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Abstract

While vertebroplasty has proven effective in relieving pain and stabilizing fractures
in osteoporotic patients, it currently fails to address the underlying pathology. Stron-
tium releasing composite resin cements, based on borate glass reinforced hydrophilic
resin, may present a method of incorporating anti-osteoporotic therapy into a verte-
broplasty material, however a thorough understanding of the release of strontium is
needed in order to tailor ion release to achieve and maintain therapeutic thresholds.
To achieve this goal, strontium-sodium-borate glasses were investigated to assess the
effects of composition on glass properties and ion release. While strontium release was
found to be diffusion controlled, high sodium glasses resulted in borate precipitation,
possibly presenting a mechanism of mitigating cytotoxicity without limiting stron-
tium release. When incorporated into a Bis-GMA, TEG-DMA , HEMA resin, this
material was found to maintain sufficient handling properties for this intended use.
Lower HEMA content cements decreased in strength from 44 to 28 MPa over 60 days,
strength was maintained for high HEMA contents (16 MPa), an unusual finding for
composite resins. Increased HEMA resulted in increases in borate release efficiency
(up to 15%) as expected; strontium release was limited (<1.8%) by the formation of
strontium phosphate precipitates on the resin surface, demonstrating strong miner-
alization potential. Strontium release greatly increases in calcium rich SBF, demon-
strating the importance of the ionic environment. Ion release under mechanical load-
ing (an implantation variable frequently overlooked in the evaluation of ion release
from orthopedic materials) was investigated to assess the effect of compression on
release kinetics. While both cyclic and static compression resulted in decreased water
sorption, the release of both strontium and boron was increased. This significant in-
crease in ion release demonstrated an important limitation to the unloaded ion release
experiments commonly performed. In a pilot implantation model, strontium-releasing
cement demonstrated significant implant swelling, and direct tissue integration. New
bone formation however was greater surrounding a non strontium releasing control
resin, demonstrating that the beneficial effects were likely imparted by the highly
hydrophilic resin, and not strontium release. While materials demonstrated signifi-
cant release of strontium ions under in vitro testing conditions, no in vivo therapeutic
effect was observed.
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Chapter 1

Introduction

Osteoporosis is a degenerative disease characterized by a decrease in bone mineral den-

sity (BMD), and changes to bone architecture, culminating in significant reductions in

bone strength. It is a prevalent disease that, globally, affects over 70 % of women over

65 years old, and is associated with increased fracture risk and compromised fracture

healing capacity[11]. While traditional osteoporosis therapies such as bisphospho-

nates have been used to slow the progression of bone loss, the coupled nature of bone

remodelling may result in adverse effects when used over extended periods[12]. More

recently, strontium (Sr) ranelate therapy has been found to be effective in reversing

the loss of BMD, by decoupling bone remodelling[13]. The pharmaceutically active

component of strontium ranelate is the strontium ion, which serves to increase os-

teoblast (OBL) activity, promoting bone deposition, while simultaneously decreasing

osteoclast (OCL) activity, and bone resorption[6].

Despite the efficacy of anti-osteoporotic agents in reducing fracture risk, high pro-

file media reports detailing rare side effects, as well as the lack of readily recognisable

symptoms, have lead to low levels of patient compliance and persistence[14, 15, 16].

As such preventative therapies are underutilized, and the prevalence of osteoporotic

fracture remains high. It is estimated that 1 in 3 women, and 1 in 5 men will experi-

ence an osteoporotic fracture during their lifetime![17]. In the Canadian context, os-

teoporosis results in a 2.3 billion Canadian dollars (CAD) burden (per annum) on the

health care system. These direct, and indirect costs are associated with ca. 138,600

fragility fractures, >25 % of which are vertebral compression fractures (VCFs)[17].

Percutaneous vertebroplasty (PVP) has emerged as a minimally invasive method
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to rapidly stabilize VCFs. This procedure involves the injection of bone cement

into the fractured vertebrae, serving to minimize fracture movement, and reinforce

weakened bone[18]. While PVP has shown considerable pain relief for patients, it

(as well as the cements currently used) has been criticised due to the high rate of

subsequent VCFs[19]. These subsequent fractures have been reported to occur in

ca. 33 % of patients within three years of PVP[20]. This high rate of VCF was

initially proposed to be a consequence of the mechanical mismatch between the bone

and the injected cement[21]. However, cements with enhanced mechanical properties

meant to better match bone have failed to reduce the incidence of fractures when

compared to traditional poly methyl methacrylate (PMMA) cements in both (i) ex

vivo mechanical testing, and (ii) clinical trials[22, 23]. More recently, studies into

the rate of vertebral body fracture, subsequent to PVP, have found links to kyphotic

angle and bone compactness at the level of fracture (both measures of bone quality

and osteoporotic progression)[24, 25].

As osteoporosis is a progressive disease, it has been hypothesised that the high

rate of subsequent fracture is due to the high risk of fracture seen with the patient

population. It is not a true complication of PVP, and can not be addressed through

alterations to cement mechanical properties. Accordingly, treatment of the underlying

pathology, beyond fracture fixation, is recommended to reduce the rate of subsequent

VCFs[26]. One approach which may provide a mechanism to both mechanically rein-

force a vertebrae and prevent subsequent fracture is the use of PVP cement capable

of releasing anti-osteoporotic therapy. Due to the strontium ion’s ability to act at

a local level on both OCLs and OBLs, strontium would be an ideal therapeutic for

release from such a material. Success in this approach however, would be dictated by

the cements’ ability to release strontium ions at necessary therapeutic levels, while

maintaining the key characteristics necessary for use in PVP, notably injectability,

radioopacity, mechanical strength and biocompatability.

A similar therapeutic inorganic ion (TII) release approach has been successfully
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utilized in the dental field to reduce the occurrence of caries through the release

of fluoride ions from bioactive glass reinforced composites[27]. As (non fluoride re-

leasing) composite resin materials have also been developed for use in orthopaedic

applications, such a material may offer potential for TII release in PVP. For example,

Stryker’s Cortoss R©, an approved PVP material, has been demonstrated to release

both calcium and phosphate ions from the degradation of its filler phase to allow for

direct bone integration[28]. While investigation into the use of strontium containing

bioactive glasses in resin composites for PVP has shown promise, it is surprising that

limited studies exist which comprehensively investigate the underlying mechanism(s)

of strontium ion release for such materials. Understanding of the mechanism of release

in a therapeutic biomaterial is essential to ensuring that therapeutic thresholds are

reached and maintained over time. With respect to strontium, the minimum release

levels required for the uncoupling effect has been reported to be 88 mg/l, while an

exposure duration of 15 to 22 d is required to achieve full response[6, 29, 30].

While bioactive glasses have been demonstrated to release component ions in

aqueous solution, the majority of these compositions have been based off silicate

glass networks[31]. Due to the high silica content, their reaction mechanisms result

in the condensation of a silicate gel layer following ion leaching, resulting in decreased

mass transport, and a decay in ion release over time[32, 33]. Borate based glasses, in

contrast, undergo bulk dissolution in aqueous environments providing both sustained,

and highly tailorable ion release kinetics[34, 35]. However, while favourable for long

term ion release applications, borate glass networks are less well understood than

their silicate counterparts. Due to the ability of glass modifiers to generate non

bridging oxygens, or increased boron coordination, the relationship between glass

compositions, the resulting glass network, and glass dissolution kinetics is not readily

apparent[36].

Previous studies aiming to alter ion release from dental cements have demon-

strated that hydrophylicity modifications are effective in increasing hydration based
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filler degradation, however such changes negatively impact cement strength[37]. Sim-

ilar deleterious effects on cement strength have been reported with uncoupled resin

filler interfaces[38]. While borate networks offer potential advantages in their en-

hanced degradation reactions, the lack of silica content prevents the use of silane

coupling commonly used to improve mechanical strength. As such, this work aims

to investigate the use of such an uncoupled borate glass reinforced hydrophilic resin

composite to better understand the compositions property relationship of such a ma-

terial, leading to better understanding of their potential, and limitations for use as

ion releasing biomaterials. To provide a focus on the mechanisms of ion release a

three step experimental approach was used to investigate the ion release under phys-

iologically relevant conditions. The first investigation looked into the glass structure

and degradation kinetics (in isolation) to provide a strong understanding of the role

of glass degradation in the release of ion from the composite resin’s filler phase. The

second experiment focused on the effects of both glass loading and resin hydrophilicity

on both ion release, (as well as the cement setting reaction), and mechanical strength.

The third experiment investigated the effects of mechanical loading on the ion release

kinetics to provide insight into the accuracy of unloaded ion release experiments as

currently reported in the literature. In addition to these three experimental works in-

vestigating ion release, a pilot animal study was conducted. This implantation study

compared a hydrophilic resin phase in isolation to an ion releasing composite to gain

information on local tissue response, and provide guidance for the design of further

animal studies.

To provide context to the research conducted, this document will consist of four

sections: a literature review, a experimental rationale, an experiment section which

outlines the work completed, and finally a conclusion section with unifies the findings

of the experimental work and looks towards future work. In the literature review

an overview of bone physiology, osteoporosis, VCF management, and bioactive glass

dissolution is covered. These topics are presented to provide context to the project
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goals. An overview of bone physiology and osteoporosis are presented to provide

an understanding of the unique treatment goals for osteoporotic patients suffering

VCFs. An overview of VCF management techniques provide a background on the

requirements for PVP materials, and previous work done in the field, as well as

the challenges faced by both the technique and the materials currently in use. An

overview of previous approaches utilised to incorporate drug release into PVP mate-

rials is also presented. This information provides context to the challenge associated

with various techniques used to deliver strontium from injectable bone cements. Fi-

nally an overview of bioactive glass dissolution is presented to highlight the challenges

faced in understanding ion release from borate glasses. In the second section of this

thesis, the rationale of the study design is presented. The third section consists of

the manuscripts which comprise the scholarly contributions of the work. The first,

“Modulation of strontium release from a tertiary borate glass through substitution

of alkali for alkali earth oxide”, was published in the Journal of Non Crystalline

Solids, and studies the degradation properties of a series of borate based bioactive

glasses. This work was completed both to expand our knowledge of borate glasses,

but also to fully characterise the release characteristics of the glass filler particles in

isolation. The second paper, “The feasibility and functional performance of ternary

borate-filled hydrophilic bone cements: realizing therapeutic release thresholds for

strontium”, published in the Journal of Functional Biomaterials, studies the effects of

both resin and borate glass filler on cement properties, as well as the release kinetics

of strontium in a non mechanically loaded environment. The third publication, “The

effects of mechanical loading on the dissolution of inorganic fillers in composite resin

cements” has been submitted for publication in Scientific Reports, and demonstrates

the importance of mechanical loading when determining the release kinetics from

composite resin cements. Finally the fourth publication, “Pilot implantation study of

a borate glass filled hydrophilic bone cement” has been submitted for publication in
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Materials Letters, and explores the use of a New Zealand White rabbit model to elu-

cidate implantation effects from the studied material. Collectively these publications

help to develop a deeper understanding of the role of glass structure, resin compo-

sition, and implantation environment on the ion release behaviour of borate glass

reinforced bone cements. As the final component of this thesis, a conclusion section

is presented, which unites the findings from the four experimental publications, and

discusses potential directions for future work in this field.



Chapter 2

Literature review

2.1 Osteoporosis and osteopenia

The term osteoporosis refers to abnormally porous bones, which are weak and prone

to fracture. Osteoporosis is defined as a BMD (of the total hip) of 2.5 standard

deviations below the healthy population mean (t < -2.5). Osteopenia, a milder form

of the disease, is often a precursor to osteoporosis, and is defined as a BMD which

is 1.0 to 2.5 standard deviations below the healthy population mean (-1.0 > t > -

2.5)[4, 39]. Irrespective of pathology, decreases in BMD are associated with changes in

trabecular architecture, resulting in (i) a lower number of trabeculae of greater width,

and (ii) a decrease in transverse connections between them[40]. This reduced density,

and opened lattice network, results in great decreases in the load bearing capacity of

bones, resulting in a high risk of fracture[4, 11, 40]. While BMD measurements are

considered the defining factor of osteoporosis, the diagnostic tool of choice in Canada

is the Fracture Risk Assessment tool (FRAX), which quantifies patients risk factors

for osteoporotic fracture[39].

2.1.1 Epidemiology

The prevalence of osteoporosis is greater in women than men, increases with age, and

varies greatly between regions and races (Figure 2.1). Osteoporosis is estimated to ef-

fect one in three Canadian women, and one in five Canada men during old age[41, 11].

This age-related form of osteoporosis is referred to as primary osteoporosis, the most

prevalent form of the disease[41]. In women, this is also referred to as post-menopausal

7
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Figure 2.1: Prevalence of osteoporosis in industrialised countries by sex, and age[3].

osteoporosis, due to the temporal link with post-menopausal decreases in oestrogen

levels[4]. Primary osteoporosis can also occur in men but shows a later onset, usually

following a drop in testosterone, and typically presents in octogenarians[11, 3]. Sec-

ondary osteoporosis, on the other hand, is not associated with age related changes,

but is a side effect of medication (most commonly glucocorticoids) or other disease

states (diabetes, AIDS, hypertension , etc.)[4].

The large regional and racial variations in the prevalence of osteoporosis are as-

sociated with strong genetic links to peak BMD. An epidemiological study of the

relative risk of osteoporosis between racial groups in the United States (a racially

diverse population base) found a risk ratio of (i) 0.55 for women of African descent,

(ii) 0.95 for women of Native American descent, (iii) 1.05 for women of Asian descent,

and (iv) 1.2 for women of Hispanic descent relative to the Caucasian population[42].

Given its high prevalence, osteoporosis places a large burden on health care systems,

primarily due to the increased incidence of fracture. For example, in Canada 138,600

osteoporotic fractures were reported in 2010. These fractures most commonly oc-

curred in the vertebrae (27 %), distal ulna (22 %) and proximal femur (15 %)[4].

The direct costs associated with the treatment of these fractures was estimated to
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be 2.3bn CAD. When long term treatment (i.e. indirect costs) is included, the costs

on the Canadian health care system rise to 3.9bn CAD[17]. While the condition is

preventable, few early symptoms are recognized due to the pathophysiology of the

disease, leading the condition to be both underdiagnosed, and undertreated[16].

2.1.2 Pathophysiology of osteoporosis

Osteoporosis presents with varying pathophysiology, arising from the cumulative ef-

fects of the patients’ age, genetics and other environmental factors. To better un-

derstand these changes, healthy bone development and remodelling must first be

understood.

Physiology of healthy bone

Bone tissues are made up of a combination of spongy trabecular bone which is sur-

rounded by a shell of compact cortical bone. The combination of mineral and organic

fibrous matrix found in bone gives it both mechanical strength as well as resistance

to cyclic loading. To maintain fatigue resistance bone tissues undergo a cycle of con-

stant remodelling, the combined effect of three cell lines: OCLs, OBLs and osteocytes.

This remodelling cycle is both continuous, and guided by mechanosensory feedback,

allowing for bones to adapt to local loading levels[43, 44, 45]. Along with mechanical

loading a number of hormonal signals serve to regulate bone remodelling and strength

throughout our lifetime.

Rigidity and compressive strength are imparted by the mineral matrix, which is

composed of tightly packed crystalline HA, that imparts roughly 66 % of the bones

dry weight[46]. The fibrous collagen matrix in turn imparts toughness, support-

ing tensile loads, and provides nucleation sites for the crystallization of the mineral

matrix[46]. The mechanical endurance of bone is greatly increased through its dy-

namic metabolism, which allows for the resorption of damaged tissue and deposition

of new bone mass[45].
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Figure 2.2: Cortical and Trabecular bone structure[4].

