
white rabbits by creating identical, 10-mm radius defects in the bilaterally of
each rabbit [239].

The membranes were implanted for 5 weeks and

radiographed weekly. Defects without PU membranes were used as controls.
Upon examining the process of healing and bone augmentation, they found
that PU membrane-treated defects did not show any signs of calcification
during the first 2-3 weeks. At the end of the 5 weeks implantation period, the
periosteal reactions from each side of the membrane showed significant signs
of healing which had united into a thin, but distinct, external callus on the outer
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surface of the membrane. In the case of the control defects, however, it was
observed that the defects had sealed with sclerotic bone, resulting in the
configuration of a non-union. Histological examinations also confirmed that PU
membrane-treated defects healed the site of injury by formation of an external
callus. In addition highly vascularized loose connective tissue was observed.
The authors concluded that the PU membranes acted as a guidance for
periosteum regenerating from the bone ends, therefore, ensuring the
establishment of a callus bridge between the bone fragments. Despite the
positive findings of this study, the authors failed to provide any specifications
in terms of the design or composition of the PU membranes.
A mentioned, PUs are prone to degradation by agents such as oxides and
hydrolytes. However, co-polymerisation of POSS and PUs such as PCU has
shown a significant increase of resistance against biodegradation. This was
found to have resulted from the fact that POSS acts as a protector of the softer
segment of the polymer (PCU) and prevents its degradation [240]. Kannan et
al. investigated degradative resistance of PCU after reinforcement with POSS
nano-sized molecules as small diameter conduit for bypass grafts [241]. 18
wt% POSS-PCU solution in DMAC (at a 2 wt% POSS to PCU concentration)
was synthesised and used to fabricate 5 mm diameter POSS-PCU singlelumen vascular grafts with a closed-pore microporous vessel wall and lumen
by solvent evaporation/induced phase-separation technique. The effect of
degradative solutions (oxidative, peroxidative, hydrolytic and physiological) on
these samples were investigated by implanting grafts in respective solutions
for 70 days and comparing them to undegraded controls. Degradation of
POSS-PCU bypass grafts against hydrolysis, oxidative and peroxidative
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agents were studied in cholesterol esterase and an oxygen donating system,
respectively. While, degradation by plasma proteins was studied using plasma
fractions I to IV by extracting plasma fractions from citrated human plasma.
Fourier transform infrared spectroscopy (FTIR), scanning electron microscopy
(SEM), stress–strain studies and differential scanning calorimetry were used
to assess samples against controls. FTIR and SEM surface analysis of test
samples revealed minimal surface changes despite the prolonged incubation
period. Furthermore, it was confirmed that the bonds within the soft segment
of PCU remained unaffected by degradative agents, which the authors
attributed to the extension of the stable POSS molecules into the soft domains
of PCU and acting as a “wire mesh” to protect the internal bonding between
POSS and PCU as well as reducing phase separation between the soft and
the hard segment of PCU itself. Furthermore, it was shown that degradative
agents did not have any significant effect on the elastic properties or the
thermal (glass transition temperature) of the bypass grafts when compared to
controls. These findings confirmed a strong integration between POSS and
PCU molecules as well as the nanoscale interaction of the POSS nanocages
with the soft segment of PCU. The authors concluded that POSS nanocores
had a shielding effect on the soft segment of PCU, which is responsible for the
compliance and elasticity of the polymer, and protected them from degradation
by plasma proteins, oxidation and hydrolysis. Kannan et al. in another study
investigated the in vivo biocompatibility and biological stability of POSS-PCU
in comparison to PCU by implanting solvent evaporated scaffolds of 23 wt%
POSS-PCU solution in DMAC (at a 2 wt% POSS to PCU concentration) and
PCU scaffolds of the same dimensions into the backs of normal, healthy adult
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sheep (n = 6 for each group) for 36 months [228]. After 36 months, the test
samples and controls were removed and the surrounding capsule was taken
for histopathologic examination. The implanted POSS-PCU scaffolds showed
no signs of inflammation or capsule formation during the implantation period.
However, the control samples had a thick, fibrous and vascular tissue
developed on their surfaces. These findings suggested a foreign body reaction
caused by implanted PCU scaffolds with a high likelihood of causing pain and
implant failure in the future. Furthermore, the authors reported that POSS-PCU
scaffolds did not exhibit any signs of fragmentation or cracking, whereas
control scaffolds showed gross thinning and signs of decreased mechanical
strength compared to un-implanted PCU scaffolds. Furthermore, upon
comparing pre-degradation and post-degradation samples of both POSS-PCU
and PCU scaffolds, the authors confirmed enhanced in vivo degradation
resistance of PCU component of the POSS-PCU scaffolds compared to unreinforced PCU scaffolds as there was no alteration to the carbonate carbonyl
groups (C=O) at 1740 cm1, urethane carbonyl groups at 1637 cm 1 and the CO-C=O groups at 1253 cm1 wavelengths. The authors attributed these findings
to the protective nature of the POSS nanocoage on the soft segment of PCU
and their strong bonding which provided resistance to biodegradation. Despite
the success of the authors to prove the enhancing degradation effect of POSS
on PCU, the study lacked some critical information such as details on polymer
synthesis, scaffold fabrication technique and dimensions as well as the method
by which they analysed gross thinning and mechanical strength of the samples
pre and post- degradation.
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Raghunath et al. however, carried out an accelerated in vitro biodegradation
study on 0.9 mm thick solvent evaporated scaffolds fabricated from 20 wt%
POSS-PCU solution in DMAC (at a 2 wt% POSS to PCU concentration) and
reported a contradictory findings to the two studies explained above [242]. The
authors investigated pre and post degradation PCU (control) and POSS-PCU
samples by immersing them in accelerated enzymatic hydrolysing and
oxidising and peroxidising systems for a period of 8 weeks. There was no
information provided on the method of acceleration of the study as opposed to
a full term biodegradation study. Using FTIR spectroscopy, the authors
confirmed signs of degradation in both the soft and the hard segments of
POSS-PCU and PCU samples as well as in all degradation systems. This was
shown through a general degradation of the PCU in both PCU and POSS-PCU
samples by reduction in bond intensity of the carbonyl segment of carbonate
(COO), the urethane carbonyl groups (NHCOO) and the COC bonds of the
COOC segments of the polymers. There was also a significant change in terms
of the surface topography of all of the degraded samples compared to predegradation as confirmed by SEM imaging. Pre-degradation, all of the samples
had an irregular surfaces with smooth peaks of diffuse granular inclusion,
whereas, post-degradation signs of surface cracking as well as distortion and
merging of the smooth peaks were observed, in particular on the PCU
samples.
The novelty of POSS-PCU, in terms of its physico-chemical properties, has
gained this co-polymer great deal of attention and has led to variety of
investigations in terms of the potential clinical applications of this material
including, but not limited to: synthetic heart valve production, bypass grafts,
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POSS-PCU coated stents and biomaterial scaffolds (Tables 2.3 & 2.4).
Furthermore, this co-polymer has been studied in vitro, in vivo and in human
for the development of the first synthetic trachea (windpipe) and lacrimal duct,
with POSS-PCU showing no significant indications of inflammation even a few
years after implantation in the latter application [243, 244].
As discussed, physico-chemical properties of an implant are crucial factors in
determining its material-cell interaction behaviour both in vitro and in vivo and
consequently at determining the success or failure of the implant in the long
run. A thorough search of the literature based publications on POSS-PCU
shows wide range of reports on the novel physico-chemical properties of this
polymer and their attribution towards POSS-PCU enhanced strength, high
surface area to mass ratio, durability, biocompatibility, haemocompatibility,
anti-thrombogenicity and increased surface topography compared to other
polymers such as PCU [240, 241, 243]. However, upon a closer look at these
publications it becomes apparent that there is not a straightforward way to
compare their findings to one another as there is a lack of consistency and a
robust analytical system especially in terms of POSS-PCU formulation and
fabrication techniques of the samples. This is most distinctive when comparing
POSS-PCU mechanical properties and the surface roughness data reported
by different authors as shown in Table 2.3.
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Table 2.3 A comparison of data reported on various physical properties of POSS-PCU in the literature. Data are represented as mean
± SD.
Author

Kidane et
al. [243]
Ghanbari
et al. [245]
Nayyer et
al. [246]

Weight of
POSS-PCU
Solution in
DMAC
(wt%)
18
20
18

Zhao et al.
[247]
Griffin et
al. [248]

18

Crowley et
al. [249]
Griffin et
al. [250]

18

18

18

Fabrication
Technique

Average
Sample
Thickness
(µm)

Number of
Repeats

Solvent
casting
Solvent
evaporation
Solvent
evaporation
/porogen
leaching
Solvent
evaporation
Phaseseparation/
porogen
leaching
Phaseseparation
Solvent
evaporation
/ porogen
leaching

200

5

100

3

800

6

50

4

800

6

NA

NA

NA

6
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Elongation
at break
(%)

Young’s
Modulus
(MPa)

Average
Surface
Roughness
(Rq) (nm)

55.7 ±
1.7
58.4 ±
1.30
7.48 ±
0.43

745.8 ±
14.7
629.8 ±
6.60
417.08 ±
26

17.3 ±
0.3
NA

NA

5.73 ±
0.17

82.2 ±
11.80

20.63 ±
3.88
0.65 ±
0.02

463.37 ±
35.20
NA

NA

NA

NA

NA

0.84 ±
0.06
NA

283.12 ±
11.37
NA

0.25 ±
0.03
5.52 ±
0.21

NA

Ultimate
Tensile
Strength
(MPa)

NA

NA

Table 2.4 A summery and critical analysis of various applications of POSS-PCU as previously reported in the literature.
Author
Tan et al.
[251]

Chawla et
al. [252]

Type of
Study
In vitro

In vitro

Aims of Study

Findings

Critics

Surface modification of POSS-PCU
scaffolds with covalently attached
endothelial progenitor cell (EPC)specific antibodies, (i.e. anti-CD34
antibodies) as a stent coating for
enhanced capture of endothelial
progenitor cells. Unmodified POSSPCU scaffolds were used as control.

Anti-CD34 antibodies were successfully
bonded to the surface of POSS-PCU scaffolds
through covalent bonds. Functionalisation of
POSS-PCU with anti-CD34 antibodies caused
a change in surface morphology to a granitelike cobblestone appearance due to protein
aggregates. After antibody conjugation,
POSS-PCU scaffolds displayed a reduced
hydrophobicity. Anti-CD34 functionalised
POSS-PCU scaffolds, in contrast to the
controls, lead to an increased propensity for
EPC attachment and differentiation, whilst
maintaining in vitro biocompatibility. These
findings indicated grounds for potential
application of nti-CD34 functionalised POSSPCU as the next generation stent coatings.
The outer layer of the scaffold demonstrated
hydrophobicity and inner layer showed
hydrophilicity. The bilayered scaffolds showed
significantly
higher
Young's
modulus
compared with the Integra bilayer. Significant
increase of ADSCs growth and metabolism on
105 µm pore size inner layer of bilayered
POSS-PCU scaffolds as opposed to 40 and 65
µm pore sizes. No significant difference
between ADSCs growth and metabolism on

Limited investigation into the covalent
bonding of the anti-CD34 antibodies to
POSS-PCU and the durability and
biocompatibility of these bonds.

Development of a bilayered POSSPCU scaffold with a porous
biodegradable inner layer and a nondegradable nano-silver incorporated
outer layer as a dermal scaffold
seeded with adipose tissue–derived
stem cells (ADSCs). Integra Dermal
Regeneration Templates (Integra Life
Sciences, NJ) were used as controls.
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This study did not investigate the
bilayered scaffolds as a whole but as
two separate subjects in many aspects
of the investigation. This is a critical
error as the success or the failure of an
implant is determined by its overall
characteristics and not its individual
components.

105 µm pore size inner layer of bilayered
POSS-PCU scaffolds and Integra scaffolds.
Graft loss due to hematoma formation
underneath the non-degradable nanosilver
incorporated outer layer. These findings
indicated a potential use of the porous layer of
the POSS-PCU scaffolds as a new generation
of skin substitute.

Nayyer et
al. [246]

In vitro

Development of porous auricular
POSS-PCU scaffolds by both solvent
evaporation/porogen leaching or
phase-separation/porogen leaching
and the assessment of physicochemical and material-cell interaction
ability (with mouse fibroblast cells
(3T3 cell line)) of these scaffolds in
comparison to each other and
medical grade high-density porous
polyethylene Medpor sheets (Porex
Surgical, Newnan, GA, USA).

Solvent
evaporation/porogen
leaching
prepared POSS-PCU scaffolds had a
significantly higher maximum tensile strength
than the phase-separation/porogen leaching
scaffolds but not significantly different to
Medpor. Medpor had a significantly greater
Young's modulus compared to both types of
POSS-PCU scaffolds. POSS-PCU scaffolds
prepared
by
phase-separation/porogen
leaching had a significantly higher surface
roughness (Rq = 214.3 ± 12.2 nm, P < 0.001)
compared to those prepared by solvent
evaporation/porogen leaching (Rq = 82.2 ±
11.8 nm). No significant differences in the
metabolic activity or collagen production by
3T3 cell were observed between the two types
of POSS-PCU scaffolds. However, compared
to Medpor POSS-PCU scaffolds showed a
significantly higher collagen production.

117

Confusing and limited information on
the porous nature of the inner layer and
the effect of pore size, porosity and pore
interconnectivity on cell attachment and
differentiation. In addition, ingrowth of
cells into the pores was not assessed.
Very limited investigation into or
interoperation of the findings of the nondegradable nanosilver incorporated
outer layer.
Overall this was a well-planned study.
However, as porogen leaching leads to
the production of a porous structure it is
important to compare the results to nonporous scaffolds as well as to Medpor.
The porosity % of the scaffolds was only
investigated as a theoretical value
using mathematical equations and the
actual porosity of the scaffolds was not
measured. Despite the non-significant
differences in terms of material-cell
behaviour of 3T3 cells on POSS-PCU
scaffolds and Medpor, the authors’
justification for the novelty of the
material as an alternative biomaterial
for auricular surgical reconstruction is
not fully supported.

Crowley et
al. [249]

In vitro and
in vivo

Surface modification of POSS-PCU
scaffolds by surface dusting with
NaHCO3, NaCl and sucrose to
enhance primary human bronchial
epithelial cells (HBECs) integration of
a synthetic bioscaffold. Test subjects
were
implanted
either
subcutaneously or into the dorsal
muscle
of
C57BL/6
immunocompetent mice for 4 or 8
weeks.
Unmodified
POSS-PCU
scaffolds were used as control.

The sucrose-dusted scaffolds, due to their
grain size, were the most permeable surfaces
compared to NaHCO3 and NaCl dusted
surfaces. Average grain size evaluation by
SEM revealed that NaHCO3, NaCl and
sucrose
had
increasing
grain
sizes
respectively, which led to an increase of
average pore size according to the porogen
used. There was no significant difference in
the cellular metabolic activity on the dusted
POSS-PCU
scaffolds
with
unmodified
scaffolds. Examination of the integration of
surface-modified POSS-PCU in vivo revealed
enhanced cellular integration in the sucrosedusted scaffolds compared to unmodified
scaffolds with sucrose-dusted POSS-PCU
showing the highest cellular infiltration and
matrix deposition in vivo.

Griffin et
al. [250]

In vitro

Development of mechano-responsive
POSS-PCU scaffold by Fumed silica
(OH) and fumed amine (NH2)
functionalisation for the control of

OH modified POSS-PCU scaffolds showed
significantly increased surface roughness and
bulk elastic modulus. Functionalisation of the
scaffolds with NH2 showed a two-fold increase
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The authors concluded that surface
modification of POSS-PCU with
porogen dusting is a necessary route to
take for developing organs with a
barrier function such as trachea. This
was basically based on enhanced in
vivo activity of sucrose-dusted POSSPCU scaffolds. However, this may be
explained by the fact that sucrose grain
size were bigger than the other two
porogen hence allowing for increased
cell aggregation inside the porous
structure and not associated with the
type of porogen. Hence, any porogen
with similar grain size to sucrose could
elicit a similar outcome. Furthermore,
the method of dusting was carried out
without chemical bonding to the surface
(porogens were sprinkled onto the
scaffold surfaces) and the authors did
not investigate potential disruption of
the flat luminal surface of the scaffolds.
Lastly, there was no direct discussion
as to how the findings of this study are
relevant for developing a synthetic
bioscaffold.
The authors claim to have controlled
HDF cellular activity by modifying
mechanical properties and surface
roughness of POSS-PCU through

Jungebluth
et al. [244]

Human
implantation

Human dermal fibroblasts (HDF)
primary cells function. Unmodified
POSS-PCU scaffolds were used as
control.

in elastic modulus compared to POSS-PCU
and OH-POSS-PCU scaffolds. There was no
significant difference in the metabolic activity
and growth of HDF cells on modified and
unmodified POSS-PCU scaffolds. Scaffolds
with NH2 showed increased collagen
production compared to the other POSS-PCU
and OH-POSS-PCU scaffolds and were able
to lay down ECM to a greater degree.

biofunctionalisation with OH and NH2.
However, there was no discussion on
the bonding of OH or NH2 to POSSPCU molecules and if they were
present on the surface of the scaffolds.
The scaffolds were made porous using
porogen, however, there was little
information on the porosity, pore size,
or pore interconnectivity of these
scaffolds and the effect of a porous
structure on cellular activity with or
without functionalisation with OH and
NH2.

Clinical implantation of a patient
specific
synthetic
POSS-PCU
tracheobronchial airway reseeded ex
vivo with mononuclear cells (MNCs)
in a 36 year old male patient with
recurrent primary trachea cancer
treated previously with debulking
surgery and radiation therapy.

Ex vivo reseeding of MNCs were carried out in
a bioreactor for 36 h prior to implantation. SEM
and confocal microscopy confirmed MNCs
anchoring to the scaffold. One week after
implantation presence of necrotic connective
tissue associated with fungi contamination and
neoformed vessels was confirmed by biopsy.
Two month after implantation biopsy samples
showed large granulation areas with initial
signs of epithelialisation and more organised
vessel formations. There was no sign of
infection. Follow up after 5 month confirmed
the patient is asymptomatic, breathes
normally, and is tumour free. Improved lung
function was confirmed compared with
preoperatively.

There was very limited information on
the method of fabrication and
composition of the POSS-PCU trachea
developed specifically for this patient.
Description of cell reseeding as
opposed to seeding of cells was
ambiguous. There was no mention of
sterilisation method used to disinfect
the implant prior to cell seeding or
clinical implantation. There was very
limited investigation on the cellular
activity of MNCs on the implant during
the incubation time in the bioreactor and
prior to implantation. There was no
investigation on the mechanical
properties and stability of the implant,
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pre and post- operation as well as in the
long term.
There is a great deal of controversy
surrounding the application of this
biotrachea in human as despite the
group of researchers and surgeons
involved in developing and transferring
POSS-PCU based trachea to patients
claiming to have improved patients
quality of life without any complications,
many documents have surfaced that
show patients in recipient of these
trachea had a prolonged and painful
death due to the growth of scar tissue
and mucus as well as bacterial and
fungal infection plaques that led to the
implant becoming loose and failing as it
did in the patient operated in Jungebluth
et al. [244], who died 2 years after the
transplantation.
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From my point of view, various discrepancies and controversies surrounding
POSS-PCU based research arises from a lack of standards that would enable
all of the researchers working with this material to work individually but also as
part of a team. Therefore, in my opinion, the following improvements should
be implanted to avoid conflicting data when it comes to research based on
POSS-PCU:
1) Communication between the researchers should be improved significantly.
This could be through in-depth intra-departmental seminars or group
discussions. This way, ideas, experimental obstacles, and recent findings
can be discussed which could provide knowledge to colleagues and also
avoid work or mistakes repetition by others.
2) POSS-PCU is made by a third party and provided to the researchers. In
some cases, a newly synthesised batch of POSS-PCU could be different
to the previous or the next one synthesised leading to changes in the
properties of the polymeric solution and consequently the final implant.
Therefore, quality control of every batch of newly synthesised POSS-PCU
polymer is crucial to avoid conflicting data.
3) Most procedures such as the fabrication of POSS-PCU scaffolds are
carried out manually and by individual researchers, therefore, leading to
small or sometimes large differences in the texture, morphology and
characteristics of the polymer scaffolds. This is probably one of the main
reasons as to why properties such as mechanical properties of POSS-PCU
are different in various publications. Therefore, standardisation and
automation of procedures as well as quality control checks are crucial to
avoid conflicting data.
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Chapter 3: Aims of Thesis
The complications and hurdles of bone repair and regeneration with autografts
“the gold standard treatment option” as well as the need for an ideal biomaterial
for the development of synthetic bone grafts substitutes with desired bioactivity
and mechanical properties have previously been discussed in Chapters 1 and
2. The overriding aim of this thesis is to design and develop clinically applicable
films of HA/POSS-PCU as synthetic bone graft substitutes and membranes for
GBR applications for the purpose of bone repair, augmentation and new bone
formation. To achieve this, and based on the design criterion of other
biomaterials of similar nature discussed in the previous chapter, HA/POSSPCU composites should offer biocompatibility and strength in terms of
mechanical properties (determined by the type and size of the defect), should
favour cell attachment, growth and differentiation towards new bone formation,
and should also be bioactive to interact with the surrounding tissue to promote
repair and regeneration at the site of defect. The surface chemistry and
topography of such constructs should also be of optimum as these play
important role in promoting protein adsorption and subsequently cellular
behaviour. Furthermore, they should have optimum porosity, interconnectivity
and pore interconnection size to allow bone ingrowth and osteon formation.
The hypothesis of this research thesis is that HA/POSS-PCU composites, can
be used as a viable option of bone graft substitutes or GBR membranes for
bone grafting and bone augmentation applications. To support this hypothesis,
HA/POSS-PCU composite films of various weight concentrations (wt%) of HA
particles incorporated into 18 wt% POSS-PCU solution in DMAC were
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developed, investigated and compared to films fabricated from 18 wt% POSSPCU solution in DMAC and other relevant controls.
As a novel polymer, various potential applications of POSS-PCU have been
investigated in the past (as discussed in Section 2.7). However, as with any
other novel material, its full potentials and applications are still unknown and I
aim to expand our understanding of POSS-PCU by investigating its potential
applications in the field of nanotechnology and regenerative medicine. Bone
grafting and augmentation are a good example of such avenues and
determining the potential applications of POSS-PCU in these areas form the
basis of research in my thesis. The particular aims of this work are as followed:

1. To design and develop HA/POSS-PCU composite films based on 18
wt% POSS-PCU co-polymer as bone graft substitutes/GBR membranes.
- To investigate the most suitable technique for the incorporation of HA
particles into POSS-PCU.
- To investigate the most suitable fabrication technique and the concentration
of HA content (relevant to POSS-PCU).
- To investigate the physico-chemical properties of these novel constructs
(including surface structure and morphology, surface wettability, chemical
composition, mechanical properties and surface topographical features) for
bone grafting and augmentation applications.
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2. To evaluate, in vitro, the biological interactions of various
concentrations

of

HA/POSS-PCU

composite

films

with

SaOS-2

(osteoblast-like cells) and human osteoblast cells (Hob).
- To investigate and compare the physico-chemical properties of different
concentrations of HA/POSS-PCU with that of POSS-PCU.
- To investigate the cellular behaviour of osteogenic cell lines, in terms of cell
attachment, proliferation, ALP production, bone nodule formation and
morphology, on these novel composites and compare them to those of 18 wt%
POSS-PCU and other controls.
- To determine the optimum ratio of HA/POSS-PCU content based on the
observed physico-chemical and cellular behaviour of the composite films.
3. To evaluate the HA exposure on the surface of the optimum ratio of
HA/POSS-PCU composite films.
- To investigate if HA is exposed on the surface of the constructs or is
encapsulated by POSS-PCU.
- To determine and compare the bioactivity of the novel HA/POSS-PCU
composite films to that of 18 wt% POSS-PCU films through accelerated
simulated body fluid studies as a convenient and cost effective screening
technique.
4. To evaluate optimisation of the HA/POSS-PCU composite films
thorough surface topography manipulation and by developing 3D
(porous) constructs.
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- To determine the effect of manipulation of topographical properties of
constructs on their physico-chemical properties, by solvent etching their
surfaces and introducing porosity.
- To determine the effect of manipulation of topographical properties of
constructs on their level of interaction with osteogenic cells, by solvent etching
their surfaces and introducing porosity.
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Chapter 4: Materials and Methods
This chapter describes materials and methods used in the subsequent
experimental chapters.

4.1 Polymer Synthesis, Design and Fabrication
4.1.1 POSS-PCU Synthesis
18 wt% POSS-PCU solution in DMAC was prepared and provided by the
Division of Surgery & Interventional Sciences (UCL, UK) under the supervision
of Mr Arnold Darbyshire as previously described [241].

4.1.2 Incorporation of Hydroxyapatite (HA) into POSS-PCU
Co-polymer
Synthetic HA particles of ≤ 200 nm in size were purchased from Sigma Aldrich,
UK (product code: 677418; appendix I). It should be noted that according to
the manufacturer this product is a nano-powder with a specific surface area of
9.4 m2/g. However, due to the lack of confirmative evidence and the fact that
true nanomaterials are expected to have a significantly higher specific surface
area (to reflect their highly sub-micronised structure) this research thesis is
based on the assumption that the synthetic HA powder used for experimental
purposes contain nm sized crystallites but within micron sized powder
particles.
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Two HA incorporation techniques were employed in this thesis; 1) prepolymerisation mixing of HA particles into 18 wt% POSS-PCU polymeric
solution in DMAC and 2) manually mixing of HA particles into 18 wt% POSSPCU polymeric solution in DMAC.
Pre-polymerisation mixing of HA particles into POSS-PCU was carried out and
provided by the Division of Surgery & Interventional Sciences (UCL, UK) under
the supervision of Mr Arnold Darbyshire. In this incorporation technique the
concentration of HA particles incorporated into POSS-PCU was limited to 5
wt% HA in 18 wt% POSS-PCU solution in DMAC as incorporation of higher
concentrations was limited by the polymer synthesis reactor vessel available
to the department.
In the manually mixing technique, a UIP1000-Exd Ultrasonic Mixer (Hielscher
Ultrasonic GmbH, Germany) was used to disperse 5, 10, 30 and 50 wt% HA
(in respect to 18 wt% POSS-PCU solution in DMAC) in 0, 5, 10, and 15 g of
pure DMAC, respectively, before incorporation into 18 wt% POSS-PCU
solution in DMAC. Dispersed HA particles in DMAC were then added to 18
wt% POSS-PCU solution in DMAC and the mixtures were dispersed and
degassed using a Thinky AER 250 mixer (Intertonics, Kidlington, UK).
The mathematical calculations carried out to work out the precise weights (g)
of HA particles, corresponding to the different weight concentrations (wt%) of
HA particles to be incorporated into 18 wt% POSS-PCU solution in DMAC
were calculated based on Equation 4.1 in Section 4.1.3.
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4.1.3 Fabrication of POSS-PCU Films and HA/POSS-PCU
based Composite Films

Four fabrication techniques were employed in this research thesis; 1) reverse
3D printing, 2) solute exchange induced phase-separation, 3) solvent
evaporation

(casting)

and

4)

solute

exchange

induced

phase-

separation/porogen leaching.

-

Reverse 3D Printing

In order to investigate the load-bearing application of HA incorporated POSSPCU composite films in bone augmentation, cutting edge 3D printing
technology was used to develop 18 wt% POSS-PCU and 5 wt% HA/POSSPCU lumbar spinal fusion cages.
POSS-PCU is a non-thermoplastic polymer and not compatible for printing by
most 3D printers already available in the market. Separate to this research
thesis, I was involved in a group research project with the aim of developing a
compatible printer to the non-thermoplastic POSS-PCU. To achieve this, we
developed a 3D printer device based on the RepRap Mendel open source
prototype, which is a freely accessible technology under the GNU General
Public Licence and compatible to print most commercially available
thermoplastic polymers such as PVA and PCL (full details in Chapter 5) [172]
[253]. We employed a reverse strategy, whereby PVA, a water-soluble,
thermoplastic and 3D printable polymer, was used to create a negative mould
of a spinal fusion cage under the printing parameters presented in Table 4.1.
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Table 4.1 3D Printing parameters.
Temperature of the heating nozzle

250 °C

Temperature of the heated printing platform

120 °C

Nozzle diameter

0.35 mm

Print speed

10 mm s-1

Fill density

50%

Individual layer height

0.25 mm

Design dimensions (length x width x height)

9.5 x 8 x 6.5 mm

Printing of the PVA moulds involved using CAD software (Autodesk Inventor
Professional 2014, Autodesk, USA) equipped with slicing software. The slicing
software converted the data-file into Gcode (codes for the printer parts
movements), allowing for the printer to recognise the 3D structure and
dimensions (9.5 x 8 x 6.5 mm) of the PVA moulds to be printed. The slicing
software used a grid format to print a rectilinear infill object (in a mesh
structure) with melted and extruded PVA polymer, resulting in the formation of
a 3D printed PVA mould with 50% fill density (percentage of the printed
construct volume that is filled with PVA polymer) (n = 12).
The printed PVA moulds were removed from the printer’s platform and their
grids were injected with 1.5 ml of 18 wt% POSS-PCU solution in DMAC,
manually mixed 5 wt% HA/POSS-PCU solution in DMAC and pre133

polymerisation mixed 5 wt% HA/POSS-PCU solution in DMAC (n = 3 for each
of the polymeric solutions) using 2 ml syringes with Luer Lock design (Muzamal
Ventures, UK) and 25 G needle (NU-CARE, Ltd, Bedfordshire, UK). The
moulds were then placed in an air-circulating oven at 65 °C for 5 h in order for
POSS-PCU to set into the shape of the PVA moulds and also for DMAC to
evaporate from samples. At the end of the 5 h drying period, the constructs
were then immersed into distilled water for 12 h, which allowed the water
soluble PVA moulds to dissolve and leave behind 18 wt% POSS-PCU, 5 wt%
manually mixed HA/POSS-PCU and 5 wt% pre-polymerisation mixed
HA/POSS-PCU lumbar fusion cages. It should be noted that the reverse
printing of HA/POSS-PCU based spinal fusion cages was limited to 5 wt% HA
incorporation due to the limitations imposed by the polymer synthesis reactor
vessel available to this research for the pre-polymerisation HA incorporation
technique.

-

Solute Exchange Induced Phase-separation

Solute exchange induced phase-separation technique is another fabrication
technique used in this research thesis to fabricate polymeric films from POSSPCU and HA/POSS-PCU polymeric solutions in DMAC. In this technique a
pre-calculated amount of polymer was coated onto a desired mould of known
dimensions, which is then immersed into a nonsolvent bath which results in
the formation of a polymeric film through phase separation and the exchange
of the nonsolvent/solvent molecules. The exchange between the solvent
(DMAC) and nonsolvent molecules (H2O), due to the loss of solvent and
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diffusion of the nonsolvent molecules into the polymer, causes microvoids of
approximately 10 – 50 µm in size to form within the structure of the final
polymeric films. In this research thesis, 18 wt% POSS-PCU and HA/POSSPCU (at 5, 10, 30 and 50 wt% HA to the solid 18 wt% POSS-PCU solution in
DMAC) composite films of 300 µm in thickness were prepared by solute
exchange induced phase-separation technique, whereby negative 10 x 10 cm
stainless steel moulds were coated with a pre-calculated amount of 18 wt%
POSS-PCU solution in DMAC, manually mixed 5 wt% HA/POSS-PCU solution
in DMAC and pre-polymerisation mixed 5 wt% HA/POSS-PCU solution in
DMAC (Section 4.1.4) and then each of the moulds were immediately
immersed into a bath of deionised water for 24 h, during which time most of
the DMAC content of the polymers was exchanged with deionised water
leading to the fabrication of polymeric films with random microvoids (pores).

-

Solvent Evaporation (Casting)

Solvent evaporation (casting) is a simple technique to fabricate a polymeric
film of designed dimension by transferring a polymer from its solution phase in
solvent to a solid phase by evaporating the solvent. In this method a precalculated amount of the polymeric solution is poured onto a mould of known
dimensions and the solvent is removed by heat, which leads to the casting of
a non-porous polymeric film in the shape of the mould. In this research thesis,
non-porous 18 wt% POSS-PCU films and HA/POSS-PCU (at 5, 10, 30 and 50
wt% of the solid 18 wt% POSS-PCU solution in DMAC) composite films of 300
µm in thickness were prepared by solvent casting technique, whereby negative
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10 x 10 cm stainless steel moulds were coated with a pre-calculated layer of
18 wt% POSS-PCU solution in DMAC and 5, 10, 30 and 50 wt% HA/POSSPCU solutions in DMAC (Section 4.1.4) and placed in an air-circulating oven
at 65 °C overnight for the solvent to evaporate. It should be noted that the
addition of different amounts of DMAC (for the purpose of dispersing HA
particles) to 18 wt% POSS-PCU solution in DMAC changes the final weight of
the mixture and the final weight of the composite in 100 g of 18 wt% POSSPCU solution in DMAC (Table 4.8 in Section 4.1.4), which consequently result
in the dilution of the final weight concentration of POSS-PCU in the mixture.
The addition of extra DMAC also changes the final weight concentration of the
composites in the 18 wt% POSS-PCU solution in DMAC as shown in Table
4.9 in Section 4.1.4.
The principal difference between the solvent casting and solute exchange
induced phase-separation technique is based on the method of removal of
DMAC, whereby the latter technique, due to the exchange of water molecules
with DMAC molecules, leads to the creation of a randomly porous film
(microvoids of appx. 10 – 50 µm in size) as opposed to a non-porous film
created by solvent evaporation/casting technique. Due to the negative effect
of these random microvoids on the mechanical properties of polymeric films
(as shown in Chapter 5) as well as for simple comparison (smaller variables)
between the three fabrication techniques employed in this research thesis, the
use of solute exchange induced phase-separation fabrication technique was
limited to 18 wt% POSS-PCU, manually mixed 5 wt% HA/POSS-PCU and prepolymerisation mixed 5 wt% HA/POSS-PCU polymeric solutions in DMAC and
not in higher concentrations of HA incorporated POSS-PCU solutions in
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DMAC. Furthermore, Table 4.10 in Section 4.1.4 summarises the final
weights of 18 wt% POSS-PCU and different weight concentrations (wt%) of
HA/POSS-PCU polymeric solutions to be poured onto a 10 x 10 cm stainless
steel mould to fabricate polymeric films of 300 µm in thickness regardless of
solvent evaporation technique (casting) or solute exchange induced phaseseparation fabrication techniques employed.

