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Abstract
Currently used composites for tooth and bone repair share a similar composition. A
major issue with dental composites is polymerisation shrinkage leading to bond damage
and increased risk of bacterial microleakage.

Concerns with bone composites for

vertebral fracture repair (vertebroplasty) include low monomer conversion, high stiffness,
and lack of antibacterial agent release. The aim of this study was to develop novel dental
composites and injectable bone composites to overcome these limitations. The effects
of components on various properties of the materials were also examined.

The main components of experimental composites consisted of dimethacrylate
monomers mixed with dental glass, mono calcium phosphate monohydrate (MCPM),
tristrontium phosphate (TSrP), and polylysine (PLS).

The experimental dental

composites exhibited higher monomer conversion than a commercial material. The
addition of MCPM with TSrP and PLS promoted hygroscopic expansion, apatite
precipitation, and early polylysine release. These properties are expected to reduce
bacterial microleakage. The incorporation of these additives reduced the monomer
conversion and strength of the composites but these were still within an acceptable
range.

To produce bone composites, the dental composites were modified by replacing a light
activated initiator with a chemically activated initiator and decreasing powder to liquid
ratio. The pre-cured bone composites exhibited viscoelastic properties and shearthinning behaviour which are desirable for injectable materials.

The use of high

molecular weight diluent monomer (polypropylene glycol dimethacrylate, PPGDMA)
increased monomer conversion and shelf life of the bone composites. The addition of
MCPM and PPGDMA increased strontium release, which is known to promote in vivo
bone formation. The use of small glass fillers and fibres improved mechanical properties
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of the composites.

Furthermore, the composites showed fatigue properties that

compared favourably with commercially available materials.

Modulus of elasticity of the experimental bone composites was, however, too high
compared with that of cancellous bone. This could potentially lead to increased adjacent
vertebral fracture risk. An attempt was made to decrease the modulus by raising the
level of PPGDMA, phosphates, and polylysine.

Increasing of PPGDMA improved

monomer conversion and reduced the injection force required for the composites.
Furthermore, the increase of PPGDMA and phosphates enhanced surface apatite
precipitation which is known to enable in vivo bone bonding. The increase of these
components also increased polylysine release. This may reduce postoperative infection,
which is a life-threatening complication of vertebroplasty.

Increasing PPGDMA and

phosphates, however, reduced metabolic activity of mesenchymal stem cells limiting
optimal levels.
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Chapter 1 Literature review

Chaper 1
1.1
1.1.1

Literature Review

Human tooth and Bone
Tooth: Enamel

The upper part of the human tooth (crown) is composed of enamel and dentine-pulp
complex (Fig 1-1 a). Enamel is the outer most layer and is the most highly mineralised
tissue in the body. It contains more than 90 % inorganic material in the form of biological
apatite, Ca10(PO4)6(OH)2, (Abou Neel et al., 2016).

This feature allows enamel to

withstand masticatory forces and acids from diet or bacteria. Apatites in enamel are
hexagonal in shape with a cross section of ~ 30 nm in thickness and ~ 55 - 90 nm in
width (Ang et al., 2010). The apatites are highly packed into units called enamel prisms
or rods in a keyhole-shaped structure with a diameter of 5 µm when viewed in crosssection (Fig 1-1 b).

Fig 1-1 Structure of enamel. a) The keyhole-shaped structure consisting of enamel rods. b) The
enamel rod contains highly packed of apatites (crystallites). Reprinted from Biomaterials, vol 31(7),
Ang S. F., Bortel E. L., Swain M. V., Klocke A. & Schneider G. A. Size-dependent elastic/inelastic behavior
of enamel over millimeter and nanometer length scales, page 1956, Copyright (2010), with permission from
Elsevier.
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Biological apatites of enamel contain a variety of substitutions and vacancies. Hence,
its calcium to phosphorous ratio is usually lower than that of stoichiometric
hydroxyapatite (1.67) (Abou Neel et al., 2016). The apatites in enamel, however, contain
fewer ionic substitutions than that of dentine and bone. Additionally, crystals or apatites
in the tooth regularly go through natural periods of mineral loss (demineralisation) and
mineral gain (demineralisation)(Gonzalez-Cabezas, 2010).

1.1.2

Tooth: Dentine-pulp complex

The brittleness of tooth is due to high enamel stiffness (modulus of elasticity of ~ 100
GPa). This can be mitigated, however, by supporting the enamel with more resilient
tissue such as dentine (modulus of elasticity of ~ 10 to 20 GPa) (Zhang et al., 2014).
Dentine encloses the dental pulp (Fig 1-1 a), which is a neurovascular connective tissue
that contains living cells including osteoblasts, fibroblasts, and undifferentiated
mesenchymal stem cells.

Dentine is the largest portion of tooth structure. Mature dentine consists of approximately
70 % inorganic material, 20 % of organic content, and 10% of water. Inorganic dentine
mainly consists of type I collagen and substituted hydroxyapatite in the form of small
plates (50 nm in length, 20 nm in width, and 2-5 nm in thickness) (Abou Neel et al., 2016).

Microscopic structure of dentine reveals tubules surrounded by more mineralised
peritubular dentine (white ring) and less mineralised intertubular dentine (grey area) (Fig
1-2 a) (Forien et al., 2015).

Dentinal tubules contain processes extended from

osteoblasts in dental pulp (odontoblastic processes).

Peritubular and intertubular

dentine comprise of mineralised collagen matrix (Fig 1-2 b,c). The collagen fibres act as
a scaffold that accommodates deposition of biological apatites (Fig 1-2 d).
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Fig 1-2 Structure of dentine. a) Dentinal tubules surrounded by peritubular (white rings) and
intertubular dentine (light grey). b) Schematic representation of the dentinal tubule (light green)
lining by mineralised collagen fibres (dark green). c) These fibres are made of mineral-containing
nanofibrils. d) Each nanofibril deposited by biological apatites which are plate-like structure.
Reprinted from Journal of the Mechanical Behavior of Biomedical Materials, vol 50, Forien J.-B., Fleck C.,
Krywka C., Zolotoyabko E. & Zaslansky P. In situ compressibility of carbonated hydroxyapatite in tooth
dentine measured under hydrostatic pressure by high energy X-ray diffraction, page 172, Copyright (2015),
with permission from Elsevier.

1.1.3

Bone

Bone is a mineralised connective tissue containing 67 % of inorganic content (mainly
substituted hydroxyapatite), 28 % of type I collagen, and 5 % of noncollagenous protein.
Bone can be divided macroscopically into two types; 1) cortical/compact bone (10 % of
pores) and 2) cancellous/trabecular bone (50-90 % of pores). The primary anatomical
unit of bone is osteon (Fig 1-3). The bone can be woven or lamella in structure depending
on the collagen fibrils arrangement. Bone apatites may be formed within individual type
I collagen fibrils, along the fibril surface, or between packed collagen fibrils. The apatites
are plate-shaped with approximately 50 nm long, 25 nm wide, and 3 nm thick (Wang et
al., 2016)
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Fig 1-3 Structure of Bone. Cortical bone and cancellous (trabeculae) bone consist of osteon.
Nanostructure of bone contains collagen fibrils that are filled or surrounded by biological apatite.
Reprinted from Biomaterials, vol 83, Wang X., Xu S., Zhou S., Xu W., Leary M., Choong P., Qian M., Brandt
M. & Xie Y. M. Topological design and additive manufacturing of porous metals for bone scaffolds and
orthopaedic implants: A review, page 129, Copyright (2016), with permission from Elsevier.

Bone can respond to mechanical loads by adapting its mass, architecture, and
mechanical properties.

The reconstruction of bone occurs through a remodeling

process. This remodeling process comprises of coordinated and sequential actions of
bone-resorbing osteoclasts and bone-forming osteoblasts to repair micro damage and
to enable adaptation of bone structure suitable for mechanical or metabolic needs
(Eastell et al., 2016).

It can be seen that human dentine and bone are natural composite materials comprising
primarily of inorganic biological apatites. Diseases associated with teeth and bone often
involve loss of inorganic minerals or the alteration of their microstructure. Examples
include dental caries and osteoporosis.
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1.2

Dental Caries

1.2.1

Epidemiology

Dental caries is a common health challenge worldwide. According to the World Health
Organisation (WHO), dental caries affects 2.4 billion adults and 621 million children
globally (Kassebaum et al., 2015). Untreated caries lesions may lead to severe tooth
pain, pulpal infection, or tooth loss. In 2010, Global Burden of Disease (GBD) figures
put untreated caries as one of the most prevalent worldwide diseases which requires a
large budget for management (Marcenes et al., 2013; Listl et al., 2015). In the same
year, the global economic impact arising from productivity loss due to dental caries was
estimated at US$ 27 million. In the UK, the National Health Service (NHS) spends ~
£3.4 billion per year for treating dental diseases in adults and children (Claxton et al.,
2016). Dental phobia can also lead to children needing hospital-based extraction, which
additionally costs ~ £30 million per year from the NHS (de Souza et al., 2017).

1.2.2

Aetiology of dental caries

Dental hard tissues consist of enamel, dentine-pulp complex, and cementum. Enamel
contains the highest inorganic content (~90 wt%), followed by dentine (~70 wt%), and
cementum (45 wt%) (Abou Neel et al., 2016). Dental caries is characterised by the
localised, chemical dissolution of tooth structures via metabolic activity in dental biofilms.
These biofilms metabolise sugar from carbohydrate and produce acids that can
demineralise dental hard tissues (Fontana et al., 2010). The aetiology of dental caries
is multifactorial.

The ecological plaque hypothesis suggests that dental caries is

developed due to the imbalance between the loss or gain of tooth minerals and the
formation of dental biofilms (Takahashi and Nyvad, 2016). Additionally, the formation of
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dental caries is influenced by various factors on an individual or population level. For
example, education and socioeconomic status may determine the quality of oral hygiene
and type of diets that will affect the progression of the disease (Costa et al., 2012; dos
Santos Junior et al., 2014).

The acids produced by bacterial biofilms decrease the pH of the tooth environment and
create unsaturated conditions with respect to tooth minerals in the surroundings.
Minerals from the teeth dissolve (demineralisation) when the pH is below 5.5 and 6.5 for
enamel and dentine respectively (Cury et al., 2016) (Fig 1-4 a). These acids, however,
can be naturally buffered by ions from multiple sources such as saliva, dental biofilms,
calculus, calcium-fluoride formation, or the tooth surface itself (Gonzalez-Cabezas,
2010). Increase of pH and ion concentration provides the supersaturated conditions
suitable for mineral precipitation (remineralisation) (Fig 1-4 b). The demineralisation and
remineralisation are therefore in equilibrium under physiological conditions (Tanaka et
al., 2017).
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Fig 1-4 a) Acids produced via sugar metabolism of bacteria from the biofilm causes the reduction of
pH and the dissolution of tooth minerals, b) ions from various sources such as saliva or biofilm
buffer the acid and increase the pH. This then promotes mineral precipitation. Reprinted from Dental
materials, vol 32, Curry J. A. et al. Are fluoride releasing dental materials clinically effective on caries control,
page 325, Copyright (2016), with permission from Elsevier.

The mineral equilibrium can be tipped toward demineralisation by either an increase of
fermentable carbohydrates intake or decrease in salivary flow. This leads to an increase
of highly cariogenic bacteria (Streptococcus mutans, lactobacilli, Actinomyces,
Bifidobacteria, and aciduric non-mutan streptococci) and enhances their acid-tolerating
and acid-producing phenotypes (Marsh, 2010; Takahashi and Nyvad, 2011). Prolonged
acidity continues the tooth demineralisation process and subsequently progresses the
disease to a carious lesion.
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The initial carious lesion is macroscopically intact (non-cavitated lesion) (Fig 1-5 A) and
can be treated with minimally invasive approaches such as oral hygiene instruction or
application of topical fluoride (Holmgren et al., 2014). If proper treatments are not
provided, the lesion may eventually progress to the cavitated lesion (Fig 1-5 B,C), which
requires irreversible treatments using restorative materials.

Enamel

Dentine

Pulp

Fig 1-5 The progression of carious lesions. A) Early carious lesion which can be managed by nonsurgical approaches, B) the lesion progresses and becomes a frank cavity that requires restorative
treatments, C) the lesion encroaches to the pulp which requires more invasive treatments such as
root canal treatment or extraction. Reprinted from Journal of Endodontics, volume 32, Bjørndal L., et al.
Depth and activity of carious lesions as indicators for the regenerative potential of dental pulp after
intervention, page S77, Copyright (2014), with permission from Elsevier.
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1.3
1.3.1

Current direct restorative materials
Dental amalgam

Dental amalgam has been used in dentistry for over a century. Its placement technique
is relatively simple. It is also a cost-effective restorative material for NHS dental care,
and has seen widespread use in the UK for over a century (Lynch and Wilson, 2013;
Austin et al., 2016). Additionally, dental amalgam exhibits high mechanical strength
making it suitable for restoration of large cavities or high stress-bearing areas (Shaini et
al., 2001). Moreover, this material may provide some antibacterial effects due to gradual
release of metal ions, such as Ag, Hg, and Cu. These ions may also interfere with the
metabolic activity of plaque biofilms (Wang et al., 2014).

The limitations of dental amalgam include its metallic colour and incapacity for effective
bonding to tooth structure (Agnihotry et al., 2016). Furthermore, amalgam restorations
require the removal of healthy tooth tissue to create mechanical retention. This reduces
the tooth rigidity and may subsequently cause tooth fracture or cracking (Fig 1-6) (Banerji
et al., 2010).

Furthermore, dental amalgam can produce delayed hypersensitivity

reactions in some patients resulting in oral lichenoid lesions (McParland and
Warnakulasuriya, 2012).

Fig 1-6 Cusps fractured in amalgam filled
permanent molar. Multiple cracks (arrows) seen
on the remaining cusps. Reprinted from Operative
Dentistry, volume 41, Lenhard M. Restoration of
Severely Compromised Teeth with Modern
Operative Techniques. Page s89, Copyright (2015),
with permission from Academy of Operative
Dentistry.
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The mercury contained in amalgam fillings has raised concerns regarding both
occupational health and environmental hazards.

Intake of fish contaminated with

mercury from industrial wastewater from 1950-1968 in Japan led to Minamata disease
affecting the neurological system in thousands of people consuming the fish (Ekino et
al., 2007).

The Minamata Convention on Mercury in October 2013 was therefore

convened to reduce effects from mercury (Bakhurji et al., 2017). According to the
agreement, by 2020, a number of mercury-containing products will be banned. Dental
amalgam, which was included in the agreement, is to be phased-down. Research on
the development of alternative materials is therefore urgently needed (Mackey et al.,
2014; Austin et al., 2016).

1.3.2

Conventional glass ionomer cement (GIC) and resin modified

glass ionomer cement (RMGIC)
Glass ionomer cements (GIC) were invented by Wilson and Kent in 1969. The main
components of GIC are glass, organic acids, and water.

The glass is typically a

fluoroaluminosilicate glass and the liquid is an aqueous polyacrylic acid solution. The
cement setting process involves an acid-base reaction. The acid attacks the glass
surface leading to the release of cations such as Ca2+, Al3+, and Sr2+. These ions then
form salt bridges between acid chains which result in the formation of a hydrogel. The
remaining glass core acts as a reinforcing filler in the cement (Sidhu and Nicholson,
2016).

The balance of water sorption and desorption plays an important role in the setting
process (Sidhu, 2011). Excessive water uptake during the hydrogel forming stage
causes the dissolution of cations from the cement which leads to poor mechanical
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properties (Lohbauer, 2010). Furthermore, the loss of water after this stage causes
micro crack formation, which results in a poor aesthetic outcome.

Resin modified glass ionomer cements (RMGIC) were developed by incorporating a light
activated initiator and a methacrylate monomer, which allows a photo-initiated
polymerisation process. These materials exhibit higher strength than conventional GICs
(Xie et al., 2000). Additionally, in some formulations a redox curing reaction is made
possible through addition of a chemical cure initiator and activator (Sidhu, 2011; Sidhu
and Nicholson, 2016).

Both conventional GIC and RMGIC can bond to dentine via micro mechanical
interlocking, and chemical bonding through formation of an ion-exchange layer (Sidhu,
2011). The ability to release and recharge fluoride is usually considered an attractive
feature of these materials. They can exhibit a burst release of fluoride initially followed
by a low and sustained release (Sidhu and Nicholson, 2016).

Some reports argue, however, that the clinical benefit of fluoride release of the materials
on caries prevention has not been proven (Cury et al., 2016; Raggio et al., 2016).
Furthermore, Kim et al. (2010) found that GIC failed to encourage mineral precipitation
in the mineral-depleted dentine. GIC and RMGIC also exhibited low initial strength with
flexural strengths of only ~ 33 and ~ 59 MPa respectively (Bonifacio et al., 2009; Kumar
and Shivrayan, 2015). As a consequence, high failure rates due to fracture can be
observed from these materials (Kielbassa et al., 2016). These materials are therefore
generally not considered suitable for load-bearing areas.
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1.3.3

Dental composites

The use of dental composites has increased rapidly primarily due to their aesthetic
appeal and the development of more reliable adhesive systems (Lubisich et al., 2011).
Over the years since their first development in the 1960s their composition has been
modified to significantly enhance their performance and treatment outcome. The main
components of a dental composite are described below.

1.4
1.4.1

Components of dental composites
Matrix phase

The matrix phase of the current dental composites may contain three main types of
monomers: base, diluent, and functional. The base and diluent monomer (Table 1-1)
generally contain two polymerisable groups (vinyl group or C=C). These C=C bonds can
polymerise and form a cross-linked polymer. Functional monomers (Table 1-2) contain
specific chemical groups to improve certain properties of the composites such as
wettability or chemical bonding (Van Landuyt et al., 2007).

1.4.1.1 Base monomers
Bisphenol A diglycidyl methacrylate (Bis-GMA) (Table 1-1) is a commonly used base
monomer in many commercial dental composites. It consists of two aromatic rings in
the monomer chain. These result in a highly rigid monomer chain. The restricted
movement of active monomer chains can negatively affect the polymerisation process of
the composites (Van Landuyt et al., 2007). Urethane dimethacrylate (UDMA) is a
commonly used alternative as it has a comparable molecular weight to that of Bis-GMA
but, due to the lack of bulky groups which can have enhanced polymerisation (Du and
Zheng, 2008). Furthermore, it has a lower viscosity to aid flow.
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Table 1-1 Chemical structure of bulk and diluent monomers (Walters et al., 2016).
Glass
transition
Refractive
temperature
index
(°C)

Molecular
weight
(g/mol)

Viscosity
(Pa.s)

Bis-GMA

512

700

-7.7

1.54

UDMA

479

8.5

-35.3

1.48

TEGDMA

286

0.05

-83.4

1.46

PPGDMA
(n ~ 7)

600

0.09

-62.0

1.45

Chemicals

Chemical structure

1.4.1.2 Diluent monomers
High viscosity of bulk monomers limits the handling properties of dental composites.
Hence, mixing with a low molecular weight monomer (diluent monomer) is required to
reduce the viscosity, improve the handling properties, and increase monomer
conversion. Triethylenegylcol dimethcarylate (TEGDMA) (Table 1-1) is a commonly
used diluent monomer. Incorporation of this monomer contributes to the high strength
and high monomer conversion of composites. This may, however, increase volumetric
shrinkage and heat generation due to its high double bond concentration (Goncalves et
al., 2009).

The lower double bond concentration of polypropylene glycol dimethacrylate (PPGDMA)
(Table 1-1) compared to that of TEGDMA may provide a more flexible polymer network.
Walters et al. (2016) showed that composites containing PPGDMA exhibited higher
monomer conversion, greater depth of cure, and lower cytotoxicity compared with
composites containing TEGDMA.
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1.4.1.3 Adhesion promoting monomers
2-hydroxyethyl methacrylate (HEMA) (Table 1-2) is a surfactant monomer used for
enhancing the surface wetting ability of the composite. It also helps to improve miscibility
and solubility of components with different polarity. Polymerised HEMA in a polymer
network, however, increases hydrophilicity and promotes water uptake into a dental
composite (Moszner and Hirt, 2012).

4-methacryloyloxyethyl trimellitate anhydrous (4-META) reacts with water to form 4-MET
(Table 1-2).

The two carboxylic groups of 4-MET provide hydrophilic groups that

enhance wetting of the dentine surface (Van Landuyt et al., 2007).

Furthermore,

carboxylic groups may replace phosphate ions of hydroxyapatite providing a chemical
bond and thus improving dentine/enamel adhesion (Yoshida et al., 2000; Giannini et al.,
2015).

Table 1-2 Chemical structure of adhesion promoting monomers.

Chemicals

Chemical structure

Molecular
weight (g/mol)

HEMA

130

4-META

304
4-META

4-MET
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1.4.1.4 Initiators
Camphorquinone (CQ) (Table1-3) is used as a photo initiator in many commercial lightactivated dental composites. This initiator absorbs blue light between 360 to 510 nm
with the maximum absorption at 465-475 nm. A perceived disadvantage is the inherent
yellowish hue, affecting the final colour of the composites (Moszner and Hirt, 2012).
Upon irradiation, CQ absorbs visible light and decomposes into colourless products
(Asmusen et al., 2009).

This photo-bleaching, however, can partially improve the

yellowish colour caused by this initiator.

Benzoyl peroxide (BP) (Table1-3) is an initiator used in chemical-activated or heatactivated polymerisation. The electron-withdrawing power of the adjacent oxygen and
carbonyl groups weakens the central oxygen-oxygen bond. This compound is then
susceptible to dissociation by heat (> 60 C) or upon mixing with a reducing agent
(activator) such as tertiary amines. Free radicals are produced upon its dissociation (Fig
1-7) and the polymerisation reaction is then started.

Table 1-3 Chemical structure of initiators and activators.

Chemicals

Chemical structure

Molecular weight
(g/mol)

CQ

162

BP

242

DMPT

135

NTGGMA

329
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1.4.1.5 Activators
An aromatic amine, such as N-dimethyl-p-toluidine (DMPT) (Table1-3) is usually used
as an activator or co-initiator. This chemical has proven to be an efficient hydrogen
donating amine (Van Landuyt et al., 2007). Its toxicity and carcinogenicity are, however,
of concern (Dunnick et al., 2014). The molecule has no methacrylate group and can be
released from the polymerised composite.

Na-N-tolyglycine glycidyl methacrylate (Na-NTGGMA) (Table1-3) contains a tertiary
amine and methacrylate group. This monomer therefore functions as the activator but
can additionally be polymerised within the polymer network (Van Landuyt et al., 2007).
This may lower the risk of its release from the composites (Khan et al., 2014).

1.4.1.6 Polymerisation of composites
The polymerisation process is started when free radicals (R) are produced due to the
dissociation of an initiator triggered by light or chemical reaction (Fig 1-7). The free
radicals then attack monomers and create monomer radicals. This initiation step is
followed by the rapid addition of other monomer molecules, i.e. propagation step, which
results in linkage between monomers by methylene bridges. This chain propagation
process continues to build molecular weight and crosslink density. Free radical chains
and the reaction are terminated either by direct coupling of two radicals (combination) or
the abstraction of hydrogen (disproportionation) (Darvell, 2009).

The reported monomer conversions of current dental composites are 50 - 75 % (Alshali
et al., 2013). High level of monomer conversion is required for enhancing mechanical
properties and reducing cytotoxicity of dental composites (Goldberg, 2008; Ferracane,
2013).

The high conversion, however, usually associates with high polymerisation

shrinkage and shrinkage stress (Braga et al., 2005; Hui et al., 2010).
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Fig 1-7 Schematic representing the radical polymerisation process.

1.4.2

Filler phase

The incorporation of fillers improves both physical and mechanical properties of the
dental composites. The fillers also help by reducing heat and shrinkage stress generated
from polymerisation (Leprince et al., 2013; Hurle et al., 2014). Commonly used fillers
are aluminosilicate glass or quartz which are chemically bonded to the polymer matrix
via silane coupling agents.

The sizes of the fillers can be used to classify dental composites (Fig 1-8). The earlydeveloped composites included particle sizes of 10 - 50 m (macrofill).

These

macrofilled composites exhibited high strength but poor polishability. Hence, the smaller
filler composites (microfilled) were formulated to improve aesthetic properties
(Ferracane, 2011).

The incorporation of smaller fillers improved polishability but

decreased mechanical properties of the composite (Beun et al., 2007). Furthermore, the
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high surface area of small fillers (40 -50 nm) decreased filler loading of the composites
(43 wt% filler load). Hence, flexural strength of the composites was relatively low (~ 70
MPa) compared to other composites (Ilie and Hickel, 2009). Large, small fillers, and prepolymerised filler (PPRF) were combined (hybrid / microhybrid composite) to enhance
both mechanical and physical properties (Blackham et al., 2009). Flexural strength of
hybrid composites was ~ 120 MPa (Ilie and Hickel, 2009).

More recent dental composites contain only nanosize filler (nanofilled / nanohybrid
composites). Nanofill and nanohybrid composites exhibited flexural strength of 103.7144.4 MPa (Ilie and Hickel, 2009; Sideridou et al., 2011).

These composites are

generally used in both anterior and posterior teeth due to their high strength and good
aesthetics (Ferracane, 2011).

Fig 1-8 Different type of dental composites classified by filler composition. Reprinted from Dental
materials, volume 27, Ferracane, J. L., Resin composite—State of the art, page 32, Copyright (2011), with
permission from Elsevier.
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1.5

Failure of dental composites due to secondary caries.

Tooth restorations have a limited lifetime. Factors affecting the outcome of restorations
include patient, operator skills, treatment facilities, and the properties of restorative
materials (Burke et al., 2005a; Burke et al., 2005b; Lucarotti et al., 2005). In general,
glass ionomer restorations tend to exhibit highest annual failure rates (12 %) followed by
dental composite (3 – 8 %) and dental amalgam restorations (2 – 4 %) (Opdam et al.,
2010; Kopperud et al., 2012; Pinto Gdos et al., 2014; Laske et al., 2016). For dental
composites, secondary caries or recurrent infection has been reported as a major reason
for failure (70%) (Kopperud et al., 2012)(Fig 1-9).

Fig 1-9 a) Recurrent (secondary) caries around composite restoration. b) Old composite with
additional sound tooth structures were removed to prepare a cavity for new restoration. Reprinted
from Clinical Oral Investigations, Five-year retrospective clinical study of indirect composite restorations
luted with a light-cured composite in posterior teeth, volume18(2), 2014, page 617, D’arcangelo C., Zarow
M., De Angelis F., Vadini M., Paolantonio M., Giannoni M. & D’amario, Copyright (2014), with permission of
Springer.

Secondary caries is more evident in high caries risk groups (Opdam et al., 2014).
Aetiology of secondary caries is not largely different from that of primary caries. Bacterial
microleakage has been proposed as the reason for secondary caries formation around
dental composite restorations (Jokstad, 2016). Several reasons for the high incidence
of secondary caries around dental composites have been proposed as shown below.

55

Chapter 1 Literature review

1.5.1

Improper marginal sealing

Bacterial microleakage may be enhanced by the formation of micro gaps at the toothcomposite interface (Nedeljkovic et al., 2015). A successful dental composite restoration
relies on an adequate seal between the restoration and tooth structure via adhesives.
The application of these agents and the placement of the composite into the cavity are
very technique-sensitive. Hence, marginal gaps could be formed around an improperly
sealed composite restoration due to errors of placing technique (Irie et al., 2006; Yalcin
et al., 2006; Demarco et al., 2012).

1.5.2

Polymerisation shrinkage

The polymer-based material is associated with a volumetric reduction upon
polymerisation. The shrinkage of commercial dental composites was reported to be 1–
6 vol% (Schneider et al., 2010). This shrinkage is developed when the monomers
previously existing at Van der Wall’s force distances become closely packed with shorter
covalent bonds.

The contraction stress thus generated and transferred to the

surrounding bonded surfaces, lead to an interfacial debonding, gap formation (Figure 14), postoperative sensitivity, and bacterial microleakage (Ferracane, 2008; Ferracane
and Hilton, 2016).

1.5.3

Tooth-composite interfaces degradation

Even if an adequate seal of the composite restoration is initially achieved, toothrestoration interfaces can be degraded over time due to the following mechanisms; 1)
Water absorbed into the polymer network of the hybrid layer at the interfaces and may
cause chain scission of the susceptible groups, such as ester groups (Hashimoto, 2010).
2) The enzymatic degradation of exposed collagen in the hybrid layer by host-derived
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collagenase also contributes to the disruption of interfacial integrity (Hu et al., 2015). 3)
In addition, tooth-restoration interfaces are subjected to repetitive occlusal forces and
oral temperature changes (Deng et al., 2014). This causes fatigue and disruption of the
interfaces, subsequently leading to bacterial microleakage.

1.5.4

Surface properties and the composite-biofilm interaction

Unlike dental amalgam and GIC, dental composites have no anticariogenic properties.
On the contrary, the composites may encourage biofilm formation (Zhang et al., 2016c).
This could be due to the composite’s surface properties such as roughness and surface
free energy that favour bacterial adhesion (Cazzaniga et al., 2015). Furthermore, the
release of un-polymerised monomers or biodegradable products from the composite
could also promote the growth of the highly cariogenic bacteria (Nedeljkovic et al., 2015;
Nedeljkovic et al., 2016a).

1.6

Modification of dental composites to reduce the risk of

secondary caries
Treatment of failed restorations has been estimated to account for 50% of all restorative
works (Javidi et al., 2015). Frequently, the removal of a failed restoration leads to further
destruction of sound tooth structures. This will subsequently weaken the tooth and may
shorten the longevity of the new restoration (Frencken et al., 2012). An improvement of
composite restorations to minimise the risk of failure due to secondary caries is therefore
needed. This may be achieved by the addition of remineralising and / or antimicrobial
agents (Tables 1-4,5).
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1.6.1

Remineralising agents

1.6.1.1 Fluoride
Fluoride has long been used to provide anticariogenic effects and increase acid
resistance of dental hard tissues by the formation of fluoroapatite. Fluoride has therefore
been incorporated into some dental composites as fluoridated glass, inorganic fluoride
compounds, or pre-reacted glass ionomer (S-PRG) filler particles. The fluoride release
from these composites was demonstrated to be low and probably not sufficient to provide
clinical benefits (Wiegand et al., 2007; Cury et al., 2016).

Incorporation of CaF2

nanoparticles enabled high fluoride release due to their high surface area. With 20-30
wt% addition to the filler phase, fluoride release from the composite was comparable to
a commercial GIC and RMGIC (Melo et al., 2013a).

1.6.1.2 Bioactive glass
In several studies, a bioactive glass (BAG) containing oxides of silicon, calcium and
phosphorous, plus fluoride have been included in dental composites. A silicon-rich layer
can form on the surface of such glasses and acts as a template for apatite precipitation
(Yli-Urpo et al., 2004). Fluoride-containing BAG may provide a single source for both
calcium and fluoride release (Davis et al., 2014). Dental composites containing BAG
exhibited higher flexural strength (117 – 124 MPa) compared to a commercial microfill
composite (Khvostenko et al., 2013). Addition of BAG also helped to reduce biofilm
formation within marginal gaps in simulated tooth restorations (Khvostenko et al., 2016).

Strontium has been incorporated into BAG for bone repair material. It has been shown
that apatite formation was increased upon replacing Ca with Sr. This could be due to
the fact that the strontium ions increased the potential nucleation sites for HA formation
and stabilised the HA precursor phase (Drouet et al., 2008). Additionally, strontium may
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also provide an antibacterial effect. It also has enhanced radiopacity in comparison with
calcium (Lippert and Hara, 2013; Shahid et al., 2014).

1.6.1.3 Calcium phosphates (CaP)
An alternative remineralising agent to fluoride is a compound that releases calcium and
phosphate ions. CaP compounds have been incorporated into dental composites to
enable mineral release (Table 1-4). The rate of release of these ions is determined by
the solubility of the compounds which increases with decreasing Ca/P ratio. As release
also increases with decreasing pH (Young, 2010), there is also the potential to provide
tooth remineralisation upon acid attack.

Table 1-4 Calcium phosphate compounds (Dorozhkin, 2009; Layrolle, 2011)

Name

a

Abbreviation

Formula

Ca/P
ratio

Solubility
at 25 ºC
(g/L)

Monocalcium
phosphate
monohydrate

MCPM

Ca(H2PO4)2.H2O

0.50

18

Dilcalcium phosphate
dihydrate (brushite)

DCPD

CaHPO4.2H2O

1.00

0.088

Dicalcium phosphate
anhydrous (monetite)

DCPA

CaHPO4

1.00

0.048

Octacalcium
phosphate

OCP

Ca8(HPO4)2(PO4)4.5H2O

1.33

0.0081

Calcium-deficient
hydroxyapatite

CDHA

Ca10-x(HPO4)x(PO4)6-x(OH)2-x
(0<x<2)

1.331.67

0.0094

Amorphous calcium
phosphate

ACP

Cax(HPO4)y(PO4)z.nH2O
(n=3-4.5; 15-20 wt% H2O)

1.202.20

a

-Tricalcium
phosphate

-TCP

-Ca3(PO4)2

1.50

0.0005

Hydroxyapatite

HA

Ca10(PO4)6(OH)2

1.67

0.0003

Fluoroapatite

FA

Ca10(PO4)6F2

1.67

0.0002

The solubility cannot be measured precisely.

59

Chapter 1 Literature review

The released ions may precipitate as several types of calcium phosphate depending on
ions saturation degree and pH of the surrounding solution (Aoba, 2004). It has been
shown that a material that promotes apatite precipitation on its surface could potentially
encourage the remineralisation of demineralised dentine (Gandolfi et al., 2011).

In early studies, highly soluble amorphous calcium phosphate (ACP) particles of
relatively large diameter were employed. The addition of this compound inevitably
reduced the mechanical strength of the composites (Regnault et al., 2008).

More

recently, nanoparticle ACP (NACP, particle diameter ~ 116 nm) has been synthesised
to address this issue. Composites incorporated with this filler gave rechargeable calcium
/ phosphate ion release for 6 weeks and initial strength comparable to a commercial
hybrid composite (Xu et al., 2010b; Zhang et al., 2016a).

A previous study has shown that dental composites containing monocalcium phosphate
monohydrate (MCPM) and tricalcium phosphate (TCP) encouraged the formation of
calcium deficient hydroxyapatite upon immersion in simulated body fluid (SBF) (Aljabo
et al., 2016). The addition of these compounds also encouraged water sorption which
induced expansion to compensate polymerisation shrinkage (Aljabo et al., 2015). The
degree of strength reduction upon water immersion of these composites was not
significantly different from that observed with a microhybrid commercial dental
composite.
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Table 1-5 Summary of recent studies on dental composites containing remineralising and/or
antibacterial agents.

Authors

Remineralising
compounds
(mean particle
size)

Skrtic and
Antonucci
(2007)

Antibacterial
agents

Flexural
strength
at 24 hr
(MPa)

-

~ 51

The maximum water sorption was 5
wt%.

-

40-60

The strength was decreased by 25-45
% after 2 weeks

-

100-160

The fluoride release of the composites
was comparable to GIC and RMGIC

-

- The composites had increased CaP
ions release at low pH
- Reduced depth of mineral loss in
enamel by ~ 30% compared to the
control composite

~ 70

- Strength was decreased to ~50 MPa
after 3 months and stable for 12
months
- Antibiofilm activity was maintained
for 12 months

Comments

ACP
(7 - 9 µm)
(Regnault et
al., 2008)

Xu et al.
(2010a)

CaF2
(56 nm)

Melo et al.
(2013b)

Cheng et al.
(2016)

-

NACP
(116 nm)

Zhang et al.
(2016a)

QAMs and
NAg

-

60 – 90

The composites exhibited
rechargeability of CaP ions and rereleased same level of ions for 6
cycles

(Khvostenko
et al., 2013)

Bioactive glass
(0.04 - 3 µm)

-

113-117

The strength was stable for 2 months

Oral et al.
(2014)

Bioactive glass
(300 – 1000
µm)

-

70 - 106

Silanisation increased strength but
may prevent the leaching of the ions
from BAG.

Chlorhexidine

79 -160

The CaP release was increased upon
raising hydrophilic monomer

137-160

- The strength was reduced to ~ 100
MPa after four weeks
- The degree of apatite precipitation
was increased upon raising CaP level
- The level of CHX release depends
on the level of MCPM and TCP

Mehdawi et
al. (2013)

Aljabo et al.
(2015);
Aljabo et al.
(2016)

MCPM (15 µm)
+ TCP (29 µm)
Chlorhexidine
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1.6.2

Antimicrobial agents

1.6.2.1 Silver nanoparticles (NAg)
Silver ions kill bacteria by targeting their respiratory chain and DNA replication processes
(Rai et al., 2009). NAg can be combined with nanoparticle ACP to obtain composites
with both antibacterial and remineralising properties.

In one study a composite

containing both agents exhibited mechanical properties comparable to that of a
commercial product (Cheng et al., 2012).

Limitations of NAg include particle agglomeration and the discoloration of the composite
(Cheng et al., 2011; Melo et al., 2013b). Another study has reported that bacteria can
develop resistance to silver nanoparticles via genomic changes (Graves et al., 2015).
Furthermore, these nanoparticles can pass the blood-brain barrier and subsequently
accumulate in the brain (Padovani et al., 2015).

1.6.2.2 Quaternary ammonium methacrylates (QAMs)
QAMs cause bacterial cell lysis by the interaction between its positively charged N+ site
and negatively charged bacterial cell membrane (Cheng et al., 2015). The polymerisable
methacrylate monomer containing QAMs (12-methacryloyloxy dodecylpyridinium
bromide; MDPB) has been successfully synthesised and used in the commercial dental
primer such as Clearfil SE Protect (Kuraray Medical Inc, Japan)(Imazato et al., 2014).
The antibacterial component is not released after light curing. Hence, their mechanical
properties were maintained (Imazato, 2009).

Due to the immobilisation of QAMs molecule in the polymerised monomer, the resin
polymer exhibited bacteriostatic effects only to the contacting bacteria (Imazato et al.,
2014). Hence, it needed to combine with other antibacterials such as NAg to enable the
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remote killing of bacteria (Zhang et al., 2013). The combination of these agents may
further reduce mechanical properties of composites (Cheng et al., 2016).

1.6.2.3 Chlorhexidine
Chlorhexidine (CHX) has been generally used in oral infection control. It provides a
wide-range of antimicrobial activity with comparable minimum inhibitory concentrations
to antibiotics (Young, 2010). The release of CHX from dental composites is governed
by the amount of water sorption of the composites (Leung et al., 2005; Mehdawi et al.,
2013; Aljabo et al., 2016). High level of hydrophilic components in the material is
therefore required to enable high CHX release.

Nevertheless, the high levels of hydrophilic components might then reduce the physical
and mechanical properties of the composites (Leung et al., 2005; Mehdawi et al., 2009).
Furthermore, recent studies have demonstrated increasing antibiotic resistance to
chlorhexidine (Smiline et al., 2012; Kulik et al., 2015). Some severe hypersensitivity
reactions resulting in death have also been reported (Pemberton, 2016).

1.6.2.4

-Poly-L-lysine (PLS)

ε-Poly-L-lysine (PLS)

is hydrophilic cationic linear homopolymer of lysine amino acids

(Fig 1-7). The one produced by bacteria typically comprises of 25-35 L-lysine residues.
The peptide bond in this polymer links between the carboxyl groups and -amino group
of L-lysine residues. PLS was first biosynthesized by S. albulus (Shima et al., 1984). It
is now industrially synthesised by the fermentation of a mutated S. albulus 110011A.
The polymer is water soluble, stable in acid or basic conditions, and has low toxicity
(Yoshida and Nagasawa, 2003)

63

Chapter 1 Literature review

PLS has been approved by FDA as a food preservative. The repetition of L-lysine
residues is related to the antibacterial properties of PLS. At least 10 residues are
required to exert antibacterial properties (Hyldgaard et al., 2014). Its antibacterial action
involves the disruption of bacterial cell membrane. Cationic PLS interacts with negatively
charged bacterial cell membrane leading to the stripping of lipopolysaccharides and
permeability of the cell membrane (Shukla et al., 2012). Other antibacterial actions
include the increase in reactive oxygen species and interruption of RNA transcription
processes (Ye et al., 2013).

Fig 1-10 Chemical structure of epsilon poly-L-lysine
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1.7

Regulatory approval for the dental / bone composites

A dental composite is classified as a class IIa medical device (European Commission,
2015). To obtain regulatory approval for a material in this classification is easier than for
a class III device that requires clinical studies (National Patient Safety Agency, 2008).
To claim antibacterial and remineralising action, however, the device according to recent
Medicines

and

Healthcare

Regulatory

Agency

(MHRA)

advice

(personal

communications) may need to be converted to class III. Bone composites are generally
class IIb (under rule 8) but may become class III if they have a biological effect or undergo
longer-term chemical changes (European Commission, 2010). Hence, the approval
process for these materials will be more complicated than for conventional dental
composites.

The goal of our research group is to obtain regulatory approval for clinical trials with a
novel dental composite followed by a similar material for bone repair. The development
of bone composites based on dental composites should be expected to assist the bone
composite approval process. The application of the bone composite for vertebral bone
fracture repair will be described in the next section.
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1.8
1.8.1

Osteoporotic vertebral fractures
Epidemiology

The WHO considers osteoporosis a major health concern due to its high prevalence and
severe complications. It affects approximately 200 million people worldwide (Lane,
2006). Worldwide, osteoporosis causes ~ 9 million fractures annually (Johnell and
Kanis, 2006). It has been estimated that osteoporosis led to 1.5 million fractures per
year in the US (Black and Rosen, 2016). Studies estimate the current number of
osteoporotic vertebral fractures in the UK as 65,000 per year (Svedbom et al., 2013).
Additionally, the incidence of vertebral fractures will increase by 23% by 2025 (Bouza et
al., 2015). The five years survival rate after hip and vertebral fracture were approximately
80% (Harvey et al., 2010).