Histology of bone

While cortical bone is a compact network of Haversian systems (also referred to as

osteons), trabecular bone is formed by an open network of trabeculae (Figure 2.2)[46,

44]. Haversian systems are ordered structures, which radiate from central Haversian

canals. These canals are hollow passages, which allow for blood and lymph vessels to

pass through cortical bone. The matrix of the osteon is deposited around the canals,

in concentric lamella radiating outward, and is maintained by the osteocytes. In

contrast trabeculae are thin struts, primarily aligned in the direction of the principle

stresses in bone, and do not have a highly ordered concentric structures, or designated

blood flow[43]. The blood flow needed to support metabolism in trabecular bone is

instead supplied from the rich vascular network of the bone marrow which fills the

voids between trabeculae[46, 44]. During youth, this bone marrow is hematopoietic,

gradually transitioning to fatty marrow with age as the demand for new blood cells

decreases[46].
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Bone remodelling

As mentioned, bone metabolism in both healthy and pathological states consists of

the combined action of three cell types: OCLs, OBLs, and osteocytes. These three

cell types act in coordinated, membrane separated areas, referred to as bone re-

modelling compartments[47]. These compartments provide an isolated environment

facilitating intracellular signalling and feedback (Figure 2.3). OCLs are multinuclear

hematopoietically derived cells which are formed by the fusion of multiple macrophage

like cells[43, 48]. The differentiation of OCLs is mediated by signalling from colony

stimulating factor and the binding of the receptor activator of nuclear factor k ligand

(RANKL), and immunoreceptor tyrosine based activation motif (ITAM) [49]. OCLs

primarily serve to resorb both the mineral and protein matrix of bone. Although

resorption occurs at low levels throughout the bone, micro-damage to the tissue ac-

tivates signalling pathways which recruit OCLs to the site of damage through the

activation of inflammatory pathways responsible for the production of RANKL[50].

Fully differentiated OCLs produce osteoprotegrin (OPG) a decoy RANKL receptor

which serves to provide negative feedback to further resorption[48]. Bone mineral re-

sorption results in the release of calcium into the bone remodelling unit space which

serves as further negative feedback to both the differentiation and survival of OCLs.

This increase in extracellular calcium concentration also serves to recruit OBLs

to the area of resorption. OBLs are secretory cells which act to replace lost fibrous

and mineral matrix from resorption sites[46, 43]. OBLs are differentiated from mes-

enchymal cell lines through the signalling of the calcium sensing receptor (CaSR),

wingless related protein (Wnt) and Notch pathways[51]. Fully differentiated OBLs

secrete RANKL, and as such, serve to increase the differentiation and activity of

OCLs[49, 52]. Along with increased calcium concentrations, areas of high mechani-

cal loading also serve to recruit OBLs to increase the local strength of bone though

osteocyte mediated pathways[50]. OBLs deposit the new bone matrix, both organic
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Figure 2.3: Steps of bone remodelling process, (left to right): quiescence, resorption,
reversal, formation, mineralization, and return to quiesence[4].
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and mineral components, around themselves which gradually eliminates their blood

supply. As the blood supply drops, 80 % of the OBLs undergo apoptosis, while the

remaining cells differentiate into osteocytes[46].

When the activity of OBLs and OCLs is balanced, no net change in BMD or mass

occurs, and gradual bone turnover allows for high endurance in cyclic loading[46,

45]. Osteocytes are important regulators of bone metabolism, acting not only as

mechano-transducers to adapt bone to mechanical loading, but also serving to recruit

remodelling units to areas of micro damage[46]. Osteocytes alter bone metabolism

through the production of a number of growth factors including fibroblast growth

factor (FGF) and bone morphogenic protein (BMP)(essential in OBL differentiation),

sclerostin (provides negative feedback to OBLs), as well as RANKL (essential in OCL

differentiation)[50]. Along with direct OBL-OCL feedback provided by the RANKL

pathway, local calcium cycling caused by formation and dissolution of mineral matrix

serves to balance the effect of OBLs and OCLs[53].

While a number of cell level signalling pathways serve to regulate local bone

turnover, a number of systemic and environmental factors have been recognised to

alter bone metabolism on a skeletal level. In healthy individuals, BMD increases

through youth and peaks in the early thirties, followed by a gradual decrease through

middle age[46]. Increased height, weight or level of activity all serve to increase

bone deposition through osteocyte mediated pathways[46]. In addition, increased di-

etary calcium and vitamin D (including exposure to sunlight) serves to increase bone

deposition through the alteration of systemic calcium levels. On the other hand,

PTH increases resorption of bone by increasing OCL activity, to raise circulating

calcium[11, 4, 54]. Increases in bone resorption are also favoured by: ageing, de-

creasing androgen levels (especially following menopause), glucocorticoid use, immune

compromisation, diabetes and cardiovascular diseases[4, 54, 11]. Although decreases

in BMD are considered a natural part of ageing, severe decreases in BMD can result

in osteopenia, or osteoporosis, and a high risk of fracture[4, 11].
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Pathophysiology of osteoporosis

Early theories speculated that the loss of oestrogen induced OBL bone deposition

was a direct causative factor for primary osteoporosis[55]. More recently however, it

has been recognized as the cumulative effect of multiple genetic and environmental

factors. As proposed by Raisz, in a review of the pathophysiology of osteoporosis,

the reduced BMD which characterizes the disease may be caused by one, or more,

of three causative pathways: (i) a low peak bone mass during youth, (ii) an ex-

cessive rate of bone resorption, or (iii) insufficient new bone deposition to match a

healthy resorption rate[56]. With respect to the first pathway, large scale genetic

surveys have demonstrated strong variability in peak BMD, with a heritability factor

of 0.46 to 0.84[57]. These findings have been supported by the discovery of single

nucleotide polymorphisms for both the CaSR as well as the Wnt pathway. These

genetic variations play an important role in the low peak BMD in Asian and Hispanic

populations respectively, leaving them at high risk of both primary and secondary

osteoporosis[58, 59]. Considering the second pathway, post-menopausal osteoporosis

has been linked with an increase in RANKL signalling, which induces pathologically

increased OCL activity and bone resorption [49, 60]. Secondary to this OCL activa-

tion, increased OBL activity is also induced by changes in oxidative state, but not

to an extent capable of matching the resorption rate. The resulting imbalance is

especially deleterious to trabecular bone, where unchecked resorption pits perforate

trabecular struts, altering load distributions and preventing their replacement[56].

Finally, the third pathway is associated with rare genetic disorders, and low levels of

calcium and vitamin D[59, 61].

While all three pathways contribute to low BMD, the progressive loss of bone

mass with advanced age is strongly associated with excessive OCL activation (i.e.

the second pathway). Animal models have demonstrated that while post-menopausal

oestrogen deficiency is associated with increased bone resorption, it is not due to its
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role as a sex hormone. Rather, the loss of oestrogen following menopause results in in-

creased oxidative stress, activating inflammatory pathways, thereby increasing Tissue

Necrosis Factor A (TNF-a)production, and ultimately leading to the up regulation of

RANKL and OCL differentiation[62]. Age related oxidative stress can thus explain

the decrease in BMD in both male and female populations, with increased impact on

post-menopausal women due to the high reliance on oestrogen as an antioxidant[63].

A number of diseases linked to secondary osteoporosis similarly result in increased

bone resorption due to increased oxidative stress and inflammation, including arthri-

tis, diabetes, cardiovascular disease, obesity and autoimmune disorders[64, 65, 66].

While some causes of secondary osteoporosis can be linked to inflammation or

oxidative stress, its pathophysiology varies greatly with comorbidities and medica-

tions. For example, renal disease and hyperthyroidism have deleterious effects on

bone strength, due to their effect on circulating PTH and calcium levels[67]. These

effects are mediated through the CaSR on both OBLs, to decrease new bone for-

mation, and OCLs to induce increased bone resorption[68]. On the other hand,

glucocorticoids which are used to reduce inflammation (and would thus be expected

to increase BMD), have been demonstrated to decrease Wnt signalling and reduce

circulating OPG. The net result of glucocorticoids on bone remodelling is a combi-

nation of both strong anti-anabolic and catabolic effects[69, 70]. The dual negative

effects on BMD from glucocorticoid use is an important example of the overlap be-

tween multiple regulating pathways which underlay the pathogenesis of osteoporosis,

making it a challenging condition to target and treat effectively[56].

Preventative osteoporotic interventions

The first line of treatment for osteoporosis is dietary supplementation with calcium

and vitamin D, which both act to support and maintain BMD [4, 39]. Along with

these supplements, various pharmaceutical therapies are available to slow the loss of

bone mass[71]. These therapies are traditionally classified as either antiresorptive,
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or anabolic therapies depending on their mechanism of action[4]. Due to the highly

coupled nature of OBL and OCL cells however, these therapies serve to effect both

cell lines through coupled increases, or decreases in their metabolic activity[4, 54].

While various therapeutic options are available, the low rate of treatment, as well

as low compliance with pharmaceutical therapies, has resulted in a crisis of care

in osteoporosis[16]. Multiple compounding factors contribute to these low levels of

effective treatment, including; (i) a lack of recognition of the disease[72], (ii) a failure

to see the condition as a true pathology and not a sign of advancing age[73], and (iii)

mistrust of pharmaceutical options due to a number of high profile adverse reactions

in the media[74].

Antiresoprtive therapies

Antiresorptive (or anti catabolic) therapies target OCLs, and decrease the rate of

bone resorption. However, these therapies also generate a coupled decrease in OBL

activity and new bone formation[4, 71]. Although these therapies are effective in

generating a net decrease in bone resorption, they also decrease mirco-damage re-

pair, and thus allow for the accumulation of damage to the tissue[48]. For example,

bisphosphonates are the most commonly used form of antiresorptive therapy for the

treatment of osteoporosis in post-menopausal women[39]. Bisphosphonates are syn-

thetic analogues to pyrophosphate, allowing the drug to be incorporated into the

mineral matrix of bone. The drug is subsequently released during resorption, and is

taken up by OCLs causing an alteration in adenosine triphosphate (ATP) synthesis

and decreases in cellular activity[75]. Alternative formulations induce cytoskeletal

changes that prevent attachment to bone and result in apoptosis[76]. Long term

studies into the efficacy of various bisphosphonate formulations demonstrate signif-

icant reductions in VCF risks (up to a RR=0.41 for Risondronate) after 5 years of

use[12]. However, extended periods of bisphosphonate use (≥ 6 years) have been

linked to decreased fracture reduction efficacy and increased risk of osteonecrosis[12].



17

In respect of the latter, this is primarily seen in bones which receive low mechanical

loads, such as the jaw[48]. Osteonecrosis is often linked to a failure to undergo normal

tissue remodelling following trauma (often minor dental surgery) due to the potent

inhibition of bone metabolism. As such bisphosphonates have also been linked with

increased time to union following fractures[77]. For these reasons, while bisphospho-

nate treatment remains the first line pharmaceutical intervention for osteoporosis in

Canada, they are not recommended for long term continuous use[39].

In addition to bisphosphonates, anti RANKL antibodies have emerged as an an-

tiresorptive therapy for the treatment of osteoporosis[78]. These agents act to prevent

RANKL mediated differentiation of OCLs. DenosumabTM, an anti RANKL anti-

body, has demonstrated equivalence, and in some cases superiority, when compared

to bisphosphonates for the maintenance of BMD in post-menopausal osteoporotic

women[79]. In addition, this therapy has demonstrated efficacy in reducing VCF rate

by up to 68 %. However, long term data relating to safety and efficacy is not yet

available and there are concerns that (i) long term effects may be similar to bispho-

sphonates, and (ii) there may be the potential for unwanted immunological response

rendering the treatment ineffective over time[80].

Anabolic therapies

In contrast to antiresorptive therapies, anabolic therapies target OBLs to increase

new bone deposition. Although they serve to increase BMD, they are unable to slow

bone resorption and result in an altered trabecular architecture[4]. The most promis-

ing anabolic osteoporosis therapy is recombinant PTH, which has demonstrated up

to a 9 % increase in BMD following one year of administration[81]. The increased

rate of OCL activity, which is caused by these therapies, can result in a decrease

in the overall number of trabecular struts, and the formation of large plate like tra-

beculae which are prone to buckling failure. These architectural changes result in

bone strengths that are disproportionately low relative to the measured BMD [40].
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While effective, recombinant PTH therapy is associated with high costs, and a low

half life, requiring daily subcutaneous injections[15]. These features exacerbate issues

of patient non-compliance frequently seen in the treatment of osteoporosis[4].

Strontium ion therapy

Where conventional osteoporosis treatments have traditionally shown coupled in-

creases or decreases in bone metabolism, strontium based therapies have emerged

as uncoupling agents with the advantages of both (antiresorptive and anabolic) sys-

tems [4, 54]. Strontium ions, administered orally as strontium ranelate (2000 mg/d)

have been shown to be effective in both increasing OBL activity while simultaneously

decreasing OCL activity[10]. Phase II clinical trials focusing on post-menopausal

women have shown a net increase (2.97 %) in BMD, while maintaining healthy tra-

becular architecture[82]. Increases in BMD, after stable strontium ion exposure, have

been recognised since the 1910s but were initially attributed to the larger atomic mass

of strontium being substituted into the bone matrix in place of calcium[83, 84]. It

has more recently been recognised that strontium is bioactive beyond its ability to

incorporate into the mineral matrix of bone, having marked effects on OBLs, OCLs,

and endocrine glands which serve to regulate BMD [29, 13, 82, 85, 86].

Mechanism of action of strontium ion therapies

The response of bone tissue to strontium ions has been shown to comprise both

a rapid and a slow response, indicating the involvement of multiple signalling path-

ways [85, 86]. The first receptor shown to be targeted by strontium ions was the CaSR

(Figure 2.4), and further investigations have revealed that the FGF receptor is also

a target for the drug[54, 87]. Strontium ions, as divalent cations, are capable of acti-

vating the CaSR as type 2 agonists, in effect increasing the sensitivity of the receptor

to calcium ions in the environment[87, 9]. This action can be seen in the parathyroid
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Figure 2.4: CaSR pathways initiated by strontium ion binding in OBL and OCLs.

tissue as well as directly in OBLs and OCLs imparting both local and systemic ef-

fects upon strontium exposure[87]. The CaSR is essential in the remodelling theory

of bone (OCL resorption of the mineral matrix serves to liberate calcium into the

local environment, increasing OBL recruitment, while providing negative feedback on

OCLs activity), and as such its activation is the key to strontiums ability to decouple

bone turn over[85]. On a systemic level, CaSR activation in the parathyroid results

in a decrease in PTH production, resulting in increased renal excretion of calcium,

and up regulation of OBL activity to decrease plasma calcium levels[85]. Local ef-

fects of strontium ions on OBLs and OCLs are mediated through multiple G coupled

protein related signalling pathways including: (i) extracellular signal-regulated kinase

2 (ERK1/2),(ii) Wnt pathways, (iii) protein kinase C II and (iv) the nuclear factor

k B/RANKL pathways[88]. These pathways culminate in the up regulation of the

production of collagen and alkaline phosphatase (ALP) in OBLs[9]. Conversely, in

OCLs, the ultimate effect of strontium signalling through the CaSR is an alteration

of actin dependent attachment to the extracellular matrix. This results in a reduction

of the efficacy of resorption enzymes and an increased rate of apoptosis[30].
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Therapeutic threshold of strontium ions

Strontium has been shown to be effective in altering OBL and OCL activity, and

its effective dose is known to be dependant on calcium concentrations in vitro[9].

Reginster et al. reported the ED50 for OBLs in vitro to be (i) 5.4 mM when admin-

istered alone, or (ii) 0.4 mM when co-administered with 2.0 mM calcium[82]. This

dependence on calcium concentration is due to the action of strontium as a type 2

agonist,[87, 9]. Other in vitro trials have found increased OBL activity to occur at

concentrations as low as 0.1 mM, indicating that low doses may be sufficient to medi-

ate beneficial effects[6]. The apoptotic OCL CaSR response however, shows a much

greater threshold, with and LD50 of 20-30 mM in vitro[30, 85]. Conversely, OCL

differentiation is inhibited at levels as low as 1.0 mM in macrophage differentiation

cultures[6]. This OCL inhibition concentration serves as the threshold to the uncou-

pling effect of strontium, with doses between 0.1 and 1 mM acting only as anabolic

agents through local pathways[85, 88]. While little evidence of (stable) strontium

related toxicity in healthy humans has been reported, strontium contamination of

haemodialysis fluids (>100 mg/l) has been linked to serum strontium concentrations

of 235 mg/l resulting in osteomalacia[89]. These findings indicate that control of the

therapeutic dose of strontium exposure is essential in the utilization of strontium as

an anti-osteoporotic agent.