-

Solute Exchange Induced Phase-separation/Porogen Leaching

Particulate leaching is a popular and simple technique of creating porous
polymeric films using porogens such as salt, wax and sugars. In order to create
porous polymeric films with controlled (pre-designed) porosity and pore size,
often porogen leaching and solute exchange induced phase separation
fabrication techniques are combined together, whereby a porogen of known
amount and particle size is mixed with a polymeric solution and then immersed
into a bath of nonsolvent. This leads to the release of the solvent as well as
leaching of porogen crystals out of the polymeric matrix. The exchange
between the porogen crystals and water molecules forms a polymeric film with
designed porosity and pore size (as opposed to the random pores created by
solute exchange induced phase separation fabrication technique on its own).
In this research thesis, porous 18 wt% POSS-PCU films and porous 50 wt%
HA/POSS-PCU composite films of 300 µm in thickness were prepared by
combining porogen leaching with solute exchange induced phase-separation
technique. Here, in order to control the consistency of the porosity of the films
at 50% porous, sodium chloride (NaCl) particles of 150 - 250 µm in size were

137

mixed into 18 wt% solution of POSS-PCU in DMAC containing 2 g of TWEEN
20 surfactant (Sigma Aldrich, UK). The weight ratio of NaCl to 18 wt% POSSPCU solution in DMAC was controlled to 1:1 (hence, for 50% designed
porosity, for every 100 g of 18 wt% POSS-PCU solution in DMAC, 100 g of
NaCl was added to the mixture). Previously, the desired (150 - 250 µm)
average size of NaCl particles were obtained by sieving NaCl particles using
a stainless steel sieving device (Fisher Scientific, UK). The mixture of
NaCl/POSS-PCU was then dispersed (800 rmp-1 min followed by 2000 rmp20 second) and degassed (2000 rmp-1 min followed by 1500 rmp-30 second)
using a Thinky AER 250 mixer (Intertonics, Kidlington, UK). This step allowed
for the processes of mixing and bubble removal to be carried out
simultaneously.
In order to fabricate porous films of NaCl/POSS-PCU films, using the solute
exchange induced phase-separation/porogen leaching technique, negative 10
x 10 cm stainless steel moulds were coated with a pre-calculated layer of the
NaCl/POSS-PCU mixture (Table 4.11 in Section 4.1.4). The moulds were
then immediately immersed into a bath of deionised water for 24 h, during
which time most of the DMAC content of the polymer was exchanged with
deionised water and the particles of NaCl had leached out of the mixture,
resulting in the formation of porous 18 wt% POSS-PCU polymeric films. After
the first 24 h, deionised water was regularly refreshed, and hence, the
constructs were washed for an additional 72 h to ensure the complete removal
of NaCl and DMAC.
In order to create porous 50 wt% HA/POSS-PCU composite films similar
porogen mixing and solute exchange induced phase-separation technique, as
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described above, were employed. However, prior to the addition of NaCl, HA
particles (at 50 wt% of the 18 wt% POSS-PCU solution in DMAC) were
incorporated into the 18 wt% POSS-PCU solution in DMAC by manually mixing
HA incorporation technique, as previously discussed in Section 4.1.2.
The addition of NaCl particles affects the final POSS-PCU and composite
concentration in the mixture. Table 4.11 in Section 4.1.4 represents the final
amounts of the NaCl+HA/POSS-PCU composites in 100 g of 18 wt% POSSPCU solution in DMAC required to be poured onto the stain steel moulds to
fabricate 50% porous 18 wt% POSS-PCU films and 50% porous 50 wt%
HA/POSS-PCU composite films of 300 µm in thickness. It should be noted that
porosity was used (Chapters 7 and 8) as a method of further optimisation of
the optimum HA/POSS-PCU composite films (in terms of physico-chemical
and material-cell interaction abilities), which was shown to be 50 wt%
HA/POSS-PCU composite films (Chapter 6).
Step by step mathematical calculations used to calculate the precise amount
of polymer, HA, and porogen to be mixed in order to fabricate porous and nonporous 18 wt% POSS-PCU films and HA/POSS-PCU based composite films
for experimental purposes of this research thesis is described in Section 4.1.4.
Furthermore, upon fabrication of samples, the theoretical density of 18 wt%
POSS-PCU and different weight concentrations (wt%) of HA/POSS-PCU
composite films as well as their theoretical Young’s modulus were calculated
using Equations 4.2 – 4.8, also described in detail in Section 4.1.4.
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4.1.4 Mathematical Calculations For the Fabrications of
Samples
This section describes in detail the mathematical calculation used to fabricate
porous and non-porous 18 wt% POSS-PCU films and varying weight
concentrations of HA/POSS-PCU composite films developed for experimental
purposes of this research thesis.
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In 100 g of an 18 wt% POSS-PCU Solution in DMAC:

Weight of POSS-PCU (g) = 18
Weight of DMAC (g) = 82

During fabrication process, DMAC is evaporated/released and only POSSPCU (82 g) remains in the final construct.

To Calculate X wt% of HA in the Final Composites:

The weight (Y) of HA in g is required to be added to 100 g of an 18 wt% POSSPCU in DMAC.

Y (g) =

(18 x X/100)
(1- X/100)

Eq. 4.1

Where Y is the weight of HA in g and X is the weight percent of HA to 18 wt%
POSS-PCU (Table 4.2).
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Table 4.2 HA weight (g) in 100 g of HA/POSS-PCU solution in DMAC
corresponding to different weight percentage (wt%) of HA in 100 g of
HA/POSS-PCU solution in DMAC.

HA Weight Percentage (wt%)
in 100g of Composite

HA weight (g) in 100g
of Composite*

5

0.95

10

2.00

30

7.71

50

18.00

* is the weight (g) of HA added to 100 g of an 18 wt% POSS-PCU solution in
DMAC in order to achieve the required weight concentration of HA to POSSPCU (wt%) in the final construct.

Based on the different masses of HA incorporated into 18 wt% solution of
POSS-PCU in DMAC (Table 4.2) and the density of individual components of
the composites (Table 4.3) the volumes (cm3) of different weight
concentrations of HA (Table 4.4) was calculated as below:
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Table 4.3 Density (g/cm3) of individual components used in the fabrication of
porous and non-porous HA/POSS-PCU composite films.

Density (g/cm3)
Pure POSS-PCU

1.15

Pure NaCl

2.16

Pure nHA

3.15

Density (g/ cm3) =

Mass (g)
Volume (cm3 )

Volume of HA in 100g

Weight of HA in 100g

of composite =

Density of HA

Eq. 4.2

Volume of POSS-PCU

Weight of POSS-PCU in 100g

in 100g of composite =

Density of POSS-PCU
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Eq. 4.3

Eq. 4.4

Table 4.4 Volumes (cm3) of different weight percentages (wt%) of HA and 18
wt% POSS-PCU in 100g of HA/POSS-PCU solutions in DMAC.

HA Weight Percentage
(wt%) in 100g of
Composite

HA Volume (cm3)
in 100g of
Composite

POSS-PCU Volume
(cm3) in 100g of
Composite

5

0.30

15.65

10

0.63

15.65

30

2.45

15.65

50

5.71

15.65

Based on Equations 4.3 and 4.4, the volume fraction (the percentage of filler
volume in respect to the volume of a filler-reinforced composite material as a
whole) of HA and POSS-PCU (Table 4.5) were calculated as followed:

Volume fraction of HA in 100 g of composite =
Volume of HA in 100g of composite
Volume of HA in 100g of composite + Volume of POSS−PCU in 100g of composite

Eq. 4.5
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Volume fraction of POSS-PCU in 100 g of composite =
Volume of POSS−PCU in 100g of composite
Volume of POSS−PCU in 100 g of composite + Volume of HA in 100 g of composite

Eq. 4.6

Table 4.5 Volume fractions of different weight percentages (wt%) of HA and
18 wt% POSS-PCU in 100 g of HA/POSS-PCU solutions in DMAC.

HA Weight Percentage
(wt%) in 100g of
Composite

Volume Faction of HA
in 100 g of Composite

Volume Fraction of
POSS-PCU in 100 g of
Composite

5

0.02

0.98

10

0.04

0.96

30

0.14

0.86

50

0.27

0.73
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Theoretical Densities of the Composites

Using the HA and POSS-PCU volume fractions the theoretical densities of
different weight percentages of HA/POSS-PCU composites (Table 4.6) can be
calculated based on the rule of mixture as below:

Density of HA/POSS-PCU composite = [Volume fraction of HA x density of
HA) + (Volume fraction of POSS-PCU x density of POSS-PCU)]

Eq. 4.7

Table 4.6 Theoretical densities of different weight percentages of HA/POSSPCU composite films.

HA Weight Percentage
(wt%) in 100g of
Composite

Theoretical Density of
HA/POSS-PCU
Composite (cm3)

5

1.19

10

1.23

30

1.42

50

1.68
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Theoretical Mechanical Properties of the Composites

According to the rule of mixture, using the volume fraction of HA and 18 wt%
POSS-PCU obtained from Equations 4.5 and 4.6, the theoretical mechanical
properties (Young’s modulus) of HA/POSS-PCU composites (Table 4.7) can
be calculated as followed:

Theoretical Young’s modulus of HA/POSS-PCU composite = (Volume fraction
of HA x theoretical Young’s modulus of HA*) + (Volume fraction of POSS-PCU
x theoretical Young’s modulus of POSS-PCU*)

Eq. 4.8

* Assuming the theoretical Young’s modulus of HA and POSS-PCU to be 80
GPa and 22.5 MPa, respectively.
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Table 4.7 The theoretical Young’s modulus of different weight percentage
(wt%) of HA/POSS-PCU composites predicted based on the rule of mixture.

HA Weight Percentage
(wt%) in 100g of
Composite

Theoretical Young’s
Modulus of HA/POSSPCU Composite (GPa)

5

1.62

10

3.22

30

11.22

50

21.62

Furthermore, the effect of addition of extra DMAC (for the purpose of
dispersing HA particles) on the final total weight of the mixture and the total
weight of the composites is presented in Table 4.8.
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Table 4.8 The effect of addition of extra DMAC on the final total weight of the
mixture and the total weight of the composites in 100 g of 18 wt% POSS-PCU
solution in DMAC.

Per 100g of 18 wt% POSS-PCU Solution in DMAC

Weight
of HA
(g)

Weight
of Extra
DMAC
(g)

New
Total
Weight
of the
Mixture
(g)

Total
Weight of
Composite
in Mixture
(g)

0

0

0

100.00

18

82

5

0.95

0

100.95

18.95

18

82

10

2.00

5.00

107.00

20.00

18

82

30

7.71

10.00

117.71

25.71

18

82

50

18.00

15.00

133.00

36.00

Weight
of
POSSPCU (g)

Weight
of
DMAC
(g)

Weight
Percentage
of HA
(wt%)

18

82

18
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The final concentration of POSS-PCU in the mixture (Table 4.9) was
calculated based on the new total weights of the mixtures and the total weights
of the composite in 100 g of 18 wt% POSS-PCU solution in DMAC as below:

The final concentration of POSS-PCU in the mixture (wt%) =
Weight of POSS − PCU (g)
New total weight of the mixture (g)

Eq. 4.9

The final concentration of the HA/POSS-PCU composite in the mixture (wt%)
=
Weight of POSS − PCU (g) + wieght of HA
New total weight of the mixture (g)

Eq. 4.10
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Table 4.9 The final 18 wt% POSS-PCU concentrations and the final
HA/POSS-PCU composite concentration in 100 g of 18 wt% POSS-PCU and
different weight concentrations of HA/POSS-PCU composite in 100 g of 18
wt% POSS-PCU solution in DMAC based on the addition of DMAC to the
mixtures.

HA Weight Percentage
(wt%) in 100g of
Composite

Final POSS-PCU
Concentration in the
Mixture (wt%)

Final HA/POSS-PCU
Composite
Concentration in the
Mixture (wt%)

0

18.00

18.00

5

17.83

18.77

10

16.82

18.69

30

15.29

21.84

50

13.53

27.07

In order to keep the thickness of the final constructs consistent, the amount of
composite in the polymeric solution to be poured onto the stain steel moulds
(Table 4.10) were precisely calculated as below:
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Assuming the required thickness of the films is to be kept at 300 µm and based
on the dimensions of the mould (10 x 10 cm), then the volume of the mould
would be:

Volume (cm3) = Area of the mould x film thickness (cm)

Eq. 4.11

Therefore the volume of the moulds used for the fabrication of the films were
3 cm3 (10 x 10 x 0.03).

Based on the theoretical densities calculated using Equation 4.7, the weight
percentage (wt%) of the composites in 18 wt% POSS-PCU solution in DMAC
was converted into the volume of composites in 100 g of 18 wt% POSS-PCU
solution in DMAC as Below:

Volume of composite in 100 g of 18 wt% POSS-PCU =
Final composite concentration in the mixture
Composite Theoretical density (g/cm3 )

Eq. 4.12
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Furthermore, the volume fraction and the final amount of mixture to be poured
onto the mould for each of the composites in suspension should be calculated
as below:

Volume fraction required =

Volume of the mould
Volume of composite in 100g of suspension (cm3 )

Eq. 4.13

The final amount of mixture to be poured onto the mould (g) =
Volume fraction x 100

Eq. 4.14
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Table 4.10 The final weight of the mixtures (based on their HA/POSS-PCU
composite composition) to be poured onto the 10 x 10 cm stainless steel
moulds to fabricate films of 300 µm in thickness.

HA Weight Theoretical Volume in
Percentage
Density
100g of
(wt%) in
(g/cm3)
Suspension
100g of
(cm3)
Composite

Volume
Fraction
Required

Final Weight
of Mixture
Required on
the Mould (g)

19.170

0

1.150

15.650

0.192

5

1.190

15.800

0.190

10

1.230

15.220

0.197

30

1.420

15.380

0.195

50

1.680

16.060

0.188

18.980

19.710
19.510
18.670

Finally, the effect of porogen on the final weight (g) of the 18 wt% POSS-PCU
and 50 wt% HA/POSS-PCU polymeric mixtures required for coating of the
moulds (Table 4.11) to fabricate 50% porous films of 300 µm in thickness was
calculated based on the rule of mixture and Equations 4.1 - 4.14.
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Table 4.11 The addition of 100 g of NaCl (1:1 ratio to 100 g of 18 wt% POSS-PCU solution in DMAC) and 2 g of Tween surfactant to
100 g of 50 wt% HA/POSS-PCU composite suspension in DMAC affects the final weight percentage of POSS-PCU polymer in the
mixture, the final composite/POSS-PCU concertation in the mixture and the theoretical density of the final composite. These changes
were calculated based on the rule of mixture and Equations 4.1 - 4.14.

HA Weight
Percentage
(wt%) in 100 g
of Composite

Total Weight
of HA/POSSPCU
Composite +
NaCl in
Mixture (g)

Final POSSPCU
Concentration
in the Mixture
(wt%)

Final HA/POSSPCU Composite
Concentration
in the Mixture
(wt%)

Theoretical
Density
(g/cm3)

Volume in
100g of
Solution
(cm3)

Volume
Fraction
Required

Final
Weight of
Mixture
Required on
the Mould
(g)

0

118.00

8.91

58.42

1.91

30.58

0.098

9.81

50

136.00

7.66

57.87

1.99

29.14

0.103

10.30
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Following the preparation of the porous and non-porous 18 wt% POSS-PCU
films and different weight concentrations (wt%) of HA/POSS-PCU composite
films, the constructs were cut into 15 mm diameter discs or dumbbell-shaped
specimens (Fig. 4.1) using a laser cutter (Trotec Speedy 100R, UK) (Fig.
4.2A).

Figure 4.1 A schematic figure of the dumbbell-shaped structures cut using a
laser cutter for mechanical properties testing.
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4.2 Material Characterisation
4.2.1 Mechanical Analysis
The mechanical properties of dumbbell-shaped specimens were characterised
using an Instron-5565 tensile tester (Instron Ltd., Bucks, UK) equipped with
Bluehill software (Fig. 4.2B). Under a loading speed of 50mm/min and uniaxial
tension, Young’s modulus, maximum tensile strength and the tensile strain
(elongation at break, stretching at 0-5 mm) were measured (n = 5).

Figure 4.2 Preparation and mechanical testing of samples. Trotec Speedy
laser cutter was used to cut sheets of samples into dumbbell-shaped
specimens (A) for mechanical testing using an Instron 5565 tensile testing
equipment with a 500N load cell and pneumatic grips (B).
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4.2.2 Compression Testing of POSS-PCU and HA/POSS-PCU
Based Lumbar Fusion Cages
Compressive tests were performed on 18 wt% POSS-PCU cages (n = 3),
manually mixed 5 wt% HA/POSS-PCU cages (n = 3) and pre-polymerisation
mixed 5 wt% HA/POSS-PCU cages (n = 3), using an Instron-5565 tensile
tester (Instron Ltd., Bucks, UK). The thickness of each of the samples were
recorded using an electronic micrometre, then individual samples were placed
in between two metal grids and were compressed at a rate of 5 mm/min to
50% of the original thickness to evaluate their compressive strength and
stiffness (Fig. 4.3). All compression tests were performed in a direction
perpendicular to the platens.

Figure 4.3 Compression testing of 18 wt% POSS-PCU and 5 wt%
HA/POSS-PCU (manually mixed and pre-polymerisation mixed) spinal
fusion cages. Tests were carried out at a rate of 5 mm/min to 50% of the
original thickness to investigate the compression extension versus the load
applied on each sample (n = 3).
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4.2.3 Contact Angle (Wettability) Measurements
The hydrophobicity/hydrophilicity of the films were examined and provided by
the Division of Surgery & Interventional Sciences (UCL, UK) under the
supervision of Ms. Stephanie Bogan using a DSA100 instrument (KRÜSS,
Germany) together with an axisymmetric drop shape analysis-profile (ADSAP) in distilled water (Fig. 4.4). For sessile drop technique values of θ < 90°
were considered hydrophilic, whereas values of θ > 90° were considered
hydrophobic. For captive bubble technique values of ɸ < 90° were considered
hydrophobic, whereas values of ɸ > 90° were considered hydrophilic. It should
be noted that in this research thesis, the sessile drop technique was used for
measuring the contact angle of non-porous samples, whereas the captive
bubble technique was used for measuring the contact angle of porous
samples.
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Figure 4.4 Measurement of the contact angle (wettability). The angle
formed between a water droplet/air bubble and samples were measured using
a Kruss contact angle machine (A). In sessile drop technique (B) a needle was
placed directly on the surface of the construct and a drop of liquid was
dispensed (values of θ > 90° were considered hydrophobic), whereas in
captive bubble technique (C) using a curve needle a bubble of air was injected
beneath the sample, the surface of which was located in the liquid (distilled
water) (values of ɸ < 90° were considered hydrophobic) [254].
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4.2.4 Atomic Force Microscopy (AFM)
The surface topography (roughness) and the surface stiffness of specimens
were investigated and provided by the London Centre for Nanotechnology
under the supervision of Dr Richard Thorogate using atomic force microscopy
(AFM) (Bruker Dimension 3100) operating in contact mode (n = 4) (Fig. 4.5).
The root mean square surface roughness (Rq) values and average surface
stiffness of each sample were calculated from the scans using the
NanoScope® analysis software (Bruker Corporation) version 1.40.

Figure 4.5 Measurement of the surface stiffness and surface roughness
of samples. Measurements were taken by an AFM by Bruker Dimension
3100, operating in contact mode.
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4.2.5 Attenuated Total Reflectance Fourier- Transform
Infrared (ATR-FTIR)
ATR-FTIR was used to identify the difference in surface functional groups of
18 wt% POSS-PCU, pre-polymerisation mixed 5 wt% HA/POSS-PCU and
manually mixed 5 wt% HA/POSS-PCU films as well as the effect of different
fabrication techniques (i.e. solvent casting versus solute exchange induced
phase-separation) (Chapter 5). Furthermore, in Chapter 6, ATR-FTIR was
used to evaluate HA particle exposure on the surface of 50 wt% HA/POSSPCU composite films as well as the effect of surface etching and porosity on
the functional groups (associated with POSS-PCU and HA) present on the
surface of the composite films. Surfaces of these films were analysed using an
attenuated

total

reflectance

Fourier-transform

infrared

(ATR-FTIR)

spectroscopy (JASCO FT/IR 4200, Jasco, Tokyo, Japan) equipped with a
PIKE Technologie MIRacleTM, single bounce diamond ATR (attenuated total
reflectance) (Fig. 4.6). Parameters were set at 30 scans at a 4 cm-1 resolution,
with a wavenumber range of 600 cm-1 to 4000 cm-1 (n = 3). Infrared radiation
was focused on samples, where some of the radiation was absorbed by the
samples and the rest passed through. Therefore, creating a spectrum which
represents the molecular absorption and transmission that provides a
molecular fingerprint of the surface of the samples. The ATR accessory works
by measuring the changes that take place in an internally reflected infrared
beam as the beam comes into contact with a sample.
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Figure 4.6 Determination of surface functional groups of samples. An
ATR-FTIR 4200 (JASCO, Tokyo, Japan) equipped with a PIKE Technologie
MIRacleTM, single bounce diamond ATR (attenuated total reflectance).
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4.2.6 Scanning Electron Microscopy (SEM), Field Emission
Scanning

Electron

Microscopy

(FESEM),

and

Energy-

Dispersive X-ray Spectroscopy (EDX)
Surface and cross-sections of samples were imaged using scanning electron
microscopy (SEM) (Philips 501, Netherlands) and field emission scanning
electron microscopy (FESEM) (JEOL 1010 field emission scanning electron
microscope; Tokyo, Japan). SEM and FESEM, depending on their applications
in this thesis (Table 4.12), allowed to evaluate the surface and pore (applicable
to porous samples) morphology of both porous and non-porous samples as
well as investigating osteogenic cellular morphology on the samples. For this
purpose, samples (n = 3) were washed with phosphate buffered saline (PBS)
twice and fixed with 1.5% glutaraldehyde for 2 h at 4 °C. After three rinses with
distilled water, the samples were dehydrated through a series of industrial
methylated spirit (20 – 60%) followed by ethanol (90, 96, and 100%) and then
air-dried. Dry samples were sputter coated with gold and observed by SEM or
FESEM. EDX (EDX Inc. USA) was used to analyse the surface elemental
composition of samples as well as their Ca/P ratio (n= 3) (Fig. 4.7). EDX
Genesis® software was used to analyse the acquired data.
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Figure 4.7 FESEM and EDX sample analysis. Samples morphology and their
the surface elemental composition were investigated using a using a JEOL
1010 field emission scanning electron microscope and EDX (EDX Inc. USA)
at various magnifications depending on the nature of the sample being
observed (Table 4.12).
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Table 4.12 SEM, FESEM and EDX where used in various studies of this thesis, the details of which are provided in this table.
Chapter
Number

Study

Surface
morphology
5

6

7

7

8

SaOS-2 cells
morphology
Pore
morphology
Surface
morphology,
elemental
composition
and
the
ability to form
apatite
Hob
cells
morphology

Samples

Machine

Mode

Cast (18 wt% POSS-PCU, 5 wt% HA/POSSPCU manually mixed, 5 wt% HA/POSS-PCU
pre-polymer films) versus solute exchange
induced
phase-separation/particulate
leaching (18 wt% POSS-PCU, 5 wt%
HA/POSS-PCU manually mixed, 5 wt%
HA/POSS-PCU pre-polymer films).
Thermanox, cast 18 wt% POSS-PCU, 10 wt%
HA/POSS-PCU, 30 wt% HA/POSS-PCU, 50
wt% HA/POSS-PCU films.
Porous 18 wt% POSS-PCU & porous 50 wt%
HA/POSS-PCU films.

SEM

Secondary
Ion Beam

SEM

FESEM

Cast 18 wt% POSS-PCU, porous 18 wt%
POSS-PCU, etched 18 wt% POSS-PCU,
etched & porous 18 wt% POSS-PCU films
versus cast 50 wt% POSS-PCU, porous 50
wt% POSS-PCU, etched 50 wt% POSS-PCU,
and etched & porous 50 wt% POSS-PCU
films.

FESEM/
EDX

Cast 18 wt% POSS-PCU, porous 18 wt%
POSS-PCU, etched 18 wt% POSS-PCU,
etched & porous 18 wt% POSS-PCU films
versus cast 50 wt% POSS-PCU, porous 50
wt% POSS-PCU, etched 50 wt% POSS-PCU,
and etched & porous 50 wt% POSS-PCU
films.

FESEM
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Energy
Kiloelectron
Volts (KeV)
15.00

Working
Distance
(mm)
7.0

Magnification

Secondary
Ion Beam

15.00

7.0

X 500, 1000,
5000 & 10000

Secondary
Ion Beam
Secondary
Ion Beam

20.00

6.5

X 50

20.00

9.0

X 1200 & 6500

Secondary
Ion Beam

20.00

9.0

X 500, 1000 &
5000

X 1000

4.2.7 Viscosity (Rheology) Measurement
The stability of 18 wt% POSS-PCU solution in DMAC and HA incorporated
POSS-PCU polymeric solutions in DMAC were tested by rheology analysis.
Polymer stability was a concern in this research thesis as pre-polymerisation
mixing of 5 wt% HA/POSS-PCU was carried out by a third party (as described
in Section 4.1.2) based on the chemist’s availability and schedule, which in
some cases meant that I had to fabricate samples from a batch of prepolymerisation mixed 5 wt% HA/POSS-PCU solution in DMAC that was
synthesised a couple of month in advance. Therefore, in order to investigate
polymer stability over time, the viscosities and pseudoplastic behaviour
(decreased viscosity when subjected to shear strain; also known as shear
thinning) of pre-polymerisation mixed 5 wt% HA/POSS-PCU solution in DMAC
was compared to those of 18 wt% POSS-PCU solution in DMAC and manually
mixed 5 wt% HA/POSS-PCU solution in DMAC over a period of 9 months.
Furthermore, as polymeric solutions of 18 wt% POSS-PCU and 5 wt%
HA/POSS-PCU in DMAC were injected into the 3D printed PVA moulds, the
flow behaviour of the solutions was also of concern.
The viscosities of the samples were measured using a 4 mm Cone and Plate
and a Bohlin CVO 100 rheometer (Malvern Instruments Ltd, Malvern, UK) (Fig.
4.8). These measurements were carried out at 25°C with the minimum and
maximum shear rates set at 0.1 and 250 (1/S), respectively. 1 ml of each of
the above polymeric solutions in DMAC was tested and pre-shear was applied
as a pre-condition on all cases (n = 5). Experiments were repeated after ageing
samples for 1, 3, 6 and 9 months at 25°C with the minimum and maximum

167

shear rates set at 0.1 and 1500 (1/S). The maximum shear rate was extended
to investigate potential deformation behaviour of the samples.

Figure 4.8 Measuring of the viscoelasticity/pseudoplastic behaviour of
18 wt% POSS-PCU, manually mixed 5 wt% HA/POSS-PCU and prepolymerisation mixed 5 wt% HA/POSS-PCU solutions in DMAC over time.
The measurements were carried out at 25°C with the minimum and maximum
shear rates set at 0.1 and 250 (1/S), respectively, using a Bohlin CVO 100
rheometer.
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4.2.8 Porosity Measurements of the 18 wt% POSS-PCU and 50
wt% HA/POSS-PCU Films
As mentioned porosity was used as a means to optimise films of 18 wt%
POSS-PCU and manually mixed 50 wt% HA/POSS-PCU composites. The
weight ratio of NaCl (150 – 250 µm average particle size) to 18 wt% POSSPCU solution in DMAC was controlled to 1:1 (hence, for 50% designed
porosity, for every 100 g of 18 wt% POSS-PCU solution in DMAC 100 g of
NaCl was added to the mixture). 50% porous 18 wt% POSS-PCU films and
50% porous 50 wt% HA/POSS-PCU composite films were fabricated using
NaCl porogen leaching/solute exchange induced phase-separation technique
as discussed in Section 4.1.3. The thickness and dimensions of each of the
samples (n = 3) were measured to obtain their volume (cm3) and they were all
individually weighed to obtain their mass (g). Using the calculated mass and
volume of each of the films, their relevant apparent density (g/cm3) were
worked out based on Equation 4.2 and Table 4.10 as below:
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Apparent density (g/ cm3) =

𝑀𝑎𝑠𝑠 (𝑔)
𝑉𝑜𝑙𝑢𝑚𝑒 (𝑐𝑚3 )

Eq. 4.2

Porosity (%) was calculated based on the apparent density and the theoretical
densities of the composites using Equation 4.7 as below:

Porosity (%) = 1 −

Composite apparent density (g/cm3)
Theoretical density of the composite (g/cm3)
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× 100

4.2.9 Solvent Etching of POSS-PCU and HA/POSS-PCU Films
Solvent etching was also chosen as a means to optimise porous and nonporous films of 18 wt% POSS-PCU and composite films of manually mixed 50
wt% HA/POSS-PCU. To this end, DMAC was chosen as the etching solvent
for the process of modifying the surface topographical features of the 18 wt%
POSS-PCU and manually mixed 50 wt% HA/POSS-PCU samples. Porous and
non-porous films of 18 wt% POSS-PCU and manually mixed 50 wt%
HA/POSS-PCU were dipped in pure DMAC and were left in an air-circulating
oven at 65 °C for 20 minutes for the solvent to evaporate.

In order to

investigate the effect of surface exposure to DMAC, in terms of time and
temperature of solvent evaporation, films were dipped in DMAC 5 times, 20
times and 50 times for 10 seconds. The weight and thickness of the etched
samples, before and after solvent etching, were analysed. As later discussed
in Chapter 7, 20 times DMAC dipping followed by 20 minutes of oven drying
(after etching) of the samples was chosen amongst the three variations as the
optimum etching condition in order to etch the surfaces of 18 wt% POSS-PCU
based films and 50 wt% HA/POSS-PCU based composite films for further
analysis.
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4.2.10 Preparation of Simulated Body Fluid (SBF)
To begin with, 1 X SBF solution was prepared according to the International
Standard (ISO 23317). 15 x 0.3 mm (diameter x thickness) films of 18 wt%
POSS-PCU, porous 18 wt% POSS-PCU, etched 18 wt% POSS-PCU and
etched & porous 18 wt% POSS-PCU as well as 50 wt% HA/POSS-PCU,
porous 50 wt% HA/POSS-PCU, etched 50 wt% HA/POSS-PCU and etched &
porous 50 wt% HA/POSS-PCU were each immersed in 25 ml of SBF for a
period of up to 28 days. However, salt precipitation/crystallisation on the
bottom of the test tubes was observed from day 7 to day 28, caused by the
instability of the prepared SBF. Due to the time and budget restrains imposed
on this research thesis, an accelerated simulation method (supersaturated 5 X
SBF) was adopted [255]. It should be noted that 1 X SBF mimics the inorganic
composition, pH, and the temperature of human blood plasma and therefore
can be used as a representative of the potential behaviour of samples if they
were implanted in a physiological environment. 5 X SBF, however, has a
supersaturated ion concentration and therefore was used as a screening test,
to compare the difference in bioactivity behaviour of POSS-PCU and
HA/POSS-PCU based samples to one another in SBF, in this research thesis.
To prepare 5 X SBF, 900 ml of distilled water was heated in a beaker to reach
36.5 ± 1.5 °C. A stirring magnet was placed in the beaker and once the
temperature reached to 36.5 °C a CO2 pipe was inserted into the water. One
by one, various salts were added to the water according to the order and the
amount presented in Table 4.13. Once all of the salts were completely
dissolved, pH of the solution was measured. The final solution was then made
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up to 1 litter by adding distilled water and pH was measured again (6.5 – 6.8).
For the purpose of this study, this solution is referred to as solution A. 15 x 0.3
mm (diameter x thickness) films of 18 wt% POSS-PCU, porous 18 wt% POSSPCU, etched 18 wt% POSS-PCU and etched & porous 18 wt% POSS-PCU as
well as 50 wt% HA/POSS-PCU, porous 50 wt% HA/POSS-PCU, etched 50
wt% HA/POSS-PCU and etched & porous 50 wt% HA/POSS-PCU were each
immersed in 25 ml of solution A in a polystyrene sterile universal tubes (Greiner
Bio-One, UK) (n = 3 for each sample group). The samples were then placed
on a heated plate shaker to maintain their temperature for 24 hr (Fig 4.9). This
part of the procedure allowed for Ca and P deposition on the films. After the
24 hr immersion period, samples were carefully removed and transferred to
freshly labelled, sterile universal tubes containing 25 ml of solution B for
another 24 hr period of immersion to grow the deposited Ca and P apatite
layers on the samples. Solution B was prepared according to the order and
amount presented in Table 4.14 using the same procedure as used for the
preparation of solution A. Once samples were transferred to solution B, the pH
of the tubes containing solution A was measured. Solution B has a lower
composition of crystal growth inhibitors (Mg2+ and HCO3-) compared to solution
A, therefore allowing for the accelerated growth of a crystallised Ca/P layer on
the samples. Once the second 24 hr immersion period was over and the
samples were treated with both solutions, the films were removed and gently
washed with distilled water. They were then allowed to dry in clean petri dishes
overnight. The pH of solution B was also measured at the end of the immersion
period.
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Table 4.13 Components of solution A of 5 X SBF preparation and their
amounts (g).

Sodium

Sodium

Di-potassium

Magnesium

Calcium

Chloride

Bicarbonate

Hydrogen

Chloride

Chloride

(NaCl)

(NaHCO3)

Phosphate

Hexahydrate

Dihydrate

Trihydrate

(MgCL2.6H2O)

(CaCL2.2H2O)

1.555

1.46

(K2HPO4.3H2O)

40.175

1.775

1.155

Figure 4.9 Immersion of 18 wt% POSS-PCU based films and 50 wt%
HA/POSS-PCU based composite films in 5 X SBF.
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Table 4.14 Components of solution B of 5 X SBF preparation and their
amounts (g).

Sodium

Sodium

Di-potassium

Magnesium

Calcium

Chloride

Bicarbonate

Hydrogen

Chloride

Chloride

(NaCl)

(NaHCO3)

Phosphate

Hexahydrate

Dihydrate

Trihydrate

(MgCL2.6H2O)

(CaCL2.2H2O)

0.311

1.46

(K2HPO4.3H2O)

40.175

0.887

1.155

4.3 Evaluation of Biological Activity of Films (In vitro Studies)
4.3.1 Cell Culture of SaOS-2 Cells
In order to investigate the cell interaction with samples, human osteosarcoma
cell line (SaOS-2), at 50,000 cells/well (3.5 x 104 cells/ cm2), were seeded on
Thermanox (control), 18 wt% POSS-PCU, and 10, 30, and 50 wt% HA/POSSPCU films in 12-well plates and incubated for 2 h at 37 °C, 5% CO2 to allow
cells to attach to the surface of the films. After this stage, 1.5 ml of McCoy's 5A
(modified) medium, GlutaMAX™ supplement (Life Technologies Ltd, UK) with
10% (v/v) fetal bovine serum (FBS) and 1% antibiotic (50 μg/ml streptomycin,
50 U/ml penicillin) solutions (both from Invitrogen, UK) were added to each
well and the plates were incubated at 37 °C, 5% CO 2. After 24 h, the media
were aspirated to remove any unattached, and undifferentiated SaOS-2 cells,
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and 1.5 ml of fresh media were added to each well. The media was changed
on day 3 and on day 5 osteogenic media (containing 10% (v/v) FBS
(Invitrogen, UK), 1% (v/v) antibiotic solution (Gibco BRL), 10 mm βglycerophosphate (Sigma Aldrich, UK), 50 μg/ml L-ascorbic acid (Sigma
Aldrich, UK), and 100 nm dexamethasone (Sigma Aldrich, UK)) was used to
replace McCoy’s medium. The osteogenic media was replaced every 3 days.
Prior to seeding, the samples (n = 3 for each variable) were sterilised by
soaking them in 70% ethanol for 30 min followed by two times immersion in
sterile PBS (Invitrogen, UK) for 15 min each time.

4.3.2 Cell Culture of Human Adult Osteoblast (Hob) Cells
In order to investigate the cell interaction with samples, human adult osteoblast
cells (Hob) (Cell Applications, Inc. USA), at 50,000 cells/well (3.5 x 10 4 cells/
cm2), were seeded on tissue culture plastic (TCP; control) and 18 wt% POSSPCU, porous 18 wt% POSS-PCU, etched 18 wt% POSS-PCU and etched &
porous 18 wt% POSS-PCU as well as 50 wt% HA/POSS-PCU, porous 50 wt%
HA/POSS-PCU, etched 50 wt% HA/POSS-PCU and etched & porous 50 wt%
HA/POSS-PCU films in 12-well plates and incubated for 2 h at 37 °C, 5% CO2
to allow cells to attach to the surface of the films. After this stage, 1.5 ml of
Dulbecco's Modified Eagle's Medium (DMEM) with low glucose (Life
Technologies Ltd, UK) with 10% (v/v) /FBS and 1% antibiotic (50 μg/ml
streptomycin, 50 U/ml penicillin) solutions (both from Invitrogen, UK) were
added to each well and the plates were incubated at 37 °C, 5% CO2. After 24
h, the media were aspirated to remove any unattached, and undifferentiated
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osteoblast cells, and 1.5 ml of fresh media were added to each well. The media
was changed on day 3 and on day 5 osteogenic media (containing 10% (v/v)
FBS (Invitrogen, UK), 1% (v/v) antibiotic solution (Gibco BRL), 10 mm βglycerophosphate (Sigma Aldrich, UK), 50 μg/ml L-ascorbic acid (Sigma
Aldrich, UK), and 100 nm dexamethasone (Sigma Aldrich, UK)) was used to
replace DMEM-low glucose medium. The osteogenic media was replaced
every 3 days. Prior to seeding, the samples (n= 3 for each variable) were
sterilised by soaking in 70% ethanol for 30 min followed by two washes by
immersing in sterile PBS (Invitrogen, UK) for 15 min each time.