In the US, the estimated direct medical cost for osteoporosis and related fracture
treatment is 20 billion dollars per year. In Europe, the economic burden of osteoporosis
in 2010 was estimated to be 30.7 billion euro. This medical cost has been predicted to
reach 76.7 billion euro in 2050 (Pisani et al., 2016). The estimated direct medical costs
for treating osteoporotic fractures currently in the UK is ~ £1.8 billion per year but this
could increase to £2.2 billion per year by 2025 (Burge et al., 2008).
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1.8.2

Aetiology

Osteoporosis is a systemic skeletal disease resulting in a decrease of bone mineral
density and profound changes in the bony micro architecture (Fig 1-11). The reduction
of oestrogen either due to menopause or surgery leads to an increase in the production
of the receptor activator of nuclear factor B (RANKL). The increase in this ligand and
its reaction with the receptor initiates the proliferation and maturation of osteoclast
precursors (Favus, 2010). This subsequently leads to an imbalance of bone remodelling.

The decrease of oestrogen production also leads to reduced intestinal calcium
absorption and increase in calcium loss (Armas and Recker, 2012). Hence, the bone
becomes weaker and susceptible to fracture from normal physiologic loads.
Osteoporotic fractures are the most common complication found in osteoporotic patients.
Frequently affected sites include hip, spine, and forearm (Rachner et al., 2011). The
incidence of osteoporotic fractures varies by region. It has been estimated that up to 50
% of women older than 50 years will experience osteoporotic fractures during their
lifetime (Eastell et al., 2016).

Fig 1-11 Comparison of (a) normal and (b) osteoporotic bone from 3 rd lumbar vertebra. Credited to
 Tim Arnett, University College London (t.arnett@ucl.ac.uk).
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1.9

Vertebroplasty (VP) and kyphoplasty (KP)

An osteoporotic vertebral fracture causes pain, height loss, limited mobility, kyphosis,
and reduced pulmonary function. The traditional non-operative treatments are bed rests,
analgesics, and bracing. These non-operative managements failed to relieve severe
pain in one-third of patients (Benzel, 2012; Lin et al., 2016). Furthermore, they also lead
to the disease condition worsening and more complications.

Minimally invasive surgical treatments, vertebroplasty (VP) and balloon kyphoplasty
(KP), have been employed to stabilise fractures, relieve pain, and increase mobility for
patients who have failed to response from conservative treatments (McDonald et al.,
2017).

The currently accepted indications for VP and KP are painful osteoporotic

vertebral compressive fracture, painful metastatic/malignant vertebral body lesions, and
vertebral traumatic fracture (Wong and McGirt, 2013; Yimin et al., 2013).

Studies showed that patients treated surgically experienced rapid and significant pain
reduction, improved pulmonary function, and had longer survival rates (Diamond et al.,
2006; Lee et al., 2011; Blasco et al., 2012; Xu et al., 2012; Chen et al., 2013; Takura et
al., 2017). Furthermore, a recent multicentre, randomised, double-blind, and placebocontrolled trial also revealed a superior pain reduction for patients that received
vertebroplasty compared to patients that recieved simulated vertebroplasty (placebo
intervention) (Clark et al., 2016). It has been estimated that the cost of VP and BKP is
£800 and £2600 per procedure respectively (NICE, 2013). Both treatments, however,
showed a comparable outcome in pain reduction and functional recovery (Ates et al.,
2016).
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1.9.1

Vertebroplasty (VP)

VP was introduced in 1984 by Gakibert and Deramond (Hulme et al., 2006). This
treatment can be performed under local or general anaesthesia. Briefly, a cannula is
inserted into the affected area (Fig 1-12). A bone cement is then injected into the
collapsed vertebra under fluoroscopy control (Mukherjee and Lee, 2011). The treatment
aims of VP, however, are not to restore the height of collapsed vertebra, but rather pain
relief and the prevention of further spinal mal-alignment (Benneker and Hoppe, 2013;
Yimin et al., 2013).

Fig 1-12 The schematic representing percutaneous vertebroplasty (VP) a) a collapse vertebra, b-c)
needles are inserted into the vertebral body, d) bone cement is injected to stabilise the vertebra.
Reprinted from Biomaterials, volume 27, Verlann et al., Anterior spinal column augmentation with injectable
bone cements, page 292, Copyright (2006), with permission from Elsevier.
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1.9.2

Kyphoplasty

Kyphoplasty or balloon kyphoplasty (KP) was introduced by Mark Reily in 1998 as an
alternative to VP for restoring vertebral height and realigning the spine (Yimin et al.,
2013). The inflatable bone tamp is inserted into the fracture site under fluoroscopy
control (Fig 1-13 a). After creating the cavity and restoring the height of the collapsed
vertebra (Fig 1-13 b), the balloon tamp is removed followed by the injection of bone
cement (Fig 1-13 c,d) (Taylor et al., 2006; Vallejo and Benyamin, 2010).

Fig 1-13 Schematic representing balloon kyphoplasty a) cannulas with balloon tamps are inserted
into the vertebral body, b) bone tamps are inflated to correct the height and create space for the
cement, c-d) the bone cement was injected. Reprinted from Biomaterials, volume 27, Verlann et al.,
Anterior spinal column augmentation with injectable bone cements, page 293, Copyright (2006), with
permission from Elsevier.
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1.10 Current bone cements for VP and BKP
Currently there are no specific requirements for a bone cement used in VP and KP.
(Lewis, 2006) has proposed several required properties for the cement which are
presented in Table 1-6. The currently used bone cements for VP and KP are described
as follow.

Table 1-6 Desirable properties of an injectable bone cement for VP / KP.

Properties

Requirements
-

High radiopacity

-

Ease of preparation and injection

-

Low viscosity during injection then quickly set once the

Handling / setting
characteristics

Mechanical properties

Bioactivity

cement reaches the vertebra
-

Working time ~ 6-10 min

-

Low curing temperature

-

Low cost

-

Long shelf life

-

Comparable strength to vertebral bone

-

Appropriate adhesion, not dissociate during setting

-

Microporosity (<10 µm) to allow circulation of fluid

-

Macroporosity (>100 µm) to provide scaffold for blood-cell
colonisation

-

Appropriate resorption rate

-

Osteoconductivity, osteooinductivity,

-

Low toxicity
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1.10.1 Polymethyl methacrylate (PMMA)
PMMA (Fig 1-14), the polymer of methylmethacrylate (MMA), is a commonly used bone
cement for various orthopaedic applications. A commercial example of PMMA cement
is Simplex P® or Spineplex® (Stryker, Newbury, Berkshire, UK). The powder phase
contains PMMA, MMA-styrene copolymer, radiopacifier (barium sulphate) and benzoyl
peroxide (BP). The monomer phase contains methylmethcrylate and N-dimethyl-ptoluidine (DMPT).

Advantages of PMMA bone cement include familiarity for the

orthopaedic surgeons, high strength (flexural strength ~ 150 MPa), and costeffectiveness.

Disadvantages of this cement include handling difficulty, rapid changing of viscosity after
mixing, high heat generation (82 - 86 oC), high shrinkage, lack of bone bonding potential,
and risk of toxic residual monomer release (Lewis, 2006; Boyd et al., 2008; Benzel, 2012;
Vaishya et al., 2013; Khan et al., 2014). Another serious concern of PMMA cement is
its mechanical mismatch with the vertebral bone. The elastic modulus of PMMA cement
(1.7 - 3.7 GPa) (Boger et al., 2007) is much higher than that of cancellous bone (0.1 0.7 GPa)(Banse et al., 2002). The differences in modulus of elasticity between treated
and untreated vertebra may then subsequently increase the risk of adjacent vertebral
fracture (Hadley et al., 2010).

Fig 1-14 A) Chemical structure
of PMMA. B) The PMMA cement
is supplied as powder and liquid
phase.

A

B
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1.10.2 Calcium phosphate cements (CPCs)
The main advantage of CPCs (Fig 1-15) is their osteoconductivity that may promote
apposition at bone-cement interfaces (Tamimi et al., 2012). After the powder phase is
mixed with the liquid phase, the paste then solidifies via a dissolution-precipitation
process. The cements can be classified by their end product which is either apatite or
brushite (Cama, 2014). In 2012, however, illegal testing of a CaP cement (Norian XR,
Synthase, West Chester, Pa, USA) for vertebroplasty was performed on humans. This
led to the death of five patients on the operating room table (Kimes, 2012). and put into
serious question any use of CPCs in this application.

A common problem of the CPCs is separation of the liquid phase and powder phase
during injection (O'Neill et al., 2016). Incomplete set can lead to pulmonary embolism
(Bernards et al., 2004). The cements also tend to disintegrate upon exposure to fluids
or blood (Wang et al., 2007). Furthermore, their excessive modulus of elasticity (8 -14
GPa) at early time may increase the risk of adjacent vertebral fracture (O’Hara et al.,
2014). Moreover, inconsistency of resorption rate also led to rapid reduction in strength
(Yang and Zou, 2011).

Fig 1-15 Example of a commercial calcium phosphate
cement (BoneSource®, Stryker, New Jersey, USA)
(Source: http://www.stryker.com)
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1.10.3 Bone composites
An example of a commercial bone composite used in vertebroplasty is Cortoss® (Stryker,
Newbury, Berkshire, UK) (Fig 1-16). Its monomer phase contains Bis-GMA, BisphenolA-ethoxy dimethacrylate (Bis-EMA), and TEGDMA.

The powder phase contains

bioactive glass (combeite, Na2O–CaO–P2O5–SiO2) to enhance bone bonding,

and

barium boroaluminosilicate glass to improve mechanical properties and radiopacity (He
et al., 2015). This composite is supplied in a double-barrelled syringe with mixing gun
which could facilitate the handling process.

Fig 1-16 Example of a commercial bone composite
supplied with automatic mixing tip and mixing gun
(Cortoss®, Stryker, New Jersey, USA) (Source:
http://www.stryker.com)

This bone composite is believed to be bioactive as some in vivo studies showed new
bone apposition at the bone-composite interface without fibrous interposition (Mehbod
et al., 2003; Sanus et al., 2013). A randomised controlled clinical trial showed that
patients treated with Cortoss exhibited early pain reduction but in addition better longterm preservation of function compared to that of the patient treated with PMMA (Bae et
al., 2012).

Concerns of this composite cement include its high exothermic reaction (63 C), high
stiffness (~ 2 GPa), and lack of antibacterial or therapeutic properties (Boyd et al., 2008;
Anselmetti et al., 2009). Additionally, an in vitro study found that Cortoss showed a
cytotoxic effect on human cells (Becker et al., 2006).
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1.11 Complications after VP and KP
1.11.1 Cement leakage
Cement leakage (Fig 1-17) is the most common complication associated with VP and
KP. The leakage depends on the fracture characteristic of the vertebra, injection method,
and physicochemical properties of the bone cement (Xin et al., 2016). The incidence of
this complication observed from normal radiograph of the patients was 31 % and 11 %
for VP and KP respectively (Du et al., 2014). The incidence observed from normal
radiograph was underestimated as it could increase up to 77 % when patients were
assessed with CT scan (Tome-Bermejo et al., 2014).

Fig 1-17 CT image obtained after vertebroplasty showing the
leakage of PMMA cement (red arrow) to right intercostal artery.
Reprinted from The Spine Journal, volume 11(8), Yazbeck P. G., Al
Rouhban R. B., Slaba S. G., Kreichati G. E. & Kharrat K. E., page e7,
Copyright (2011), with permission from Elsevier.

Despite the fact that the majority of the leakage occurrences may not pose a clinical
problem, some can have severe consequences (Hulme et al., 2006). The severity of the
complication depends on the site that cement leaks to. For example, cement leaking
into the neural foramen may result in neurologic complications (Boonen et al., 2011).
Cement leaking into paravertebral veins may cause embolism at pulmonary or
cardiovascular systems(Arnaiz-Garcia et al., 2014; Janssen et al., 2017).
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1.11.2 Subsequent adjacent fractures
The second most common complication after VP and KP is an adjacent vertebral
fracture. This complication was found in 12 – 50 % of patients (Li et al., 2012). The
majority of those fractures were symptomatic and detected within one month (Takahara
et al., 2016). The risk of developing adjacent vertebral fracture is similar following both
VP and KP procedures (Du et al., 2014).

Researchers have not yet been able to provide conclusive evidence that the high risk of
adjacent fractures is caused by the treatments.

Several studies have, however,

suggested that the fracture risk may be exacerbated by the alteration of load transfer
due to the increase of stiffness of the injected vertebra (Klazen et al., 2010; Fahim et al.,
2011; Cho et al., 2015; Holub et al., 2015). The high stiffness of the injected cement
may affect the load transferred to the adjacent bone. The lack of applied loads may
lower the bone density and subsequently reduce the strength of the adjacent bone: a
problem known as stress shielding (Papanastassiou et al., 2014). The fracture, however,
could be caused by the natural progression of the disease, improper technique, and
patient factors (Aquarius et al., 2013; Takahara et al., 2016).

1.11.3 Postoperative infection
Although postoperative infections are not common (< 1 %), they often require further
invasive surgical intervention associated with high mortality rate (33 %) (Abdelrahman et
al., 2013). The most common isolated organism from patients was S. aureus
(Abdelrahman et al., 2013). Patient comorbidities such as multiple systemic diseases or
immunosuppression may allow the low-virulence organism to colonise at the operation
site. Hence, bone cement mixed with antibiotics such as gentamycin or vancomycin has
been recommended for the medically compromised patient (Walker et al., 2004;
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Hashimoto, 2010). However, the use of antibiotic loaded bone cement as a prophylaxis
is not yet widely accepted. Some clinicians routinely mix a bone cement with an antibiotic
to prevent this serious complication (Lee et al., 2007).

1.12 Development of low stiffness, mineralising, and
antibacterial bone cement
Due to above mentioned complications, several studies have been conducted to develop
injectable bone cements for VP and KP that provide adequate mechanical matching to
bone, bone-bonding ability, and antibacterial properties. Methods employed to improve
those properties are described below.

1.12.1

Low stiffness bone cement

Studies have shown that the application of a low stiffness bone cement in ex vivo human
spinal segments can reduce the risk of adjacent vertebral fracture.

Pressure

concentrations adjacent to the injected cement were smaller with low modulus cement
compared with standard cement (Kinzl et al., 2012a; Kolb et al., 2013a).

Several

methods to lower the stiffness/modulus of elasticity have been proposed.

(Boger et al., 2007) developed a low modulus bone cement by mixing a commercial
PMMA with 35% sodium hyaluronate. This technique reduced the modulus of elasticity
by 74% without causing any collapse of the injected vertebra. Lopez et al. (2011) mixed
the PMMA cement with castor oil, reducing the modulus of elasticity by ~ 60 %. The
castor oil however negatively affected polymerisation of the cement. Kolb et al. (2013b)
managed to lower the modulus of elasticity of the PMMA cement by 51 % by mixing the
cement with fetal bovine serum. The spinal segment injected with modified cement
showed a higher fatigue fracture force than the group treated with standard PMMA.

77

Chapter 1 Literature review

Schröder et al. (2016) modified a standard PMMA cement by addition of normal saline.
Modulus of elasticity of the cement was reduced by almost three times upon adding 30
vol% of normal saline. This, however, was associated with an increase of setting time.

These modifications decreased the stiffness of bone cements but may interfere with the
fluid structure and the setting mechanism of the cements. This may lead to other
problems such as poor handling properties and injectability, phase separation, and
cement toxicity, and cement extravasation.

1.12.2

Calcium phosphate containing bone composite

Due to the superior bioactivity of CPCs, calcium phosphate compounds (CaP) have been
incorporated into bone cements. The addition of these compounds promoted additional
benefits such as low setting temperature and improved bioactivity (Rodriguez et al.,
2014; Wu et al., 2016a). When this composite is exposed to an aqueous environment,
ions are exchanged and re-precipitate as a calcium phosphate apatite. The apatite
composition depends mainly on the local pH and ion saturation. The apatite is believed
to promote in vivo bone bonding (Fig 1-18)(Kokubo et al., 2003; LeGeros, 2008).

Fig 1-18 Transmission electron microscope
image of the interface between bioactive glass
(A-W) and rat tibia after 8 weeks of implantation.
Layer of apatite at the interface mediating
integration between the glass and bone.
Reprinted from Biomaterials, vol 24(13), Kokubo T.,
Kim H.-M. & Kawashita M. Novel bioactive
materials with different mechanical properties, page
2163, Copyright (2003), with permission from
Elsevier.
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Bone bonding ability of the cement is required to promote new bone apposition at the
bone-cement interface. The formation of the biomimetic bone substrate or an adsorption
of bone specific proteins by this layer may promote osteoblast adhesion and its activity
(Alves et al., 2010). Hence, the addition of calcium phosphate compounds is a simple
method to encourage bioactivity of the bone cement.

An in vivo study showed that incorporation of -TCP to PMMA promoted
osseointegration with no obvious local toxicity signs (Dall'Oca et al., 2014). The addition
of CaP compounds unfortunately caused a reduction of mechanical properties,
increased cement viscosity, and poor handling properties of the cement. It has been
shown that addition of 40 wt% brushite into PMMA cement led to poor handling
properties and injectability, and reduced strength (Rodriguez et al., 2014).

1.12.3

Strontium-substituted bone cement

Strontium is an alkaline earth metal and is directly beneath calcium in the periodic table.
Systemic administration of strontium ranelate has been prescribed for post-menopausal
osteoporotic patients.

Strontium exhibits treatment effect by stimulating osteoblast

proliferation and maturation while inhibiting osteoclast formation and activity
(Schumacher and Gelinsky, 2015; Liu et al., 2016). Hence, a bone cement that released
strontium locally to the fracture area would be of benefit. This may help to reduce some
adverse effects of systemic administration such as nausea, diarrhoea, headache,
venous thromboembolism, and hypersensitivity reactions (Reginster et al., 2005; Rizzoli
et al., 2011).

The incorporation of Sr into CPCs has previously increased bone-bonding strength
(Zhang et al., 2011; Shepherd et al., 2012). In addition, an in vivo study showed faster
bone healing and bone formation with Sr-substituted bone cement compared to that of
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the traditional CPC (Kyllonen et al., 2015). Another benefit of the incorporation of Sr is
the enhanced radiopacity of the cement to facilitate the surgical procedure and enable
follow up with radiographs.

1.12.4 Antibiotic-loaded bone cement
Postoperative infection after VP or KP is a serious complication. Systemic antibiotic
prophylaxis has been recommended for high-risk patients.

Antibiotics, such as

gentamycin, have been incorporated into bone cements to minimise the occurrence of
infection. Bone cement with added antibiotics may provide local release of antibiotic.
Antibiotic concentration may then exceed that obtained with systemic administration
and reduce systemic adverse reactions (Anagnostakos, 2017). The addition of this
agent has reduced the rate of infection after total joint arthroplasty (Chang et al., 2013).
The addition of antibiotic however reduced mechanical properties of the cement (Wang
et al., 2013). Moreover, the slow release of sub inhibitory amount of antibiotics over time
may also increase the risk of developing antibiotic resistance (Walker et al., 2016). For
patients who need revision surgery an alternative antibiotic to that used in any original
bone cement is therefore needed (Jiranek et al., 2006).
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1.13 Statement of the problem, aims, objectives, and
hypotheses
After the phase out of dental amalgam, dental composites would eventually become the
only direct filling material suitable for large restorations in posterior teeth. The major
problem of dental composite restorations is high failure rates due to secondary caries
caused by bacterial microleakage and the material property shortcomings. To address
this issue, remineralising and antibacterial agents have been incorporated into the
composites.

Previous studies have developed dental composites containing MCPM with TCP and
chlorhexidine. The composites encouraged apatite precipitation and water sorption
induced expansion that matched with the polymerisation shrinkage. However, a severe
allergic reaction and the development of antibiotic resistance to chlorhexidine are of
concern. Polylysine has been approved by FDA as a food preservative. This agent has
low cytotoxicity and has demonstrated a wide antimicrobial spectrum.

The Sr

substitution in bioactive glass for bone repair application has shown to enhance apatite
precipitation.

Additionally, strontium may help to increase the radiopacity of the

composite which is important for radiographic examination. Hence, the development of
a dental composite containing calcium / strontium and polylysine is of interest.

A dental composite can then potentially be modified for use as bone composite for
osteoporotic vertebral fracture repair. Currently, PMMA bone cement is the commonly
used material for orthopaedic surgeons. Limitations of this cement are handling difficulty,
rapid changing of viscosity after mixing, high heat generation, toxic monomer leaching,
and lack of bone bonding ability. Furthermore, the significant mismatch of mechanical
properties compared to vertebral cancellous bone can potentially lead to adjacent
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vertebral fractures. The recent development of commercial bone composites may have
partially overcome these issues. However, bone composites still exhibit some of the
shortcomings of the PMMA bone cement.

Additionally, the lack of antibacterial

properties of the composite may fail to reduce postoperative infections, which is a lifethreatening complication. Hence, the development of novel bone composite is therefore
needed.

The aim of this study was therefore to develop dental and bone composites containing
calcium / strontium phosphates as remineralising agents and polylysine as an
antibacterial agent to overcome limitations of currently available materials. Furthermore,
the development of the bone composite based on the composition of the dental
composite would also facilitate the regulatory approval process for the bone composites.

It is proposed that.

1) The novel remineralising and antibacterial releasing dental composites can be
developed by the addition of remineralising agents (MCPM and TSrP) and
polylysine (PLS).

The addition of remineralising agents should promote

hygroscopic expansion to compensate polymerisation shrinkage in addition to
surface apatite precipitation. Furthermore, the addition of PLS should enable
antibacterial PLS release from the composite. The mechanical properties of the
composite should be sufficient to pass a requirement from the ISO standard 4049
(Chapter 3).
2) The novel bone composites can be produced by decreasing powder to liquid ratio
of dental composites. Additionally, the bone composite pastes should exhibit
rheological properties suitable for injection and long-term storage (Chapter 4).
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3) Chemically activated novel bone composites can be developed by the addition of
chemically activated initiator.

Active ingredients and initiator paste of the

composites should be stable upon ageing. Additionally, the use of high molecular
weight diluent monomer should improve shelf life and monomer conversion of
the bone composites (Chapter 5).
4) The novel bone composites should exhibit high strength at early time. Stiffness
of the composites should be comparable to that of cancellous bone (Chapter 6).
5) The novel bone composites should exhibit high monomer conversion with any
polymerisation shrinkage comparable with their hygroscopic expansions. The
addition of MCPM and TSrP into bone composites should enable surface apatite
formation for on the composite surfaces. The addition of TSrP should allow Sr2+
release from the bone composites. Furthermore, the composites should exhibit
long-term strength and fatigue that are comparable or greater than commercial
materials (Chapters 7).
6) The novel bone composites with increasing level of diluent monomer and active
ingredients should exhibit high monomer conversion with low polymerisation
shrinkage that is comparable with their hygroscopic expansion. The composites
should be easy to inject, promote PLS release and surface apatite formation in
addition to long-term mechanical properties that are comparable with cancellous
bone. Furthermore, the composite should be cytocompatible with human cells
(Chapter 8).
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Chaper 2
2.1

Materials and Methods

Materials preparation

The chemical components used in this study are provided in Tables 2-1,2. Compositions
of commercial materials are provided in Table 2-3. Powder and monomer components
were weighed using a four-figure balance (OHAUS PA214, Pine Brook, USA). The
monomer was mixed in an amber bottle, then stirred until the mixture was clear. They
were then kept in a fridge (4 ºC) to reduce any heat or light exposure that may activate
an initiator.

Table 2-1 Chemical components used in the liquid phase.

Name

Abbreviation

Batch/Lot number

Suppliers

Urethane dimethacrylate

UDMA

90761

DMG, Hamburg, Germany

Tri ethylene glycol
dimethacrylate

TEGDMA

88661

DMG, Hamburg, Germany

Polypropylene glycol
dimethacrylate

PPGDMA

626208

Polyscience, PA, USA

4-Methacryloyloxyethyl
trimellitate anhydride

4-META

595697

Polyscience, PA, USA

Hydroxyethyl methacrylate

HEMA

88161

DMG, Hamburg, Germany

Camphorquinone

CQ

90339

DMG, Hamburg, Germany

Benzoyl peroxide

BP

593397

Polyscience, PA, USA

N, N-dimethyl-p-toluidine

DMPT

MKBR6240V

Sigma Aldrich, Gillingham,
UK

N-tolyglycine dimethacrylate

NTGGMA

X8630050

Esschem, UK
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Table 2-2 Chemical components used in the powder phase
Name

Filler size (µm)

Abbreviation

Batch/Lot number

Suppliers

0.7

G0.7

688344

DMG, Hamburg,
Germany

7

G7

680326

DMG, Hamburg,
Germany

30 (diameter)
150 (length)

F

88661

Mo-Sci, PA, USA

Monocalcium
phosphate
monohydrate

53

MCPM

MCP-B26

Himed, NY, USA

Tristrontium
phosphate

10

TSrP

MKBPO162V

Sigma Aldrich,
Gillingham, UK

Polylysine
(Molecular
weight of
4700 g/mol)

20-50

PLS

1st batch 09010203
2nd batch 593397
3rd batch 020420140520

Handary, Brussel,
Belgium

Boroalumino
silicate glass

Glass fibres

N.B. PLS used in Chapters 3 to 7 was 2nd batch whilst that in Chapter 8 was 3rd

Table 2-3 Chemical components of commercial products (Khan, 2015; Guo et al., 2016) used in this
thesis.

Materials

Products
(mode of
applications)

Dental
composite

Z250®
(single
syringe)

Compositions

Suppliers

Monomers: Bis-GMA, UDMA, Bis-EMA, CQ
3M ESPE, USA
Fillers: Zirconia/silica glass particles (82 wt%, diameter of
0.01 - 3.5 µm)

Liquid: DMPT, MMA, inhibitor
PMMA
cement

Bone
composite

Simplex P®
(powder and
liquid)

Cortoss®
(double barrel
syringes)

Powder: BP, PMMA, MMA-styrene copolymer beads
(diameter of ~25 µm), barium sulphate (diameter ~ 2 µm)

Stryker,
Newbury,
Berkshire, UK

Monomer phase: Bis-GMA, Bis-EMA, TEGDMA, BP,
DMPT, inhibitors
Filler phase: glass ceramic particles (combeite, diameter
of ~ 5-30 µm)
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Experimental dental composites were prepared using a powder to liquid ratio (PLR) of
4:1. The powder and monomer phases were mixed using a planetary mixer (SpeedMixer,
DAC 150.1 FVZ, Hauschild Engineering, Germany) at 3500 rpm for 10 s followed by
2000 rpm for 2 min. Consistency of the mixed composite pastes was comparable to
commercial hybrid dental composites. The mixed composites were stored in an amber
bottle to avoid light exposure and kept in a fridge.

For bone composites, the PLR was decreased in order to control rheology and allow
injection of the paste through a fine mixing tip (tip diameter of 2 mm). The powder was
mixed with the liquid containing either initiator or activator. The mixing speed for bone
composite was 2000 rpm for 2 min. The initiator and activator paste were then poured
into a double-barrel syringe (Fig 2-1) (MIXPAC, Sulzer, Switzerland) over a vibrator to
reduce air entrapment. The syringe was left in an upright position for 24 hr to allow the
release of air bubbles. The initiator and activator pastes were injected and mixed through
an automatic mixing tip using a mixing gun (MIXPAC Dispenser, Sulzer, Switzerland).

Fig 2-1 Double-barrel syringes equipped with the automatic mixing tip and the mixing gun.
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2.2

Storage solutions

Deionised water and simulated body fluid (SBF) were used as storage solutions to age
composite specimens. Ion concentrations in SBF were comparable to human blood
plasma (Table 2-4). The SBF was prepared according to the BS ISO 23317:2012 (British
Standard, 2012).

All SBF chemicals (Table 2-5) were supplied by Sigma Aldrich

(Gillingham, UK). Briefly, each chemical was gradually added in the order given in Table
2-4 into a plastic bottle containing 700 mL deionised water. The temperature of the
solution was controlled at 36.5 ± 1.5 °C.

Prior to dissolving Tris (2-amino-2-

(hydroxymethyl)-1,3-propanediol), total volume was made up to 900 mL and the pH was
maintained at 2 ± 1. If the pH exceeded 7.45 while dissolving Tris, 1 molar HCl was
added to adjust the pH. This procedure was repeated until all of Tris was dissolved. The
final pH of the solution should be exactly 7.4 at 36.5 °C. The solution was then left to
cool at ambient temperature, then kept in the fridge (4 °C). The SBF should be used
within 30 days after preparation.

Table 2-4 Ion concentration of SBF and human blood plasma.

Concentration (10-3 mol)
Ions

SBF
(pH 7.4)

Blood plasma
(pH 7.2 - 7.4)

Na+

142.0

142.0

K+

5.0

5.0

Mg2+

1.5

1.5

Ca2+

2.5

2.5

Cl-

147.8

103.0

HCO3-

4.2

27.0

HPO42-

1.0

1.0

SO42-

0.5

0.5
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Table 2-5 Chemicals for preparing 100 mL simulated body fluid.

Reagents

Amount (g)

NaCl

8.035

NaHCO3

0.355

KCl

0.255

K2PO4.3H2O

0.231

MgCl2.6H2O

0.311

1 molar HCl

39 mL

CaCl2

0.292

Na2SO4

0.072

Tris

6.118

2.3

Methods

Composite properties assessed included rheology, injectability, monomer conversion,
calculated polymerisation shrinkage and heat generation, and accelerated aging to
predict shelf life. Additionally, mineralisation promotion ability of the composites was
tested using gravimetric and SEM studies to assess apatite precipitation in SBF. PLS
release from the composites was analysed using UV spectroscopy and high performance
liquid chromatography (HPLC). Sr2+ release was measured using inductively coupled
plasma – mass spectroscopy (ICP-MS).

Assessed mechanical properties were

compressive strength, biaxial flexural strength, fracture toughness, and biaxial flexural
fatigue.
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2.3.1

Rheological properties

Rheological properties of the experimental bone composite pates were measured using
a strain-controlled oscillatory rheometer (ARES, TA instruments, DE, USA) with parallel
plates (25 mm) geometry. During dynamic testing mode, bottom plate was rotated
applying an oscillatory (sinusoidal) shear deformation to the pastes. The fixed top plate
then measured the resultant stress response from the pastes (Fig 2-2). For static testing
mode, the direction of shear deformation is constant.

For viscoelastic materials, the response strain and stress are not in phase during smallamplitude oscillatory shear. The strain lags behind the stress by an angle () which is
known as the phase angle (Fig 2-2 a).

Fig 2-2 The stress and strain relation in viscoelastic materials during the dynamic rheological test.
b) The stress can be separated into two independent components: stress that is exactly in phase
𝝅
with strain and stress that is out of phase. Reprinted from Cement and Concrete Research, volume
𝟐
36(2), Sun Z., Voigt T. & Shah S. P., Rheometric and ultrasonic investigations of viscoelastic properties of
fresh Portland cement pastes, page 279, Copyright (2006), with permission from Elsevier.
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Shear stress and phase angle (𝛿) are described by the following equations (Nicholas et
al., 2007).

𝝉 = 𝝉𝟎 𝐬𝐢𝐧 𝝎𝒕

Equation 2-1

Where 𝜏 is shear stress (Pa); 𝜏0 is stress amplitude; 𝜔 is angular frequency (rad.s-1); 𝑡 is
time.

𝜸 = 𝜸𝟎 𝐬𝐢𝐧(𝝎𝒕 − 𝜹)

Equation 2-2

Where 𝛾 is shear strain; 𝛾0 is strain amplitude. Equation 2-2 can be further analysed to
gives

𝝉 = 𝝉𝟎 𝐬𝐢𝐧 𝝎𝒕 𝐜𝐨𝐬 𝜹 + 𝝉𝟎 𝐜𝐨𝐬 𝝎𝒕 𝐬𝐢𝐧 𝜹

Equation 2-3

Therefore, shear stress can be divided into two components (Fig 2-2 b). The responding
stress (𝜏0 cos 𝛿) that is in phase with the strain and that (𝜏0 sin 𝛿) which is

𝜋
2

out of phase

with the strain (Fig 2-2 b). Hence, two dynamic shear moduli can be defined which
include the shear modulus that is in phase with the strain (G', Pa) and the modulus that
is

𝜋
2

out of phase with the strain (G", Pa).

𝝉
𝜸𝟎

𝑮′ = ( 𝟎 ) 𝐜𝐨𝐬 𝜹
𝝉

𝑮′′ = (𝜸𝟎 ) 𝐬𝐢𝐧 𝜹
𝟎

Equation 2-4

Equation 2-5

Where G' is the storage shear modulus that represents the elastic behaviour or energy
storage of the material. G" is the loss shear modulus, which represents the viscous
behaviour or energy dissipation of the material (Sun et al., 2006). These lead to the
equation for phase angle () as in the following equation.

𝐭𝐚𝐧 𝜹 =

𝑮′′
𝑮′

Equation 2-6
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Curves of viscosity (η, Pa.s) can be obtained by equation 2-7 using continuous shear
(static mode) instead of oscillatory shear (Liu et al., 2006).

𝜼 = 𝝉/𝜸̇

Equation 2-7

Where 𝜏 and 𝛾̇ are shear stress (Pa) and shear rate (s-1) respectively.

2.3.2

Injectability

To assess maximum injection force and injectability, bone composites (3 g) were mixed
and weighed using a four figure balance (Ohaus PA214, Parsippany, NJ, USA) then
injected through a 5 mL plastic syringe with an outlet diameter of 1.8 mm (BD Plastipak,
Fischer Scientific, UK) (BD Plastipak, Fischer Scientific, UK) (Wynn-Jones et al., 2014).
The sample was subjected to a compressive load using a universal testing machine
(Shimadzu AGSX, Kyoto, Japan). The load was applied at a crosshead speed of 15
mm/min. The test was terminated when the entire paste was injected or the maximum
applied force (100 N) was reached (Liu et al., 2013). The average of maximum force (N)
was recorded (Fig 2-3) and the injectability (%) was calculated using equation 2-8.

𝑰𝒏𝒋𝒆𝒄𝒕𝒂𝒃𝒊𝒍𝒊𝒕𝒚 (%) =

𝒎𝒂𝒔𝒔 𝒐𝒇 𝒊𝒏𝒋𝒆𝒄𝒕𝒆𝒅 𝒎𝒂𝒕𝐞𝒓𝒊𝒂𝒍
𝒐𝒓𝒊𝒈𝒊𝒏𝐚𝒍 𝒎𝒂𝒔𝒔 𝒊𝒏 𝒔𝒚𝒓𝒊𝒏𝒈𝒆

𝒙𝟏𝟎𝟎

Equation 2-8

Fig 2-3 Example result from Injectability
test. a) The composite paste was
injected. b) Load decreased due
possibly to shear-thinning behavior of
the composites. c) Load increased as
the plunger reaching the end of syringe.
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2.3.3

Stability of the composite

2.3.3.1 Stability of the chemical components
To assess the stability of chemical components, FTIR of mixtures of components were
obtained to assess if any new chemicals were produced. These spectra were compared
with predicted spectra. The predicted spectra were generated from the FTIR spectrum
of each pure component using a modified Beer-Lambert law (equation 2-9) (Griffiths,
2002).

𝑨𝒔 = ∑𝑵
𝒊=𝟏 𝑨𝒊 𝑪𝒊

Equation 2-9

Where As is the absorbance of a mixture consisting of N components, Ai and 𝐶𝑖 are
absorbance and concentration of component i.

2.3.3.2 Predicted shelf life
To predict the shelf life of experimental bone composites, FTIR spectra of initiator pastes
were measured at temperatures of 50, 60, 70, and 80 C. Rate of polymerisation (𝑅𝑝 ) is
expected to be inversely proportional to 𝑡50 (time when monomer conversion reached
50%) which can then be expressed using an Arrhenius type equation (equation 2-10)
(Shim et al., 2005).

𝑹𝒑 ∝ 𝒕

𝟏
𝟓𝟎

𝑬𝒂

= 𝑨[𝒆𝒙𝒑(−𝑹𝑻) ]

Equation 2-10

In the following, 𝐴 is a frequency factor (mol-1s-1), 𝐸𝑎 is the activation energy (kJ/mol), R
is the universal gas constant, T is temperature (Kelvin).

Straight-line plots were

generated by using the logarithmic version of equation 2-11 which gives.

𝟏

𝑬𝒂

𝟓𝟎

𝑹𝑻

𝐥𝐧(𝒕 ) = 𝐥𝐧(𝑨) −

Equation 2-11
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From this relationship, 𝑡50 which was assumed to be the time at which spontaneous
polymerisation of initiator or activator paste of bone composites occurs at low
temperatures (4, 2, and 37 C) can be obtained by extrapolation.

2.3.3.3 Observed shelf life
To assess the actual shelf life of experimental bone composites, initiator and activator
pastes of composites were prepared and loaded into double-barreled syringes. They
were then stored at temperatures of 4, 25, and 37 C. At 1 day, 1, 3, 9, and 12 months,
the syringes were assessed for any solidification of composite pastes. If the pastes were
not solidified, a portion of the composites was mixed and polymerisation kinetics at 25
C determined by FTIR. The remaining composite was returned to its required storage
test condition.

2.3.4

Monomer conversion and calculated polymerisation shrinkage/

heat generation
2.3.4.1 Monomer conversion
An FTIR (Perkin-Elmer Series 2000, Beaconsfield, UK) with ATR (3000 Series RS232
,Specac Ltd., UK) was used to assess monomer conversion of the composites.
Unpolymerised composite pastes were placed in a metal circlip (1 mm depth and 10 mm
diameter) on the ATR diamond and covered with an acetate sheet. After spectra were
recorded for 10 s, dental composite was light cured for 40 s from the top surface with a
LED light curing unit (1,100-1,330 mW/cm2, Demi Plus, Kerr, USA). Bone composite
were cured chemically after mixing initiator with activator paste. FTIR spectra between
700-4000 cm-1 of the bottom surfaces of both dental and bone composite were recorded
for every 4 s at a resolution of 4 cm-1 (see for example Fig 2-4). The temperature was
controlled at 25 °C. The measurement time for dental composites and bone composites
were 20 min and 40 min respectively.
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Fig 2-4 FTIR spectra upon polymerisation obtained from the bottom of composites.

In this study, monomer conversion ( 𝐷𝑐 ) (Fig 2-5 A) was obtained using equation 2-12
(Aljabo et al., 2015).

𝑫𝒄 (%) =

𝟏𝟎𝟎(∆𝑩𝟎 −∆𝑩𝒕 )
∆𝑩𝟎

Equation 2-12

Where ∆𝐵0 and ∆𝐵𝑡 were the absorbance of the C-O peak (1320 cm-1) above
background level at 1335 cm-1 initially and after time t. Final peak height and degree of
monomer conversion were calculated by linear extrapolation of the data versus inverse
time to zero.

Additionally, rate of polymerisation (Rp, %.s-1) was calculated using

equation 2-13.

𝑹𝒑 =

𝐝𝑫𝒄
𝒅𝒕

Equation 2-13
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Where ∆𝐷𝑐 is the change of monomer conversion over time 𝑡 (13 data points). The

100

0.35

A

Rate of polymerisation
(%.s-1)

Monomer conversion (%)

maximum rate of polymerisation (Rpmax) was recorded (Fig 2-5 B).
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Fig 2-5 A) Example monomer conversion and B) rate of polymerisation versus time of an
experimental bone composite.

2.3.4.2 Calculated polymerisation shrinkage and heat generation
One mole of polymerising C=C groups typically gives volumetric shrinkage of 23 cm3/mol
and generates 57 kJ of heat (Dewaele et al., 2006). Total percentage volume shrinkage
(𝜑 ) (%) and heat generation ( 𝜖 ) (kJ/cc) due to the polymerisation process can be
calculated using the following equations (Main, 2013).

𝝋 = 𝟐𝟑(𝑴𝒇 )𝑫𝒄 𝝆 ∑𝒊
𝑫

𝒏 𝒊 𝒙𝒊
𝑾𝒊

𝒄
𝝐 = 𝟓𝟕(𝑴𝒇 )(𝟏𝟎𝟎
)𝝆 ∑𝒊

𝟏𝟎𝟎

𝒏 𝒊 𝒙𝒊
𝑾𝒊

Equation 2-14

Equation 2-15

where 𝑀𝑓 , monomer fraction; 𝐷𝑐 , monomer conversion (%); 𝜌 , composite density
(g/cm3); 𝑛𝑖 ; the number of C=C bonds per molecule; 𝑊𝑖 , molecular weight (g/mol) of each
monomer; 𝑥𝑖 , mass fraction of monomer.
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2.3.5

Mass and volume change

To assess mass and volume changes due to water sorption of composites, disc
specimens were prepared using metal circlips (1 mm in thickness and 10 mm in
diameter) as a mould (Fig 2-6). The sample was covered with an acetate sheet on top
and bottom surfaces. The composites were cured either by light (dental composites) or
chemical activation (bone composites). The disc was left for 24 hr to allow completion
of polymerisation. Then, it was carefully removed and any excess trimmed.