Clinical efficacy of strontium ion therapy

In vitro data on strontium ion therapy has translated well with respect to clinical

efficacy. Strontium ranelate, sold under the trade name Protelos (Servier Laborato-

ries), is amongst the most studied strontium carrier salts for oral dosing[90]. While

early studies demonstrated effective increases in BMD, the radiographic measurement

methods traditionally used, could not distinguish between calcium and strontium in-

clusion in the bone matrix, and as such overestimated clinical efficacy. Subsequent
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trials combined both radiographic BMD analysis with biopsy ashing, to develop cor-

rection curves capable of providing more accurate measurements, without the need

for continuous bone biopsies. Summary data pertaining to clinical trials of strontium

ranelate efficacy are presented in (Table 2.1). Reginster et al. conducted a clini-

cal trial in which strontium ranelate was orally administered at doses of 0, 125, 500

and 1000 mg/d along with calcium supplementation (500 mg/d) to post-menopausal

women over 24 months[82]. Patients receiving the highest dosage exhibited a net

increase in BMD of 5.53 % (once corrected for strontium content using a correction

factor of 10 % BMD / mol% Sr), while control groups exhibited decreases in BMD of

up to 0.98 %. Subsequent research by Reginster et al. found a 44 % decrease in VCF

risk for patients who received strontium ranelate at 2000 mg/d[10].

With specific respect to spinal osteoporosis, the Spinal Osteoporosis Therapeutic

Intervention (SOTI) trial, conducted by Roux et al. found that strontium ranelate

resulted in preferential improvements in the bone quality of vertebral bodies for post-

menopausal women[91]. This study further reported a 15.8 % increase in (corrected)

BMD in the lumbar vertebrae compared to a 7.1 % increase in femoral neck density,

indicating its highly effective nature in targeting osteoporosis in the spinal column.

This increase in vertebral BMD resulted in a 49 % decrease in the risk of new VCFs.

As strontium ions are known to have localized effects on cell metabolism, with prefer-

ential benefit to vertebral BMD, these finding suggest that strontium ion delivery into

a vertebral body could serve as a mechanism to directly improve local bone quality.

Clinical burden of osteoporotic fracture

Traumatic skeletal fractures occur at loading levels not typically seen in every day

activities and are frequently the result of a major fall, sporting injury or motor vehicle

accident[94]. Conversely, fragility fractures occur at every day loading conditions and

are due to a weakened bone state, most commonly caused by osteoporosis[75]. As

osteoporosis or osteopenia affects over 70 % of women in old age, there are over 9
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Table 2.1: Clinical trials investigating the efficacy of strontium ranelate for the
treatment of osteoporosis in post-menopausal women.
Trial Trial Info Dosing Findings Ref

Early Dosing
Ranging Study

Placebo Controlled
Multi Center
Double Blind
Dose Ranging
Early Postmenopausal
2 year

0.125, 500,
1g/d

BMD increase
Lumbar spine:
1.41 % at 1g/d
Total hip:
3.2 % at 1g/d

[82]

TROPOS
(Treatment
of peripheral
osteoporosis
study)

Placebo Controlled
Multi Center
Double Blind
Post-menopausal
3 years

2g/d

49 % reduction
in VCF
BMD increase:
Lumbar spine: 14.4 %
Femoral neck: 8.3 %

[7, 92]

STRATOS
(Sr ranelate
for treatment of
osteoporosis)

Placebo Controlled
Multi Center,
Double Blind
Dose Ranging
Post-menopausal
2 year

0.5, 1.0,
2 g/d

BMD increase
Lumbar spine:
1.4 % at 0.5 g/d
3.0 % at 2g/d

[93]

SOTI
(Spinal
Osteoporosis
Therapeutic
Intervention)

Placebo Controlled
Multi Center
Double Blind
Early Post-menopausal
4 year

2g/d

35 % reduction
in VCF risk

BMD increase:
Lumbar Spine:
15.8 %
Femoral Neck:
7.1 % increase

[91]
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million osteoporotic fractures reported globally every year[11]. The disease increases

the risk of fracture at all skeletal sites, and has a disproportionate effect on the rate

of fracture of the spine, distal radius, hip and humerus, which are referred to as major

osteoporotic fractures[95]. The prevalence and rate of major osteoporotic fractures

follows that of osteoporosis. As such, major osteoporotic fractures represent 75 % of

clinical fractures experienced by women aged 75-85[95]. These fracture sites are put

at a disproportionate risk from osteoporotic bone loss due to their high fraction of

trabecular bone, which is more severely affected by osteoporosis due to alterations in

trabecular architecture[40]. Beyond the initial pain and treatment costs, osteoporotic

fractures have significant deleterious effects on quality of life and mortality. The

Canadian Multicenter Osteoporosis Study(CAMOS) found the relative risk ratio for

death to be 4.19 for participants that experienced a hip fracture during the study.

Similarly, patients that experienced VCFs during the study had relative risks of death

of up to 2.53 when compared to patients without fractures[96].

Although decreases in BMD are a defining feature of osteoporosis, the disease is

often unrecognised, or untreated until the occurrence of an osteoporotic fracture[16].

It has been estimated that only 30 % of osteoporotic patients are correctly diagnosed,

and less than 15 % of those patients will receive preventative therapies[4]. Because

of the difficulties in identifying osteoporosis the WHO has suggested that screening

resources for otherwise healthy women be targeted towards patients who have suffered

a fragility fracture[4, 40]. While the utilization of FRAX and other non diagnostic

risk assessment tools is improving the ability to identify and treat women at risk,

poor patient compliance remains a challenge. In respect of the latter, a study of

patient behaviour following diagnosis reported that only 55 % of women continued

to regularly take anti osteoporotic therapy past one year, and only 40 % of patients

achieved compliance rates necessary to achieve a clinical reduction in fracture risk af-

ter three years[14]. This overall challenge of low diagnosis, treatment, and compliance

rate is referred to as a “crisis of care”, leaving patients at high risk of osteoporotic
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fracture[16]. This challenge is further complicated in the prevention of VCF, where an

initial fracture is associated with a sharp increase in fracture risk, due to alterations

in mechanical loading of the spine[11, 40].

Vertebral compression fractures

The high incidence of osteoporotic VCFs is caused by a combination of dispropor-

tionate bone loss in the spine, as well as deteriorating biomechanics associated with

ageing[24, 25]. The CAMOS study , estimates that 1 in 4 Canadians over the age of

50 show vertebral deformities related to VCFs[97]. VCFs result in decreased vertebral

height, thoracic volume (and thus functional lung capacity), balance and mobility as

well as increased kyphosis and pain at the level of fracture[98]. Altered biomechanics

result in a significant increase in fracture risk after an initial VCF, both in the ver-

tebral column as well as at all other skeletal sites (e.g. hip fractures). Less than 50

% of patients who suffer an osteoporotic VCF have received preventative therapies;

usually due to a lack of early diagnosis, as well as a lack of patient compliance[16].

While nearly half of all osteoporotic VCFs are asymptomatic, being discovered during

unrelated medical examinations, symptomatic fractures cause pain, loss of function

and decreased quality of life requiring immediate treatment[99].

Aetiology of vertebral compression fractures

Vertebral compression fractures most commonly occur in the lower thoracic or up-

per lumbar levels due to the changes in loading mechanics in the transition from lor-

dotic to kyphotic curvature; leaving the vertebral bone more susceptible to changes

in load distribution (Figure 2.5)[94]. These fractures most commonly occur in an

anterior wedge shape, as the neural arch provides increased support to the poste-

rior section of the vertebral body, and postural stresses such as lifting and carrying

frequently shift the centre of mass forward[100]. While decreased BMD plays an im-

portant role in the aetiology of VCFs, a number of additional factors contribute to
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their high rate of incidence in ageing populations. Age related changes to the load

distribution through the intervertebral disks, spinal instability due to decreased ac-

tivation of postural muscles, and increased spinal kyphosis resulting from postural

changes all contribute to the complex aetiology of VCFs[98, 100]. As such osteo-

porosis screening alone to assess fracture risk is poorly effective in reducing the rate

of VCFs. This is demonstrated by the need to screen 1300 patients over 5 years to

effectively prevent one VCF[101]. Effective prevention and treatment should serve to

address all factors which contribute to VCFs in order to best serve patient needs.

With respect to age related degeneration of intervertebral disks, it has been estab-

lished that there is a progressive decreases in the hydrostatic pressure of the nucleus

pulposus, resulting in non-uniform stress distribution to the vertebral endplate. In

particular, a ring of high stress is generated along the edges of an effected vertebral

body causing endplate deflection, and ultimately altering the load distribution to

the underlying trabecular network[98]. Injury to the superior intervertebral disk is

reported to be present in 39 % of fractured vertebral bodies, demonstrating a corre-

lation between intervertebral disk degeneration and VCFs[102]. While no definitive

mechanism has been established to identify the initial incident which causes degener-

ation, damage to vertebral endplates and intervertebral disks provides positive feed-

back accelerating the deterioration of hard and soft tissues[103]. As such, the risk of a

VCF is not based solely on bone strength, and may be prevented though both osteo-

porotic treatment and biomechanical interventions which improve load distribution

in the spine.

An initial VCF also increases the risk of a subsequent fracture 4-7 fold over the

general population[11, 100]. This is referred to as the vertebral fracture cascade,

and has many contributing factors. The anteriorly wedged shape commonly seen

in VCFs leads to an increased kyphotic angle, which increases the lever arm of the

upper body weight acting on the surrounding vertebrae, thereby greatly increasing

effective loading[100]. Furthermore, local inflammation and pain lead to decreased
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Figure 2.5: Prevalence of fracture locations in the thoracic and lumbar spine demon-
strating increased succeptability to fracture in the thoracolumbar junction.
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muscle tone and increased trunk sway, further destabilizing the load distribution in

the spine and increasing fall risk[104]. As such, early intervention to decrease pain

and return mobility and quality of life play an important role in reducing the vertebral

fracture cascade. In the case of osteoporotic VCFs the underlying bone deterioration,

which lead to the first VCF, is also a contributing factor to the increased incidence

of subsequent fracture[40, 100].

Vertebral fracture management

Vertebral compression fracture management presently focuses on pain manage-

ment and may include: analgesic therapy, bed rest, bracing, rehabilitative exercises

or surgical intervention[104, 105, 18]. Bed rest, bracing and rehabilitative therapy all

focus on reducing fracture motion, promoting proper alignment of the spine and pre-

venting trunk sway to promote proper fracture healing and decrease discomfort[105].

There is great variation in the clinical guidelines for optimal VCF management, due,

in part, to a lack of clinical evidence to support various conservative management

techniques[106]. For example, bed rest remains a recommendation of both the Amer-

ican Academy of Orthopedic Surgeons, and the National Institute for Health [107].

On the other hand, there exists evidence of increased bone resorption due to inactivity,

as well as an increased risk of deep vein thrombosis, and it is therefore discouraged the

American Association of Family Physicians[106, 99]. A study comparing the efficacy

of the use of analgesics, bed rest, back bracing, and walking aids for the management

of VCFs was demonstrated to achieve an average reduction in visual analogue scale

(VAS) pain score from 7.2 to 2.2 over three months, with a further decline in pain

to 1.4, after one year. While a significant pain reduction was achieved and main-

tained for the majority of study participants, one in three patients failed to achieve a

reduction in pain with conservative treatment and required further intervention[99].

For these patients, percutaneous vertebral augmentation in the form of PVP and bal-

loon kyphoplasty (BKP) offer options to rapidly restore vertebral strength and relieve
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pain[18]. While clinical guidelines vary greatly on recommendations for the treatment

of VCFs, recommendations for the prevention of new fractures are consistent and en-

courage the use of anti-osteoporotic therapy as the most effective method of reducing

new fracture occurrence, a goal not met by current vertebral body augmentation

techniques or materials[26].

2.2 Percutaneous spinal augmentation

Percutaneous vertebroplasty (Figure 2.6) is a minimally invasive procedure that allows

for the injection of bone cement into a vertebral body under fluoroscopic guidance.

This procedure was first performed in 1984 to treat a painful spinal hemangioma, and

has since been used for the fixation of VCFs[108]. Rapid pain relief was noted in its

first application, a finding which has been substantiated by subsequent clinical trials

which compare the procedure to traditional fracture management techniques[20, 109].

While PVP was first performed in France, the first procedures to take place in the

United States were performed in 1993. Due to its early success, the technique rapidly

gained popularity, and by 2010 over 300,000 procedures had been performed [110].

This procedure reduces both hospital stay times and infection risk versus invasive

fracture fixation techniques, while also reducing the need for anaesthesia, as it may

be performed under conscious sedation[18, 108]. Cement injections are performed

through large bore needles (11- 15 gauge) which are inserted into the vertebral body

through the pedicle[82]. Injected cement volumes typically range from 2.5 to 4.5

ml, with the cement being allowed to cure while the patient remains prone on the

procedure table.[18, 111].

Balloon kyphoplasty (Figure 2.7) is a similar percutaneous vertebral augmentation

technique which allows for the partial correction of kyphotic deformity. This proce-

dure includes the transpedicular insertion of a high pressure inflatable bone tamp
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Figure 2.6: Illustration demonstrating the augmentation of a VCF though the use
of PVP, indicating the insertion of a large bore needle into the fractured vertebral
body under fluoroscopic guidance, and full fill of vertebral body providing internal
cast[5].

into the fractured vertebral body. Once in place, the bone tamp is inflated, compact-

ing surrounding trabecular bone and partially restoring vertebral body height[112].

The resultant bone void is then filed with a more viscous injectable bone cement,

stabilizing the vertebrae in this expanded position. BKP allows for both fracture

stabilization, and decreased kyphosis, however, it requires additional procedure time

(approximately 1.5 h), the use of general anaesthesia, and an added equipment cost

of 3,578 CAD per patient (above the 187 CAD equipment cost of PVP)[113].

2.2.1 Pain relief efficacy of vertebral augmentation

A number of clinical trials have investigated the efficacy of PVP and BKP, most

commonly assessing pain relief, as well as the rate of subsequent fracture. These

clinical data are summarised in Table 2.2 to 2.4. When compared to conservative

treatment techniques, vertebral augmentation was reported to provide significant im-

provement in patient pain relief in initial open label trials[114, 115]. In one of the

largest studies of its kind, the Vertos II trial compared PVP to conservative fracture

management. It was reported that PVP resulted in a reduction in VAS pain scores of
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Figure 2.7: Illustration of the steps of PVP on 1) a fractured vertebrae, including
2) the insertion of a large bore needle into the fractured vertebral body under fluoro-
scopic guidance, and insertion of collapsed bone tamp into the vertebral body 3) the
inflation of the bone tamp generating a void for cement fill while pushing endplates
apart restoring vertebral body height,4) injection of bone cement into the bone void
providing an internal cast[5].
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5.2 and 5.7 points after 1 and 12 months respectively while, conservative treatments

reduced VAS scores by 2.7 and 3.7 points at equivalent follow up[114]. In a similar

open prospective trial, in which fracture age of up to 12 months was included (in

contrast with the VERTOS 6 week cut off), a 42 % reduction in pain was seen with

the PVP group compared to a 25 % reduction in pain for the control group after 2

months. No significant differences were observed vis-à-vis long term benefits past 12

months[115]. With respect to quality of life (as assessed by the Qualeffo question-

naire), immediate improvement was reported for the PVP cohort, while conservative

treatment demonstrated improvements only after six months. Similar results were

found in a trial including patients with an average of 3 pre-existing VCFs, where im-

proved pain relief compared to conservative treatment was reported, but only for time

points of up to 6 months[116]. While open label trials have consistently demonstrated

increased efficacy compared to conservative treatment, placebo controlled trials have

shown greater variation in outcomes, leading to significant criticism of the technique.