4.3.3 Cell Metabolism via Alamar Blue® (AB) Assay
The metabolic activity of cultured SaOS-2 and Hob cells was monitored using
the nontoxic Alamar Blue® (AB) reagent (Thermo Fisher Scientific, UK), as
previously described in the literature. The AB solution was prepared by diluting
1 mL AB reagent in 10 mL phenol red free cell culture medium. Three hours
prior to the end time of assessment (24 hrs, 7, 14 and 21 days) media was
removed from the well-plates containing the samples and 500 µL of AB
solution was added to each well. At the time point, the fluorescence of 100 μL
aliquots of each well was measured in triplicate, at the fluorescent intensity at
530 nm (excitation) and 620 nm (emission), using Fluroskan Ascent FL
fluorescent plate reader (Thermo Labsystems, Basingstoke, UK). AB in cell
culture medium on cells grown on TCP and Thermanox were used as controls.
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4.3.4 Deoxyribonucleic acid (DNA) Content Quantification via
Total DNA Hoechst Staining
Fluorescent Hoechst 33258 stain was used to determine the total
deoxyribonucleic acid (DNA) content of cultured cells, as previously described
in the literature [256]. Cell culture supernatants were replaced with 0.5 ml of
molecular biology grade water (Sigma Aldrich, UK) and the cells were lysed by
using freeze-thaw cycles (- 80 freezer for 40 mins/37 °C drying incubator for
40 mins, each step repeated 3 times). Finally, lysed cells were stored in a
freezer at -80°C and thawed to room temperature, prior to taking
measurements, followed by the addition of Hoechst stain (Benzamide 33258,
Sigma Aldrich, UK) at a final concentration of 2μg/ml. The Hoechst dye
fluorescence was measured at 360 nm excitation wavelength and 460 nm
emission wavelength, using a fluorescence microplate reader (Fluoroskan
Ascent FL, Thermo Labsystems, UK). A standard curve was obtained by using
serial dilutions (from 20 µg/ml to 0.3125 µg/ml) of known DNA concentrations
(calf thymus, Sigma Aldrich, UK) measurements taken TCP and Thermanox
cell lysis were used as controls depending on the experiment.

4.3.5 Alkaline Phosphatase (ALP) Activity Measurement
The ALP levels of the samples were measured at day 0, 7, 14 and 21 as
previously described in the literature [257]. 10 mg of p-Nitrophenyl Phosphate
powder (Sigma Aldrich, UK) was added to 10 mL of diethanolamine buffer
(Sigma Aldrich, UK) to create working solution. 500 µL of the working solution
was added to the cell lysate (freeze-thaw cycles (- 80 freezer for 40 mins/37
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°C drying incubator for 40 mins, each step repeated 3 times)) and the
absorbance was measured at 405 nm and normalised against DNA readings
of each sample taken using a Fluroskan Ascent FL fluorescent plate reader,
as described in Section 4.3.4. A standard curve was obtained by using serial
dilutions (from 20 µg/ml to 0.3125 µg/ml) of p-Nitrophenyl. Furthermore,
measurements taken TCP and Thermanox cell lysis were used as controls
depending on the experiment.

4.3.5 Bone Nodule Formation
SaOS-2 cells bone nodule formation (Ca deposition) was investigated on
Thermanox (control), 18 wt% POSS-PCU, 10, 30, and 50 wt% HA/POSS-PCU
films using Alizarin Red staining as previously described [258]. Briefly, at day
21 the cultures were rinsed with PBS, fixed for 20 min in formalin and rinsed
again. The samples were then stained for 10 min in 2% (w/v) Alizarin Red S in
deionised water, rinsed again and air dried. Stained samples were observed
using phase contrast microscopy. As incorporation of HA into POSS-PCU
reduced sample transparency, in order to observe samples containing HA
under the microscope, POSS-PCU and HA/POSS-PCU based films were
fabricated at 100 µm thickness for this particular test (n = 3). To this end,
samples were prepared based on Equations 4.1 – 4.14 while factoring in the
required change in the thickness of the films (from 300 µm to 100 µm).
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4.3.6 Cell Morphology
SaOS-2 and Hob cells morphology were examined following days 7 and 14 of
cell culture using SEM and FESEM, respectively. For this purpose, samples
were washed with PBS twice and fixed with 1.5% glutaraldehyde for 2 h at 4
°C (n = 3). After three rinses with distilled water, the samples were dehydrated
through a series of industrial methylated spirit (20 – 60%) followed by ethanol
(90, 96, and 100%) and then air-dried. Dry samples were sputter coated with
gold and observed by SEM or FESEM (Table 4.15).
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Table 4.15 SEM and FESEM where used to observe osteogenic cell
morphology in culture, the details of which are provided in this table.

Study

Samples

Machine

Mode

SaOS-2
cells
morphology

Thermanox, cast 18
wt% POSS-PCU, 10
wt% HA/POSS-PCU,
30 wt% HA/POSSPCU,
50
wt%
HA/POSS-PCU films.

SEM

Secon
dary
Ion
Beam

Hob cells
morphology

Cast 18 wt% POSSPCU, porous 18 wt%
POSS-PCU, etched
18 wt% POSS-PCU,
etched & porous 18
wt%
POSS-PCU
films versus cast 50
wt%
POSS-PCU,
porous
50
wt%
POSS-PCU, etched
50 wt% POSS-PCU,
and etched & porous
50 wt% POSS-PCU
films.

FESEM

Secon
dary
Ion
Beam
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Energy
Kiloele
ctron
Volts
(KeV)
15.00

Work
ing
Dista
nce
(mm)
7.0

Magnifi
cation

20.00

9.0

X 500,
1000,
5000

X 500,
1000,
5000,
10000
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Chapter 5: Incorporation of Hydroxyapatite
into POSS-PCU Co-polymer; the Optimum
Mixing and Fabricating Techniques
5.1 Introduction
The use of synthetic polymers as bone graft substitutes or GBR membranes
for bone grafting or augmentation offers various advantages including, but not
limited to: biocompatibility, and mechanical stability [134]. However, most of
the currently available synthetic polymers, on their own, lack distinctive
characteristics such as osteoconductivity or osteoinductivity for bone repair
and regeneration. As mentioned in Chapter 2, a promising route to overcome
these obstacles has been the idea of incorporation of synthetic HA into the
polymeric matrix to create a composite with both bioactivity and mechanical
stability. HA, due to its close chemical similarities to that of the natural bone
minerals, has attracted extensive research due to it being potentially a suitable
filler in synthetic polymers used for bone grafting or augmentation [150, 158].
However, there are two main factors to be considered when designing a novel
synthetic HA/polymer composite biomaterial; 1) the method of incorporation of
the inorganic phase (HA) with the organic phase (polymer), and 2) the method
of fabrication of the synthetic HA/polymer composite construct.
The state of dispersion of HA particles into the polymeric matrix is very crucial
for property improvement of the final construct. Therefore, a uniform dispersion
of the particles, to avoid particle aggregation and phase separation of the
matrix, is the optimum desire. Various strategies have been employed to
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disperse HA particles into synthetic polymers, which can be divided into three
main categories; i) solution mixing (physico-chemical method), ii) melt blending
(thermo-mechanical method), and iii) in situ synthesis of components (usually
polymer) [259, 260].
In the solution mixing and in situ HA dispersion, particles are firstly dispersed
in a solvent or monomer then the dispersion is mixed with the polymer. The
dispersion of the HA particles into a solvent could lead to the formation of either
a thermodynamically stable or unstable dispersion. In the former case, the
mixing with a suitable polymer, which also reacts well with that particular
solvent, could prevent particles aggregation. However, in the latter case,
unless the particles are trapped in the polymer matrix kinetically, within a
period of time, phase separation is highly likely to occur [261]. In some cases,
modifying the surface of HA particles might be necessary to ensure a
homogenous dispersion. Surface modification may alter the particles
chemically and render them more similar to the solvent. For example, highly
hydrophilic HA particles cannot be dispersed into a hydrophobic solvent.
However, certain types of surface modification would make particles more
hydrophobic and so increase the interaction parameter between the particle
surfaces and the solvent [262]. However, it can be argued that chemically
changing HA particles could affect their bioactivity, hence, altering their
osteoconductivity. Surface modification techniques are also used in melt
blending for similar reasons to solution mixing, however, in melt blending, the
success of the procedure to create a homogenous dispersion of particles relies
on the ability to break particles clusters using shear stress. Whichever
technique is employed to incorporate HA particles into the polymeric matrix, it
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is the interfacial interaction between the inorganic component (HA) and the
organic component (polymer) that determines the success of their integration
(i.e. avoiding aggregation of particles and phase separation) and consequently
the characteristics of the final construct. This interfacial interaction could take
place through primary chemical bonding of functional groups such as ionic or
covalent bonding, followed by secondary chemical bonding such as van der
Waals attractions and hydrogen bonding. These interactions may determine
the stress transfer between the two components [260].
Various fabrication techniques have been proposed and employed to develop
synthetic HA/polymer composites, ranging from solvent evaporation (casting),
solute

exchange

induced

phase-separation,

electrospinning,

injection

moulding and most recently three dimensional (3D) printing. Depending on the
manufacturing conditions porous bone graft substitutes may be produced for
by porogen leaching [263, 264]. Choosing one or more of these fabrication
techniques depends on the polymer (its thermoplastic or non-thermoplastic
nature), desired physico-chemical properties and whether or not the final
construct should be porous.
Solvent evaporation (casting) and solute exchange induced phase-separation
techniques are considered as the most conventional fabrication techniques
due to their simplicity and low costing. Solvent casting, for instance, does not
require any large equipment or costly operation procedures as it solely relies
on the evaporation of the solvent to form constructs. This is usually done by
adding the polymeric solution to a suitable 3D mould and allowing for the
solvent to evaporate by placing it in a pre-heated oven as discussed in
Chapter 4 [265]. Once the solvent evaporates, a layer of polymeric membrane
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is cast on the mould. Although very practical, any unevaporated solvent can
cause serious toxic effect and hence care should be taken to ensure sufficient
time for the evaporation process or other techniques such as vacuum drying
should be used. Solute exchange induced phase-separation technique is
another way of releasing the solvent from the polymeric solution, which like
solvent casting is very simple and practical as the solvent is released by
immersing a 3D mould containing the polymeric solution into a non-solvent
liquid (e.g. distilled water) and allowing for the solvent to be released into the
non-solvent solution.
In order to create pre-designed porous constructs, porogen-leaching can be
conveniently used in conjunction with either solvent casting or solute exchange
induced phase-separation techniques. To this end, salt, wax or sugars are
added to the polymeric solution, which act as porogens to create pores and
channels. In this technique, following the removal of solvent (by solvent casting
or solute exchange induced phase-separation), the polymeric construct
containing porogen is immersed or re-immersed (in the case where solvent
was removed by solute exchange induced phase-separation) into fresh nonsolvent solution (e.g. distilled water), which causes the crystals of the porogen
to dissolve/be released out of the polymeric matrix and form pores [266]. Pore
interconnection size, porosity, and interconnectivity level can be controlled by
the size and shape of the porogen crystals and the added weight of it.
However, there is little control over the inter-pore connectivity of the structure.
This obstacle can potentially be overcome by the use of cutting edge 3D
printing technology, which can provide improved control over the design and
shape of the pores, their chemistry and their interconnectivity [267].
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One of the today’s major issues with the development of artificially engineered
organs and tissues is the difficulty in scaling up artificial biomaterials to a
relevant size for humans, as in most cases there are major limitations in
producing large and thick enough constructs for human applications [268,
269]. Most attempts to create a large or thick biomaterials have shown the
inability of the constructs in developing a highly dense vascular network for
cells to grow into and nutrient, oxygen and waste products to freely travel [270,
271]. 3D printing technology enables the manufacture of personalised artificial
biomaterials to reduce risks of rejection or failure of the implants [272]. There
has been numerous attempts reported in the literature to 3D print artificial bone
scaffolds. Klammert et al., using computer-aided design (CAD) files (pregenerated from scanning a human cadaver skull with cranial defects [273]),
demonstrated that it is possible to fabricate compatible 3D scaffolds of brushite
(di calcium phosphate dehydrate) and monetite (di calcium phosphate
anhydrous) for reconstruction of cranial defects using 3D printing technology
[274]. In another study, Grayson et al. using 3D printing technology,
successfully developed decellularised bone scaffolds (in the shape of human
temporomandibular joints), which were then seeded with MSCs for in vivo
implantation [275]. Similarly, Becker et al. fabricated 3D printed HA and
polymer-composite materials as well as a bovine HA scaffold for intramuscular
bone induction in a rat model [276].
The principal of 3D printing technology is based on making virtual models in
CAD or similar software and “slicing” them into digital cross-sections as
guidelines for printing [277]. A 3D model is created by depositing layers of
material or a binding material, depending on the type of printer, on its platform
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followed by layer by layer laying down of liquid, powder or other printable
material to build up the final construct according to the scans (Fig. 5.1) [277].
Depending on the building block material to be printed, different types of
additive processes including selective laser sintering (SLS), stereolithography
(SLA), fused deposition modelling (FDM), and direct metal laser sintering
(DMLS) have been developed [277-280]. Various synthetic polymers, such as
PCL, PLGA, PVA, PGA, and poly(3-hydroxybutyrate) (PHB) have been used
in 3D printing to develop scaffolds for the treatment of critical size bone defects
[281-283]. However, most types of 3D printers use some sort of a temperaturecontrolled extruder to force out and deposit material onto a platform, therefore,
most synthetic polymers currently used in 3D printing are of thermoplastic
nature. It is therefore a challenge to directly print non-thermoplastic polymers,
such as POSS-PCU, and an indirect (reverse) approach should be employed.
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Figure 5.1 3D printing process. The 3D dimensions of the final product, in
the form of a CAD file, is sliced into two dimensional (2D). The building block
material is deposited layer by layer on the platform, integrating the newest
layer to the older layer of material in an additive process [277].
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At the start of this research, the focus was on developing a HA/POSS-PCU
based lumbar spinal fusion cage for use in load-bearing applications such as
in spinal fusion. At the time I was also involved on a separate project which
was on developing a reverse-printing technique for printing non-thermoplastic
POSS-PCU polymer. I, therefore, used the reverse printing technique for
printing 3D HA/POSS-PCU spinal fusion cages. The reverse printing of the
HA/POSS-PCU spinal fusion was a failure as printed cages lacked the
distinctive morphology and mechanical properties of a spinal fusion cage (as
detailed in this chapter) and it became apparent that our technology for reverse
printing a bulk implant based on HA/POSS-PCU is not optimised and at its
current state is not working for a load-bearing bone repair application.
Therefore, I decided to use more conventional and simplistic fabrication routes
in order to be able to produce samples with better repeatability for mechanical
testing and in vitro screening. Therefore, the aims of my study changed to
finding the most suitable method of HA integration into POSS-PCU and also
to find the most suitable fabrication technique for HA/POSS-PCU films to be
used as bone graft substitutes or GBR membranes in bone grafting and
augmentation. Here, solution mixing of either manually mixing or prepolymerisation mixing was chosen as the method of incorporation of HA into
POSS-PCU polymeric solutions with the aim of obtaining a well-integrated and
homogenous composite of HA/POSS-PCU. Furthermore, conventional solvent
casting and solute exchange induced phase-separation techniques were
chosen as the fabrication methods. Reinforcement of a polymer matrix with HA
could not only improve mechanical properties of the composite but also other
physico-chemical characteristics of the final construct such as its wettability,
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thermal stability, electrical conductivity and chemical resistance [284].
However, the concentration of the HA particles and the homogeneity of the
final composite are two crucial factors to be considered. In cases where HA
particles are not fully integrated into the polymer matrix or where there is overloading of filler (compared to polymer concentration), compatibility issues rise,
mainly due to the formation of agglomerates leading to instability and
mechanical failure of the implant. Therefore, my study compared different
incorporation and fabrication techniques in order to determine the most
suitable ones for the development of a HA/POSS-PCU construct that would
closely resembles the physico-chemical properties of the natural bone.
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5. 2 Materials and Methods
5.2.1 Development of POSS/PCU and HA/POSS-PCU Films
18 wt% POSS-PCU solution in DMAC and pre-polymerisation mixed 5 wt%
HA/POSS-PCU solution in DMAC were prepared and provided by the Division
of Surgery & Interventional Sciences (UCL, UK) under the supervision of Mr
Arnold Darbyshire [241]. Manually mixed 5 wt% HA/POSS-PCU in DMAC was
prepared as previously described in Sections 4.1.2. It should be noted that
the concentration of HA particles incorporated into POSS-PCU was limited to
5 wt% HA in 18 wt% POSS-PCU solution in DMAC as incorporation of higher
concentrations was limited by the polymer synthesis reactor vessel available
to the department for the purpose of pre-polymerised incorporation of HA into
POSS-PCU. Hence, for the purpose of comparing manually mixing and prepolymerisation incorporation techniques, the concentration of manually mixed
HA into POSS-PCU was also kept at 5 wt% in this study. Equation 4.1 and
Table 4.2 represent the weight concentration of HA incorporated into POSSPCU solution in DMAC at 5 wt% for both manually mixing and prepolymerisation mixing of HA.
Films of 18 wt% POSS-PCU solution in DMAC (control), and composite films
of manually mixed 5 wt% HA/POSS-PCU solution in DMAC and prepolymerisation mixed 5 wt% HA/POSS-PCU at 300 µm thickness were
fabricated using solvent casting and solute exchange induced phaseseparation techniques as described in Section 4.1.3. It should be noted that
in this study porosity was not a designed factor, hence porogen was not used
to create porosity. However, solute exchange induced phase-separation
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technique, due to the exchange of DMAC and water molecules, creates some
pores of random sizes and in most cases not interconnected (as described in
Chapter 4). Such pores mainly effect the mechanical properties and not the
material-cell interaction ability of constructs. Therefore, porosity as a predesigned factor and its effect on material-cell interaction is investigated in
Chapter 8 of this research thesis.

5.2.2 Characterisation of POSS/PCU and HA/POSS-PCU Films
The mechanical properties of dumbbell-shaped POSS-PCU and prepolymerisation mixed 5 wt% HA/POSS-PCU and manually mixed 5 wt%
POSS-PCU specimens were characterised as described in Section 4.2.1 to
measure uniaxial tension, Young’s modulus, maximum tensile strength and
the tensile strain (elongation at break, stretching at 0-5 mm) (n = 5). SEM was
used to assess the surface morphology of the samples. Samples were fixed
and sputter coated as described in Section 4.2.6. SEM imaging was
performed using a Philips 501, Eindhoven, Netherlands equipment at X 1000
magnifications (n = 3). The hydrophobicity/hydrophilicity of films fabricated by
solvent casting (dry-state) and solute exchange induced phase-separation (airdried state) were examined as described in Section 4.2.3 using sessile drop
and captive bubble techniques, respectively. For sessile drop technique values
of θ < 90° were considered hydrophilic, whereas values of θ > 90° were
considered hydrophobic. For captive bubble technique values of ɸ < 90° were
considered hydrophobic, whereas values of ɸ > 90° were considered
hydrophilic. It should be noted that in this research thesis, the sessile drop
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technique was used for measuring the contact angle of non-porous samples,
whereas the captive bubble technique was used for measuring the contact
angle of the samples fabricated by solute exchange induced phase-separation
technique due to the formation of random pores.
Surface functional groups of films were analysed using an ATR-FTIR
spectroscopy as described in Section 4.2.5 (n = 3). Spectrums based on
infrared radiation absorbance and transmission of each sample were captured
to assess functional groups. The viscoelasticity of 18 wt% POSS-PCU solution
in DMAC, pre-polymerisation mixed 5 wt% HA/POSS-PCU solution in DMAC
and manually mixed 5 wt% HA/POSS-PCU solution in DMAC were measured
as described in Section 4.2.7 (n = 5).

5.2.3 Reverse 3D printing of POSS-PCU and HA/POSS-PCU
Based Lumbar Spinal Cages

5.2.3.1 Development of an Open-source Based 3D Printer
Due to incompatibility of most 3D printers already available in the market to
print non-thermoplastic POSS-PCU polymer, a reverse strategy, whereby
another 3D printable polymer was used to create a negative mould with the
desired shape and dimensions, and this was used to develop HA/POSS-PCU
spinal fusion cages for lower back (lumbar) orthopaedic applications. For this
purpose, a 3D printer device, based on the RepRap Mendel open source
prototype, was developed in house (Fig. 5.2). The RepRap project is a freely
accessible technology under the GNU General Public Licence, which is a FDM
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3D printer and compatible to print most commercially available thermoplastic
polymers such as PVA and PCL [253].

Figure 5.2 Fully assembled RepRap Mendel 3D printer.

The development of this printer was divided into four main components; 1) the
software tool-chain, 2) the mechanical body, 3) the electronics and 4) the
extruder. Unless otherwise noted, most of the materials and parts for
developing this RepRap Mendel printer were purchased from RepRap Pro
Ltd., Bristol and the software was downloaded through GNU. The mechanical
body assembly involved a frame assembly to provide a platform for the axes
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of the printer (x, y, and z) to move along. It also allows for the attachment of a
stepper motor and a polymer extruder. The frame was developed from a
number of 8 mm threaded rods (Fig. 5.3). The strategic placement of these
rods created vertical and horizontal planes for axes movement (Fig. 5.4).

Figure 5.3 RepRap Mendel 3D printer frame.

The x-axis, responsible for carrying the print extruder head, moves from side
to side. The y-axis, responsible for carrying the print platform, moves forward
and backward, while the z-axis moves along the vertical plane in an up and
down mode. A stepper motor controls movement in the Z axis. In order to
achieve a linear movement along all the axes a combination of two motion
methods; belt/pulley driven motion and threaded rod motion were used. The
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combination of the belts and pulleys provide accuracy for fast or lightweight
movements, therefore a timing belt and pulley was used for x and y axes
movements. The timing belt belts and pulleys are 3D printed polyurethane
polymer parts and were specifically chosen to avoid any backlash as they act
as a timing belt that only spins in one direction. Using the same belt and pulley,
stepper motor directed the movement of the print carriage in this printer.
However, as the z-axis is not required to perform any fast movements, a
threaded rod provided accuracy for this axis. Finally, physical end-stop
switches were incorporated in the design to signal the end-point of movement
to relevant axis. Furthermore, the position of the end-stops on each of the axes
was used to reset and establish the position of the print head.

Figure 5.4 Assembly of the axes to the frame of the 3D printer. A) x-axis.
B) y-axis, and C) z-axis.

A heated printing platform (12 V MK2a Heatbed) was incorporated in the
design to prevent uneven cooling of the object in printing process. The heat
from this platform also reduces the possibility of shrinkage or warping of the
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bottom layer of the object. In addition, an extruder drive, consisting of a stepper
motor (Nema 17 stepper motor), a gearing system, and a hobbed bolt. A
hobbed bolt, was added to the design which controls the rate of extrusion
through setting the rate of the stepper motor. The stepper motor used in this
design was a brushless direct current (DC) motor with 200 steps per revolution.
The gearing system and hobbed bolt are responsible for increasing torque and
for gripping/forcing the polymer filament through a melting and extruding
process, respectively. The process of melting of the polymer was achieved by
creating a temperature gradient between a hot-end and a cold-end
components of the printer residing within the extruder drive. The stepper
motor, stepper driver, end stops, and heated bed together with a controller
form the electronics part of the printer. The controller used in this design was
based on an open-source hardware and software of Arduino prototype [285].
This controller, in simple terms, is a microcontroller board that interprets and
responds to commands, controls the stepper driver and consequently the
stepper motor, controls the temperature gradient between the hot- and coldends and dictates the activation/deactivation of the end-stops switches.

5.2.3.2 3D Printing of Moulds of Lumbar Fusion Cages of Poly
Vinyl Alcohol (PVA)
As mentioned, due to inability of printing non-thermoplastic POSS-PCU, a
reverse 3D printing method was adopted. This involved using CAD software
(Autodesk Inventor Professional 2014, Autodesk, USA) equipped with slicing
software. The slicing software converted the data-file into Gcode (codes for
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print head movements), allowing for the printer to recognise the printing
parameters, 3D structure and dimensions of the mould to be printed (Table
4.1).
The slicing software uses a grid format to print a rectilinear infill object (in a
mesh structure) with melted and extruded PVA polymer, resulting in the
formation of a 3D printed PVA-based mould (L 9.5 x W 8 x H 6.5 mm) with
50% fill density (percentage of the printed construct volume that is filled with
PVA polymer) (n = 12) (Fig. 5.5A&B). At this stage, the moulds were removed
from the printer’s platform and their grids were filled in with 18 wt% POSSPCU solution in DMAC, pre-polymerisation mixed 5 wt% HA/POSS-PCU
solution in DMAC and manually mixed 5 wt% HA/POSS-PCU solution in
DMAC. 2 ml syringes with Luer Lock design (Muzamal Ventures, UK) and 25
G needle (NU-CARE, Ltd, Bedfordshire, UK) were used to manually deliver
approximately 1.5 ml of solutions to each mould. This technique proved to be
difficult as manual injection of polymer under no pressure caused the polymer
to run out from the mould grids, which made it difficult to ensure that the mould
was fully loaded with polymer and that each sample retained the same amount
of polymer for repeatability and comparability purposes. The filled-moulds
were then placed in an air-circulating oven at 65 °C for 5 h in order for the
polymers to set into the shape of the mould and also for DMAC to evaporate
(solvent casting) from solutions of POSS-PCU. The cast constructs were then
immersed into distilled water for 12 h for PVA to dissolve and leave behind
(through solute exchange induced phase-separation technique) the finished
18 wt% POSS-PCU and 5 wt% HA/POSS-PCU based lumbar fusion cages
(Fig. 5.5C).
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Figure 5.5 Reverse 3D printing of a PVA mould lumbar fusion cage. PVA
mould was 3D printed to create structure of a lumbar fusion cage (A). The
finished printed PVA cage (L 9.5 x W 8 x H 6.5 mm) is shown in (B), which
was then filled with 18 wt% POSS-PCU solution in DMAC and the PVA mould
was removed by solvent casting/solute exchange induced phase-separation
techniques. The finished POSS-PCU cage is shown in (C).
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5.2.3.3 Compression Testing of POSS-PCU and HA/POSSPCU Based Lumbar Fusion Cages
Compressive tests were performed on 18 wt% POSS-PCU cages (n = 3),
manually mixed 5 wt% HA/POSS-PCU cages (n = 3) and pre-polymerisation
mixed 5 wt% HA/POSS-PCU cages (n = 3), using an Instron-5565 tensile
tester (Instron Ltd., Bucks, UK) as described in Section 4.2.2. The thickness
of each of the samples were recorded using an electronic micrometre, then
individual samples were placed in between two metal grids and were
compressed at a rate of 5 mm/min to 50% of the original thickness to evaluate
their compressive strength and stiffness (Fig. 4.3). All compression tests were
performed in a direction perpendicular to the platens.

5.2.3 Statistical Analysis
Non-parametric data were analysed using Kruskal-Wallis test. One-way
(analysing independent variables) or two-way (comparisons across more than
two groups) analysis of variance (ANOVA) using Tukey’s post hoc test, or twotailed unpaired Student t tests (parametric data, comparing data between two
groups) were used to calculate the differences between samples during
repeated measures’ testing using GraphPad PRISM version 6.07. If
applicable, data were presented as standard deviation (SD) of the mean
values. A P value of less than 0.05 was considered to be significant.
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5.3 Results
5.3.1 Mechanical Properties of 18 wt% POSS-PCU and
HA/POSS-PCU Based Films
Compared to 18 wt% POSS-PCU, incorporation of manually mixed or prepolymerisation mixed 5 wt% HA into 18 wt% POSS-PCU solution in DMAC,
there was no significant difference amongst HA incorporated or HA-free
POSS-PCU constructs in terms of the Young’s modulus, maximum tensile
strength or the elongation at break when comapring samples prepared by the
same fabrication technique. Howevere, there was a significant decrease in the
Young’s modulus and maximum tensile strength of all samples fabricated by
solute exchange induced phase-separation technique compared to their
respective formulation prepared by solvent casting (P < 0.001) (Fig. 5.6). In
all cases, pre-polymerisation mixed 5 wt% HA/POSS-PCU composite films
showed slightly higher Young’s modulus, maximum tensile strength and
elongation at break, compared to 18 wt% POSS-PCU films and manually
mixed 5 wt% HA/POSS-PCU composite films (regadless of the fabrication
technique) but the difference was not statistically significant.
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Figure 5.6 Mechanical properties of 18 wt% POSS-PCU, pre-polymerisation
mixed 5 wt% HA/POSS-PCU and manually mixed 5 wt% HA/POSS-PCU
samples fabricated by solvent casting and solute exchange induced phaseseparation techniques. Data are represented as mean ± SD, *P < 0.001.
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5.3.2 Contact Angle (Wettability) Measurements
Sessile drop contact angle measurment showed that 18 wt% POSS-PCU and
pre-polymerisation 5 wt% HA/POSS-PCU films prepared by solvent casting
were hydrophobic θ > 90 (Fig. 5.7A). Manually mixed 5 wt% HA/POSS-PCU
films fabricated by solvent casting were also hydrophobic, however, they were
significantly less hydrophobic than 18 wt% POSS-PCU films fabricated by
solvent casting (P < 0.05) (Fig. 5.7A). Captive bubble contact angle
measurment also showed the hydrophobic nature of all of the samples
fabricated by solute exchange induced phase-separation (ɸ < 90) (Fig. 5.7B).
However, 18 wt% POSS-PCU films fabricated by solute exchange induced
phase-separation were signifantly less hydrophobic compared to 5 wt% HA
incoprorated POSS-PCU films regadless of the method of HA incorporation (P
< 0.05) (Fig. 5.7B). It should be noted that in this research thesis, the sessile
drop technique was used for measuring the contact angle of non-porous
samples fabricated by solvent casting, whereas the captive bubble techniques
was used for measuring the contact angle of randomly porous samples
fabricated by solute exchange induced phase-separation as discussed
previously.

205

Figure 5.7 (A) Sessile drop contact angle measurement of 18 wt% POSSPCU, pre-polymerisation mixed 5 wt% POSS-PCU, and manually mixed 5 wt%
POSS-PCU films fabricated by solvent casting (θ > 90 is considered
hydrophobic). (B) Captive Bubble contact angle measurement of 18 wt%
POSS-PCU, pre-polymerisation mixed 5 wt% POSS-PCU, and manually
mixed 5 wt% POSS-PCU films fabricated by solute exchange induced phaseseparation (ɸ < 90 is considered hydrophobic). Data are represented as mean
± SD, *P < 0.05.
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5.3.3 Viscosity of POSS-PCU and HA/POSS-PCU Based
Polymeric Solutions
As polymeric solutions of 18 wt% POSS-PCU and 5 wt% HA/POSS-PCU in
DMAC were injected into the 3D printed PVA moulds, the flow behaviour of the
solutions was of a concern to be investigated. Furthermore, the polymer
stability over time of 18 wt% POSS-PCU, pre-polymerisation mixed 5 wt%
POSS-PCU, and manually mixed 5 wt% POSS-PCU solutions in DMAC was
determined by investigating the viscosities and pseudoplastic behaviour
(decreased viscosity when subjected to shear strain; also known as shear
thinning). 18 wt% POSS-PCU and pre-polymerisation mixed 5 wt% HA/POSSPCU solutions in DMAC showed similar viscoelastic properties in terms of the
average shear rate (1/s) and shear stress (Pa). Although the average viscosity
of pre-polymerisation 5 wt% HA/POSS-PCU solution in DMAC was higher than
that of the 18 wt% POSS-PCU solution in DMAC, the difference was not
statistically significant. Manually mixed 5 wt% HA/POSS-PCU solution in
DMAC exhibited significantly higher average viscosity (2.97 ± 0.14 Pas), shear
rate (195 ± 12.5 1/s), and shear stress (685 ± 18.1 Pa), compared to the other
two polymeric solutions (P < 0.001) (Table 5.1). Furthermore, all samples
exhibited a Newtonian behaviour; i.e. their viscous shear stress was linearly
proportional to their point-by-point shear strain rate (Fig. 5.8). However, after
aging the samples for up to 9 months, all samples exhibited pseudoplastic
behaviour (decreased viscosity when subjected to shear strain; also known as
shear thinning) after 1000 1/S shear rate. The corresponding data are
presented in Table 5.2. After 9 months of aging, pre-polymerisation 5 wt%
HA/POSS-PCU solution in DMAC, showed the lowest viscosity (i.e. greater
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shear thinning) compared to 18 wt% POSS-PCU and manually mixed 5 wt%
HA/POSS-PCU solutions in DMAC (P < 0.05) (Table 5.2).

Table 5.1 Viscosity (Pa) measurements of 18 wt% POSS-PCU and 5 wt%
HA/POSS-PCU based polymeric solutions in DMAC at corresponding shear
rates (1/s) and shear stress (pa). Data are represented as mean ± SD.

Formulation

Viscosity (Pas)

Shear Rate

Shear Stress

± SD

(1/s) ± SD

(Pa) ± SD

18 wt% POSS-PCU

2.04 ± 0.06

145 ± 19.7

175 ± 14.2

5 wt% HA/POSS-PCU
Manually Mixed

2.97 ± 0.14

195 ± 12.5

685 ± 18.1

5 wt% HA/POSS-PCU
Pre-polymer Mixed

2.26 ± 0.27

180 ± 16.3

230 ± 23.8
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Table 5.2 Flow behaviour parameters of 18 wt% POSS-PCU and 5 wt% HA/POSS-PCU based polymeric solutions in DMAC
aged up to 9 months. Pseudoplastic index is quoted for the shear rate range 0 – 1500 1/S. Data are represented as mean ±
SD.
Formulation

Viscosity (Pas) ± SD

Pseudoplastic Index

Yield Stress (Pa)

18 wt% POSS-PCU (Day 0)

2.04 ± 0.06

0.94 ± 0.08

2.93 ± 0.31

18 wt% POSS-PCU (1 month)

2.07 ± 0.27

0.93 ± 0.06

2.87 ± 0.42

18 wt% POSS-PCU (3 months)

1.33 ± 0.04

0.82 ± 0.07

4.91 ± 0.17

18 wt% POSS-PCU (6 months)

0.84 ± 0.12

0.76 ± 0.06

6.36 ± 0.58

18 wt% POSS-PCU (9 months)

0.57 ± 0.03

0.68 ± 0.03

8.81 ± 0.26

5 wt% HA/POSS-PCU Pre-polymerisation Mixed (Day

2.26 ± 0.27

0.91 ± 0.09

3.14 ± 0.39

5 wt% HA/POSS-PCU Pre- polymerisation Mixed (1
month)
5 wt% HA/POSS-PCU Pre- polymerisation Mixed (3
months)

1.85 ± 0.14

0.91 ± 0.02

3.85 ± 0.82

0.97 ± 0.05

0.69 ± 0.13

6.75 ± 0.44

5 wt% HA/POSS-PCU Pre- polymerisation Mixed (6
month)
5 wt% HA/POSS-PCU Pre- polymerisation Mixed (9
month)
5 wt% HA/POSS-PCU Manually Mixed (Day 0)

0.62 ± 0.02

0.47 ± 0.07

8.52 ± 0.71

0.49 ± 0. 25

0.42 ± 0.02

10.13 ± 0.85

2.97 ± 0.14

0.87 ± 0.05

3.27 ± 0.93

5 wt% HA/POSS-PCU Manually Mixed (1 month)

2.43 ± 0. 14

0.85 ± 0.08

3.39 ± 0.18

5 wt% HA/POSS-PCU Manually Mixed (3 months)

1.78 ± 0.09

0.77 ± 0.09

5.74 ± 0.37

5 wt% HA/POSS-PCU Manually Mixed (6 months)

1.05 ± 0.30

0.69 ± 0.03

7.41 ± 0.62

5 wt% HA/POSS-PCU Manually Mixed (9 months)

0.82 ± 0.02

0.61 ± 0.17

9.62 ± 0.33

0)
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Figure 5.8 Shear Stress of 18 wt% POSS-PCU, pre-polymerisation mixed
5 wt% HA/POSS-PCU and manually mixed 5 wt% HA/POSS-PCU
solutions in DMAC as a function of shear rate, prior to exceeding their
shear strength. Estimated relative error for 18 wt% POSS-PCU, prepolymerisation mixed 5 wt% HA/POSS-PCU and manually mixed 5 wt%
HA/POSS-PCU samples were 5.9%, 6.3% and 5.4%, respectively.
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5.3.4 Attenuated Total Reflectance Fourier- Transform Infrared
(ATR-FTIR) Analysis
ATR-FTIR was used to identify the difference in surface functional groups of
18 wt% POSS-PCU, pre-polymerisation mixed 5 wt% HA/POSS-PCU and
manually mixed 5 wt% HA/POSS-PCU films as well as the effect of different
fabrication techniques (i.e. solvent casting versus solute exchange induced
phase-separation). There was an apparent decrease in the POSS peak (Si-OSi) at 1100 cm-1 on the surface of 18 wt% POSS-PCU films fabricated by solute
exchange induced phase-separation (Figure 5.10) compared to 18 wt%
POSS-PCU films fabricated by solvent casting. The same trend of decrease in
POSS peak (Si-O-Si at 1100 cm-1) was also observed on the spectrums of 5
wt% HA/POSS-PCU composite films (regardless of the method of HA
incorporation) when comparing films fabricated by solvent casting to those
fabricated by solute exchange induced phase-separation technique (Fig. 5.11
& 5.12). These findings shows that the difference in the method of DMAC
removal between solvent casting and solute exchange induced phaseseparation technique leads to a change of POSS peak at the surface of POSSPCU films regardless of the presence or the absence of HA particles.
Furthermore, there was no indication of the exposure of HA particles on the
surface of 5 wt% POSS-PCU composite films regardless of the method of HA
incorporation (Figs. 5.11 & 5.12) and these spectra looked identical to that of
18 wt% POSS-PCU films (Fig. 5.10). This conclusion was drawn based on the
lack of observation of peaks and chemical bonds typically associated with
synthetic HA (Fig. 5.9) [174]. Table 5.3 summarises chemical bonds
associated with POSS-PCU and HA and their respective absorption bands that
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one would expect to observe on typical ATR-FTIR spectra of POSS-PCU and
HA.