Fig 2-6 Disc sample of dental and bone composite

Disc specimens were subsequently weighed and immersed in a tube containing 10 mL
of deionised water or SBF. The tubes were incubated at 37 °C for up to 9 weeks. At
various time points, the samples were removed and carefully blot dried. Their mass and
volume were subsequently measured using a four-figure balance with a density kit
(Mettler Toledo, Greenfiled, Royston, UK) (Leung et al., 2005).

Samples were

subsequently placed back into the original storage solution. The percentage mass and
volume change, ∆M and ∆V, were determined from equation 2-16 and 2-17 respectively
(Mehdawi et al., 2013).

∆𝐌 (%) =

∆𝐕(%) =

𝟏𝟎𝟎[ 𝑴𝒕 −𝑴𝟎 ]
𝑴𝟎

𝟏𝟎𝟎[ 𝑽𝒕 −𝑽𝟎 ]
𝑽𝟎

Equation 2-16

Equation 2-17

where M0 and V0 is initial mass and volume, whilst Mt and Vt are mass and volume at
time t after immersion.
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2.3.6

Polylysine release

Polylysine (PLS) release of experimental dental and bone composites were assessed
using UV spectrometry and high-performance liquid chromatography (HPLC)
respectively.

2.3.6.1 Ultraviolet (UV) spectrometry
Disc specimen was stored in a tube containing 10 mL of deionised water. They were
stored in an incubator at 37 °C for up to 7 weeks. At each time point (1, 6 and 24 hr, 1,
2, 3, 4, 5, and 6 weeks), the storage solution was removed for analysis and replaced with
a fresh solution. A Trypan Blue (TB, Sigma Aldrich, Gillingham, UK) assay was modified
to enable analysis of the PLS concentration (Grotzky et al., 2010). Briefly, 80 ppm of TB
in 0.02 MES (4-Morpholineethanesulfonic acid, Sigma Aldrich, Gillingham, UK) / 0.03
NaCl (Sigma Aldrich, Gillingham, UK) was mixed with equal volume of sample storage
solution. Then, the resultant mix was stored at 37 °C for 1 hr to enable a precipitation
reaction between TB and the PLS. They were then allowed to cool to room temperature
for 20 min.

The mixture was centrifuged at 13000 rpm for 20 min using a centrifuge with a maximum
capacity of 4x750 ml (Sorvall Legend RT, ThermoFisher Scientific, MA, USA). The
remaining supernatant was carefully pipetted and analysed using an ultraviolet / visible
(UV) spectrometer (Unicam UV 500, Thermospectronic, Cambridge, UK). Absorbance
between 300 and 800 nm due to unreacted TB was recorded (Fig 2-7 A). This enabled
generation of a calibration curve of absorbance at 580 nm versus PLS concentration (2nd
batch) (Fig 2-7 B). The cumulative amount of PLS release (%) at time 𝑡 was then
calculated using equation 2-18.

% 𝑷𝑳𝑺 𝒓𝒆𝒍𝒆𝒂𝒔𝒆 =

𝟏𝟎𝟎[∑𝒕𝟎 𝑷𝒕 ]
𝒘𝑷𝑳𝑺

Equation 2-18
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Where 𝑤𝑃𝐿𝑆 is the amount of PLS (g) incorporated in the specimen, 𝑃𝑡 is the amount of
PLS released into each storage solution (g) collected at time 𝑡.

Fig 2-7 A) UV spectra of the standard PLS solutions and B) PLS concentration calibration curve of
absorbance versus PLS concentration.

2.3.6.2 High performance liquid chromatography (HPLC)
Disc specimens were immersed in 1 mL of deionised water and incubated at 37 C for
1, 6, 24, 48, 120 hr, then 1, 2, 3, 4, and 5 weeks. At each time point, the storage solution
was removed and replaced with a fresh solution. Chromatographic separation of the
storage solution was performed using Shimadzu HPLC systems (Shimadzu corporation,
Kyoto, Japan) in hydrophilic interaction liquid chromatography (HILIC) mode.

HILIC mode is a powerful HPLC technique to analyse polar compounds, charged
substances, carbohydrate, and peptides.

This mode employed traditional polar

stationary phase such as silica, whilst acetonitrile (ACN) is a commonly mobile phase
(Venkatasami and Sowa, 2010). Benefits of using ACN include miscibility with water,
low absorbance at short wavelength (< 280 nm), low pressure apply to column, and high
elution strength. The separation mechanism of an analyte in HILIC mode is not yet
concluded but the separation could be governed by a partition between ACN-rich mobile
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phase and water-enriched layer adsorbed onto the hydrophilic stationary phase
(Buszewski and Noga, 2012).

Stationary phase used in the current study was a Luna® NH2 Column (250 x 4.6 mm,
particle size of 5 µm, Phenomenax, Torrance, CA, USA). The column temperature was
controlled at 30 °C. Mobile phase was a mixture of solvent A (acetonitrile with 0.1 vol%
phosphoric acid) and solvent B (deionised water with 0.1 vol% phosphoric acid).
Phosphoric acid was added to enhance retention of polylysine, (pKb = 5), and improve
separation of the analyte. The separation was carried out with flow rate of 1 mL/min for
the mobile phase. The solvent gradient (vol%) of mobile phase is presented in Table 26.

Table 2-6 Concentration of mobile phases. Solvent A and B were acetonitrile with 0.1 vol%
phosphoric acid and deionised water with 0.1 vol% phosphoric acid respectively.

Concentration of mobile phase (vol%)
Time (min)
Solvent A

Solvent B

0-5

15

85

5 - 30

95

5

30 - 34

15

85

Injection volume of the sample was 200 μL. Absorbance at 210 nm was recorded.
Retention time for PLS was found to be at 19 - 27 min (Fig 2-8). The retention time of
PLS obtained from the 2nd batch (used in Chapter 3 to 7) and 3rd batch (used in Chapter
8) was broader than that of the 1st batch. This may indicate a variability of molecular
weight of PLS supplied from the manufacturer. The plots of concentration of PLS versus
the area under the curve between 19-27 min was used to generate a PLS calibration
curve (Fig 2-9).
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100 ppm PLS 3rd batch
100 ppm PLS 2nd batch
100 ppm PLS 1st batch
0 ppm PLS
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Fig 2-8 Chromatograms of PLS from different batches. Retention time of PLS from 2nd and 3rd batch
was broader than that of 1st batch.
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Fig 2-9 Plot of area under the curve of PLS retention time (19 – 27 min) versus concentration of PLS
(3rd batch).
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The cumulative amount of PLS release (%) at time t was then calculated using equation
2-18. The release of PLS was expected to follow a diffusion-controlled process and be
proportional to the square root of time. In plotting PLS release versus square root of
time (Fig 2-10), straight lines with a negative intercept on the y axis were observed due
to a delay before any release from the composite.
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Fig 2-10 Example of PLS release profiles from experimental bone composites.

Time at which the PLS was first released (delay time, td) was obtained from intercepts
on the x axis of the linear regression lines. A modified Fick’s equation (equation 2-19)
was then employed to calculate a diffusion coefficient (D, cm2s-1).

∆𝑷𝑳𝑺𝒕 = (∆𝑷𝑳𝑺𝒕→∞ )𝟐√

𝑫

𝝅𝒅𝟐

(𝒕𝟎.𝟓 − 𝒕𝟎.𝟓
𝒅 )

Equation 2-19

Where is ∆𝑃𝐿𝑆𝑡 and ∆𝑃𝐿𝑆𝑡→∞ are cumulative release (%) at time t and maximum
release at time infinity, d is sample thickness (m), and 𝑡𝑑 is delay time.
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2.3.7

Strontium release

To analyse Sr2+ release from experimental bone composites, disc specimens were
prepared and immersed in a tube containing 10 mL of deionised water. The specimens
were then incubated at 37 °C for 4 weeks. The storage solution was collected for
analysis and replaced with a fresh solution at 24 hr, 1, 2, 3, and 4 weeks. The collected
solution was mixed with 2% nitric acid. Sr2+ calibration standards were prepared using
the ICP-multi element standard solution XVI (Certipur Reference Materials, Merck KGaA,
Germany) (Fig 2-11). The standards contained Sr2+ concentrations of 1 ppm, 250 ppb,
100 ppb, 25 ppb, 10 ppb, 2.5 ppb, and 1 ppb. Interference ions for Sr2+ are alkali ions
such as sodium, potassium, and rubidium (Ying, 2015). The accumulative amount of
Sr2+ release from the sample was calculated using the equation 2-20.

% 𝑺𝒓 𝒓𝒆𝒍𝒆𝒂𝒔𝒆 =

𝟏𝟎𝟎[∑𝒕𝟎 𝑺𝒕 ]

Equation 2-20

𝒘𝑺𝒓

where 𝑤𝑆𝑟 is the initial amount of Sr2+ in the sample (g), 𝑆𝑡 is the amount of Sr2+ released
into storage solution (g) collected at time 𝑡 (hr).
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Fig 2-11 Calibration curve for Sr2+ release
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2.3.8

Surface apatite formation

2.3.8.1 Raman microscopy
Raman microscopy (Horiba Jobin Yvon, Paris, France) was employed to assess the
apatite formation on the composite surface. Disc specimens were immersed in tube
containing 10 mL of SBF and stored in an incubator at 37 °C for 24 hr, 1 week or 4 weeks.
At each time point, specimens were removed, blot dried and secured on glass
microscope slides. The specimens were excited by He-Ne laser of 633 nm through a
microscope of 50x objective. Surface point spectra were obtained in the region of 8001700 cm-1 using a confocal hole of 300 µm, giving an approximate spatial resolution of 5
µm in x, y and z directions. For single point spectra, the average of 20 spectra each of
10 s acquisition time was generated.

To obtain Raman maps, point spectra were obtained every 4 µm over an area of 40x50
µm2. After baseline subtraction, spectra were normalised over the full spectral range and
chemical maps generated using LabSpec 5 software. Using the full spectra of pure
components, this program enables chemical maps to be generated even when, as with
different phosphates, main peaks are partially overlapping. In the maps, different colours
indicate which chemical component is the dominant phase at a given point on the
material surface (Fig 2-12). The phosphate P-O stretch (v1PO4) gives intense peaks
which are shown in Fig 2-13.
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Fig 2-12 Example Raman mapping. Blue and green areas represent the polymer plus glass regions
versus an apatite coating respectively. Yellow and red areas represent regions of brushite and TSrP.
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2.3.8.2 Scanning electron microscope (SEM) and energy-dispersive X-ray microanalysis (EDX)
Disc samples were sputtered with gold-palladium using a coating machine (Polaron
E5000, East Sussex, UK) for 90 s at 20 mA. The sample was then examined under SEM
(Phillip XL-30, Eindhoven, The Netherlands) operating with primary beam energy of 5 kV
and a current of approximately 200 pA. Elemental composition of the specimen’s surface
was undertaken using energy-dispersive X-ray micro-analysis (EDX) (Inca X-Sight 6650
detector, Oxford Instrument, UK) with a beam energy of 20 kV. The ratio of Ca/Si and
Ca/P were recorded from three representative areas (20 x 20 µm) on the surface of the
samples (Aljabo et al., 2016).

2.3.9

Mechanical properties

Both bone and dental composite biaxial flexural strength and modulus of elasticity were
determined. Compressive strength and fatigue biaxial flexural strength testing were
additionally undertaken with the experimental bone composites.

2.3.9.1 Compressive strength
Bone composites were injected into a cylindrical stainless steel mould (6 mm in length
and 4 mm in diameter). They were covered with acetate sheets and left for 24 hr. Then,
specimens were removed, trimmed, and immersed in a tube containing 10 mL of SBF
and stored in an incubator at 37 °C for 24 hr prior to compression strength testing. The
test was performed using a universal testing machine (Intron 4502, Wycombe, UK) with
a 5 kN load cell at a cross head speed of 1 mm/min. Compressive strength (𝐶𝑠 ,Pa) was
calculated using the following equation (Tan et al., 2016).

𝑭

𝑪𝒔 = 𝝅𝒍𝟐

Equation 2-21

Where 𝐹 is load at failure (N), l is radius of specimen (m).
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2.3.9.2 Biaxial flexural strength (BFS)
Prior to testing, disc specimens were immersed in a tube containing 10 mL of SBF then
stored in an incubator at 37 °C for up to 4 weeks. A “Ball on ring” jig (Higgs et al., 2001)
(Fig 2-14A) was used with a computer-controlled universal testing machine (Shimadzu
AGSX, Kyoto, Japan) equipped with 2 kN load cell. The specimens’ thickness was
recorded using a digital vernier calliper (Moore & Wright, West Yorkshire, UK). The
sample was placed on a ring support (8 mm in diameter) (Fig 2-14). The load was
applied using a 4 mm diameter spherical ball indenter at 1 mm.min-1 crosshead speed.
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Fig 2-14 A) schematic of ball on ring test, B) example of force versus displacement diagram from
BFS testing.

The failure stress was recorded in N and the biaxial flexural strength ( S ; Pa) was
calculated using the following equation:

𝐒=

𝑭
{(𝟏 +
𝒅𝟐

𝒓
𝒅

𝝂) [𝟎. 𝟒𝟖𝟓𝒍𝒏 ( ) + 𝟎. 𝟓𝟐] + 𝟎. 𝟒𝟖}

Equation 2-22

Where 𝐹 is the load at failure (N), 𝑑 is the specimens thickness (m), 𝑟 is the radius of
circular support (m), and 𝜈 is Poison’s ratio (0.3).
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Then, the force versus displacement graph (Fig 2-14 B) was also used to calculate the
biaxial modulus of elasticity using equation 2-23 (Higgs et al., 2001).

𝜟𝑯

𝑬 = (𝜟𝑾 ) × (
𝒄

𝜷𝒄 𝒅𝟐
𝒒𝟑

)

Equation 2-23

Δ𝐻

Where 𝐸 is modulus of elasticity of the specimen (Pa), Δ𝑊 is rate of change of load with
𝑐

regards to central deflection or gradient of force versus displacement curve (N/m), 𝛽𝑐 is
centre deflection function and centre deflection junction (0.5024)(Higgs et al., 2001), q is
ratio of support radius to the radius of disc, and 𝑣 is Poison’s ratio (0.3).

2.3.9.3 Fracture toughness (KIC)
Fracture toughness testing protocol for bone composites was performed according to the
BS ISO 13586:2000, Plastics-Determination of fracture toughness (𝐺𝐼𝐶 and 𝐾𝐼𝐶 )- Linear
elastic fracture mechanics (LEFM) approach (British Standard, 2016). Beam specimens
were prepared by injecting the bone composites into a putty silicone mould, then covered
with an acetate sheet and left for 24 hr. They were removed and trimmed using a silicon
carbide paper (grit size 250-500). Crack was created using a diamond disc (Ilie et al.,
2012).

Dimension of the specimen (Fig 2-15) was verified using a digital Vernier calliper under
a stereomicroscope. Specimens were immersed in a tube containing 10 mL of SBF and
stored in an incubator at 37 °C for 24 hr. Testing was conducted using a three-point
bending testing jig with the universal testing machine (Shimadzu AGSX, Japan)
equipped with 2 kN load cell using a crosshead speed of 10 mm/min. The fracture
toughness (𝐾𝐼𝐶 , Pa.m1/2) was calculated using equation 2-24.
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L = 4w ± 0.1w
w/8 < j < w/2
u > 4.2w
w/4 < h < w/2
0.45w ≤ a ≤ 0.55w

Fig 2-15 Schematic of fracture toughness testing and required dimensions of specimen according
to BS ISO 13586:2000+A1:2003, Plastics-Determination of fracture toughness (GIC and KIC)-Linear
elastic fracture mechanics (LEFM) approach.

𝐊 𝐈𝐂 = 𝐟(𝛂) 𝐝

𝐅

Equation 2-24

√𝐰

Where 𝑑 is the specimen thickness (m), 𝑤 is the specimen width (m), 𝐹 is load at failure
𝑏
𝑑

(N), b is crack length (m), 𝛼 is , and 𝑓(𝛼) is the geometry calibration factor calculated
by using the following equation (British Standard, 2016).

𝒇 = 𝟔𝜶𝟏/𝟐

𝟏.𝟗𝟗−𝜶(𝟏−𝜶)(𝟐.𝟏𝟓−𝟑.𝟗𝟑𝜶+𝟐.𝟕𝜶𝟐 )
(𝟏+𝟐𝜶)(𝟏−𝜶)𝟑/𝟐

Equation 2-25
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2.3.9.4 Biaxial flexural fatigue testing
The fatigue testing protocol was modified from BS ISO 16402:2008, Implants for surgeryAcrylic resin cement-Flexural fatigue testing of acrylic resin cements used in
orthopaedics (British Standard, 2008). Specimens were immersed in a tube containing
10 mL of SBF, then stored in an incubator at 37 °C for 4 weeks prior the test. The testing
was performed in a glass container with circulated SBF at the controlled temperature of
37 ± 1 °C (Fig 2-16).

Five specimens were subjected to biaxial flexural strength testing using Zwick HC10
servo hydraulic testing frame (Zwick Testing Machine Ltd., Herefordshire, UK) equipped
with a 1 kN load cell using a crosshead speed of 1 mm/min (Pittayachawan et al., 2007).
BFS of the composites were calculated using equation 2-22. Then, a sinusoidal load of
5 Hz (Harmata et al., 2015) was applied to specimens using 80%, 70%, 60%, and 50%
of mean BFS (five specimens per each level of stress) (n=20).

Fig 2-16 Testing performed under circulated SBF at the controlled temperature of 37 ± 1 °C

The tests were continued until fracture occurred or the requisite number of load cycles
(100,000 cycles) had been applied. BFS was plotted against cycles of failure to generate
classical stress-number of cycle curve (S/N curve) (Fig 2-17). Failure cycle from 1st to
5th samples were plotted against BFS which therefore gave five S/N curves.

Mean of

gradient from the plots of 80 to 50 % of mean BFS versus failure cycles was obtained
(n=5) and used to compare fatigue performance (Koster et al., 2013). Furthermore,
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failure cycle at stress level of 10 MPa was obtained by extrapolating the regression line.
This value represents fatigue life (log cycle) of materials upon applying low stress that
may generate during normal movements such as flexion, lateral bending, or walking
(Rohlmann et al., 2010).
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Fig 2-17 Example of plot between stresses versus number of log (cycles) from biaxial flexural fatigue
testing to generate S/N curve.

2.3.10 Cytocompatibility test using MTS assay
Cytocompatibility of bone composites using bone marrow mesenchymal stem cells
(MSCS; obtained from a donor from Institute for Regenerative Medicine, Texas A&M
Health Science Center College of Medicine) were asssed using MTS assay. This test
was performed by Dr Caitriona O'Rourke.

Bone marrow mesenchymal stem cells

(MSCS) were cultured under standard conditions (37 °C, 95% air, 5% CO2, 95% relative
humidity) in minimum essential medium (MEM, Gibco, Life Technologies, Paisley)
supplemented with penicillin and streptomycin (100 U/mL and 100 mg/mL, respectively;
Sigma Aldrich, Gillingham, UK) and 10 vol% foetal calf serum (Sigma Aldrich, Gillingham,
UK) in standard cell culture flasks. Passage numbers 3-6 were used for studies.

Disc samples were sterilised using UV light. They were incubated in 600 µL of cell culture
media for 24 hr under standard conditions (controlled temperature of 37 °C, 95% air, 5%
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CO2, and 95% relative humidity). MSCS were seeded at a density of 30,000 cells/cm2
in a 96 well plate (n=5). After 24 hr, cell culture medium was replaced with conditioned
medium in which the disc specimens were immersed and incubated for 24 hours.

Cell

metabolic

activity

was

assessed

using

3-(4,5-dimethylthiazol-2-yl)-5-(3-

carboxymethoxyphenyl)-2-(4-sulfophenyl)-2H-tetrazolium MTS assay (CellTiter 96®
AQueous One Solution Cell Proliferation Assay, Promega, Southampton, UK). CellTiter
(20 µL) was added to each well containing cells immersed in 100 µL of conditioned
culture medium. Following 90 min incubation under standard conditions, absorbance
was measured at 490 nm using Infinite M200 plate reader (Tecan, Männedorf,
Switzerland). In all cases, controls that incorporated cells cultured on standard tissue
culture plastic was included.

2.3.11 Statistical analysis
All values and errors reported throughout this thesis were mean with 95% confidence
intervals (95% CI) respectively. SPSS Statistics version 24 for Window (IBM, USA) was
used for statistical analysis. Homogeneity of variance was assessed using Levene’s
test.

When variances were equal, data were analysed using one-way analysis of

variance (ANOVA) followed by post-hoc Tukey’s test for multiple comparisons.
Alternatively, the Kruskal-Wallis test followed by multiple comparison using Dunnett’s T3
tests was used if their variances were not equal (Hatamleh and Watts, 2010; Ender et
al., 2016; Hyun and Ferracane, 2016). The significance value was set at p = 0.05. Line
fitting for regression analysis was undertaken using the Linest function in Microsoft Office
Excel 2016 for Window.

Factorial analysis was used to assess the effect of variables on properties of composites.
A full factorial equation for two (equation 2-26) and three variables (equation 2-27) each
at high and low levels can be fitted using the following equations respectively (Mehdawi
et al., 2013).
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𝒍𝒏𝑷 =< 𝒍𝒏𝑷 > ±𝒂𝟏 ± 𝒂𝟐 ± 𝒂𝟏,𝟐

Equation 2-26

𝒍𝒏𝑷 = < 𝒍𝒏𝑷 > ±𝒂𝟏 ± 𝒂𝟐 ± 𝒂𝟑 ± 𝒂𝟏,𝟐 ± 𝒂𝟏,𝟑 ± 𝒂𝟐,𝟑 ± 𝒂𝟏,𝟐,𝟑

Equation 2-27

Where 𝑎1 , 𝑎2 , and 𝑎3 were the effect of each variable on the property 𝑃 of the
composites, < 𝑙𝑛𝑃 > is the average value of 𝑙𝑛𝑃 . The 𝑎1,2 , 𝑎1,3 , 𝑎2,3 , and 𝑎1,2,3 are
interaction effects. The percentage effect of each variable, 𝑄, can be calculated using
the following equation (Panpisut et al., 2016).

𝑸(%) = 𝟏𝟎𝟎 (𝟏 −

𝑮𝑯
𝑮𝟎

) = 𝟏𝟎𝟎(𝟏 − 𝐞𝐱𝐩(𝟐𝒂𝒊 ))

Equation 2-28

𝐺𝐻 and 𝐺0 are the geometric average property for the samples with the variable at its
high versus low value respectively. The effect of variable change was considered
significant if the magnitude of 𝑎𝑖 was greater than both its calculate 95% CI and
interaction terms.
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Chaper 3

UDMA / TEGDMA Dental Composites

containing Calcium / Strontium Phosphate and
Polylysine
N.B. : This chapter is the subject of this publication “Panpisut P, Liaqat S, Zacharaki E,
Xia W, Petridis H, Young AM (2016) Dental Composites with Calcium / Strontium
Phosphates

and

Polylysine.

PLoS

ONE

11(10):

e0164653.

doi:10.1371/journal.pone.0164653 ”.

3.1

Abstract

Purpose: The study aim was to produce remineralising (MCPM, TSrP) and antibacterial
(PLS) agent - containing dental composites that promote water sorption induced volume
expansion, surface apatite formation, and PLS release. High monomer conversion and
strength are also required.

Materials and Methods: Light curable monomers containing UDMA and TEGDMA were
mixed with powder using PLR of 4:1. Powder phase consisted of a dental glass (7 µm)
with /or without remineralising agents (10 wt% MCPM and 15 wt% TSrP) and /or PLS
(2.5 wt%). Monomer conversion was assessed using FTIR. Gravimetric study was
performed in water and SBF.

Surface apatite formation of the composites after

immersion in SBF for up to 4 weeks were analysed using Raman spectroscopy and SEM.
PLS release in deionised water was measured using UV-spectroscopy. Additionally,
biaxial flexural strength was assessed after immersion in SBF for 24 hr. A commercial
composite (Z250) was used for comparison.

Results: The additives decreased monomer conversion from 76 to 64 % but was always
higher than with Z250 (54%). The addition of these phosphates increased hygroscopic
expansion of the composites from 2 to 4 vol%. The higher of these was comparable to
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the calculated polymerisation shrinkage of (~ 3.4 vol%). These phosphates promoted
surface apatite formation after immersion in SBF. Thickness of these apatite layers after
4 weeks increased from ~ 10 to 20 μm upon the addition of PLS. Burst release of PLS
(3.7 %) was observed irrespective of phosphate addition. Although these additives
reduced strength of the experimental composites (from 154 to 104 MPa) they were all
still stronger than that required from ISO 4049 (>80 MPa after 24 hours immersion).

Conclusion: MCPM and TSrP promoted volume expansion and surface apatite
precipitation.

These are expected to help compensate inevitable polymerisation

shrinkage and remineralise demineralised dentine. Composites also showed release of
PLS at early time which may help to kill any residual bacteria.
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3.2

Introduction

As previously mentioned in Chapter 1, dental amalgam will be gradually phased down
as a consequence the 2013 Minamata agreement on mercury (Austin et al., 2016).
Dental composites will eventually become the only suitable direct restorative materials
for posterior restorations. The main problem of the composites is high risk of secondary
caries due to bacterial microleakage, which is enhanced by polymerisation shrinkage
and lack of antibacterial action.

To address these issues, remineralising and

antibacterial agents have been incorporated in dental composites.

High monomer conversion of dental composties is required to ensure high mechanial
properties and low risk of toxic monomers leaching. Studies showed that composites
contaning UDMA as the base monomer exhibited higher monomer conversion and
biaxial flexural strength than composites containing Bis-GMA (Walters et al., 2016). This
could be due primarily to the lower glass transition temperature of UDMA compared with
Bis-GMA (Sideridou et al., 2002). High monomer conversion, however, associates with
high polymerisation shrinkage.

Remineralising agents such as calcium phosphates previously promoted water sorption
enhanced volume expansion which may compensate the polymerisation shrinkage of
experimental dental composites (Aljabo et al., 2015). These compounds also enabled
calcium and phosphate ions release and surface apatite precipitation (Mehdawi et al.,
2013; Aljabo et al., 2016). These may help to remineralise the demineralised dentine
(Gandolfi et al., 2011) and fill gaps formed due to the shrinkage respectively.
Additionally, strontium has been used in glass ionomer cements and bioactive glass for
orthopaedic applications (Lippert and Hara, 2013; Shahid et al., 2014). It enhanced
radiopacity of the cements and apatite precipitation on the bioactive glass. Furthermore,
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it was found that strontium provided a synergistic antibacterial effect with fluoride (Lippert
and Hara, 2013).

The addition of phosphate compounds, however, reduced final

monomer conversion and strength of dental composites (Aljabo et al., 2015). This may
result in an increased risk of toxic monomer leaching and potential failure of the
restoration respectively.

Polylysine (PLS) is an FDA approved preservative and widely used in preserved package
food in Japan and South Korea. It has strong antimicrobial activity, high thermal stability
and safety (Bo et al., 2016; Shi et al., 2016). Hence, this compound may be beneficial
as an antibacterial agent for dental composites which could help to kill residual bacteria
and reduce bacterial microleakage.

3.3

Hypotheses

According to the literature described above, dental composites that can promote
remineralisation

and

antibacterial

actions

could

potentially

reduce

bacterial

microleakage. It was expected that remineralising and antibacterial agents - containing
dental composites can be produced by incorporation of MCPM, TSrP, and PLS.
Previous studies showed that dental composites containing UDMA as base monomer
exhibited higher conversion than dental composites containing Bis-GMA (Walters et al.,
2016).

It was therefore anticipated that monomer conversion of UDMA/TEGDMA

experimental dental composites would be higher than that of a commercial material
containing Bis-GMA as the base monomer.

Phosphates (MCPM with TCP) from 10 to 40 wt% were incorporated to enable
remineralising properties of UDMA/TEGDMA experimental composites in previously
published studies (Aljabo et al., 2015; Aljabo et al., 2016). The increase of these
phosphates reduced monomer conversion and increased hygroscopic expansion,
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chlorhexidine release, and surface apatite formation of the composites. High level of
phosphates (40 wt%), however, led to a reduction of composite’s strength. Composites
containing intermediate level of phosphate (20 wt%) in the previous studies exhibited
hygroscopic expansion comparable with polymerisation shrinkage without detrimentally
reduced monomer conversion and mechanical properties. Experimental composites in
this chapter will therefore contain 25 wt% of phosphates (PO; 10 wt% of MCPM and 15
wt% of TSrP). Hence, it was anticipated that the addition of 25 wt% PO will promote
hygroscopic expansion and surface apatite precipitation for experimental bone
composites without detrimentally reduced monomer conversion and mechanical
properties of the composites.

An alternative antibacterial agent is required due to concerns of developing antibiotic
resistance and severe allergic reaction of patients to chlorhexidine. Polylysine (PLS),
which is used as a food preservative that can provide antimicrobial actions, will be added
into the following experimental dental composites. It was hypothesized that the addition
of 2.5 wt% PLS will promote antibacterial agent release for the experimental composites.
PLS is hydrophilic homopolymer, hence, low level of this compound (2.5 wt%) will be
used to reduce possible detrimental effects on mechanical properties of the composites.
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3.4

Aims and objectives

The aim of this chapter was to develop novel PLS - releasing dental composites with
added remineralising agents (MCPM, TSrP) that promote water sorption induced volume
expansion and surface apatite formation. The objectives of this study were to assess:

1) Monomer conversion and calculated polymerisation shrinkage;
2) Water sorption induced mass and volume change;
3) Material induced surface apatite precipitation;
4) PLS release;
5) Biaxial flexural strength and modulus of elasticity of the experimental dental
composites.

Four formulations with and without 25 wt% phosphates (PO) and / or 2.5 wt% polylysine
(PLS) added to the powder phase were examined. A commercial dental composite
(Z250 shade B3, 3M, USA) was used for comparison.
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3.5

Materials and Methods

Experimental dental composites were prepared using a powder to liquid ratio of 4:1
(weight ratio). The liquid phase contained 70 wt% UDMA, 25 wt% TEGDMA, 1 wt% CQ,
and 1 wt% DMPT. The powder phase of each formulation is presented in Table 3-1.
The powder and liquid were weighed and mixed using a planetary centrifugal mixer at
3500 rpm for 10 s followed by 2000 rpm for 2 min. The resultant-mixture had consistency
similar to a commercial packable composite.

Table 3-1 Composition of powder phase of experimental composites.

7 µm glass
(wt%)

MCPM (wt%)

TSrP (wt%)

PLS (wt%)

PO25PLS2.5

72.5

10

15

2.5

PO25PLS0

75

10

15

0

PO0PLS2.5

97.5

0

0

2.5

PO0PLS0

100

0

0

0

Formulations

Monomer conversion was assessed using FTIR-ATR (n=5) at a controlled temperature
of 25 ºC. Mass and volume changes in water (n=3) and SBF (n=3) were measured using
a density kit, surface apatite formation after immersion in SBF (n=1) was assessed using
Raman spectroscopy and SEM, PLS release in deionised water using UV-spectroscopy
(n=3), and biaxial flexural strength tests after immersion in SBF for 24 hr (n=8) were
performed. All testing protocols were described in Chapter 2. Additionally, photographs
of post-cured disc specimens were taken to compare their translucencies. A commercial
dental composite (Z250 shade B3, 3M, USA) was used for comparison.

119

Chapter 3 Ca/Sr phosphates and PLS containing dental composites

3.6

Statistical analysis

Data were analysed using one way ANOVA and multiple comparison using Tukey’s test
or Kruskal-Wallis test followed by Dunnett’s T3 test (p = 0.05). Furthermore, two-variable
factorial analysis with low and high level of variables (equations 2-26,28) was used to
assess effect of phosphates (0 wt% versus 25 wt%) and polylysine (0 wt% versus 2.5
wt%) on monomer conversion, calculated polymerisation shrinkage, and biaxial flexural
strength of the experimental dental composites.

3.7
3.7.1

Results
Monomer conversion and calculated polymerisation shrinkage

Conversion of monomer in all materials rapidly increased to over 50% after exposure to
the curing light (Fig 3-1 A). The experimental composites exhibited significantly higher
monomer conversion (64 – 76 %) than Z250 (54 ± 3 %) (Fig 3-1 B). The conversions of
PO0PLS2.5 (74 ± 1 %) and PO0PLS0 (74 ± 1 %) were significantly higher than that of
PO25PLS2.5 (65 ± 1 %) and PO 25PLS0 (67 ± 1 %). The conversion of PO25PLS2.5 was
comparable to PO25PLS0. Additionally, PO0PLS0 had translucency similar to Z250 (Fig
3-1 C). Translucency of the cured experimental composites from highest to lowest were
PO0PLS0, PO0PLS2.5, PO25PLS0, and PO25PLS2.5 respectively.

Monomer conversion produced calculated polymerisation shrinkage of 3.1 (± 0.1), 3.2 (±
0.1), 3.5 (± 0.1), and 3.5 (± 0.1) vol% for PO25PLS2.5, PO25PLS0, PO0PLS2.5, and PO0PLS0
respectively (Fig 3-1 D). The shrinkages of PO25PLS2.5 and PO25PLS0 were significantly
lower than that of PO0PLS2.5 and PO0PLS0. Manufacturer did not supply the exact
composition of Z250, therefore, the shrinkage could not be calculated. Factorial analysis
(equations 2-26,28) indicated that final monomer conversion and calculated
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polymerisation shrinkage of the composites increased by 11 ± 2 % upon removal of PO
whilst the effect of PLS was negligible.
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Fig 3-1 (A) Monomer conversion versus time (light turned on at 10 s and cured for 40 s), (B) final
monomer conversion of each material, (C) light cured composite discs showing different
translucencies and (D) calculated polymerisation shrinkage. Lines indicate no significant difference
(p > 0.05). Error bars are 95% CI (n=5). Adapted from Panpisut P, Liaqat S, Zacharaki E, Xia W, Petridis
H, Young AM (2016) Dental Composites with Calcium / Strontium Phosphates and Polylysine. PLoS ONE
11(10): e0164653. doi:10.1371/journal.pone.0164653.g001.
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3.7.2

Mass and volume changes upon water sorption

Mass change of PO0PLS0 began to level off at 2 weeks, then reached final values of 1.4
± 0.1 and 1.0 ± 0.1 wt% in water and SBF respectively (Fig 3-2). Upon addition of PLS
(PO0PLS2.5), mass continued to increase, then reached final values of 2.0 ± 0.1 wt% and
1.7 ± 0.2 wt% in water versus SBF respectively. Upon addition of phosphates, the final
mass changes at 9 weeks in water and SBF were 0.0 ± 0.2 wt% and 1.5 ± 0.3 wt% for
PO25PLS0, and -0.6 ± 0.4 wt% and 2.0 ± 0.1 wt% for PO25PLS2.5. Difference in mass
change of PO 25PLS0 and PO25PLS2.5 in SBF versus in water were plotted. This gave
gradients of 0.039 (± 0.002) and 0.075 (± 0.005) wt%.hr-0.5 for PO 25PLS0 and PO25PLS2.5
respectively.

Conversely, volume changes of the composites in both solutions reached maxima and
then levelled off at late time (Fig 3-2). The final volume change of PO25PLS2.5, PO25PLS0,
PO0PLS2.5 and PO0PLS0 were (4.5 ± 0.2), (3.7 ± 0.1), (2.2 ± 0.2), (2.1 ± 0.1) vol% in
water, and (5.2 ± 0.1), (4.6 ± 0.1), (1.9 ± 0.1), (1.9 ± 0.1) vol% in SBF respectively.
Differences in final values in water versus SBF of PO25PLS2.5, PO25PLS0, PO0PLS2.5, and
PO0PLS0 were (0.7 ± 0.1), (0.9 ± 0.2), (-0.4 ± 0.1), (-0.1 ± 0.0) vol% respectively.
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Fig 3-2 Changes of composite’s mass and volume upon immersion in SBF or deionised water as a
function of square root of hour. Error bars are 95% CI (n=3). Adapted from Panpisut P, Liaqat S,
Zacharaki E, Xia W, Petridis H, Young AM (2016) Dental Composites with Calcium / Strontium Phosphates
and Polylysine. PLoS ONE 11(10): e0164653. doi:10.1371/journal.pone.0164653.g002.
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3.7.3

Apatite formation

At all immersion time points, only peaks attributed to glass and polymers were observed
from Raman spectra of PO0PLS2.5 and PO0PLS0 (data not presented). After one day
immersion in SBF, Raman spectra of PO25PLS2.5 and PO25PLS0 were dominated by
peaks for glass, polymer, and TSrP (Fig 3-3). The surface MCPM would have fully
dissolved so its peak was not visible. Raman maps at this time point of PO25PLS2.5 and
PO25PLS0 showed areas of apatite formation (green areas) (Fig 3-3). Additionally,
brushite (orange regions) were observed with PO25PLS2.5. The increase in intensity of
average Raman apatite peaks (960 cm-1) was more evident with PO25PLS2.5 than
PO25PLS0. At 1 week, an apatite layer (> 1 μm) was fully covering the underlying
PO25PLS2.5 composite. This, however, did not occur until 4 weeks with PO25PLS0.

No surface apatite formation was observed on the SEM images of PO0PLS2.5 and
PO0PLS0. A thin layer of surface apatite was detected on PO25PLS2.5 and PO25PLS0
samples at all timepoints of immersion (Fig 3-4). The apatite layer contained globules
which revealed a porous structure at higher magnification.

Size of globules and

dimension of cracks were used to estimate the thickness of the apatite layers. The
thickness of the layers on PO25PLS0 were approximately 1, 5 and 10 μm after 1 day, 1,
and 4 weeks respectively. At these time periods, the approximate thickness of the layers
on PO25PLS2.5 were 2, 10, and 20 μm.
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Fig 3-3 Acquired average Raman spectra and Raman maps from surfaces of PO25PLS2.5 and PO25PLS0
after immersion in SBF for 1 day, 1 week, and 4 weeks. Polymer plus glass regions and apatite are
represented by blue and green areas. Brushite and TSrP are represented by yellow and red areas.
MCPM was not observed in the mapping process. In both formulations, blues areas indicate polymer
and glass peaks between 1300 and 1500 cm -1are dominant in point spectra. A substantial increase
in the apatite scattering peak is observed with PO25PLS2.5 at 1 week, but this can be seen for both
formulations at 4 weeks. Adapted from Panpisut P, Liaqat S, Zacharaki E, Xia W, Petridis H, Young AM
(2016) Dental Composites with Calcium / Strontium Phosphates and Polylysine. PLoS ONE 11(10):
e0164653. doi:10.1371/journal.pone.0164653.g00.
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Fig 3-4 SEM images of PO25PLS2.5 and PO25PLS0 composite surfaces after immersion in SBF for 1
day, 1 week or 4 weeks. Adapted from Panpisut P, Liaqat S, Zacharaki E, Xia W, Petridis H, Young AM
(2016) Dental Composites with Calcium / Strontium Phosphates and Polylysine. PLoS ONE 11(10):
e0164653. doi:10.1371/journal.pone.0164653.g004.
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3.7.4

Polylysine release

PLS release of PO25PLS2.5 and PO 0PLS2.5 were not significantly different (Fig 3-5). A
burst release of polylysine at 6 hr was observed with PO25PLS2.5 (25 ± 2 ppm, 3.4 ± 1.0
%) and PO0PLS2.5 (23 ± 2 ppm, 4.0 ± 0.8 %). The gradients of PLS release versus
square root of hour after this burst were 0.26 ± 0.06 %.hr-0.5 and 0.23 ± 0.04 %.hr-0.5 for
PO 25PLS2.5 and PO0PLS2.5 respectively (R2 > 0.95).

Fig 3-5 Cumulative PLS release from the composite discs immersed in deionised water for up to 6
weeks. Error bars are 95% CI (n=3). Adapted from Panpisut P, Liaqat S, Zacharaki E, Xia W, Petridis H,
Young AM (2016) Dental Composites with Calcium / Strontium Phosphates and Polylysine. PLoS ONE
11(10): e0164653. doi:10.1371/journal.pone.0164653.g004.
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3.7.5

Biaxial flexural strength (BFS) and modulus of elasticity

Z250 (217 ± 22 MPa) and PO 25PLS2.5 (104 ± 3 MPa) exhibited highest and lowest BFS
respectively (Fig 3-6 A). BFS of PO25PLS0 (125 ± 4 MPa) and PO0PLS2.5 (127 ± 6 MPa)
were comparable but both were significantly lower than that of PO0PLS0 (154 ± 6 MPa).
The highest modulus of elasticity was obtained from Z250 (6.2 ± 0.4 GPa) but this was
comparable to PO0PLS0 (5.7 ± 0.3 GPa) (Fig 3-6 B). PO25PLS2.5 (5.0 ± 0.1 GPa) showed
the lowest modulus which was comparable to that for PO25PLS0 (5.5 ± 0.4 GPa) and
PO0PLS2.5 (5.5 ± 0.3 GPa).

Factorial analysis (equations 2-26,28) indicated that BFS of experimental composites
was increased by 23 ± 5 % and 20 ± 4 % upon removal of PO and PLS respectively.
Conversely, these additives had insignificant effect on modulus of elasticity of the
experimental composites.
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Fig 3-6 A) Biaxial flexural strength and B) modulus of elasticity of composites. Same letters indicate
no significant difference (p > 0.05). Error bars are 95% CI (n=8). Adapted from Panpisut P, Liaqat S,
Zacharaki E, Xia W, Petridis H, Young AM (2016) Dental Composites with Calcium / Strontium Phosphates
and Polylysine. PLoS ONE 11(10): e0164653. doi:10.1371/journal.pone.0164653.g006.
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3.8

Discussion

The chapter developed novel dental composites containing remineralising (Ca / Sr
phosphates) and antibacterial (polylysine) agents. Monomer conversion with calculated
polymerisation shrinkage, mass and volume changes upon water sorption, polylysine
release, surface apatite formation, and early mechanical properties of the composites
were assessed.