In double blinded studies, control groups were subjected to a sham procedure

meant to mimic PVP[122, 123, 124]. These control patients were sedated, placed

prone on the procedure table, injected with a local anaesthetic at the level of frac-

ture, soft tissue incisions were made, surface pressure was applied to the spine, as

well as tapping noises and the mixing of bone cement. These actions were all in-

tended to mimic the experience of PVP for the patient. In these trials, most notably

those by Kallames et al. (INVEST), and Buchbinder et al., no significant differences

were reported in pain relief over an extended time period, and as such a decrease in

the popularity of PVP occurred[117, 119]. These trials however have subsequently

been critiqued due to weak inclusion criteria, allowing for the inclusion of patients

not generally thought to be suited for PVP[122]. The inclusion criteria did not dis-

criminate based on fracture age, which is recognised as an important indicator of

success. In particular fractures under four months old are considered ideal candi-

dates for PVP, while patients with chronic fractures report low success rates for pain
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Table 2.2: Clinical trials evaluating the efficacy of PVP and BKP for the treatment
of painful VCFs (part 1 of 3)
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Table 2.3: Clinical trials evaluating the efficacy of PVP and BKP for the treatment
of painful VCFs (part 2 of 3)
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Table 2.4: Clinical trials evaluating the efficacy of PVP and BKP for the treatment
of painful VCFs (part 3 of 3)
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relief[125]. Furthermore, the investigational PVP safety and efficacy (INVEST) trial,

widened inclusion criteria due to low enrolment numbers to include patients with a

VAS pain score as low as 3[117]. While both study and control groups experienced

an ca. 30 % decrease in VAS pain scores, no significant difference was found between

the groups, due to a combination of the large variability in VAS pain score ranking,

and the inclusion of patients suffering only mild pain. A further critique of these

two trials was their inability to distinguish between the cause of pain in the patient

as either mechanical pain from the fracture (which would respond to PVP), or soft

tissue pain due to height loss (which would only respond to height restoration of

the vertebrae)[124]. It has also been noted that the volume of cement injected in

these studies was significantly lower than recommended levels for stabilization (2.8

ml vs 4.0 ml), potentially resulting in insufficient mechanical reinforcement[124]. The

sham procedure selection was challenged in study conducted by Wilson et al. which

compared the efficacy of (a) local bupivulcan injection at the level of fracture to

(b) the results from the INVEST trial, finding no significant difference in patient

outcomes[126]. This study demonstrated that the injection of local aesthetic, used in

the sham procedures, served to break the pain cycle, and was effective in providing

long term pain relief for patients. As such, the “sham procedure” typically used in

blinded PVP trials does not serve as an appropriate control for the evaluation of pain

relief, resulting in the underestimation of efficacy.

To address the shortcoming of early blinded clinical trials, investigations with more

restrictive inclusion criteria are currently under way, and show positive outcomes for

pain relief following PVP[114]. Early results have emerged from the ”Vertebroplasty

for acute painful osteoporotic fractures” (VAPOUR) trial, which investigated the

efficacy of PVP with stringent procedural, and inclusion requirements[118]. The pro-

cedural restrictions required cement filling from end plate to end plate, pedicle to

pedicle and posterior cortex to anterior third to ensure stability. Furthermore, pa-

tient selection was restricted to those with an initial VAS score greater than 7, and a
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fracture age of under 6 weeks. Early six month follow up data has reported significant

improvements in VAS pain ratings at all time points investigated (3 d to 6 months)

when compared to a placebo control. Furthermore, the best pain relief outcomes were

reported in patients with fracture age under 3 weeks at the time of intervention[118].

In this study 41 % of the subjects who underwent PVP had a reduction in numeric

rates pain scale from 7 or greater (sever pain) to 4 or below (minor pain) following

treatment, indicating a clinically relevant reduction in pain. While effective in provid-

ing rapid pain relief, PVP is incapable of addressing the postural changes associated

with VCFs, and as such BKP has emerged as an alternative technique to build upon

this success.

Clinical trials comparing BKP with conservative treatment (Table 2.2) have re-

ported similar results to those investigating PVP. The Fracture reduction evaluation

trial followed 300 patients who received either BKP or conservative treatment of acute

fractures (ongoing oedema confirmed by MRI). This study demonstrated significant

improvement in pain as assessed through the “short form 36 physical component

summary” (SF 36 PCS). These improvements over conservative care however were

not maintained, decreasing from a 5.2 point benefit to a 1.5 point benefit between

1 and 12 months[120]. Limited clinical trial data is available directly comparing the

efficacy of PVP to BKP. One non blinded multicenter trial was conducted comparing

the procedures, finding no significant differences in patient outcomes (SF 36 PCS,

Oswestry Disability index, VAS pain) between procedures[121]. It is of note however,

that the trial was terminated early due to low enrolment, reaching only one third of

the intended patient cohort. While limited direct comparisons are available, pain re-

lief results have been similar between the two procedures in prospective studies[110].

Furthermore, a meta analysis of 29 clinical trials comparing the pain relief outcomes of

PVP and BKP has concluded that no difference in pain controls is achieved at early,

or extended time points (up to 12 months)[112]. While clinically effective in pain

relief, legitimate criticism to both vertebral augmentation techniques has emerged,
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due their inability to slow the progression of the vertebral fracture cascade.

2.2.2 Subsequent vertebral fracture following percutaneous vertebral

augmentation

The second most frequently reported complication following vertebral augmentation

is the incidence of adjacent VCFs (with the first being cement leakage outside of the

vertebral body)[18, 108]. Subsequent VCF rates of 33.5 % in the three years fol-

lowing PVP have been reported[20]. BKP also results in a high rate of subsequent

fracture, with two year subsequent fracture rates of approximately 47 %[127]. Initial

reports believed that this rate of subsequent fracture was due to the high stiffness

of the injected cement increasing mechanical forces on adjacent vertebrae[23]. Clin-

ical data however, has not consistently demonstrated a significant increase in sub-

sequent fracture rate when compared to conservative management, challenging this

theory[114, 115, 116, 118, 119, 120, 121]. Many studies have been conducted in an at-

tempt to better understand this phenomenon and an alternative hypothesis has been

proposed[20, 25, 24, 128]. Specifically, that it is the underlying bone pathology, most

commonly osteoporosis, which results in the high rate of subsequent fractures[129].

Furthermore, it is of note, that the conservative management techniques used to treat

the control patients in two of the open label clinical trials included the use of anti

osteoporotic agents, known to reduce VCF risk[119, 115]. No anti-osteoporosis treat-

ment was provided for patients receiving PVP, therefore direct comparison between

fracture rates would be an inappropriate evaluation of procedural risk.

In support of this hypothesis, Muijs et al. and Tseng et al. have both reported

similar rates of adjacent and non adjacent fractures subsequent to PVP[24, 130].

Tseng et al. however highlighted a temporal difference in the time to fracture; adja-

cent fractures occurred on average 71.9 d following augmentation, while non adjacent

fractures occurred 286 d after augmentation. Alterations in local load distributions

due to kyphotic angle were proposed as the causative mechanism in this study[24].
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Wang et al., in a mechanical study simulating vertebral loading following PVP found

kyphotic angle to be the best predictor of adjacent fracture[25]. While temporal dif-

ferences, as marked by Tseng et al., have yet to be fully explained, many theories

contributing to this phenomenon have been proposed including: difficulty in identi-

fying the time of fracture onset, greater losses in BMD being reported in patients

who elect to undergo PVP, and higher levels of activity following PVP[25, 24]. While

kyphotic angle has been linked to subsequent VCFs, meta analysis studies compar-

ing BKP to PVP have failed to demonstrate a reduction in fracture rate between

techniques[121].

Although commonly referred to as a complication of PVP, subsequent VCF is part

of the natural progression of osteoporosis, and is due to the steady decline in BMD

[25]. While PVP serves to reinforce and stabilize the fractured vertebrae it does

not address the underlying osteoporotic changes to the bone, allowing for further

decline in BMD due to the progressive nature of the disease. In order to decrease the

rate of subsequent fracture in osteoporotic patients, treatment must serve both the

mechanical and therapeutic needs of the patients[26].

2.2.3 Prophylactic percutaneous vertebroplasty

While PVP is typically performed following a fracture, there has been recent in-

vestigations into its use as a prophylactic measure to prevent vertebral collapse in

osteoporotic patients[131, 132, 133, 134, 128]. In such an application PVP presents a

method of reinforcing a weakened vertebrae which may be at risk of fracture. Most

commonly this approach is taken at levels adjacent to fractured vertebrae, in a com-

bined therapeutic and preventative procedure which attempts to decrease the high

rate of adjacent level fracture seen following PVP[133]. While the procedure has

been suggested to help prevent adjacent VCFs, the technique has been criticized for

unnecessary patient risk associated with multi level augmentations[135, 136].

Multiple ex vivo cadaveric biomechanical models have investigated the effect of
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prophylactic PVP on the load distribution, and failure load of vertebral bodies ad-

jacent to therapeutically augmented sections, with conflicting results. Oakland et

al. found: (i) decreases in vertebral body stiffness following prophylactic PVP, (ii)

increasing loss of vertebral height with increasing cement stiffness, and (iii) no in-

crease in failure strength following augmentation[128]. Investigations into the effect

of loading angle, in turn, have concluded that while no increase in vertebral failure

load following prophylactic augmentation is seen during on axis loading (simulating

healthy biomechanics), a significant increase in the off axis fracture load (simulating

altered mechanics due to kyphotic deformity) is observed[137]. This suggests that

prophylactic PVP is successful due to its ability to increase the resistance to off-axis

loading as would be expected to occur at a level adjacent to a wedged VCF. Such a

finding is significant, as PVP has only mild height restorative capabilities.

An investigation into the effect of cement distribution within the anterior third

of the vertebral body has highlighted significant correlation with the rate of adjacent

VCFs. In the cases of greatest fill, where cement extends past the vertebral endplate

(leakage into the intervertebral disk space) the rate of subsequent fracture was re-

ported to be 44 % over a 2 years. If cement fill extends to, but does not pass the

endplate, the rate of adjacent fracture decreases to 29 %. Finally, in cases where

the cement did not extend past the trabecular space, adjacent fracture was reduced

to 7 %[138]. From these findings, it was suggested that adjacent level fracture may

be preventable through the use of prophylactic adjacent level augmentation in cases

where cement leakage into the intervertebral space is noted intraoperatively. Such

findings are further backed by the lack of efficacy of prophylactic PVP at preventing

adjacent vertebral body fracture following hight restoring BKP, where off axis loading

would not be expected to occur[139].

Studies into the clinical efficacy of prophylactic PVP have demonstrated a reduc-

tion in new fracture rate from 16.8 to 4.5 % at 3 months, and 22.4 to 9.7 % at 12

months[134]. A greater effect was seen in a study by Yen et al. (follow-up was of up
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to 4 years) with only 3 % of patients who underwent prophylactic PVP experienc-

ing an adjacent level fracture, while 39 % of patients who received only therapeutic

PVP experienced new adjacent level fractures[132]. The rate of success of adjacent

level prophylactic vertebral augmentation was found to be greatest when multi level

segments were augmented in both the cranial and caudial directions resulting in a

fracture risk reduction odds ratio of 2.61 compared to therapeutic PVP alone[133].

As PVP has a lower hospital cost than height restoring BKP, with similar patient

outcomes[112], the combination of therapeutic and preventative vertebroplasty may

offer a cost effective method of addressing the biomechanical changes which result

in subsequent adjacent vertebral body fractures offering an optimized long term out-

come.

While effective in reducing adjacent fracture, prophylactic PVP has also been

critiqued due to increased patient risk, potentially deleterious alterations to bone re-

modelling, and speculation that fracture risk will not be improved, simply shifted to

the next vertebral level causing an ongoing problem. While multi-level augmentation

procedures of fractured vertebrae are known to be high risk due to the increased risk

of cement embolism[136], leakage risks are significantly lower in cases of multilevel

prophylactic augmentation. When assessed through intraoperative fluoroscopic imag-

ing, leakage rate in non fractured vertebrae are reported to be 1.4 %, compared to

26 % in fractured vertebrae[133]. Concerns of long term stress shielding have simi-

larly been disproven, with in silico computational modelling studies reporting that,

contrary to previous fears of stress shielding and bone resorption, increased bone vol-

ume is seen over time when cement boundary does not extend to the end plates[131].

The third criticism, that prophylactic augmentation may spare a one vertebral body

at the expense of another has no basis in clinical evidence. Similar rates of non

adjacent subsequent VCFs following prophylactic and therapeutic PVP have been

reported, indicating no increased risk between interventions[132]. As such, computa-

tional modelling, and clinical outcomes suggest the preventative vertebroplasty may
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have beneficial effects on local bone health, preventing fracture and allowing for adap-

tive remodelling. While initial studies are promising, in silico modelling is limited by

our knowledge of the response of tissue at the bone cement interface, and may be

negatively impacted by fibrous encapsulation, or thermal damage. Improvements to

the bone cement interface, as well as the combination of therapeutic bone cements

with this procedure may provide even greater benefit allowing for treatment of the

underlying disease state, while providing support to off axis loading to ameliorate the

rate of subsequent VCFs.

2.2.4 Vertebroplasty materials

Ideal vertebral augmentation materials

During a comprehensive review of the literature on injectable bone cements used for

PVP, Lewis compiled a list of ideal cement properties (Table 2.5)[1]. While this list

of cement characteristics outlines key design criteria for PVP materials, many of the

criteria lack quantitative goals (such as “easy injectability” and “mechanical proper-

ties similar to bone”). This lack of specificity stems from both a large variation in

physician preference of handling properties (measures of the ease of use and time-

frame for injectability) as well as natural variations in the mechanical properties of

the implantation environment. While largely used as a guide for the development

of PVP materials, this review did not include the requirement to address underly-

ing bone pathologies, which is an essential component of VCF management[26, 39].

Nonetheless, this review provides basic guidelines for critical features required by a

PVP material, which can aid in the development of next generation therapeutic bone

cements.

To allow for safe and predictable injection into the fractured vertebral body, the

cement is required to be radiopaque, have an appropriate ‘paste like’ viscosity, and
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Table 2.5: Ideal properties for PVP materials as reported by Lewis[1]

Desired Cement Characteristic Rationale

(≥2 mm Aluminium) Allow for fluroscopic imaging

Constant Viscosity Ease of injection, reduced leakage

Working Time of 6-10 min Provide sufficient time for injection

Setting time of 15 min Allow rapid patient mobilization

Mechanical properties Provide support and prevent
similar to bone stress shielding

Low curing temperature Prevent thermal damage to local tissue
(<50◦C peak or <45◦C sustained)

Macroporosity (>100 µm) Allow for tissue ingrowth

Microposority (<10 µm) Allow for blood and lymph circulation

Osteoconductive/Osteoinductive Promote new bone growth
and integration

Bioactive Promote integration with
surrounding tissue

provide setting and working times sufficient for the procedure to be performed (Ta-

ble 2.5). High radiopacity, equivalent to at least 2 mm of Al is required for easy

fluoroscopic imaging of the cement, ensuring proper fill, and the early detection of

leakage during injection. This level of radiopacity can be achieved through the use

of inherently radiopaque materials such as bioactive glasses, or through the addition

of heavy metal salts to non radiopaque bone cement formulations. With respect to

the latter, the addition of radiopacifying salts can lead to a reduction in mechani-

cal performance, with potentially cytotoxic leaching of both the radiopacifying agent

and unreacted monomer from the implanted cement. The latter, being associated

with decreases in the extent of polymerization[140]. Collectively this can compromise

safety, efficacy and performance of the cement and the procedure. These effects were

highlighted in an animal study comparing the response to PMMA cements loaded

with either 10 or 30 wt% BaS04, finding that increased radiopacifier content lead to

fragmentation of the cement along implant boundaries, and increased inflammatory
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response after 90 d of implantation[141].