Table 5.3 Summary of the typical ATR-FTIR absorption bands of 18 wt%
POSS-PCU and synthetic HA, as well as their associated peaks.

POSS-PCU

HA

POSS Si-O-Si (1100 cm-1)

PO43- (1000 - 1100 cm-1)

Urethane C-O-C (1240 cm-1)

OH- (630, 1650 and 3540 cm-1)

C-C aromatic ring (1400 cm-1)

HPO42- (880 cm-1)

N-H and C=N (1540 cm-1)

CO3 2- (870 and 880; 1460 and 1530 cm-1)

C=C aromatic (1589 cm-1)

Adsorbed water (630 cm-1; 2600 to 3600
cm-1)

NH2 (1632 cm-1)
C=O (1736 cm-1)
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Figure 5.9 Typical ATR-FTIR spectra of synthetic hydroxyapatite (source
unknown).
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removal between the two fabrication techniques.

peak at 1100 cm-1 as shown by the arrow. This difference is associated with the difference in the method of DMAC

spectrum) and solute exchange induced phase-separation (red spectrum) indicating a decrease of POSS (Si-O-Si)

Figure 5.10 ATR-FTIR spectrum of the surfaces of 18 wt% POSS-PCU films fabricated by solvent casting (blue
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exposure on the surfaces of these films.

difference in the method of DMAC removal between the two fabrication techniques. There was no indication of HA

decrease of POSS (Si-O-Si) peak at 1100 cm-1 as shown by the arrow. This difference is associated with the

by solvent casting (blue spectrum) and solute exchange induced phase-separation (red spectrum) indicating a

Figure 5.11 ATR-FTIR spectrum of the surfaces of pre-polymerisation mixed 5 wt% HA/POSS-PCU films fabricated
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exposure on the surfaces of these films.

difference in the method of DMAC removal between the two fabrication techniques. There was no indication of HA

decrease of POSS (Si-O-Si) peak at 1100 cm-1 as shown by the arrow. This difference is associated with the

solvent casting (blue spectrum) and solute exchange induced phase-separation (red spectrum) indicating a

Figure 5.12 ATR-FTIR spectrum of the surfaces of manually mixed 5 wt% HA/POSS-PCU films fabricated by

5.3.5 18 wt% POSS-PCU and 5 wt% HA/POSS-PCU based Films
Surface Morphology
SEM imaging used to compare the difference in surface morphology of films
fabricated by solvent casting versus solute exchange induced phaseseparation technique, revealed that all films fabricated by solvent casting had
a solid surfaces with no pores, whereas, solute exchange induced phaseseparation (due to the exchange of water and DMAC molecules) created pores
on the surface of the films fabricated using this technique (regardless of the
presence or the absence of HA particles in POSS-PCU matrix) (Fig. 5.13-15).
As porosity was not a pre-designed factor (by using porogen of known size
and amount) in this study as well as limitations in regards to access to SEM
facility porosity, pore morphology, size and interconnectivity were not
investigated.
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random pores on the surface of the films. Magnification X 1000.

induced phase-separation technique, due to the difference in the method of DMAC removal, creates undersigned and

by solvent casting versus solute exchange induced phase-separation. It was shown, as expected, that solute exchange

Figure 5.13 SEM was used to investigate the difference in surface morphology of 18 wt% POSS-PCU films fabricated
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creates undersigned and random pores on the surface of the films. Magnification X 1000.

expected, that solute exchange induced phase-separation technique, due to the difference in the method of DMAC removal,

PCU composite films fabricated by solvent casting versus solute exchange induced phase-separation. It was shown, as

Figure 5.14 SEM was used to investigate the difference in surface morphology of pre-polymerisation mixed 5 wt% HA/POSS-
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removal, creates undersigned and random pores on the surface of the films. Magnification X 1000.

expected, that solute exchange induced phase-separation technique, due to the difference in the method of DMAC

composite films fabricated by solvent casting versus solute exchange induced phase-separation. It was shown, as

Figure 5.15 SEM was used to investigate the difference in surface morphology of manually mixed 5 wt% HA/POSS-PCU

5.3.6 Compressive Properties of 18 wt% POSS-PCU and 5 wt%
HA/POSS-PCU Based Cages
Analysis of compressive properties of reverse 3D printed 18 wt% POSS-PCU,
pre-polymerisation mixed 5 wt% HA/POSS-PCU, and manually mixed 5 wt%
HA/POSS-PCU lumbar fusion cages (after removing the PVA moulds) showed
that 18 wt% POSS-PCU cages had a significantly lower average Young’s
modulus (96.7 ± 18.3 MPa ) compared to that of pre-polymerisation mixed 5
wt% HA/POSS-PCU cages (284.3 ± 11.6 MPa) and manually mixed 5 wt%
HA/POSS-PCU cages (240.1 ± 10.2 MPa) (P < 0.001) (Fig. 5.16A).
Furthermore, there was a significant difference in the average compressive
load of the 18 wt% POSS-PCU cages (2.4 ± 0.4 N) and that of prepolymerisation mixed 5 wt% HA/POSS-PCU cages (4.1 ± 0.2 N) and manually
mixed 5 wt% HA/POSS-PCU cages (3.6 ± 0.3 N) (P < 0.05) (Fig. 5.16B).
There was no significant difference between the compressive load and the
Young’s modulus of pre-polymerisation mixed 5 wt% HA/POSS-PCU cages
and manually mixed 5 wt% HA/POSS-PCU cages.
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Figure 5.16 Comparison of the compressive properties of reverse 3D printed
18 wt% POSS-PCU, pre-polymerisation mixed 5 wt% HA/POSS-PCU, and
manually mixed 5 wt% HA/POSS-PCU cages; (A) their Young’s modulus and
(B) their compressive strength (*P < 0.001 & ** P < 0.05). Data are represented
as mean ± SD.
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5.4 Discussion
In this study, I investigated the development of 5 wt% HA/POSS-PCU
composite films for use as bone graft substitutes or GBR membranes for bone
grafting or augmentation, respectively.

HA was chosen as a filler to be

incorporated into the matrix of POSS-PCU polymer in order to improve the
physico-chemical properties of POSS-PCU. HA due to its established
biocompatibility,

osteoconductivity,

bone

integration

abilities,

slow

degradation, and non-cytotoxicity has been used in various aspects of bone
grafting and augmentation [113, 286, 287]. In this study, 5 wt% HA particles
were incorporated into 18 wt% POSS-PCU solution in DMAC either by prepolymerisation mixing or manually mixing techniques. The effect of these two
integration techniques on the physico-chemical properties of POSS-PCU was
investigated. Furthermore, two fabrication techniques; solvent casting and
solute exchange induced phase-separation techniques were investigated for
the development of 18 wt% POSS-PCU films and 5 wt% HA/POSS-PCU
composite films (both pre-polymerisation mixed and manually mixed) and their
effect on the physico-chemical properties of the films were compared. In
addition 3D printing was used to reverse print 18 wt% POSS-PCU and 5 wt%
HA/POSS-PCU (both pre-polymerisation mixed and manually mixed) spinal
fusion cages. The comparison of HA integration and film fabrication techniques
used in this study and the evaluation of their effects on the physico-chemical
properties of the POSS-PCU and HA/POSS-PCU films were the basis of which
integration and fabrication techniques were used in the next studies of this
research thesis.
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The mechanical properties of 18 wt% POSS-PCU films fabricated by solvent
casting measured in this study are similar to that reported by Kidane et al. [243]
in Table 2.3. In terms of the mechanical properties, it was shown that, at 5 wt%
HA integration, HA particles did not cause any significant changes in the
mechanical properties of 18 wt% POSS-PCU films. However, this finding is not
in accordance with the theoretical mechanical properties of films predicted
based on the rule of mixture as presented in Table 4.7. Theoretically, 5 wt%
incorporation of HA particles into POSS-PCU should increase the composite
Young’s modulus from 23 MPa to 1.62 GPa, which is a very significant change.
However, this study showed that 5 wt% HA incorporation into POSS-PCU had
an insignificant effect on the actual Young’s modulus of pre-polymerisation and
manually mixed 5 wt% HA/POSS-PCU films fabricated by solvent casting (28
± 3 and 23 ± 4 MPa, respectively) and the actual Young’s modulus of prepolymerisation and manually mixed 5 wt% HA/POSS-PCU films fabricated by
solute exchange induced phase-separation technique (20 ± 3 and 17 ± 3 MPa,
respectively), regardless of the fabrication technique (Fig. 5.6). Furthermore,
at 5 wt% HA content, there was no significant difference of mechanical
properties between manually mixing or pre-polymerisation mixing techniques.
However, it was apparent that there was a statistically significant difference of
mechanical properties amongst the samples based on their fabrication
technique. Overall, it was shown that solute exchange induced phaseseparation leads to the development of mechanically weaker POSS-PCU films
both with and without HA particles. This difference may be due to the difference
in the method of DMAC removal from the films. In solvent casting, DMAC is
removed by the means of evaporation and evaporation does not cause pore

224

formation. However, in solute exchange induced phase-separation, DMAC
removal in water causes random pore formation whilst in phase-separation. It
is known that porosity reduces mechanical properties such as Young’s
modulus and compressive strength in porous constructs compared to nonporous constructs [50]. However, in my study, porosity was due to the solute
exchange induced phase-separation process, which significantly reduced the
mechanical properties of the samples compared to their respective
formulations fabricate by solvent casting. As discussed, porosity was not a
designed parameter and a porogen was not used for particulate-leaching
purposes in this case. Therefore, the random exchange between water and
DMAC molecules, in contrast to pre-calculated leaching of porogen crystals of
know size, shape and amount, may have led to the fabrication of films with
micro-voids that acted as defects leading to reduced mechanical properties
compared to those fabricated by solvent casting. A similar phenomenon has
been previously reported by Nayyer et al. where the authors compared the
mechanical properties of POSS-PCU scaffolds fabricated by solute exchange
induced phase-separation to those fabricated by combining solvent casting
and solute exchange induced phase-separation [246]. They found that the
maximum tensile strength and the Young’s modulus of the scaffolds prepared
by the combination of solvent casting/solute exchange induced phaseseparation techniques were on average 10 times higher than the maximum
tensile strength and the Young’s modulus of the scaffolds prepared by solute
exchange induced phase-separation alone. The authors anticipated the
difference to the fact that by removing most of the DMAC through the
evaporation process of solvent casting there would be a significantly less
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interaction between water and DMAC molecules during the solute exchange
induced phase-separation process, hence reducing the amount of potential
microvoids created in the structure of the scaffolds.
In this study, although 18 wt% POSS-PCU films and 5 wt% HA/POSS-PCU
composite films fabricated by solvent casting were mechanically stronger than
those developed by solute exchange induced phase-separation, the overall
mechanical properties were significantly lower than theoretically predicted and
also significantly lower than the mechanical properties of natural cortical bone
(Table 1.1). For example, pre-polymerisation mixed 5 wt% HA/POSS-PCU
films prepared by solvent casting had an average Young’s modulus (stiffness)
of 28 ± 3 MPa and an average ultimate tensile strength of 40 ± 2 MPa, which
are significantly lower than those of cortical bone (16 – 23 GPa and 80-150
MPa, respectively). Based on the rule of mixture (Table 4.7), these films should
theoretically have a Young’s modulus of 1.62 GPa due to the effect of
reinforcement of POSS-PCU with 5 wt% HA particles as fillers. The concept of
incorporation of HA filler particles in the matrix of a polymer is to enhance the
mechanical properties such as the elastic (Young’s) modulus, fatigue
behaviour and the bioactivity or bone-bonding abilities of the implant as
previously discussed [288, 289]. As discussed in Chapter 2, incorporation of
up to 50 vol.% HA powder has been shown to increase the elastic modulus of
HA/HDPE [196], HA/UHMWPE [197], and HA/PAEK [198] by eight fold
compared to un-reinforced HDPE, UHMWPE, and PAEK [187]. However, as
also mentioned in Chapter 2, the reinforcement effect of HA on the composite
mechanical properties and bioactivity is HA concentration-dependent and in
this study it suggests that 5 wt% HA reinforcement is not an optimum filler
226

content to induce significant improvement on the mechanical properties of
HA/POSS-PCU composite films. Furthermore, the weakness of the
mechanical properties of 5 wt% HA/POSS-PCU films could be attributed to a
weak level of bonding force between HA and the polymer at their interface.
The low concentration of HA content at 5 wt% in comparison to the polymer
content of the composite leads to a weak mechanical interlock between the
two phases and an overall weakness in the composite mechanical properties
as there are no other forces to bond them together [290].
Investigation into the surface wettability of 18 wt% POSS-PCU and 5 wt%
HA/POSS-PCU films (both pre-polymerisation mixed and manually mixed)
fabricated by solvent casting and measured by sessile drop technique showed
significant hydrophobicity of the films with θ > 90 (Fig. 5.7A). Captive bubble
contact angle measurement also showed the hydrophobic nature of all of the
samples fabricated by solute exchange induced phase-separation with ɸ < 90
(Fig. 5.7B). Tan et al. also demonstrated the hydrophobic nature of POSSPCU by measuring its contact angle using sessile drop technique [251]. The
authors reported POSS-PCU contact angle of θ = 101 ± 3°, which is very
similar to that reported in this study (θ = 100 ± 0.5°). The strong hydrophobic
nature of POSS-PCU films is due to the self-assembly of POSS on the surface
of the films. In the literature, it has been shown that HA, once incorporated in
the matrix of a hydrophobic polymer, has the ability to change the wettability
of the construct (towards hydrophilicity) in a concentration-dependent manner
[173, 206]. HA reinforcement into a polymer matrix, due to the hydrophilic
nature and the surface charges of HA particles, reduces the overall
hydrophobic nature of the composite by altering its surface charges [291].
227

Furthermore, exposure of HA particles, with their highly acidic domains, on the
surface of the composites results in the recognition of these domains by
proteins such as osteopontin, bone sialoprotein and osteocalcin, leading to
enhanced attachment and distribution of osteogenic cells on the surface of the
composite [291-293]. Consequently, the cascade of these events can lead to
enhanced cell proliferation and differentiation followed by promotion of new
bone formation [294]. To this end, various studies have incorporated HA
particles of varying concentrations into polymeric matrices and in many cases
reported of an insignificant change in the contact angle of the composites after
incorporation of 0 to 15 wt% HA content [295, 296]. However, significant
changes in surface contact angle (increased hydrophilicity) have been
reported with 30 wt% or higher HA incorporation into polymeric matrices [296,
297]. In an interesting study conducted by Braga et al. the authors investigated
the effect of HA incorporation on the surface contact angle of polyvinylidene
fluoride/HA (PVDF/HA) composites by preparing PVDF/HAP films of 100/00,
90/10, 80/20, 70/30, 60/40, 50/50, 40/60, 30/70 in weight (wt%) and measuring
their contact angles [298]. They reported of an increase of hydrophobicity by
incorporating 10, 20, 30 and 40 wt% of HA into PVDF (from 83 ± 2.0° for pure
PVDF to 94 ± 0°, 98 ± 0°, and 110 ± 0° for 10, 20, 30 and 40 wt% of HA,
respectively) and a significant decrease in their hydrophobicity with 50 and 60
wt% HA incorporation into PVDF (41 ± 1.5° and 19 ± 3.8°, respectively). The
increase of surface hydrophobicity was attributed to the fact that the lower
levels of HA content, in relation to PVDF, negatively affected the surface
characterisation of the composite films, however, the mechanism of which is
not clear. The increase of hydrophilicity of the composites, on the other hand,
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was linked to the saturation of the PVDF matrix by the HA load, which led to
the exposure of HA in the form of powder on the surface of the PVDF/HA
constructs and consequently increasing the material’s wettability. A similar
negative phenomenon was observed in this study as 5 wt% HA/POSS-PCU
(both manually mixed and pre-polymerisation mixed) films fabricated by solute
exchange induced phase-separation were significantly more hydrophobic than
18 wt% POSS-PCU films fabricated using the same technique (P < 0.05) (Fig.
5.7B).
Overall, the investigation of the surface wettability of POSS-PCU and 5 wt%
POSS-PCU based composite films revealed that at 5 wt% HA integration, the
concentration of HA particles is too low to reflect any significant changes on
the wettability of the films toward hydrophilicity. As mentioned in Chapter 4,
due to the equipment restrictions applied against pre-polymerisation mixing of
HA at higher than 5 wt%, in this study the HA concentration was kept at 5 wt%
for the purpose of evaluating different methods of HA integration and films
fabrication techniques, therefore, it was not possible to further analyse the
effect of this integration technique in terms of wettability by increasing HA
concentration. Surface wettability is one of the main properties of implants that
plays a crucial role in the attachment, growth and differentiation of cells with
hydrophilic surfaces enabling better material-cell interactions [299, 300]. For
instance, it has been shown that as the surface wettability decreased from
106° to 0° (i.e. from hydrophobic to hydrophilic) the rate of osteoblast adhesion
increased significantly [301]. The effect on the physico-chemical and materialcell behaviour resulting from concentration-dependent effect of HA

229

incorporation into POSS-PCU using manually mixing technique is further
investigated in Chapter 6 of this research thesis.
ATR-FTIR was used to investigate the surface functional groups of 18 wt%
POSS-PCU films and 5 wt% HA/POSS-PCU based (both manually mixed and
pre-polymerisation mixed) composite films fabricated by solvent casting and
solute exchange induced phase-separation and also to investigate if HA
particles were exposed on the surface of the composite films or not. ATR-FTIR
revealed that HA particles were not exposed on the surface of the 5 wt%
HA/POSS-PCU composite films, regardless of the integration or fabrication
techniques employed. This is due to the lack of observation of peaks and
chemical bonds typically associated with synthetic HA (mainly PO43 at 1000 1100 cm-1 and CO3 2- at 870 – 880 and 1460 - 1530 cm-1). This finding is likely
attributed to the low content level of HA (5 wt%) in respect to POSS-PCU
weight concentration, which has led to the encapsulation of the HA particles
by POSS-PCU molecules. This is otherwise known as “skin effect” caused by
the high content level of polymer, which does not allow for the exposure of the
HA particles on the surface of the films, therefore, HA particles would not be
available to cells and not able to fully contribute to the bioactivity of the
composites by their osteoconductive properties. Exposure of higher HA
concentrations on the surface of HA/POSS-PCU composite films and their
ability to effect composites bioactivity in SBF is investigated in detail in
Chapter 7 of this thesis using multiple assessment techniques as ATR-FTIR
on its own does not confirm surface exposure. The comparison of ATR-FTIR
spectra of solvent casting and solute exchange induced phase-separation
fabrication techniques revealed slight reduction in the presence of the POSS
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moiety on films fabricated by solute exchange induced phase-separation
compared to those fabricated by solvent casting (regardless of the presence
of HA particles and their integration technique). The reduction of POSS moiety
on sample surfaces may have been caused by the migration of the non-polar
and low surface energy of POSS. As previously discussed, in the solute
exchange induced phase-separation fabrication technique the method of
DMAC removal leads to the development of pores and also significantly
increases sample surface area [302]. As the concentration of POSS particles
(in relation to PCU) were kept constant in both fabrication techniques, the
increase in surface area of samples fabricated by solute exchange induced
phase-separation causes fewer POSS moieties to be present at any given
location of the scaffolds, hence, the lower POSS intensity observed in
coagulated samples. This is an important findings in terms of designing an
ideal bone graft substitute or GBR membrane for bone grafting or bone
augmentation as it has been shown in the literature that increased surface area
and porosity are two crucial factors that can affect surface topography
characteristics such as surface wettability (hydrophilicity/hydrophobicity) and
surface roughness of implants which may affect the material-cell behaviour in
vivo [303, 304]. The correlation between the surface topography and cell
interactions are investigated in the next chapters of this research thesis.
SEM imaging used to compare the difference in surface morphology of the
films fabricated by solvent casting versus solute exchange induced phaseseparation technique, revealed that all films fabricated by solvent casting had
a solid surfaces with no pores, whereas, solute exchange induced phaseseparation (due to the exchange of water and DMAC molecules) created
231

random pores on the surface of the films fabricated using this technique
(regardless of the presence or the absence of HA particles in POSS-PCU
matrix) (Fig. 5.12-14). However, there was no uniformity in terms of pore
morphology and structures as they had been formed by DMAC removal and
not through pre-designed porogen-leaching technique. As mentioned in
Chapter 2, porosity is another important design factor for bone grafting or bone
augmentation as cells can grow deep inside the pores and if the pores have
the right pore interconnection size and interconnectivity level, ECM secretion
and vascularisation could take place, which are vital for new bone formation
[305]. However, as porosity effects various physico-chemical, in vitro and in
vivo characteristics of implants and hence introduces complexity, it is
investigated in more details in Chapter 8 of this research thesis.
As mentioned, 3D printing allows for printing of bulk objects such as spinal
fusion cages with pre-designed characteristics such as porosity and pore size.
In this case, as POSS-PCU is a non-thermoplastic polymer, hence not
printable using the conventional printing techniques, an indirect (reverse)
printing technique using PVA moulds was used to construct 18 wt% POSSPCU, pre-polymerisation mixed 5 wt% HA/POSS-PCU and manually mixed 5
wt% HA/POSS-PCU spinal fusion cages. After 3D printing of PVA moulds,
construct 18 wt% POSS-PCU, pre-polymerisation mixed 5 wt% HA/POSSPCU and manually mixed 5 wt% HA/POSS-PCU polymeric solutions in DMAC
were injected into the moulds. Synthetic polymers including POSS-PCU are
viscoelastic in nature, which means that they exhibit both viscous and elastic
characteristics when undergoing deformation. While viscous materials under
stress have the ability to resist shear flow and strain linearly over time and
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elastic materials have the ability of stretching and returning back to their
original state after the removal of stress, viscoelastic materials exhibit timedependent strain [306]. Therefore, viscoelastic polymers have time-dependent
mechanical properties. Here, rheology was used to study of the deformation
and flow of 18 wt% POSS-PCU pre-polymerisation mixed 5 wt% HA/POSSPCU and manually mixed 5 wt% HA/POSS-PCU polymeric solutions in DMAC
as the flow behaviour of POSS-PCU and HA/POSS-PCU polymeric solutions
in DMAC is a crucial factor when injecting the polymers into the 3D printed
moulds of PVA for the purpose of developing 18 wt% POSS-PCU and 5 wt%
HA/POSS-PCU

based

spinal

fusion

cages.

Previous

studies

have

demonstrated the Newtonian flow nature of 18 wt% POSS-PCU polymeric
solution in DMAC up to a shear rate of 1000 1/S, where viscosity was shown
to be independent of shear stress [307]. The same study also showed that the
viscosity of 18 wt% POSS-PCU in DMAC is independent of temperature and
hence suitable as a building block material for implant development. The
Newtonian behaviour of 18 wt% POSS-PCU as well as the 5 wt% HA/POSSPCU polymeric solutions in DMAC (regardless of the integration technique)
was confirmed in my study as well. Viscosity determines the flow behaviour of
the solutions and manually mixed 5 wt% HA/POSS-PCU solution in DMAC
showed a higher viscosity than the other two polymeric solution, which may be
due to HA aggregations formed within the matrix of the polymer. Literaturebased evidence suggest that integration of fillers into a polymer matrix
increases the viscosity of the polymer [308]. The size of this effect depends on
various factors including the size and shape of the filler particles. As HA
particles are added to fully synthesised 18 wt% POSS-PCU polymer by
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manually mixing, aggregation of particles is more likely to take place in
comparison with pre-polymerisation mixing technique resulting in an increase
of viscosity. Overall, rheology study showed similar viscoelasticity and flow
behaviour (similar viscosity, shear rate and shear stress compared) of 5 wt%
POSS-PCU solutions in DMAC to 18 wt% POSS-PCU solutions in DMAC,
therefore, suggesting that 5 wt% incorporation of HA particles into the matrix
of POSS-PCU did not have any physical effect on the time-dependent
mechanical properties of POSS-PCU. This is a positive finding because as
mentioned, the flow behaviour of HA/POSS-PCU polymeric solutions is a
crucial factor when injecting the polymers into the 3D printed moulds of PVA
for the purpose of developing a HA/POSS-PCU based spinal fusion cage.
There was however, a decrease in viscosity and pseudoplastic index as the
samples were aged (0 to 9 months) and deformation reduced (pseudoplastic
index; Table 5.2). These observations may be due to the gradual loss of DMAC
in the polymer and POSS-induced crystallisation of PCU during ageing of the
solutions [307]. Furthermore, there was an increase in yield stress of all the
samples as they aged. This finding can be the result of the reduction in the
mobility of the POSS-PCU polymer chains over time, which consequently
means a disturbance in terms of its flow behaviour [309].
Another interesting finding of the rheology test was that aging had the most
significant effect, in terms of viscosity, pseudoplastic index and yield stress, on
pre-polymerisation mixed 5 wt% HA/POSS-PCU solution in DMAC compared
to 18 wt% POSS-PCU and manually mixed 5 wt% HA/POSS- polymeric
solutions in DMAC. Meaning that over time, pre-polymerisation mixed 5 wt%
HA/POSS-PCU solution in DMAC had the highest level of deformation and
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instability compared to the other two polymeric solutions. This phenomenon
could have risen due to a weakening between HA particles and POSS-PCU
molecular bonding at their interface, leading to a crystal destruction in the form
of phase-separation of the polymeric solution [310]. Therefore, limiting the
shelf-life of the pre-polymerisation mixed 5 wt% HA/POSS-PCU in the form of
solution in DMAC.
As spinal fusion cages are subject to high load in vivo, mechanical properties
of the constructs are of a major concern. Compressive study of the 18 wt%
POSS-PCU, pre-polymerisation mixed and manually mixed 5 wt% HA/POSSPCU based cages showed that after removal (dissolving) of PVA mould
through solute exchange induced phase-separation the 18 wt% POSS-PCU,
pre-polymerisation mixed and manually mixed 5 wt% HA/POSS-PCU based
cages has a significantly low Young’s modulus compared to load-bearing
cortical bone and were closer in the range of non-load bearing trabecular bone
instead. Furthermore, although 5 wt% HA reinforcement enhanced the
mechanical properties of 5 wt% HA/POSS-PCU cages compared to 18 wt%
POSS-PCU cages, the change was not comparable to that of other polymeric
cages currently available for spinal fusion surgeries. For example, spinal fusion
cages made of PEEK, a commonly used polymer as building block material of
spinal fusion instruments, have been shown to be able to withstand of up to
250 N in compressive load [311], which is significantly higher than those
observed from 18 wt% POSS-PCU, pre-polymerisation mixed and manually
mixed 5 wt% HA/POSS-PCU based cages in this study (Fig. 5.16). In addition,
the fact that the final construct of 18 wt% POSS-PCU, pre-polymerisation
mixed and manually mixed 5 wt% HA/POSS-PCU based cages did not
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resemble the dimensions and the structure of the PVA moulds as pre-designed
by 3D printing, but were dimensionless constructs of somewhat spherical
structure (Fig. 5.5C) it was not possible to measure their porosity or
interconnectivity. Overall these findings suggest that our attempt to reverse 3D
print spinal fusion POSS-PCU and HA/POSS-PCU cages with a specific 3D
structure and desired mechanical properties has failed and these cages are
not suitable for a load-bearing application in spinal fusion surgery.

5.5 Conclusion
In conclusion, there was no significant difference in the physico-chemical
properties of the final constructs prepared by either manually mixing or prepolymerisation mixing of HA into the matrix of POSS-PCU to indicate the
advantage of one integration technique over the other one. Regardless of the
fabrication technique, this study showed that POSS-PCU, at its current
formulation and even after integration of 5 wt% HA particles as reinforcement
filler, is not suitable for load-bearing bone grafting or bone augmentation
applications, as the physico-chemical properties of the constructs resembled
those of trabecular bone rather than cortical bone. Furthermore, it was shown
here that at 5 wt% HA concentration, HA is not exposed on the surface of
POSS-PCU and that it does not improve the overall physico-chemical
properties of the composite films compared to unreinforced 18 wt% POSSPCU. Reverse 3D printing of 18 wt% POSS-PCU and HA/POSS-PCU based
spinal fusion cages was not a successful fabrication technique and proved to
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be very complicated mainly because of the lack of mechanical stability and the
disability of maintaining the pre-designed dimensions and structure of the final
cages after PVA moulds were removed.
Based on the findings of this study, although there was no major advantage
associated with manually mixing or pre-polymerisation mixing when comparing
the two integration techniques to one another, the fact that pre-polymerisation
mixing was carried out by a third part and at a limited (5 wt%) HA concentration
determined the use of manually mixing technique as the method of integration
of HA into POSS-PCU matrix for the following studies in this research thesis.
As 5 wt% HA incorporation did not elicit the desired physico-chemical changes
in POSS-PCU, therefore, incorporation of HA at higher concentrations could
achieve the desired bioactivity and mechanical stability of POSS-PCU so that
it would be a suitable matrix to be used in the development of synthetic bone
graft substitutes or GBR membranes. The effect of increasing HA
concentration on the physico-chemical and in vitro behaviour of POSS-PCU is
discussed in the following chapters of this research thesis. Finally, I concluded
that reverse 3D printing is not a fully optimised technique to be employed in
the following studies and a more simplistic fabrication technique that would
allow to produce samples with better repeatability for mechanical testing and
in vitro screening should be used. Therefore, as both solvent casting and
solute exchange induced phase-separation are convenient fabrication
techniques I used these techniques for the fabrication of non-porous and
porous 18 wt% POSS-PCU and varying concentrations of HA/POSS-PCU
composite films in the following studies.
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I believe that by optimising the concentration of HA and by introducing predesigned porosity (as an important design parameter for new bone formation)
into HA/POSS-PCU composite films there would be a potentially great
application for this material as synthetic bone graft substitute composites or
GBR membranes for bone grafting or bone augmentation, respectively.
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Chapter 6: Development of a
Hydroxyapatite/POSS-PCU Composite Film
for Bone Grafting and Augmentation
6.1 Introduction
There is a growing need for synthetic bone graft substitutes and synthetic GBR
membranes due to the shortcomings of autografts as the “gold standard”
treatment option and the inability of the natural bone to repair or regenerate
critical size bone defects caused by diseases or trauma as explained in
Chapter 2 [312]. In the United States alone, there are more than 3 million
musculoskeletal procedures carried out annually [38] and with the global
population aging at its current rate, it is only reasonable to expect the number
and consequently the cost of treating critical size bone defects to increase and
become a huge burden on the society. To overcome these rising concerns, as
previously discussed, synthetic bone graft substitutes and synthetic GBR
membranes offer several advantages for tissue repair, augmentation, or
regeneration avoiding immunogenicity and disease transmission [313, 314]
and have been previously used for orthopaedic, spinal, dental, cranial, and
maxillofacial surgery with promising outcomes [50, 315, 316].
In my research thesis, I previously discussed various methods of integration
and fabrication of HA/POSS-PCU composites and investigated their potential
advantages and disadvantages in terms of the physico-chemical properties of
HA/POSS-PCU composite films (compared to POSS-PCU) for implantation as
bone graft substitutes or GBR membranes for bone grafting and augmentation.
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In the previous chapter, it was shown that the method of HA integration into
the polymer matrix, HA concentration and the fabrication technique employed
to develop composite films are crucial factors in determining the characteristics
of the final construct. These factors have also been shown to be important for
other medical grade synthetic polymers such as PMMA, a widely used
synthetic polymer in orthopaedic where several studies have shown that the
addition of up to 50 wt% of HA particles to PMMA polymeric matrix improves
the biocompatibility, osteoconductivity and the mechanical properties of the
final construct [317-320]. Interestingly, many studies have shown that such
effects are HA concentration-dependent. Vallo et al. observed improved
flexural modulus of PMMA-based bone cement with the addition of nHA of up
to 15 wt% [189]. Their investigation also indicated a significant increase in the
fracture toughness of the implants by incorporation of 40 wt% nHA. However,
there was no evidence provided by the authors to support the true nano-size
or particle shape of HA used in this study. Serbetci et al. also observed HA
concentration-dependent enhancement on the compressive strength and
fatigue life of HA/PMMA cements by increasing HA concentration from 7.7 to
25 wt% [321]. However, there was no information published on the particle size
or shape of the HA to obtain a clear understanding of the potential effect of HA
as stated in this study.
In addition, Zebarjad et al. found that the addition of 2.5 wt% of nHA to PMMA
improved the ultimate compressive strength, yield strength and modulus of the
composites compared to PMMA. At the same time, they observed a decrease
in both ultimate compressive strength and compression yield strength as the
concentration of nHA was increased above 2.5 wt% [320]. Similar to previously
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mentioned studies, there was no evidence provided by the authors to support
the true nano-size nature of HA used in this study. In addition, in my opinion,
2.5 wt% HA concentration seems to be an insignificant concentration of HA, in
comparison to the polymer content, to influence such significant changes as
stated by the authors.
The loading concentration of HA can also affect the material-cell interaction
both in vitro and in vivo. Evidence from the literature shows that HA
concentration could have an inhibitory effect on the growth of osteoblasts
[322]. In order to investigate this phenomenon, Xu et al. used nHA
concentrations of 20, 40, 60, 80, and 100 µg/ml (10 – 20 nm in size) and found
that the increasing concentration of HA had an increasing effect on the
apoptotic and inhibition ratios of the cells, the mechanism of which was not
fully

investigated [323]. Motskin et al. also investigated the effect of HA

concentration ranging from 31 to 500 mg/ml on osteoblast cells, and found that
HA concentration of more than 50.8 mg/ml was toxic to the cells [324]. These
are important findings as if cells do not survive on the surface of the implant
new bone would not be generated, leading to the failure of the procedure.
In order to evaluate the effect of HA concentration on cell growth and its ability
to promote bone repair and new bone formation, in vitro studies using
osteogenic cells are the first and essential step of the investigation [325, 326].
Various human and non-human osteoblast cell culture models, such as
primary cells and induced osteoblasts from pluripotent stem cells have been
used for studying the mechanism of bone growth in vitro [327]. However, these
cells do not exhibit reproducible results as there are differences amongst the
donors [328]. Immortalised or malignant cells, on the other hand, have the
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ability to maintain their phenotypic expression with many passages and are
easier to source and handle [329]. Table 6.1 summarises the advantages and
disadvantages of osteoblast cell models commonly used for in vitro research.

Figure 6.1 Advantages and disadvantages of osteoblast cell models for in vitro
research [327].
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The effect of HA in regulating osteogenic cells proliferation and differentiation
toward bone formation can be evaluated by monitoring the expression of
several osteo-specific genes such as ALP, collagen type I, and osteocalcin
[330]. As described in Chapter 1, bone mineralisation occurs in two steps; 1)
formation of nHA crystals within matrix vesicles, and 2) propagation of nHA
through cell membrane and into the ECM. An appropriate concentration of Ca
and P outside the matrix vesicles ensures the elongation of nHA crystals into
the extracellular space [331]. Sufficient concentration of Ca and inorganic
phosphate (Pi) is ensured by the extracellular fluid. At the same time, formation
of new nHA crystals is inhibited by inorganic pyrophosphate (PPi), hence the
ratio of Pi to PPi plays a crucial role in the second step of mineralisation [332,
333]. ALP is a hydrolase enzyme, provided by type III sodium-phosphate
(Na/Pi) cotransporter proteins residing on both the cell and the matrix vesicle
membranes, which characterises bone matrix maturation during the process
of bone formation [332, 334]. ALP, through an enzymatic reaction, hydrolyses
PPi to Pi and maintains the balance between them to promote mineralisation.
Expectedly, ALP has been considered as a vital marker to be investigated to
confirm bone mineralisation in vitro research. As the process of bone
mineralisation progresses, osteogenic cells are induced to produce significant
amount of extracellular Ca in vitro. Therefore, investigating of Ca deposition is
usually carried out using Alizarin Red S staining, which is a red dye of organic
nature that has the ability to bind to Ca depositions and form an Alizarin Red
S-calcium complex through a chelation (binding of ions and molecules to metal
ions) reaction [335, 336]. The procedure leads to staining Ca deposition in
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orange/red, which can be assessed under a microscope or quantified using a
spectrophotometer.