3.8.1

Monomer conversion

The release of unreacted monomers due to insufficient monomer conversion of dental
composites may cause toxicity, allergic reaction, and shift the ecology of dental biofilm
toward high cariogenicity (Gupta et al., 2012; Esteban Florez et al., 2016; Nedeljkovic et
al., 2016b). The eluted monomers were significantly reduced when the final conversion
of dental composites was greater than ~ 50 % (Durner et al., 2012; Lempel et al., 2014).
The conversions of the experimental composites in the current study were greater than
this critical level and in accordance with that of light cured commercial dental composites
(50 – 70 %) reported in published studies (Marovic et al., 2015; Yu et al., 2017).
Furthermore, the conversion of Z250 in this study was consistent with that obtained from
published studies using a similar technique (de Oliveira et al., 2015; Zorzin et al., 2015).

Monomer composition plays an essential role in determining final monomer conversion
of dental composites. Monomer conversion of UDMA/TEGDMA dental composites in
the current studies was higher than that of Z250 (which contains Bis-GMA as primary
base monomer).

Generally, high monomer conversion is obtained from polymers

containing flexible and low glass transition temperature (Tg) monomers. Tg of TEGDMA,
UDMA, and Bis-GMA monomer reported by Sideridou et al. (2002) were -83, -35, and 8 °C respectively. The same study reported final conversions at room temperature of
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76%, 67%, and 39% for TEGDMA, UDMA, and Bis-GMA homopolymers respectively.
The ranges of these final conversions are consistent with the conversions observed from
the experimental composites and Z250.

Monomer conversions in this thesis were obtained with specimen thickness of 1 mm.
Studies have demonstrated that the conversion of Z250 was decreased significantly
when the thickness was > 1 mm (Lempel et al., 2014; Aljabo et al., 2015). Conversion
of greater than 50% with a thickness up to 4 mm was observed, however, with
composites using a similar monomer composition (Aljabo et al., 2015) to this present
study. This result may facilitate the bulk placement of experimental composites, in
contrast to the control commercial material which needs to be placed incrementally to
ensure sufficient monomer conversion. Such a layering process may increase the risk
of voids entrapment affecting clinical outcomes of the restoration (Abbas et al., 2003).

The addition of phosphates and PLS negatively affected monomer conversion of
experimental composites. This might be the result of enhanced light scattering due to
the mismatch of refractive indices between monomer and fillers in the composites. The
refractive index of the UDMA/TEGDMA mixture, glass, TSrP, MCPM, and PLS were
approximately 1.47, 1.46, 1.65, 1.54, and 1.42 respectively (Antonucci et al., 1991;
Richert et al., 2004; Fujita et al., 2005; Yang et al., 2006). Any monomer / filler mismatch
of refractive indices may decrease the light transmission, thereby reducing monomer
conversion (Howard et al., 2010). This subsequently reduced calculated polymerisation
shrinkage in formulations with phosphates addition (PO25PLS2.5 and PO25PLS0).

A previous study (Aljabo et al., 2015) has demonstrated good agreement between
calculated and experimental polymerisation shrinkage. The shrinkage of experimental
composites in this chapter are comparable to previous studies with composites of similar
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composition (Walters et al., 2016).

The calculated shrinkage of the experimental

composites was slightly higher than that of ~ 2 vol% observed previously with Z250
(Nagem Filho et al., 2007; Boaro et al., 2013).

The shrinkage of experimental

composites, however, fell within the range of polymerisation shrinkage observed with
other commercial dental composites (2- 4 vol%) (Yu et al., 2017).

3.8.2

Mass and volume changes

Under a clinical environment, a dental composite restoration is continuously exposed to
various oral fluids leading to water sorption.

The water-plasticised and expanded

polymer network results in reduction in mechanical and physical properties (Ferracane,
2006; Sideridou et al., 2007). This water is, however, required to enable the release of
remineralising and antibacterial components (Mehdawi et al., 2013; Zhang et al., 2016a).
Mass changes upon water sorption of a dental composite is usually a diffusion-controlled
process (Wei et al., 2011). Therefore, the results in the above study were plotted versus
the square root of time.

Water sorption increased the composite mass and dissolved the components enabling
their release.

The dissolution of MCPM produces phosphoric acid and dicalcium

phosphate. The latter can precipitate as lower density brushite that binds with water.
The phosphoric acid can be released from the composite to etch and aid tooth bonding
or react with tristrontium phosphate forming distrontium phosphate

Mass changes observed with PO0PLS2.5 and PO0PLS0 in this study were not influenced
by the storage solution. Mass changes of these composites were also comparable to
those observed with commercial composites (Wei et al., 2013). In contrast, the mass
change of phosphates-containing composites (PO25PLS2.5 and PO25PLS0) were strongly
influenced by the storage solution. The net mass loss of composites in deionised water
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could be the result of imbalance between components loss and mass gain due to water
sorption.

Surface apatite precipitation may help to counteract the mass loss of

PO25PLS2.5 and PO25PLS0 in SBF. The difference in mass change in water versus SBF
of PO25PLS2.5 was higher than that of PO25PLS0. This may imply that PLS enhanced
apatite precipitation for the composites.

The addition of phosphates showed a significant effect on volume changes. The possible
explanation for this might be the formation of low density brushite inside the composite.
Previous suggestions are that this may lead to expansion of the surrounding polymer
matrix (Mehdawi et al., 2009; Mehdawi et al., 2013). Furthermore, the 1% difference in
volume change observed at late time with PO25PLS2.5 and PO25PLS0 in water versus in
SBF would be consistent with a 10 μm layer of apatite. This would be expected to help
remineralisation of >10 μm depth of surrounding acid affected dentine.

The final volume expansion of experimental composites with phosphates was
comparable to the calculated polymerisation shrinkage. The expansion could potentially
help to balance the shrinkage and to relieve shrinkage stress (Meriwether et al., 2013;
Park and Ferracane, 2014), thereby reducing marginal gaps and adhesion failure.

3.8.3

Apatite formation

The apatite precipitation on the composite surface was expected to help seal gaps at the
tooth-restoration interface and remineralise any demineralised dentine. Blood plasma
diluted with water has been used as a simulated dentinal fluid for various in vitro studies
(Ozok et al., 2002; Qin et al., 2006; Qin et al., 2011). Furthermore, SBF has similar ions
concentration to blood plasma and has commonly been used to assess the apatite
forming ability of materials (Yan et al., 2011; Brauer, 2015).
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The addition of PO promoted surface apatite formation for experimental dental
composites. Additionally, replacement of TCP and CHX in a previous study (Aljabo et
al., 2016) by TSrP and PLS did not remove apatite forming ability of the new composites
in this chapter. The benefit of TSrP and PLS compared with the original additives would
be the enhanced radiopacity and eukaryotic cell compatibility for the composites
respectively (Hidalgo and Dominguez, 2001; Fischer et al., 2003; Shahid et al., 2014).

The addition of PLS was found to promote the precipitation of surface apatite. The
positively charged lysine from PLS in addition to water sorption may have encouraged
the mineral release and could have attracted a negatively charged pro-nucleation cluster.
This may have increased the nucleation sites and subsequently enhanced apatite
precipitation (Nudelman et al., 2010). The rapid formation of apatite would be expected
to enable immediate remineralising of any residual demineralised dentine and help to
minimise gap formation at the tooth-restoration interface. The thicknesses of apatite
layers in the above study were ~10 μm. This is comparable to gaps previously observed
due to polymerisation shrinkage (Benetti et al., 2015).

3.8.4

Polylysine release

Chlorhexidine has been added in dental materials to reduce bacterial accumulation or
prevent enzymatic degradation of hybrid layers at the resin-dentine interface (Frassetto
et al., 2016; André et al., 2017). An increase of antibiotic resistance, and severe allergic
reactions to this agent have been reported in recent studies (Kulik et al., 2015;
Pemberton, 2016; Saleem et al., 2016). Additionally, studies have demonstrated that
high release of CHX was obtained only when calcium phosphate or a hydrophilic
monomer was added (Mehdawi et al., 2013; Aljabo et al., 2016).
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The addition of PLS enabled PLS release from experimental composites. The release
of PLS in this study was not dependant on the level of PO addition. This might be due
to the fact that PLS itself was able to promote water sorption due to its high water
solubility compared to CHX. Furthermore, PLS is a polyelectrolyte (Lubbert et al., 2005).
Upon exposure to aqueous solutions, the polymer chains of polylysine will become
positively charged and generate repulsive forces between the monomer units. This may
lead to polymer chain extension and movement of PLS chain from dental composites
into the surrounding liquid. The release of PLS in the current study can be explained
using equation 3-1 which was modified from equation 2-19.

𝟐𝑫𝒕

∆𝑷𝑳𝑺 = ∆𝑷𝑳𝑺𝟎 + ∆𝑷𝑳𝑺∞ √𝝅𝒅𝟐

Equation 3-1

Where ∆𝑃𝐿𝑆; the change in cumulative PLS in the solution, ∆𝑃𝐿𝑆0; early burst release,
∆𝑃𝐿𝑆∞; maximum change in the solution, D; PLS diffusion coefficient, t; time, d; sample
thickness. PLS on the surface of composite may dissolve leading to early burst release.
In the 10 mL of storage solution this gave 23 – 25 ppm which in one study was greater
than minimum inhibitory concentration (20 ppm) of PLS for Streptococcus mutans, which
is one of the cariogenic bacteria (Badaoui Najjar et al., 2009). Although bacterial killing
is more difficult on surfaces where bacteria form biofilms. The limited level of water in
dentinal tubules could lead to much higher PLS concentrations. This early PLS release
therefore has potential to reduce the growth of residual cariogenic bacteria in a cavity.

3.8.5

Biaxial flexural strength and modulus of elasticity

Sufficient strength of a dental composite is required to ensure successful restoration.
The commonly used standard, BS ISO 4049, requires a mean minimum three point
flexural strength of 80 MPa from specimens stored in water for 24 hr (British Standard,
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2009). It has been shown that the flexural strength from biaxial flexural test was more
consistent and comparable to that of three-point bending test (Pick et al., 2010). Hence,
the results from experimental composites in this study should pass the standard.

Mean BFS values of experimental composites (104 – 154 MPa) were in the range of that
obtained from commercial materials in other studies (80 – 160 MPa) (Randolph et al.,
2016). Furthermore, the mean BFS values were comparable or higher than those
reported for calcium phosphates-containing composites in other published works (20 –
33 MPa) (Marovic et al., 2014), (70 MPa) (Cheng et al., 2016), (60 – 90 MPa)(Zhang et
al., 2016a). The addition of PO and PLS decreased the BFS of the experimental
composites.

This could be due to the combination of the decrease in monomer

conversion, the increase in water sorption, and the lack of adequate chemical bond
between these additives and the polymer matrix (Ferracane, 2006).

A strong interfacial bond between the inorganic filler and polymer matrix is usually
obtained

through

the

use

of

a

silane

coupling

agent

such

as

methacryloxypropyltrimethoxysilane (Sideridou and Vouvoudi, 2015). The additives in
the current study were not silane treated to enable their reaction and release. A chemical
bond between PO / PLS and polymer matrix may develop through the bifunctional
monomer (4-META). This chemical bond may, however, not suffice to provide significant
benefit to mechanical properties. Additionally, the releasing of components and higher
water sorption may affect the long-term mechanical properties of the composites. With
the provided level of PO, a previous study suggested that the degree of reduction in
strength was no more than that observed with Z250 (Aljabo et al., 2015). This could be
due to the formation of high-density dicalcium phosphates in the pores left after the
release of reactive fillers (Mehdawi et al., 2013).

135

Chapter 3 Ca/Sr phosphates and PLS containing dental composites

3.9

Conclusions

This study developed light cured Ca/Sr phosphates - and polylysine - containing dental
composites.

The addition of phosphates induced hygroscopic expansion that was

comparable to the calculated polymerisation shrinkage. The additives also promoted
apatite formation, which may help to reseal any restoration gaps in addition with the
potential to remineralise any demineralised dentine. Furthermore, the burst release of
polylysine may help to kill any residual bacteria.

Although addition of these fillers

decreased the final monomer conversion and strength of the composites, these
properties were still within an acceptable range.
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Chaper 4

Effect

of

Powder

to

Liquid

Ratio,

Polypropylene Glycol Dimethacrylate (PPGDMA) level,
and Glass Particle Size on Rheological Properties and
Physical Stability of Novel Bone Composites
4.1

Abstract

Purpose: This study modified dental composite formulations to develop Ca/Sr
phosphate (MCPM, TSrP) and antibacterial polylysine (PLS) - containing injectable bone
composites for vertebroplasty. The composites should exhibit rheological properties
such as shear-thinning to facilitate ease of injection. Additionally, the composites should
become a solid-like fluid at rest to ensure no phase separation upon long-term storage.
Variables most likely to strongly affect rheological properties of the pre-cured bone
composites such as powder to liquid ratio (PLR), PPGDMA diluent level, and glass filler
size were examined.

Materials and Methods: Experimental bone composites with varying PLR (3:1, 2.6:1,
2.3:1), diluent monomer (PPGDMA) (75, 50, 25 wt%), and glass filler size (7 µm, 0.7 µm,
and equal masses of 7 and 0.7 µm) but no initiator or activator were added. Dynamic
strain and frequency sweep measurements using an oscillatory strain-controlled
rheometer were performed to assess viscoelastic properties of the composite pastes.
Then, a steady flow curve was undertaken to assess changes of composite’s viscosities
upon increasing shear rate. A commercial bone composite (Cortoss) was used for
comparison.

Results: The pre-cured bone composites exhibited solid-like behaviour when low strain
and frequencies were applied. At low strain, storage modulus of experimental bone
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composites containing high PLR and small glass filler size was comparable to Cortoss.
Greater liquid like behaviour was observed upon increasing the strain or frequency
above a critical value. Increasing PLR and decreasing glass particle size increased
storage modulus and critical strain of the composites respectively. Viscosities of all
materials decreased upon increasing shear rate (shear-thinning).

Viscosity of all

experimental bone composites were lower than that of Cortoss. Raising PLR and
decreasing PPGDMA level increased viscosity of experimental bone composites.

Conclusion: The experimental bone composites were viscoelastic fluids. Increase of
PLR and decrease of glass filler size enhanced solid-like behaviour of the composites.
This may ensure long-term paste stability. Viscosity of the composites was mainly
affected by PLR and level of PPGDMA. Furthermore, the composites exhibited shearthinning behaviour which is desirable for an injectable material.
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4.2

Introduction

Vertebroplasty and kyphoplasty procedures involve injection of a bone cement through
a fine cannula into the collapsed vertebra. It has been shown that viscosity of a bone
cement affects bone-composite interdigitation, cement distribution, injected volume, and
risk of cement extravasation (Nieuwenhuijse et al., 2010). Lewis (2011) suggested that
viscosity of the cements should be sufficiently low to allow penetration of the cement
through a cannula and the cancellous bone but not too low to permit extravasation.

A concern of currently used PPMA cements is the rapid changing of viscosity after
mixing. The cements exhibit low viscosity initially but this was rapidly increased with
time (Farrar and Rose, 2001; Baroud et al., 2006). The limited time of suitable viscosity
for PMMA cements may therefore complicate clinical application. This could lead to poor
cement distribution or cement leakage (Baroud et al., 2006).

A major advantage of recently developed bone composites is a better controlled rheology
compared to PMMA cements. Bone composites are a suspension of inorganic particles
in organic matrix. Hence, long-term paste stability is of concern as fillers in composite
pastes could sediment under various conditions such as changes of temperature or
stress induced by vibration during shipment (Tadros, 2004).

The combination of inorganic fillers and monomers enables optimisation of composites
viscoelastic properties (Alenezi et al., 2017), which is required for injectable materials.
Such composites exhibit rheological behaviour between that of elastic (solid) and viscous
(liquid) materials (Al-Ahdal et al., 2014). The mixtures of properties lead to complex
behaviours such as shear-thinning (viscosity decreases upon increasing shear rate),
thixotropy (viscosity depends on time), or yield stress (flow is not initiated if the applied
the stress is insufficient)(Mari et al., 2014). The response characteristic to external force
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or frequency of viscoelastic materials mainly depends on the absolute value and ratio of
elastic and viscous behaviour. These properties are complex and may be difficult to
control.

Studies assessed rheological properties of such materials using several

methods. Oscillatory rheological test is one commonly used methods for assessing solid
and viscous behaviour of injectable composites (Al-Ahdal et al., 2014; Borhan et al.,
2016).

Rheological properties of composites are complex and governed by multiple factors.
Examples of these factors are monomer compositions, filler compositions, and the
interactions between filler particles and resin matrix. Ellakwa et al. (2007) demonstrated
that increase of diluent monomer (TEGDMA) decreased viscosity of flowable (injectable)
composites. The increase of this diluent monomer, however, is also associated with an
increased polymerisation shrinkage. Previous studies revealed that replacing PPGDMA
with TEGDMA increased final monomer conversion and reduced polymerisation
shrinkage of experimental composites (Main, 2013; Khan, 2015; Walters et al., 2016).
This was primarily due to the higher molecular weight and lower density of methacrylate
groups of PPGDMA compared with TEGDMA.

The viscosity of flowable composites was also increased by an increase of filler content,
the addition of irregular surfaces, or the incorporation of glass fibres (Lee et al., 2008).
Furthermore, Beun et al. (2009) revealed that an increase of weight fraction of microfiller
(diameter of 0.1 µm) to macrofiller (diameter of 1 µm) increased viscosity of flowable
composites. The authors explained that high surface area of small particle attributed to
the increase of viscosity of the composites.
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4.3

Hypotheses

It was expected that injectable bone composites can be developed by modifying dental
composite formulations. Powder to liquid ratio of the bone composites in this chapter
was reduced from 4:1, which was used in dental composites in previous chapter, to 3:1,
2.6:1, or 2.3:1 (mass ratio). These ratios were a range that enabled adequate flow
through a syringe with relatively narrow tips (diameter of ~ 2 mm). Diluent monomer
used in the bone composites was PPGDMA due to the benefits described above. Glass
particle size was also decreased from 7 to 0.7 µm to improve physical stability (reduce
particle sedimentation) of bone composite pastes.

According to literature, flowable dental composites showed viscoelastic properties. It
was therefore anticipated that bone composites will also exhibit viscoelastic properties.
High physical stability of the paste at rest (i.e. when composites are exposed to minimum
strain/frequency) is required to prevent sedimentation of powder phase and ensure long
shelf-life of the bone composites. Hence, bone composites should exhibit more solidlike behaviour upon applied low strain or frequency. During injection, however, the
composites should be transformed from a solid-like to liquid-like fluid to facilitate the
injection of materials. This may additionally improve the infiltration of the composites
into the porous bone which could subsequently enhance bone integration.

According to literature, factors that could affect rheological properties of bone
composites include powder to liquid ratio (PLR), diluent monomer PPGDMA level, and
glass particle size.

It was, therefore, expected that increasing PLR, decreasing

PPGDMA diluent level and glass filler size would enhance solid-like behaviour of the
composites. The consequence of these changes would be an increased viscosity of the
bone composites. Hence, the bone composite pastes should exhibit shear-thinning
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behaviour so that their viscosity could be decreased upon increasing shear rate to
facilitate ease of injection.

4.4

Objectives

The aim of this study was to develop injectable bone composites that exhibit long-term
paste stability (no sedimentation) and viscosity that is suitable for injection.

The

objectives were to assess the effects of composite powder to liquid ratio (PLR), diluent
PPGDMA level, and glass filler sizes on rheological properties of the bone composites.
The level of MCPM and TSrP in the filler phase are as in Chapter 3 but the level of PLS
has been doubled to counteract the effect of using lower total powder contents to control
flow. A commercial bone composite (Cortoss, Stryker, Newbury, Berkshire, UK) was
used for comparison.
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4.5
4.5.1

Materials and Methods
Material preparation

Powder to liquid ratios (mass ratio) were 3:1, 2.6:1, or 2.3:1. These PLR were lower
than with the dental composites to enable production of more fluid and readily injectable
pastes. The liquid phases, before mixing with the powder phase, contained varying
weight ratios of UDMA: PPGDMA (70:25, 45:50, 20:75 wt:wt%) with a fixed level of
HEMA (5 wt%)(Table 4-1). HEMA was added to improve surface wettability (Sellenet et
al., 2007). In the bone composites HEMA was used instead of 4-META due to
interactions between 4-META and the bone composite activator (observed after mixing)
causing monomer instability (precipitation). Initiator and activator were not added at this
stage to prevent possible solidification in the rheometer but are expected to have little
effect on rheology due to their low levels.

Powder phases contained 70 wt% glass filler (0.7, 7 µm, or equal mass of 0.7 and 7 µm)
with the remainder a fixed level of MCPM (10 wt%), TSrP (15 wt%), and PLS (5 wt%).
The liquid and powder were weighed using a four-figure balance. The composites were
mixed using a planetary mixer (SpeedMixer, DAC 150.1 FVZ, Hauschild Engineering,
Germany) at 2000 rpm for 2 min. An apparent viscosity of the mixed composite pastes
was recorded.
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Table 4-1 Formulations of experimental bone composites for rheological test. Liquid phase
contained fixed level of HEMA (5 wt%). Powder phase contained fixed level of active fillers (10 wt%
MCPM, 15 wt% TSrP, and 5 wt% PLS.

Powder to
liquid (R)
Formulations
Mass ratio

PPGDMA
(P)

UDMA
(U)

wt% of monomers
in liquid phases

Glass filler
(G)
particle size and wt% in
powder phase
0.7 µm
7 µm

R3P75G7

3:1

75

20

0

70

R3P75G0.7

3:1

75

20

70

0

R3P25G7

3:1

25

70

0

70

R3P25G0.7

3:1

25

70

70

0

R2.6P50G7/0.7

2.6:1

50

45

35

35

R2.3P75G7

2.3:1

75

20

0

70

R2.3P75G0.7

2.3:1

75

20

70

0

R2.3P25G7

2.3:1

25

70

0

70

R2.3P25G0.7

2.3:1

25

70

70

0

4.5.2

Rheological testing

Rheological properties of the experimental bone composites were measured using a
strain-controlled oscillatory rheometer (ARES, TA instruments, DE, USA) with parallel
plate geometry (25 mm in diameters). Composite pastes (n=2) were placed at the centre
of the geometry. The distance between plates was set at 1.0  0.2 mm. After loading,
the pastes were allowed to rest for 30 min before the test was started to ensure
dissipation of any preshearing due to manipulation and loading of the pastes.

Dynamic strain and frequency sweep measurements were performed to assess
viscoelastic properties of the composite pastes. For the strain sweep measurement,
applied strain was increased from 0.008 % to 10 % while the oscillating frequency was
fixed at 6.28 rad/s (Serra-Gómez et al., 2016). The frequency sweep measurement was
performed by increasing angular frequencies from 0.05 to 100 rad.s-1 with the strain fixed
at 0.05 %. Storage and loss modulus (G' and G"), tangent of phase angle (tan;  is ratio

144

Chapter 4 – Rheological properties of pre-cured novel bone composites

of G" over G') (equations 2-1 to 2-6) and critical strain (strain when G' is declined) were
measured.

Finally, a continuous shear experiment (flow curve measurement) was

undertaken to assess viscosity (equation 2-7) of the composite pastes with the shear
rate ranging from 0.001 to 1 s-1 for 90 s and from 1 to 100 s-1 for 60 s. All tests were
performed at a controlled temperature of 30 ºC.

Storage modulus (G') represents the ability of materials to store energy without a phase
difference between stress and strain. G' represents elastic component or the solid-like
behaviour of fluids whereas G" represents viscous component or liquid-like behaviour.
G' higher than G" indicates that materials are solid-like fluids. This can be additionally
described using tan which is the tangent of phase angle (tan = G" / G'). Strong
interaction between filler and resin matrix is observed with solid-like fluids (i.e. wellstructured fluid). Dropping of G' at certain strain level (critical strain) indicates the
disruption of fluid structure or physical / chemical bonds between fillers and resin matrix.
High G' and critical strain therefore indicates more solid-like materials. Beyond this
critical strain, G' drops more than G" leading to an increase of tan and the materials
become more liquid-like.

4.6

Statistical analysis

Three variables with two levels factorial design (equations 2- 27,28) were employed to
assess the effect of PLR (3:1, 2.3:1), PPGDMA level (75, 25 wt%), glass particle size (7,
0.7 µm) on storage modulus and critical strain from strain/frequency sweep
measurements in addition to viscosity from flow curve measurement.
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4.7
4.7.1

Results
Apparent viscosity

Simple visual inspection and manipulation of pastes enabled a crude estimation of
relative paste viscosity and stability to sedimentation. Apparent viscosity of R3P25G0.7
was comparable with that of Cortoss (Table 4-2). R3P75G0.7, R3P25G7, and R2.3P25G0.7
were of intermediate viscosity obviously higher in viscosity than all other composites. On
average, the experimental composites containing 25 wt% of PPGDMA had higher
apparent viscosity than the composites containing a higher level of this low viscosity
diluent monomer. Furthermore, using small glass filler (0.7 µm) increased the apparent
viscosity of the composite pastes.

Poor wetting was observed with R3P25G0.7 resulting in a very dry and crumbling paste.
Conversely, high fluidity, large particle size and lack of sufficient paste structure with
R2.3P75G7 and R2.3P25G7 enabled sedimentation of powder phases after storage at 4 ºC
for 24 hr.

Table 4-2 Apparent viscosity and stability of the mixed composite pastes. Light, medium, and dark
shades represent low, medium, and high apparent values respectively. Stars indicate sedimentation
of the composite paste after storage in a fridge for 24 hr.

Variables

PLR
(mass
ratio)
PPGDMA
(wt%)
Glass filler
(µm)

Viscosity

3:1

2.6:1

75
7

25
0.7

7

2.3 :1

50
0.7

7+0.7

75
7
*

Cortoss

25
0.7

7

0.7

*
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4.7.2

Strain sweep measurement

The strain-sweep curve of composites indicated that storage modulus (G) and loss
modulus (G) remained unchanged (i.e. exhibited a linear viscoelastic region) at low
strain but declined above a critical strain (Fig 4-1). When reaching these critical strains,
G of the composites dropped more than G leading to an increase in tan above 1.
This was particularly evident with sediment formulations (R2.3P75G7 and R2.3P25G7). This
rise of tan upon increasing of strain was however not evident with Cortoss.
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Fig 4-1 Storage modulus (G'), loss modulus (G"), and tangent of phase angle (tan) plotted on loglog scales from strain sweep measurement of experimental bone composites and Cortoss. The
frequency was fixed at 6.28 rad/s.
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4.7.2.1 Storage modulus (G)
Average G at strain between 0.01 – 0.1 % of experimental bone composites and Cortoss
are presented in Fig 4-2.

Experimental bone composites prepared with high PLR

exhibited higher G than the composites prepared with low PLR. Highest and lowest G
were obtained from R3P75G0.7 (29,550 Pa) and R2.3P75G7 (297 Pa) respectively. The G
of R3P75G0.7 was also higher than that of Cortoss (16,443 Pa). The average G of the
intermediate formulation (R2.6P50G0.7/7, 395 Pa) was lower than the average G of
experimental bone composites (6719 Pa).

Factorial analysis indicated that G of experimental bone composites was strongly
affected by PLR (Fig 4-3). G of the composites increased by 735 ± 135 % upon
increasing PLR. A strong interaction effect between PPGDMA level and glass particle
size was also observed. This indicated that G of the composites could either increase
or decrease upon changing particle size depending on PPGDMA level. For example,
when PPGDMA level was high, G of the composites was increased by 134 ± 60 % upon
decreasing glass particle size. This effect, was, however, reversed when PPGDMA level
was low.

149

Chapter 4 – Rheological properties of pre-cured novel bone composites

Fig 4-2 An average of G' (plotted on log scale) at strain between 0.01 to 0.1 % from strain sweep
measurement. Error bars are 95 %CI (n=2).

Fig 4-3 Factorial analysis describing effect of PLR, PPGDMA, glass particle size, and their interaction
effects on G' of experimental bone composites. Error bars are 95 %CI (n=2).
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4.7.2.2 Critical strain
A constant or independence of G upon increasing strain indicates an intact structure of
composites pastes and therefore solid-like behaviour.

Beyond certain strain levels

(critical strain), G can decline, indicating a disruption of the fluid structure. The highest
critical strain was observed with R2.3P25G0.7 (0.42 %) and R2.6P50G7/0.7 (0.42 %), which
were higher than that of Cortoss (0.33 %) (Fig 4-4). Additionally, the critical strain of
experimental bone composites containing 0.7 µm glass filler were higher than that of the
composites containing only 7 µm glass filler.

The average critical strain of the

intermediate formulation (R2.6P50G0.7/7, 0.42 %) was higher than the average G of
experimental bone composites (0.09 %).

Factorial analysis revealed that the primary factor affecting critical strain of the
experimental bone composites was glass particle size (Fig 4-5). Critical strain of the
composites was increased by 643 ± 1 % upon decreasing glass particle size. The effect
of PLR and PPGDMA were small and comparable with interaction effects. Factorial
analysis was not employed for tan due to the lack of any trends from results.
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Fig 4-4 Critical strain (i.e. strain level where storage modulus drops) of all materials.

Fig 4-5 Factorial analysis describing effect of PLR, PPGDMA, glass particle size, and their interaction
effects on critical strain of experimental composites.
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4.7.3

Frequency sweep measurement

The independence of G upon changing frequency indicated solid-like behaviour of
composite pastes. This was largely observed with all materials except for R2.3P75G7 and
R2.3P25G7 which showed a strong dependence of G upon changing frequency (Fig 4-6).

Storage modulus (G) of composites prepared with PLR of 2.3 and 2.6 were lower than
that of the composites prepared with PLR of 3:1. G of Cortoss and the experimental
bone composites prepared with PLR of 3:1 slightly decreased upon decreasing
frequency (Fig 4-6). At high frequency loss modulus (G) of three composites (R3P25G0.7,
R2.3P25G0.7, and R2.6P75G0.7/7) exceeded their G leading to the increase of tan.

Average of G at frequency between 0.1 and 1 rad.s-1 are presented in Fig 4-7. Highest
and lowest G were obtained from R3P75G0.7 (12,789 Pa) and R2.6P70G0.7/7 (68 Pa). The
average G of the intermediate formulation (R2.6P70G0.7/7) was lower than that of
experimental bone composites (2750 Pa)

Factorial analysis indicated that primary factor influencing G of experimental composites
was PLR (Fig 4-8). G of the composites was increased by 951 ± 238 % upon raising
PLR. Strong interaction effect between PPGDMA level and glass particle size was
observed. This suggested that changing glass particle size increased or decreased G
of the composites depending on level of PPGDMA. Factorial analysis was not employed
for tan due to the lack of trend from the results.
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Fig 4-6 Storage modulus (G'), loss modulus (G"), and tangent of phase angle (tan) plotted on loglog scales from frequency measurement of experimental bone composites and Cortoss. The strain
was fixed at 0.05 %.
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Fig 4-7 Average of G' (plotted on log scale) at frequency between 0.1 to 1 rad.s-1 from strain sweep
measurement. Error bars are 95 %CI (n=2).

Fig 4-8 Factorial analysis describing effect of PLR, PPGDMA, glass particle size, and their interaction
effects on G' of experimental composites from frequency sweep measurement.
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4.7.4

Flow curve measurement

Viscosities of all materials decreased upon increasing shear rate indicating a shearthinning behaviour (Fig 4-9). Average viscosities at shear rate between 0.1 to 1 s-1 are
presented in Fig 4-10. Highest and lowest viscosity were observed with Cortoss (2677
Pa.s) and R2.3P75G7 (89 Pa.s). Highest viscosities among experimental bone composites
were obtained from R3P25G0.7 (2092 Pa.s) and R3P25G7 (2002 Pa.s). The average
viscosity of experimental bone composites (720 Pa.s) was higher than that of the
intermediate formulation (98 Pa.s).

From factorial analysis, main factors that affected viscosity of experimental composites
were PLR and level of PPGDMA (Fig 4-11). Viscosity of the composites increased by
386 ± 70 % and 305 ± 33 % upon increasing PLR and decreasing PPGDMA level
respectively. Effect from glass particle size was comparable to interaction effects.

Fig 4-9 Viscosity versus shear rate (s-1) plotted on log-log scales of each material. All material
showed a reduction of viscosity upon increasing shear rate.
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Fig 4-10 Average of viscosities (plotted on log scale) at shear rate between 0.1 and 1 s-1. Error bars
are 95 % CI (n=2).

Fig 4-11 Factorial analysis describing effects of PLR, PPGDMA, glass particle size, and their
interactions on viscosity of experimental bone composites. Error bars are 95 % CI (n=2).
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4.8

Discussion

This study assessed the effect of powder to liquid ratio, PPGDMA level, and glass
particle sizes on rheological properties of the experimental bone composites.

As mentioned earlier, an ideal injectable bone composite should exhibit solid-like
behaviour when exposed to low strain or frequency during storage or shipment. This
may help to prevent sedimentation of the composite paste inside a double-barrel syringe.
During injection, however, the structure of the paste should be easily disrupted enabling
liquid-like behaviour. This may facilitate injection and flow of materials through small
cracks and porosities of the fractured vertebra, which could ensure a good bonecomposite adaptation/integration. Viscosity of the experimental bone composites should
preferably increase again after the applied force is removed (thixotropic) to prevent
cement leakage.

4.8.1

Apparent viscosities

Apparent viscosities of the experimental bone composites prepared with PLR of 2.3:1
were lower than that previously observed with experimental dental composites, which
were prepared with PLR of 4:1, in Chapter 3. The reduced viscosity of bone composites
would allow loading of the materials into a double-barrel syringe, which can be injected
through an automatic mixing tip. Cortoss showed higher apparent viscosity than majority
of experimental bone composites. Manufacturer of this commercial composite therefore
supplies this material with a larger mixing tip (diameter of 5 mm) compared with the
mixing tip (diameter of 2 mm) of experimental bone composites. High apparent viscosity
observed with R3P25G0.7 suggests this formulation may not be suitable for use with
syringe and mixing tip of the current study.
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4.8.2

Strain sweep measurement

Pastes of experiment bone composites showed viscoelastic properties.

Solid-like

behaviour was observed at low strain whilst more liquid-like behaviour was obtained at
high strain.

The increase of PLR increased storage modulus of experimental bone

composites as was expected. Interaction effect between PPGDMA level and glass
particle size, however, complicated the effect of each variable. Decreasing glass particle
size increased storage modulus of the composites only when the PPGDMA level was
high. This could be due to the fact that high level of diluent monomer compromised fluid
structure of the composite pastes. Large surface area of small glass filler may mitigate
the effect from high level diluent monomer by enabling strong interaction between
monomers and silane coated on the surface of filler (Lee et al., 2006; Song et al., 2015).
This effect from decreasing glass filler size reversed when PPGDMA level was low. High
surface area may consequently lead to poor wetting of the small glass filler by monomers
thereby compromising the fluid structure of composite pastes.

The decline of storage modulus (G) upon increasing strain (critical strain) indicates the
disruption of fluid structure.

Higher critical strain indicates a longer linear viscoelastic

region and more solid-like of fluids. It suggests strong interaction between monomers
and powder of the composite pastes.

High surface area of small glass filler may

therefore enable strong interaction between fillers and monomers. Hence, the primary
effect on critical strain was glass particle size.

Tangent of phase angle (tan) represents the ratio of liquid-like component (G") over
solid-like component (G) of materials. The rising of tan observed with R2.3P75G7 and
R2.3P25G7 upon increasing strain (Fig 4-1) indicated that the composites became more
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liquid-like.

This strong liquid-like behaviour may, however, increase the risk of

sedimentation at rest which was observed with these formulations.

Sedimentation results from gravitational pull exceeding Brownian diffusion which is a
random motion due to a collision of particles. Sedimentation is common when particle
radius is greater than 1 μm and the density difference between filler and medium exceeds
0.1 g/cc (Tadros, 2004). Additionally, sedimentation rate for more dilute dispersions is
inversely proportional to viscosity of the medium. Raising diluent monomer level may
therefore increase the risk of sedimentation.

4.8.3

Frequency sweep measurement

Composites that exhibited solid-like behaviour showed G that are independence from
angular frequency. It can be seen that G of R2.3P75G7 and R2.3P25G7 was increased upon
raising applied frequency (Fig 4-6). This may represent strong liquid-like behaviour of
these formulations which is in agreement with the result from strain sweep measurement.
The factor that most strongly affected G of composites in frequency sweep
measurements was powder to liquid ratio, which was in agreement with the strain sweep
measurements.

4.8.4

Flow curve measurement

Flow curve measurement provided viscosity versus shear rate of experimental bone
composites. This may mimic the flow of materials during injection in vertebroplasty. All
materials in this chapter exhibited shear-thinning behaviour as their viscosities
decreased upon increasing shear rate. This may allow easy injection during clinical
application. The increase of powder content and decrease of diluent monomer level
increased viscosity of the composite pastes. This was in agreement with previous
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published studies (Ellakwa et al., 2007; Al-Ahdal et al., 2014). Changing glass particle
size, however, showed minimal effect on the viscosity.

Limitation of this study was that initiator nor activator were incorporated into the
experimental bone composites in order to enable material removal from the rheometer.
Time sweep measurement of the composite should be tested in future studies to assess
whether the viscosity of the composite pastes can be returned when the applied force is
removed, which may help to prevent cement extravasation.

It has to be pointed out that results of the intermediate formulation of experimental bone
composites did not exhibit intermediate results as would be expected for study designs
without complex interaction effects between variables. This may due to the complexity
of composite rheological properties and interactions between monomer and filler phases.

In summary, increasing PLR from 2.3:1 to 3:1 enhanced solid-like behaviour which may
improve paste stability. Increasing PLR also led to an increase of viscosity that may
compromise handling properties and the manipulation of the pastes. The increase of
PPGDMA from 25 to 75 wt% reduced viscosity of the composite pastes. Increasing ratio
of diluent monomer to bulk monomer may increase heat generation and polymerisation
shrinkage of the composites. This will be assessed in Chapter 8. Reducing glass filler
size from 7 to 0.7 enhanced solid-like behaviour and increased critical strain due possibly
to the increase of filler-monomer interaction. Additionally, decreasing glass filer size
showed no significant average effect on viscosity. Close to optimal physical stability and
rheological properties, are observed with PLR of 2.3:1, 25 wt% PPGDMA, and 0.7 µm
glass filler.

This chapter analysed physical paste stability and flow characteristics of bone
composites (without initiator/activator) upon applied strain, frequency, and shear rate.
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Chemical stability and shelf life of composite pastes containing initiator and activator will
be demonstrated in the next chapter.

4.9

Conclusions

This study investigated the effect of powder to liquid ratio, PPGDMA level, and glass
particle size on rheological properties of experimental bone composites. Within the
limitations of this study, the following conclusions could be drawn.

1) The pre-cured experimental bone composite pastes exhibited viscoelastic
properties. The composites showed solid-like behaviour when low frequency
and strain were applied. Increasing the frequency and strain enabled liquidlike behaviour of the materials.
2) Increasing PLR and the use of small glass filler enhanced solid-like behaviour
of the composites.
3) The increase of PLR and decrease of PPGDMA level increased viscosity of
the composites. Furthermore, the composites exhibited shear-thinning
behaviour as their viscosities reduced upon increasing shear rate.
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Chaper 5 Assessment of High Temperature Aging on
Concentrated Active Ingredient Dispersions and Bone
Composite Pastes to Aid Prediction of Long-Term
Chemical Stabilities of New Component Mixtures.

5.1

Abstract

Purpose: The objective was to assess chemical stability of monomers containing concentrated
reactive components (MCPM, TSrP, PLS) and initiator pastes containing PPGDMA instead of
TEGDMA upon high temperature accelerated ageing. Monomer conversion of the composite
pastes after long term ageing at different storage temperatures was also examined.

Materials and Methods: Equal masses of MCPM, TSrP and PPGDMA, or PLS and
UDMA or PPGDMA were mixed. FTIR spectra of the mixtures were obtained at elevated
temperature (80 °C) for 1 hr. Initial, final, and difference spectra (difference between
initial and final spectra) were recorded. FTIR spectra of the initiator composite pastes
containing either PPGDMA or TEGDMA were recorded at elevated temperatures (50,
60, 70, and 80 °C). A predicted solidification time of the paste at low temperatures (4,
23, 37 °C) was obtained using Arrhenius equation. Additionally, the composites were
aged at storage temperatures of 4, 23, 37 °C for up to 12 months. At various time points
(1 day, 1, 3, 9, and 12 months), solidification of initiator paste and monomer conversion
of the composites were examined.

Results: No spectral changes attributable to formation of new products or indicating
reaction between phosphates or PLS with monomers were detected. The observed and
predicted solidification time of initiator paste of PPGDMA based composite was longer
than that of TEGDMA based composite. The PPGDMA based bone composite showed
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higher monomer conversion than the TEGDMA based composite.

Ageing the

composites showed minimal effect on final monomer conversion. No solidification of
initiator pastes for up to 12 months was observed with composites stored at 4 °C.