Along with high radiopacity to allow for visualization, appropriate viscosity must

be neither too low, allowing for extravasation, or too high, requiring excessive injection

pressures. Viscosity requirements for PVP are subjective and vary with clinician

preference. Boger et al. attempted to quantify these values and found that the

ideal viscosity, based on radiologist preference, ranged from 23 to 30 Pas during PVP

procedures[142]. Ideally cement viscosity would remain constant over the injection

period, allowing for constant injection pressures to be used, this is difficult to achieve

however due to the continual progress of the curing reaction of conventional materials,

which is either a free radical polymerization in acrylic cements, or a precipitation

reaction in calcium phosphate cements (CPC).

The final property required for injectability is an appropriate working and setting

time to allow sufficient time for the procedure to be performed. Working and setting

time are also determined by physician preference, with an ideal working time of 6-10

min commonly cited in the literature[1]. This working time allows for the augmen-

tation of multiple vertebrae at a time if necessary. Materials with extended working

times have also been developed with working times of up to 20 min, this allow for

greater time for trocar placement which may be needed in multi-level, or bipedicular

augmentations[143]. Furthermore longer working times may be required if a single

fluoroscopy field is available, as procedure time would be increased due to the need to

frequently reposition in the filed of view. Setting times of 15 to 20 min are considered

ideal, allowing for patient transfer to be performed sooner, and reducing time in the

interventional radiology suite.

While PVP cements must provide appropriate injectability, the mechanical prop-

erties of the set cement must also be considered, with an ideal cement for PVP

matching those of the surrounding vertebral bone. This requirement however is open

to a wide range of interpretations due to the variations between healthy and osteo-

porotic bone, as well as trabecular or cortical bone. Mechanical testing of trabecular



44

bone shows mean ultimate compressive strengths of 9 MPa, with a range as wide as

1 to 30 in patients with a BMD in the healthy range[144, 145]. Elastic modulus for

healthy vertebral trabecular bone has been reported to have a mean value of 513 MPa,

however this can be reduced by up to 12 % in patients with osteoporosis[146, 145].

While trabecular bone provides up to 90 % of the loading support of the vertebrae,

the cortical shell provides a much greater stiffness with an elastic modulus of over

12,000 MPa, and a compressive strength of 167 to 215 MPa[147]. An ideal bone

cement should have a high mechanical strength while maintaining a stiffness that

approaches that of the surrounding bone to minimize shielding. While there is little

census on an exact value, low stiffness and a compressive strength of over 30 MPa are

frequently used a guideline for PVP materials[1].

Finally the cements impact on local tissue response must also be considered. Along

with injectability, and appropriate mechanical strength, the cement should ideally

provide low curing temperature, porosity, osteoconductivity and “bioactivity”. The

first of these requirements as listed by Lewis, low curing temperature is required to

minimize the risk of thermal necrosis to the surrounding tissue, a risk associated with

the heat generated during free radical polymerization. Osteonecrosis is recognised to

occur at temperature of 50◦C or greater which are maintained for one minute (min),

while temperatures of 45◦C or greater which are maintained for 30 min may cause

sensory nerve damage[148]. Porosity is desired on both the micro and macro scale, to

allow for fluid circulation, and bone ingrowth respectively. Micro pores on the scale

of <10 µm allow for the circulation of blood and interstitial fluids into the cement,

providing nutrients for tissue ingrowth. Macro pores of >100 µm in diameter allow

for the ingrowth of bone into the material, ensuring a strong mechanical interlock

occurs[149]. While a porous cement structure is desirable, the voids created by air

entrapment during acrylic cement mixing significantly decrease fatigue performance,

presenting a trade-off between porosity and strength[150]. A similar trade off between
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porosity and cement strength is seen in CPCs[151]. Biocompatability, including osteo-

conduction, and osteoinduction are also desired in a bone cement. Osteoconduction

as defined by Lewis is the promotion of growth of existing bone. Such a property is

beneficial as it provides interdigitation and mechanical interlock with bone. Osteoin-

ductive cements in turn encourage the development of new bone growth, which may

allow for the development of bone at areas inside of the cement bolus[149]. New bone

growth is especially advantageous in cements which exhibit shrinking upon curing,

allowing for and voids created to be filled with new tissues. Such properties are es-

sential to develop a tightly linked pseudo composite from the interlock of bone and

cement, capable of increasing the stiffness of the augmented vertebrae[152].

While a number of commercially available injectable bone cements have been

successfully used in PVP, none satisfy all the characteristics of an ideal PVP material.

Three main varieties of commercially available injectable bone cements have been used

in PVP; PMMA, calcium phosphate or composite resin cements, each system with

their respective strengths and drawbacks.

Poly methyl methacylate cements

The most commonly used cement formulation for PVP is PMMA, these cements are

derived from those used for arthroplasty fixation[153]. Injectable PMMA cements are

composed of a powder of polymeric beads, which is mixed with a liquid monomer

component (metheylmethacrylate). To allow for free radical polymerization benzoyl

peroxide (BPO) is added to the polymeric powder components, while dimethyl-p-

toluidine (DHPT) is added to the liquid monomer components[154]. Although each

component is stable on its own, once mixed this initiator system serves to generate

free radicals, leading to the polymerization of the liquid methacrylate monomer, caus-

ing progressive curing. The addition of the polymer powder to the cement serves to

increase viscosity, decrease setting time, decrease exothermic heat of reaction, and



46

divert crack propagation in the set product[153]. Along with the polymer and initi-

ation systems radiopacifying salts are added to allow for visualization of the cement

under fluroscopy[154].

Although PMMA products have remained popular, there are a number of draw-

backs recognised in the literature for their use in vertebral augmentation[153, 154,

155, 156]. PMMA cement is not capable of bonding with bone, and vertebral fixation

is achieved solely though mechanical interlock. The bone cement interface is further

compromised due to polymerization shrinkage, which not only generates strain on

the surrounding trabecular, but also results in the formation of microvoids at the ce-

ment surface[152]. Due to the lack of bonding, crack propagation has been reported

at the bone cement interface, resulting in movement of the cement bolus relative to

the surrounding bone[23]. This movement has been linked to the formation of a free

moving fibrous capsule around the cement, compromising the mechanical integrity of

the vertebrae[157]. The response of local tissues may be further impacted by the high

setting temperatures (41-95◦C), which exceed the temperature threshold of thermal

damage[148, 158]. Furthermore, incomplete curing has been shown to result in the

leaching of unreacted monomers from the cement, resulting in toxicity. Monomer

leaching is confounded by the need for the addition of radiopacifiers at high rates,

which decrease the extent of polymerization[153, 156]. PMMA based cements have

also been criticized for their stiffness (1.2 to 1.4 GPa[159]) which is greater than that

of trabecular bone (344 MPa[147]). To address shortcomings associated with PMMA

cements, calcium phosphate and composite resin cements have been developed as

alternatives, providing less exothermic setting reactions, reduced rates of fibrous en-

capsulation, allowing for direct bone integration, and varying extents of resorbability.

Calcium phosphate cements

Calcium phosphate bone cements were first developed in the 1980s as bone void

fillers, and have been proposed as a more bioactive alternative to PMMA based bone
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cements[160]. These cements are composed of a soluble calcium phosphate powder

and an aqueous liquid phase. Upon mixing, the initial calcium phosphate powder

phase dissolves, resulting in super saturation of the solution, and finally solidification

through the precipitation of interlocking crystals. The final calcium phosphate phase

is typically a hydroxyl apatite (HA) phase, however some cement formulations first

harden into a metastable brushite phase which is then converted into HA in vivo[161].

This setting reaction generates little exothermic heat[161]. Furthermore, due to the

interlocking crystal structure these materials are inherently micro porous allowing

for fluid transport through the material. While the high calcium content imparts

radiopacity, the similarity to bone mineral matrix results in low contrast with tissues,

requiring further opacifiers to be added[162]. These materials have been successfully

used as an alternative to bone grafts where they have demonstrated a decreased

risk of loss of fracture reduction by up to 68 % in metaphyseal fractures in various

appendicular bones[163]. Many challenges exist however to translating this success

into PVP materials due to poor mechanical properties and poor injectability.

Some CPCs have been demonstrated to be resorbable following implantation, this

effect is thought to be due to their similarity to natural bone HA matrix[164]. As

their degradation releases calcium into the local environment they have the potential

to induce increased bone deposition through calcium mediated OBLs recruitment[46].

The mechanical properties of these cements however are much lower than those of

PMMA cements with compressive strengths frequently below 20 MPa, and the mate-

rials are prone to brittle fracture, especially under torsion or shearing forces[165, 166].

Furthermore the degradation of the cement leads to further loss of strength with time,

leading many to conclude the materials are inappropriate for use in osteoporosis where

bone remodelling is compromised and long term mechanical support would be needed

from the PVP material[167, 168]. Along with difficulties in achieving sufficient me-

chanical strength, CPCs are prone to filter pressing, resulting in phase separation

during injection. This phenomena results in the formation of a non-homogeneous
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material, with high variability in porosity, strength and setting time due to decreases

in powder to liquid ratio during injection[169].

Poor cement injectability, assessed as the fraction of cement which can be extruded

from a syringe fitted with a large bore needle without phase separation and loss of

cohesiveity is also a challenge for the use of CPCs in PVP[169]. To overcome this

challenge, as well as to improve mechanical strength, various organic additives have

been incorporated, acting to increase liquid phase viscosity and therefore improve

cohesion and reduce porosity (a major predictor of cement strength). The addition of

collagen fibres for example has been shown to increase the compressive strength of an

α-tricalcium phosphate cement formulation from 15 to 32 MPa, while increasing in-

jectability from 15 to over 50 %[170]. This modification however results in an increase

in material cytotoxicity, a decrease in cellular proliferation on the cement surface,

and a decrease in ALP activity, potentially negating their proposed advantages over

PMMA. HydrosetTM, a commercially available injectable CPC incorporates polyvinyl

pyrrolidone into its liquid phase to increase cohesivity and has similarly demonstrated

improved injectability. However, compressive strength remains low (<25 MPa after

24 hs of incubation in distilled water) and rapidly decreases with time (<15 MPa

after 7 d)[165].

While cement degradation is considered by some to be a beneficial quality, allow-

ing for the ingrowth of new bone to eventually replace the cement, this resorption

reaction has been demonstrated to be highly variable. In a study of the use of an

injectable CPC, CalcibonTM, for the augmentation of traumatic vertebral body frac-

tures it was noted that resorption varied from 0.3 to 35.3 % after 12 months[168].

This finding led study authors to conclude that the use of such a material for vertebral

augmentation outside of healthy patients experiencing traumatic fracture (ie osteo-

porosis patient or patients with osteolytic legions) would be inappropriate due to the

unpredictable deterioration in mechanical strength associated with resorption. These

conclusions highlight the need for bone cements which are capable of both providing
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mechanical strength, but also improving local bone quality to reduce the risk of future

fracture. Cement degradation studies for HydrosetTM, similarly demonstrates a large

variation in degradation with a loss of 8.1 ± 4.9 % of implanted material present after

6 months[171]. Furthermore, it was noted that material degradation was limited to

the cement surface with no bone ingrowth, and only surface remodelling occurring.

Animal studies investigating the effect of calcium phosphate phase on the rate of reac-

tion have demonstrated that resorption is dependent not only on material properties,

but may also the site of implantation[172]. Such effects are hypothesized to result

from interactions with blood flow and the setting cement, resulting in cement “wash

out”. This “wash out”phenomena has been reported to occur due to low cement

cohesivity, where the weak interactions between the powder particles allow for the

penetration of fluids into the cement. This results in the dilution the liquid phase,

delaying the saturation effects necessary for crystal formation, and ultimately gen-

erating large fluid filled pores and a granular, non-uniform material. Reinforcement

with degradable fibre such as poly-lactic-co-glycolic acid has been used as a method

to both increase mechanical strength and provide macroporosity in an attempt to im-

prove bone ingrowth[171, 173]. Such a technique has been demonstrated to increase

overall cement degradation (up to 66 % resorption after twelve weeks of implantation)

and allow some bone ingrowth (approximately 7 % of initial cement volume at twelve

weeks), however the mismatch between degradation and ingrowth lead to the loss of

implant integrity.

While injectability and cohesivity are often considered a challenge for the use of

injectable CPCs, the lack of free flowing cohesivity also results in a decreased rate

of cement extrusion, offering a potential advantage. This was quantitatively assessed

in an animal study comparing the extrusion of a high viscosity PMMA cement to

that of a (carboxyl methyl cellulose) fiber reinforce CPC. In this study, leaks extend-

ing more than half a millimetre beyond the defect boundary were decreased from

6 % of the injected cement volume for PMMA to a negligible value with the CPC
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(∼0 %)[173]. The risks associated with poorly cohesive materials however extend

beyond effects on cement strength, with reports of laryngeospasm and tachycardia in

otherwise healthy patients being potentially linked to bolus calcium release during

cement implantation[174]. Foreign body response, and macrophage activation has

been linked to the granular nature of poorly cohesive CPCs, lasting up to four weeks,

and is greater in brushite cements than HA cements[175, 172]. Such an effect may

be of increased concern in patients with primary osteoporosis, where bone resorp-

tion and OCL activation are linked to increased inflammatory pathway activation of

macrophage cell lines[176]. As such, CPCs may not only fail to provide the long term

mechanical strength necessary for vertebral body augmentation, but may also further

exacerbate the unbalanced resorption experienced in these patients. While CPCs have

improved on some of the drawbacks of PMMA cements, improving bone integration,

preventing thermal damage, prolonging working time, they fail to meet other key re-

quirement. Accordingly, composite cements have thus been developed that utilise an

inorganic filler phase to reinforce a resin matrix. These cements have been developed

to combine the advantages in injectability and mechanical strength seen in acrylic

cements with the decreased fibrous encapsulation, increased bone bonding and ion

release seen in CPCs.

Reinforced resin composites

A ceramic reinforced bisphenol A glycidyl methacrylate (Bis-GMA) composite bone

cement (Table 2.6), has been developed as an alternative to PMMA or calcium phos-

phate based bone cements, and is currently marketed as Cortoss R©. The filler phase of

this composite is composed of a combination of silica, silane treated bioactive combite,

and silane coupled barium boro-alumino silicate. This combination offers mechanical

reinforcement, radiopacity, and the ability to directly couple with bone tissue due to

calcium and phosphate release[28]. Cortoss R© is formulated as a two paste liquid sys-

tem, which is dispensed through a proprietary injecting device, preventing the mixing
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Table 2.6: Two-paste composition of ceramic reinforced Bis-GMA based cement[2].
Paste A Paste B

Bis-GMA Bis-GMA
TEG DMA

Silane Treated Teg DMA
Bioactive Combite

Silica Silane Treated Barium
Boro-Aluminosilicate

BPO Silica
DHEPT

of the initiator system and polymerization until the time of injection, and is marketed

as a “snap set” cement due to the lower setting time allowed by this system[177]. This

design, in theory, allows for constant, predictable injection viscosity and reduces the

required working time. The mechanical properties (Table 2.7) have been proposed

to be more closely matched to cortical bone than those of PMMA, decreasing stress

shielding [2]. While such a cement sets in a similar free radical polymerization re-

action to PMMA, the incorporation of large molecular weight monomers, as well as

inorganic fillers, results in a significantly lower peak exothermic temperature and

shrinkage[159].

Animal trials comparing the local bone response following the implantation of ei-

ther Cortoss R© or PMMA in a rabbit femoral defect model demonstrated a significant

increase in new bone formation with the use of Cortoss R©[28]. Similarly, Cortoss R© was

shown to decrease fibrous encapsulation, allowing for direct bone bonding. This ma-

terial is also of interest for the augmentation of stripped out orthopaedic screws, as

it has demonstrated a significant increase (over 4.5 times greater) in rod pull out

force when compared to PMMA at time points between 6 and 72 weeks[28]. Both

direct bone deposition, and increased pull out force, are attributed to the inclusion

of bioactive ceramic filler.

Open prospective trials comparing the efficacy of Cortoss R© to traditional PMMA

cements in PVP have shown significant decreases in VAS pain scores and Oswestry
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Table 2.7: Mechanical Properties of Commercially Available Injectable Bone
Cements[2].