The aim of the present study is to investigate the effect of increasing HA
concentration incorporated into 18 wt% POSS-PCU solution in DMAC in terms
of the physico-chemical and material-cell interaction of HA/POSS-PCU
composite films and determine the optimum composition of HA/POSS-PCU for
promoting bone repair and new bone formation in applications such as bone
grafting and bone augmentation. Based on the limitations of prepolymerisation mixing of HA as described in the previous chapter, manually
mixing was chosen as the method of HA integration into POSS-PCU.
Furthermore, to avoid the complexity of porosity, for the purpose of comparison
of HA concentration-dependent effect on the characteristics of POSS-PCU,
non-porous films of 18 wt% POSS-PCU and 10, 30, and 50 wt% HA/POSSPCU composite films were the subject of investigation in the present study and
the effect of porosity on the physico-chemical and material-cell behaviour of
POSS-PCU is investigated in detail in Chapters 7 and 8 of this research thesis.
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6.2 Materials and Methods
6.2.1 Development of POSS/PCU and HA/POSS-PCU Films
18 wt% POSS-PCU solution in DMAC was prepared and provided by the
Division of Surgery & Interventional Sciences (UCL, UK) under the supervision
of Mr Arnold Darbyshire as previously described [241]. Based on the limitations
of pre-polymerisation mixing of HA as described in Chapters 4 and 5, manually
mixing was chosen as the method of HA incorporation into POSS-PCU. In the
manually mixing technique, a UIP1000-Exd Ultrasonic Mixer (Hielscher
Ultrasonic GmbH, Germany) was used to disperse 10, 30 and 50 wt% HA (in
respect to 18 wt% POSS-PCU solution in DMAC) particles of < 200 nm in size
in 5, 10, and 15 g of pure DMAC, respectively, before incorporation into 18
wt% POSS-PCU solution in DMAC. Dispersed HA particles in DMAC were
then added to 18 wt% POSS-PCU solution in DMAC and the mixtures were
dispersed and degassed using a Thinky AER 250 mixer (Intertonics,
Kidlington, UK). Equation 4.1 represent the mathematical calculations carried
out to work out the precise weights (g) of HA particles, corresponding to the
different weight concentrations (wt%) of HA particles, to be incorporated into
18 wt% POSS-PCU solution in DMAC. Following the preparation of different
concentrations of HA/POSS-PCU polymeric solutions in DMAC, HA/POSSPCU composite films of 300 µm in thickness were prepared by solvent casting
technique, whereby negative 10 x 10 cm stainless steel moulds were coated
with a pre-calculated layer of 18 wt% POSS-PCU solution in DMAC and 10,
30 and 50 wt% HA/POSS-PCU solutions in DMAC (Table 4.10) and placed in
an air-circulating oven at 65 °C overnight for the solvent to evaporate. It should
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be noted that the addition of different amounts of DMAC (for the purpose of
dispersing HA particles) to 18 wt% POSS-PCU solution in DMAC changes the
final weight of the mixture and the final weight of the composite in 100 g of 18
wt% POSS-PCU solution in DMAC (Table 4.8), which consequently result in
the dilution of the final weight concentration of POSS-PCU in the mixture as
described in Chapter 4. The addition of extra DMAC also changes the final
weight concentration of the composites in the 18 wt% POSS-PCU solution in
DMAC as shown in Table 4.9. The logic behind using solvent casting to
develop non-porous films, even though porosity is a crucial factor for cell
ingrowth and vascularisation, was because I decided to solely investigate the
effect of different HA concentrations incorporated into POSS-PCU without
complicating the composite design with porosity in the present study. The
effect of porosity (as a design criteria) on material-cell interaction is described
in Chapter 8. For the purpose of comparison, 18 wt% POSS-PCU films of 300
µm in thickness were fabricated using the same solvent casting technique as
describe above. All HA/POSS-PCU and POSS-PCU samples were then cut in
15 mm diameter discs using a laser cutter (Trotec Speedy 100R, UK).
Furthermore, 15 mm Thermanox coverslips (Nunc, Rochester, USA) were also
used as in vitro control in this study. Furthermore, dumbbell-shaped constructs
of 18 wt% POSS-PCU and 10, 30, and 50 wt% HA/POSS-PCU were prepared
(Fig. 4.1) for the purpose of investigating mechanical properties.
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6.2.2 Characterisation of POSS/PCU and HA/POSS-PCU Films
Physico-chemical properties of the 18 wt% POSS-PCU films and HA/POSSPCU at 10, 30, and 50 wt% HA were characterised as detailed in Section
4.2.1. Briefly, the mechanical properties of dumbbell-shaped constructs were
evaluated using an Instron-5565 tensile tester to measure uniaxial tension,
Young’s modulus, maximum tensile strength and the tensile strain (elongation
at break, stretching at 0-5 mm) (n = 5). The hydrophilicity/hydrophobicity of
samples was examined through water contact angle measurements with the
sessile drop method as described in Section 4.2.3. θ was used as an indicative
of surface wettability of the surface of the films (n = 3). Values of θ < 90° were
considered hydrophilic, whereas values of θ > 90° were considered
hydrophobic.
The surface topography (roughness) and the surface stiffness of samples were
investigated using AFM in operating in contact mode (n = 3). Surface images
for quantitative analysis were obtained from 15 × 15 μm scans at a scan rate
of 1 Hz. The root mean square surface roughness (Rq) values and the average
surface stiffness of each films were calculated as described in Section 4.2.4.
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6.2.3 Biological Activity Evaluation on POSS-PCU and
HA/POSS-PCU Composite Films

6.2.3.1 Cell Culture of SaOS-2 Cells
SaOS-2 cells were cultured as described in Section 4.3.1. Briefly, to
investigate the cells interaction with the 10, 30, and 50 wt% HA/POSS-PCU
composite films as well as 18 wt% POSS-PCU films, SaOS-2 cells, at 50,000
cells/well (12 well-plates), were seeded on Thermanox (control), 18 wt%
POSS-PCU and HA/POSS-PCU composite films of 10, 30, and 50 wt% HA in
McCoy's 5A (modified) medium with 10% (v/v) FBS and 1% antibiotic (50 μg/ml
streptomycin, 50 U/ml penicillin) solutions and incubated at 37 °C, 5% CO 2.
The media was changed on day 3 and on day 5 osteogenic media (containing
10% (v/v) FBS, 1% (v/v) antibiotic solution, 10 mm β-glycerophosphate, 50
μg/ml L-ascorbic acid, and 100 nm dexamethasone) was used to replace
McCoy’s medium. The osteogenic media was replaced every 3 days and the
cell culture was carried out for 21 days.

6.2.3.2 Sample Sterilisation
Prior to seeding, the samples were sterilised by soaking them in 70% ethanol
for 30 min followed by soaking twice in sterile PBS (Invitrogen, UK) for 15 min
each time.
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6.2.3.3 SaOS-2 Metabolic Activity
The metabolic activity of cultured SaOS-2 cells was monitored using the
nontoxic Alamar Blue® (AB) reagent (Thermo Fisher Scientific, UK) at 24 hrs,
7, 14, and 21 days, as previously described in Section 4.3.3. At the time point,
the fluorescence of 100 μL aliquots of each well was measured in triplicate, at
the fluorescent intensity at 530 nm (excitation) and 620 nm (emission), using
Fluroskan Ascent FL fluorescent plate reader (Thermo Labsystems,
Basingstoke, UK). AB in cell culture medium on cells grown on Thermanox
were used as the control.

6.2.3.4 Alkaline Phosphatase (ALP) Activity of SaOS-2 Cells
The ALP levels of the samples were measured according to the description
provided

in

Section

4.3.5.

Briefly,

500

µL

of

the

p-Nitrophenyl

Phosphate/diethanolamine buffer working solution was added to the cell lysate
at days 0, 7, 14 and 21 and the absorbance was measured at 405 nm and
normalised against DNA readings as described in

Section 4.3.4.

Measurements taken from Thermanox cell lysis were used as the control.

6.2.3.5 Bone Nodule Formation
Bone nodule formation (Ca deposition) was investigated using Alizarin Red
staining as previously described in Section 4.3.5 [258]. At day 21 the cultures
were rinsed with PBS, fixed for 20 min in formalin and rinsed again. The
samples were then stained for 10 min in 2% (w/v) Alizarin Red S in deionised
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water, rinsed again and air dried. Stained samples were observed using phase
contrast microscopy. As incorporation of HA into POSS-PCU reduced sample
transparency, to observe samples containing HA under the microscope, the
test pieces were fabricated at 100 µm thickness for this test (n = 3). Thermanox
was used as the control.

6.2.3.6 SaOS-2 Cells Morphology
Following days 7 and 14, SaOS-2 cell-seeded polymer scaffolds (n = 3) were
harvested, washed twice with PBS and fixed with 1.5% glutaraldehyde for 2 h
at 4°C. After three rinses with distilled water, the films were dehydrated through
a series of graded ethanol solutions and then air-dried as described in
Sections 4.2.6 and 4.3.6. Dry samples were sputter coated with gold and
observed by SEM (Philips 501, Netherlands) at X 500 and X 1000
magnifications. X 5000 and X 10000 magnifications were used to closely
observe Ca/P deposition if applicable.

6.2.4 Statistical Analysis
One-way (analysing independent variables) or two-way (comparisons across
more than two groups) ANOVA using Tukey’s post hoc test, or two-tailed
unpaired Student t tests (parametric data, comparing data between two
groups) were used to calculate the differences between samples during
repeated measures’ testing using GraphPad PRISM version 6.07. If
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applicable, data were presented as standard deviation (SD) of the mean
values. A P value of less than 0.05 was considered to be significant.
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6.3 Results
6.3.1 Mechanical properties
50 wt% HA/POSS-PCU composite films had a significantly higher Young’s
modulus compared to 18 wt% POSS-PCU, 10 and 30 wt% HA/POSS-PCU
films (Fig. 6.2A) (P < 0.05). There was no significant difference between the
maximum tensile strength of POSS-PCU containing 0, 10, and 30 wt% HA
particles. However, 50 wt% HA/POSS-PCU composite films showed
significantly lower maximum tensile strength, compared to the other samples
(Fig. 6.2B) (P < 0.05). The percentage elongation at breaking point of 50 wt%
HA/POSS-PCU was also significantly lower compared to 18 wt% POSS-PCU,
10 and 30 wt% HA/POSS-PCU films (Fig. 6.2C) (P < 0.05).
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Figure 6.2 Mechanical properties of 18 wt% POSS-PCU, 10 wt% HA/POSSPCU, 30 wt% HA/POSS-PCU and 50 wt% HA/POSS-PCU composite. Data
are represented as mean ± SD, *P < 0.05.
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6.3.2 Contact Angle Measurements
The surfaces of 50 wt% HA/POSS-PCU composite films had significantly lower
average sessile drop contact angle measurements compared to 18 wt%
POSS-PCU, 10 wt% HA/POSS-PCU, and 30 wt% HA/POSS-PCU films (Fig.
6.3) (* P < 0.05).

Figure 6.3 Contact angle (sessile drop) measurements of HA reinforced
POSS-PCU composite films at 10, 30, and 50 wt% HA compared to 18 wt%
POSS-PCU films. Samples became less hydrophobic as the concentration of
HA increased (θ < 90° was considered hydrophilic). Data are represented as
mean ± SD, (* P < 0.05).
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6.3.3 Atomic Force Microscopy (AFM)
50 wt% HA/POSS-PCU (78 ± 24 nm) composite films induced a significantly
higher density of nanoscale structural features compared to 18 wt% POSSPCU (41 ± 23 nm) and 10 wt% HA/POSS-PCU (49 ± 17 nm) surfaces (Fig.
6.4A-D & 6.5A) (P < 0.05). There was no significant difference in the surface
roughness of 30 wt% HA/POSS-PCU (56 ± 15 nm) compared to other
surfaces. Surface stiffness (surface Young’s modulus) was measured for 18
wt% POSS-PCU, 10, 30, and 50 wt% HA/POSS-PCU films, which revealed
that HA incorporation into POSS-PCU produced a significantly stiffer surfaces
on 50 wt% HA/POSS-PCU composite films compared to others investigated
(Fig. 6.5B) (P < 0.05).
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Figure 6.4 AFM images of HA reinforced POSS-PCU composite films at
10 (B), 30 (C), and 50 wt% (D) HA compared to 18 wt% POSS-PCU control
(A) films. Incorporation of 50 wt% HA particles into POSS-PCU resulted in
surfaces with significantly increased nanotopography features compared to
other surfaces.
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Figure 6.5 The root mean square surface roughness (Rq) (A) and the surface
stiffness (B) of 18 wt% POSS-PCU, 10, 30, and 50 wt% HA/POSS-PCU films.
Data are presented as mean ± SD, (* P < 0.05).
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6.3.4. SaOS-2 Attachment and Metabolic Activity
The metabolic activity and the total number of adhered SaOS-2 cells
significantly increased on all films between 6 and 24 hrs (Fig. 6.6A&B) (P <
0.05). The metabolic activity and the total number of cells increased
significantly on all samples during the first 14 days, followed by a significant
decrease at day 21 (Fig. 6.7A&B) (P < 0.05). As expected, cellular metabolic
activity was significantly high on Thermanox samples, however, 50 wt%
HA/POSS-PCU composite films showed the most significant metabolic activity
and total DNA amongst all samples at day 14 (Fig. 6.4). SaOS-2 rate of
proliferation and metabolic activity/µg DNA on 18 wt% POSS-PCU, 10 wt%
HA/POSS-PCU and 30 wt% HA/POSS-PCU films were not significantly
different (Fig. 6.8A&B) (P > 0.05). 50 wt% HA/POSS-PCU films showed the
most significant increase in the rate of proliferation (P < 0.001) and metabolic
activity/µg DNA (P < 0.05), compared to the other samples (Fig. 6.8A&B).
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Figure 6.6 Comparison of cellular activity of SaOS-2 cells on HA free and HA incorporated POSS-PCU films. Cell viability (A)
and the total DNA (B) measurements compared the metabolic activity and the total number of adhered SaOS-2 cells, which showed
that all samples exhibited significant increase of metabolic activity and cell adhesion between 6 & 24 hrs. The measurements are
against their respective readings at 6 hrs. Data are presented as mean ± SD, (* P < 0.05).
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Figure 6.7 SaOS-2 Comparison of cellular activity of SaOS-2 cells on HA free and HA incorporated POSS-PCU films from
day 1 to day 21. Cell viability (A) and the total DNA (B) measurements compared the metabolic activity and the total number of
seeded SaOS-2 cells and showed that the metabolic activity and the total number of cells increased significantly on all samples during
14 days of the culture, followed by a significant decrease at day 21. Amongst all of the samples, 50 wt% HA/POSS-PCU showed the
highest metabolic activity at day 14. The comparison is against day 1 Thermanox. Data are presented as mean ± SD (* P < 0.05).
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Figure 6.8 SaOS-2 rate of proliferation (A) and the metabolic activity/µg DNA (B) on HA free and HA incorporated POSS-PCU
films measured from day 1 to day 21. 50 wt% HA/POSS-PCU films showed the highest metabolic activity/µg DNA at day 14,
compared to other samples. It also had the highest rate of proliferation at all time points, compared to the other samples. The
comparison is against day 1 Thermanox. Data are presented as mean ± SD (* P < 0.001 & ** P < 0.05).
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6.3.5 Alkaline Phosphatase (ALP) Activity of SaOS-2 Cells
All samples showed an increase of total ALP production and ALP activity/µg
of DNA over 14 days of culture, followed by a significant decrease at day 21
(Fig. 6.9A&B) (P < 0.05). There was no significant difference in ALP activity
and ALP activity/µg of DNA between 18 wt% POSS-PCU, 10 and 30 wt%
HA/POSS-PCU films during the 3 weeks of culturing. 50 wt% HA/POSS-PCU
composite films exhibited the highest total ALP production and ALP activity/µg
of DNA compared to 18 wt% POSS-PCU, 10 and 30 wt% HA/POSS-PCU films,
as well as Thermanox at day 14 (Fig. 6.9A&B) (P < 0.05).
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Figure 6.9 Total ALP activity (A) and the ALP activity/µg of DNA (B) of SaOS-2 cells on HA free and HA incorporated POSSPCU films measured from day 0 to day 21. Both graphs show an increase of activity on all the samples between day 0 and 14,
followed by down regulation of ALP between day 14 and 21 of the culture. At day 14, 50 wt% HA/POSS-PCU had the most significant
ALP activity/µg of DNA amongst all of the HA incorporated and HA free POSS-PCU samples. The comparison is against day 1
Thermanox. Data are presented as mean ± SD (* P < 0.05).
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6.3.6 Bone Nodule Formation
Alizarin Red stating confirmed bone nodules formation by SaOS-2 cells on all
samples after 3 weeks of cell culture. However, a higher density of bone
nodules (indicated by white arrows) was seen on 50 wt% HA/POSS-PCU
compared to the other films suggesting that incorporation of HA into POSSPCU, in a concentration-dependent manner, enhances bone nodule formation
(Fig. 6.10A-E).
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Figure 6.10 Alizarin Red staining on Thermanox (A), 18 wt% POSS-PCU
(B), 10 wt% HA/POSS-PCU (C), 30 wt% HA/POSS-PCU (D), and 50 wt%
HA/POSS-PCU (E) films to confirm bone nodule formation. Bone nodule
formation by SaOS-2 cells on all samples was confirmed after 3 weeks of cell
culture. A higher density of bone nodules (indicated by white arrows) was
exhibited on 50 wt% HA/POSS-PCU composite films compared to other
samples investigated and Thermanox as the control (bar is at 100 µm).
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6.3.7 SaOS-2 Cells Morphology
SEM imaging of SaOS-2 cells at day 14 confirmed cell adhesion and growth
on 18 wt% POSS-PCU, 10, 30, and 50 wt% HA/POSS-PCU films as well as
Thermanox (Fig. 6.11A-L). However, cell morphology was different on
Thermanox (clusters of cells were observed) (Fig. 6.11A-B) as opposed to
POSS-PCU and HA/POSS-PCU films on which cells showed a more spread
out growth morphology. Comparison of POSS-PCU and HA/POSS-PCU films
revealed a higher number of attached cells with a flattened and spread
morphology observed on 50 wt% HA/POSS-PCU when compared to 10 and
30 wt% HA/POSS-PCU composite films. SEM images also showed production
of crystal/needle shape calcium phosphate deposition on the surface of cell
grown on 50 wt% HA/POSS-PCU composite films at day 14 (Fig. 6.11K-L).
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Figure 6.11A-D SEM imaging of SaOS-2 morphology after a 14-day culture on Thermanox (A-B) and 18 wt% POSS-PCU (C-D).
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Figure 6.11E-H SEM imaging of SaOS-2 morphology after a 14-day culture on 10 wt% (E-F) and 30 wt% (G-H) HA/POSS-PCU.
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Figure 6.11I-L SEM imaging of SaOS-2 morphology after a 14-day culture on 50 wt% (I-J) exhibiting crystal/needle shape calcium
phosphate deposition (K-L).
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6.4 Discussion
A critical factor for the design and development of HA/polymer composite films
for bone grafting or bone augmentation, is the ability of the construct to match
the physical/mechanical properties of the host bone. This is mainly because a
mismatch in the mechanical properties of the host bone and the implant could
result in stress-shielding and micromotions either on the implant or the native
bone [337]. As previously discussed in Chapter 2, mechanical mismatching is
one of the drawbacks of using relatively stiff metallic implants, even though
that these implants are mechanically strong and can withstand imposed loads
associated with every day use [338]. Due to their modulus, which can be
engineered to match that of the bone, HA/polymer composites are of great
interest as they have closer physico-chemical properties to natural bone when
compared to metallic or ceramic implants on their own. Furthermore,
incorporation of HA into synthetic polymers can closely mimic the mineral
structure of natural bone [339, 340]. As described in the previous chapters, it
has been shown in the literature that incorporation of HA into synthetic
polymers, depending on the HA grain size, concentration and fabrication
technique, could significantly improve the mechanical properties of the final
construct [337, 341, 342]. In my study, incorporation of HA into POSS-PCU at
50 wt% led to a significant increase of the Young’s modulus of the constructs.
An enhancement effect that is normally expected due to the chemical
interaction between the functional groups of a polymeric matrix and a filler.
However, at 50 wt% HA incorporation, composite films demonstrated a decline
in maximum tensile strength and percentage of elongation at break.
Furthermore, incorporation of HA at 10, 30 and 50 wt% into POSS-PCU failed
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to enhance the mechanical properties of the composites to reach the
theoretical Young’s modulus as previously predicted in Chapter 4. These
findings suggest that upon HA incorporation into POSS-PCU, there was no
strong mechanical bonding between the filler (HA) and the polymeric matrix
(POSS-PCU). It was also observed that even by incorporating 50 wt% HA
particles into the POSS-PCU matrix, the mechanical properties of the
composite films were significantly lower than those of cortical bone and closer
to those of trabecular bone instead. This also suggest the lack of mechanical
bonding between HA and POSS-PCU particles.
Material surface properties including surface chemistry, energy, topography
(nanotopography and roughness) are of great importance in determining
material-cell interactions [343]. Wettability (hydrophilicity/hydrophobicity) of a
polymeric implant may affect protein adsorption and consequently cell
behaviour, as previously reported on osteoblast adhesion that shown to
decrease as surface hydrophobicity increased [301]. In this study, the
wettability study of the surfaces of the 18 wt% POSS-PCU films were shown
to be highly hydrophobic. This is due to the self-assembly of POSS on their
surfaces. However, by incorporating HA, of up to 50 wt% the surface of the
composites showed a significantly reduced hydrophobicity, while there was not
a significant change in hydrophobicity when comparing 10 and 30 wt%
HA/POSS-PCU composite films to 18 wt% POSS-PCU films. Therefore,
showing that HA has the ability to change the wettability of POSS-PCU films
(towards hydrophilicity) in a concentration-dependent manner. Furthermore,
50 wt% HA incorporation into POSS-PCU caused a significant increase in the
surface roughness of composites, when compared to 18 wt% POSS-PCU. The
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increase in the surface wettability could be explained by the exposure of
hydrophilic and irregular-shaped HA powder particles which affected the
topographical roughness of the materials in a concentration-dependent
manner. Moreover, promoting surface roughness could affect the surface
wettability of constructs (towards hydrophilicity) [344], a correlation that was
also observed in this study. In addition, surface topography (e.g. the
roughness, scale and spatial arrangement) affect the distribution and the
amount of protein adsorption and consequently in vitro and in vivo cell
behaviour on implants, an observation that was made in the case of 50 wt%
HA/POSS-PCU composite films in this study. Therefore, modifying POSSPCU by optimising HA concentration is a simple and potentially useful means
of controlling the surface and bulk physico-chemical properties (e.g.
mechanical, surface chemistry, stiffness, and topography) of the composites,
which can subsequently cause desirable and controlled material-cell
interactions. However, although surface roughness was significantly increased
as the concentration of HA incorporation into POSS-PCU was increased, the
nano-scale surface roughness of these surfaces categorise them as smooth
surfaces as opposed to rough surfaces with micro-scale roughness. Based on
the literature, osteoblastic cells tend to attach, proliferate and differentiate at a
higher rate on rough than on smooth surfaces [345, 346]. However, cellular
behaviour on any particular surface is determined by multiple factors as
surface properties are dependent on each other and together determine the
overall material-cell interaction profile of an implant [346]. For example,
wettability and stiffness of implants regulate integrin alpha-2 expression
necessary for osteoblastic marker expression and force transmission through
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integrins linked to cytoskeleton, respectively. These subsequently determine
cellular attachment, proliferation and differentiation on the implants. Therefore,
despite their smooth surfaces, the combination of surface and bulk physicochemical properties of the 50 wt% rendered them a more suitable matrix for
SaOS-2 cells to grown on than 18 wt% POSS-PCU films and 10 and 30 wt%
HA/POSS-PCU composite films.
In addition to the physico-chemical differences, in vitro culturing of SaOS-2
cells showed that 50 wt% HA/POSS-PCU composites exhibited different
material-cell interaction profiles compared to other constructs investigated. 50
wt% nHA-POSS-PCU composite films showed higher metabolic activity and
total DNA, over the three weeks of culture, compared to other films. Increased
wettability, surface stiffness and surface roughness observed in 50 wt%
HA/POSS-PCU composites, may have resulted in the creation of stable and
greater focal adhesion points for SaOS-2 cells and therefore, improved their
adhesion and growth, therefore, creating a better environment for SaOS-2
cells to attach and proliferate through activating several mechano-transductive
processes and consequently affecting their differential gene expression [347349]. Although not investigated in this research thesis, this phenomenon
should be investigated in more detail in the future.
As mentioned, ALP is expressed early in bone development and later, in the
differentiation sequence program, other genes (e.g. osteocalcin) are
upregulated and ALP expression declines [350]. ALP is highly expressed in
natural bone and its role in hard tissue formation has been attributed to
initiating the calcification process, therefore, playing a crucial role in promoting
bone mineralisation, depending on its concentration [350, 351]. In this study,
275

an increase of total ALP production and ALP activity per µg of DNA (µmol/µg)
from day 0 to day 14, followed by a significant decrease from day 14 to day
21, for all samples investigated were observed. However, amongst all the
samples, 50 wt% HA/POSS-PCU composite films exhibited the highest total
ALP production and ALP activity per µg of DNA at day 14. Higher cellular
activity of SaOS-2 cells on 50 wt% HA/POSS-PCU composite films and the
higher concentration of HA content of these composite films could be the
reason as to why ALP expression was, as expected, higher on 50 wt%
HA/POSS-PCU composite films compared to 18 wt% POSS-PCU, 10 and 30
wt% HA/POSS-PCU samples. Higher ALP activity of these composite films,
therefore, enhances the process of cells differentiation towards bone
mineralisation (a cycle that requires ALP expression to be activated at an early
stage [352]) at a higher rate compared to other samples investigated in this
study. The increase in mineralisation of SaOS-2 cells grown on 50 wt%
HA/POSS-PCU composite films, compared to the other samples, was also
confirmed through Alizarin Red staining, a dye that is regularly used for mineral
histochemistry of Ca as well as to analyse the progress of mineralisation cycle
of cells [353, 354]. In this study, 50 wt% HA/POSS-PCU composite films
demonstrated higher density of bone nodule formation, which could have
resulted from higher ALP activity of cells on these constructs that further
enhanced the mineralisation cycle and consequently increased the rate and
the density of bone nodule formation.
Finally, SEM images showed a higher surface area populated by SaOS-2 cells
on the HA incorporated POSS-PCU based composite films compared to 18
wt% POSS-PCU films and this effect was shown to increase as the
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concentration of HA increased (i.e. higher on 50 wt% HA/POSS-PCU
composite films). Interestingly, crystal/needle shape calcium phosphate
deposition on cells attached to 50 wt% HA/POSS-PCU composite films were
clearly observed at day 14 using SEM. The fact that these calcium phosphate
depositions were not observed on cells on other samples suggests that the
incorporation of higher concentrations of bioactive apatite-like particles of HA
(at 50 wt%) into POSS-PCU composites increased cellular activity of SaOS-2
cells and led to the deposition of needle-like crystals of HA, therefore, inducing
cells to progress through the mineralisation cycle at a higher rate compared to
the other samples. This phenomenon was observed by higher density of bone
nodules formed on 50 wt% HA/POSS-PCU composites films.
In this study, the focus was on the material fabrication without porosity, despite
understanding the fact that porosity is ultimately essential for the
vascularisation and growth of cells into an implanted construct. The main
reason for taking this approach was to enable the comparison of the physicochemical properties and in vitro behaviour of films without factoring in the
complexity of the pore architecture of a porous implant. Incorporation of
different concentrations of HA into POSS-PCU suggested that for constructs
fabricated with the lower concentrations of HA (i.e. 10 and 30 wt% HA content)
most the physico-chemical and in vitro properties of the composites showed
no significant difference to that of 18 wt% POSS-PCU. These findings show
that at 10 and 30 wt% HA concentration, POSS-PCU matrix is insensitive to
the reinforcement of HA particles. In other words, the ratio of HA to polymer is
a critical factor where the amount of POSS-PCU, compared to the volume of
HA particles, leads to the coating (skin effect) of HA particles by POSS-PCU
277

particles in such a way that no significant changes are introduced to the
surface or bulk properties of the polymer. However, at higher HA concentration
(i.e. 50 wt%) the composite films exhibited changes both in terms of the
physico-chemical properties and in vitro material-cell interactions, suggesting
that HA at 50 wt% reaches a critical concentration of filler reinforcement,
whereby not all the HA particles are coated by POSS-PCU particles. As the
result, some of the HA particles are exposed on the surface of the composites,
changing the physico-chemical and in vitro properties of the POSS-PCU
matrix. Furthermore, this study showed that HA incorporation into POSS-PCU
of up to 50 wt% HA does not have any inhibitory effect on the growth and
differentiation of osteogenic cells.
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6.5 Conclusion
In conclusion, it was demonstrated that HA/POSS-PCU based composite films
have the ability to provide necessary support for cell growth and eventually
bone mineralisation of osteogenic cells. At 50 wt% HA incorporation into
POSS-PCU, composite films showed enhanced physico-chemical and
material-cell interaction properties, which demonstrated potential use of these
composites as bone grafts or membranes for GBR. However, the lack of
mechanical bonding between HA and POSS-PCU particles and their smooth
surface topography (surface roughness) remain as critical concerns, which
should be fully investigated in the future to enhance the potential use of
HA/POSS-PCU composites as an ideal synthetic matrix for bone repairing and
regenerating.
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Chapter 7: Investigation into HA Particles
Exposure on HA/POSS-PCU Composite
Surfaces as well as the Evaluation of the
Bioactivity of the Films via Simulated Body
Fluid
7.1 Introduction
Previous chapters of my research thesis described the main components of
natural bone and indicated the need for a synthetic biomaterial to closely
resemble the properties of natural bone in order to successfully promote new
bone formation and augmentation upon implantation. Furthermore, the use of
synthetic HA as a filler to improve the bioactivity and the physico-chemical
properties of polymeric matrices was also discussed in detail. Chapters 5 and
6 of this research thesis also investigated the use of synthetic HA and its
concentration-dependent effect on the characteristics of novel POSS-PCU
polymer in order to develop composite films of varying HA content for bone
grafting and augmentation. Under in vivo settings, HA and related calcium
phosphate phases bond to surrounding tissues through the formation of an
interfacial apatite layer [355, 356]. Apatite formation is a crucial requirement
for the bonding of any implant to the surrounding tissue [356]. This bonding is
further strengthened through a process of biological interdigitation [357].
Furthermore, the bone-implant interfaces of synthetically constructed
biomaterials have been shown to consist of a so-called bonding zone, which
is essentially a calcium- and phosphorous-rich proteinaceous matrix [358,
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359]. Incorporation of HA into the matrix of such implants significantly
increases the strength of the interfacial bonding to an extent that rarely
detachment or fracture has been observed at this level [359]. However, failure
has been reported and has been attributed to the dissolution of the HA coating
or fractures inside the HA layers [360].
Physiological tests such as simulated body fluid (SBF) have been designed
and used to predict biomaterials bioactivity prior to in vitro studies. Findings of
such studies allows for optimisation of the biomaterial and the research
methodology prior to commencing lengthy, complicated and costly in vivo
studies. SBF has similar ionic concentration as human blood plasma and is
considered as a very effective model for investigation of apatite growth [361363]. In terms of composition (Ca and P) and structure, SBF can form apatite
layers similar to the bone mineral and hence determines bone-bonding ability
and bioactivity of an implant material, therefore, it is considered as a suitable
screening test to investigate biomaterials designed for medical purposes [364].
For instance, Rong et al. used SBF to evaluate the potential bioactivity of
Human osteoblast-like cells (MG-63) on PLA/PMMA/nHA scaffolds compared
to PLA/PMMA scaffolds for bone tissue engineering [365]. SBF immersed
samples were investigated using SEM with energy dispersive X-ray
spectroscopy (SEM/EDX), which revealed that incorporation of nHA into the
polymer increased the bioactivity of the composite scaffold and this correlated
to in vivo success of the nHA/PLA/PMMA bone grafting materials. Shakir et al.
used

SBF

to

investigate

the

hydroxyapatite/chitosan/polyethylene

glycol

bioactivity

of

(n-HAP/CS/PEG)

nanoscaffolds

synthesised via co-precipitation approach at room temperature for bone tissue
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engineering [366]. They found that the addition of PEG improved the in vitro
bioactivity of the nanocomposites by enabling the direct bond of the apatite
layer to living bone. They based this conclusion on the fact that SEM images
of the SBF immersed scaffolds for 30 days showed that the apatite layer
deposited on n-HAP/CS/PEG nanocomposites covered the whole surface area
as opposed to n-HAP/CS scaffolds which were partially covered, suggesting
that n-HAP/CS/PEG scaffold induced higher growth of HAP particles as the
result of PEG presence. Although this is not a convincing theory and not
enough evidence has been presented by the authors to confirm this, it still
shows that SBF can be used as a screening test to compare bioactivity of
varying constructs.
Furthermore, Aravind and Sangeetha, prepared and characterised composites
of

sulfonated PEEK/polyether sulfone (SPEEK/PES) with increasing

concentrations of nHA nanoparticles (0 – 10 wt%) [367]. They employed SBF
to evaluate the effect of increasing concentrations of nHA on the bioactivity of
the scaffolds and using SEM observed that SPPEK/PES scaffolds without nHA
showed no evidence of apatite nucleation after 14 days. However, apatite
formation was improved as the concentration of nHA increased. Their SEM
findings were confirmed by EDX as the intensities for Ca and P were
significantly higher on scaffolds containing 10 wt% nHA compared to 0 wt%
nHA content. Although promising results were found, the authors did not
provide any evidence on the true nature of HA nanoparticles, in terms of their
size and shape. Furthermore, they failed to investigate or include tests on the
Ca/P ratio of the surface of the composites prior to immersing the samples in
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SBF, which could have been used to compare before and after SBF immersion
apatite growth on the composites.
As the majority of biological reactions in human body occur on surfaces or
interfaces the surface properties of a biomaterial or a device are key aspects
in determining the success of the implant [368]. The surface properties of an
implant determines the growth rate, shape, size and density of apatite
formation both in vitro and in vivo [369-371]. Furthermore, it has been
established in the literature that cell adhesion and proliferation are, to a great
extent, influenced by the micro- and nano-surface characteristics of
biomaterials and devices [372, 373]. In addition, it has been shown that the
stem cells’, MSCs in particular, functions can be regulated through physical
interaction with specific nano- and micro-topographical cues [372, 374].
Therefore surface characteristics that affect cell proliferation, differentiation
and function are of great importance in the regeneration of 3D organs and
tissues. For instance, McCafferty et al. demonstrated the use of surface
topography to induce osteogenic differentiation of human bone marrow derived
MSCs. They sputter deposited thin films of bioactive calcium phosphate onto
a polycrystalline titanium nanostructured surface [375]. These sputter
deposited surfaces supported high levels of bone marrow–derived hMSCs
proliferation and adhesion, determined by DNA quantification. Moreover, they
were also able to directly promote significant levels of osteogenic
differentiation. In another study by de Peppo et al. the osteogenic response of
hMSCs to titanium coated hemisphere-like topographic nanostructures of 50,
100, and 200 nm was assessed [376]. Here, the nanostructures were
fabricated using colloidal lithography and the desired structure sizes were
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achieved by etching the original 200 nm polymeric particles (polystyrene
particles) and further heat-treating them above the transition temperature of
polystyrene (118 °C), to create semi-spheroidal nanoparticles to increase
surface attachment. Their results showed that there is a direct relationship
between proliferation, osteogenic differentiation of hMSCs and surface
topography, demonstrating that by varying the scale of the nanotopographical
features the osteogenic behaviour of hMSCs can be controlled.
As described in Chapter 6, promoting surface roughness could affect the
surface wettability of constructs (towards hydrophilicity) and consequently cell
behaviour on scaffolds [344]. In other words, increasing surface roughness
could lead to desirable physico-chemical properties and to increased
proliferation and differentiation in vitro. One conventional technique of
enhancing these properties would be by introducing topographical surface
roughness through solvent etching of the surface of the implant. Solvent
etching method is a convenient and cheap technique employed to physically
remove spherulitic molecules as a whole from the surface of polymers [377].
Spherulitic structures are regions formed inside polymers associated with the
crystallisation of polymers and their size varies in a wide range, from
micrometres up to 1 centimetre depending on various factors such as the
number of nucleation sites during the synthesis of polymer, structure and the
nature of polymer, and its cooling rate [378, 379]. Solvent etching is
advantageous as it only removes a very thin layer of the polymer surface and
the bulk of the construct remains intact. However, the final response to solvent
etching of any polymer surface depends on various parameters such as the
nature of the polymer, the type of solvent, length of the exposure to the solvent,
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and temperature [377, 380]. Kumar et al. investigated the effect of
nanotopography (roughened surfaces) created by solvent etching on freeform
fabricated scaffolds in terms of their ability to promote osteogenic
differentiation and formation of apatite, bone-like tissue [381]. They observed
that freeform fabricated scaffolds with surface roughness, compared to nonetched scaffolds, supported greater proliferation of human bone-marrow
derived MSCs, and also maximised calcified, apatite tissue formation.
Natural micro porosity is observed in vivo as a direct result of patterns, the
cross-sectional gaps in the fibers and regulated ECM protein deposition [382].
Vast number of studies have investigated the effect of porosity, both in terms
of physico-chemical and material-cell interaction profile, for the purpose of
bone repair and regeneration as it has been shown to increases migration and
proliferation of osteogenic cells, as well as vascularisation within an implanted
scaffold [150, 382, 383]. Furthermore, micro porosity has been shown to
directly affect physico-chemical properties (e.g. mechanical stability,
wettability and surface roughness) of scaffolds, which in turn affect the
material-cell interaction profile of the implant.
The aim of the present study is to evaluate HA exposure on the surface of 50
wt% HA/POSS-PCU composite films and to determine the effect of HA
incorporation on the bioactivity of POSS-PCU by conducting a SBF study as a
screening test. As in the previous chapter, 50 wt% HA/POSS-PCU composite
films showed an overall better physico-chemical and material-cell behaviour
characteristics (compared to 10 and 30 wt% HA/POSS-PCU composite films)
and in order to limit the number of the test variables, the current study focuses
on the effect of 50 wt% HA content and its effect on POSS-PCU bioactivity.
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Furthermore, the effect of surface topography (by introducing surface etching
and porosity) on the bioactivity of 50 wt% HA/POSS-PCU composite films is
investigated in this chapter.
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7.2 Materials and Methods
7.2.1 Development of POSS/PCU and HA/POSS-PCU Films
18 wt% POSS-PCU solution in DMAC was prepared and provided by the
Division of Surgery & Interventional Sciences (UCL, UK) under the supervision
of Mr Arnold Darbyshire as previously described [241]. 50 wt% HA (of < 200
nm in size) dispersed in 15 g of DMAC was incorporated into 18 wt% POSSPCU solution in DMAC by manually mixing as described in Section 4.1.2. Nonporous 18 wt% POSS-PCU (control) films and non-porous 50 wt% HA/POSSPCU composite films were prepared using solvent casting technique as
previously described in Section 4.1.3. Samples were then cut in 15 mm
diameter discs using a laser cutter (Trotec Speedy 100R, UK).