Conclusion: This study produced chemical activated bone composites pastes that are
chemically stable upon high temperature ageing. Replacing TEGDMA by PPGDMA and
storing experimental bone composites at 4 °C improved stability of initiator paste.
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5.2

Introduction

Monocalcium and tricalcium phosphates were incorporated into dental composites or
bone cements to promote mineralising properties for the materials (Han et al., 2009; Sa
et al., 2015; Aljabo et al., 2016).
determined by their Ca/P ratio.

Solubility of calcium phosphate compounds is

Low Ca/P ratio phosphates such as monocalcium

phosphate can dissolve and release calcium and phosphate ions upon exposure to
water. This subsequently enabled dicalcium phosphates precipitation (Tamimi et al.,
2012). It has been shown that dicalcium phosphates can be detected after mixing
powder of monocalcium phosphate with tricalcium phosphate at an ambient temperature
(22 °C) without mixing with water (Gbureck et al., 2005). The study assumed that the
condensed humidity could act as the reacting medium facilitating the precipitation of
dicalcium phosphates. This could reduce shelf life of the cements.

A concern of chemical activated bone composite is their susceptibility to thermal initiated
polymerisation due to the decomposition of benzoyl peroxide in initiator paste (Shim et
al., 2005).

Benzoyl peroxide (BP) can slowly dissociate even at low temperature.

Therefore, manufacturers usually recommend to store chemical activated pastes below
4 °C (Cardoso et al., 2014). This ideal storage condition may, however, be difficult to
achieve in some circumstances. For example, medical products shipping to tropical
regions were exposed to an approximate temperature of - 4 to 42 °C and 10 to 40 °C
during air and marine transport respectively (Nakamura et al., 2013).

The fluctuation in storage temperature may affect the stability and curing characteristics
of the bone composites. The effect of temperature on stability or shelf life of materials
can be assessed using accelerated aging method (Main, 2013). The method simulates
real time aging by storing samples at an elevated temperature in reduced amount of time
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(American Society for Testing and Materials, 2013). Main (2013) employed Arrhenius
equation to assess the effect of initiator and activator levels on predicted shelf life of
UDMA/TEGDMA experimental bone composites upon accelerated temperature ageing.
Main also revealed that decreasing level of initiator increased inhibition time and
predicted shelf-life without detrimental effect on final monomer conversion of the
composites. Khan (2015) and Walters et al. (2016) assessed the effect of replacing
lower molecular weight TEGDMA by higher molecular weight PPGDMA

The studies

showed that PPGDMA increased inhibition time, reduced polymerisation shrinkage, and
monomer conversion of bone and dental composites. However, effect of different diluent
monomers (TEGDMA and PPGDMA) on stability of experimental bone composites has
not as yet been investigated.

5.3

Hypotheses

Previous chapter has demonstrated effects of powder to liquid ratio, diluent monomer
level, and glass particle sizes on rheological properties and the risk of powder
sedimentation that could potentially reduce shelf life of pre-cured bone composite
pastes. This chapter will focus on the stability of active ingredients (MCPM, TSrP, and
PLS) and effect of type of diluent monomer on long term stability of experimental bone
composites containing initiator and activator.

Reactions between chemicals in the precured composite pastes that are accelerated by
high temperature ageing can be monitored by obtaining FTIR spectra before and after
the temperature ageing. Additionally, FTIR spectra can be compared with expected
spectra. Any unexpected FTIR spectra may indicate the formation of new products and
therefore poor stability of active ingredients.

It was, therefore, anticipated that
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unpredicted or new FTIR spectra will not be observed from of the concentrated mixtures
of active ingredients in monomers upon accelerated temperature ageing.

It is known that raising temperature will increase rate of polymersation. The relationship
between rate of polymerisation and temperature also follows Arrhenius type equation,
which can be used to predict shelf life of bone composites (Main, 2013). Using the
Arrhenius equation in Main’s study demonstrated that the predicted shelf life of
UDMA/TEGDMA composites decreased linearly with the increase of initiator and
activator concentrations. The effect of different diluent monomers, however, has not yet
been investigated. It was expected that the Arrhenius method can be used to assess
the stability of initiator and activator pastes of experimental bone composites containing
different diluent monomers (TEGDMA or PPGDMA).

According to the literature described above, replacing lower molecular weight diluent
monomer (TEGDMA) by higher molecular weight monomer (PPGDMA) increased
inhibition time, reaction rate, and final monomer conversion of experimental bone
composites. It was anticipated that replacing TEGDMA by PPGDMA will not affect
stability of the initiator or activator pastes. It was also expected that monomer conversion
of the UDMA/PPGDMA experimental bone composites will be higher than that of
UDMA/TEGDMA base composite as was observed with previous studies. In addition,
monomer conversion of the composites should remain unchanged upon paste preageing at different temperatures to ensure long shelf-life of the composites.
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5.4

Objectives

The aim of this study was to develop chemically activated bone composites that have
long-term chemical stability. The objectives of this study were to assess:

1) Stability of reactive ingredients (MCPM, TSrP, and PLS) in monomers;
2) Stability of initiator and activator pastes of experimental bone composites
containing PPGDMA versus TEGDMA upon accelerated temperature ageing;
3) The effect of paste aging at fridge temperature (4 °C), room temperature (23 °C),
and body temperature (37 °C) on subsequent monomer conversion for
composites containing PPGDMA versus TEGDMA.

5.5
5.5.1

Materials and method
Stability of active ingredients in monomers

MCPM and TSrP were mixed with monomers (Table 5-1) to assess the stability of mixed
phosphate components in the experimental bone composites. Furthermore, PLS was
mixed with bulk (UDMA) or diluent monomer (PPGDMA) to ensure the stability of PLS in
the composite paste. High levels of powder phase were used to accelerate any possible
reactions and aid ease of detection by FTIR.

Table 5-1 Formulations of the composites for chemical stability test.

UDMA
(g)

PPGDMA
(g)

MCPM
(g)

TSrP
(g)

PLS
(g)

Formulation 1

0

1

1

1

0

Formulation 2

1

0

0

0

1

Formulation 3

0

1

0

0

1

Formulation/component
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Powder and monomer were weighed using a four-figure balance and mixed using a
planetary mixer (SpeedMixer, DAC 150.1 FVZ, Hauschild Engineering, Germany) at
2000 rpm for 2 min. FTIR spectra of the mixtures held at a controlled temperature of 80
ºC were measured for 1 hr. Initial and final spectra of the mixtures, in addition to the
difference between initial and final spectra (residual), were recorded. The spectra were
then compared with expected spectra obtained from FTIR of pure components at 23 ºC
(Table 5-2) using the modified Beer-Lambert-Bonguer ’s equation (equation 2-9). New
or unpredicted peaks obtained from the test may indicate the formation of new products
due to reaction between components.
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Table 5-2 FTIR peaks powder and liquid phase. Reported positions were obtained from published
studies (Young et al., 2004; Rozenberg and Shoham, 2007; Young et al., 2008; Shukla and Rai,
2013; Azam et al., 2015).
Peak wave number (cm-1)
Observed
positions

Reported
positions

Assignments

Intensity

Components

m

TSrP

Powder phase
952

-

956

955

PO sym stretch

s

MCPM

984

984

PO sym stretch

s

Brushite

988

992

PO sym stretch

s

Monetite

1006

-

s

TSrP

1048

1060

PO asym stretch

s

Brushite

1066

1064

PO asym stretch

s

Monetite

1086

1075

PO asym stretch

s

MCPM

1110

1132

PO asym stretch

s

Brushite

1114

-

w

TSrP

1122

1128

s

Monetite

1508

1504

s

PLS

1558

1537 - 1566

PO asym stretch
Protonated 𝐍𝐇𝟑+ side chain
groups
C-N (amide II) stretch

s

PLS

1660

1650 -1670

C=O (amide I) stretch

s

PLS

2866

2871

CH2 stretch

w

PLS

2918

2937

CH2 stretch

w

PLS

3236

3240

Amide A

w

PLS

3382

3378

NH stretch

w

PLS

Liquid phase
1136

1120, 1114

C-O-C asym stretch

s

UDMA, PPGDMA

1168

1168

C=C stretch

s

PPGDMA, UDMA

1244

1240

N-H deformation

s

UDMA

1300,1320

C-O stretch

m

UDMA, PPGDMA

1378

1370

C-H bend

w

PPGDMA

1448

1453

C-H scissor

m

UDMA, PPGDMA

1512

1525

N-H deformation

s

UDMA

1638

1635

C=C stretch

w

UDMA, PPGDMA

1714

1720

C=O stretch

s

UDMA, PPGDMA

2882

2890

C-H stretch

w

PPGDMA

2964

2960

C-H stretch

w

UDMA

2976

2960

C-H stretch

w

PPGDMA

3334

3295-3460

N-H stretch

w

UDMA

1290,1320

Intensity of the peaks: w: weak; m: medium; s: strong.
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5.5.2

Stability of experimental bone composites

Experimental bone composites were prepared using a powder to liquid ratio (weight
ratio) of 2.3:1 to enable injection of the composites through a fine bore needle. The liquid
phase (Table 5-3) contained 70 wt% UDMA, 25 wt% of PPGDMA or TEGDMA, and 5
wt% of HEMA. To this was added either BP (3 wt% of total liquid phase) for the initiator
liquid or NTGGMA (2 wt%) for the activator liquid. Khan (2015) revealed that setting
kinetic and mechanical properties of experimental bone composites were strongly
affected by concentrations of BP and NTGGMA. The level of BP and NTGGMA for
experimental bone composites after mixing in this thesis were 1.5 wt% and 1 wt% which
was expected to enable high final monomer conversion of the composites. These levels
of BP and NTGGMA were fixed in all formulations throughout this thesis to prevent any
effects from level of initiator and activator variation.

Table 5-3 Components of liquid phases before mixing with the powder phase.

UDMA

PPGDMA /
TEGMA

HEMA

BP

NTGGMA

wt% of
monomers

wt% of
monomers

wt% of
monomers

wt% of
liquid

wt% of
liquid

Initiator liquid

70

25

5

3

0

Activator liquid

70

25

5

0

2

Liquid phase /
components

N.B. Upon mixing the composite BP and NTGGMA concentrations will become 1.5 and 1 wt% respectively

Powder phase (Table 5-4) contained mono calcium phosphate (MCPM) (10 wt% of filler
after mixing), glass fibre (20 wt% of filler), tristrontium phosphate (7.5 wt% of filler after
paste mixing), and polylysine (5 wt% of filler).
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Table 5-4 The powder phase of each formulation was mixed with PPGDMA (PPG) or TEGDMA (TEG)
liquid phases presented in Table 5-3.
0.7 µm
glass
fillers
(wt%)

Glass
fibres
(wt%)

MCPM
(wt%)

TSrP
(wt%)

PLS
(wt%)

Initiator paste

55

20

20

0

5

Activator paste

60

20

0

15

5

Formulations

M10PPG / M10TEG
N.B. MCPM in filler is halved after mixing initiator and activator paste. TSrP and PLS are half and double
that in the dental composite respectively.

Powder and monomer were weighed and mixed using the same method described
earlier in Chapter 2 (section 2.1). Monomer conversion versus time of initiator and
activator pastes of the experimental bone composites were measured at control
temperatures of 80, 70, 60, and 50 ºC.

Solidification time (time when monomer

conversion reached 50%) were recorded. Predicted solidification time of initiator paste
solidification at low temperatures (4, 23, and 37 ºC) of the experimental bone composites
were obtained assuming an Arrhenius type equation (equations 2-14,15). Additionally,
the composites were stored at 4, 23, and 37 ºC. At various time points (1 day, 1, 3, 9,
and 12 months), the composites were removed and checked for any solidification of the
initiator paste. At time points and temperatures where solidification had not occurred,
composites were mixed and their inhibition time, maximum rate of polymerisation
(equation 2-13), and final monomer conversion (equation 2-12) were reassessed.
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5.6
5.6.1

Results
Stability of active ingredients in monomers

Formulation 1 containing equal masses of MCPM, TSrP, and PPGDMA was prepared to
assess if dicalcium phosphates can be formed due to MCPM reacting with TSrP in
monomer upon high temperature ageing. Absorbance remained largely unchanged
upon aging except for an increase in peaks at 948, 1006, and 1088 cm -1 (Fig 5-1 A). A
residual spectrum, obtained from the difference in final and initial spectra, is compared
with spectra of pure chemicals in Fig 5-1 B. The residual spectrum had strong peaks at
954, 1016, and 1046 cm-1 consistent with TSrP (948, 1006, and 1046 cm-1). It is possible
that a strontium equivalent of monetite or brushite is being formed although the positions
of the peaks suggest sedimentation is a more likely explanation of spectral changes. The
increased absorbance of the TSrP peaks could occur upon sedimentation of particles
and their better contact with the ATR diamond. The smaller size of TSrP (10 micron)
compared with that of MCPM (50 micron) will facilitate this increased diamond contact.

PLS was mixed with an equal mass of monomers to assess stability of PLS in UDMA
(formulation 2) or PPGDMA (formulation 3) upon accelerated high temperature aging.
The similarities in initial, final and predicted spectra indicate good stability (Figs 5-2 A, 53 A). The residual spectra are consistent with an increase in PLS contact with the
diamond possibly due to sedimentation or melting of the PLS particles (Figs 5-2 B, 5-3
B). The residual spectrum was stronger using PPGDMA presumably due to its lower
viscosity enabling greater sedimentation.
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Formulation 1: PPGDMA+TSrP+MCPM

A

B

Fig 5-1 A) Initial, 1 hour 80 ºC stored, and expected FTIR spectra of a mixture of equal masses of
MCPM, TSrP, and PPGDMA. B) Spectra of pure phosphates and Residual spectrum (difference
between final and initial spectra). Labels indicate phosphate peaks (PO4).
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Formulation 2: UDMA + PLS
A

B

Fig 5-2 A) Initial, 1 hour 80 ºC stored, and expected FTIR spectra of a mixture of equal masses of PLS
and UDMA. B) Spectra of pure components and Residual spectrum (difference between final and
initial spectra).
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Formulation 3: PPGDMA + PLS
A

B

Fig 5-3 A) Initial, 1 hour 80 ºC stored, and expected FTIR spectra of a mixture of equal masses of PLS
and PPGDMA. B) Spectra of pure components and Residual spectrum (difference between final and
initial spectra).
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5.6.2

Stability of initiator and activator pastes

5.6.2.1 Predicted paste stability
Plots of monomer conversion of initiator and activator pastes of M10PPG tested at 80 ºC
versus time are shown in Fig 5-4.

The initiator paste exhibited rapid increase of

monomer conversion. Conversion of 50 % in the initiator paste was obtained at 5 min
(t50). In contrast, monomer conversion of the activator paste was barely changed (< 5%)
over 1 hour at 80 ºC.

As the initiator pastes were more susceptible to thermal-initiated polymerisation initiator
pastes of M10PPG and M10TEG were used to quantify time of solidification at high
temperature and predict that at low temperature (shelf life) by employing Arrhenius
equations. Monomer conversion of the composites measured at elevated temperatures
(50 – 80 °C) are given in Fig 5-5. In this study, t50 was the time when monomer
conversion reached 50% which was used to indicate the time at which self-initiated
polymerisation or solidification would occur.

Fig 5-4 Example polymerisation profiles for initiator and activator pastes of M 10PPG at 80 °C. After
5 min, the initiator paste showed rapid monomer conversion levelling off at >90% after 20 min. In
contrast, the conversion of the activator paste was negligible even after 1 hour at 80 °C.
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A

t50

B

t50

Fig 5-5 Polymerisation profiles of A) M10PPG and B) M10TEG initiator pastes at different temperatures.
Time when monomer conversion reached 50% (t50) was used in the Arrhenius plots.
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Plots of ln(1/t50) versus inverse temperature (Kelvin) (Fig 5-6) demonstrated a good linear
relationship (R2 = 0.99) as expected from the Arrhenius equation (equations 2-7,8). t50
of the experimental bone composites at low temperatures (4, 25, and 37 °C) was
extrapolated from regression lines (Table 5-5). It can be seen that t50 of M10TEG was
shorter than M10PPG at all tested temperatures. The predicted t50 of M10PPG was longer
than M10TEG at all temperatures. These predicted t50 were compared with the observed
solidification time of initiator paste stored at 4, 23, and 37 °C in the next section.

Fig 5-6 Arrhenius plots of ln 1/t50 versus inverse temperature (T) in Kelvin.
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5.6.2.2 Observed initiator paste stabilities
M10PPG and M10TEG were stored at 4, 23, and 37 °C and inspected after 1 day, and 1,
3, 9 and 12 months. Over 12 months all activator pastes remained fluid irrespective of
temperature. At 1 month, however, initiator pastes of both M10PPG and M10TEG had
solidified in the syringe stored at 37 °C (Table 5-5). Initiator pastes stored at 23 °C were
solidified between 1 and 3 months for M10TEG but between 3 and 9 months for M10PPG.
No solidification of initiator pastes was observed for composites stored at 4 °C. The
observed solidification time of the initiator pastes showed similar trends but generally
were longer than those predicted from the Arrhenius plots.

Table 5-5 Predicted t50 at 4, 23, and 37 °C obtained using Arrhenius method and observed times of
solidification of initiator pastes.

M10PPG
Temperature (°C)

M10TEG

t50

Time of
solidification

t50

Time of
solidification

37 °C

3 days

< 1 month

1 day

< 1 month

23 °C

30 days

3-9 months

4 days

1-3 months

4 °C

40 months

> 12 months

2 months

> 12 months
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5.6.3

Effect of ageing on monomer conversion of the experimental bone

composites
M10PPG and M10TEG were kept at storage temperatures of 37, 23, and 4 °C. At time
points and temperatures where solidification had not occurred, the composites were
mixed and their monomer conversion kinetics were reassessed. Initiator pastes of both
formulations kept at 37 and 23 °C were solidified before 9 months. Therefore, monomer
conversion of the composites stored for longer time (9 -12 months) was assessed only
from the composites kept at the storage temperature of 4 °C.
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5.6.3.1 Inhibition time
The inhibition times of M10PPG pastes stored at 37, 23, and 4 °C measured after
relatively short storage times (1 day – 3 months) were all comparable (54 – 64 s) (Fig 57). The average inhibition time of the composite kept at 4 °C for a longer storage time
(9 -12 months) was slightly increased to 76 ± 18 s. For M10TEG, the inhibition times of
composite pastes kept at 37, 23, and 4 °C for up to 3 months were 45 – 50 s. Longer
term storage at 4 °C increased this time to 97 ± 15 s.

Fig 5-7 An average of inhibition time of the experimental bone composites kept at different storage
temperature measured at early time (1 day – 3 months) and late time (9-12 months).
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5.6.3.2 Rate of polymerisation
With shorter storage periods, average maximum rates of polymerisation (Rpmax,
equation 2-10) of M10PPG composites (0.5 %.s-1) were higher than those of M10TEG (0.3
%.s-1) (Fig 5-8). For longer stored pastes (9 – 12 months at 4 ºC), Rpmax of both M10PPG
and M10TEG were slightly reduced (0.4 ± 0.1 and 0.2 ± 0.0 %.s-1 respectively).

Fig 5-8 Average maximum rate of polymerisation (Rpmax) of the experimental bone composites kept
at different storage temperatures for either short (1 day – 3 months) or longer (9-12 months) time
periods.

183

Chapter 5 – Stability of bone composite pastes

5.6.3.3 Final monomer conversion
M10PPG exhibited higher final monomer conversion than M10TEG at all time points and
storage temperatures (Fig 5-9). Effects of storage time / temperature on final monomer
conversion were small.

Fig 5-9 Average final monomer conversion of the experimental bone composites kept at different
storage temperature for either short (1 day – 3 months) or longer time periods (9-12 months).
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5.7

Discussion

This study assessed the stability of active ingredients in monomers upon accelerated
high temperature ageing. Predicted and observed solidification times of the initiator
pastes in addition to monomer conversion of the experimental bone composites
containing lower and higher molecular weight monomers (TEGDMA or PPGDMA) were
measured.

Additionally, the effect of ageing, at different storage temperatures, on

subsequent monomer conversion kinetics of the composites was examined.

An ideal bone composite should exhibit high chemical stability, i.e. no reaction occurring
between active ingredients, to maintain mineralising and antibacterial properties of the
composites. Additionally, initiator and activator pastes should not be susceptible to
storage temperatures to avoid premature or thermal initiated polymerisation during
storage or shipment

5.7.1

Stability of chemical components

Upon exposure to water or humidity, monocalcium phosphates can dissolve or react with
tricalcium phosphate and subsequently transform to dicalcium phosphates (brushite or
monetite) as products. Due to the lower solubility of dicalcium phosphates compared to
monocalcium phosphate, the formation of these dicalcium phosphates in composite
pastes may hamper the mineralising properties of the experimental bone composites.

FTIR spectra of neither brushite nor monetite were detected with the concentrated
suspension of phosphate particles upon high temperature ageing.

The final FTIR

spectrum of the mixture showed an increase of peaks attributable to TSrP which is likely
simply due to the sedimentation of this small diameter filler. This sedimentation was
likely to be due to the decrease of viscosity of monomer upon heating. Similarly, changes
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in spectra upon the application of heat to mixtures of PLS with bulk and diluent
monomers was suggestive primarily of sedimentation or melting rather than any
chemical reaction of PLS.

Observed spectra were compared with expected spectra obtained from the FTIR spectra
of pure chemicals which were measured at 25 °C. Hence, the expected spectra were
slightly different from the observed spectra but still in good agreement with the measured
spectra.

5.7.2

Stability of initiator paste

Stability of initator or activator in composites is crucial to avoid premature or thermal
initiated polymerisation during storage or shipment. This may lead to solidification of
composite pastes and reduce shelf life of materials. The Arrhenius method employed in
the current chapter enabling prediction of solidification time of initiator pastes upon
storing at low temperature, which may relate with shelf life of experimental bone
composites.

The effect of different diluent monomers on solidification time at elevated temperatures
of experimental bone composites followed Arrhenius equation.

The observed

solidification time of experimental bone composites at high temperatures and the
predicted solidification time at low temperatures of initiator paste containing PPGDMA
was longer than that of initiator paste containing TEGDMA. This could be due to the
greater mobility of free radicals with lower molecular TEGDMA polymerising mixtures
compared to that of higher molecular weight PPGDMA polymerising mixtures.
Furthermore, inhibitor systems used in the supplied TEGDMA monomer was 200 mmol
MEHQ (4-Methoxyphenol), whilst that of PPGDMA monomer was the mixture of 100
mmol MEHQ and 100 mmol BHT (butylated hydroxytoluene). A study has demonstrated
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that the addition of BHT enhanced stabilisation effect of MEHQ (Belbakra et al., 2014).
The combination of the inhibitors may additionally improve stability of the initiator in
PPGDMA composite.

The solidification time at low temperatures extrapolated from Arrhenius equation of both
composites were underpredicted (i.e. shorter than the observed solidification). The
reason for this might be that polymerisation kinetic of the composites at low temperatures
may deviate from Arrhenius behaviour (temperature dependence). This may imply that
the actual shelf life of the composite would be longer than the predicted shelf life which
is desirable.

5.7.3

Effect of aging on monomer conversion of the experimental bone

composites containing PPGDMA or TEGDMA
At all storage temperatures and time points, the experimental bone composite containing
PPGDMA exhibited higher monomer conversion than the composite containing
TEGDMA. This finding is in good agreement with results from previous studies (Khan,
2015; Walters et al., 2016). The possible explanation might be that monomer chain of
PPGDMA was longer than that of TEGDMA. Long monomer chain with low cross-linking
density may lower steric hindrance in polymerising mixtures of PPGDMA-based
composites. This condition therefore facilitated the mobility of the radical chains, thereby
increasing monomer conversion (Goncalves et al., 2008).

Inhibition time of polymerisation of the experimental bone composites slightly increased
upon ageing especially with the TEGDMA based formulation. This could be due to the
loss of initiator or activator due to ageing. This, however, had negligible effect on final
monomer conversion in both composite formulations. A possible explanation might be
that the final monomer conversion was mainly governed by properties of consisting
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monomers such as chemical structure, molecular weight, or glass transition temperature
(Sideridou et al., 2006).

Another explanation for this could be that the final monomer

conversion of composites is affected less by initiator than reaction rate and inhibition
time. Khan (2015) has demonstrated that final monomer conversion of bone composites
decreased linearly with the inverse square root of initiator and activator concentration.

In summary, active ingredients contained in experimental bone composites were stable
upon ageing at high temperature. This may ensure that mineralising or antibacterial
actions of the composites will not be compromised by fluctuation in temperatures or longterm storage. Furthermore, replacing diluent TEGDMA by PPGDMA improved stability
of the initiator paste. Therefore, PPGDMA will be used as primary diluent monomer in
experimental bone composite formulations in the following chapters.

5.8

Conclusions

Within the limitations of this study, the following conclusions could be drawn.

1) Reactive ingredients appeared chemically stable in monomers upon high
temperature ageing although enhanced particle sedimentation could occur.
2) Initiator paste of composite containing PPGDMA was more stable than initiator
paste of composite containing TEGDMA.
3) Paste ageing can increase inhibition times and reduce reaction rates but has less
of an effect on final monomer conversions.
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Chaper 6

Effect Glass Filler Size / Shape, MCPM, and

Level of PPGDMA on Mechanical Properties of
Injectable Bone Composites
6.1

Abstract

Purpose: The objectives were to assess the effect of glass filler size, fibres, and MCPM
level on biaxial flexural strength (BFS) and fracture toughness (KIC) of the composites.
Additionally, the effect of increasing diluent monomer (PPGDMA) on BFS and modulus
of elasticity of the composites were also examined.

Materials and Methods: Experimental bone composites were prepared using PLR of
2.3:1. In the first study, a fixed chemical activated liquid phase containing UDMA (70
wt%), PPGDMA (25 wt%), and HEMA (5 wt%) was used. Powder phase after mixing
the initiator paste with activator paste contained glass filler (0.7 or 7 µm), fibres (0 or 20
wt%), MCPM (5 or 10 wt%), with fixed TSrP (7.5 wt%). Specimens were made and
immersed in SBF for 24 hr. KIC was obtained from single-edge notched beam specimens
using three-point bending testing jig. For the second study, composites with varying
level of PPGDMA (25, 50, 75, and 95 wt%) were prepared with fixed glass filler (0.7 µm),
20 wt% fibres, 10 wt% MCPM, 7.5 wt% TSrP, and 5 wt% PLS. Biaxial flexural strength
(BFS) and modulus of elasticity were measured using a ball-on-ring jig and disc shape
specimens. Commercial bone composite (Cortoss) and PMMA cement (Simplex) were
used as comparisons.

Results: Average BFS (113 MPa) and KIC (1.6 MPa.m1/2) of the experimental bone
composites with fixed monomer phase were higher than those of Cortoss (101 MPa, 1.3
MPa.m1/2). The use of small glass particle (0.7 µm) increased BFS by 25 % whilst the
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effect of MCPM and fibres were negligible. The addition of fibre increased KIC by 30 %
whilst the effect of glass filler size and MCPM level were minimal. Raising PPGDMA level
from 25 to 95 wt% significantly reduced BFS (from 114 to 37 MPa) and modulus of
elasticity (from 2.3 to 0.4 GPa) of the experimental bone composites.

Conclusion: This study developed bone composites that have flexural strength greater
than 50 MPa required from ISO 5833 while exhibiting a stiffness comparable with
cancellous bone. Using small glass filler and the addition of fibres improved BFS and
KIC of the experimental bone composites respectively. MCPM level had minimal effect
on mechanical properties. The increase of PPGDMA reduced modulus of elasticity to
levels comparable with cancellous bone (< 0.7 GPa) but this also decreased BFS of the
composites.
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6.2

Introduction

Vertebroplasty and kyphoplasty are generally performed as a day case procedure (Lee
et al., 2009; Wardlaw et al., 2009). Hence, patients can usually walk or do normal
activities soon after the procedure.

Early strength of the injected bone cement is

therefore considerably important to ensure the stabilisation of fractured vertebra and
therefore pain relief for the patients.

It is known that mechanical properties of composite materials are affected by
composition of filler phase (Ilie and Hickel, 2009). The addition of hydrophilic calcium
phosphates into bone cements can promote surface apatite precipitation which is known
to promote in vivo bone bonding (Tanaka et al., 2016). These compounds, however,
reduced strength of the material (Aljabo et al., 2015) due primarily to the enhanced water
sorption.

Common mechanism of composites failure is crack propagation. Cracks may originate
from flaws or inhomogeneities containing within the materials. It has been shown that
the addition of fibres retarded crack propagation by reflecting propagated cracks or
bridging the cracks (Zhou et al., 2009; Quinn and Quinn, 2010). Furthermore,

Khan

(2015) revealed that the addition of fibre enabled ductile fracture behaviour for
experimental bone composites. This behaviour could potentially allow the composites to
deform without fracture which is desirable. Poor dispersion or agglomeration of fibres
may, however, reduce strength of the composites (Drummond, 2008).

Glass particle size has significant effect on strength of composites (Juhasz et al., 2004;
Fu et al., 2008). Previous studies demonstrated that strength of the composites is
generally increased with decreasing particle size. The addition of glass fibres or fillers
increased strength but also increased stiffness of composites (Randolph et al., 2016).

191

Chapter 6 Effect of MCPM, glass filler size/shape, and PPGDMA
on mechanical properties of bone composites

It is proposed that a possible mechanism of developing adjacent vertebral fracture after
vertebroplasty is the mechanical mismatch between high stiffness bone cement and low
stiffness cancellous bone (Schröder et al., 2016). Studies have shown that the stiffness
of bone cements was significantly decreased by the addition of hyaluronic acid, blood
plasma, caster oils, or normal saline (Boger et al., 2008; Ahn et al., 2009; Lopez et al.,
2011; Carlsson et al., 2015; Schröder et al., 2016).

These compounds, however,

negatively affected polymerisation, handling, and mechanical properties of the materials.
Main (2013) revealed that the increase of high molecular weight and flexible diluent
monomer (PPGDMA) reduced modulus of elasticity of the composites. The composites
in Main’s study contained only glass filler (particle size was unknown) and glass fibres.
The additional benefits of increasing PPGDMA would have been increased monomer
conversion and reduced polymerisation shrinkage (Walters et al., 2016).
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6.3

Hypotheses

High early strength of bone composites is required to stabilise collapsed vertebra which
may allow patients to do daily activities soon after vertebroplasty. According to literature
and results from Chapter 3, it is known that the addition of hydrophilic fillers will reduce
mechanical properties of experimental bone composites due primarily to the increase in
water sorption. Optimal levels of MCPM are expected to be between 5 and 10 wt% of
powder (Aljabo et al., 2015). MCPM level in the current study will be either 5 or 10 wt%
with fixed level of TSrP (7.5 wt%). It was expected that using low level of MCPM and
TSrP will not detrimentally affect mechanical properties of experimental bone composites
in this chapter.

It is known that fibres will increase ability of materials to slow down crack propagation or
help to bridge cracks. Previous studies by Khan (2015) revealed that the addition of
fibres by 10 or 20 wt% also enabled ductile fracture behaviour for experimental bone
composites without causing detrimental effect on monomer conversion of the materials.
However, fracture toughness, which is the ability of materials to resist crack propagation,
was not assessed in Khan’s study. It was, therefore, expected that the addition of fibres
(20 wt%) will increase fracture toughness of the experimental bone composites in this
chapter.

Chapter 4 demonstrates that decreasing glass particle size from 7 to 0.7 µm enhanced
solid-like behaviour of the composites. According to the literature described above,
decreasing glass particle size also increases mechanical properties of materials. It was,
therefore, anticipated that decreasing glass filler size from 7 to 0.7 µm will increase
mechanical properties of experimental bone composites in the current study.
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It is proposed that using low stiffness bone cements could potentially reduce adjacent
vertebral fractures after vertebroplasty. Main (2013) demonstrated that level of flexible
diluent PPGDMA in resin matrix affected the modulus of elasticity of experimental bone
composites. It was, therefore, expected that increasing ratio of higher flexible diluent
monomer (PPGDMA) to more viscous bulk monomer (UDMA) will reduce modulus of
elasticity of the experimental bone composites.

6.4

Objectives

The aim of this chapter was to develop high early strength injectable bone composites
that provide modulus of elasticity comparable with cancellous bone. The objectives were
to assess the effects of:

1) MCPM level, fibre addition, and glass particle size on biaxial flexural strength
and fracture toughness of experimental bone composites;
2) PPGDMA level on biaxial flexural strength and modulus of elasticity of the
experimental bone composites.

Commercial injectable bone composite (Cortoss; Stryker, Newbury, Berkshire, UK) and
PMMA (Simplex; Stryker, Newbury, Berkshire, UK) cement were used for comparison.
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6.5
6.5.1

Material preparation
Formulations containing different levels of MCPM, fibres, and

glass particle size
In the first part of this chapter, the liquid phase contained 70 wt% UDMA, 25 wt% of
PPGDMA, and 5 wt% of HEMA. To this was added either BP (3 wt% of total liquid phase)
for the initiator liquid or NTGGMA (2 wt% of total liquid phase) for the activator liquid
(Table 6-1).

Table 6-1 Components of liquid phases before mixing with the powder phase.

UDMA

PPGDMA

HEMA

BP

NTGGMA

wt% of
monomers

wt% of
monomers

wt% of
monomers

wt% of
liquid

wt% of
liquid

Initiator liquid

70

25

5

3

0

Activator liquid

70

25

5

0

2

Liquid phase /
components

NB Upon mixing the composite BP and NTGGMA concentrations will become 1.5 and 1 wt% respectively

The first part of this chapter investigated the effect of MCPM, in addition to glass particle
size and fibre removal, on biaxial flexural strength and fracture toughness of
experimental bone composites after immersion in SBF for 24 hr. Formulations of these
composites are presented in Table 6-2. All testing protocols are described in Chapter 2.
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Table 6-2 Formulations with varying glass particle sizes, MCPM, and fibre level. Powder phases were
mixed with PPGDMA-liquid phase presented in Table 4-1. Activator paste glass sizes were the same
as in the initiator pastes.

Glass
filler
size (µm)

Glass
filler
(wt%)

Glass
fibre
(wt%)

MCPM
(wt%)

TSrP
(wt%)

PLS
(wt%)

0.7

65

20

10

0

5

7

65

20

10

0

5

M10F20G0.7

0.7

55

20

20

0

5

M10F20G7

7

55

20

20

0

5

0.7 or 7*

60

20

0

15

5

0.7

85

0

10

0

5

0.7

75

0

20

0

5

0.7 or 7*

80

0

0

15

5

Formulations
M5F20G0.7
M5F20G7

Initiator paste

Activator paste
M5F0G0.7

Initiator paste
M10F0G0.7

Activator paste

* Glass filler size in the initiator paste was the same as the activator paste.

6.5.2

Formulations containing varying level of PPGDMA diluent monomer

Formulations of experimental bone composites examined in the second part of this
chapter were prepared according to Table 6-3. For these formulations, the powder was
fixed as in M10F20G0.7 but the level of PPGDMA and UDMA were varied. Biaxial flexural
strength and modulus of elasticity of experimental bone composites and commercial
materials after being immersed in SBF for 24 hr (n=8) were assessed. All testing
protocols are described in Chapter 2.
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Table 6-3 Formulations with varying level of PPGDMA. Liquid phases of each formulation were
mixed with powder phases of M10F20G0.7.

UDMA

PPGDMA

HEMA

BP

NTGGMA

wt% of
monomers

wt% of
monomers

wt% of
monomers

wt% of
total liquid
phase

wt% of
total liquid
phase

Initiator liquid

70

25

5

3

0

Activator liquid

70

25

5

0

2

Initiator liquid

45

50

5

3

0

Activator liquid

45

50

5

0

2

Initiator liquid

20

75

5

3

0

Activator liquid

20

75

5

0

2

Initiator liquid

5

90

5

3

0

Activator liquid

5

90

5

0

2

Formulations

25 PPG

50 PPG

75 PPG

90 PPG

6.6

Statistical analysis

Data in first and second studies were analysed using one-way ANOVA followed by
multiple comparisons using Tukey’s test or Kruskal-Wallis test with Dunnett’s T3 test (p
= 0.05). Factorial analysis was additionally employed to analyse the date of first study.
BFS and fracture toughness data was assessed assuming equations for two levels
factorial design experiments each with high and low level of two variables (equations 226, 2-28). This enabled determination of the effect of MCPM (10 versus 5 wt%) and
glass fibre addition (20 versus 0 wt%) with glass filler size fixed (0.7 µm) or of MCPM (10
versus 5 wt%) and filler size (7 versus 0.7 µm) with fixed level of fibre (20 wt%).
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6.7
6.7.1

Results
Effect of MCPM level, fibre addition, and glass particle size

6.7.1.1 Biaxial flexural strength
Highest and the lowest BFS were obtained from Simplex (131 ± 1 MPa) and M10F20G7
(96 ± 7 MPa) respectively (Fig 6-1). BFS of M10F20G0.7 (126 ± 6 MPa), M5F20G0.7 (118 ±
6 MPa), and M5F0G0.7 (122 ± 6 MPa) were comparable to that of Simplex but were
significantly higher than that of Cortoss (101 ± 5 MPa). Factorial analysis indicated that
the effect of MCPM and fibre on BFS of experimental bone composites were negligible
(Figs 6-2 A,B). BFS of the composites was, however, increased by 25 ± 8 % upon
decreasing glass filler size from 7 to 0.7 µm (Fig 6-2 B).
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Fig 6-1 Biaxial flexural strength after immersion in SBF for 24 hr. Error bars are 95% CI (n=8). Lines
indicate significant difference (p < 0.05).

Fig 6-2 Factorial analysis describing the effect of MCPM level, glass fibre, glass filler size, and
interaction effects on BFS of experimental bone composites. Error bars are 95 %CI (n =8).
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6.7.1.2 Fracture toughness (KIC)
The highest and lowest KIC were obtained from M5F20G0.7 (1.9 ± 0.1 MPa.m1/2) and
Cortoss (1.3 ± 0.1 MPa.m1/2) respectively (Fig 6-3). KIC of M5F20G0.7 was also significantly
higher than that of Simplex (1.5 ± 0.1 MPa.m1/2) and Cortoss. Factorial analysis indicated
that primary effect influencing KIC was the addition of fibre (Fig 6-4 A).

KIC of the

composites was increased by 30 ± 10 % upon the addition of fibre

Fracture surface of tested specimens were examined by SEM (Fig 6-5).

Cortoss

exhibited a smooth fracture surface compared to other materials. Multiple porosities (~
1 µm) embedded with radiopacifier particles were seen on the fracture surface of
Simplex. The fracture surface of experimental bone composites containing either 5 or
10 wt% of MCPM revealed brushite precipitation (Fig 6-6). In addition, holes of pulledout fibres and different orientation of fibres were seen on the fracture surface.
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Fig 6-3 Fracture toughness of all materials after immersion in SBF for 24 hr. Error bars are 95% CI
(n=8). Lines indicate significant difference (p < 0.05).

Fig 6-4 Factorial analysis describing the effect of MCPM level, glass fibre, glass filler size and
interaction effects on fracture toughness of the experimental bone composites. Error bars are 95
%CI (n =8).
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Simplex

Cortoss

10 µm
10 µm

Fig 6-5 Representative fracture surface of commercial materials. Multiple porosities with small
particles were seen with Simplex.

Fig 6-6 Representative fracture surface of the experimental composite from fracture toughness test.
Circles and triangle represent fibre that oriented perpendicular and parallel to the fracture surface
respectively. Squares represent areas of brushite precipitation.
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6.7.2

Effect of PPGDMA level on biaxial flexural strength and modulus

of elasticity
BFS and modulus of elasticity of experimental bone composites were significantly
decreased upon the increase of PPGDMA (Figs 6-7). The highest and lowest of both
BFS and modulus among the experimental composites were observed with 25PPG (117
± 6 MPa, 2.7 ± 0.3 GPa) and 95PPG (37 ± 2 MPa, 0.4 ± 0.0 GPa) respectively (Figs 6-7
A). BFS of Cortoss (85 ± 6 MPa) was not significantly different to that of 50PPG (88 ± 5
MPa) (Fig 6-7 A). 50PPG (1.51 ± 0.13 GPa) also exhibited comparable modulus of
elasticity to Simplex (1.52 ± 0.06 GPa) (Fig 6-7 B). Additionally, Cortoss (2.3 ± 0.2 GPa)
showed comparable modulus of elasticity to 25PPG (2.7 ± 0.3 GPa).

The changing in modulus of elasticity upon increasing PPGDMA was decreased as
PPGDMA level was raised (Fig 6-8). The changing in strength was, however, constant
upon increasing PPGDMA level.
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Fig 6-7 Biaxial flexural strength and modulus of elasticity of the experimental bone composites and
Cortoss after immersion in SBF for 24 hr. Error bars are 95 %CI (n=8). Solid lines indicate no
significant difference (p > 0.05).

Fig 6-8 Biaxial flexural strength and modulus of elasticity of the experimental bone composites
versus level of PPGDMA. Error bars are 95 %CI (n=8).
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6.8

Discussion

Mechanical properties of bone composites at early time were assessed and compared
with commercial materials. An ideal bone composite should exhibit early high strength
to ensure the stabilisation of collapsed vertebra. This could relieve pain and facilitate
daily movements for patients soon after vertebroplasty. Modulus of elasticity of the
composites should, however, decrease with time to allow an efficient load transfer from
adjacent vertebra. This could potentially help to reduce the adjacent vertebral fracture
which is one of the common complications of vertebroplasty.

This chapter investigated the early strength of experimental bone composites.
Additionally, an effect of filler compositions including MCPM level, glass particle size,
and the addition of glass fibre on strength of the composites were assessed.
Furthermore, strength and modulus of elasticity of experimental bone composites
containing different levels of PPGDMA was also examined.