Property Units Cortical Composite PMMA PMMA CaP
Bone Resin

Static Compressive MPa 167-215 200 80 111 24 a

Strength

Tensile Strength MPa 70-140 62 31 37 3-10 b

Modulus GPa 14.7-19.7 8.2 3.5 3.7 0.24 a

Tensile Modulus GPa 10.9-14.8 10.5 3.4 3.0 NA

Compressive 50 MPa NA <1% 20% NA NA
Creep Strain 24h

Compressive 50 MPa NA >107 ∼105 NA NA

Endurance

a[165]
b[178]

disability indexes, at both three and 12 months[23]. It was initially hoped that a

two paste system would result in lower rates of cement leakage by allowing for more

consistent viscosity during the injection period, and increased radiopacity improving

cement visualization[28]. However, clinical results demonstrated that rates of leakage

were comparable to those with PMMA (63.8 % for both materials) albeit the average

volume of leakage was significantly lower with the composite resin than PMMA (0.14

ml and 0.20 ml respectively)[23]. This may improve patient safety as lower volumes

of cement leakage have been linked to lower risk of complications[179].

Although improvements in histological response, cement leakage volumes, and

handling properties have been achieved through the use of a composite resin, the risk

of subsequent fracture remains high[23]. Clinical data comparing the effectiveness

of Cortoss R© to PMMA found that no significant decrease in subsequent fracture

rate was found between material (27.8 % vs 31.9 % for PMMA)[180]. These find-

ings are consistent with subsequent biomechanical studies which have demonstrated

that cement stiffness is not a major predictor of subsequent fracture rates. Rather,
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research investigating the link between cement stiffness and the rate of subsequent

fracture conducted by Wang et al. found that the compactness ratio was a better

predictor of subsequent fracture than the mechanical properties of the cement[25]. As

such, purely mechanical improvements to PVP materials will not prevent VCFs from

occurring. Current treatment guidelines for VCF patients at high risk to re-fracture

is to address both fracture stabilization, as well as providing treatment for the un-

derlying disease state to slow the progression of bone loss[26]. While PMMA and

composite resin cements offer an advantage over CPCs through the maintenance of

consistent mechanical strength during implantation, all three materials fail to provide

improvements to local bone quality. In order to address this concern, a number of

approaches have been used to develop therapeutic bone cements, capable of providing

local drug release in an aim to improve tissue response.

Therapeutic bone cements materials

While therapeutic bone cements in the context of this work refers primarily to ce-

ments capable of providing anti-osteoporotic effect, a variety of other therapeutic

goals for drug delivery have been investigated, providing insight into the design of

such materials. The first pharmaceutical compounds to be delivered from bone ce-

ments were antibacterial agents, used to minimize the risk of biomaterial based in-

fection in cemented arthroplasties. These materials have significantly decreased the

risk of deep tissue infection (RR 0.41), decreased revision rates, and decreased cost

of treatment[181, 182]. Due to this success, materials of a similar concept have been

developed aiming to treat other underlying pathologies which complicate bone ce-

ment implantation; including (i) the use of antimetastatic drugs to treat osteolytic

metastasis[183], (ii) the inclusion of anti inflammatory drugs to reduce post surgi-

cal inflammation[184], (iii) the inclusion of growth factors to promote bone formation

(most notably BMP)[185] and (iv) the inclusion of anti-osteoporotic drugs to increase
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local BMD and strength[186, 187]. The essential challenge in the design of these ma-

terials is loading the therapeutic agents in a manner that allows for their predictable

release, in an active format, within the therapeutic range[188]. Such materials must

be designed to meet minimal thresholds required for efficacy, without inducing unde-

sired cytotoxic responses (apart from metastatic drugs where controlled cytotoxicity

is a desirable endpoint). Along with the design criteria required for efficient drug

delivery, therapeutic bone cements must also maintain the general requirements for a

bone cement, including handling properties, strength, setting reaction and long term

stability.

Antibiotic loaded PMMA cements were first generated through the “off label”

inclusion of antibiotic powder into commercially available cements, and ready made

cements are now available and widely used for this purpose[189]. In cemented arthro-

plasties, they have succeeded in reducing the infection rate by 50 % in both primary,

and revision procedures[190]. Much like the inclusion of radiopacifiers, the inclusion

of antibiotics may decrease the degree of polymerization and reduce the strength and

stiffness of the cement, however the loss in mechanical strength is not thought to

be clinically relevant as PMMA cements generally exceed the mechanical strength

requirements for both vertebroplasty and arthroplasty applications[189]. As acrylic

cements experience very little water infiltration, drug release is surface mediated, and

rapidly decays over time[191, 192, 189]. In a study of the effect of fatigue loading on

antibiotic release it was found that full tension compression reversal loading generates

an increase in the release of antibiotics into solution[191, 192]. Microcrack propaga-

tion at the surface of the cement, increasing the surface area available for drug release

was though to be the mechanism through which release was altered. While such a

mechanism is sufficient for the prevention of surgical infection, where long term re-

lease is unnecessary, PMMA cements offer a poor base for long term dosing due to

these limitations.
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Anti-osteoporotic cements

Due to the high prevalence of osteoporotic VCFs a number of approaches have been

taken to design bone cements capable of increasing BMD and treating the underlying

osteoporosis. Anti-osteoporotic drugs which have been incorporated into experimental

bone cements include oestrogen, bisphosphonates and strontium ions[183, 193, 194,

164]. Unlike in antibiotic loaded cements, long term drug release is desired in these

materials due to the chronic nature of the disease. The inclusion of the bisphosphonate

zoledronic acid into a PMMA cement exhibited surface mediated burst release, similar

to the release kinetics seen in antibiotic loaded cements, with a release plateau reached

after 4 d (incubation in distilled water)[183]. This large burst release resulted in 10 to

50 % cytotoxicity, which while proposed as beneficial for the treatment of osteolytic

metastases, would greatly decrease the bone remodelling potential in osteoporosis

patients.

Strontium has also been incorporated into PMMA cements for proposed anti-

osteoporotic effects in the form of strontium substituted HA, modified with linoic

acid to increase water sorption to prolong release. While this technique did allow

for a more hydrophilic cement with prolonged release, strontium release in vitro did

not exceed 2µM, and was not significantly different from non-strontium loaded con-

trols at early time points (<7 d)[194]. While such a cement is being investigated for

clinical use in PVP, it is unlikely to offer true anti-osteoporotic effects due to the

low release levels, which are well below therapeutic doses for the ion. Improved bone

integration compared to PMMA as reported in animal studies is likely to occur due

to improved water contact angle and calcium phosphate release in a manner simi-

lar to CostossTM. Similarly improved localised responses may have been provided

through the addition of strontium in place of BaSO4 to impart radiopacity. While

these changes are beneficial, no long term improvement to bone quality can be ex-

pected to occur due to strontium release. To overcome the difficulties associated with
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burst release from PMMA acrylic cements, calcium phosphate based cements have

been the preferred base for such materials providing extended release through bulk

degradation[195, 187]. Additional advantages are provided by the non exothermic

setting reaction, which mitigate concerns of thermal degradation of the loaded drug.

Bisphosphonate loaded CPCs have demonstrated decreased burst release, and

increased long term release compared to bisphosphonate loaded PMMA cements.

While this approach allows for the inclusion of Alendronate or Pamidronate into

CPCs without cytotoxic effect on MG63 cells in vitro, it also results in significant

losses in mechanical strength due to decreased crystal propagation (from 22±2 to

13±2 and 13±1 MPa for the inclusion of alendronate and pamidronate at 1.0 mM

concentration respectively)[164]. Such cements have demonstrated in vivo efficacy, as

demonstrated in a osteoporotic sheep model where an increase in bone volume (from

40 % in controls to 80 % for bisphosphonate loaded cement), with improved bone

quality (as assessed through trabecular pattern, an indicator of the interconnectedness

of the trabecular lattice) being observed[167]. This material however was deemed

only suitable for prophylactic use by study authors due to brittleness. Furthermore,

bisphosphonate may result in delayed fracture healing rates as they inhibit the OCL

activity required to resorb damaged bone matrix prior to regeneration, making a

bisphosphonate releasing cement a poor candidate for fracture fixation[77].

The incorporation of 0.5 % oestradiol into a CPC resulted in release profiles which

were mediated by the serum calcium concentration in vivo[193]. While such a model

is potentially beneficial for calcium deficient osteoporotic patients, the first line treat-

ment of osteoporosis is calcium supplementation which would result in decreased

release efficiency[39]. Furthermore, while osteoporosis has been linked to oestrogen

deficiency following menopause, it is not a lack of oestrogen effect which causes the

pathology, rather inflammation resulting from the loss of the antioxidant action of

oestrogen, causing the activation of oxidative stress pathways[62, 196]. As such, the

inclusion of oestrogen in CPCs which have been linked to local inflammatory reactions
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would likely negate the efficacy of such a therapeutic[175, 172].

The incorporation of strontium into CPCs has been the most popular design

approach for the formulation of an injectable bone cement with anti osteoporosis

potential[197]. Two major challenge exists with this approach however. Firstly, as

CPCs solidify through the entanglement of long needle like HA crystals, strontium

loading is limited to <10 % of the calcium content of the cement, the point at which

major disruption to the HA lattice occurs preventing elongation[198]. Similarly, as

strontium phosphates are more soluble than calcium phosphates at physiological pH,

strontium loaded CPCs experience accelerated degradation kinetics, rapidly losing

their initial mechanical strength[198]. The incorporation of strontium in the liquid

phase of a CPC was demonstrated by Tadier to provide sustained strontium release,

over the three weeks investigated, up to 200 mg/l. This sustained release however was

caused by crystal degradation leading to increased cement porosity (up to 68 % after

release testing), resulting in crack propagation through the cement[195]. Similarly

strontium carbonate substitution into a β tri CPC was successful in generating a

predictable zero order release profile, with up to 60 mg/l release[199]. These materials

however did not generate any improved cell proliferation, had very short setting times

(between 1.25 and 2.5 min) and compressive strengths below 7 MPa, making them

unsuitable candidates for PVP.

Panzavolta similarly combined strontium chloride addition in the liquid phase

with the addition of gelatin in an attempt to address both anti-osteoporotic drug re-

lease and improve mechanical properties of a CaP cement. While these modifications

provided nearly two fold increases in ALP activity (a measure of OBL activity), and

increased cell proliferation, they also resulted in setting times of over 50 min, render-

ing them impractical for use in PVP[200]. The effect of such strontium additions on

the mechanical properties of the cements varies between studies, with reports of both

increased or decreased compressive strength, likely dependent on the strontium load-

ing used; with lower strontium loadings (under 5 %) resulting in increased strength,
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and losses of strength seen thereafter[201, 202]. While CPCs have demonstrated in-

creased, and sustained strontium ion release, difficulties with their translation into

functional PVP materials capable of meeting the requirement of proper handling

properties and mechanical strength remain.

Alternative approaches to the development of strontium releasing cements have

utilised the inclusion of a strontium eluting inorganic phase in either a composite

cement, or an ionomeric cement. A Hong Kong based research group has devel-

oped a strontium HA containing bone cement, which is currently undergoing clinical

trials. This material is a resin reinforced composite cement, based off a Bis-GMA,

TED-GMA, PEG-MA blend[203, 200]. The material showed a 60 % increase in OBL

proliferation over a traditional HA material in vitro, and increased bone deposition

over PMMA cements in vivo. The mechanical strength however has been found to

be lower than current PVP materials (compressive strength of 40.9 MPa, bending

strength of 31.3 MPa, bending modulus of 1.4 GPa), yet likely to be sufficient for the

application[203]. Little information however is provided as to the release of stron-

tium from this material leaving it unclear if the beneficial effect is gained due to

strontium incorporation, or is similar to the improved integration and response seen

with other composite resin cements. To further build upon the improved biocom-

patability of composite resins, the use of reinforcing phases capable of providing long

term, high level strontium release at therapeutically relevant levels could offer a mech-

anism of providing anti-osteoporotic efficacy and improved local bone quality. Other

approaches have focused on the use of strontium eluting bioactive glasses, primarily

in ionomeric cements[159, 204, 205, 206]. These materials all showed increased OBL

proliferation in in vitro studies. A strontium containing ionomeric cement developed

by Johal et al. also show increased rates of bone repair in Wistar rat models. However

the glass ionomeric cement contained aluminum, a material currently contraindicated

for use in bone cements[204]. Although research into the development of aluminum

free ionomeric cement is underway, many suffer from low mechanical strength or
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handling characteristics, and none of these cements have reached the clinical trial

phase[159, 205, 206]. While these bioactive glass based systems show promise, they

provide limited long term release potential due to the rapid decay in ion release ki-

netics commonly reported with silicate based glasses[33]. The use of alternative glass

formulation tailored to provide extended release could thus be beneficial, offering po-

tential for the use of borate based bioactive glasses which demonstrate more uniform

degradation kinetics.

2.3 Bioactive glass

The term bioactive glass was first used in the 1960s to describe phospho-silicate glasses

capable of directly bonding to hard tissues following implantation[207]. Since its

initial use, the definition of bioactive glass has expanded to recognize a much boarder

range of both compositions and applications. In the broadest sense the term bioactive

glass now refers to any glass capable of generating a desired host response, which

may include direct tissue integration, controlled degradation/resorption, or bioinnert

glasses which remain unchanged following implantation[208, 31, 209, 27]. The original

BioglassTM series was developed to overcome issues with fibrous encapsulation in hard

tissue engineering, and allows for direct bone integration through the development of

a bone like HA layer on the surface of the glass[207]. These materials were later shown

to also be capable of bonding to non calcified tissues, again through the formation

of an HA like surface layer, expanding their area of application[210]. The direct

tissue integration demonstrated by many bioactive glasses is due to the complex

surface reaction that takes place upon immersion in an aqueous environment, resulting

in the release of glass components into solution, and the formation of an altered

surface layer[211, 212, 213, 214]. While newer generations of bioactive glasses do not

exclusively demonstrate bone bonding behaviour, the degradation of bioactive glasses

in aqueous implantation environments remains as the primary material characteristic
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manipulated to control biological response. Thus, the understanding of glass corrosion

mechanisms has been at the centre of bioactive glass development.

2.3.1 Bioactive glass degradation reaction

The first studies into the reaction of bioactive glasses within the implantation en-

vironment were conducted on a series of glasses composed of silica, phosphorous,

calcium and sodium oxides by Hench and Clark in 1978[33]. This study proposed a

five step surface reaction governed the formation of HA at the surface of the glass

following exposure to water as follows: (i) proton exchange and rapid release of alkali

ion glass modifier components into solution, resulting in an increase in pH, (ii) silica

network hydrolysis, (iii) supersaturation of the solution with silica resulting in the

precipitation of a silica gel layer, (iv) saturation of local solution with phosphate and

calcium, causing precipitation on the silica gel surface, and (v) the rearrangement

of the surface precipitate layers to form a crystalline HA. Clear evidence of reaction

steps one and two exist from the alkali silicate glass literature[33, 215]. These two

reactions are consistent with traditional alkali silicate glass corrosion studies in which

glass modifier are released, and a modifier depleted surface layer forms upon expo-

sure to water. The decrease in ion release kinetics and silica release observed in the

BioglassTMseries was hypothesized to be due to the increasing thickness of this altered

layer formed resulting in decreased water infiltration and reaction.

While solution pH has been proposed to govern these reactions, with the increase

in local pH being responsible for the switch from ion exchange to network hydrolysis,

these reactions have since been demonstrated to occur simultaneously[216]. Further-

more, the saturation based formation of the silica gel layer and the calcium phosphate

layer has also been shown to occur simultaneously with steps 1 and 2, challenging the

stepwise mechanism initially proposed[217, 218]. Such a simultaneous reaction coun-

ters the passivating layer theory in which the reaction is slowed due to the formation

of the silica gel layer, as there is evidence that the silica gel layer forms beneath the
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calcium phosphate rich layer. Furthermore, such a diffusion controlled model would

be predicted to result in diffusion gradients in the altered layer, a characteristic that

is not present in many reacted bioactive glass surfaces, rather banding patters are

occasionally seen with depth profiles displaying alternating layers of high and low

modifier content[214, 212]. Despite these substantial flaws, the Hench model of glass

dissolution has remained largely accepted model by the bioactive glass community.