7.2.2 Porosity Measurements
Designed porosity, as an optimisation technique, was introduced into 18 wt%
POSS-PCU films and manually mixed 50 wt% HA/POSS-PCU composite films
as described in Section 4.2.7. Briefly, the weight ratio of NaCl (150 – 250 µm
average particle size) to 18 wt% POSS-PCU solution in DMAC was controlled
to 1:1 (i.e. 50% designed porosity). Porous 18 wt% POSS-PCU and porous 50
wt% HA/POSS-PCU films (n = 3) were fabricated using NaCl porogen
leaching/solute exchange induced phase-separation technique as discussed
in Section 4.1.2. Samples were then cut in 15 mm diameter discs using a laser
cutter (Trotec Speedy 100R, UK). Porosity (%) of the samples was calculated
based on Equations 4.2 and 4.7 as described in Section 4.2.8. It should be
noted that pore interconnection size and interconnectivity level were not
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characterised in this research thesis and as they are crucial factors in a
biomaterial design, they should be fully investigated in the future.

7.2.3 Solvent Etching of the Films Surfaces
Solvent etching was also chosen as a means to optimise porous and nonporous films of 18 wt% POSS-PCU and manually mixed 50 wt% HA/POSSPCU as described in Section 4.2.9. Briefly, porous and non-porous films of 18
wt% POSS-PCU and manually mixed 50 wt% HA/POSS-PCU were dipped in
pure DMAC (at room temperature) 5 times, 20 times and 50 times for 10
seconds each and were left in an air-circulating oven at 65 °C for 20 minutes
for the solvent to evaporate (n = 3). The weight and thickness of the etched
samples, before and after solvent etching, were analysed. As later discussed
in the results section of this chapter, 20 times DMAC dipping followed by 20
minutes of oven drying (after etching) of the samples was chosen amongst the
three variations as the optimum etching condition in order to etch the surfaces
of 18 wt% POSS-PCU based films and 50 wt% HA/POSS-PCU based
composite films for further analysis.

7.2.4 Preparation of Simulated Body Fluid (SBF)
To begin with, 1 X SBF solution was prepared according to International
Standard (ISO 23317) as described in detail in Section 4.2.10. However, due
to the instability of the prepared SBF as well as restriction imposed by lack of
time and budget an accelerated simulation method (supersaturated 5 X SBF)
was adopted as an screening test [385] to compare pporous, non-porous,
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etched and etched and porous 18 wt% POSS-PCU and manually mixed 50
wt% HA/POSS-PCU samples (15 x 0.3 mm; diameter x thickness) (n = 3 for
each sample group).

7.2.5 Films Characterisation
7.2.5.1 Attenuated Total Reflectance Fourier- Transform
Infrared (ATR-FTIR)

ATR-FTIR was used to identify the difference in surface functional groups of
the pre- and post- SBF immersed porous, non-porous, etched and etched and
porous 18 wt% POSS-PCU and manually mixed 50 wt% HA/POSS-PCU
samples as described in Section 4.2.5 (n = 3 for each sample group).

7.2.5.2 Atomic Force Microscopy (AFM)
The surface topography (roughness) of the porous, non-porous, etched and
etched and porous 18 wt% POSS-PCU and manually mixed 50 wt%
HA/POSS-PCU samples was studied using AFM by Dr Thorogate as
described in Section 4.2.4 (n = 3 for each sample group).
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7.2.5.3 Surface Morphology and Elemental Composition
Analysis Using Field Emission Scanning Electron Microscopy
(FESEM) & Energy-dispersive X-ray Spectroscopy (EDX)
Pre- and post- SBF immersed porous, non-porous, etched and etched and
porous 18 wt% POSS-PCU and manually mixed 50 wt% HA/POSS-PCU
samples were studied at X 1200 and X 6500 using FESEM and EDX. FESEM
and EDX were used to investigate samples surface morphology and their
surface elemental composition as well as their calcium to phosphorous ratio
(Ca/P) as described in detail in Section 4.2.6 and Table 4.12 (n = 3 for each
sample group).

7.2.6 Statistical Analysis
Non-parametric data were analysed using Kruskal-Wallis test. One-way
(analysing independent variables) or two-way (comparisons across more than
two groups) ANOVA using Tukey’s post hoc test, or two-tailed unpaired
Student t tests (parametric data, comparing data between two groups) were
used to calculate the differences between samples during repeated measures’
testing using GraphPad PRISM version 6.07. If applicable, data were
presented as standard deviation (SD) of the mean values. A P value of less
than 0.05 was considered to be significant.
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7.3 Results
7.3.1 Porosity Measurements
The average porosity of porous 18 wt% POSS-PCU films was calculated to be
71.9 ± 6.6 % and the average porosity of 50 wt% HA/POSS-PCU composite
films was calculated to be 76.3 ± 7.4 %. There was no significant difference
observed amongst the porosity (%) of these samples. FESEM did not reveal a
significant difference in the appearance and morphology of the porous
structures of these samples apart from random macro-pores on the surface of
50 wt% HA/POSS-PCU composite films (Fig. 7.1). Due to the super slim
thickness of the films, it was proven difficult to mount the samples on the
FESEM stubs to capture flat sections of the cross sectional views of the films
in order to obtain quantitative pore interconnection size measurements.
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Figure 7.1 Porous 18 wt% POSS-PCU films and porous 50 wt% HA/POSSPCU composite films microstructure. Random macro-pores where
observed on the surface of the 50 wt% HA/POSS-PCU composite films.
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7.3.2 Solvent Etching
To investigate the effect of exposure of the surfaces of porous and non-porous
18 wt% POSS-PCU and 50 wt% HA/POSS-PCU samples to DMAC (in terms
of surface topographical changes) samples were dipped in DMAC 5, 20 and
50 times for 10 seconds each as described in Section 7.2.3. The samples
were analysed before and after DMAC removal (in an air-circulating oven at
65 °C for 20 minutes). There was no significant changes in terms of the weight
and thickness of the samples before etching compared to 5 times and 20 times
DMAC dipping (i.e. immediately after etching), regardless of the presence or
the absence of HA (Tables 7.1 & 7.2). There was also no significant changes
in terms of weight and thickness of the samples before 5 time or 20 time
etching and after removal of DMAC by oven drying the samples, regardless of
the presence or the absence of HA (i.e. after etching and oven drying the
samples) (Tables 7.1 & 7.2). It should be noted that prior to solvent (DMAC)
etching all of the DMAC from 18 wt% POSS-PCU and 50 wt% HA/POSS-PCU
solutions in DMAC had been removed as part of their fabrication process,
therefore, it should be assumed that there would be no DMAC presence on
the surface or bulk of these samples to mask or influence the effect of surface
etching. Furthermore, after 20 times DMAC dipping and 20 minutes of oven
drying, it was clear to the naked eye that the solvent exposure had change the
appearance of the top surface of the samples but the films still maintained their
integrity and shape. After 50 times of DMAC dipping, it was clear to the naked
eye that the length of exposure to the solvent had invaded the polymer
structure to the point that most samples broke into pieces by the end of the
dipping procedure. Therefore, 20 times DMAC dipping followed by 20 minutes
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of oven drying was chosen as the etching technique to prepare materials for
investigation by other techniques such as AFM and ATR-FTIR.

Table 7.1 Effect of solvent etching on the surface of 18 wt% POSS-PCU and
50 wt% HA/POSS-PCU samples after 5 times of solvent dipping compared to
no solvent etching (indicated as before etching in the table). Data are
presented as mean ± SD.

Construct

18

wt%

POSS-PCU

Weight
(g)
Before
Etching
0.17

±

0.03

Porous 18
wt%
POSS-PCU

0.18

50
wt%
HA/POSSPCU

0.13

Porous 50
wt%
HA/POSSPCU

0.19

0.17

±

0.02

±

0.02

0.15

±

0.14

±

0.17
0.04

Thickness
(mm) After
Etching

0.36

0.34

±

0.29

±

0.33

±

0.37
0.03
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0.32

±

0.31

±

0.35
0.02

0.15

±

0.18

±

0.15

±

0.16
0.03

0.31

±

0.29

±

0.03

±

0.02

±

Thickness
(mm) After
Oven
Drying

0.02

0.05

0.04

±

Weight
(g) After
Oven
Drying

0.03

0.04

0.02

±

±

0.03

0.05

0.03

±

Thickness
(mm)
Before
Etching

0.02

0.01

0.01

0.03

Weight
(g) After
Etching

0.27

±

0.01

±

0.34
0.01

±

Table 7.2 Effect of solvent etching on the surface of 18 wt% POSS-PCU and
50 wt% HA/POSS-PCU samples after 20 times of solvent dipping compared
to no solvent etching (indicated as before etching in the table). Data are
presented as mean ± SD.

Construct

18

wt%

Weight
(g)
Before
Etching

Weight
(g) After
Etching

Thickness
(mm)
Before
Etching

Thickness
(mm) After
Etching

Weight
(g)
After
Oven
Drying

Thickness
(mm)
After
Oven
Drying

0.13

0.12

0.34

0.32

0.15

0.29

POSS-PCU

0.05

Porous
18
wt% POSSPCU

0.15

50
wt%
HA/POSSPCU

0.17

50
wt%
HA/POSSPCU

0.16

±

±

0.13

±

0.01

0.15

±

0.12
0.01

±

0.38

±

0.38
0.03
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0.28

±

0.36

±

0.35
0.02

0.14

±

0.13

±

0.11
0.02

0.26

±

0.03

±

0.32

±

0.01

0.06
±

±

0.04

0.02

0.03

±

±

0.01

0.02

0.02

0.03
±

0.33

±

0.02

0.05

0.01
±

±

0.03

0.03

0.03

0.04

±

±

0.32
0.01

±

7.3.3 Simulated Body Fluid (SBF) pH Measurements
The average starting pH of solution A and solution B were 6.6 ± 0.2 and 6.8 ±
0.3, respectively. At the end of the immersion periods, the average pH of the
solution A and solution B were 7.3 ± 0.5 and 7.9 ± 0.2, respectively. In both
solutions composite films containing 50 wt% HA particles had higher pH
measurements compared to the ones constructed from 18 wt% POSS-PCU
solution in DMAC. However, the difference was not statistically significant (P >
0.05).

7.3.4 Attenuated Total Reflectance Fourier- Transform Infrared
(ATR-FTIR) Pre-Simulated Body Solution (SBF) Immersion
Table 5.3 represents the ATR-FTIR peaks of functional groups typically
associated with HA and POSS-PCU. ATR-FTIR spectrum of 18 wt% POSSPCU versus porous 18 wt% POSS-PCU films were superimposed on each
other and revealed no significant difference apart from a slight decrease in the
POSS peak (Si-O-Si) at 1112 cm-1 on the porous samples (Fig. 7.2). ATRFTIR spectrum of 18 wt% POSS-PCU versus etched 18 wt% POSS-PCU
showed a slight decrease of peaks on the etched POSS-PCU samples, notably
in the POSS peak (Si-O-Si) at 1100 cm-1, urethane peak (C-O-C) at 1247 cm1

and carbonyl peak (C=O) at 1736 cm-1 (Fig. 7.3). However, there was an

apparent increase of amidogen (NH2) peak at 1632 cm-1 on the etched 18 wt%
POSS-PCU films. A similar trend, i.e. reduction POSS peak (Si-O-Si) at 1100
cm-1, urethane peak (C-O-C) at 1247 cm-1 and carbonyl peak (C=O) at 1736
cm-1 as well as an increase of amidogen (NH2) peak at 1632 cm-1 was
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observed upon comparing ATR-FTIR spectrum of 18 wt% POSS-PCU versus
etched and porous 18 wt% POSS-PCU films (Fig. 7.4).
ATR-FTIR confirmed the presence of phosphate (PO 4-3) group at 600 and
1043 cm-1 on the surface of porous, non-porous, etched and etched and
porous 50 wt% HA/POSS-PCU as shown in Figures 7.5-7, which confirms that
at 50 wt% HA concentration, HA particles are exposed on the surface of
HA/POSS-PCU

composite

films.

Although

phosphate

(PO4-3)

peaks

associated with the incorporation of HA were observed on the ATR-FTIR of all
the HA/POSS-PCU based composite films, the intensity of phosphate (PO4-3)
groups was lower on porous, etched and etched and porous 50 wt%
HA/POSS-PCU composite films compared to 50 wt% HA/POSS-PCU samples
(Figs. 7.5-7). Furthermore, ATR-FTIR showed that etching decreased the
intensity of urethane peak (C-O-C) at 1247 cm-1 and carbonyl peak (C=O) at
1736 cm-1 compared to the non-etched 50 wt% HA/POSS-PCU composite
films (Fig. 7.6). Furthermore, an increase in the amidogen (NH2) peak at 1632
cm-1 was observed on the surfaces of the etched 50 wt% HA/POSS-PCU
composite films. A similar trend was observed in the ATR-FTIR spectrums of
etched and porous 50 wt% HA/POSS-PCU samples compared to 50 wt%
HA/POSS-PCU films (Fig. 7.7). It was interesting to observe that when etching
and porosity were combined together, the intensity of phosphate (PO4-3) group
was even further decreased compared to etched or porous (not combined) 50
wt% HA/POSS-PCU composite films (Fig. 7.7).
As expected, ATR-FTIR confirmed the presence of HA particles on the
surfaces of the 50 wt% HA/POSS-PCU composite films (phosphate (PO43-)
group absorption bands 600 cm-1 and 1043cm-1) upon comparison to 18 wt%
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POSS-PCU films (Fig. 7.8). Moreover, there was a decrease in the POSS peak
(Si-O-Si) at 1100 cm-1 and urethane peak (C-O-C) peak at 1245 cm-1 as well
as a very slight decrease of the carbonyl peak (C=O) at 1739 cm-1. Similar
findings were observed upon compering the spectrums of porous 18 wt%
POSS-PCU to that of porous 50 wt% HA/POSS-PCU composite films (Fig.
7.9). ATR-FTIR spectrum of etched 50 wt% POSS-PCU showed the presence
of phosphate (PO43-) group absorption bands 600 cm-1 and 1043 cm-1 on the
surface (Fig. 7.10). There was an slight decrease in the intensity of the
carbonyl peak (C=O) at 1740 cm-1 as well as a larger magnitude of decrease
in the intensity of the urethane peak (C-O-C) peak at 1250 cm-1 on the surface
of etched 50 wt% HA/POSS-PCU composite films compared to etched 18 wt%
POSS-PCU films (Fig. 7.10). Furthermore, amidogen (NH2) peak at 1631 cm1

peak was observed on both spectrums. These trends were also observed

upon comparing the ATR-FTIR spectrums of etched and porous 18 wt%
POSS-PCU to etched and porous 50 wt% HA/POSS-PCU composite films
(Fig. 7.11). It should be noted that in most ATR-FTIR spectrums of HA/POSSPCU based composite films, POSS peak (Si-O-Si) at 1100 cm-1 was
overlapped by phosphate (PO43-) peak with absorption bands of 1000 - 1100
cm-1.
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superimposed spectrums with slight reduction in POSS (Si-O-Si) peak of porous films.

Figure 7.2 ATR-FTIR spectrum of 18 wt% POSS-PCU (black) versus porous 18 wt% POSS-PCU (red) films showing
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in POSS, carbonyl and urethane peaks after etching will amidogen peak increased.

Figure 7.3 ATR-FTIR spectrum of 18 wt% POSS-PCU (black) versus etched 18 wt% POSS-PCU (red) films showing reduction
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reduction in POSS, carbonyl and urethane peaks after etching will amidogen peak increased.

Figure 7.4 ATR-FTIR spectrum of 18 wt% POSS-PCU (black) versus etched and porous 18 wt% POSS-PCU (red) films showing
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PCU compared to 50 wt% HA/POSS-PCU composite film.

confirming phosphate peaks on both films but at a lower intensity (at 1043 cm-1) on the surface of porous 50 wt% HA/POSS-

Figure 7.5 ATR-FTIR spectrum of 50 wt% HA/POSS-PCU (black) versus porous 50 wt% HA/POSS-PCU (red) composite film
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.

surfaces and amidogen peak was increased.

PCU compared to 50 wt% HA/POSS-PCU composite film. Carbonyl and urethane peaks intensity were reduced on etched

confirming phosphate peaks on both films but at a lower intensity (at 1043 cm-1) on the surface of etched 50 wt% HA/POSS-

Figure 7.6 ATR-FTIR spectrum of 50 wt% HA/POSS-PCU (black) versus etched 50 wt% HA/POSS-PCU (red) composite film
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etched and porous 50 wt% HA/POSS-PCU composite films.

porous 50 wt% HA/POSS-PCU compared to 50 wt% HA/POSS-PCU composite films. Amidogen peak was increased on the

composite film confirming phosphate peaks on both films but at a lower intensity (at 1047 cm-1) on the surface of etched and

Figure 7.7 ATR-FTIR spectrum of 50 wt% HA/POSS-PCU (black) versus etched and porous 50 wt% HA/POSS-PCU (red)

307

peak at 1245 cm-1.

the presence of phosphate group on the surface of 50 wt% HA/POSS-PCU composite film with lower intensity of urethane

Figure 7.8 ATR-FTIR spectrum of 18 wt% POSS-PCU (black) versus 50 wt% HA/POSS-PCU (red) composite film confirming
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.

of urethane peak at 1245 cm-1.

film confirming the presence of phosphate group on the surface of 50 wt% HA/POSS-PCU composite films with lower intensity

Figure 7.9 ATR-FTIR spectrum of porous 18 wt% POSS-PCU (black) versus porous 50 wt% HA/POSS-PCU (red) composite
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showed amidogen peaks at their surfaces.

decrease in the intensity of urethane peak at 1245 cm-1 on the surface of 50 wt% POSS-PCU composites while both samples

film confirming the presence of phosphate group on the surface of etched 50 wt% HA/POSS-PCU samples. There was a

Figure 7.10 ATR-FTIR spectrum of etched 18 wt% POSS-PCU (black) versus etched 50 wt% HA/POSS-PCU (red) composite
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.

composites while both samples showed amidogen peaks at their surfaces.

PCU samples. There was a decrease in the intensity of urethane peak at 1245 cm-1 on the surface of 50 wt% POSS-PCU

HA/POSS-PCU (red) composite film confirming the presence of phosphate group on the surface of etched 50 wt% HA/POSS-

Figure 7.11 ATR-FTIR spectrum of etched and porous 18 wt% POSS-PCU (black) versus etched and porous 50 wt%

7.3.5 Attenuated Total Reflectance Fourier- Transform Infrared
(ATR-FTIR) Post-Simulated Body Solution (SBF) Immersion
ATR-FTIR spectrums of 18 wt% POSS-PCU versus SBF immersed 18 wt%
POSS-PCU films revealed significant decrease in the intensity of urethane
peak at 1240 cm-1 and carbonyl peak (C=O) at 1739 cm-1 (Fig. 7. 12). POSS
peak (Si-O-Si) generally observed at 1100 cm-1 had disappeared on the
surface of SBF immersed 18 wt% POSS-PCU and a new or shifted peak was
observed at 1020 cm-1 as well as a very low intensity peak at 1404. These
peaks could represent phosphate and carbonate peaks, generally observed at
1000-1100 and 1400-1600 cm-1, respectively, however, as the intensity of
these peaks were very low further examination of SBF immersed 18 wt%
POSS-PCU samples by EDX and FESEM should provide a better
understanding of their nature. The ATR-FTIR spectrums of 50 wt% HA/POSSPCU versus SBF immersed 50 wt% HA/POSS-PCU composite films showed
increased intensity in phosphate (PO43-) group absorption bands 600 cm-1 and
1043 cm-1 as well as in triplet carbonate (CO32-) group absorption bands at
1400-1600 cm-1 on the surface of the SBF immersed 50 wt% HA/POSS-PCU
composite films (Fig. 7.13). Upon examination of the ATR-FTIR spectrums of
SBF immersed 18 wt% POSS-PCU films versus SBF immersed 50 wt%
HA/POSS-PCU composite films, it became apparent that the intensity of all
peaks related to urethane and carbonyl functional groups (at 1245 and 1739
cm-1, respectively) were lower on the surface of the SBF immersed 50 wt%
HA/POSS-PCU composites (Fig. 7.14). The main difference, however, was
the appearance of strong peaks of functional groups typically associated with
phosphate (PO43-) group at 600 and 1031 cm-1 on the surface of SBF immersed
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50 wt% HA/POSS-PCU composite films and not on the surface of the SBF
immersed 18 wt% POSS-PCU films. The ATR-FTIR spectrums of SBF
immersed porous 18 wt% POSS-PCU versus SBF immersed porous 50 wt%
HA/POSS-PCU composite films showed peaks of functional groups typically
associated with phosphate (PO43) group at 600 and 1013 cm-1 on the surface
of both samples, however, they had a higher intensity on the surface of the
SBF immersed porous 50 wt% HA/POSS-PCU composite films compared to
SBF immersed porous 18 wt% POSS-PCU (Fig. 7.15). Furthermore, other
functional groups such as carbonyl, urethane, POSS and carbonate had peaks
of lower intensity on the surface of the SBF immersed porous 18 wt% POSSPCU films compared to SBF immersed porous 50 wt% HA/POSS-PCU
composite films.
ATR-FTIR of SBF immersed etched 18 wt% POSS-PCU and SBF immersed
etched 50 wt% HA/POSS-PCU showed an overall low intensity of phosphate
and carbonate peaks on the surface of SBF immersed etched 50 wt%
HA/POSS-PCU composite films, while there was no noticeable phosphate
peaks at 600 or 1000-1100 cm-1 on the surface of the SBF immersed etched
18 wt% POSS-PCU films (Fig. 7.16). Furthermore, there was a slight decrease
in the intensity of peaks related to urethane and carbonyl at 1250 and 1740,
respectively, on the surface of the SBF immersed etched 50 wt% HA/POSSPCU compared to SBF immersed etched 18 wt% POSS-PCU surfaces,
however, there was a significantly large peak related to amidogen (NH 2)
present on the surfaces of both groups of samples. Upon examination of the
ATR-FTIR spectrums of SBF immersed etched and porous 18 wt% POSSPCU films versus SBF immersed etched and porous 50 wt% HA/POSS-PCU
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composite films it was apparent that peaks related to phosphate group at 600
and 1047 cm-1 were present at the surfaces of both of samples, however, at a
significantly higher intensity on the surface of the SBF immersed etched and
porous 50 wt% HA/POSS-PCU composite films compared to SBF immersed
etched and porous 18 wt% POSS-PCU films (Fig. 7.17). Furthermore, there
was no significant difference in the intensity of peaks related to carbonyl,
urethane or carbonate functional groups on the surfaces of the two samples.
Finally, there was an amidogen peak present on the surface of both samples
at 1631 cm-1, which had a slightly higher intensity on the surface of the SBF
immersed etched and porous 50 wt% HA/POSS-PCU composite films
compared to SBF immersed etched and porous 18 wt% POSS-PCU films.
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phosphate peaks.

significant loss of urethane and carbonyl peaks on the surface of the SBF immersed 18 wt% POSS-PCU films and no apparent

Figure 7.12 ATR-FTIR spectrums of 18 wt% POSS-PCU (black) versus SBF immersed 18 wt% POSS-PCU (red) films showing
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composite films showing increase phosphate peak on the surface of the SBF immersed 50 wt% HA/POSS-PCU films.

Figure 7.13 ATR-FTIR spectrums of 50 wt% HA/POSS-PCU (red) versus SBF immersed 50 wt% HA/POSS-PCU (black)
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HA/POSS-PCU composite films.

HA/POSS-PCU (red) composite films showing strong peaks of phosphate group on the surface of the SBF immersed 50 wt%

Figure 7.14 ATR-FTIR spectrums of SBF immersed 18 wt% POSS-PCU films (black) versus SBF immersed 50 wt%
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peaks on the surface of the SBF immersed porous 50 wt% HA/POSS-PCU composite films.

50 wt% HA/POSS-PCU (red) composite films showing stronger intensity of POSS-PCU, phosphate and carbonate related

Figure 7.15 ATR-FTIR spectrums of SBF immersed porous 18 wt% POSS-PCU films (black) versus SBF immersed porous
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wt% HA/POSS-PCU composite films and the presence of a strong amidogen peak on the surface of both samples.

wt% HA/POSS-PCU (red) composite films showing phosphate related peaks on the surface of the SBF immersed etched 50

Figure 7.16 ATR-FTIR spectrums of SBF immersed etched 18 wt% POSS-PCU films (black) versus SBF immersed etched 50
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presence of a strong amidogen peak on the surface of both samples.

related peaks on the surface of the SBF immersed etched and porous 50 wt% HA/POSS-PCU composite films and the

immersed etched and porous 50 wt% HA/POSS-PCU (red) composite films showing a higher intensity of phosphate

Figure 7.17 ATR-FTIR spectrums of SBF immersed etched and porous 18 wt% POSS-PCU films (black) versus SBF

7.3.6 Atomic Force Microscopy (AFM)
50 wt% HA/POSS-PCU composite films had a significantly higher surface
roughness (average Rq of 78.47 ± 13.68 nm) compared to 18 wt% POSS-PCU
films (average Rq of 40.93 ± 12.18 nm) (P < 0.001). However, AFM showed
that the surface roughness of both of these films was significantly increased
by introducing porosity into the polymer matrix (Fig. 7.18). AFM showed that
porous 50 wt% HA/POSS-PCU composite films induced a significantly higher
density of nanoscale structural features compared to porous 18 wt% POSSPCU, non-porous 18 wt% POSS-PCU and non-porous 50 wt% HA/POSS-PCU
surfaces (P < 0.001) (Table 7.3). It was not possible to obtain surface
roughness measurements for etched and etched and porous surfaces of both
18 wt% POSS-PCU films and 50 wt% HA/POSS-PCU composite films as their
surface roughness was beyond the Z-value of the AFM machine (i.e. their
surface roughness was higher than the maximum ability of the AFM to be
measured).

Table 7.3 Average surface roughness of 18 wt% POSS-PCU films and 50 wt%
HA/POSS-PCU based composite films measured using AFM.
Construct

Average Rq (nm)

18 wt% POSS-PCU

40.93 ± 12.18

50 wt% HA/POSS-PCU

78.47 ± 13.68

Porous 18 wt% POSS-PCU

72.67 ± 17.62

Porous 50 wt% HA/POSS-PCU

160.39 ± 25.18

Etched & etched porous

Beyond the Z value
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Figure 7.18 Investigation of the surface roughness of 18 wt% POSS-PCU
(A), 50 wt% HA/POSS-PCU (B), porous 18 wt% POSS-PCU (C), and porous
50 wt% HA/POSS-PCU (D) films using AFM. Incorporation of 50 wt% HA
particles and more notably porosity significantly increased the surface
roughness of HA based composite films compared to 18 wt% POSS-PCU
based films.
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7.3.7 Surface Assessment Using Field Emission Scanning
Electron Microscopy (FESEM) and Energy-dispersive X-ray
Spectroscopy (EDX)
FESEM revealed differences in surface morphology between the samples.
One major difference was that the 50 wt% HA/POSS-PCU composite films had
a rougher surface (Fig. 7.20A&B) than the surfaces of the 18 wt% POSS-PCU
films (Fig. 7.19A&B). Solvent etching changed the surface morphology of both
18 wt% POSS-PCU and 50 wt% HA/POSS-PCU based composite films by
introducing patterns to their surface structures. However, the patterns on the
18 wt% POSS-PCU based films (Fig. 7.21A&B) were morphologically different
to those observed on the 50 wt% HA/POSS-PCU composite films (Fig.
7.22A&B). Surface etching of the porous 18 wt% POSS-PCU films and 50 wt%
HA/POSS-PCU based composite films caused a collapse in the porous
structures of samples compared to non-etched porous samples (Fig. 7.23A&B
– 7.26A&B).
The EDX spectrums of elemental composition of 18 wt% POSS-PCU films
showed gold (Au), silicon (Si), palladium (Pd), and oxygen (O) atoms on their
surfaces, which are typically found in the coating and glass and are not
associated with the bioactivity of the samples (Fig. 7.19C). As expected, in
addition to these atoms, Ca and P atoms were present on the surfaces of the
50 wt% HA/POSS-PCU composite films (Fig. 7.20C). A similar trend was also
observed amongst etched, porous and etched and porous 18 wt% POSS-PCU
based films versus etched, porous and etched and porous 50 wt% HA/POSSPCU based composite films (Fig. 7.21C – 7.26C). The average Ca/P ratio of
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the 50 wt% HA/POSS-PCU based composite films, measured by EDX, was
1.72 ± 0.15 (weight %).
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Figure 7.19 Investigation of the surface morphology of 18 wt% POSS-PCU films using FESEM (A & B) and their surface elemental
composition using EDX (C).
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Figure 7.20 Investigation of the surface morphology of 50 wt% HA/POSS-PCU composite films using FESEM (A & B) and their
surface elemental composition using EDX (C).
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Figure 7.21 Investigation of the surface morphology of etched 18 wt% POSS-PCU films using FESEM (A & B) and their surface
elemental composition using EDX (C).
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Figure 7.22 Investigation of the surface morphology of etched 50 wt% HA/POSS-PCU composite films using FESEM (A & B) and
their surface elemental composition using EDX (C).
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Figure 7.23 Investigation of the surface morphology of porous 18 wt% POSS-PCU films using FESEM (A & B) and their surface
elemental composition using EDX (C).
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Figure 7.24 Investigation of the surface morphology of porous 50 wt% HA/POSS-PCU composite films using FESEM (A & B)
and their surface elemental composition using EDX (C).
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Figure 7.25 Investigation of the surface morphology of etched and porous 18 wt% POSS-PCU films using FESEM (A & B) and
their surface elemental composition using EDX (C).
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Figure 7.26 Investigation of the surface morphology of etched and porous 50 wt% HA/POSS-PCU composite films using FESEM
(A & B) and their surface elemental composition using EDX (C).
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7.3.8 Assessment of Bioactivity in Simulated Body Fluid (SBF)
Using Field Emission Scanning Electron Microscopy (FESEM)
and Energy-dispersive X-ray Spectroscopy (EDX)
FESEM of the SBF immersed 18 wt% POSS-PCU films did not show any
bioactivity in terms of Ca and P coating on their surfaces (Fig. 7.27A&B),
which also explains the lack of phosphate peak on the ATR-FTIR of SBF
immersed 18 wt% POSS-PCU samples (Fig. 7.12). In contrast, Ca and P
coating was observed in FESEM images of 50 wt% HA/POSS-PCU composite
films, whereby Ca and P coating was deposited on the surface of the samples
with characteristic cauliflower morphology (Fig. 7.28A&B). Upon higher
magnification imaging (X 6500), crystal/needle shape structures were
observed (Fig. 7.28B). Solvent etching of the surfaces of 18 wt% POSS-PCU
films induced a square morphology of Ca and P coating which resembled that
of brushite, which is normally formed in an acidic SBF (Fig. 7.29A&B). This
was significantly different to the morphology of Ca and P coating observed on
the surface of 50 wt% HA/POSS-PCU and etched 50 wt% HA/POSS-PCU
composite films in SBF (Fig. 7.30A&B) where characteristic cauliflower
morphology was seen. Porous 18 wt% POSS-PCU films, to some extent,
showed bioactivity in SBF and were coated with Ca and P deposition (Fig.
7.31A&B) with similar morphology to 50 wt% HA/POSS-PCU based composite
films, however, the coating was only partial on the surface of the SBF
immersed porous 18 wt% POSS-PCU films and did not cover their entire
surfaces whereas SBF immersed porous 50 wt% HA/POSS-PCU composite
films showed a complete coating with Ca and P deposition (Fig. 7.32A&B).
Interestingly, FESEM images of porous 50 wt% HA/POSS-PCU composite
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films showed a great degree of bioactivity in the form multi-layer Ca and p
coatings on top of each other with crystal-needle shaped structures as seen at
higher magnification imaging (X 6500) (Fig. 7.32B). In contrast, etched and
porous 18 wt% POSS-PCU films only induced partial coating of their surfaces
in SBF (Fig. 7.33A&B) as opposed to etched and porous 50 wt% HA/POSSPCU which were fully covered with Ca and P layers on their surfaces (Fig.
7.34A&B).
The EDX spectrums of elemental composition of all samples, apart from pure
18 wt% POSS-PCU films, confirmed the presence of Ca and P on their
surfaces (Figs. 7.27C – 7.34C). Other elements such as Au, Si, Pd, and O
were present on the surfaces of all samples investigated with EDX, which are
typically found in the coating and glass and are not associated with the
bioactivity of the samples. The average Ca/P ratio of the Ca and P coating on
the samples, apart from 18 wt% POSS-PCU, measured by EDX, was 2.28 ±
0.11 (weight %).
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Figure 7.27 Investigation of the bioactivity of 18 wt% POSS-PCU films in SBF using FESEM (A & B) and their surface elemental
composition using EDX (C).
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Figure 7.28 Investigation of the bioactivity of 50 wt% HA/POSS-PCU composite films in SBF using FESEM (A & B) and their surface
elemental composition using EDX (C).
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Figure 7.29 Investigation of the bioactivity of etched 18 wt% POSS-PCU films in SBF using FESEM (A & B) and their surface
elemental composition using EDX (C).
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Figure 7.30 Investigation of the bioactivity of etched 50 wt% HA/POSS-PCU composite films in SBF using FESEM (A & B) and
their surface elemental composition using EDX (C).
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Figure 7.31 Investigation of the bioactivity of porous 18 wt% POSS-PCU films in SBF using FESEM (A & B) and their surface
elemental composition using EDX (C).
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Figure 7.32 Investigation of the bioactivity of porous 50 wt% HA/POSS-PCU composite films in SBF using FESEM (A & B) and
their surface elemental composition using EDX (C).
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Figure 7.33 Investigation of the bioactivity of etched and porous 18 wt% POSS-PCU composite films in SBF using FESEM (A &
B) and their surface elemental composition using EDX (C).
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Figure 7.34 Investigation of the bioactivity of etched and porous 50 wt% HA/POSS-PCU composite films in SBF using FESEM (A
& B) and their surface elemental composition using EDX (C).
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7.4 Discussion
As described in Chapter 1, the main component of the inorganic bone mineral
of natural bone is a highly substituted form of carbonated HA. Where HA, with
the chemical formula Ca10(PO4)6(OH)2, has a Ca/P ratio of 1.67, bone mineral
has Ca/P ratios ranging from 1.37 - 1.87, due to its complex composition
containing additional ions such as silicon, carbonate and zinc [8, 9]. Ca and P
are the two main elements (as well as trace elements such as carbonate,
sodium, magnesium, zinc, silicate, and fluoride) of the bone mineral matrix and
are released into the bloodstream during bone resorption. Furthermore, Ca
and P play crucial roles in bone growth and development and their relative
concentration is controlled by various hormonal and physico-chemical factors
[10]. Ca/P ratio of bone has been shown to vary in patients with bone diseases
such as rheumatoid arthritis compared to those with healthy bone [11].
HA, because of its non-toxicity, excellent biocompatibility, biological activity
and osteoconductivity, is widely used in bone grafting and augmentation [386].
HA particles in combination with synthetic polymers as composite biomaterials
have been shown to promote growth and differentiation of cells towards
osteogenic lineage [387, 388]. However, upon incorporation into the matrix of
a polymer, it is important for HA particles to be either exposed or released onto
the surface of the implant in order to interact with their biological environment
[389]. In cases where the HA particles are trapped (encapsulated) within the
matrix of the polymer, the particles would not be able to act as an osteogenic
agent once implanted.
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In order to evaluate HA particles exposure on the surface of HA incorporated
POSS-PCU based composite films, various surface analysis techniques such
as ATR-FTIR, AFM, EDX, and FESEM were employed in this study. At 50 wt%
HA incorporation into POSS-PCU, ATR-FTIR showed significant changes in
terms of phosphate surface functional group (PO4-3) compared to 18 wt%
POSS-PCU films. Phosphate has been identified in the literature as a surface
functional group representing the chemical composition of HA [390]. In
addition, elemental mapping of Ca and P using EDX and surface imaging using
FESEM further confirmed the presence of PO4-3 on the surface of 50 wt%
HA/POSS-PCU based composite films, which was not seen on 18 wt% POSSPCU based films. These findings together with the fact that AFM showed that
50 wt% HA/POSS-PCU had a significantly higher surface roughness (average
Rq of 78.47 ± 13.68 nm) compared to 18 wt% POSS-PCU films (average Rq
of 40.93 ± 12.18 nm) (P < 0.05) indicate that HA particles are exposed on the
surface of the 50 wt% HA/POSS-PCU based composite films, and hence are
able to, increase the biological activity of POSS-PCU polymer upon
implantation. Confirmation of HA exposure on the surface of these scaffolds
further explains the significantly lower surface hydrophobicity and improved
material-cell behaviour of 50 wt% HA/POSS-PCU composite films (compared
to 10 and 30 wt% HA/POSS-PCU composite films as well as to 18 wt% POSSPCU films) observed in the previous chapter.
The influence of surface properties of implants on cellular behaviour, such as
adhesion, proliferation, migration and differentiation have been fully
documented in the literature and throughout the course of this report [391]. It
is a well-known fact that chemical, physical and topographical properties of
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implants play a crucial role in determining the material-cell interaction profile
and consequently the biocompatibility of the implant [174, 392]. Surface
topography of biomaterials can evoke specific cellular responses and
biomaterials with unique topographical characteristics offer properties, similar
to growth factors, which can be used to induce specific biological
performances of safe and cost effective manners in the human body [52].
Surface etching and porosity were employed in this study as two techniques
to induce topographical features on the surfaces of 18 wt% POSS-PCU films
and 50 wt% HA/POSS-PCU composite films. Pre-SBF immersion, it was found
that surface etching slightly decreased the infrared intensity of POSS,
urethane and carbonyl peaks, which belong to the chemical compositions of
POSS and PCU soft segment of POSS-PCU. Moreover, surface etching of the
50 wt% HA/POSS-PCU composite films resulted in reduced intensity of
phosphate peak on the etched surfaces. Furthermore, there was an amidogen
peak at a significant intensity present on the surface of etched 18 wt% POSSPCU and etched 50 wt% HA/POSS-PUC samples, which is a peak associated
with the chemical composition of DMAC. The small decrease in the POSS,
urethane, carbonyl and phosphate peaks could be explained as a result of the
formation of a new interface between the polymer and solvent, which consist
of trapped DMAC particles within the etched surface of POSS-PCU matrix. In
such a case, as the surface area of the 18 wt% POSS-PCU films remain
unchanged after etching, the formation of a new layer on their surfaces means
that less POSS, PCU and HA particles moieties are available on the same
surface of the etched samples and identified by ATR-FTIR. Such an interface
could be of serious disadvantage in regards to porous films as it could either
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cause structural collapse or form a membrane-like barrier on the opening of
the pores within the polymer matrix and act as an obstacle for cell ingrowth,
vascularisation, and nutrient diffusion [393]. There was a significant decrease
of phosphate peak intensity on the surface of etched and etched and porous
50 wt% HA/POSS-PCU samples (pre-SBF immersion) compared to 50 wt%
HA/POSS-PCU samples (pre-SBF immersion), which could potentially affect
their bioactivity in SBF, as seen in the case of etched and porous 50 wt%
HA/POSS-PCU composite films whereby a partial Ca and P coating was
observed by FESEM. Decreased bioactivity could significantly change
osteogenic cellular behaviour on these samples and this effect shall be further
investigated in the next chapter using an in vitro cell culture model.
Furthermore, the process of etching could have led to loss of HA particles
exposed on the surface of the 50 wt% HA/POSS-PCU matrix. Loss of HA, even
at a small degree, from the surface of the 50 wt% HA/POSS-PCU composite
films could explain the decrease in the intensity of