6.8.1

Effect of MCPM level, fibre addition, and glass particle size and on

biaxial flexural strength (BFS) and fracture toughness (KIC)
The incorporation of MCPM (5 to 10 wt%) in experimental bone composites showed no
detrimental effect on mechanical properties of the composites. These values, however,
could be decreased upon an increase in aging time (Aljabo et al., 2015).

The addition of fibre significantly improved fracture toughness (KIC) of the experimental
bone composites. The addition of fibre, however, did not advantageously increase biaxial
flexural strength of the composites. This similar finding was also reported by Bocalon et
al. (2016). The authors of that study explained that KIC is governed by the microstructure
of composites, whilst the strength was more influenced by susceptible areas such as
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matrix-filler interfaces. The addition of fibre increased KIC by bridging the fracture
surfaces, thus more energy was required at the propagating crack to break the material
(Peterlik et al., 2006). However, the addition of fibre also introduced susceptible fibrematrix interfaces that may lower strength of the materials.

The fibre orientation also plays an important role on strength of composites (Khan et al.,
2015). SEM images revealed that the glass fibres in the experimental bone composites
were randomly orientated (Fig 6-6). The fibres that were oriented parallel to the fracture
plane or the applied load do not reinforce the composite effectively (Khan et al., 2015;
Bocalon et al., 2016). Another issue with the addition of fibre was the increase of
cement’s viscosity which could hinder the injection of the materials (Kane et al., 2010).

The use of small glass filler increased BFS and KIC of the composites. This may be
explained by the fact that at the given filler loading, smaller particle filler exhibited higher
surface area. This may have provided more active sites for polymer/filler interaction,
thus encouraging more efficient stress transfer between resin matrix and fillers (Fu et al.,
2008). Additionally, sedimentation of 7 µm glass filler that may occur in the paste could
reduce homogeneity of composite specimens and thereby compromise their strength.

BFS and modulus of elasticity values of Cortoss and Simplex were comparable with
values reported in a previously published study (96 MPa and 131 MPa for Cortoss and
Simplex) (Boyd et al., 2008; Main, 2013). Additionally, fracture toughness of Simplex in
the current study (1.5 MPa.m1/2) is consistent with that obtained from a previously
published study (1.6 MPa.m1/2) (Hasenwinkel et al., 2002). The radiopacifier (barium
sulphate) in the PMMA cements does not bond with the surrounding matrix. Thus,
particles were agglomerated and formed voids inside the cement. This feature also
observed in studies of Main (2013) and Khan (2015). These inhomogeneities may act

206

Chapter 6 Effect of MCPM, glass filler size/shape, and PPGDMA
on mechanical properties of bone composites

as crack initiators / facilitators, thereby decreasing fracture toughness of the cement
(Baleani et al., 2003; Sinnett-Jones et al., 2009).

6.8.2

Effect of PPGDMA level on biaxial flexural strength and modulus

of elasticity
The amount of diluent monomer in experimental dental and bone composites produced
at the UCL Eastman Dental Institute have usually been fixed at 25 wt% (Main, 2013;
Aljabo et al., 2015; Khan, 2015; Aljabo et al., 2016). The experimental bone composites
using this level of diluent monomer may have exhibited high mean BFS values, however,
their modulus of elasticity would be much higher than that of cancellous bone (0.1 – 0.7
GPa) (Banse et al., 2002).

The result from this chapter indicated that increasing

PPGDMA reduced modulus of elasticity of the composites.

The composites that

exhibited modulus of elasticity comparable to cancellous bone were formulations
containing 75 wt% (0.8 GPa) and 95 wt% (0.4 GPa) of PPGDMA.

The conventional rule of mixture (equation 6-1) (Lee et al., 2014) suggests that modulus
of elasticity of materials is proportional to modulus of elasticity of resin matrix.

𝑬𝒄𝒐𝒎𝒑𝒐𝒔𝒊𝒕𝒆 = 𝑽𝒇𝒊𝒍𝒍𝒆𝒓 𝑬𝒇𝒊𝒍𝒍𝒆𝒓 + (𝟏 − 𝑽𝒇𝒊𝒍𝒍𝒆𝒓 ) 𝑬𝒎𝒂𝒕𝒓𝒊𝒙

Equation 6-1

Where 𝐸𝑐𝑜𝑚𝑝𝑜𝑠𝑖𝑡𝑒 , 𝐸𝑓𝑖𝑙𝑙𝑒𝑟 , 𝐸𝑚𝑎𝑡𝑟𝑖𝑥 are modulus of elasticity of composite, filler, and resin
matrix respectively, 𝑉𝑓𝑖𝑙𝑙𝑒𝑟 is volume fraction of filler.

Previous work of Main (2013) demonstrated that the modulus of bone composites
depend on the stiffness of their constituents (fillers and polymers) which can be predicted
using the Voight-Reuss models (equation 6-1). Main’s results indicated that modulus of
the composites was mainly governed by levels of PPGDMA. This was in good agreement
with the results from this chapter. Furthermore, relationship of BFS and modulus of
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elasticity (E) and PPGDMA level of experimental bone composites in this chapter can be
explained using equations 6-2 and 6-3 respectively.

𝐁𝐅𝐒 = 𝒄 − 𝐤𝐯

Equation 6-2

𝐄 = 𝐜 − 𝐤𝐥𝐧(𝐯)

Equation 6-3

Where c is intercept of x axis, k is constant, e is exponential function, and v is mass
fraction of PPGDMA. This suggests that level of change of modulus and strength is
different upon increasing PPGDMA. It is preferable that the composites exhibit sufficient
strength to stabilise the fractured vertebra in addition to reduced stiffness that may be
more comparable with that of surrounding bone.

In summary, early strength of the experimental bone composites was not detrimentally
affected by using 5 or 10 wt% of MCPM. The addition of fibre also improved fracture
toughness of the composites. Furthermore, reducing glass filler diameter from 7 to 0.7
µm not only enhanced solid-like behaviour of composite pastes but also increased biaxial
flexural strength of the materials.

A longer-term mechanical strength study of the

composites is now required. This will be covered in Chapter 7.

Increasing PPGDMA level decreased the modulus of elasticity; yet, this also decreased
the strength of the composite. However, the effect on strength was less than the effect
on modulus of elasticity of the composites. Concerns of increasing diluent monomer
may include high polymerisation shrinkage and long-term strength. This will be assessed
in Chapter 8.
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6.9

Conclusions

Within the limitation of this study, the following conclusions could be drawn

1) Using 5 or 10 wt% of MCPM showed no detrimental effect on early strength of
the experimental bone composites. Furthermore, the addition of fibre (20 wt%)
and decreasing glass filler diameter from 7 to 0.7 µm increased fracture
toughness and biaxial flexural strength of the experimental bone composites
respectively.
2) Increasing PPGDMA reduced modulus of elasticity of the experimental bone
composites but this also decreased their strength.
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Chaper 7 Effect of Diluent Monomer and MCPM level
on Monomer Conversion, Volumetric stability, Strontium
release, Apatite formation, and Fatigue Resistance of
Bone Composites

7.1

Abstract

Purpose:

The objectives of this chapter were to assess monomer conversion - induced

shrinkage versus water sorption - promoting volumetric expansion, strontium release, surface
apatite formation, and mechanical properties of experimental bone composites as a function of
diluent monomer (TEGDMA vs PPGDMA) and MCPM level.

Materials and methods: Experimental bone composites were prepared using PLR of 2.3:1.
Chemically activated dimethacrylate monomers contained either 25 wt% of TEGDMA or
PPGDMA. Powder phase after mixing consisted of 0.7 µm glass fillers, 7.5 wt% TSrP, 5 wt%
PLS, and varying levels of MCPM (0, 5, or 10 wt%). Monomer conversion was assessed using
FTIR-ATR. Mass and volume changes in SBF were measured using gravimetric studies. Surface
apatite formation after immersion in SBF for 1 week was examined using SEM. Sr 2+ release in
deionised water for up to 4 weeks was assessed using ICP-MS. Biaxial flexural strength and
fatigue after immersion in SBF for 4 weeks were tested. Then stress versus number of failure
cycles (S-N curves) were plotted. Commercial PMMA (Simplex) and bone composite (Cortoss)
were used for comparison.

Results: Experimental bone composites exhibited higher monomer conversion (74 – 82 %) than
Cortoss (64 %). Replacing TEGDMA with PPGDMA increased monomer conversion by 5 %.
Conversely, replacing PPGDMA by TEGDMA increased polymerisation shrinkage by 22 %. The
use of PPGDMA and increasing MCPM enhanced water sorption induced volume expansion and
Sr2+ release. Composites containing 10 wt% of MCPM level promoted surface apatite
precipitation.

The increase of MCPM decreased strength and gradient of S/N curve. The

gradients for experimental composites containing MCPM (6-7 MPa/log cycle) were comparable
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to that of Cortoss (6 MPa/log cycle) but advantageously were much reduced when compared with
that of Simplex (18 MPa/log cycle).

Additionally, the experimental composites showed

comparable predicted fatigue life (~ 8 log cycle) to commercial materials.

Conclusion: This study produced bone composites with high monomer conversion to ensure
sufficient long-term strength / fatigue resistance to support fractured bone. Furthermore, the
composites provided water sorption induced expansion and Ca/Sr phosphate release. These
could potentially compensate polymerisation shrinkage and enhance bone integration / repair.
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7.2

Introduction

As mentioned in Chapter 1, limitations of the current commercially available PMMA bone
cement include high polymerisation shrinkage, heat generation, and toxic monomers
release. These damages the surrounding tissue and may subsequently impair bonecement integration (Wegener et al., 2012). The development of bone composites has
partially solved these issues but some limitations remained. For example, bulk (BisGMA) and diluent (TEGDMA) monomers contained in the commercial composites were
associated with decreased monomer conversion and increased polymerisation
shrinkage of dental composites respectively (Cornelio et al., 2014; Al Sunbul et al.,
2016). The low conversion may enable the release of unreacted monomer and the more
commonly employed highly cytotoxic amine activator (di(hydroxyethyl)-p-toluidine)
(Bakopoulou et al., 2009).

It can be assumed that inhibition time, i.e. time before monomers are converted to
polymer, may approximately equal working time of bone composites. Lewis (2006)
suggested that working time (i.e. time after mixing that materials can be manipulated) of
bone cement that are supplied as power and liquid phases for vertebroplasty should be
~ 6-10 min. This recommended working time may include approximately 2 min required
for mixing of powder and liquid and transfer of mixed cement into a syringe. Hence, the
working time for bone composites that are supplied as a two-paste preloaded syringe,
which can be injected directly to a cannula, can be assumed to be approximately 4 to 8
min. Khan (2015) demonstrated that inhibition time of experimental bone composites is
inversely proportional to concentration of initiator (BP) and activator (NTGGMA).
Reducing these components increased inhibition time allowing longer working time of
the materials but reduced rate of polymerisation, final monomer conversion, and
mechanical properties of the composites.
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Cement washout by physiological fluids after injection is of concern for slow setting
cements such as calcium phosphate cements. This could lead to cement embolisms
and cause serious complications. Rate of polymerisation of bone composites determine
setting characteristics of bone composites. Main (2013) and Khan (2015) previously
developed experimental bone composites that exhibit high polymerisation rate. After
inhibition time passed, monomer conversion of the composites reach their final monomer
conversion rapidly (snap setting). This snap setting of composites may help prevent
cement dissolution or wash out from the threatened vertebra.

It has been shown that increasing monomer conversion of composites could potentially
reduce toxic monomers elution (Zhang et al., 2016b). Khan (2015) also demonstrated
that replacing DMPT by NTGGMA increased monomer conversion of experimental bone
composites. High monomer conversion, however, inevitably leads to high polymerisation
shrinkage and heat generation resulting in gap formation or fibrous capsulation (Orr et
al., 2003; Race et al., 2004; Kinzl et al., 2012b). Walters et al. (2016) recently confirmed
that replacing TEGDMA with a longer chain, higher molecular weight but lower
crosslinking density polypropylene glycol dimethacrylate (PPGDMA) enhanced
monomer conversion, reduced polymerisation shrinkage, and improved cytocompatibility
of dental composites. Additionally, Khan et al. (2014) proposed that using NTGGMA as
activator enhanced cytocompatibility of experimental composites compared with DMPT.
This could be due to NTGGMA containing a methacrylate group that can polymerise with
the polymer network. This may reduce the leaching of this activator. Additionally,
monomer conversion could be enhanced.

Calcium phosphates have been incorporated into bone cements to promote in vivo bonecement integration through surface apatite precipitates (Sa et al., 2015). An additional
benefit from the incorporation of phosphates was the enhanced volume expansion due
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to water sorption to compensate polymerisation shrinkage (Aljabo et al., 2015). Optimal
levels of MCPM are expected to be between 5 and 10 wt% of powder (Aljabo et al.,
2015). Furthermore, studies have shown that incorporation of Sr substituted calcium
phosphate apatite into bone cement promoted osteoblast functions whilst inhibited
osteoclast functions (Luo et al., 2015; Schumacher et al., 2016). Khan (2015) revealed
that raising level of hydrophilic compounds such as phosphates and polylysine increased
the release of Sr2+ from experimental bone composites due probably to an enhanced
water sorption. Increasing hydrophilic fillers, however, reduced mechanical properties
of the composites.

Mechanical properties of materials are usually assessed under a uniformly increase in
load (static loading). This involves a resistance to fracture (strength, fracture toughness)
or stiffness (modulus of elasticity) of materials at a point of time. However, failure of
materials can be due to crack propagation induced by repetitive subcritical loads (fatigue
failure). A study indicated that high strength under static loading was not directly related
to high fatigue resistance (Belli et al., 2014). It is known that water sorption reduces
mechanical properties of materials. The absorbed water, however, acts as a plasticiser
of resin matrix. This plasticised or expanded resin matrix could help blunting and
generating compressive stress at the tip of fatigue cracks, thereby improving fatigue
resistance of the cements (May-Pat et al., 2012).

Fatigue performance of materials can be assessed by obtaining the gradient from stress
versus failure cycle curve (S/N curve).

Low gradient may represent high fatigue

performance of materials. Materials with low gradient will exhibit larger extension of
failure cycles than that of composites with high gradient (Koster et al., 2013).
Additionally, fatigue life (i.e. failure cycle at low stress level) can be extrapolated from
the regression line of S/N curve.
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7.3

Hypotheses

Chapter 5 demonstrated that replacing TEGDMA by PPGDMA increased monomer
conversion and stability of initiator paste of experimental bone composites. Khan (2015)
indicated that mechanical properties between UDMA/PPGDMA and UDMA/TEGDMA
base experimental bone composites were comparable. The study also revealed that
inhibition time, rate of polymerisation, final monomer conversion, polymerisation
shrinkage, and strength of the composites decreased linearly upon raising level of
phosphates (MCPM with tricalcium phosphate or tristrontium phosphate). Furthermore,
Khan showed that raising level of both MCPM and TSrP increased level of Sr 2+ release.
The following work assessed whether the findings in Khan’s study could be validated.

Monomer systems of experimental bone composites used in the current study were
UDMA/TEGMDA or UDMA/PPGDMA. According to the benefits of PPGDMA described
in the literature and results from Chapter 5, it was expected the inhibition time, rate of
polymerisation, and final monomer conversion of PPGDMA base experimental bone
composites will be higher than those of TEGDMA base composites. Furthermore,
Inhibition of the experimental bone composites should be preferably at ~ 4 to 8 min. It
was anticipated that composites containing PPGDMA, as a consequence of its higher
molecular weight, will exhibit lower calculated polymerisation shrinkage than the
composites containing TEGDMA.

Phosphates in the current study are MCPM (0, 5, 10 wt%) with fixed level of TSrP (7.5
wt%). Whilst these components can reduce monomer conversions, it was anticipated
from results of Chapter 6 that these relatively low levels should have minimal detrimental
effect on polymerisation of the composites.
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It was expected that hygroscopic expansion of experimental bone composites is affected
by flexibility of resin matrix and the level of hydrophilic MCPM.

It was therefore

anticipated that the composites containing PPGDMA and/or higher level of MCPM will
promote greater mass increase and volume expansion than the composites containing
TEGDMA and/or lower level of MCPM. Through optimisation of composition, this may
enable matching with calculated polymerisation shrinkage.

Additionally, the higher

flexibility of PPGDMA compared with TEGDMA in addition to increase water sorption of
MCPM may enhance surface apatite formation and Sr2+ release.

Chapter 6 demonstrates that increasing MCPM from 5 to 10 wt% did not detrimentally
reduce early strength of the experimental bone composites. It was anticipated that the
increase water sorption upon long-term ageing will affect mechanical properties of the
composites. Mechanical properties of experimental bone composites from previous
works by Main (2013) and Khan (2015) were mainly tested in single/continuous load.
Literature described above, however, suggests that failure of materials could be due to
fatigue failure induced by repetitive subcritical loads. Additionally, water plasticisation of
resin matrix may reduce crack propagation from repetitive loads during fatigue testing.
It was, therefore, expected that replacing TEGDMA with PPGDMA and increasing
MCPM may improve fatigue properties of the experimental composites in this chapter.
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7.4

Objectives

The aim of this study was to develop Ca/Sr containing novel injectable bone composites.
The objectives were to assess:

1) Inhibition time, rate of polymerisation, final monomer conversion and
calculated polymerisation shrinkage / heat generation at a controlled
temperature of 25 ºC;
2) Mass and volume changes in SBF;
3) Surface apatite formation in SBF;
4) Strontium release in deionised water;
5) Strength and fatigue of the experimental bone composites after immersion in
SBF for 4 weeks and tested in SBF at a controlled temperature of 37 ºC.

The effect of diluent monomer (PPGDMA versus TEGDMA) and MCPM level (0, 5, and
10 wt%) were also investigated.

Commercial PMMA cement (Simplex, Stryker,

Newbury, Berkshire, UK) and bone composite (Cortoss, Newbury, Berkshire, UK) were
used for comparison.
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7.5

Materials and Methods

Experimental bone composites were prepared using powder to liquid ratio of 2.3:1. The
liquid phase contained 70 wt% UDMA, 25 wt% of PPGDMA or TEGDMA, and 5 wt% of
HEMA. To this was added either BP (3 wt% of total liquid phase) for the initiator liquid
or NTGGMA (2 wt% of total liquid phase) for the activator liquid (Table 7-1).

Table 7-1 Components of liquid phases before mixing with the powder phase.

UDMA

PPGDMA /
TEGDMA

HEMA

BP

NTGGMA

wt% of
monomers

wt% of
monomers

wt% of
monomers

wt% of
liquid

wt% of
liquid

Initiator liquid

70

25

5

3

0

Activator liquid

70

25

5

0

2

Liquid phase /
components

N.B. Upon mixing the composite BP and NTGGMA concentrations will become 1.5 and 1 wt% respectively.

Powder phase contained glass filler (0.7 µm), mono calcium phosphate (MCPM)(0,5,10
wt% after paste mixing), glass fibre (20 wt% of filler), tristrontium phosphate (7.5 wt% of
filler after paste mixing) and polylysine (5 wt% of filler) (Table 7-2).

Table 7-2 Formulations with varying level MCPM* (0, 5, 10 wt%) and types of diluent monomer
(PPGDMA, TEGDMA). The powder phase of each formulation was mixed with PPGDMA (PPG) or
TEGDMA (TEG) liquid phases presented in Table 7-1. Other particle sizes are given in Table 2-2.

Formulations

M0PPG /M0TEG
M5PPG / M5TEG

Initiator
paste

M10PPG / M10TEG
All formulations

Activator
paste

0.7 µm
glass
fillers
(wt%)

Glass
fibres
(wt%)

MCPM
(wt%)

TSrP
(wt%)

PLS
(wt%)

75

20

0

0

5

65

20

10

0

5

55

20

20

0

5

60

20

0

15

5

N.B. MCPM in filler is halved after mixing initiator and activator paste.
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Monomer conversion at 25 ºC was assessed using FTIR-ATR (n=3), mass and volume
changes in SBF were measured using a density kit (n=3) and surface apatite formation
after immersion in SBF for 1 week was assessed using SEM (n=1). Furthermore, Sr 2+
released into deionised water obtained using ICP-MS (n=3) and biaxial flexural strength
(n=5) and fatigue at 4 weeks (n=20) were also examined. All testing protocols were
described in Chapter 2.

7.6

Statistical analysis

Data were analysed using one-way ANOVA followed by multiple comparison using
Tukey’s test or Kruskal-Wallis test followed by Dunnett’s T3 test (p = 0.05).

Two

variables factorial design with low and high level of variables (equations 2-26,28) was
employed to assess any effect of MCPM level (0 versus 5 wt%, 5 versus 10 wt%) and
diluent monomer (TEGDMA versus PPGDMA) on monomer conversion, mass and
volume changes, strontium release, and mechanical properties of the experimental bone
composites.
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7.7
7.7.1

Results
Monomer conversion

7.7.1.1 Inhibition time
Examples of polymerisation profiles are presented in Fig 7-1. The longest and shortest
inhibition time were obtained from Simplex (403  2 s) and M10TEG (28  7 s) respectively
(Fig 7-2). The inhibition time of the experimental bone composites, except for M0PPG
(150  5 s), was significantly shorter than that of Cortoss (155  5 s).

Factorial analysis indicated that the primary factor affecting inhibition time of
experimental bone composites was type of diluent monomer (Fig 7-3).

Replacing

TEGDMA by PPGDMA increased inhibition time on average by two folds (209 %). The
inhibition time was increased on average by 60 % upon decreasing MCPM level from 5
to 0 wt% but this is primarily observed with PPGDMA rather than with TEGDMA. The
effect of increasing MCPM from 5 to 10 wt% on inhibition time was negligible (Fig 7-3 B).

Fig 7-1 Example polymerisation profiles of experimental bone composites measured at controlled
temperature of 25 ºC.
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Fig 7-2 Inhibition time of experimental bone composites. Lines indicate no significant difference (p
> 0.05). Error bars are 95 %CI (n =3).

Fig 7-3 Factorial analysis describing the effect of MCPM level, diluent monomers, and their
interaction effects on inhibition time. Error bars are 95 %CI (n =3).
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7.7.1.2 Rate of polymerisation
Highest maximum rate of polymerisation (Rpmax, %.s-1) was obtained from M10PPG (0.52
 0.04 %.s-1) (Fig 7-4).

No significant difference in Rpmax amongst materials was

obtained. The average effects of increasing MCPM level and type of diluent monomer
on Rpmax were negligible (Fig 7-5).

Fig 7-4 Maximum rate or polymerisation (Rpmax) of experimental bone composites. Error bars are 95
%CI (n =3).
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Fig 7-5 Factorial analysis describing the effect of MCPM level, diluent monomers, and their
interaction effects on Rpmax. Error bars are 95 %CI (n =3).

7.7.1.3 Final monomer conversion
All experimental bone composites exhibited higher monomer conversion (75 – 82 %)
than Cortoss (64  1 %) (Fig 7-6). M10PPG (82  1 %) showed significantly higher final
monomer conversion than Simplex (78  1 %). Monomer conversion of PPGDMA-based
bone composites (~ 80%) was higher than that of TEGDMA-based composites (~ 76 %).
Factorial analysis indicated that monomer conversion was affected by MCPM level and
diluent monomers (Fig 7-7). Replacing TEGDMA with PPGDMA increased monomer
conversion on average by 5 %. The effect of MCPM on monomer conversion was
dependent upon level of MCPM. Monomer conversion was increased by 5 % upon
increasing MCPM from 0 to 5 wt% or decreasing MCPM from 10 to 5 wt%.

223

Chapter 7 Effect of diluent monomer and MCPM level
on physical and mechanical properties of bone composites

Fig 7-6 Final monomer conversion of experimental bone composites. Lines indicate no significant
difference (p > 0.05). Error bars are 95 %CI (n =3).

Fig 7-7 Factorial analysis describing the effect of MCPM level, diluent monomers, and their
interaction effects on monomer conversion. Error bars are 95 %CI (n =3).
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7.7.1.4 Calculated polymerisation shrinkage and heat generation
Calculated polymerisation shrinkage and heat generation of TEGDMA-based
formulations (5.1 vol% and 0.127 kJ/cc) were higher than those of PPGDMA-based
formulations (4.2 vol% and 0.104 kJ/cc) (Fig 7-8). Factorial analysis indicated that the
primary factor affecting shrinkage and heat generation was diluent monomers (Fig 7-9).
The shrinkage and heat generation were increased on average by 22% upon replacing
PPGDMA by TEGDMA. The average effect of MCPM was negligible.
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Fig 7-8 Calculated polymerisation shrinkage and heat generation. Lines indicate no significant
difference (p > 0.05). Error bars are 95 %CI (n =3).

Fig 7-9 Factorial analysis describing the effect of MCPM level, diluent monomers, and their
interaction effects on calculated polymerisation shrinkage/heat generation. Error bars are 95 %CI (n
=3).
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7.7.2

Mass and volume changes

Early mass changes of all materials increased linearly with square root of time (Fig 710). At 1 week, mass change of Simplex, Cortoss, M0TEG and M0PPG reached final
values of (1.6 ± 0.1), (3.0 ± 0.1), (2.7 ± 0.1), and (3.0 ± 0.1) wt% respectively. These
mass changes then levelled off. Upon increasing MCPM, mass of the composites
continued to increase and reached final values of 3.4 ± 0.1 wt% (M5TEG), 4.0 ± 0.2 wt%
(M5PPG), 4.3 ± 0.1 wt% (M10TEG), and 5.8 ± 0.0 wt% (M10PPG) at 4 weeks.

Fig 7-10 Mass and volume changes versus square root of time (hr) of all materials immersed in SBF
up to 7 weeks. Error bars are 95% CI (n=3).
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Volume change of Simplex, Cortoss, M0TEG, M0PPG, M5TEG, and M5PPG reached
maximum values at 1 week of (1.0 ± 0.1), (2.8 ± 0.2), (1.5 ± 0.2), (1.5 ± 0.2), (2.1 ± 0.4),
and (3.0 ± 0.4) vol% respectively. For M10TEG and M10PPG, volume changes continued
to increase for longer, reaching average values after 4 weeks of (4.3 ± 0.9) and (6.1 ±
0.4) vol% respectively.

Initial gradients of mass and volume change versus square root of time are presented in
Table 7-2. These were (0.19 – 0.24) vol%.hr-0.5 and (0.13 – 0.22) vol%.hr-0.5 for PPGDMA
based composites, (0.17 – 0.19) wt%.hr-0.5 and (0.16 – 0.18) vol%.hr-0.5 for TEGDMA
based composites. The highest gradients were obtained from M10PPG ((0.24 ± 0.01)
wt%.hr-0.5 and (0.22 ± 0.01) vol%.hr-0.5). Rate of mass and volume increase were (0.15
± 0.01) wt%.hr-0.5 and (0.16 ± 0.02) vol%.hr-0.5 for Simplex and (0.22 ± 0.01) vol%.hr-0.5
and (0.37 ± 0.07) vol%.hr-0.5 for Cortoss.

Table 7-2 Results from mass and volume changes of each material. Errors are 95 %CI (n=3).

Rate of
mass increase
(wt%.hr-0.5)

Mass change
at late time
(wt%)

Rate of volume
increase
(vol%.hr-0.5)

Volume
change
at late time
(vol%)

M0PPG

0.19 ± 0.02b

3.0 ± 0.1

0.13 ± 0.02b

1.5 ± 0.2

M5PPG

0.19 ± 0.01b

4.0 ± 0.2

0.10 ± 0.02c

3.0 ± 0.4

M10PPG

0.24 ± 0.01c

5.8 ± 0.0

0.22 ± 0.03c

6.1 ± 0.4

M0TEG

0.17 ± 0.02b

2.7 ± 0.1

0.16 ± 0.03 b

1.5 ± 0.2

M5TEG

0.19 ± 0.01b

3.4 ± 0.1

0.08 ± 0.00c

2.1 ± 0.4

M10TEG

0.19 ± 0.00c

4.3 ± 0.2

0.15 ± 0.02c

4.3 ± 0.9

Cortoss

0.22 ± 0.01b

3.0 ± 0.1

0.37 ± 0.07a

2.8 ± 0.2

Simplex

0.15 ± 0.01b

1.6 ± 0.1

0.16 ± 0.02a

1.0 ± 0.1

Formulations

Data were calculated up to 1 day (a), 2 weeks (b), and 5 weeks (c)
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7.7.3

Surface apatite formation

At 1 week, no precipitates were observed on surfaces of M0TEG, M0PPG, M5TEG,
Simplex, and Cortoss (Fig 7-11). Thin surface apatite (~ 1 µm) layers partially covered
surfaces of M10TEG and M10PPG but patchy crystals more consistent with brushite were
observed on some areas of M5PPG.

Fig 7-11 Representative SEM images for each material after 1 week immersion in SBF.
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7.7.4

Strontium (Sr2+) release

The cumulative release of Sr2+ was linear with time (Fig 7-12). Highest and lowest rate
of Sr2+ release was 0.0015 %.hr-1 and 0.0002  0.01 %.hr-1 observed with M10PPG and
M0PPG respectively. M10PPG exhibited the highest Sr2+ release at 4 weeks (1.12  0.02
%). Factorial analysis indicated that level of MCPM and diluent monomers both affected
the release of Sr2+(Fig 7-13). The effect of diluent monomers was, however, dependent
upon level of MCPM. The cumulative release of Sr2+ at 4 weeks was increased on
average by 126 % upon increasing MCPM from 0 to 5 wt% or 5 to 10 wt%. Additionally,
the release was increased by 111  34 % upon replacing TEGDMA by PPGDMA when
MCPM was increased from 5 to 10 wt%.

Fig 7-12 Cumulative Sr2+ release versus hr from bone composites immersed in deionised water up
to 4 weeks. Error bars are 95% CI (n=3).
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Fig 7-13 Factorial analysis describing the effect of MCPM level, diluent monomers, and their
interaction effects on the cumulative Sr2+ release at 4 weeks. Error bars are 95 %CI (n =3). Stars
indicate negative effect from variables.

7.7.5

Biaxial flexural fatigue

7.7.5.1 Biaxial flexural strength tested at 37 °C
The highest BFS of materials tested in SBF at controlled temperature of 37 °C was
obtained from Simplex (137 ± 4 MPa) (Fig 7-14). M5PPG had a comparable BFS (63 ±
2 MPa) to M5TEG (65 ± 3 MPa). The BFS of both M5PPG and M5TEG were significantly
higher than that of M10PPG (54 ± 3 MPa), M10TEG (57 ± 2 MPa), and Cortoss (58 ± 2
MPa).

Factorial analysis revealed the strong effect of MCPM level on BFS (Fig 7-15 A). BFS
was increased by 73 ± 9 % and 18 ± 4 % upon decreasing of MCPM level from 5 to 0
wt% and 10 to 5 wt% respectively. The effect of using different diluent monomer was
negligible.
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Fig 7-14 BFS of all materials after immersion in SBF for 4 weeks tested in wet condition at 37 °C.
Error bars are 95% CI (n=5). Same letters indicate no significant difference (p > 0.05)

Fig 7-15 Factorial analysis describing the effect of MCPM level, diluent monomers, and interaction
effects on BFS at 4 weeks. Error bars are 95 %CI (n =5).
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7.7.5.2 Gradient of S/N curve
Plots of biaxial flexural strength versus logarithm of failure cycle (S/N curve) are
presented in Fig 7-16. Logarithm of failure cycles increased upon the decrease of
applied stress. Highest gradient of the S/N curve was observed among M0PPG (12 ± 1
MPa/log cycle), M0TEG (16 ± 2 MPa/log cycle), and Simplex (18 ± 2 MPa/log cycle) (Fig
7-17). The gradient of the S/N curve among M5PPG (7 ± 1 MPa/log cycle), M10PPG (6
± 1 MPa/log cycle), M5TEG (6 ± 1 MPa/log cycle), M10TEG (6 ± 1 MPa/log cycle) and
Cortoss (6 ± 1 MPa/log cycle) were comparable.

Factorial analysis revealed the strong effect of MCPM level on the gradient of
experimental composites (Fig 7-18 A).

Gradient of S/N curve of the composites

increased by 126 ± 30 % upon decreasing MCPM from 5 to 0 wt%. The effect of
decreasing MCPM from 10 to 5 wt% and using different diluent monomers were
negligible.

7.7.5.3 Fatigue life upon BFS of 10 MPa
Failure cycle of all materials upon applying stress of 10 MPa (fatigue life) was obtained
by extrapolating the regression lines from S/N plots (Fig 7-19). The predicted fatigue life
(log cycle) at an applied stress of 10 MPa for the experimental composites (7.5 – 8.2 log
cycle) was not significantly different from that for the commercial products (7.8 – 7.9 log
cycle). Additionally, factorial analysis showed that MCPM level and diluent monomer
had no significant effect on the fatigue life (Fig 7-20).
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Fig 7-16 Plots of BFS versus log (cycle) (n=20). Gradients of regression lines (S/N curve) were used
to compare fatigue performances.
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Fig 7-17 Gradient of S-N curves. Error bars are 95% CI (n=5). Same letters indicate no significant
difference (p > 0.05).

Fig 7-18 Factorial analysis describing the effect of MCPM level, diluent monomers, and their
interaction effects gradient of S/N curve. Error bars are 95 %CI (n =5).
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Fig 7-19 Fatigue life upon applied stress of 10 MPa of the experimental composites and commercial
products. Error bars are 95% CI (n=5). Line indicates no significant difference (p > 0.05).

Fig 7-20 Factorial analysis describing the effect of MCPM level, diluent monomers, and their
interaction effects on fatigue life. Error bars are 95 %CI (n =5). Stars indicate negative effect from
variables.
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7.8

Discussion

The aim of this study was to develop novel Ca/Sr containing bone composites for
vertebroplasty.

Monomer conversion, mass and volume changes, surface apatite

precipitation, Sr2+ release, and biaxial flexural fatigue were assessed. The effect of
MCPM levels (0, 5, and 10 wt%) and diluent monomer (TEGMDMA and PPGDMA) were
also examined.

7.8.1

Monomer conversion

An ideal bone composite should exhibit sufficient working time for the clinician preferably
4 – 8 min. High rate of polymerisation is required to prevent the composites being
washed out by physiologic fluid after injection. Additionally, high monomer conversion
is required to reduce risk of toxic monomers leaching and ensure good strength.
Furthermore, low shrinkage / heat generation is needed to ensure bone-composite
integration. The results from this chapter are partially in agreement with Khan (2015).
Replacing TEGDMA by PPGDMA increased inhibition time and final monomer
conversion but decreased calculated polymerisation shrinkage. Raising MCPM level
decreased inhibition time. However, its effect on rate of polymerisation, final monomer
conversion, and calculated polymerisation shrinkage were complex.

7.8.1.1 Inhibition time
It is assumed that setting time and handling properties of the experimental bone
composite might be governed by the inhibition time of the materials. Lewis (2006)
proposed that working time of PMMA cements in vertebroplasty, which require mixing of
powder with liquid components and transfer to a syringe, should be approximately 6 –
10 min. This proposed working time is also in accordance with that required by BS ISO
5833:2002 Implants for surgery-Acrylic resin cements (British Standard, 2002). Mixing
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time (47 s) plus inhibition time (403 s) of Simplex from the current study (~ 8 min in total)
fell within this recommendation. Furthermore, it can be assumed that working time of
two-paste and preloaded bone composites can be shortened by ~ 2 min as the mixing
of powder with liquid and a transfer of mixed paste to a syringe are not required. The
inhibition time of Cortoss in the current study was ~ 3 min which was slightly shorter than
expected desired working time for bone composites (4 - 8 min).

Average inhibition time of experimental bone composites in the current study was ~ 1
min, which may be too short. This can be regarded as a drawback of these materials as
clinicians may have limited working period for injection of the experimental bone
composites. This will be due an overly high level of initiator and activator which should
be reduced in future work.

The inhibition time of the PPGDMA-based composites decreased when MCPM was
added. This may be the result of the improved wettability as a consequence of reduced
small glass filler in powder phases below a critical point known as the glass wet point.
Being sufficiently optimised powder content may minimise the amount of O2 containing
air bubbles that increase inhibition time. This effect was not evident in TEGDMA-based
formulations. This may be a consequence of low molecular weight of TEGDMA which
can improve wetting of the powder phase in the composite pastes.

PPGDMA-based composites showed longer inhibition time compared with TEGDMAbased composites as was expected. This could be due to that lower molecular weight
TEGDMA facilitating the movement of free radicals that will initiate the polymerisation.
This result is in agreement with results from Main (2013) and Khan (2015).
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7.8.1.2 Rate of polymerisation
Bone composites with high rate of polymerisation are preferable as the composites
should ideally be polymerised immediately after they are delivered to the affected site.
This could reduce risk of cement leakage from the application site or wash out by
physiological fluid (Yu et al., 2013). The rapid reduction in strength due to cement
washout is a major limitation for slow setting cements such as calcium phosphate
cements (Chen et al., 2015). This cement being washed out could also lead to serious
complications such as pulmonary cement embolism.

Although PPGDMA-based

composites exhibited longer inhibition time, these composites subsequently polymerised
at a similar rate to the TEGDMA-based composites. Furthermore, no significant effect of
MCPM on rate of polymerisation was obtained due probably to the level of MCPM used
in this chapter was low.

7.8.1.3 Final monomer conversion
Monomer conversion of Simplex (80 %) in the current study is in a good agreement with
that obtained from published studies (Vallo, 2002; Ali et al., 2015). It should be noted
that methylmethacrylate (MMA) monomer in Simplex contains only one methacrylate
group to undergo polymerisation (Fig 7-21). Hence, all MMA monomers need to be
polymerised completely, e.g. 100% conversion, to prevent the leaching of unreacted
monomers. Since the conversion of Simplex was ~ 80 %, this may imply that a certain
amount of unbounded MMA monomer can be released. On the contrary, dimethacrylate
monomers contain two methacrylate groups, thereby the polymerisation of 50% of
methacrylate groups may be sufficient to prevent leaching out of monomers.
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Polymer
chain

Polymer
Unreacted

chain

monomer

Methylmethacrylate monomers

Dimethacrylate monomers

Fig 7-21 Schematics representing the polymerisation of methylmethacrylate (MMA) and
dimethacrylate monomers. The methacrylate group of all MMA monomers have to be polymerised
to prevent the release of unreacted monomers. In contrast, polymerisation of 50 % of methacrylate
groups in dimethacrylate monomers may be sufficient to prevent leaching of the monomers.

The conversion of Cortoss in the current study was lower than that (80%) reported by
Pomrink et al. (2003). This inconsistency may be due to the use of differential scanning
calorimeter (DSC) instead of FTIR in the earlier published study. A number of studies
have demonstrated that DSC tends to give higher final conversion than FTIR (Esposito
Corcione et al., 2008; Esposito Corcione et al., 2009). DSC measures the monomer
conversion by calculating molar heat generated upon polymerisation. This calculation is
based on an assumption that the heat generation due to the conversion of C=C is the
same for all monomers. Results, however, can vary due to the presence of lower
molecular weight monomers or unsaturated impurities in the polymerising mixture that
may generate higher heat (Imazato et al., 2001; Suh et al., 2003).

The experimental bone composites exhibited higher final monomer conversion
compared to Cortoss.

As mentioned earlier in Chapter 3, high glass transition
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temperature (Tg) monomers generally give low final monomer conversion. The lower
conversion of commercial composite may be attributed to the high Tg of monomer (BisGMA) that was used as primary base monomer in the composite.

Low molecular weight TEGDMA with a high crosslinking density may restrict the
movement of radical chains in the polymerising mixture, thus reducing final monomer
conversion of TEGDMA-based composites (Martim et al., 2017). Hence, replacing
TEGDMA by higher molecular weight and lower cross-linking density PPGDMA
increased monomer conversion of the composites. This was in agreement with previous
studies (Main, 2013; Khan, 2015; Walters et al., 2016). However, the effect of MCPM
on final monomer conversion was complex.

7.8.1.4 Calculated polymerisation shrinkage
The lower concentration of double bonds per mole with PPGDMA contributed to the
lower calculated polymerisation shrinkage and heat generation of PPGDMA-based
composites compared to the TEGDMA-based composites. This was in agreement with
previous studies (Main, 2013; Khan, 2015; Walters et al., 2016).

Calculated

polymerisation shrinkage of experimental bone composites in the current study was
comparable to that of Cortoss (4 vol%) (Main, 2013) but lower than the shrinkage
observed from PMMA bone cement (6 – 7 vol%) (Kuehn et al., 2005).

It is proposed that gaps at cement-bone interfaces could be the consequence of thermal
damage due to exothermic polymerisation reaction, especially with PMMA cements
(Saleh et al., 2016).

The calculated heat generation of the experimental bone

composites in the current study (~ 0.1 kJ/cc).

The low heat generation of the

experimental bone composites may help to decrease the risk of tissue damage, thereby
improving bone-cement integration.
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7.8.2

Mass and volume changes

Mass increase due to water sorption of Simplex reached maximum values within 2 days.
This is consistent with that obtained from a published study (Ayre et al., 2014). Cortoss
exhibited greater mass increase compared to Simplex due probably to the lower
monomer conversion, higher flexibility of polymer network, and hydrophilicity of bioactive
glass contained in Cortoss (Bae et al., 2010).