Alternative glass dissolution models

It was initially believed that only a narrow range of glass compositions could present

bioactivity (in terms of HA formation and bone bonding), requiring high phosphate

and modifier contents to provide the ion release and solution saturation required. Sub-

sequent studies however, have demonstrated that HA formation can occur in glasses

with a much broader compositional range, leading to the expansion of glasses con-

sidered bioactive with silica, phosphate, alumina, boron and germanium networks all

being investigated[32, 27, 209]. Furthermore, interest in the possible network inter-

mediates or modifiers has greatly expanded leading to more diverse glass structures.

Due to this new broader range of bioactive glasses, alternative dissolution reactions

have been suggested[219]. In a model proposed by Hill in 1996 the surface reaction

is proposed to occur in a sequence similar to that suggested by Hench and Clark

but without the release of silica into solution and subsequent precipitation. Rather

this model proposes the untangling of a linear silica polymer network following the

removal of glass modifiers and subsequent relaxation to form a gel. This model better

predicts the release of silica, as there is no peak and decrease as would be predicted

by Henchs model[218]. It also offers some predictive ability as the network connec-

tivity (the average number of bridging oxygen species per network former) can be

used to predict how easily such a network will untangle and reform, with the best

bioactivity results around a network connectivity of 2. While this model expands

on the four-component model presented by Hench allowing for composition based
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predictions on glass reactivity, (most notably explaining the role of aluminum addi-

tion), its predictive abilities fail with glasses which comprise a large fraction of (or

are entirely formed from) boron oxide. While such a model would suggest that boron

addition increases network connectivity, and thus decreases the reactivity of the glass,

an opposing trend is observed, with borate glasses demonstrating more rapid rates

of reaction[220, 221, 222, 223, 34, 224]. Furthermore, banded reaction surfaces again

remain unexplained by this model. In this linear polymer model of glass degradation

saturation effects remains an important factor in the formation of the altered surface

layer, however both calcium and phosphate free glasses have been shown to generate

such a surface layer. These findings suggest that the reaction may be surface mediated

and not controlled by saturation effects as initially proposed[225, 226].

Nuclear glass dissolution models

While most bioactive glass literature remains focused on the Hench dissolution

model, glass research from the field of nuclear waste containment glass has focused on

interfacial reactions models. These models suggest the simultaneous dissolution and

reprecipitation of a thin surface layer at the boundary of hydration of the glass[227,

228, 229, 230]. Nuclear waste containment glasses are highly resilient glasses designed

to contain spent nuclear fuel as glass components. As such they are more varied

in composition, and their degradation reaction has been studied over longer time

frames, in more extreme conditions, offering valuable kinetic insight into the corrosion

mechanism of multicomponent oxide glasses.

A number of important findings have emerged from this field which directly coun-

ters the accepted glass dissolution models from the biomaterials community. Al-

teration layers have been demonstrated to spontaneously form a striated lamellar

structure with areas of low and high modifier content, suggesting diffusion gradients

do not govern their formation[228, 231]. Isotope doped ageing environments have
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disproven that silica is precipitated from solution (with the exception non physiologi-

cally relevant extreme pH conditions), rather the gel layer formed is residual modifier

depleted glass network, which was never released into solution (similar to Hills lin-

ear polymer network theory)[230, 232, 233]. Finally, recent advances in analytical

techniques have allowed for high resolution compositional analysis which has revealed

atomically sharp transitions between the pristine core glass and the modifier depleted

altered surface layer[227, 228, 234]. These sharp transitions offer further evidence that

the surface layer is not resulting in a diffusion limiting passivating layer as previously

proposed.

These findings suggest that a simultaneous interfacial dissolution and reprecip-

itation reaction govern the reaction of oxide glasses in aqueous solution. Such an

interfacial dissolution and reprecipitation reaction has been suggested to govern the

weathering of naturally occurring minerals as far back as the 1950’s, however exper-

imental techniques were incapable of identifying such a mechanism until 2007[234].

This model suggests that the glass networks dissolves at the hydration boundary,

simultaneously reforming into a more stable alteration layer, where low solubility

glass components are retained while highly soluble components are released into

solution[227, 229]. Atomically thin layers of altered glass form as the hydration front

advances, with each layer representing a unique time point in the reaction[233]. This

is the basis of the formation of striated layers as the respective saturation points for

various glass components is reached, resulting in their precipitation into the alter-

ation layer, and thus depleting the solution, allow for further removal in subsequent

layers. The overall rate of reaction is governed by both the solubility of the glass

components as well as the molar volume of the altered layer relative to the initial

glass volume[231]. If the alteration product is more dense than the original glass, the

altered layer formed would have an insufficient volume to cover the surface, resulting

in the formation of micro channels. The porosity formed would provide rapid water
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transport to the surface of the unreacted glass, sustaining modifier release. Alterna-

tively, if alteration products formed are of a lower density, the layers can fully cover

the glass surface, and water must diffuse through the bulk of the material, slowing

the progression of the hydration front [235].

While such an interfacial dissolution and reprecipitation glass degradation model

is not fully formed, it does offer a kinetic basis allowing for the comparison of relative

dissolution rates based on the solubility of glass components, and the diffusivity of

the alteration products formed. While it has not gained popularity in the bioactive

glass community, it offers a great advantage as it allows for the consideration of a

much broader range of glass components. furthermore, such models can provide an

explanation for the role of the local implantation environment through the effects

of solution fluid flow in the surrounding area. The reaction of borate glasses for

example, which can be explained by neither Hench’s or Hills models of bioactive

glass degradation, could be understood through the lens of interfacial dissolution and

reprecipitation. Such a model would suggest that boron, due to it’s high solubility

would result in the loss of a large fraction of the glass to solution, and as such the

resulting alteration layer would fail to cover the glass surface. As such extensive water

infiltration would be possible, prolonging the release of glass modifiers, as has been

demonstrated in experimental work.

2.3.2 Bioactive glass as therapeutic ion release systems

Therapeutic inorganic ions have been demonstrated to alter cellular metabolism as

enzyme cofactors, or by acting as direct molecular signals[27, 236]. As such they

can be used to treat a variety of pathologies in a similar manner to typical organic

drug molecules. The most widely recognized TII is lithium which has been used as

a mood stabilizing drug due to its ability to disrupt glycogen synthase kinase-3β

(GSK-3β) signalling[237]. Similarly, strontium ions have been demonstrated to lower

calcium signalling thresholds, uncoupling OCL and OBL activity in bone remodelling
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resulting in increased bone deposition and reduced bone resorption[88, 29, 13].

Therapeutic inorganic ions offer a variety of advantages over traditional organic

drug molecules for localized delivery, as they are thermally stable allowing for easy

processing, their molar weights are much lower than that of most traditional drug

molecules, requiring low levels of therapeutic loading, and ions are less prone to en-

zymatic deactivation once release into solution. Furthermore, in the case of bioactive

glasses, TIIs can be directly incorporated into the glass network without additional

drug loading steps. These advantages have generated research interest for the de-

velopment of therapeutic bioactive glasses aiming not to integrate with surrounding

tissue, but to alter local metabolism through the release of TIIs as degradation prod-

ucts. Such glasses have been used in a variety of applications to allow for antibiotic,

angiogenic, antimetastatic, and osteoinductive properties[27, 236]. Due in part to

the wide use of bioactive glasses in hard tissue engineering, a number of TIIs aim-

ing to improve bone regeneration have been investigated including zinc, magnesium,

cobalt, copper, boron and strontium[27]. A crucial step in the development of a TII

releasing glass, is the ability to identify the required concentrations of the ions to

elicit biological response, and prevent toxic effect, as well as the biological fate of the

ion once released in vivo[238]. In this regard, the use of strontium ions has a great

advantage through the depth of knowledge gained on the effect of strontium on bone

in the development of strontium ranelate. Like their bone bonding predecessors, the

success of ion releasing bioactive glasses relies on a thorough understanding of the

interaction of the glass network and the aqueous environment into which they will be

implanted, as this reaction governs the rate of ion release and thus local dosing.

For such systems aiming to treat chronic conditions such as osteoporosis, ensur-

ing prolonged and effective release kinetics is essential. While silicate glass systems

have remained the most commonly studied form of bioactive glasses, the decay in ion

release kinetics is not ideal in such application as cation release decay can occur as

early as a few hours after implantation[31]. Bioglass45S5 (46.1 SiO2, 2.6 P2O5, 26.9
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CaO, 24.4 Na2O; in mol%), the first bioactive glass composition studied, for example

shows a plateau of ion release between 4 and 12 hs of incubation at physiological

pH[239, 240]. While the substitution of SrO for calcium oxide in such a glass sys-

tem was shown to extend the time until release plateau, it remained in the order of

hours[241]. Such a rapid decay in release kinetics has been proposed to result from

the formation of a passivating layer on the glass surface, often the calcium phosphate

layer required for osteointegration[33]. Nuclear glass dissolution models predict that

such a layer is the result of the low solubility silica relative to the glass modifiers

included, resulting in the generation of a silica rich passivating layer which limits

diffusion, and potentially results in the precipitation of secondary phases on the glass

surface[229]. While such characteristics are desirable for a bone bonding application

they serve to limit their functionality as ion releasing materials. Early investigation

into the incorporation of borates into bioactive glasses suggested that boron resulted

in less reactive glasses with either delayed bone bonding, or lack of bone bonding seen

following implantation[212, 213]. These findings were challenged in ion release studies

which demonstrate increased rates of release despite the lack of calcium phosphate

layer formation[223]. Due to the high solubility of borate (>40g/l at 37◦C) relative to

silica (<0.2 g/l at 37◦C) borate glasses allow for a greater extent of glass degradation

before secondary phases such as HA precipitates occur, preventing the rapid plateau

seen in silicate glasses[242, 190]. As such borate based bioactive glasses, which show

both greater overall degradation, as well as sustained degradation reactions, would

provide an advantage over silicate glasses for the release of TIIs.

Boron based bioactive glasses

Boron oxide has long been recognized to readily form an oxide glass from melt

quench techniques, allowing for lower melting temperatures, and melt viscosities than

silicate glasses[243]. As such, the inclusion of boron oxide into glass melts can improve

ease of manufacturing and, reduce temperatures (and therefore energy consumption)
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required for melting. While early implantation studies of bioactive borate glasses

were thought to fail due to lack of surface reaction[31, 244, 220, 222]. For example,

the switch from a silicate to borate based glass network lead to a tripling of the time

to HA formation in a study of the surface reaction of glass fibres in SBF[222]. While

this would suggest that borate glasses offer a slower reaction, greater concentrations

of both calcium and phosphorous were seen in solution. The basis of this finding is

the highly soluble nature of boric acid (>40g/l at 37◦C) allowing for sustained release

without the formation of precipitates[242]. Due to the limited formation of surface

precipitates borate based glasses allow for sustained water infiltration, prolonging the

dissolution reaction relative to silicate glasses.

While borate glasses have been demonstrated to show extensive glass network

degradation (tailorable between 2 to 25 % weight loss over 7 d)[35], the exact mech-

anism is still debated. Studies of a B, Ca, Mg, Na, K glass system concluded that

borate glasses release glass modifiers in stoichiometric proportion to the (alkali and

alkali earth) modifiers contained, contrary to the ion exchange reaction seen in sili-

cate glasses[34, 224]. The inclusion of phosphates and borates in the initial incubation

media was been shown to increase the rate of ion release, a finding which contradicts

previous saturation based glass dissolution models[34]. Studies of B, Sr, Ti and B,

Sr, Ti, Na glasses in turn have suggested that while alkali oxide modifier release is

proportional to time, the release of boron and strontium were non linear[35]. While

Ti addition resulted in decreased in BO4 coordination in both sodium containing and

sodium free glasses in this study, it resulted in increased Sr and B release only for

sodium free glasses, with no significant effect seen in sodium containing glasses. This

again counters the linear polymer theory of glass degradation suggesting that network

connectivity does not predict glass reactivity in borate networks. The investigation

of a B, Sr, Na, La system in turn demonstrated that the addition of lanthanum was

capable of generating linear ion release kinetics, demonstrating the importance of

ionic complexes in the degradation process of purely borate glasses[245]. As glass
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modifiers in borate glasses are often less soluble than boric oxide, modifier addition

may serve to decrease overall glass degradation rates.

Furthermore, very little glass research focused on borate based glasses (less than 2

% of glass science articles published in 2013 focused on borate based systems), leaving

the effects of modifier addition on glass structure (which can alter the molar volume

of the glass, and has marked effects on glass degradation) poorly understood[246].

Despite our lack of understanding of the degradation reaction of borate bioactive

glasses they have been used successfully in wound healing applications. For example,

the use of copper doped borate bioactive glass has been demonstrated reduce healing

time and improve angiogenesis in full thickness dermal defect animal models[247].

Despite these promising applications, the field of borate based bioactive glasses

is limited by our depth of understanding of the composition-structure-property re-

lationships of these materials. In a recent review of borate glasses for scientific and

industrial applications, two challenges faced by the field were noted, which are of

particular interest to their use as degradable biomaterials[248]. The first challenge

is that much of our understanding of borate network structure is based on dated

publications, limited by the analytical techniques of the time, and could be improved

if fundamental studies were repeated with modern analytical techniques. The sec-

ond is that the vast majority of these early publications focused on the inclusion of

silicates, alumina or lead to increase glass durability, leaving little information on

how highly degradable borates behave in isolation. In order to best utilize borate

glasses for the release of TIIs, better understanding of how modifier inclusions alter

the glass network,and thus degradation behaviour, is needed. As such, the first step

in working towards a material capable to delivering long term strontium ion release

for an anti-osteoporotic application is to develop a better understanding of borate

glass networks and how they can be manipulated through compositional changed to

modulate ion release.



Chapter 3

Rationale

According to the 2010 clinical practice guidelines for the diagnosis and management

of osteoporosis, the focus of osteoporosis treatment should be on prophylactic mea-

sures to reduce the risk of fracture[39]. As such ideal fracture interventions would

address the osteoporotic progression in order to reduce the risk of subsequent fracture

and not just mechanically stabilize the bone. While a variety of systemic osteoporosis

therapies are available and highly effective in the prevention of osteoporotic fracture

when properly administered, they suffer from low patient compliance[16]. A study

into the effect of low compliance on the efficacy of bisphosphonate therapies in Amer-

ican women (covered under private drug insurance) estimated that as few as 48 %

of patients maintained compliance level required to experience any clinical benefit

following 3 years of treatment[14]. Such low levels of compliance and continuance is

referred to as a crisis of care for the condition, with new fracture rates failing to drop

despite the availability of new and effective treatment to treat the disease.

To address the treatment of painful VCFs resulting from osteoporosis, PVP has

offered a safe and effective method of reducing patient pain and improving quality

of life[115]. While this method is effective in alleviating osteoporotic fracture related

pain, it has been linked to high rates of subsequent fracture (as high as 33.4 %

over three years follow up). This high rate of fracture is linked to off axis loading of

adjacent vertebral bodies, and the underlying osteoporotic bone loss which caused the

original fracture[20]. BKP may have improved upon this technique though the use

of a height restoring bone tamp, reducing kyphotic deformity, however study results

are not conclusive with reports of both decreased and increased subsequent fracture

69
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rates[112, 249] . This method while offering improvement in height restoration over

traditional PVP has a much greater procedure cost both due to increased staffing

demands (due to the requirement of general anaesthesia, as well as increased duration)

as well as increased equipment cost of 3,578 CAD per patient[113].