the phosphate peak

observed on the etched surfaces of 50 wt% HA/POSS-PCU composite films
compared to un-etched 50 wt% HA/POSS-PCU samples. However, as etched
50 wt% HA/POSS-PCU composite films showed good Ca and P coating of
their surfaces in SBF, further studies such as Raman spectroscopy, can be a
good analysis technique to be used in the future to investigate if HA particles
were lost from the surface of the samples and consequently released into the
solvent. If HA was lost from these surfaces, their highly rough surface
topography could explain their good bioactivity in SBF despite a reduction in
the concentration of HA exposed on their surfaces. Finally, the fact that there
was a strong peak of amidogen on the surface of etched 18 wt% POSS-PCU
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films and etched 50 wt% POSS-PCU composite films suggest that there was
an increase of DMAC concentration on the surface of the samples. As all
samples were oven dried during their fabrication process and prior to etching
(to ensure DMAC removal from their matrices) the increased concentration of
DMAC indicated by ATR-FTIR must be an implication of the etching process.
DMAC is a widely used industrial solvent, which has been reported to be
teratogenic in rats after administration of doses of 100 ppm or greater by
injection or following dermal application [394]. There is very limited and
scattered information available in the literature on the cytotoxicity of DMAC in
vitro and in human. DMAC has not been shown to be genotoxic in a large
number of genetic toxicity research although some experiments have shown
some activity [395], however, there is no indication of what dosage of DMAC
can lead to genetic toxicity. Furthermore, most studies have focused on rats
as their animal models to study DMAC toxicity and at low dosages, which make
it difficult to compare or draw conclusions for human applications. Other
studies, where humans have been the subject of DMAC toxicity research, have
mainly focused on DMAC exposure through occupational hazards and not in
a clinical setting admiration of the solvent. Nonetheless, most of these studies
reported liver damage (at various dosages of DMAC) from 1 year to 4 years
post occupational DMAC exposure [396-398].
Polymer integrity and stability are two crucial factors to be considered when
designing an optimum implant for bone grafting or augmentation [38, 399]. As
described, DMAC solvent etching was chosen as it only removes a very thin
layer of the polymer surface and the bulk of the construct would remain intact.
However, prolonged exposure of the polymer surface to solvent could lead to
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polymer dissolution [400]. A phenomenon also observed in this study after 50
times of dipping 18 wt% POSS-PCU based films and 50 wt% HA/POSS-PCU
based composite films in the solvent. Polymer dissolution behaviour in
solvents can be divided into two steps; 1) solvent diffusion and 2) chain
disentanglement [401]. When a polymer comes into contact with a
thermodynamically compatible solvent (in this case POSS-PCU and DMAC),
a gel-like layer forms on the surface of the construct, which leads to the
formation of two interfaces (one between the polymer and the newly formed
gel layer and another one between the gel layer and the solvent) [401].
Depending on the nature of the polymer and the solvent, there is a window of
time, known as an induction time, within which the solvent only etches the top
surface of the polymer without affecting its bulk structure. However, longer
exposure to the solvent, beyond the compatible induction time, leads to
polymer dissolution, which consequently disturbs the bulk structure, integrity
and stability of the construct.
In this study it was shown that the introduction of porosity also decreased
POSS and HA particle moieties on the surface of the 50 wt% HA/POSS-PCU
based composite films. As described in Chapter 5, porosity is known to
increase the surface area of samples in a way that there would be less polymer
surface compared to non-porous samples. Therefore, the changes observed
in this study are in line with this phenomenon. As mentioned, porosity could
positively affect cell growth and differentiation, which is likely due to the
increase of surface area of the construct that would allow for greater protein
binding and increased focal adhesion points [402]. These events would in turn
activate several mechano-transductive processes and gene expression [403].
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Furthermore, the extremely high surface area of HA particles in conjunction
with the increased surface area of the polymer matrix achieved by introducing
porosity can increases the level of HA exposure on the surface of the material
and consequently improve the bioactivity of the implant [404]. Furthermore,
increased surface area of the samples would allow for better removal of DMAC
from the polymer matrix. Increased DMAC removal would mean higher level
of water and DMAC particle exchange, a phenomenon that could further
increase the porosity (%) of the samples and together with NaCl porogen
leaching affect the overall porosity of the final construct. This was observed in
this study as the final average porosity (%) of porous 18 wt% POSS-PCU films
and 50 wt% HA/POSS-PCU composite films were calculated to be 71.9 ± 6.6
% and 76.3 ± 7.4 %, respectively, despite the fact that porosity was designed
at 50% NaCl to polymer concentration. Increased porosity and surface area
are of great advantage for bone repair as they could result in higher ion
exchange and bone-inducing factor adsorption [134]. Furthermore, there was
a significant increase in surface roughness of porous 18 wt% POSS-PCU films
and porous 50 wt% HA/POSS-PCU composite films in comparison to those of
non-porous 18 wt% POSS-PCU and 50 wt% HA/POSS-PCU samples. These
differences are anticipated to be related to the method of DMAC and porogen
removal (i.e. solvent casting versus solute exchange induced phaseseparation/porogen leaching, which were used to fabricate non-porous and
porous films, respectively. Furthermore, porous 50 wt% HA/POSS-PCU
composite films exhibited significantly higher surface roughness (160.39 ±
25.18 nm) compared to porous POSS-PCU and non-porous POSS-PCU and
50 wt% HA/POSS-PCU samples (P < 0.001). An explanation to this finding is
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that the combination of porosity and surface exposure of HA particles together
have created a significantly rougher surface compared to the other samples
investigated in this study. The effect of incorporation of irregular-shaped HA
particles and their potential non-uniform distribution onto the surface of the 50
wt% HA/POSS-PCU composite films, which affected the surface wettability
and surface roughness of the materials in a concentration-dependent manner,
was already examined in the previous chapter, which showed HA particles
incorporation into POSS-PCU matrix can significantly increase surface
roughness. However, despite the fact that incorporation of 50 wt% HA into
POSS-PCU significantly increased the surface roughness of the samples
compared to 18 wt% POSS-PCU films, the fact that their surface roughness
was still in the order of a few 10s of nanometres suggest that even at 50 wt%
HA incorporation the surface of POSS-PCU remains significantly smooth.
Interestingly, AFM was unable to provide surface roughness readings on the
etched and etched and porous 18 wt% POSS-PCU and 50 wt% HA/POSSPCU samples, therefore, indicating that etching and its combination with
porosity increases surface roughness so significantly that it reaches beyond
the nanoscale and creates microstructural surface topography instead. As
mentioned in the previous chapter, osteogenic cells show more favourable
interactions, in terms of attachment, growth and differentiation, on rougher
surfaces compared to smoother surfaces, a phenomenon which shall be
further investigated in the next chapter of this report.
This chapter demonstrated that incorporation of HA particles into POSS-PCU
led to the formation of a continuous and compact Ca and P coating on the
surface of 50 wt% HA/POSS-PCU composite films in SBF as opposed to the
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lack of formation of any coatings on the surface of 18 wt% POSS-PCU films
after SBF immersion. As mentioned previously, SBF is a convenient method
to screen the potential bioactivity of an implant prior to in vivo implantation.
The fact that 50 wt% HA/POSS-PCU composite films exhibited a significantly
stronger bioactivity in SBF means that these composite films are potentially a
more suitable and compatible choice of biomaterial for bone grafting or
augmentation than 18 wt% POSS-PCU films. Furthermore, the inability of 18
wt% POSS-PCU films to induce Ca and P coating on their surfaces in SBF
could be explained by the greater hydrophobicity, lower surface roughness and
smaller surface area (as investigated in Chapters 5 and 6) compared to 50
wt% HA/POSS-PCU based composite films.
SBF showed a Ca and P coating on etched, porous and etched and porous 18
wt% POSS-PCU films, however the coatings were not as continuous and
compact as those observed on etched, porous and etched and porous 50 wt%
HA/POSS-PCU composite films, as observed by FESEM. The ability of etched,
porous and etched and porous 18 wt% POSS-PCU films to induce Ca and P
coating formation in SBF (as opposed to 18 wt% POSS-PCU) could be
explained by their increased hydrophilicity and surface area (in the case of
porous samples) as well as significantly higher surface roughness (due to the
effect of solvent etching as well as their porous structure). Furthermore, a
triplet carbonate (CO32-) group absorption bands at 1400 - 1600 cm-1 was
observed on the surface of all of the SBF immersed samples, regardless of the
presence or absence of HA. In this study supersaturated 5 X SBF was used to
accelerate the process of Ca-P coating on the surface of the samples.
Therefore, an acidic gas-like Carbone dioxide (CO2) was used to stabilise the
350

supersaturated SBF and to increase the solubility of Ca and P phases [405409]. Lastly. SBF study showed a C/P ratio of 2.28 2.28 ± 0.11 (weight %) by
EDX on the surface of the Ca and P coated samples in SBF which suggest a
high level of calcium than normally observed in synthetic HA (Ca/P ratio of
1.67) or the natural bone mineral (Ca/P ratios ranging from 1.37 - 1.87). This
could also have resulted as the result of conducting this study in a
supersaturated SBF, which has 5 times the normal ion concentration of blood
plasma.

7.5 Conclusion
In conclusion, it is now apparent that the incorporation and exposure of HA
particles at 50 wt% improves the physico-chemical properties of the novel
POSS-PCU polymer. The presence of the PO4-3 group as well as the
confirmation of Ca and P deposition (using EDX/SEM) on the surface of the
SBF immersed samples confirmed that a Ca- PO4-3 rich apatite was formed on
the surface of the 50 wt% HA incorporated POSS-PCU composite films, which
indicate their potential bioactivity through the formation of a bone-like apatite
interlayer once placed in the physiological environment. However, as the
findings of this study were obtained using a 5 X SBF accelerated test
environment, further investigation, 1 X SBF and XRD analysis in particular, is
required to confirm if these precipitations are bone-like apatite or some other
types of Ca-PO4-3 rich apatite depositions. Moreover, the manipulation of
surface topographical properties of these composite films (through surface
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etching and porosity) showed interesting physico-chemical characteristics and
SBF bioactivity of 50 wt% HA incorporated POSS-PCU composite films, which
could affect the material-cell behaviour of osteogenic cells on these constructs
and offer great potentials in applications such as bone grafting and
augmentation, which shall be investigated in the next chapter of this report.
Furthermore, in this study the effect of pre-designed porosity in terms of the
pores morphology, pore interconnection size and the overall interconnectivity
level of the samples were not investigated due to the difficulties encountered
FESEM imaging the thin films of 18 wt% POSS-PCU and 50 wt% HA/POSSPCU in a flat section of the samples. Furthermore, other techniques such as
porosimetry were not accessible due to time and budget restrictions imposed
on this study. As porosity is a major influence on the nature and the rate of
bone repair and new bone formation, this phenomenon should be investigated
in detail in the future.
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Chapter 8: In Vitro Assessment of the
Effect of Topography on
Hydroxyapatite/POSS-PCU Composite
Films for Bone Grafting and Augmentation
8.1 Introduction
In nature cells use 3D template of ECM to shape functional tissues [410], which
is different from the usual way that materials are tested in vitro using cell
culture techniques. Micro- and nano-scale chemical and physical cues from
the ECM environment control and direct various key cell behaviours including
their adhesion, proliferation, migration and differentiation [411-413]. Therefore,
the construction of a synthetic system that mimics the natural ECM and its
component has become a field of topical interest [414]. Recent investigations
have shown rapid success in developing biomaterials and tissue engineered
implants with sophisticated and complex nano- and micro-environments
suitable for 3D growth of cells for the purpose of organ and tissue repair and
regeneration [414-417].
In the body, cells encounter different types of topographies (ranging from nano
to micro scale) such as other cells, particles (e.g. mineral crystals within the
bone matrix) and fibers (e.g. ECM proteins) [418]. This has led to studies
investigating the influence of environmental cues on cell and tissue response
[419]. Despite the fact that this field of research is new with limited information
on the effect of surface topography in vivo, various in vitro studies have shown
that the surface topography of biomaterials can evoke specific cellular
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responses as unique topographical characteristics offer properties, similar to
growth factors, which can be used to induce safe and cost effective specific
biological performances [420]. Several studies have documented the influence
of nanofeatures including nanopits, nanogratings and nanoprotruisons on cell
morphology, proliferation and differentiation of various types of cells, in
particular MSCs [421]. Other nanopatterned structures, such as grooves,
ridges, and pores as well as holes, nodes, or rods are commonly used
techniques employed to change surfaces that direct cellular responses [422].
As the majority of biological reactions in human body occur on surfaces or
interfaces the surface properties of a biomaterial or a device are key aspects
in determining the success of the implant [368]. As mentioned in the previous
chapter, surface properties of an implant determines the growth rate, shape,
size and density of apatite formation both in vitro and in vivo [369-371].
Furthermore, it has been established in the literature that cell adhesion and
proliferation are, to a great extent, influenced by the micro- and nano-surface
characteristics of biomaterials and devices [372, 373]. Therefore, designing of
nano or micro surface structures to control cellular behaviour can provide
significant advantages in the field of biomaterials. As a construct is implanted
in the body and hence exposed to the biological fluid, proteins (such as
fibronectin and vitronectin) are the first to be absorbed on the implant surface,
which in turn mediate the adhesion of cells through their focal adhesion points
[390, 423, 424]. Furthermore, as surface topography, in particular
nanotopography, increases surface area the chance of adsorbing the right
proteins in their correct folding and consequently available integrin binding
sites also increases. The increase in the availability of the integrin binding
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sites, their orientation and clustering is understood to be the cause of the
cellular behaviour change on surfaces with nanotopography compared to
simple surfaces of the same material [402, 425]. Another interesting finding in
this field is the fact that proteins bind to nanostructures/nanoparticles in a
competitive manner (due to Vroman effect; primary adhesion of proteins with
the highest mobility which are later replaced by less motile proteins with higher
affinity for the surface) [426] and that they create “soft” and “hard” protein
corona (the rapid protein coverage of nanoparticles upon contact with body
fluids) [427]. Hard protein corona compose of unfolded tightly bound proteins
that are otherwise hidden within the folded protein structure [418, 428]. Their
exposure means that amino acids that are normally obstructed are now
available to the cells and hence effecting cellular adhesion dynamics through
various signalling pathways [428, 429]. One such an important amino acid is
the osteoblast-binding sequence lysine-serine-arginine-arginine (KSRR) that
becomes advantageously available through the cell adhesion, mediating ECM
molecules adsorbed onto the nanostructured surfaces [430].
A wide range of studies have compared the influence of nano- and micro-scale
surface topography on the cellular behaviour of osteogenic cells, most of which
have found nano-scale surface topography, due to its advantageous
interaction between nanosize irregularities and cells, to promote better
osteoblast adhesion and spreading, which consequently enhances their
subsequent proliferation activity [431-433]. Micro-scale irregularities, on the
other hand, can hinder osteoblast spreading and consequently and slow down
their proliferation activity [430, 434]. This phenomenon was exhibited in a study
conducted by Rosa and Beloti et al. in which the effect of various surface
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roughness of titanium substrates prepared by the Ra parameter of 0.24 μm,
0.69 μm, 0.80 μm and 1.90 μm and their effect on the growth of human bone
marrow cells was investigated [435]. They concluded that cell adhesion and
proliferation decreased as surface micro-scale roughness of titanium
substrates increased. Anselme and Bigerelle et al. also showed better
spreading and proliferation of human osteoblast cells on titanium substrates of
the mean roughness amplitude (Sa) of 0.53 μm compared to cells grown on
rougher titanium surfaces of 2.52 μm Sa [436]. Although various studies have
shown an initially slow osteoblast attachment, spreading and proliferation on
surfaces with micro-scale topography, it has been shown that such surfaces
can better support osteoblast cells differentiation by inducing higher production
of total protein and ALP activity [430, 435], which support and participate in
bone tissue mineralisation and act as a crucial marker of osteogenic cell
differentiation as discussed in Chapter 6. Furthermore, as previously
mentioned, it has been shown that porous implants provide a better
environment for osteogenic cells, than non-porous implants, as they
encourage cell ingrowth with pore interconnection size of 150 - 250 µm and
porosity of over 80% exhibiting the most favourable outcomes [305, 437, 438].
In addition, random versus ordered (regular) pore structure has been shown
to induce a higher rate of collagen fibre distribution and hence better bone
mineralisation of osteogenic cells in vitro [430, 439].
In addition to evoking a specific cellular response, surface topography is a
crucial factor in determining the amount of primary stability of the implant in
orthopaedic bone graft substitutes and dental membranes [440-442]. The lack
of primary stability of the implant can create mechanical loading on the implant
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leading to its displacement at the site of injury and consequently causing
fibrous encapsulation of the implant if the displacement threshold of 50 – 150
µm is reached [443,444]. This process of implant displacement is referred to
as micromotion in the literature and has gained a great deal of attention
especially in the field of dental implants [445, 446]. In the recent years, the
main concept of the novel treatment methods of bone reconstructions have
been based on immediate loading protocols of the implant to shorten the
treatment period as opposed to the late loading protocols of traditional
treatment concepts for implant-supported bone reconstructions [444, 447]. As
the result, controlling micromotion at the implant-bone interface to avoid the
risk of jeopardising osseointegration has become of a greater concerns in the
recent years.
The main aim of this chapter is to investigate the in vitro effect of surface
topography (induced by surface etching and porosity) on the growth and
mineralisation of human adult osteoblast cells on 50 wt% HA/POSS-PCU
composite films compared to 18 wt% POSS-PCU films for a potential
application in bone grafting and bone augmentation. As the effect of surface
topography on the physico-chemical properties and SBF bioactivity of 18 wt%
POSS-PCU based films and 50 wt% HA/POSS-PCU based composite films
were evaluated in the previous chapter, this chapter aims to evaluate two other
key physico-chemical properties (mechanical properties and wettability) as
well as the material-cell interactions of these surface modified constructs in
order to find the most suitable HA/POSS-PCU based biomaterial for use as a
synthetic bone graft substitute or a GBR membrane in bone grafting and bone
augmentation, respectively.
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8.2 Materials and Methods
8.2.1 Development of POSS/PCU and HA/POSS-PCU Films
18 wt% POSS-PCU solution in DMAC was prepared and provided by the
Division of Surgery & Interventional Sciences (UCL, UK) under the supervision
of Mr Arnold Darbyshire as previously described [241]. 50 wt% HA (of < 200
nm in size) in 15 g of DMAC was incorporated into 18 wt% POSS-PCU solution
in DMAC by manually mixing as described in Section 4.1.2. Non-porous 18
wt% POSS-PCU films and 50 wt% HA/POSS-PCU composite films were
prepared using solvent casting technique as previously described in Section
4.1.3. Samples were then cut in 15 mm diameter discs using a laser cutter
(Trotec Speedy 100R, UK).

8.2.1.1 Solvent Etching of the 18 wt% POSS-PCU and 50 wt%
HA/POSS-PCU Films Surfaces
Solvent etching was chosen as a means to optimise (to create surface
topography) porous and non-porous films of 18 wt% POSS-PCU and manually
mixed 50 wt% HA/POSS-PCU composite films as described in Section 4.2.9
and based on the findings of Section 7.3.2. Briefly, porous and non-porous
films of 18 wt% POSS-PCU and manually mixed 50 wt% HA/POSS-PCU were
dipped in pure DMAC (at room temperature) 20 times for 10 seconds each and
were left in an air-circulating oven at 65 °C for 20 minutes for the solvent to
evaporate (n = 3).
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8.2.1.2 Development of Porous 18 wt% POSS-PCU and 50 wt%
HA/POSS-PCU Films
Designed porosity, as an optimisation technique, was introduced into 18 wt%
POSS-PCU and manually mixed 50 wt% HA/POSS-PCU films as described in
Section 4.2.8. Briefly, the weight ratio of NaCl (150 – 250 µm average particle
size) to 18 wt% POSS-PCU solution in DMAC was controlled to 1:1 (i.e. 50%
designed porosity). Porous 18 wt% POSS-PCU and 50 wt% HA/POSS-PCU
films (n = 3) were fabricated using NaCl porogen leaching/solute exchange
induced phase-separation technique as discussed in Section 4.1.3. Samples
were then cut in 15 mm diameter discs using a laser cutter (Trotec Speedy
100R, UK).

8.2.2 Films Characterisation
Physico-chemical properties of the films were characterised as detailed in
Chapter 4. Briefly, the mechanical properties of dumbbell-shaped samples
were evaluated using an Instron-5565 tensile tester to measure uniaxial
tension, Young’s modulus, maximum tensile strength and the tensile strain
(elongation

at

break,

stretching

at

0-5

mm)

(n

=

5).

The

hydrophilicity/hydrophobicity of the non-porous samples was evaluated using
sessile drop technique, while captive bubble technique was used to assess the
hydrophobicity/hydrophilicity of porous samples as described in Section 4.2.3.
For sessile drop technique values of θ < 90° were considered hydrophilic,
whereas values of θ > 90° were considered hydrophobic. For captive bubble
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technique values of ɸ < 90° were considered hydrophobic, whereas values of
ɸ > 90° were considered hydrophilic.

8.2.3 Biological Activity Evaluation on 18 wt% POSS-PCU and
50 wt% HA/POSS-PCU Based Films
8.2.3.1 Cell Culture of Human Adult Osteoblast (Hob) Cells
The reliable reproducibility and well documented characteristics of SaOS-2
osteosarcoma cells allowed me to compare the effect of various
concentrations of HA on the bioactivity of POSS-PCU in Chapter 5 of this
report. However, as osteosarcoma cells do not mirror the whole range of
osteoblast phenotypic changes, I chose Hob cells for this study with a
behaviour profile that is more reflective of the in vivo events. Hob cells (Cell
Applications, Inc. USA) at 50,000 cells/well (3.5 x 104 cells/ cm2), were seeded
on the controls (tissue culture plastic (TCP) and 18 wt% POSS-PCU) and
porous 18 wt% POSS-PCU, etched 18 wt% POSS-PCU and etched & porous
18 wt% POSS-PCU films as well as 50 wt% HA/POSS-PCU, porous 50 wt%
HA/POSS-PCU, etched 50 wt% HA/POSS-PCU and etched & porous 50 wt%
HA/POSS-PCU composite films in 12-well plates and incubated for 2 h at 37
°C, 5% CO2 to allow cells to attach to the surface of the samples. After this
stage, 1.5 ml of Dulbecco's Modified Eagle's Medium (DMEM) with low glucose
(Life Technologies Ltd, UK) with 10% (v/v) /FBS and 1% antibiotic (50 μg/ml
streptomycin, 50 U/ml penicillin) solutions (both from Invitrogen, UK) were
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added to each well and the plates were incubated at 37 °C, 5% CO 2. After 24
h, the media were aspirated to remove any unattached, and undifferentiated
osteoblast cells, and 1.5 ml of fresh media were added to each well. The media
was changed on day 3 and on day 5 osteogenic media (containing 10% (v/v)
FBS (Invitrogen, UK), 1% (v/v) antibiotic solution (Gibco BRL), 10 mm βglycerophosphate (Sigma Aldrich, UK), 50 μg/ml L-ascorbic acid (Sigma
Aldrich, UK), and 100 nm dexamethasone (Sigma Aldrich, UK)) was used to
replace DMEM-low glucose medium. The osteogenic media was replaced
every 3 days.

8.2.3.2 Sample Sterilisation
Prior to seeding, the samples (n= 3 for each variable) were sterilised by
soaking in 70% ethanol for 30 min followed by two washes by immersing in
sterile PBS (Invitrogen, UK) for 15 min each time.

8.2.3.3 Human Adult Osteoblasts (Hob) Metabolic Activity
The metabolic activity of cultured SaOS-2 cells was monitored using the
nontoxic Alamar Blue® (AB) reagent (Thermo Fisher Scientific, UK) at 24 hrs,
7, 14, and 21 days, as previously described in Section 4.3.3. At the time point,
the fluorescence of 100 μL aliquots of each well was measured in triplicate, at
the fluorescent intensity at 530 nm (excitation) and 620 nm (emission), using
Fluroskan Ascent FL fluorescent plate reader (Thermo Labsystems,
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Basingstoke, UK). AB in cell culture medium on cells grown on TCP were used
as the control.

8.2.3.4 Alkaline Phosphatase (ALP) Activity of Human Adult
Osteoblasts (Hob) Cells
The ALP levels of the samples were measured according to the description
provided

in

Section

4.3.5.

Briefly,

500

µL

of

the

p-Nitrophenyl

Phosphate/diethanolamine buffer working solution was added to the cell lysate
at days 0, 7, 14 and 21 and the absorbance was measured at 405 nm and
normalised against DNA readings as described in

Section 4.3.4.

Measurements taken from TCP cell lysis were used as the control.

8.2.3.5 Human Adult Osteoblasts (Hob) Cells Morphology
Following days 7 and 14, SaOS-2 cell-seeded polymer scaffolds (n = 3) were
harvested, washed twice with PBS and fixed with 1.5% glutaraldehyde for 2 h
at 4°C. After three rinses with distilled water, the films were dehydrated through
a series of graded ethanol solutions and then air-dried as described in
Sections 4.2.6 and 4.3.6. Dry samples were sputter coated with gold and
observed by FESEM at X 500, X 1000 and X 5000 magnifications (JEOL 1010
field emission scanning electron microscope; Tokyo, Japan).
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8.2.4 Statistical Analysis
One-way (analysing independent variables) or two-way (comparisons across
more than two groups) ANOVA using Tukey’s post hoc test, or two-tailed
unpaired Student t tests (parametric data, comparing data between two
groups) were used to calculate the differences between samples during
repeated measures’ testing using GraphPad PRISM version 6.07. If
applicable, data were presented as standard deviation (SD) of the mean
values. A P value of less than 0.05 was considered to be significant.
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8.3 Results
8.3.1 Mechanical Properties
In general the Young’s modulus of all porous, non-porous, etched and etched
and porous 50 wt% HA/POSS-PCU composite films were significantly higher
compared to their respective films of 18 wt% POSS-PCU, with 50 wt%
HA/POSS-PCU composite films showing the highest Young’s modulus (77.28
± 21.67 MPa) compared to any other films investigated in this study (Fig. 8.1)
(P < 0.001). However, the overall maximum tensile strength and elongation at
break of 18 wt% POSS-PCU films (porous, non-porous, etched and etched
and porous) were significantly higher compared to their respective composite
films of 50 wt% HA/POSS-PCU based (Figs. 8.2&3) (P < 0.05). As expected,
there was a significant decrease in all mechanical properties of porous, etched
and etched and porous samples compared to non-porous and non-etched 18
wt% POSS-PCU films and 50 wt% HA/POSS-PCU composite films (Figs.
8.2&3) (P < 0.05).
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Figure 8.1 Mechanical properties (Young’s modulus) of 18 wt% POSS-PCU
and 50 wt% HA/POSS-PCU based films reflecting the effect of surface etching
and designed porosity on the samples mechanical properties. Data are
represented as mean ± SD, (*P < 0.001).
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Figure 8.2 Mechanical properties (maximum tensile strength) of 18 wt%
POSS-PCU and 50 wt% HA/POSS-PCU based films reflecting the effect of
surface etching and designed porosity on the scaffolds mechanical properties.
Data are represented as mean ± SD, (*P < 0.05).
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Figure 8.3 Mechanical properties (elongation at break) of 18 wt% POSS-PCU
and 50 wt% HA/POSS-PCU based films reflecting the effect of surface etching
and designed porosity on the scaffolds mechanical properties. Data are
represented as mean ± SD, (*P < 0.05).
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8.3.2. Contact Angle Measurements
As expected, upon comparision of non-porous samples, it was shown that
etched 18 wt% POSS-PCU and etched 50 wt% HA/POSS-PCU samples were
significantly more hydrophobic compared to unetched 18 wt% POSS-PCU and
50 wt% HA/POSS-PCU samples (Fig. 8.4) (P < 0.05). Furthermore, upon
comparision of porous samples, it was shown that porous 50 wt% HA/POSSPCU and etched and porous 50 wt% HA/POSS-PCU composite films were
significantly more hydrophobic compared to porous 18 wt% POSS-PCU and
etched and porous 18 wt% POSS-PCU films (Fig. 8.5) (P < 0.05).
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Figure 8.4 Sessile drop contact angle measurement of non-porous 18 wt%
POSS-PCU, etched 18 wt% POSS-PCU, 50 wt% HA/POSS-PCU and etched
50 wt% HA/POSS-PCU samples fabricated by solvent casting (θ > 90 is
considered hydrophobic). Data are represented as mean ± SD, *P < 0.05.
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Figure 8.5 Captive Bubble contact angle measurement of porous 18 wt%
POSS-PCU, etched and porous 18 wt% POSS-PCU, porous 50 wt%
HA/POSS-PCU, and etched and porous 50 wt% HA/POSS-PCU samples
fabricated by solute exchange induced phase-separation (ɸ < 90 is considered
hydrophobic). Data are represented as mean ± SD, *P < 0.05.
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8.3.3 Human Adult Osteoblast (Hob) Cells Attachment and
Metabolic Activity
The metabolic activity and the total number of seeded Hob cells significantly
increased on all samples at the end of the first 24 h culture period compared
to measurements taken at 6 h after culturing. (Fig. 8.6A&B) (P < 0.05). The
metabolic activity and the total number of cells increased significantly on all
samples during the initial 14 days of the culture, followed by a significant
decrease at day 21 (Fig. 8.7A&B) (P < 0.001). Porous 50 wt% HA/POSS-PCU
composite films showed the highest metabolic activity and the total number of
cells at day 14 compared to other samples investigated (Fig. 8.7A&B) (P <
0.001). The metabolic activity per µg of DNA of Hob cells increased
significantly on all samples during the initial 14 days of culture, followed by a
significant decrease at day 21 (Fig. 8.8A) (P < 0.05). Compared to porous 50
wt% HA/POSS-PCU, all other samples showed a significantly lower metabolic
activity per µg of DNA at day 14 (Fig. 8.8A) (P < 0.05). The rate of proliferation
of Hob cells was significantly higher for porous 50 wt% HA/POSS-PCU
composite films, compared to other samples, at all time points (Fig. 8.8B) (P
< 0.05).
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Figure 8.6 Comparison of cellular activity of Hob cells on 18 wt% POSS-PCU and 50 wt% HA/POSS-PCU based films between
6 & 24 hrs. Cell viability (A) and the total DNA (B) measurements compared the metabolic activity and the total number of seeded
Hob cells, which both significantly increased at the end of the first 24 h culture period compared to measurements taken at 6 h after
culturing. The measurements are against their respective readings at 6 hrs. Data are presented as mean ± SD, (P < 0.05).
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Figure 8.7 Comparison of cellular activity of Hob cells on 18 wt% POSS-PCU and 50 wt% HA/POSS-PCU based films from
day 1 to day 21. Cell viability (A) and the total DNA (B) measurements compared the metabolic activity and the total number of
seeded Hob cells which both significantly increased at the end of the 14 day culture period compared to measurements taken on day
1 of culturing, with porous 50 wt% HA/POSS-PCU composite films showing the highest cellular activity amongst all samples at day
14. The comparison is against day 1 TCP. Data are presented as mean ± SD, (*P < 0.001).
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Figure 8.8 Hob cells metabolic activity/µg DNA (A) and their rate of proliferation (B) cells on 18 wt% POSS-PCU and 50 wt%
HA/POSS-PCU based films from day 1 to day 21. Porous 50 wt% HA/POSS-PCU composite films showed the highest metabolic
activity/µg DNA as well as the highest rate of proliferation at day 14 compared to the other samples. The measurements are against
day 1 TCP. Data are presented as mean ± SD, (*P < 0.05).
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8.3.4 Alkaline Phosphatase (ALP) Activity of Human Adult
Osteoblasts (Hob) Cells

An increase of ALP activity and ALP activity per µg of DNA from day 0 to day
14, followed by a statistically significant decrease from Day 14 to Day 21, for
cells on all samples was observed (Fig. 8.9A&B) (P < 0.01). Porous 50 wt%
HA/POSS-PCU composite films exhibited the highest total ALP activity and
ALP activity per µg of DNA from day 7 to day 21. (Fig. 8.9A&B) (P < 0.05).