For experimental bone composites, their mass and volume changes were governed
primarily by MCPM level and type of diluent monomer. Raising MCPM level enhanced
water uptake leading to the increase of mass and volume as was previously observed in
novel dental composites in the previous chapter and published studies (Mehdawi et al.,
2013; Aljabo et al., 2015). Low crosslinking density and high flexibility of PPGDMA
polymer may promote water diffusion, thereby increasing the mass and volume changes
of the PPGDMA-based composite

An increase of volume expansion due to the increase of MCPM level and using PPGDMA
are expected to compensate an unavoidable polymerisation shrinkage (Kuehn et al.,
2005). The volume increase of PMMA bone cement in the current study (~ 2 vol %) was
lower than the shrinkage reported from a published study (6 - 7 vol%) (Kuehn et al.,
2005). This mismatch between shrinkage-expansion may lead to gap formation around
this cement and subsequently affect bone-cement integration (Yimin et al., 2013).
Cortoss and the experimental bone composites with 10 wt% MCPM exhibited volume
expansion comparable to their polymerisation shrinkage.

This may help to relieve

shrinkage stress and minimise gaps at composite-bone interface. This may enhance
composite-bone integration.
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7.8.3

Surface apatite formation

The formation of apatite layer may provide biological benefits such as a chemical bond
with bone (Huang et al., 2017). The result from this study suggests that the addition of
10 wt% of MCPM encouraged the precipitation of surface apatite after immersion in SBF
for 1 week. Replacing TEGDMA by PPGDMA, however, provided no advantageous
effect on surface apatite precipitation. Furthermore, the amount of precipitates was less
than that observed with the novel experimental dental composites in the previous chapter
due presumably to the lower PLR and therefore phosphates in the experimental bone
composites.

Cortoss contained bioactive glass aimed to provide mineralisation enabling chemical
bond with bone (Boyd et al., 2008). This commercial composite, however, failed to
promote precipitation of surface apatite after immersion in SBF for 1 week. This could
be due to the slow degradation of its calcium phosphate glass (combeite) (Lieberman et
al., 2005). The apatite-forming ability in SBF is a feasible method for the determination
of the bone bonding potential in biomaterials prior to the animal testing which requires
large expenses and resources. It should be noted that the major limitation of SBF is the
lack of proteins which could act in vivo as nucleation inhibitors (Pan et al., 2010).

7.8.4

Sr2+ release

Strontium is of interest in new materials for orthopaedic applications due to its beneficial
effects such as the promotion of osteoblastic whilst reducing osteoclastic activities (Liu
et al., 2016; Schumacher et al., 2016).

Local delivery of Sr2+ to the surrounding

osteoporotic vertebra may help to increase bone mass and improve mechanical
properties of the osteoporotic vertebra. This, in turn, could potentially reduce adjacent
vertebral fracture (Chen and Lin, 2016).
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The addition of TSrP in the experimental bone composites in this study enabled Sr 2+
release. Sr2+ has potential to substitute the cation in calcium phosphate biominerals
(Frasnelli et al., 2017). This ionic substitution, however, may hamper Sr2+ release to the
surrounding environment. The increase of MCPM level enhanced the Sr2+ release due
possibly to the increase in water sorption. This is in accordance with a previous study
(Khan, 2015). The lower crosslinking density and greater free volume of PPGDMA
compared to TEGDMA also additionally increased the Sr2+ release of the composites.
The effect of Sr2+ released from the bone composites on the osteoblast and osteoclast
response needs to be assessed in future studies.

7.8.5

Biaxial flexural fatigue

7.8.5.1 Biaxial flexural strength (BFS)
BFS of composites containing MCPM (M5PPG, M10PPG) after long-term ageing (53, 63
MPa) was lower than that of the same formulations obtained at early time (118, 125 MPa)
in Chapter 6 as was expected. This could be due to the increase of water sorption
causing plasticisation of the resin matrix, thereby reducing the strength of the composites
(Ferracane, 2006). The composites containing 5 or 10 wt% MCPM showed comparable
BFS.

This is desirable as increasing MCPM promoted hygroscopic expansion to

compensate polymerisation shrinkage, enhanced surface apatite formation, and
increased polylysine release.

Furthermore, replacing TEGDMA by PPGDMA reduced

strength of the composites but this was not highly significant. This is in accordance with
results from Khan (2015).

244

Chapter 7 Effect of diluent monomer and MCPM level
on physical and mechanical properties of bone composites

7.8.5.2 Biaxial flexural fatigue
Injected bone composites should be able to withstand the fluctuating and repetitive loads
during physical activities (Wilke et al., 2006). Stress versus number of cycles until failure
(S-N curve) was previously used to assess fatigue properties of various different
materials (Jeffers et al., 2005; Pittayachawan et al., 2007; Harmata et al., 2015). The
gradient of the S-N curve can be used to predict failure cycle number when the applied
stress is reduced. At a given applied stress, the steep gradient of S-N curve was
associated with a significant reduction in failure cycles (Shah et al., 2013). Therefore, a
low gradient rather than high gradient was preferable in terms of fatigue performance
(Koster et al., 2013).

Factors that may affect the fatigue properties of bone cement include specimen shape
and sizes, chemical structure, testing protocol, and testing environment (Kurtz et al.,
2005). Standard fatigue testing protocols have included four-point-bending with beam
samples, pure tensile test with tapered samples, and uniaxial tension/compression test
with cylindrical tapered samples (Dean et al., 2005). The biaxial flexural fatigue test used
in this study was efficient for the testing of multiple batches but did not facilitate
comparison with other published studies.

The highest gradient of S-N curve was observed from Simplex. This could be due to the
lack of reinforcing glass fillers or glass fibre, and pores contained inside the cement
(Kurtz et al., 2005). The addition of MCPM promoted water sorption which is known to
negatively affect the strength of experimental bone composites (Ferracane, 2006).
Water sorption plasticised matrix, however, it may help to reduce the generated residual
compressive stresses at the tip of fatigue cracks, thus retarding crack propagation
(Schmitt et al., 2004; Takeshige et al., 2007; May-Pat et al., 2012). Additionally, fibres
could help to bridge the voids in the composites that may act as points of initiation of
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cracks during fatigue (Kane et al., 2010). These phenomena may therefore partly explain
the lower gradient of S-N curves in the experimental bone composites containing MCPM.
Replacing TEGDMA by PPGDMA may enhance water sorption but this was not
advantageous on fatigue properties of the experimental bone composites.

In the body, bone cements are subjected to complex stresses. A finite element analysis
demonstrated that the maximum stresses generated in the injected cement after
vertebroplasty may range from 5 to 10 MPa (Rohlmann et al., 2010). A stress of 10 MPa
was, therefore, used to assess failure cycles (fatigue life) from regression lines. The
extrapolated fatigue life from regression line suggested that the experimental composites
provided comparable fatigue life to commercial products. This may ensure a long-term
mechanical performance of experimental bone composites.

The major limitations of the composites in the current study was that inhibition time of
the experimental bone composites was far too short. This was primarily due to the
attempt to develop bone composites with high monomer conversion, thus high level of
initiator and activator were used (1.5 wt% BP and 1 wt% NTGGMA after mixing). All
composites in this thesis contained the same level of these components to fix the effect
from initiator / activator and allow assessment of other variables.

Level of

initiator/activator will be optimised in future works.
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7.9

Conclusions

Within the limitations of this study, the following conclusions could be drawn.

1) The addition of MCPM decreased inhibition of the experimental bone composites.
Replacing TEGDMA diluent monomer with PPGDMA increased inhibition time
and monomer conversion of the experimental bone composites. The use of
PPGDMA decreased calculated polymerisation shrinkage / heat generation for
the experimental bone composites.
2) Increasing MCPM level and replacing TEGDMA by PPGDMA promoted water
sorption-induced expansion. This hygroscopic expansion was comparable with
the calculated polymerisation shrinkage.
3) Increasing the level of MCPM promoted surface apatite formation. Replacing
TEGDMA by PPGDMA did not advantageously enhance surface apatite
formation.
4) Increasing the level of MCPM and the use of PPGDMA enhanced Sr2+ release.
5) The increase of MCPM level reduced the BFS of the composites but showed no
detrimental effect on fatigue properties of the composites. Replacing TEGDMA
by PPGDMA slightly affected mechanical properties of the experimental bone
composites.
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Chaper 8

Development of Low Stiffness, Polylysine

Releasing, and Mineralising Injectable Bone
Composites for Vertebroplasty

8.1

Abstract

Purpose: The aim of this study was to assess the effects of PPGDMA, MCPM plus
TSrP (PO), and PLS on injectability, monomer conversion, mass and volume changes,
PLS release, surface apatite formation, and mechanical properties in addition to
cytocompatibility were examined.

Materials and Methods: Chemically activated experimental bone composites were
prepared using PLR of 2.3:1. Composites with PLR of 3:1 were additionally prepared for
the injectability test. Liquid phase contained varying level of PPGDMA:UDMA (25:70,
50:45, and 75:20 wt:wt) with fixed 5 wt% HEMA. Powder phase after mixing initiator with
activator pastes contained glass filler, PO (12.5, 25, and 50 wt%), and PLS (2.5, 5, and
10 wt%). Injectability of the composite pastes was performed using a universal testing
machine. Monomer conversion was assessed using FTIR-ATR.

Mass and volume

changes of composites in SBF were measured using a density kit. PLS release in
deionised water was analysed using HPLC. Surface apatite formation was assessed
using SEM-EDX. Compressive strength at 24 hr in addition to biaxial flexural
strength/fatigue for up to 4 weeks were also examined.

Cytocompatibility of

experimental bone composites to bone marrow mesenchymal stem cells (MSCS) was
assesed using MTS assay. Commercial PMMA (Simplex) and composite (Cortoss) bone
cements were used for comparison.
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Results: Decrease of PLR and increase of PPGDMA lowered required injection force.
Increasing PPGDMA from low to high monomer fraction increased inhibition time on
average from 1 min to 5 min. The increase of PPGDMA slightly decreased rate of
polymerisation on average from 0.51 to 0.36 %.s-1. This also increased final monomer
conversion on average from to 84 to 97 % but raised polymerisation shrinkage and heat
generation by only 6 % due to its high molecular weight. The increase of PPGDMA and
MCPM also enhanced volume expansion, PLS release, and surface apatite formation.
Increasing all variables decreased strength, fatigue, and modulus of elasticity. The
maximum effect of each variable on modulus of elasticity was greater than on strength
by ~ 20%. Furthermore, the modulus at late time of the experimental composites
containing high PPGDMA was less than 1 GPa. Increasing PPGDMA and PO reduced
metabolic activity relatively to control of MSCS by 59 % and 258 % respectively.

Conclusion: This study produced composites that exhibited low stiffness, high PLS releasing, and apatite – forming. To prevent adjacent vertebral fracture, formulations
with high PPGDMA would be beneficial. Additionally, increasing PPGDMA improved
injectability and monomer conversion of the experimental bone composites.

The

increase of PO and PPGDMA enhanced surface apatite formation and PLS release but
reduced cytocompatibility. Increasing these variables, however, reduced mechanical
properties but provided modulus of elasticity more comparable with cancellous bone.
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8.2

Introduction

Cement leakage is a common complication of vertebroplasty.

Most leakage is

asymptomatic but some serious complications have been reported (Janssen et al.,
2017). Studies suggested that using high viscosity cements reduced the risk of cement
leakage (Baroud et al., 2006; Zhan et al., 2017). The forces required for the delivery of
such cements may however exceed the human physical limit (Habib et al., 2010).
Hence, manufacturers have provided injection devices that can generate pressure and
force to aid injection of highly viscous cements. Most clinicians, however, prefer to use
simple syringes, which allow good tactile feeling and force feedback during injection
(Boger and Wheeler, 2011). High viscosity reduced cement infiltration volume in bone
(Hsu et al., 2014), which may affect bone-cement integration.

According to Chapter 4, the viscosity of experimental bone composites can be reduced
by increasing level of PPGDMA or decreasing powder to liquid ratio.

Additionally,

Chapter 6 demonstrated that increasing PPGDMA level also reduced modulus of
elasticity of experimental bone composites to a level that is comparable with cancellous
bone. Furthermore, replacing TEGDMA by PPGDMA in Chapter 7 increased monomer
conversion of experimental bone composites.

Generally, high monomer conversion is associated with high polymerisation shrinkage
and shrinkage stress.

The shrinkage and stress could be potentially balanced by

hygroscopic expansion of composites (Park and Ferracane, 2014). This expansion
could be promoted by the addition of phosphate compounds (Aljabo et al., 2015). The
addition of phosphates encouraged surface apatite formation (Aljabo et al., 2016) which
is known to promote in vivo bone bonding.
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Post-operative infection after vertebroplasty is a rare complication but is usually
associated with high mortality rates (Abdelrahman et al., 2013). Therefore, antibioticloaded bone cements are often employed to prevent this complication. In general, only
10 % of the total amount of antibiotic incorporated in the PMMA bone cement can be
released (Anagnostakos and Kelm, 2009; Miola et al., 2013). This could be due to the
rigidity of PMMA resin matrix that may impair the diffusion of drugs (Slane et al., 2014).
Furthermore, the slow and sustained release of an antibiotic from PMMA cement has
raised a concern of developing antibiotic resistance to the commonly used antibiotics
such as vancomycin or gentamycin.

Inert soluble porogens were incorporated in bone cements to generate pores that could
facilitate the diffusion and release of antibiotics (Slane et al., 2014). Matos et al. (2014)
showed that the addition of lactose enabled total release of minocycline from a PMMA
cement. Likewise, Wu et al. (2016b) have demonstrated that the addition of gelatine
sponges increased the gentamycin release by 4 to 6 folds. The addition of these
porogens, however, inevitably reduced the mechanical properties of the cements.

Adjacent vertebral fracture is a common complication after vertebroplasty. A proposed
aetiology for the adjacent vertebral fracture was the mechanical mismatch between the
low stiffness vertebral cancellous bone and the high stiffness bone cement (Wang et al.,
2012).

Studies demonstrated that the stiffness of bone cements was significantly

decreased by the addition of hyaluronic acid, blood plasma, caster oils, or normal saline
(Boger et al., 2008; Ahn et al., 2009; Lopez et al., 2011; Carlsson et al., 2015; Schröder
et al., 2016). These additives, however, affected handling properties and polymerisation
of the materials.
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When materials are implanted into human tissues, host responses such as inflammation,
wound healing, or foreign body reactions could occur at the tissue-material interface. A
cytocompatible bone composite is required to ensure bone-integration and reduce
fibrous encapsulation which is commonly observed with PMMA cement (Ooms et al.,
2003). Toxicity of composites may be due to leaching of uncured monomers or leachable
substances, such as drugs or ions at high level.

Studies showed that dimethacrylate

monomers in composites were toxic to human cells (Schweikl et al., 2006; Chang et al.,
2014). For example, HEMA reduced viability of human lung epithelial cells due to the
interruption of cell cycle, increased apoptosis, and decreased cell proliferation (Morisbak
et al., 2015). Additionally, a study showed UDMA increased proinflammatory cytokine
production and enhanced oxidative stress in dental pulp cells (Chang et al., 2014).
Furthermore, the addition of highly soluble calcium phosphates such as MCPM may also
be toxic to eukaryotic cells as it produces acid after reacting with water (Dorozhkin,
2011). Additionally, excess calcium ions affected oxidative mechanisms, metabolic
activities, and induced apoptosis of eukaryotic cells (Mansfield et al., 2003; Orrenius et
al., 2003).
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8.3

Hypotheses

Experimental bone composites that require high injection force may compromise
handling properties of the materials. Chapter 4 demonstrated that the viscosity of
experimental bone composites could be decreased by reducing powder to liquid ratio or
increasing PPGDMA level.

The injection force required for the dispersal of the

experimental bone composites, however, has not yet been investigated. According to
the rheological results in Chapter 4, it was expected that the required injection force of
the composites would be reduced upon reducing PLR or increasing PPGDMA level of
the composites. Chapter 4 also indicated that increasing glass filler particle size from
0.7 to 7 had no significant effect on viscosity of experimental bone composites. It was
anticipated that increasing level of large particle size fillers including MCPM (diameter of
53 µm), TSrP (diameter of 10 µm), and PLS (diameter of 20-50 µm) would reduce the
required injection force of the composites in this chapter.

According to previous chapters, replacing TEGDMA by PPGDMA improved stability of
the initiator paste, inhibition time, and monomer conversion of experimental bone
composites. An average inhibition time of the PPGDMA based composites in Chapter 7
(1 min) was far too short compared with the expected required inhibition time (4 – 8 min).
As composites containing PPGDMA instead of TEGDMA gave greater inhibition times
and monomer conversions with the comparable rate of reaction, higher PPGDMA might
further increase these properties. Due to the high molecular weight of PPGDMA, it was
expected that increasing monomer conversion will not have detrimental effect on
calculated polymerisation shrinkage and heat generation.

Replacing TEGMDA by PPGDMA and raising hydrophilic MCPM increased water
sorption and strontium release of experimental bone composites in Chapter 7. It was
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anticipated that increasing PPGDMA, PO (MCPM plus TSrP), and PLS would enhance
hygroscopic expansion making it more comparable with calculated polymerisation
shrinkage. The increase in water sorption by raising PPGDMA, PO, and PLS was also
expected to promote PLS release and surface apatite formation.

Raising PPGDMA, PO, and PLS may consequently reduce mechanical properties of
experimental bone composites. Although, a requirement of strength of bone composites
has not yet been established, the BS ISO 5833 (implants for surgery-acrylic resin
cements) can be used as a provisional requirement. To pass requirements of the
standard, mechanical properties of experimental composites should be higher than 70
MPa for compressive strength, 50 MPa for flexural strength, and 1.8 GPa for flexural
modulus after immersion in a liquid for 24 hr. Additionally, it was expected that increasing
flexible PPGDMA and hydrophilic fillers (PO and PLS) would reduce modulus of elasticity
of the composites upon ageing to match with that of cancellous bone (0.1 – 0.7 GPa).
Furthermore, it was anticipated that the increase of these components would not
detrimentally affect fatigue of the materials.

High flexibility of resin matrix and increased water sorption of composites may enable
rapid release of components that could negatively affect the surrounding bone cells. This
is undesirable as it could impair bone-composite integration.

Cytocompatibility of

experimental bone composites was tested by measuring metabolic activity of bone
marrow mesenchymal stem cells (MSCS) cultured in conditioned medium. This medium
had composites previously immersed in it for 24 hr (Chapter 2, section 2.3.10).

It is

anticipated that through control of PPGDMA, PO, PLS any detrimental effects on
metabolic activity of MSCS can be minimised.
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8.4

Aim and objectives

The aim of this chapter was to develop low stiffness, polylysine - releasing, and apatite
- forming bone composites that are easy to inject. The objectives of this study were to
assess:

1) Injection forces required to expel different composite pastes through a syringe
with an outlet diameter of 1.8 mm;
2) Inhibition time, maximum rate of polymerisation, final monomer conversion,
and calculated polymerisation shrinkage and heat generation from final
monomer conversions;
3) Mass and volume change after immersion in SBF for 4 weeks;
4) Polylysine release in deionised water for 4 weeks;
5) Apatite formation after immersion in SBF for 4 weeks;
6) Strength, modulus and fatigue of bone composites after immersion in SBF for
4 weeks;
7) Metabolic activity of mesenchymal stem cells cultured in solutions previously
immersed by composite discs;

The effect of PPGDMA, PO, and PLS were examined. Commercial PMMA cement
(Simplex; Stryker, Newbury, Berkshire, UK) and bone composite (Cortoss; Stryker,
Newbury, Berkshire, UK) were used for comparison.
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8.5

Materials and Methods

Powder to liquid ratio (weight ratio) of composites in this study were 2.3:1.

To

demonstrate the effect of PLR on injection, however, formulations with high PLR (3:1)
were additionally prepared.

The liquid phase before mixing with the powder phase contained UDMA and PPGDMA
with fixed level of 5 wt% HEMA. To this was added either BP (3 wt% of total liquid phase)
for the initiator liquid or NTGGMA (2 wt% of total liquid phase) for the activator liquid.
After mixing, level of BP and NTGGMA were halved (1.5 and 1 wt% respectively).

The powder phase contained glass filler (0.7 µm) and PLS (Table 8-1). To this was
added either MCPM for the initiator powder or TSrP for the activator powder.
MCPM:TSrP was 1:1.5 by weight which is approximately equimolar. Total amount of
MCPM and TSrP (PO) in powder phase will be halved after mixing with liquid phase.
Fibre was not used in this study as it caused a blockage in the mixing tip when high level
of PPGDMA (75 wt%) was used. Additionally, high level of active ingredients was used
in this study to enable easy visualisation of property trends upon increased level of
additives.
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Table 8-1 Formulations of experimental bone composites. HEMA was fixed at 5 wt%. BP and
NTGGMA after mixing were fixed at 1.5 wt% and 1 wt%. Total amount of MCPM and TSrP (PO) in
powder phase will be halved after mixing with liquid phase.

PPGDMA
(P)

UDMA
(U)

Formulations
wt% of monomers
in liquid phase

MCPM

TSrP
Polylysine
(PO)
(PLS)
wt% in powder phase before mixing with
liquid phase
Initiator
Activator
Each
powder
powder
powder

P75PO50PLS10

75

20

40

60

10

P75PO50PLS2.5

75

20

40

60

2.5

P75PO12.5PLS10

75

20

10

15

10

P75PO12.5PLS2.5

75

20

10

15

2.5

P50PO25PLS5

50

45

20

30

5

P25PO50PLS10

25

70

40

60

10

P25PO70PLS2.5

25

70

40

60

2.5

P25PO12.5PLS10

25

70

10

15

10

P25PO12.5PLS2.5

25

70

10

15

2.5

Injectability of the composite pastes (n=3) were assessed using a universal testing
machine, monomer conversion was measured using FTIR-ATR (n=3). Additionally,
mass and volume changes in SBF were assessed using gravimetric studies (n=3), PLS
release in deionised water was analysed using HPLC (n=3), Ca/P and Ca/ Si ratio of
surface apatite layers were assessed using SEM-EDX (n=3). Furthermore, compressive
strength after immersion in SBF for 24 hr (n=5), biaxial flexural strength and modulus of
elasticity (n=5) in addition to biaxial flexural fatigue testing after immersion in SBF for 4
weeks (n=25) were also examined. The metabolic activity of MSCS using MTT assay
(n=5), which was performed by Dr Catriona O'Rourke, was also examined. All testing
protocols are previously described in Chapter 2.
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8.6

Statistical analysis

Data were analysed using one-way ANOVA or Kruskal-Wallis test followed by multiple
comparison using Tukey’s test or Dunnett’s T3 test (p = 0.05) respectively. Three-level
factorial design with low and high level of variables (equations 2-27,28) was employed
to assess the effect of PPGDMA (25 or 75 wt%), PO (12.5 or 50 wt%), and PLS (2.5 or
10 wt%) on injection force, inhibition time, rate of polymerisation, final monomer
conversion, mass and volume changes, PLS release, Ca/P or Ca/Si ratio of surface
apatite, mechanical properties of experimental bone composites in addition to metabolic
activity of MSCS.
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8.7
8.7.1

Results
Injectability

All experimental bone composites prepared with PLR of 3:1 or 2.3:1 and Cortoss
exhibited injectability of greater than 90 % except for P25PO12.5PLS2.5 that prepared with
PLR of 3:1 (14  3 %). The injection force required for all experimental composites
increased upon raising PLR from 2.3:1 to 3:1(Fig 8-1).

For experimental bone

composites prepared with PLR of 2.3:1, highest and lowest injection force were obtained
from P25PO12.5PLS10 (23  4 N) and P75PO12.5PLS10 (4  0 N) respectively. The injection
force of experimental composites prepared with PLR of 2.3:1 except for P25PO12.5PLS10
and P25PO12.5PLS2.5 (21  2 N) was significantly lower than that of Cortoss (20  2 N).

For the composites prepared with PLR of 3:1, the highest and lowest injection force were
obtained from P25PO12.5PLS2.5 (100  0 N) and P75PO50PLS10 (7  2 N) respectively.
Injection force of P25PO12.5PLS2.5 and P25PO12.5PLS10 (92  2) was significantly higher
than that of Cortoss. In contrast, P75PO50PLS10 and P75PO12.5PLS2.5 required significantly
lower injection forces than Cortoss.

Factorial analysis indicated primary factors affecting the required injection force for
experimental bone composites prepared with PLR of 2.3:1 was PPGDMA level. The
primary factor of composites prepared with PLR 3:1 was PPGDMA, PO, PLS (Fig 8-2).
The required injection force was increased by 173  21 % and 241  28 % upon
decreasing PPGDMA level for the composites prepared with PLR of 2.3:1 and 3:1
respectively. Additionally, the injection force was increased by 240  24 % and 40  5
% upon decreasing PO and PLS for the composites prepared with PLR of 3:1.
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Fig 8-1 Injection force required for experimental bone composites. Lines indicate no significant
difference (p > 0.05). Error bars are 95% CI (n=3).
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Fig 8-2 Factorial analysis describing the effect of PPGDMA, PO, PLS, and their interactions on
required injection force of experimental bone composites. Error bars are 95% CI (n=3).

8.7.2

Monomer conversion

8.7.2.1 Inhibition time
Longest and shortest inhibition time were observed with P25PO12.5PLS2.5 (41  12 s) and
P75PO50PLS2.5 (517  13 s) (Fig 8-3 A). The inhibition time of Simplex (403  2 s) was
comparable with that of P75PO50PLS10 (421  36 s). Additionally, the inhibition time of
Cortoss (155  5 s) was comparable with that of P75PO12.5PLS2.5 (138  1 s). The average
inhibition time of experimental bone composites (191 s) was higher than the result from
the intermediate formulation (P50PO25PLS5; 98  14 s).

Factorial analysis indicated that inhibition time was strongly affected by PPGDMA and
PO levels (Fig 8-3 B). The inhibition time was increased by 342  24 % and 125  8 %
upon increasing PPGDMA and PO levels. The effect of PLS was negligible.
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Fig 8-3 A) Inhibition time of each material. Lines indicate no significant difference (p > 0.05). B)
Factorial analysis describing the effect of PPGDMA, PO, PLS, and their interactions on inhibition
time of experimental bone composites. Error bars are 95% CI (n=3).
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8.7.2.2 Maximum rate of polymerisation (Rpmax)
Lowest and highest Rpmax were obtained from P75PO50PLS2.5 (0.26  0.01 %.s-1) and
P50PO25PLS5 (0.62  0.02 %.s-1) respectively (Fig 8-4 A). Rpmax of all experimental bone
composites was not significantly different with that of Cortoss (0.36  0.03 %.s-1). Rpmax
of P75PO50PLS2.5 was significantly higher than that of Simplex (0.49  0.02 %.s-1).
Additionally, Rpmax of Simplex was significantly higher than that of P75PO50PLS10 (0.28 
0.04 %.s-1) and P75PO50PLS2.5. The average Rpmax of experimental bone composites
(0.43 %.s-1) was lower than the result from the intermediate formulation (P50PO25PLS5;
0.62  0.02 %.s-1).

Factorial analysis revealed that the primary factor influencing Rpmax of experimental bone
composites was PPGDMA level (Fig 8-4 B). Rpmax of the composites was increased by
50  2 % upon decreasing PPGDMA level. Additionally, Rpmax of the composites with
high PPGDMA level was increased by 36  8 % upon decreasing PO level. The effect
of PLS was negligible.
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Fig 8-4 A) Maximum rate of polymersation (Rpmax) of experimental bone composites and commercial
materialss. Lines indicate significant difference (p < 0.05). B) Factorial analysis describing the effect
of PPGDMA, PO, PLS, and their interactions on Rpmax of experimental bone composites. Error bars
are 95% CI (n=3).
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8.7.2.3 Final monomer conversion
Final monomer conversions of experimental bone composites were significantly higher
than that of Cortoss (64  1 %) (Fig 8-5 A). Highest and lowest monomer conversion of
experimental bone composites were obtained from P75PO12.5PLS10 (99  3 %) and
P25PO50PLS2.5 (79  0 %) respectively. The experimental bone composites containing
50 or 75 wt% of PPGDMA exhibited significant higher final monomer conversion than
Simplex (78  1 %). Additionally, the conversion of Simplex was comparable to that of
the experimental composites containing 25 wt% PPGDMA. Monomer conversion of the
intermediate formulation (P50PO25PLS5; 95  1 %) was higher than the average monomer
conversion of experimental bone composites (89 %).

Factorial analysis revealed that final monomer conversion of experimental bone
composites was primarily governed by level of PPGDMA (Fig 8-5 B). The conversion
was increased by 20  0 % upon raising PPGDMA level.

265

Chapter 8 Low stiffness, PLS releasing, mineralising,
and cytocompatible bone composites

Fig 8-5 A) Final monomer conversion of experimental bone composites and commercial products.
Lines indicate no significant difference (p > 0.05). B) Factorial analysis describing the effect of
PPGDMA, PO, PLS, and their interactions on final monomer conversion of experimental bone
composites. Error bars are 95% CI (n=3).
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8.7.2.4 Calculated polymerisation shrinkage and heat generation
Highest and lowest calculated polymerisation shrinkage and heat generation were
obtained from P50PO25PLS5 (4.10  0.04 vol%, 0.098  0.006 kJ/cc) and P25PO50PLS2.5
(3.43  0.00 vol%, 0.085  0.000 kJ/cc) (Fig 8-6 A). The calculated polymerisation
shrinkage and heat generation of the experimental bone composites containing 75 wt%
PPGDMA, except for P75PO50PLS2.5, were not significantly different from those of the
composites containing 25 wt%.

Calculated polymerisation shrinkage and heat

generation of the intermediate formulation (P50PO25PLS5) was slightly higher than
average results of experimental bone composites (3.6 vol%, 0.09 kJ/cc).

Factorial analysis revealed that PPGDMA level was the primary factor controlling
calculated polymerisation shrinkage and heat generation (Fig 8-6 B). The shrinkage and
heat generation was increased by 6  1 % upon raising PPGDMA level. The effect of PO
and PLS were negligible.
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Fig 8-6 A) Calculated polymerisation shrinkage and heat generation. Lines indicate significant
difference (p < 0.05). B) Factorial analysis describing the effect of increasing PPGDMA, PO, PLS,
and their interactions on calculated polymerisation shrinkage and heat generation of experimental
bone composites. Error bars are 95% CI (n=3).
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8.7.3

Mass and volume changes

8.7.3.1 Mass change
Mass of experimental composites increased linearly with square root of time (hr) at early
time (Fig 8-7). For the composites containing high PPGDMA, their masses peaked at 2
or 3 days before levelling off. At 1 day, P75PO12.5PLS10 and P75PO50PLS10 reached
maximum mass of 0.9  0.1 wt% and 2.3  1.0 wt%. At 4 weeks, mass of these
composites slowly declined to final values of -0.4  0.1 wt% for P75PO12.5PLS10 and 0.5
 0.2 wt% for P75PO50PLS10. Upon decreasing PLS, mass of the composites continued
to increase for longer. P75PO12.5PLS2.5 and P75PO12.5PLS2.5 reached a maximum level of
1.7  0.3 wt% and 4.0  0.3 wt%. Their masses then slightly decreased to final values
of 1.6  0.3 wt% and 3.0  0.8 wt% respectively.

For the experimental bone composites containing low PPGDMA, their masses increased
and reached final values at 1 to 2 weeks. The final values were 2.0  0.1 wt% for
P25PO12.5PLS2.5 and 3.0  0.4 wt% for P25PO12.5PLS10. Mass changes of the composites
were increased upon raising PO. For P25PO50PLS2.5 and P25PO50PLS10, their final mass
changes were 9.0  0.4 wt% and 9.0  0.1 wt% respectively.

The highest and lowest rate of mass increase (%.hr-0.5) with time were observed from
P25PO50PLS10 (0.7  0.1 wt%.hr-0.5) and P25PO12.5PLS10 (0.1  0.0 wt%.hr-0.5) respectively
(Fig 8-8 A). The average rate of mass increase of experimental bone composites (0.3
wt%.hr-0.5) was comparable to the result from the intermediate formulation (P50PO25PLS5;
0.3  0.0 wt%.hr-0.5). The average maximum mass increase of the composites (3.8 wt%)
was, however, slightly lower than the result obtained from the intermediate formulation
(4.4  4 wt%).
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Factorial analysis indicated that the primary factor that affect rate of mass increase was
PO (Fig 8-8 B). The rate of mass increase of experimental bone composites was
increased by 171  40 % upon increasing PO.

Maximum mass increase of the

composites was affected by PPGDMA and PO levels. The maximum mass increase was
raised by 194  32 % and 180  28 % upon decreasing PPGDMA and increasing PO
respectively.

Fig 8-7 Mass and volume changes of experimental bone composites in SBF versus square root of
time. Error bars are 95% CI (n=3).

270

Chapter 8 Low stiffness, PLS releasing, mineralising,
and cytocompatible bone composites

Fig 8-8 A) Rate of mass increase (%.hr-0.5) and maximum mass increase. B) Factorial analysis
describing the effect PPGDMA, PO, PLS, and their interactions on rate of mass increase and
maximum mass increase of experimental bone composites. Error bars are 95% CI (n=3).
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8.7.3.2 Volume change
Volume changes of the experimental bone composites reached a plateau at 1 week (Fig
8-6). With low phosphates, the volume changes at late time were 3.3  0.4 vol%, 2.6 
0.3 vol%, 3.8

 0.1 vol%, 2.7  0.1 vol% for P75PO12.5PLS2.5, P25PO12.5PLS10,

P25PO12.5PLS2.5, and P25PO12.5PLS10 respectively (Fig 8-9 A).

Volume changes of

composites were increased upon raising phosphates. These volume changes at late
time were 8.3  0.6 vol% for P75PO50PLS2.5, 8.3  0.2 vol% for P75PO50PLS2.5, 9.7  0.4
vol% for P25PO50PLS2.5, and 8.7  0.1 vol% for P25PO50PLS2.5. Highest and lowest rate
of volume change were obtained from P75PO75PLS10 (1.0  0.0 vol%.hr-0.5) and
P25PO12.5PLS10 (0.2  0.0 vol%.hr-0.5) respectively (Fig 8-9 A). The average rate of
volume increase (0.5 vol%.hr-0.5) and volume changes at late time (5.9 vol%) of
experimental bone composites were comparable to the results obtained from the
intermediate formulation (P50PO25PLS5; 0.4  0.0 vol%.hr-0.5 and 6.6  0.3 vol%).

Factorial analysis indicated that rate of volume increase and volume changes at late time
was affected by level of PPGDMA, PO, and PLS (Fig 8-9 B). Rate of volume increase
was raised by 59  8 %, 206  53 % and 46  5 % upon increasing PPGDMA, PO, and
PLS respectively. Final volume change at late time of experimental bone composites
was governed primarily by PO. Raising PO level increased final volume by 186  8 %.
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Fig 8-9 A) Rate of volume increase (%.hr-0.5) and volume changes at late time, B) factorial analysis
describing the effect of increasing PPGDMA, PO, PLS, and their interactions on rate of volume
increase and volume changes at late time of experimental bone composites. Error bars are 95% CI
(n=3).
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8.7.4

Polylysine release

8.7.4.1 Delay time (td)
The release of PLS increased linearly with square root of time, reaching a plateau at late
time (Fig 8-10). Time when PLS could be first detected after immersion in deionised
water (delay time, td) was obtained from intercepts on the x axis of the linear regression
lines (equation 2-19). An average of delay time of experimental bone composites
containing 75 wt% PPGDMA (6 hr) was shorter than that of the composites containing
25 wt% PPGDMA (32 hr) (Fig 8-11 A). The shortest and longest td were obtained from
P75PO50PLS10 (5 ± 1 hr) and P25PO50PLS2.5 (42 ± 9 hr). The td obtained from the
intermediate formulation (P50PO25PLS5; 30 ± 1 hr) was longer than the average td of
experimental bone composites (19 hr).

Factorial analysis indicated that PPGDMA is the primary factor that affect td of PLS
release (Fig 8-11 B). The analysis indicated that td of the composites was increased by
496 ± 290 % upon reducing PPGDMA level. The effect of PO and PLS were negligible.

Fig 8-10 PLS release in deionised water versus square root of hour. Error bars are 95% CI (n=3).
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Fig 8-11 A) Delay time (td) of each formulation and B) factorial analysis describing the effect of
PPGDMA, PO, PLS, and their interactions on the td of PLS. Error bars are 95% CI (n=3).
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8.7.4.2 Diffusion coefficient
The average diffusion coefficient for PLS through composites containing 75 wt% of
PPGDMA (1.9 x 10-8 cm2.s-1) was higher than that of the composites containing 25 wt%
of PPGDMA (9.4 x 10-9 cm2.s-1) (Fig 8-12 A). P75PO50PLS2.5 exhibited the highest
diffusion coefficient (2.0 x 10-8 ± 6.4 x 10-10 cm2.s-1). The lowest coefficient was obtained
from P25PO50PLS10 (7.3 x 10-9 ± 4.6 x 10-10 cm2.s-1). The coefficient obtained from the
intermediate formulation (P50PO25PLS5; 1.3 x 10-8 ± 1.6 x 10-10 cm2.s-1) was comparable
to the average coefficient of experimental bone composites (1.4 x 10-8 cm2.s-1).

Factorial analysis showed that PPGDMA level had strong effect on diffusion coefficient
of experimental bone composites (Fig 8-12 B). The diffusion coefficient was increased
by 107 ± 20 % upon increasing PPGDMA level. The effect of PO and PLS were
negligible.
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Fig 8-12 A) Diffusion coefficient PLS, and B) factorial analysis describing the effect of PPGDMA, PO,
PLS, and interactions on the diffusion coefficient of PLS release. Lines indicated no significant
difference (p > 0.05) Error bars are 95% CI (n=3).
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8.7.4.3 Cumulative PLS release
Cumulative PLS release at specific time points (1 day, 1 week, and 4 weeks) are
presented in Fig 8-13 A. The cumulative release at each time point was decreased upon
lowering PPGDMA, PO, and PLS. For experimental bone composites containing 75 wt%
PPGDMA, their average cumulative release at 1 day (13 %) increased and reached a
maximum at 1 week (55 %). At 4 weeks, the release levels were only slightly enhanced
(58 %). For the composites containing 25 wt% of PPGDMA, the average of cumulative
PLS release at 1 day was 4 %. These increased to 22 % and 31 % at 1 week and 4
weeks respectively.

The cumulative PLS release obtained from the intermediate formulation (P50PO25PLS5)
was (3 ± 1), (27 ± 1), and (30 ± 1) % at 1 day, 1 week, and 4 weeks respectively. These
were lower than the average cumulative PLS release of experimental bone composites
at 1 day (9 %), 1 week (38 %), and 4 weeks (44 %).

Factorial analysis showed that PPGDMA was the primary factor affecting accumulative
PLS release at all time points (Fig 8-13 B). The PLS release at 1 day was increased by
260 ± 76 % upon increasing PPGDMA level.

The effect of increasing PPGDMA

gradually declined to 175 ± 21 % at 1 week and 108 ± 17 % at 4 weeks. The PLS release
was increased on average by 76 % and 58 % upon raising PO and PLS levels
respectively.
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Fig 8-13 A) Cumulative release of PLS at 1 week, and B) factorial analysis describing the effect of
increasing PPGDMA, PO, and PLS on the cumulative release of PLS. Error bars are 95% CI (n=3).
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8.7.5

Apatite formation

Surface apatite precipitation on experimental bone composites and Cortoss upon
immersion in SBF for up to 4 weeks is shown in Figs 8-14,15. P25PO12.5PLS10 and
P25PO12.5PLS2.5 exhibited only patches of precipitate at all time points. Additionally, no
precipitation was not observed on Simplex. Ca/P and Ca/Si ratios of Cortoss was not
shown due to the high variability of ions across the surface.

At 1 day, brushite was detected on the surface of P75PO50PLS10 and P75PO50PLS2.5 (Fig
8-14). At the same time point, the surface of P25PO50PLS2.5 and P50PO25PLS5 (Fig 8-14)
were covered by thin layers of apatite (~ 1 µm in thickness). Ca/P ratio of these
precipitates was lower than 1.

At 1 week, precipitates of brushite on P75PO50PLS10 were increased (Fig 8-14). In
contrast, brushite previously seen of P75PO50PLS2.5 was replaced by an apatite layer (~
5-10 µm in thickness) with the Ca/P ratio of 1.3 ± 0.1 (Fig 8-16A). At the same time
point, surfaces of P75PO12.5PLS2.5 P50PO25PLS5, and P25PO50PLS2.5 were fully covered
by apatite precipitates (Figs 8- 14,15). Ca/P ratio of these precipitates were 1.2 ± 0.1,
1.3 ± 0.1, and 1.2 ± 0.0 respectively (Fig 8-16A).

At 4 weeks, the surface brushite previously seen on P75PO50PLS10 was replaced by
dense apatite layer (Ca/P ratio = 1.4 ± 0.1) (Fig 8-16A). The thickness of the apatite
layers previously observed at 1 week in P75PO50PLS2.5, P75PO12.5PLS2.5, P50PO25PLS5,
and P25PO50PLS2.5 was also increased to approximately 10 - 20 µm (Figs 8-14,15). The
Ca/P ratio of these precipitates was 1.2 to 1.3 (Fig 8-16A). At this time point, thin apatite
layer started to become visible on the surface of P75PO12.5PLS10 (Fig 8-13). Furthermore,
Cortoss encouraged precipitation of apatite at 4 weeks (Fig 8-14).
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Ca / Si ratio of surface apatite on experimental bone composites correlated with the
increase in thickness of the apatite layers (Fig 8-17 A).

The average Ca/P (0.7) and Ca/Si (23) ratios at all time points of experimental bone
composites were comparable to the results obtained from the intermediate formulation
(P50PO25PLS5; 0.9 and 19 for Ca/P and Ca/Si ratios respectively).