8.3.5 Human Adult Osteoblast (Hob) Cells Morphology
FESEM imaging after 7 days of culture revealed cell attachment and spreading
on all samples investigated. After 14 days of culture, distinctive morphological
differences were observed amongst cells grown on different films (Fig. 8.10A¥). On TCP, Hob cells had spread extensively and appeared flattened with
polygonal shape and their cytoskeleton and the nucleus with nucleoli visible
(Fig. 8.5A-C). On 18 wt% POSS-PCU films, most of the cells had a polygonal
shape with some more rounded than others (Fig. 8.5D-F). Furthermore, upon
examination at higher magnification no Ca and P deposition was observed. On
50 wt% HA/POSS-PCU composite films cells appeared thicker around the
region of the nucleus but flattened in other regions (Fig. 8.5G-I). Furthermore,
proliferation of the cells mean that a continuous monolayer had formed. At
higher magnification (X 5000) crystal/needle shape Ca and P deposition was
observed on the surface of the cells indicating that these cells were in the
process of forming mineralised deposits. Hob cells on etched 18 wt% POSSPCU surfaces, spread polygonally and flattened with thin filopodia (Fig. 8.5J377

L). Their nuclei with nucleoli were also visible. Some of the cells showed very
close contact with each other, which made the identification of their complete
perimeter difficult, especially in the areas where the osteoblasts started to form
a multilayer. Cells on etched 50 wt% HA/POSS-PCU composite films grow into
multilayers and fused their borders to one another to a degree where that their
perimeter could not be recognised (Fig. 5.8M-O). Bone nodule formation and
a Ca and P coating was seen upon higher magnification imaging (X 5000).
Hob cells grown on porous 18 wt% POSS-PCU films cells showed multilayer
growth and their cell perimeter was difficult to be identified (Fig. 8.5P-R).
On porous 18wt% POSS-PCU cells formed layers but cells were not seen in
deep pores, however cells were seen deep in the pores of the porous 50 wt%
HA/POSS-PCU composite films (Fig. 5.8S-U). The cells on porous 50 wt%
HA/POSS-PCU showed a less flattened cell morphology compared with cells
grown on porous 18 wt% POSS-PCU. Upon closer examination at higher
magnification (X 1000 and X 5000) organised bone nodule formation as well
as crystal/needle shape Ca and P deposition were observed. The combination
of surface etching and porosity changed the morphology of Hob cells from
flattened to a physiological 3D shape compared to cells on porous 18 wt%
POSS-PCU films (Fig. 8.5V-X). Although cells had grown into the porous
structure of the etched and porous 18 wt% POSS-PCU films, their rate of
growth seemed slower in comparison to etched and porous 50 wt% HA/POSSPCU composite films (Fig. 8.5Y-¥).
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Figure 8.9 Total ALP activity (A) and the ALP activity/µg of DNA (B) of Hob cells on 18 wt% POSS-PCU and 50 wt% HA/POSSPCU based films from day 0 to day 21. Graphs A and B show significant increase of ALP activity on all of the samples between day
0 and 14, followed by down regulation of ALP between day 14 and 21 of the culture (P < 0.01 and P < 0.05, respectively). Porous 50
wt% HA/POSS-PCU had the highest ALP activity amongst all of the samples investigated throughout the culture. The measurements
are against day 1 TCP. Data are presented as mean ± SD.
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Figure 8.10A-F FESEM morphological assessment of growth of Hob cells on TCP and 18 wt% POSS-PCU samples.

380

Figure 8.10G-L FESEM morphological assessment of growth of Hob cells on 50 wt% HA/POSS-PCU and etched 18 wt% POSSPCU samples. Crystal/needle shape Ca and P deposition are indicated using blue arrows.
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Figure 8.10M-R FESEM morphological assessment of growth of Hob cells on etched 50 wt% HA/POSS-PCU and porous 18 wt%
POSS-PCU samples. Crystal/needle shape Ca and P deposition as well as early signs of bone nodule formation are indicated using
blue and red arrows, respectively.
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Figure 8.10S-X FESEM morphological assessment of growth of Hob cells on porous 50 wt% HA/POSS-PCU and etched and porous
18 wt% POSS-PCU samples. Crystal/needle shape Ca and P deposition as well as early signs of bone nodule formation are indicated
using blue and red arrows, respectively.
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Figure 8.10Y-¥ FESEM morphological assessment of growth of Hob cells on etched and porous 50 wt% HA/POSS-PCU samples.
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8.4 Discussion
In this study, the effect of surface topography on cell interaction of Hob cells
on 18 wt% POSS-PCU based films and 50 wt% HA/POSS-PCU based
composite films was investigated. As shown in this study and in the previous
chapter, solvent etching and porosity both affected the samples’ physicochemical properties (mechanical, wettability, surface roughness, surface
chemical composition and morphology) and consequently the behaviour of
Hob cells (attachment, proliferation, growth, mineralisation and morphology)
on these constructs.
The mechanical properties of 18 wt% POSS-PCU films fabricated by solvent
casting measured in this study are similar to that reported by Kidane et al. [243]
in Table 2.3. As previously mentioned in Chapter 2, reinforcement of HA into
a synthetic polymer matrix has shown to enhance osteogenic cellular activity
and also have a concentration-dependent effect on the mechanical properties
of the composite compared to the un-reinforced corresponding polymer matrix
[195]. However, while most of the HA reinforced synthetic polymer composites
reported in literature show increased elastic modulus compared to their unreinforced polymer matrices, it has been observed that by increasing the
concentration of HA greater than the threshold of the composite its ultimate
tensile strength would exhibit a decrease. This is because the increasing
content of HA reduces the interfacial bonding of the HA particles with the
polymer matrix and act as “flaws” which consequently reduce the mechanical
strength of the composite, especially in polymers with less compliant. The
threshold of HA content is different in various composites and depends on
many factors such as HA loading level, HA particle size, HA composition,
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polymer chemistry and also the method of reinforcement and fabrication. A
similar phenomenon was also observed in this study as it was shown that 50
wt% HA/POSS-PCU composite films (porous, non-porous, etched, and etched
and porous) were significantly weaker (in terms of ultimate tensile strength and
elongation at break) compared to 18 wt% POSS-PCU based films. This is
mostly due to the concentration of the incorporated HA particles within the
matrix of POSS-PCU polymer, whereby the significantly high filler (HA) content
loading, most likely by forming aggregates, has weakened the bonding
between the HA particles and the polymer matrix and act as a mechanically
unstable defect area that could comprise the integrity of the construct as a
whole [341, 448].
Furthermore, fillers, upon incorporation, are generally known to increase the
Young’s modulus of polymeric matrices. For example, incorporation of up to
50 vol.% HA powder has been shown to increase the elastic modulus of
HA/HDPE [196], HA/UHMWPE [197], and HA/PAEK [198] by eight fold
compared to un-reinforced HDPE, UHMWPE, and PAEK [187]. The effect of
filler (e.g. HA) loading on the Young’s modulus of a polymeric matrix can be
predicted according to the rule of mixture as previously discussed in Chapter
4. In this study, 50 wt% HA/POSS-PCU composite films (porous, non-porous,
etched and etched and porous) had a higher Young’s modulus compared to
18 wt% POSS-PCU based films, which can be ascribed to the stiffness of the
HA particles and their effect on the overall stiffness of the 50 wt% HA/POSSPCU based composite films. However, as calculated in Section 4.1.4 and
presented in Table 4.7, it can be concluded that 50 wt% HA incorporation has
not increased the mechanical properties of HA/POSS-PCU composite films to
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reach their theoretical mechanical properties as expected. This phenomenon
was also discussed in Chapter 6 in more detail. However, one of the aspects
of investigating topography (both etching and porosity) in this research thesis,
was to identify the effect of topographical features on HA and HA-free POSSPCU films mechanical properties. Upon examination, it was observed that
there was a significant decrease in the mechanical properties of etched,
porous and etched and porous constructs of both 18 wt% POSS-PCU and 50
wt% HA/POSS-PCU compared to their unetched respective samples. As
described in the previous chapter, surface etching and porosity also led to a
decrease of POSS related moieties on the surfaces of the samples. Previous
studies on the mechanical properties of 18 wt% POSS-PCU shows that
incorporation of POSS molecules into PCU significantly increases the Young’s
modulus of the constructs [243], therefore, the reduction of POSS moieties
caused by etching or introduction of porosity explains the decrease in the
Young’s modulus of the samples. The decrease in elongation at break and
maximum tensile strength could be due to a number of causes, which include:
method of DMAC removal (solvent casting versus solute exchange induced
phase separation fabrication technique), formation of a weaker gel-like
interface on the surface of the films by etching, creation of defect areas of low
mechanical stability by solvent etching, pore structure and solvent attack on
the surface of the films. Furthermore, other factors such as the differences in
films designs and lack of a strong HA/polymer bonding at their interfaces could
have significantly affected the overall mechanical stability of the films.
Furthermore, it was shown that even after 50 wt% HA incorporation and by
attempting to induce higher surface topography on the surface of 18 wt%
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POSS-PCU samples, they failed to reach their predicted mechanical
properties (in terms of Young’s modulus) based on the rule of mixture as
previously presented in Table 4.7. Overall, these findings suggest that there
was not a strong bonding between HA particles and POSS-PCU at their
interface and that the implication of surface etching and porosity have caused
areas of defect within the structure of the HA/POSS-PCU composites and
consequently negatively affected their mechanical properties.
In the previous chapter, it was shown that HA particles are exposed on the
surface of 50 wt% HA/POSS-PCU composite films. 18 wt% POSS-PCU based
films are hydrophobic in nature due to the self-assembly of POSS molecules
on their surfaces, however, both in Chapter 6 of this report and in the literature
[173, 206], incorporation of HA particles (through chemical bonding) has been
shown to make the surface of polymeric constructs more hydrophilic. In
contrast, the reduction of the presence of the non-polar and low surface energy
POSS moiety, caused by surface etching and porosity explains why these
surfaces were more hydrophobic compared to both 18 wt% POSS-PCU and
50 wt% HA/POSS-PCU surfaces, despite the incorporation of HA particles.
Furthermore, it was shown in the previous chapter, that etching and porosity
decreased HA related peaks on the surface of the 50 wt% HA/POSS-PCU
composite films, which could suggest a degree of HA particle loss during the
fabrication process of etched or porous 50 wt% HA/POSS-PCU samples.
Therefore, reducing the hydrophilic effect of incorporation of HA on the overall
hydrophilicity of the polymer matrix as the final concentration of HA available
on the surface of the polymer is reduced. In addition, it was shown in the
previous chapter that surface topography increases surface roughness, which
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in return could affect wettability (towards hydrophobicity) [303]. The fact that
etched surfaces of both 18 wt% POSS-PCU films and 50 wt% HA/POSS-PCU
composite films showed surface topography of beyond the Z value of AFM
(Chapter 7) suggest that their scale of topography was micro-size as opposed
to the nano-size topography of the unetched 18 wt% POSS-PCU films and
unetched 50 wt% HA/POSS-PCU composite films. Therefore, the significant
increase in their surface roughness explains the observation made in this study
whereby etching and porosity increased the hydrophobicity of 50 wt%
HA/POSS-PCU composite films significantly.
As mentioned in the previous chapter, angiogenesis and cell ingrowth into the
structure of the implant is important, with various studies confirming better
bone mineralisation of osteogenic cells within porous implants compared to
non-porous ones [238, 449-451]. This is mainly due to the fact that porosity
increases surface area and surface roughness; two factors that consequently
contribute to protein adsorption, protein conformation and consequently cell
behaviour on an implant [304, 452]. Furthermore, porosity alters surface
topography (increases surface roughness) and consequently contributes to
enhanced cellular proliferation as well as cell phenotype and gene expression,
with implants with greater than 80% porosity and with a pore interconnection
size of 150-250 µm exhibiting better ingrowth of osteogenic cells and
nutrition/waste exchange through the interconnected pores of the implant [453,
454].
The effect of porosity on the physical properties of polymeric implants (e.g. a
3D structure for cell ingrowth, increased surface area and surface roughness)
together with the osteogenic effect of incorporation of HA particles into the
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matrix of POSS-PCU explains why the porous 50 wt% HA/POSS-PCU
composite films exhibited the highest cellular attachment, metabolic activity
and differentiation of Hob cells and consequently ALP activity compared to
other films investigated in this study. Furthermore, although surface solvent
etching and HA incorporation together created topographical features on the
surface of the 50 wt% HA/POSS-PCU composite films, Hob cells did not grow
and differentiate on these composite films as well as they did on porous 50
wt% HA/POSS-PCU samples. This could have been due to the formation of a
gel-like interface on the surface of the etched samples (as discussed in the
previous chapter), which could have encapsulated unevaporated DMAC that
are toxic to cells. Furthermore, etched polymer constructs are considered as
2D construct and do not offer cell-ingrowth and interconnectivity as porous
scaffolds. In addition, the potential loss of HA particles on the surface of 50
wt% HA/POSS-PCU composite films due to the effect of etching can, to a great
deal, explain as to why Hob cellular activity was not as high as expected on
these surfaces. Lastly, the combination of etching and porosity did not
enhance Hob cellular activity despite 50 wt% HA incorporation (in the case of
etched and porous 50 wt% HA/POSS-PCU composite films) and the possibility
of cells to grow and differentiate within the porous structure of the samples.
This finding could have resulted by a potential destruction (collapse) in the
porous structure of the films caused by etching or formation of a gel-like
interface at the opening of some of the pores caused by POSS-PCU
dissolution by DMAC solvent, which means that although Hob cells were able
to grow inside the pores, their interconnectivity was compromised compared
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to porous (unetched) 50 wt% HA/POSS-PCU composite films, as observed by
FESEM imaging.
Deposition of crystal/needle shape Ca and P coatings were observed on cells
grown on all the 50 wt% HA/POSS-PCU based composite films, and not on 18
wt% POSS-PCU based films, which in addition to the SBF findings of the
previous chapter suggest that 50 wt% incorporation of HA increases the
bioactivity of POSS-PCU polymer in vitro. In addition, the effect of HA
incorporation at 50 wt% together with porosity induced physico-chemical
changes in the surface and bulk properties of the porous 50 wt% POSS-PCU
composite films (as discussed above), which can explain the changes and
enhancements in terms of cellular morphology, growth and calcification of Hob
cells (crystal/needle shape Ca/P deposition as part of the cellular process were
observed on the Hob cells by FESEM, and not due to spontaneous
crystallisation as Ca/P deposition was observed on cells and not on the
polymer surface) on these composite films.

8.5 Conclusion
In

conclusion,

the

success

of

any

biomaterial

implant

for

bone

repair/regeneration is determined by its ability to promote favourable biological
reaction in vivo, which is in return determined by the implant’s physiological
properties. In this study, porous 50 wt% HA/POSS-PCU films showed the
ability to increase material-cell interaction towards bone mineralisation by Ca
and P deposition on cells. This means that the introduction of topographical
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features and the design of the porous structure of 50 wt% HA/POSS-PCU
composite films led to greater proliferation, ALP expression and mineralisation
of Hob cells, therefore, indicating its favourable potential use as a bone graft
substitute or a GBR membrane compared to other constructs studied in this
report. However, it is crucially important to investigate the porous structure of
50 wt% HA/POSS-PCU composite films, in terms of their actual porosity (%),
morphology, pore interconnection size and interconnectivity level, should the
in vitro and in vivo investigation on these composite films to be taken further in
the future. The potential future applications and benefits of these porous 50
wt% HA/POSS-PCU composite films are discussed in detail in the next
chapter.
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Chapter 9:
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Chapter 9: Summary, Future Work and
Limitations

In the past decade synthetic biomaterials as bone graft substitutes and GBR
membranes have been considered as an alternative strategy to contemporary
treatment options in the field of bone grafting and bone augmentation. Bone
grafting is a surgical procedure to repair a critical size bone defect in contour
and/or volume by a natural or synthesis replacement that would encourage
new bone formation mainly on

the principles of

osteoconduction,

osteoinduction, osteogenesis, osteostimulation and bioactivity. GBR, on the
other hand, is a widely used approach towards promotion of new bone
formation and augmentation based on using a barrier membrane to create a
secluded cavity over a site of defect to encourage ingrowth of osteogenic cells
and prevention of soft tissue overlaying the defect cavity by undesired cells
such as epithelial cells and gingival connective tissue [63]. In both concepts,
biomaterials are used to encourage new bone formation by closely resembling
the natural ECM properties such as by providing a 3D environment for
osteogenic cell ingrowth and mechanical support during bone regeneration
[312]. Synthetic polymeric biomaterials (such as PLA, PLGA, and PUs) are a
class of biomaterials used in bone formation and bone augmentation that offer
unique physical, mechanical and chemical properties compared to other types
of bone graft substitutes as previously discussed in Chapter 2. For example,
one of the main advantages of using synthetic polymer-based bone graft
substitutes in orthopaedic or dental applications is their mechanical stability
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and that their degradation rates can be engineered to match the rate of new
bone formation [115-118]. In addition, they can be easily modified and also
mass-produced. However, on their own, they generally lack the necessary
mechanical properties to support the process of bone repair and new bone
formation. Synthetic ceramic biomaterials are another class of bone graft
substitutes that have mineral structures similar to the mineral content of human
bone, which based on their composition can be classified as calcium
phosphates (HA and TCP), bioactive glasses and calcium sulfate. Most of
these synthetic ceramic bone graft substitutes are porous and have
osteoconductive properties the degree of which depends on a number of
factors such as their pore size, porosity, interconnectivity and degradation
profile [77]. However, as previously discussed, their mechanical brittleness
and low tensile resistance has raised concerns for their application in loadbearing orthopaedic or dental applications [78]. In order to overcome the poor
fracture toughness of synthetic ceramic based biomaterials and the lack of
osteoconductivity/osteoinductivity of polymeric matrices, as well as to closely
resemble the nature and composition of natural bone, composite biomaterials
have been developed as bone graft substitutes or GBR membranes for the
purpose of orthopaedic and dental applications.
In an ideal situation, a bone graft substitute should both replace the missing
bone and also encourage new bone ingrowth into the grafted defect site. This
would create a platform for the existing bone and the substituted graft material
to bond and allow for new bone to grow on and into the porous structure of the
platform to replace the bone graft substitute material at a desirable and
matching rate based on the natural process of bone remodelling (Section 1.5).
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For these steps to occur, the bone graft substitute should be bioactive and
from the cellular perspective it should encourage the attachment and
differentiation of osteogenic cells on its surface [133, 134]. When enhancing
the bioactivity of a synthetic ceramic/polymer composite bone graft substitute
through manipulation of the ceramic content or porosity, the overall mechanical
stability of the implant should be considered. In synthetic ceramic/polymer
composite bone graft substitutes, like any other composite material, there is a
direct correlation between ceramic filler content weight and the mechanical
properties of the composite as an increase in filler content weight increases
stress concentration and decreases the ultimate tensile and compressive
strength of the composite [154].
A thorough search of the literature shows that the reinforcement of HA into a
synthetic polymeric matrix enhances osteogenic cellular activity and also have
a concentration-dependent effect on the mechanical properties of the
However, while most of the HA reinforced synthetic polymer composites
reported in the literature show increased elastic modulus compared to their unreinforced polymer matrices, it has been observed that by increasing the vol.%
content of HA greater than the threshold of the composite its ultimate tensile
strength would exhibit a decrease. This is because the increasing content of
HA reduces the interfacial bonding of the HA particles with the polymer matrix
and act as “flaws” which consequently reduce the mechanical strength of the
composite, especially in polymers with less compliant. The threshold of HA
content is different in various composites and depends on many factors such
as HA loading level, HA particle size, HA composition, polymer chemistry and
also the method of reinforcement and fabrication.
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POSS-PCU is a novel co-polymer developed by covalently bonding the hard
segments of POSS to the soft segments of poly carbonate (urea) urethane
(PCU) (Fig. 2.1). The soft segment of POSS provides elastomeric properties,
while the hard segment acts as an enhancer of the mechanical properties of
the material [228]. Furthermore, it has been shown that POSS acts as a
protector of the softer segment of the polymer (PCU) and prevents its
degradation [240]. POSS-PCU has distinctive physico-chemical properties
including; enhanced strength, high surface area to mass ratio, durability,
biocompatibility, haemocompatibility, and anti-thrombogenicity and a greater
degree of surface topography compared to other polymers such as PCU [240,
241, 243]. Moreover, studies on POSS-PCU have revealed that this copolymer is non-toxic and has better thromboresistance than most other
polymers such as PTFE [228, 240]. It has also been found that POSS-PCU is
not degraded by plasma proteins and that the incorporation of POSS and PCU
causes a morphological change in PCU, making its surface rough and even,
hence more desirable for cell contact [243].
The novelty of POSS-PCU, in terms of its physico-chemical properties, has
gained this co-polymer great attention and has led to a number of
investigations in terms of the potential clinical applications of this material
including, but not limited to, synthetic heart valve production, bypass grafts,
POSS-PCU coated stents and biomaterial scaffolds. Furthermore, this copolymer has been studied in vitro, in vivo and in human for the development of
the first synthetic trachea (windpipe) and lacrimal duct, all of which showed no
significant indications of inflammation even a few years after implantation [243,
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244, 455]. A critical analysis of these applications has been provided in
Chapter 2.

The aim of my research thesis was to investigate the novel POSS-PCU copolymer as a bone graft substitute or GBR membrane for the purpose of bone
grafting and bone augmentation applications. In order to optimise POSS-PCU,
the co-polymer was incorporated with various concentrations of HA particles
of osteoconductive nature to develop HA/POSS-PCU composite films.
Through various stages and techniques, HA incorporated POSS-PCU
composite films were tested to determine their physico-chemical properties
and material-cell interaction profiles. Various filler (HA) incorporation and film
fabrication techniques as well as in vitro models were used to find the most
suitable HA/POSS-PCU based composite film that has closer characteristics
to cortical or trabecular bone for bone grafting and bone augmentation
applications. These studies led to various findings with the most significant
ones listed below:

1) HA incorporation into the matrix of POSS-PCU has the ability to improve
the physico-chemical properties of POSS-PCU (e.g. Young’s modulus,
wettability and surface roughness) to better resemble the criterion required
as an ideal bone grafting or GBR membrane biomaterial compared to
unmodified POSS-PCU. However, this effect was found to be
concentration-dependent, with 50 wt% HA/POSS-PCU composite films
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exhibiting the most favourable characteristics compared to composite films
with lower concentrations of HA particles.
2) The improved physico-chemical properties of the 50 wt% HA/POSS-PCU
composite films together with the osteoconductive nature of the HA
particles within the polymer matrix significantly improved the material-cell
interaction behaviour of these composites compared to 18 wt% POSS-PCU
films and 10 and 30 wt% HA/POSS-PCU composite films.
3) The stiffness (Young’s modulus) of HA incorporated POSS-PCU composite
films, even at 50 wt% HA concentration, where significantly lower than the
theoretically predicted levels as calculated based on the rule of mixture.
Furthermore, increasing the HA concentration within the matrix of POSSPCU significantly decreased the mechanical properties (ultimate tensile
strength and elongation at break) of these composite films. These findings
suggest a lack of strong bonding between HA particles and POSS-PCU at
the interface, which is necessary for the durability and load-bearing
functions of an implantable biomaterial for bone grafting and augmentation.
4) HA particles incorporated into POSS-PCU were shown to be exposed on
the surface of the composite films at 50 wt% HA concentration and not
encapsulated by POSS-PCU molecules. HA exposure was concentrationdependent as at lower HA content level (5 wt%) the exposure of HA
particles on the surface of POSS-PCU was not confirmed by ATR-FTIR. In
addition, incorporation of 50 wt% HA into 18 wt% POSS-PCU significantly
increased the physico-chemical properties and SBF bioactivity of
HA/POSS-PCU based composite films compared to 18 wt% POSS-PCU
based films. SEM and FESEM imaging also confirmed the presence of
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crystal/needle shape Ca/P deposition on osteogenic cells as part of the
SaOS-2 and Hobs cellular processes and not on 18 wt% POSS-PCU based
films.
5) Surface solvent etching and porosity enabled the design and fabrication of
composite films of 50 wt% HA/POSS-PCU with modified surface
topographical properties that changed the physico-chemical and materialcell behaviour of both 18 wt% POSS-PCU films and 50 wt% HA/POSSPCU composite films. Etching, in particular, increased, hydrophobicity,
weakened the mechanical properties of the composite films and reduced
the material-cell interaction ability of the samples compared to unetched
composites.
6) Porous 50 wt% HA/POSS-PCU composite films exhibited the highest
cellular (osteogenic) activity, compared to other samples investigated in
this research thesis. The combination of porosity and incorporation of HA
particles at 50 wt% into 18 wt% POSS-PCU led to improved surface and
bulk properties of the novel POSS-PCU co-polymer towards increased cell
adhesion, proliferation, differentiation and calcification of Hob cells.

These findings have highlighted the crucial roles of physico-chemical
properties (including mechanical properties, surface wettability, surface
topography and porosity) for developing a 3D structure HA incorporated
POSS-PCU composite film as a biomaterial for bone grafting and bone
augmentation. As shown throughout this research thesis, by controlling these
physico-chemical properties, one can design and control material-cell
behaviour of osteogenic cells (such as cellular adhesion, growth and
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differentiation) on HA/POSS-PCU composite films, which could ultimately
determine the success or failure of the biomaterial upon in vivo implantation.
Furthermore, using this knowledge together with cutting edge imaging and
computational modelling systems one can investigate and design synthetic
biomaterial composites that better resemble the surface and bulk
characteristics required for new bone formation via bone grafting and
augmentation techniques [456, 457].
As mentioned, mechanical properties are very important in the field of
biomaterials, especially in the case of critical size bone defects. The
mechanical properties of POSS-PCU films and HA/POSS-PCU composite
films were investigated in detail in this research thesis and were shown to be
significantly lower than load-bearing cortical bone and also significantly lower
than the predicated properties of POSS-PCU films and 50 wt% HA/POSS-PCU
composite films as theoretically calculated based on the rule of mixture
(Chapter 4), which suggest that HA particles were not chemically bonded to
POSS-PCU molecules at their interface. Furthermore, compared to other
synthetic polymers currently used in this field, POSS-PCU does not offer any
advantage in terms of mechanical support, a major drawback despite its
augmented mechanical properties in other avenues such as coating for stents
and heart valves, as discussed in Chapter 2 [240, 241, 243]. PEEK, one of the
major synthetic polymers currently investigated and used in orthopaedic bone
grafting, has been shown to exhibit an impressive Young’s modulus of 3.1
GPa, which could be further improved upon its reinforcement with fillers such
as HA and carbon nanotubes [458]. Moreover, PEEK has an ultimate tensile
strength, compressive strength and compressive modulus of 110 MPa, 138
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MPa, and 3.45 GPa, respectively [459, 460]. The mechanical properties of
PEEK are similar to those of cortical bone (Table 1.1) and therefore, have
reduced risks of mechanical mismatch as observed in the case of metal
implants [461]. In contrast, 18 wt% POSS-PCU average Young’s modulus and
average ultimate tensile strength were measured at 23.76 ± 3.36 MPa (0.023
± 0.003 GPa) and 35.94 ± 4.74 MPa, respectively. Upon reinforcement with 50
wt% HA particles, the average Young’s modulus and average ultimate tensile
strength of 50 wt% HA/POSS-PCU were measured at 77.28 ± 21.67 MPa
(0.077 ± 0.02 GPa) and 24.75 ± 1.30 (MPa), respectively. Furthermore, porous
50 wt% HA/POSS-PCU average Young’s modulus and average ultimate
tensile strength were measured at 44.78 ± 3.96 MPa (0.044 ± 0.003 GPa) and
16.53 ± 1.68 MPa, respectively. As observed these measurements are
significantly lower than those of PEEK and cortical bone, meaning that using
50 wt% HA/POSS-PCU or porous 50 wt% HA/POSS-PCU composite films,
due to lack of chemical bonding between HA and POSS-PCU at their interface,
would fail to transfer load during the process of bone repair and formation and
lead to an early failure of the implants. On the other hand, the mechanical
properties of these composite films were closer to that of trabecular bone
(Table 1.1), suggesting a potential use in applications in which load-bearing is
not a critical requirement of the implant.
GBR is a good example of a potential non-load bearing bone augmentation
application in which HA/POSS-PCU composite films might have a potential
use. As mentioned in Chapter 2, the principal of GBR is to achieve bone
augmentation by using a barrier membrane to create a secluded environment
for osteogenic cells to proliferate and differentiate [97]. As previously
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mentioned in Chapter 2, non-degradable polymers, mainly e-PTFE, due to the
stability and bioinertness of the polymer, have been the most popular GBR
barrier membranes [462, 463]. e-PTFE membranes, due to their excellent
biocompatibility and non-degradable nature, have been considered as the
“gold standard” materials for GBR [102]. However, e-PTFE has a high Young’s
modulus (approximately 4 GPa) [105], rendering it a stiff material for this
application. The stiffness of e-PTFE could lead to significant mechanical
mismatch, soft tissue dehisce (rupture along a medical incision), and
consequently the exposure of defect cavity to infection [102, 106].
Based on the findings of this research thesis, HA/POSS-PCU composite films
could potentially be a good candidate biomaterial for membranes in GBR for
the following reasons; 1) POSS-PCU is non-degradable, which is a preferred
characteristic for this application; 2) the mechanical properties of 50 wt%
HA/POSS-PCU and porous 50 wt% HA/POSS-PCU composite films are closer
to that of trabecular bone (hence avoiding mechanical mismatch); 3) HA
incorporation into POSS-PCU can effectively replace the use of bone graft
substitutes (to enhance bone growth) as HA particles within the matrix of
POSS-PCU would essentially act as osteogenic factors for promoting bone
growth and augmentation (this means that one of the procedure’s steps can
be avoided and so the cost and length of the procedure can be significantly
reduced); 4) the porous structure of 50 wt% HA/POSS-PCU composite films
at desired porosity, pore interconnection size and interconnectivity level, could
promote ingrowth of osteogenic cells and improve material-cell interactions
towards new bone formation. Based on these reasons, the following design is
proposed for future development and investigation (Fig. 9.1).
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Figure 9.1 A potential design for a HA/POSS-PCU based membrane for
the purpose of bone augmentation using GBR concept. The membrane
consist of a non-porous, hydrophobic outer-face (18 wt% POSS-PCU) and a
porous, more hydrophilic inner-face (porous 50 wt% HA/POSS-PCU).
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The proposed design consists of an outer-face made of 18 wt% POSS-PCU
film fabricate using solvent casting technique. The non-porous and
hydrophobic nature of this layer provides a barrier to water molecules, cells,
bacteria and particles sealing the defect completely. The membrane would
allow gas molecules to diffuse through the picometer size openings (left behind
through the process of DMAC evaporation) of the film. The other layer of this
design consist of a porous 50 wt% HA/POSS-PCU composite film, which faces
towards the defect cavity. The porous and hydrophilic nature of this layer
(compared to 18 wt% POSS-PCU) would promote osteogenic cell adhesion,
proliferation, differentiation and ingrowth leading to enhanced bone formation.
The exposed HA particles within the matrix of this porous 50 wt% HA/POSSPCU composite film would act as osteogenic factor further promoting bone
mineralisation. By using this design, the need to use bone graft substitutes
(mainly calcium phosphate granules) is eliminated, which in turn can simplify
and shorten the length of the procedure as well as reducing its cost. The
fabrication technique for this two layer membrane should consist of three
stages; 1) fabricating the porous 50 wt% HA/POSS-PCU composite film by
solute exchange induced phase-separation/porogen leaching techniques; 2)
fabricating a significantly thin and pre-calculated layer of 18 wt% POSS-PCU
polymer as a new layer on top of the porous composite film using solvent
casting technique in an air-circulating 65 °C oven to evaporate DMAC from the
new layer and binding the porous and non-porous layers together.
While the proposed application and design of a novel POSS-PCU based
membrane for GBR offers an exciting direction for the future of this research
thesis, there are other research areas that could also be further investigated
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and improved to optimise this design in the future. In general, due to
restrictions of time, budget and access to facilities, the sample size of many of
the test were kept at minimum. In the future, a bigger sample size could
increase the precision and reproducibility of the results. Mechanical properties
analysis was carried out on samples prior to cell seeding. An investigation on
the mechanical properties of the samples after cell seeding and implantation
could provide better understanding of their characteristics. Furthermore, the
non-thermoplastic nature of POSS-PCU imposed a restriction on HA
incorporation and sample fabrication techniques used in this research thesis.
Currently our department is working on a new formulation of POSS-PCU with
thermoplastic nature and it would be interesting to investigate the new
formulation for bone grafting and augmentation applications and compare its
physico-chemical

characteristic

and

material-cell

behaviour

to

non-

thermoplastic POSS-PCU and HA incorporated POSS-PCU. However, the
production of a thermoplastic version of POSS-PCU is still at its early stages.
In the future, XRD, in conjunction with ATR-FTIR and SEM, should be used to
confirm the bioactivity and apatite formation ability of samples in SBF. In
addition, a more in-depth investigation of porosity (%), pore interconnection
size, interconnectivity level and morphology of porous 18 wt% POSS-PCU
films and porous 50 wt% HA/POSS-PCU composite films for example by using
a porosimeter is required. Furthermore, in depth analysis of porous 18 wt%
POSS-PCU films and porous 50 wt% POSS-PCU composite films should be
carried out by preparing polished sections of the test samples embedded in
epoxy resin and imaged using SEM to characterise the porous structure of
these samples.
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The results of this research thesis suggest that HA incorporated POSS-PCU
based composite films enhance the adhesion, metabolic activity, and
differentiation of osteogenic cells compared to HA free POSS-PCU films. Due
to the lack of time, the investigation on the material-cell interactions of POSSPCU films and HA incorporated POSS-PCU composite films with osteogenic
cells was limited in this research thesis. This can be fully investigated in the
future by analysing the ability of HA/POSS-PCU composite films to induce
differentiation of MSCs towards osteoblast both with and without osteogenic
media. Furthermore, osteoblasts attachment on the surface of these
composite films in comparison to HA free POSS-PCU films should be
investigated by analysing vinculin adhesion plaques expression. Moreover, an
in-depth analysis of the changes of osteogenic cell signalling pathways (e.g.
Arginine-Glycine-Aspartic acid (RGD) signalling pathway) and measuring
transcription factors such as activating transcription factor 4 (ATF4), RUNX2,
and Osterix on these composite films is necessary to understand their
mechanism and differences in the presence and absence of HA. The gene
expression of osteogenic cells on the surface of POSS-PCU and HA/POSSPCU based composite films should also be looked into by conduction gene
chip analysis in combination with real-time polymerase chain reaction (realtime PCR). Other avenues to further optimise this design would be through
bio-functionalisation of the HA/POSS-PCU composite films as well as
considering the use of growth factors to further encourage cellular activity and
bone formation in vitro. Lastly, the next step towards fully developing this
design would be to conduct a robust in vivo study to examine the behaviour
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and performance of these membranes in terms of their biodegradability,
biocompatibility, and material-cell activity as well as bone formation abilities.
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Appendix
Appendix I

Product Specification
Product Name:

Product Number:
CAS Number:
MDL:
Formula:
Formula Weight:

677418
12167-74-7
MFCD00010904
HCa5O13P3
502.31 g/mol

TEST

Specification

_________________________________________
_______________________________
Appearance (Color)

Conforms to Requirements

White to Faint Blue
Appearance (Form)
X-Ray Diffraction
Assay

Powder
Conforms to Structure
> 97.0_

Purity by XRF Analysis, wt%
Size

<_ 200 nm

Particle Size
Size

> 9.4_

Specific Surface Area: m2/g
Product of Supplier
nGimat, LLC

Confirmed

Specification: PRD.1.ZQ5.10000017256
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