Ca/P and Ca/Si ratios were affected by PPGDMA, PO, PLS levels (Figs 8-16B, 17B).
Ca/P ratio of experimental bone composites at all time points was increased on average
by 110 % and 81 % upon raising PPGMDA and PO levels. The effect of PLS was
observed at 1 week as Ca/P ratio was increased by 124 ± 49 % upon decreasing PLS
level.

For Ca/Si ratio, the ratio was increased on average by 30 (3,128 %) and 274 (27,477 %)
folds upon raising PPGDMA and PO. At 1 week, however, Ca/Si ratio was increased by
94 folds (9,431 ± 2,944 %) upon decreasing PLS level.
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Fig 8-14 Representative of surface SEM images of composite discs after immersion in SBF for 1
day, 1, and 4 weeks (n=1).
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Fig 8-15 Representative of surface SEM images of disc samples from experimental bone composites
and Cortoss after immersion in SBF for 1 day, 1, and 4 weeks (n=1). Ca/Si and Ca/P ratio of Cortoss
did not show due to the large variation in Ca, Si, and P ions across the surface.
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Fig 8-16 A) Ca/P ratio of representative surface precipitates. B) Factorial analysis describing the
effect of increasing PPGDMA, PO, and PLS on Ca / P ratio. Error bars are 95% CI (n=3).
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Fig 8-17 A) Ca/Si ratio of representative surface precipitates. B) Factorial analysis describing the
effect of increasing PPGDMA, PO, and PLS on Ca / Si ratio. Error bars are 95% CI (n=3).
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8.7.6

Mechanical properties

8.7.6.1 Compressive strength
The average compressive strength of experimental bone composites containing 75 wt%
of PPGDMA (106 MPa) was lower than that of the composites containing 25 wt% of
PPGDMA (155 MPa). Lowest and highest compressive strength was observed with
P75PO50PLS10 (49  10 MPa) and P25PO12.5PLS2.5 (238  30 MPa) respectively (Fig 8-18
A). The highest strength was significantly higher than that of Simplex (86  7 MPa) and
Cortoss (160  11 MPa).

The compressive strength of Simplex was comparable to that of P75PO50PLS2.5 (97  10
MPa), P75PO12.5PLS10 (102  12 MPa), P25PO50PLS10 (90  9 MPa), and P25PO50PLS2.5
(113  10 MPa). Additionally, compressive strength of P75PO12.5PLS2.5 (179  16 MPa),
P50PO25PLS5 (161  18 MPa), and P25PO12.5PLS10 (178  9 MPa) were comparable to
that of Cortoss. The average result of experimental bone composites (130 MPa) was
lower than the result from the intermediate formulation (P50PO25PLS5, 167  18 MPa).

All composite formulations except for P75PO50PLS10 showed compressive strength
greater than 70 MPa required from the BS ISO 5833. Factorial analysis indicated that
the PPGDMA, PO, and PLS strongly affected compressive strength of experimental
bone composites (Fig 8-17 B). The compressive strength was increased by 50  10 %,
101  13 %, and 56  15 % upon decreasing PPGDMA, PO, and PLS levels respectively.

286

Chapter 8 Low stiffness, PLS releasing, mineralising,
and cytocompatible bone composites

Fig 8-18 A) Compressive strength and B) factorial analysis describing the effect of PPGDMA, PO,
and PLS on compressive strength. Error bars are 95% CI (n = 5). Same letters indicate statistically
insignificance (p > 0.05).
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8.7.6.2 Biaxial flexural strength
BFS and modulus of elasticity of all materials decreased upon enhancing immersion
time. The highest and lowest BFS at all immersion time points (1 day, 1 week, 4 weeks)
were observed with P25PO12.5PLS2.5 (141  14, 124  9, 124  12 MPa) and P75PO50PLS10
(34  2, 31  1, 27  2 MPa) (Fig 8-19).

At 1 day, an average BFS of experiment bone composites containing 75 wt% PPGDMA
(54 MPa) was ~ 50 % lower than that of the composites containing 25 wt% of PPGDMA
(105 MPa). Additionally, BFS of all composites containing 75 wt% PPGDMA composites
was significant lower than that of Cortoss (83  9 MPa) and Simplex (129  15 MPa).
Furthermore, BFS of P25PO12.5PLS2.5 was comparable to that of Simplex but was
significantly higher than that of Cortoss. A reduction of BFS from 1 day to 1 week was
observed with all materials. The average BFS at 1 week and 4 weeks were 45 and 46
MPa for composites containing 75 wt%. These of composites containing 25 wt% of
PPGDMA were 89 and 86 MPa at 1 week and 4 weeks respectively.

The BFS at 1 week and 4 weeks of all materials was not significantly different. BFS after
immersion in SBF for 24 hr of all experimental bone composites except for P75PO50PLS10
(34  2 MPa) were higher than that of 50 MPa required from BS ISO 5833 (Inplants for
surgery-acrylic resin cements).

At 4 weeks, BFS of Simplex (117  7 MPa) was comparable with that of P25PO12.5PLS2.5
(124  12 MPa) and P25PO12.5PLS10 (100  6 MPa). Furthermore, BFS of P75PO12.5PLS10
(51  4 MPa), P75PO12.5PLS2.5 (63  3 MPa), and P25PO50PLS2.5 (68  5 MPa) were
comparable with that of Cortoss (61  3 MPa).
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The average BFS of experimental bone composites at 1 day (80 MPa) was lower than
the result from the intermediate formulation (P50PO25PLS5; 98  4 MPa). The average
result of the composites at 1 week (67 MPa) and 4 weeks (66 MPa) were however higher
than the result from the intermediate formulation (59  4 and 49  2 MPa at 1 and 4
weeks respectively).

Factorial analysis showed that BFS of experimental bone composites was strongly
affected PPGDMA, PO, and PLS levels at all immersion time points (Fig 8-20). The BFS
of the composites increased on averaged by 88 %, 74 %, and 52 % upon decreasing
PPGDMA, PO, and PLS levels.
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Fig 8-19 BFS of all materials after immersion in SBF for 1 day and 4 weeks. Error bars are 95% CI
(n=5). (*) and (**) indicate statistically significance (p < 0.05) and statistically not significance (p >
0.05) respectively.
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Fig 8-20 Factorial analysis describing the effect of decreasing PPGDMA, PO, and PLS on biaxial
flexural strength of the composites after immersion in SBF up to 4 weeks. Error bars are 95% CI
(n=5).
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8.7.6.3 Modulus of elasticity
At 1 day, the average modulus of elasticity of experimental bone composites containing
75 wt% of PPGDMA (0.7 GPa) was three times lower than that of the composites
containing 25 wt% of PPGDMA (2.1 GPa). The highest and lowest modulus of elasticity
at 1 day were observed from P25PO12.5PLS2.5 (3.1  0.4 GPa) and P75PO50PLS10 (0.3 
0.0 GPa) (Fig 8-21). At this time point, the modulus of elasticity of all experimental bone
composites containing 75 wt% PPGDMA were significantly lower than that of Cortoss
(2.3  0.2 GPa). Furthermore, the modulus of elasticity of P75PO50PLS10, P75PO50PLS2.5
(0.5  0.1 GPa), P75PO12.5PLS10 (0.9  0.0 GPa), and P25PO50PLS10 (1.1  0.2 GPa) were
significantly lower than that of Simplex (1.7  0.2 GPa). P25PO12.5PLS2.5 exhibited
modulus of elasticity comparable to Cortoss but significantly higher than Simplex.
Additionally, experimental bone composites that showed modulus of elasticity
comparable or greater the flexural modulus at 24 hr required from BFS ISO 5833 (1.8
GPa) included P50PO25PLS5 (1.8  0.2 GPa), P25PO12.5PLS10 (2.6  0.4 GPa), and
P25PO12.5PLS2.5 (3.1  0.4 GPa).

The significant reduction in modulus of elasticity from 1 day to 1 week was observed with
P50PO25PLS5. At this time point, the composites containing 75 wt% PPGDMA (0.3 – 0.9
GPa) exhibited significantly lower modulus elasticity compared with Simplex (1.8  0.1
GPa). The modulus of Simplex also significantly higher than that of P50PO25PLS5 (0.9 
0.1 GPa) and P25PO50PLS10 (0.8  0.1 GPa). No significant reduction of modulus of
elasticity from 1 week to 4 weeks was observed. At 4 weeks, the composites containing
75 wt% PPGDMA (0.3 – 1.0 GPa), P50PO25PLS5 (0.9  0.1 GPa), and P25PO50PLS5 (0.7
 0.1 GPa) exhibited lower modulus of elasticity compared with that of Simplex (1.5 
0.0 GPa) and Cortoss (2.0  0.2 GPa).
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The experimental bone composites that showed modulus of elasticity close to that of
cancellous bone (< 0.7 GPa) were P75PPG50PLS10 (0.3  0.0 GPa), P75PO50PLS2.5 (0.5
 0.1 GPa), P75PO12.5PLS10 (0.7  0.0 GPa), and P25PO50PLS10 (0.7  0.1 GPa).

The average modulus of elasticity of experimental bone composites at 1 day (1.4 GPa)
was lower than the result from the intermediate formulation (P50PO25PLS5; 2.1  0.2
MPa). The average result of the composites at 1 and 4 weeks (1.2 GPa) were however
higher than the result from the intermediate formulation (1.1  1 and 0.9  0.1 GPa at 1
and 4 weeks respectively).

Factorial analysis indicated that modulus of elasticity of experimental bone composites
was affected PPGDMA, PO, and PLS levels (Fig 8-22). The modulus was increased on
average by 196 %, 129 %, and 52 % upon decreasing PPGDMA, PO, and PLS
respectively.
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Fig 8-21 Modulus of elasticity of all materials for 1 day and 4 weeks. Error bars are 95% CI (n=5). (*)
and (**) indicate statistically significance (p < 0.05) and statistically not significance (p > 0.05)
respectively.
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Fig 8-22 Factorial analysis describing the PPGDMA, PO, PLS, and their interactions on modulus of
elasticity of the composites after immersion in SBF for up to 4 weeks. Error bars are 95% CI (n=3).
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8.7.6.4 Biaxial flexural fatigue
8.7.6.4.1

Biaxial flexural strength tested at 37 ºC in SBF

All formulations being pre-stored for 4 weeks in SBF. BFS of all experimental bone
composites tested in SBF at a controlled temperature of 37 ºC using a hydraulic testing
machine (Dartec HC10) was however lower than that obtained in air at room temperature
using an universal testing machine (Shimadzu AGSX) (Fig 8-23 A). Result from the
intermediate formulation (P50PO25PLS5; 40  4 MPa) was comparable to the average
result of experimental bone composites (43 MPa/cycle).

At higher temperature and wet conditions, the effect of PPGDMA dominated other
variables, whilst the effect of PPGDMA and PO were comparable for BFS tested in dry
condition (Fig 8-23 B). Factorial analysis indicated that BFS of the composites measured
wet was increased by 100 ± 13 %, 49 ± 3 %, and 27 ± 5 % upon decreasing PPGDMA,
PO, and PLS levels respectively.

8.7.6.4.2

Stress versus failure cycles

Plots of BFS versus failure cycles (S/N curve) are presented in Figs 8-24,25. Gradients
of the S/N curve obtained from the experimental bone composites (3.7 – 7.2 MPa/log
cycle) were comparable with that of Cortoss (6.0  0.3 MPa/log cycle) but significantly
lower than that of Simplex (16.6  0.8 MPa/log cycle) (Fig 8-26 A). The average result
of experimental bone composites (5.7 MPa/cycle) was lower than the result from the
intermediate formulation (P50PO25PLS5; 7.0  1.0 log cycle).

No primary factor affecting the gradient of S-N curve of experimental bone composites
was observed (Fig 8-26 B). The gradient of S-N curve was, however, increased by 33 
16 % and 26  19 % upon decreasing PPGDMA and PO levels respectively.
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8.7.6.4.3

Predicted fatigue life

The extrapolated fatigue life of the composites upon the applied flexural stress of 10 MPa
increased upon the reduction of PPGDMA, PO, and PLS (Fig 8-27 A). The longest and
shortest fatigue life was observed with P25PO12.5PLS2.5 (9.2  0.7 log cycle) and
P75PO50PLS10 (5.3  0.3 log cycle). The fatigue life of P25PO12.5PLS10 (7.6  0.6 log cycle)
was comparable with that of Simplex (7.8  0.5 log cycle) and Cortoss (8.0  0.2 log
cycle). Result from the intermediate formulation (P50PO25PLS5; 6.3  1.2 log cycle) was
comparable to the average result of experimental bone composites (6.4 log cycle).

Factorial analysis showed that primary factor affecting the fatigue life of experimental
bone composites was PPGDMA level (Fig 8-27 B). The fatigue life of the composites
was increased by 58  9%, 17  3 %, and 18  4 % upon decreasing PPGDMA, PO, and
PLS levels respectively.
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Fig 8-23 A) BFS of materials tested in air at room temperature from Fig 8-19 and in SBF at 37 ºC after
immersion in SBF for 4 weeks. B) Factorial analysis describing the effect of PPGDMA, PO, and PLS
on BFS of the experimenatal bone composites. Error bars are 95% CI (n = 5).
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Fig 8-24 Plots of BFS versus log (cycle) of experimental bone composites containing 75 or 50 wt%
of PPGDMA (n=20).
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Fig 8-25 Plots of BFS versus log (cycle) of experimental bone composites containing 25 wt% of
PPGDMA and commercial materials (n=20).
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Fig 8-26 A) Gradient of S / N curve and B) Factorial analysis describing the effect of PPGDMA, PO,
PLS, and their interactions on gradient of S/N curve. Error bars are 95% CI (n=5). Line indicates no
statistically significant difference (p > 0.05).
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Fig 8-27 A) Fatigue life of materials upon BFS of 10 MPa and B) factorial analysis describing the
effect of PPGDMA, PO, PLS, and their interactions on fatigue life of the experimental bone
composites. Error bars are 95% CI (n=3). Line indicates no statistically significant difference (p >
0.05).
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8.7.7

Cytocompatibility test

The cytocompatibility test was performed by Dr Caitriona O’Rourke. Metabolic activity
of surviving MSCS cultured in solutions containing 24 hr storage extracts from composite
discs compared with that of a control with no extracts is presented in Fig 8-28 A. Highest
and lowest relative metabolic activity of MSCS were observed with the solutions that had
contained P25PO12.5PLS10 (78 ± 8 %) and P75PO50PLS2.5 (14 ± 3 %) respectively. The
relative metabolic activity of MSCS in the solution previously containing P25PO12.5PLS10
was also comparable to that of the solutions in which P25PO12.5PLS2.5 (78 ± 8 %) and
P50PO25PLS5 (66 ± 12 %) had been placed. The solution which contained P75PO50PLS10
inhibited metabolic activity of MSCS to a comparable degree with the storage solutions
of P75PO50PLS10 (18 ± 6 %), P25PO50PLS10 (19 ± 3 %), and P25PO50PLS2.5 (29 ± 8 %).
The relative metabolic activity of MSCS cultured in the solution containing extracts from
the intermediate formulation (P50PO25PLS5, 66 ± 12 %) was greater than the average
result that from experimental bone composites (41 %).

Factorial analysis indicated that PO was the primary factor affecting metabolic activity of
MSCS (Fig 8-28 B). The metabolic activity was increased by 59 ± 17 % and 258 ± 54 %
upon reducing PPGDMA and PO levels respectively. The effect of PLS was negligible.
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Fig 8-28 A) Metabolic activity (relative to the corresponding control) of surviving MSCS after cultured
in solutions previously immersed by experimental bone composite discs for 24 hr. B) Factorial
analysis describing the effect of PPGDMA, PO, PLS, and their interactions on the metabolic activity
(relative to the corresponding control) of MSCS. Lines indicate no significant difference (p > 0.05).
Error bars are 95% CI (n=5).
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8.8

Discussion

Injectable bone composites that exhibited low stiffness, high PLS release in addition to
apatite precipitation were developed. The effect of PPGDMA, PO, and PLS on the
following properties were assessed.

8.8.1

Injectability

Injection biomechanics of bone cements is affected by viscosity of the cements, applied
pressure, speed of injection, volume injected, and bone morphology (Boger et al., 2009).
A bone composite that can be easily injected and shows no phase separation is expected
to facilitate injection of the material during vertebroplasty.

Chapter 4 demonstrates that the viscosity of bone composites is affected by PLR and
PPGDMA levels. Higher injection force was therefore required for the experimental bone
composites prepared with high powder to liquid ratio (3:1), as was expected. The
diameter of the tip of hypodermic syringe (internal tip diameter of 2 mm), used in the
current study, was slightly larger than that of a 13 gauge vertebroplasty needle (internal
diameter of 1.8 mm) (Dadkhah et al., 2017). Hence, the experimental bone composites
may require greater injection force in a clinical situation than that obtained in the above
study.

In the current study, more than 90% of the composite pastes were successfully injected
through the syringe.

Additionally, separation of powder and liquid phase during the

injection (i.e. filter pressing) was not observed in any experimental bone composites.
This indicated a homogenous mixing between the liquid and powder phase.
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The high injection force of composites prepared with PLR of 3:1 suggests these
composite formulations may not be suitable with a simple hand injection system.
Injection force was reduced upon increasing PPGDMA or PO. This was primarily due to
the decreased level of high viscosity UDMA and replacing of small glass fillers with larger
phosphate fillers in the composites respectively. Low viscosity and injection force should
enable easier placement of the material. The use of low viscosity cement may, however,
consequently increase the risk of cement extravasation. Nevertheless, a clinical study
showed no association between cement extravasation and viscosity of the cements
(Nieuwenhuijse et al., 2010).

8.8.2

Monomer conversion

An ideal bone composite should exhibit sufficient inhibition time (4-8 min), high
polymerisation rate to prevent materials being washout, high monomer conversion to
ensure good strength and reduce risk of uncured monomer leeching. Furthermore,
polymerisation shrinkage and heat generation should be as low as possible to ensure
bone adaptation and prevent fibrous encapsulation.

Raising PPGDMA level increased inhibition time of experimental bone composites on
average from 1 to 5 min. The increase of inhibition time upon raising PPGDMA was in
accordance with previous work from Main (2013). PPGDMA:UDMA wt% in Main’s study
was comparable to the current study but with lower or higher PLR (1.5:1 for low PPGDMA
or 4:1 for high PPGDMA), different level of initiator and activator (0.5 wt% BP and 0.5
wt% DMPT), and no active fillers. Final monomer conversion of the composites in the
previous study was slightly lower than that observed with the current study by ~ 10%.
The previous work demonstrated that the inhibition time of the composites was governed
by inhibitor concentration and initiator efficiency (f) at a given initiator and activator
concentration. Therefore, the increase of inhibition time upon raising PPGDMA level
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could be a consequence of greater amount of inhibitor or higher initiator efficacy in UDMA
compared with those of PPGDMA. Raising PO also increased inhibition time. This could
be due to high oxygen incorporation resulting from air bubbles entrapment or incomplete
wetting of these nonsilanated PO fillers in the hydrophobic monomers. The increase of
inhibition time also correlated with decrease in reaction rate (Main, 2013).

The increase of PPGDMA may lower the glass transition temperature of the polymerising
mixture, thereby increasing monomer conversion (Sideridou et al., 2002). This high final
monomer conversion of the composites may lower the risk of toxic monomer release.
Raising of PPGDMA only slightly increased calculated polymerisation shrinkage and
heat generation due possibly to the high molecular weight of PPGDMA compensating
for increased monomer conversion.

One limitation of the current study was that monomer conversion was measured at room
temperature. Future work should assess the monomer conversion at body temperature
(37 º C). The increase in temperature would accelerate the reaction which could affect
setting kinetics of the experimental bone composites.

8.8.3

Mass and volume change

Mass and volume of the experimental composites increased linearly with the square root
of time indicating a diffusion-controlled mechanism (Leung et al., 2005).

Raising

hydrophilic components such as phosphate and PLS in composites containing 25 wt%
PPGDMA substantially increased their mass change. In contrast, the addition of these
additives did not significantly increase mass of the composites containing 75 wt%. This
might be due to the high flexibility of PPGDMA polymer led to rapid release of
components, thereby resulting in mass loss of the composites.
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The loss of mass of the composites containing 75 wt% PPGDMA can be compensated
by mass gain due to the formation of dicalcium phosphates in the bulk of specimen or
the precipitation of surface apatite as previously described in Chapter 3. The negative
final mass change observed in P75PO12.5PLS10 suggested an imbalance of its mass loss
and mass gain. This correlated with the SEM image of this composite, (Fig 8-14) where
apatite precipitation was not evident, which could probably due to the low level of
phosphates.

Mass changes of the composites containing 25 wt% PPGDMA were approximately equal
to their volume changes. This suggests that the mass increase of these composites was
partially due to water filling pores inside the specimen (Mehdawi et al., 2013). In contrast,
mass changes of the composites containing 75 wt% PPGDMA were lower than their
volume changes. This was probably due to the rapid loss of components.

Volume expansion (~ 8 vol%) of the experimental bone composites was higher than their
calculated polymerisation shrinkage (~ 4 vol%).

This net increase in volumetric

expansion may be beneficial by improving adaptation and interlocking between the
composites and the porous bone (Muller et al., 2002).

8.8.4

Polylysine release

Drug release of polymer-based material is affected by several factors including
physicochemical properties of drug, structural characteristics of the resin matrix, and the
release environment (Fu and Kao, 2010). Generally, the release of antibiotic from a
bone cement is a two stages process including initial burst release from the surface
followed by the low and sustained release from the bulk of the cement (Neut et al., 2010;
Mori et al., 2011). The benefit of long-term release of antibiotic from a bone cement is
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controversial as it might lead to the development of antibiotic resistance (Walker et al.,
2016).

Burst release of PLS, which was previously observed with dental composites in Chapter
3, was not seen with experimental bone composites in this chapter. This could be due
to that the bone composites exhibited higher monomer conversion (~ 90 %) compared
to the dental composites (~ 70 %). Hence, PLS on the surface of experimental bone
composites may not be readily released upon exposure to water leading to a delay of
PLS release observed in this chapter.

Resin matrix of experimental bone composites became more flexible upon rising
PPGDMA level. This then enhanced the PLS diffusion shortening the delay time before
release on average from 32 to 6 hr and increased the total release of PLS on average
from 31 to 58 %. This high release at early time (within 4 weeks) may help to prevent
the infection acquired during hospitalisation which could occur within 1 month
(Abdelrahman et al., 2013). This will be of benefit for patients who have high potential
to develop infection. Furthermore, the release of PLS from the experimental bone
composites containing high PPGDMA could not be detected after reaching their
maximum release. This may help to prevent developing of antibiotic resistance to PLS.

Khan (2015) revealed that PLS of 32 ppm is the minimum bactericidal concentration for
MSSA (methicillin sensitive Staphylococcus aureus), MSSE (methicillin sensitive
Staphylococcus epidermidis), and MRSA (methicillin resistance Staphylococcus
aureus).

The most common causative organism of infected vertebroplasty was

Staphylococcus aureus (Abdelrahman et al., 2013). The concentration of PLS released
from experimental bone composites after immersion in deionised water for 24 hr was
100 to 2,649 ppm. These were much higher than the minimum bactericidal concentration
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of PLS (32 ppm) suggesting that the composites would provide antibacterial effects. This
could potentially prevent post-operative infection which is a life-threatening complication
after vertebroplasty. In the body, however, physiological fluids or blood perfusion around
the injected bone composite may wash out PLS thereby reducing concentration of PLS
around the composite.

8.8.5

Apatite formation

As mentioned earlier, the ability of materials to promote surface apatite precipitation is
known to promote bone-bonding ability of the materials. Brushite precipitation was
detected in the experimental bone composites containing high PO and PPGDMA. This
could be due to the high level of MCPM producing acid upon reacting with water. The
acid may be released and lower pH of the solution. This acidic condition (pH < 6.5) is
favourable for brushite precipitation (Arifuzzaman and Rohani, 2004; Navarro da Rocha
et al., 2017).

After 1 and 4 weeks, calcium and phosphate ions may release from the experimental
bone composites slower than the acidic protons. The phosphates then subsequently
provided a saturated condition that is favourable for precipitation of low solubility and
high Ca/P ratio apatite at late time (after 1 or 4 weeks). The Ca/P ratio (~ 1.3) of the
precipitates observed in the above study was lower than that of stoichiometric HA (1.67).
This suggests that the precipitates were calcium-deficient hydroxyapatite (CDHA), which
is commonly found in biological hard tissues (Yan et al., 2011; Hurle et al., 2014). CDHA
was observed with composites containing 25 wt% PPGDMA earlier than with composites
containing 75 wt% PPGDMA. The low level of flexible PPGDMA polymers may lower
the rate of MCPM disproportionation, thereby promoting a more suitable condition for
precipitation of the apatite. The high level of MCPM, however, may cause toxicity to
human cells.
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It can be seen that the composites in the current studies provided greater surface apatite
precipitation than the composites in Chapter 7. Additionally, most formulations showed
apatite precipitation quicker (within 1 week) than Cortoss. Raising PLS level, however,
did not enhance apatite precipitation as was expected. The reason for this may be that
hydrophilic PLS also enhance water sorption leading to a rapid release of acid.
Furthermore, according to the finding in Chapter 7, increasing PPGDMA and PO would
promote the release of Sr2+ release and enhance the radiopacity to aid visualisation of
the composites during vertebroplasty. Sr2+ release and its effects on cell responses need
to be investigated in future works.

8.8.6

Mechanical properties

8.8.6.1 Compressive strength, biaxial flexural strength, and modulus of
elasticity
As mentioned earlier, an injectable bone cement that has comparable stiffness with
cancellous bone is required to reduce adjacent vertebral fractures. The results of
Chapter 7 demonstrated that a decrease in stiffness of the experimental bone
composites could be achieved by raising the level of PPGDMA. This, however, was
associated with decreased strength. The experimental bone composites should be able
to provide sufficient strength to stabilise fractures.

Additionally, their mechanical

properties should be higher than that required by ISO 5833. Modulus of elasticity of the
composite decreasing with time to match with that of cancellous bone might be
beneficial.

The results regarding the compressive strength of Cortoss and Simplex were in
accordance to previously published studies (Boyd et al., 2008; Arora et al., 2013). The
majority of experimental bone composites exhibited higher compressive strength (70
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MPa) and flexural strength (50 MPa) than those required from the BS ISO 5833 (British
Standard, 2008). It has to be pointed out that the BS ISO 5833 is generally used for
assessing an acrylic cement for cementation of prostheses.

A standard for bone

composites for bone application has yet to be established.

Strength of experimental bone composites was decreased upon raising flexible
monomers and hydrophilic fillers (PO and PLS).

Most of the experimental bone

composites exhibited strength at early time greater than the compressive strength (23
MPa) and flexural strength (10 – 20 MPa) of cancellous bone (White and Best, 2009).
The modulus of elasticity of most experimental composites was, however, lower than
that required from ISO 5833 (1.8 GPa). The modulus of elasticity was also comparable
to that of cancellous bone (0.1 - 0.7 GPa) (Banse et al., 2002). This was more evident
for the composites containing 75 wt% PPGDMA. The application of these composites
may help reduce the risk of adjacent vertebral fractures.

Despite modulus of elasticity of Cortoss being greater than that of Simplex, one study
revealed that patients with no history of fractures treated with Cortoss developed
adjacent vertebral fractures (10 %) lower than the patients treated with PMMA cement
(18 %) (Gilula and Persenaire, 2013). The possible explanation for this might be that an
average volume of Cortoss (2.3 mL) used per vertebra was less than that of PMMA (3.5
mL). Another reason could be that Cortoss can encourage surface apatite precipitation
(Fig 8-14), which may help to improve integration with bone (Sanus et al., 2013). This
allowed a more efficient load transfer and more uniformly distributed deformation of the
threatened and neighbouring vertebra (Wang et al., 2012), which may subsequently
minimise the risk of adjacent vertebral fracture.
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The reduction of modulus of elasticity in the experimental bone composite could be due
to: 1) the increase of flexible monomer reducing the modulus of the composites
according to Rule of mixture (equation 6-1); 2) hydrophilic compounds (PO, PLS)
enhancing water sorption which may consequently reduce glass transition temperature
of the composite. The effect of raising PPGDMA, PO, and PLS on the reduction in
modulus was relatively greater than the reduction in BFS which is in good agreement
with results from Chapter 6.

This is desirable as the composites would still provide

sufficient strength to support fractures.

Interestingly, the formulation containing intermediate level of all variables passed all of
the requirements mentioned above.

This formulation exhibited sufficient mean

compressive strength (160 MPa), flexural strength (98 MPa), and modulus of elasticity
(1.8 GPa) for passing ISO requirements. Its modulus was also decreased to the value
of 0.9 GPa after 1 week. Therefore, this formulation could be selected for further
investigations in future works.

8.8.6.2 Biaxial flexural fatigue
The strength tested in wet environment and body temperature may be more clinically
relevant than that tested in dry condition. BFS of the experimental bone composite in
the current study tested in SBF at body temperature was lower than that tested in air at
room temperature. This could be due to that wet environment and high temperature
enhancing water plasticisation of resin matrix thereby decreasing strength of the
composites (Curtis et al., 2009).

Furthermore, servo-hydraulic (Dartec HC10) and

standard (Shimadzu AGSX) universal testing machine were used to measure BFS in wet
and dry condition respectively. Another possible explanation of different BFS result
could be therefore a variability between mechanical testing machines.
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All experimental bone composites exhibited gradients of S/N curve lower than Simplex
as was expected. The extrapolated results were mainly governed by the initial BFS of
the composites. Hence, fatigue life of most of these composites was much lower than
that observed with experimental bone composites in the previous chapter. It has been
shown that vertebra injected with modified low modulus PMMA cement exhibited
comparable fatigue properties to that of a vertebra injected with a standard PMMA
cement (Boger et al., 2007; Kolb et al., 2013b). Therefore, the fatigue life of these
composites in the clinical situation may be longer than that of predicted in the above
study. Therefore, future work is needed to assess fatigue properties of ex vivo vertebra
injected with these low modulus bone composites.

8.8.7

Cytocompatibility test

A bone composite with good cytocompatibility is preferable to ensure surviving of bone
cells that may facilitate new bone formation and integration with the material. Generally,
it is believed that unbound monomers can be leached out from composites. High level
of PPGDMA and PO in composites decreased metabolic activity of MSCS. This could
probably due to high flexibility PPGDMA polymer that promoted rapid water sorption and
subsequently enhanced the dissolution of MCPM.

MCPM in experimental bone

composites produce calcium ions, phosphate ions, and protons upon exposure to
absorbed water (equation 8-1)(Ishikawa, 2011).

𝐂𝐚(𝐇𝟐 𝐏𝐎𝟒 ). 𝐇𝟐 𝐎 → 𝐂𝐚𝟐+ + 𝟐𝐇 + + 𝟐𝐇𝐏𝐎𝟑−
𝟒 + 𝐇𝟐 𝐎

Equation 8-1

These protons may release from the composites leading to a reduction of local pH which
could affect cell viability (Van den Vreken et al., 2010). Furthermore, increasing
environmental calcium and phosphate ions also affected oxidative mechanisms and
induced cell apoptosis (Mansfield et al., 2003; Orrenius et al., 2003). According to in
vitro studies, calcium phosphate cements have generally low toxicity to human cells
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(Carey et al., 2005; Xu et al., 2007). This could be due to that after setting, high soluble
phosphates in the cements being transformed to the low soluble biological calciumdeficient apatite/hydroxyapatite.

Experimental bone composites in the current study were immersed in culture media
which may have contained lower phosphate ions compared to SBF. Hence, the level of
phosphate ions in the solution might not have been sufficient to promote a saturated
environment, favourable for the precipitation of the low soluble calcium-deficient
hydroxyapatite. The solution, which was subsequently used as a culture medium for
MSCS, may consist of high level of leached ions and protons. These conditions may
therefore reduce metabolic activity of MSCS.

The release of PLS was expected to provide buffering effects which could improve
cytocompatibility of the materials.

Nevertheless, PLS itself is hydrophilic that can

enhance water sorption to facilitate the release of components. In addition, it was
speculated that high PLS concentration may induce cytotoxic effects to MSCS.

This MTS assay provided preliminary information of cell-composite interactions and
acted as a pilot study for future projects. This MTS assay was however unable to
simulate physiologic conditions where materials will be exposed to complex
environments. It is therefore suspected that the effect from rapid release of ions and the
alteration of local pH in the culture medium could be mitigated by fluid exchange at the
injected site in body (Klammert et al., 2009).

Future works may need to assess

cytocompatibility of composites at different time points.
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8.9

Conclusions

Low stiffness, polylysine - releasing, and apatite - forming bone composites were
successfully developed. The following conclusions could be drawn.

1) The decrease of PLR and increase of PPGDMA lowered injection force.
2) High level of PPGDMA led to an increase of inhibition time and monomer
conversion for the composites above 90%. This was associated with a small
increase of calculated polymerisation shrinkage and heat generation.
3) Increasing PPGDMA and PO also enhanced volume expansion which could
potentially compensate the polymerisation shrinkage.
4) PPGDMA increase enhanced diffusion of PLS.

Additionally, increased

PPGDMA, PO, and PLS enhanced release of PLS above 50 % at 4 weeks.
5) Increase of PPGDMA and PO promoted rapid surface apatite precipitation.
6) The increase of PPGDMA and the additives lowered strength of the materials
but provided stiffness more comparable to cancellous bone.
7) The increase of PPGDMA and PO reduced metabolic activity of MSCS.
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Chaper 9

Summary

The aim of this chapter is to summarise key findings of each chapter.

Chapter 1 provided the background and reviewed the current situation of dental caries
and osteoporotic vertebral fracture. Similarities of these diseases include the nature of
affected tissues and the currently used therapeutic materials. One major drawback of
dental composites is the high risk of secondary caries due to bacterial microleakage.
The limitations of the currently used bone cements include toxicity, low monomer
conversion, high shrinkage / heat generation, excessive stiffness, and lack of bonebonding potential.

The aim of this Thesis was to test various aspects of novel

formulations of either dental or bone composites, with the objective to overcome the
aforementioned shortcomings of the currently available materials.

Chapter 2 included a detailed discussion of the general materials and characterisation
methods and techniques which were used throughout the Thesis in order to assess
various chemical, structural and mechanical properties of the experimental dental and
bone composites.

Chapter 3 demonstrated the development of remineralising and antibacterial polylysinereleasing dental composites. These composites exhibited high monomer conversion,
and a calculated polymerisation shrinkage comparable with their hygroscopic expansion.
The addition of remineralising agents (MCPM and TSrP) promoted surface apatite
precipitation within 24 hr. The addition of PLS enhanced this precipitation and enabled
burst release of polylysine followed by a linear release versus square root of time.
Furthermore, the flexural strength of the composites was greater than that required by
the BS ISO 4049 (> 80 MPa).
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Chapter 4 demonstrated the development of injectable bone composite by decreasing
PLR of dental composites from 4:1 to 3:1, 2.6:1, or 2.3:1. Effects of glass particle size
(7, 0.7µm, or equal mass of 0.7 and 7 µm), and diluent monomer PPGDMA (25, 50, and
75 wt%) on rheological properties were examined. The experimental bone composites
can be characterised as viscoelastic fluids. A solid-like behavior was observed when
low strain and frequency were applied. The composites became more liquid-like upon
increasing strain and frequency. The increase of PLR and use of small glass filler size
enhanced solid-like behaviour of the composite pastes which may help to ensure paste
stability at rest or during transportation. Increasing of PLR and reducing PPGDMA led
to an increase of viscosity. Viscosities of the composites, however, decreased with
increasing shear rate (shear-thinning behaviour) which is desirable for injectable
materials.

Chemical initiator (BP) and polymersable amine activator (NTGGMA) were added in the
experimental bone composites in Chapter 5 to enable chemical activated polymerisation.
Stability of active ingredients (MCPM, TSrP, PLS) in monomers and the initiator and
activator pastes containing PPGDMA or TEGDMA upon accelerated temperature ageing
were assessed. The active ingredients were stable upon the ageing. The initiator paste
of PPGDMA based composite exhibited longer shelf life than the TEGDMA based
composite. Additionally, the effect of aging composite at various storage temperatures
(4, 23, 37 °C) was also assessed.

Replacing TEGDMA with PPGDMA enhanced

monomer conversion of the composites. Inhibition time and rate of polymerisation of the
composites were slightly increased upon aging for 12 months.

Final monomer

conversion of the composites, however, remained unchanged.

In Chapter 6 the effects of different glass filler size (0.7 or 7 µm), MCPM level (5 or 10
wt%), and fibres (0 or 20 wt%) on strength at early time (24 hr) were investigated. The
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use of small glass filler and fibre addition improved biaxial flexural strength and fracture
toughness respectively. The effect of increasing PPGDMA on strength of the composites
was also examined. The modulus of elasticity of the composites containing low level of
PPGDMA was too high compared with cancellous bone but could be optimised by
increasing the level of PPGDMA.

In Chapter 7, experimental bone composites with different diluent monomer (PPGDMA
versus TEGDMA) and MCPM level (0, 5, and 10 wt%) were developed. Replacing
TEGDMA with PPGDMA enhanced monomer conversion and decreased calculated
polymerisation shrinkage/heat generation. The use of PPGDMA and increased MCPM
level promoted water sorption induced volume expansion which was comparable to
polymerisation shrinkage. The composites promoted Sr2+ release that was enhanced by
increasing MCPM or using PPGDMA. The increase of MCPM enhanced surface apatite
precipitation. The use of PPGDMA and increase MCPM level decreased strength of the
composite.

However, the fatigue properties of the experimental bone composites

compared favourably with commercial PMMA cement and bone composite.

Chapter 8 focused on the effect of increasing PPGDMA, phosphates (MCPM and TSrP),
and PLS on various properties of the experimental bone composites.

Increasing

PPGDMA increased inhibition time and monomer conversion of the composites. The
increase of PPGDMA and phosphates also enabled rapid PLS release in addition to
enhanced diffusion and increased total release of polylysine. The increase of PPGDMA
and PO also promoted rapid apatite formation and enhanced calcium-deficient hydroxyl
apatite precipitation. Increasing PPGDMA, PO, and PLS decreased mechanical
properties of the composites. The effect of increased components on BFS was smaller
than that observed on modulus of elasticity which is preferable. Additionally, increasing
PPGDMA and PO reduced the metabolic activity of mesenchymal stem cells. The
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experimental bone composite containing intermediate levels of PPGDMA, PO, and PLS
exhibited results in a range that was reasonably acceptable. Therefore, this formulation
could be selected for further investigations in future works.

It has to be pointed out that the major limitation of experimental bone composites in this
thesis was their inhibition time that were too short (< 4 min) or too long (> 8 min). This
inhibition time, however, can be optimised based on results from previous thesis of Khan
(2015). Khan demonstrated predictable relationships between inhibition time, rate of
reaction, final monomer conversion, mechanical properties and concentration of initiator
and activator.

Overall, the project has been successful in its stated aims to produce novel formulations
of dental and bone composites to overcome the multiple limitations of current materials.
High monomer conversion may improve physical and mechanical properties and
decrease the risk of toxic monomer release.

Hygroscopic expansion and apatite

formation of the novel dental composites may minimise gap formation due to
polymerisation shrinkage. The release of PLS was expected to kill residual bacteria.
This could potentially help to reduce bacterial microleakage of dental composite
restorations.

The good paste stability and optimised rheological properties of the novel bone
composites may ensure long shelf-life and ease of application.

High monomer

conversion with low shrinkage and low heat generation could potentially reduce the risk
of thermal damage to surrounding bone. The apatite formation of experimental bone
composites may enhance the bone-bonding potential of the materials. High release of
PLS upon increasing PPGDMA and phosphates may prevent post-operative infection
after vertebroplasty in addition to reducing risk of developing antimicrobial resistance.
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The release of Sr2+ may help to repair the surrounding osteoporotic bone. The reduction
of composite’s stiffness by increasing PPGDMA may help to maintain load transfer from
adjacent vertebra. This could potentially lower the risk of the adjacent vertebral fracture.
Furthermore, from a manufacturer’s perspective, the modification of bone composite
based on dental composite may facilitate the regulatory approval for bone composite.
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Chaper 10 Future Projects
The major areas that should be investigated in future projects are as follows.

1)

Novel dental composites

- Develop dental caries model to assess the effectiveness of remineralising and
antibacterial properties on simulated dental cares model.
- Cytocompatiblity and antibacterial properties of experimental dental composites.
- Long-term mechanical properties and wear resistance of the composites.
- Effect of diets on colour and translucency of the composites
- Radiopacity of the experimental composites.
2)

Novel bone composites

- Viscosity changes upon paste aging.
- Develop an injection model to assess the risk of cement leakage.
- Optimisation of BP and NTGGMA levels to allow inhibition time of the composites to
be 4 - 8 min at 25 ºC and 2-4 min at 37 ºC.
- Monomer conversion of the experimental bone composites tested at body
temperature.
- Radiopacity of the composites to ensure the visibility of the materials during clinical
application.
- Develop a vertebroplasty model to assess the effectiveness of low stiffness cement
on adjacent vertebral.
- Cytocompatibility of experimental bone composites at longer time
- Proliferation and function of mesenchymal stem cells or other types of relevant cells
on experimental bone composite surfaces.
- Incorporation of bisphosphonate into the experimental bone composites to provide
local release to the surrounding bone. This may help to increase bone mass of the
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osteoporotic bone and prevent complication from systemic administration such as
osteonecrosis of the jaw.
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