Prophylactic augmentation of non fractured, adjacent vertebral bodies at risk of

collapse has emerged as a low cost alternative to BKP, increasing resistance to off axis

mechanical loading, preventing further height loss, and reducing the rate of adjacent

vertebral body fracture[139, 134, 128]. There are however uncertainties as to the effect

of prophylactic PVP on the local bone quality. In silico modelling has suggested that

high stiffness cement does not result in stress shielding of trabecular bone as initially

proposed, rather it may increase loading, promoting remodelling while providing im-

proved mechanical support[131]. The translation of such findings to implantation

environments is questioned however due to concerns of local biocompatability with

PMMA based cements which show evidence of fibrous encapsulation and suboptimal

incorporation with tissue[28]. For optimal long term efficacy in reducing fracture

risk, materials used in prophylactic PVP should provide long term mechanical stabil-

ity (which can not be maintained by current calcium phosphate materials) as well as

direct bone integration providing improved load distribution and remodelling.

The integration of anti osteoporosis therapy in the form of strontium ions into

a composite resin cement could provide a mechanism of improving integration over

PMMA based cements, while providing the long term mechanical stability required.

Such a material could be used both for fracture fixation, and prophylactic augmenta-

tion to prevent fracture in high risk individuals. A bone cement capable of releasing

anti osteoporosis agents could serve to further increase the efficacy of prophylactic

PVP in osteoporotic patients, improving the local remodelling process surrounding

the cement. While various attempts have been made to include anti osteoporotic

agents into bone cements, these materials have either failed to address temporal re-

lease requirements, or to achieve therapeutically effective dosing, or failed to meet
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the mechanical and handling requirements for a PVP cement.

This work will aim to investigate the feasibility of a borate glass reinforced com-

posite resin cement, and to understand the effect of material composition on its dis-

solution characteristics. Composite resins have been selected due to previous reports

of improved bone integration as well as their ability to release TII from the inorganic

filler phase. Borate glass fillers will be investigated due to their sustained degrada-

tion kinetics as a possible method to improve the duration of TII release. Due to the

limited knowledge of the effects of borate glass compositional changes, initial inves-

tigation into the effect of glass modifiers on glass structure will be used to tailor ion

release. Modifications to both glass and resin components will be used to modulate

the ion release profile with a goal of reaching therapeutic thresholds, reported to be

between 8 and 88 mg/l[8, 6]. Ion release kinetics, mechanical properties and localised

response in a small animal implantation model will be assessed in aim of generating

long term therapeutic potential in a PVP material.

TIIs have successfully been used in biomaterials as therapeutic agents[236]. TIIs

provide advantages through reduced chemical or thermal inactivation in the delivery

device[250]. Previous work has targeted the release of ions as antibacterial, angio-

genic, and neurogenic agents[236]. The majority of the research investigating TII

delivery however has focused on bone regeneration and integration. Previous ma-

terials have released Ca, Mg, P, Zn, Sr, all with therapeutic aims. Strontium ions

are known to be effective in increasing bone turnover and new bone deposition, with

low levels of toxicity, and are thus a promising TII for release from biomaterials[251].

Furthermore, as a mono atomic ion, strontium is not subject to metabolic degrada-

tion or inactivation, nor is it preferentially excreted in patients with normal calcium

balance[10]. For these reasons strontium is an attractive therapeutic agent for incor-

poration in a bone augmentation material.

Although some previous methods have shown promise in the therapeutic release

of strontium a mechanistic understanding of ion release and its role in modulating cell
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response is limited in the literature. Furthermore, many of the strontium releasing

materials previously studied sacrificed material handling or strength to incorporate

strontium; resulting in suboptimal materials for use in PVP. Modulation of strontium

release is essential to ensure adequate release levels are reached and sustained. Pre-

vious research demonstrated different therapeutic thresholds for OBLs and OCLs to

be between ∼8 and ∼88 mg/l respectively. While the majority of work focuses solely

on OBL response, which demonstrates a significantly lower threshold[30, 9, 82, 8].

Specifically strontium mediated changes in proliferation and differentiation requires

15 or 22 d for OBLs and OCLs respectively[6]. While these mechanisms have been

recognised by the cell biology community, little research has investigated methods of

modulating release form therapeutic biomaterials beyond increased loading. In or-

der for a strontium releasing bioactive cement to be effective as an anti-osteoporotic

agent is must be capable of releasing strontium at a therapeutically effective level and

maintain release for a therapeutic duration.

This combination of tailorability, and degradability in bioactive borate glasses

makes them an ideal vehicle for ion release. Metal oxides in borate glasses, un-

like in silicate glasses, can play multiple roles, acting as both network stabilizers

or modifiers due to borons unique ability to exist in both three fold and four fold

coordination[252, 253, 36]. The behaviour of a metal oxide in borate glass is de-

termined by the concentration in which they are added, with a sharp change in

behaviour seen in the proximity of 16-20 mol% concentration for alkali metals, and

30 mol% for alkali earth metals when used in a binary glass network, a phenomena

commonly referred to as the borate anomaly[253, 254, 36]. As such the correlation

between the degree of glass network disruption and metal oxide content cannot be

calculated imperially[243]. A tertiary borate glass consisting of boron, strontium

and sodium oxides was selected for investigation in this work aiming to better un-

derstand the effects of alkali oxide for alkali earth oxide substitution. This series

of glass compositions maintains a boron content in the anomalous range (70 mol%)
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substitution Na2O (0 to 16 mol%) for SrO (30 to 14 mol%). While SrO was chosen

a TII, Na2O has been selected due to it’s low cytotoxicity, being a common com-

ponent of bioactive glass compositions. The substitution of these two oxides should

give information on the importance of divalent cation network cross linking on the

degradation behaviour of borate bioactive glasses. Along with the characterization of

glass degradation (though the analysis of ion release), glass properties (density, glass

transition) and glass structure (through NMR), glasses were analysed for composi-

tional changes during firing (which have been previously been hypothesised to alter

borate bioglass degradation[219]).This work should allow not only for the design of

a glass with long term strontium release potential but also improve our fundamental

knowledge of borate glasses.

Previous work has shown that the modulation of cement hydrophilicity can also be

used to control the amount of water sorption into cement, and as such the elution of

cement components. As borate glass networks are known to degrade due to hydration

based reactions, control of cement hydrophilicity should allow for control of the glass

degradation kinetics, and as such the release of TIIs from the glass. In a polymer based

cement this can be done through the incorporation of hydroxyethyl methacrylate

(HEMA, Figure 3.1), a highly hydrophilic monomer that has been shown to increase

water uptake into copolymers[37]. While the incorporation of 10 % HEMA into

a dental composite was shown to have not appreciable effect on ion release, the

incorporation of up to 30 % by weight has been shown to double ion release[255]. Such

gains in hydrophilicity and ion release are countered by losses in mechanical strength

however, which have been reported to be as great at 40 % when a 50 % HEMA

blend was used[37]. A design space between 15 and 45 % has thus been selected to

investigate the trade off between ion release and cement mechanical properties. Along

with ion release and mechanical properties, characterization of the cement setting and

handling properties were used to assess if such a material could be of potential use in

PVP.
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Figure 3.1: Hydroxyethyl methylacrylate monomer structure, showing highly polar
hydroxyethyl side chain

Modulations in polymer hydrophilicity have previously been used in drug delivery

materials to alter release kinetics. Hydrophilic polymers serve to draw water into the

system, which allow for drug release, but also cause swelling in the polymer network.

In highly compliant hydrogel systems mechanical loading has been used to counter this

swelling behaviour leading to load responsive materials. Cyclic loading in particular

has been demonstrated to cause significant increases in the release of reversibly bound

hydrophilic drugs due to the alteration in the dissolved drug content within material

voids during loading[256]. While PVP materials are much stiffer materials than their

drug releasing hydrogel counterparts, they are also subjected to high mechanical

loading. While unloaded, static, in vitro release assessment has remained the standard

method of evaluating the release from therapeutic bone cements, the implantation

environment would subject the material to high levels of cyclic compressive loading.

While a number of factors have been investigated to better extrapolate in vitro release

levels to in vivo behaviour in ion releasing materials, including alterations to the ionic

composition of the solution, and flow through modelling, the effect of mechanical

loading remain largely unexplored. To gain a better understanding of the effects of

the mechanical environment and how this may alter ion release behaviour the final

experimental component aims to subject the materials to physiologically relevant
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mechanical loading elution environment. This experiment will assess if alteration

in mechanical loading alter water sorption or ion release kinetics to determine if

mechanical loading has an effect on ion release, and how this information could be

use to better design elution testing protocols for such materials.

Finally, while composite resins have demonstrated significant improvements in

local tissue response over PMMA based materials, the alterations suggested in this

work would present significant deviations from previous formulations. High concen-

trations of HEMA may be beneficial in promoting water infiltration, however, the

lower molecular weight and single methacrylate functionality of this monomer leave

it more prone to leaching, imparting potential toxicity[257]. Similarly, the high rate

of borate glass degradation relative to traditional fillers poses potential for burst re-

lease. For such a material to be successful in providing long term ion release to the

surrounding bone, direct bone contact would be necessary, and as such, any fibrous

encapsulation presents a barrier to ion transport and therapeutic potential. Due to

the potential for local irritation imparted by leaching of both glass and polymer com-

ponents in this novel cement formulation, a pilot implantation study is justified to

assure that proper tissue integration is possible. To satisfy this goal, a New Zealand

White rabbit femoral defect study presents an established load bearing orthopaedic

implant model which could provide insight into the local tissue response. To assess if

any deleterious effects are imparted by either the resin or glass phase, a comparison of

precast cylinders of both a borate glass loaded composite resin, and an unfilled highly

hydrophilic resin will be made. Along with initial implantation response, such a study

could provide guidance for the design of future animal studies aiming to assess the

therapeutic potential of a strontium releasing hydrophilic composite resin cement.

As a collection these four experiments will serve not only to investigate the fea-

sibility of achieving therapeutically relevant release levels from a strontium releasing

borate glass reinforced composite resin cement, but also serve to better understand

the underling mechanisms which govern ion release and cement behaviours. This
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increased knowledge could be used to further the study and design of ion releasing

biomaterials by identifying key factors which control ion release, and the effect of the

mechanical loading on ion release.
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4.1.2 Abstract

The effect of the substitution of Na2O for SrO in a series of nine borate glasses was

studied to understand the effect of alkali for alkali earth oxide substitution in the

boron transition range. Glasses were analysed for post-firing composition, density,

glass transition, 11B MAS-NMR and ion release in a simulated physiological condition

(immersion in PBS at 37◦C over time points of 1, 7, 30 and 60 d). Post-compositional
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analysis revealed decreases in boron and sodium content during glass firing, and al-

lowed for improvements in composition property relationships. Increased substitution

of sodium resulted in decreases in glass density, glass transition, and non-bridging

oxygen fraction in the glass. Strontium ion release kinetics were governed by Fickian

diffusion and were not altered by the substitution of sodium for strontium in the

glass. Boron ion release varied from pure Fickian diffusion controlled to a parabolic

release demonstrating precipitation with high sodium contents.

4.1.3 Introduction

Bioactive glasses have been used in a variety of biomedical applications due to their

ability to: (a) integrate with surrounding tissue, (b) fill defect or voids, (c) guide

tissue regeneration (d) release TIIs [208]. These materials have been particularly

successful in the field of hard tissue engineering where they have been shown to

support the remineralization of dentin as well as the regeneration of bone tissue

[31]. This remineralizing effect is believed to be due in part to high local mineral

content resulting from network dissolution, as well as the ability of certain TIIs to

alter local cellular behaviour[208, 31, 258, 259]. TIIs from bioactive glass dissolution

products have also been shown to be beneficial in soft tissue applications, such as

the release of copper ions, resulting in altered growth factor expression and improved

angiogenesis[260, 261].

Strontium is a TII of particular interest in the field of bone regeneration. Stron-

tium ions having been shown to effect bone cell metabolism of both OBLs and OCLs

to elicit an increase in bone mineralization[29, 6]. This therapeutic effect on bone

metabolism has been shown to occur at both the systemic level (altering hormonal

pathways which control bone metabolism) and at a local level through direct cell

stimulation [29, 6, 88]. Due to its ability to alter bone metabolism in the local envi-

ronment strontium has potential application for local release from biomaterials [27].

Furthermore it has been shown to alter cell metabolism at low doses (8.8 mg/l), with
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a large therapeutic window increasing its ease of utilization[29].

While glass dissolution byproducts may be beneficial for tissue regrowth, rapid

dissolution and burst release from bioactive glasses can have a toxic effect or compro-

mise mechanical stability at the implant site[208]. For example Fu et al. found that

borate ions released for bioactive glasses resulted in both decreased proliferation and

osteogenic potential (assessed by ALP assay) of murine MLO-A5 cells in vitro[262].

Reports of losses in compressive strength (associated with glass degradation) follow-

ing incubation in simulated body fluid (SBF) can vary from 40 to 80 % depending on

the composition of the glass[221]. Further to loses of mechanical strength, borosilicate

glass designed for rapid dissolution and conversion into HA can decrease DNA syn-

thesis up to 78 % in in vitro conditions, while a slow conversion analogue glass showed

no inhibition[263]. A balance of network stability to reduce toxicity and degradation

to allow tissue integration is often sought through modification of the glass network,

this however requires an understanding of composition structure relationships.

Recent research into borate based bioactive glasses has shown highly tailorable

degradation rates. For example in the borate glass series investigated by Hasan et

al. the total mass loss varied from 2 to 22 % over 21 d through variation of glass

composition[35]. A similar mass loss range of 3-20 % was reported in a single week

in the work of Abdelghany et al.[264]. However, for borate based glass systems our

understanding of the underlying composition-structure-property relationships lags be-

hind that of other glass systems, partially due to the low fraction of glass science stud-

ies which focus borate glasses (2 % of USA publications while 20 % focused on silicate

glasses between 2007 and 2013)[246]. For binary borate glasses composition-structure

relationships have been well studied through the use of NMR, Raman and infrared

spectroscopy for alkali or alkali earth containing glasses[253, 244, 252, 265, 254, 266].

These studies have focused primarily on the generation of four fold coordinated boron

or non-bridging oxygens through the addition of modifying oxides and their effect on
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the glasses density, thermal, and optical properties[253, 265, 266, 254]. These struc-

tural studies have explained the basis of the borate anomaly with a change in borate

coordination occurring at higher modifier contents, and non-bridging oxygen forma-

tion at lower modifier contents. This change in structural role of glass modifiers results

in a non-linear, parabolic, relationship between modifier content and glass properties

such as density and glass transition[265]. Furthermore mixed alkali effects have been

investigated in tertiary borate glasses and have been shown to have a dramatic ef-

fect on the transition region changes the region of inflection for glass properties[267].

The effect of mixtures of alkali and alkali earth metals however has not been as well

studied for its effect on glass degradation kinetics.

Bioactive borate glasses remain of interest despite these difficulties due to their

high variability in dissolution rates making them highly tailorable, providing poten-

tial for use in the delivery of TIIs. This study aims to investigate the TII release

potential of a tertiary borate glass through the substitution of sodium (an alkali ox-

ide) for strontium (an alkali earth oxide) and study the effect of this substitution

on glass structure, and stability. This was undertaken through fabrication of a se-

ries of tertiary glasses in which Na2O (0-16 mol% fraction) was substituted in for

SrO (30-14 mol% fraction) while maintaining boron oxide concentration constant (70

mol% fraction). This glass was investigated to elucidate structure, stability, density,

and glass transition. Post-synthesis composition analysis was performed to allow for

more accurate composition structure and composition property relationships to be

investigated.

4.1.4 Methods

Glass synthesis

Nine glasses were synthesized through rapid quenching of oxide melts according to

the compositions listed in Table 4.1. Materials were weighed out and transferred
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Table 4.1: Glass compositions by molar fraction of pre-fired material, and actual
compositions revealed in compositional analysis (molar percentage and standard de-
viation).

Glass Theoretical Final Compositions
compositions (mol%) (mol%)
B2O3 SrO Na2O B2O3 SrO Na2O

BSr30 70 30 0 67.5(0.7) 32.5(0.7)
BSr28 70 28 2 68.4(0.5) 31.4(0.5) 0.2 (0.01)
BSr26 70 26 4 68.9(0.8) 27.6(0.9) 3.5 (0.1)
BSr24 70 24 6 67.8(0.6) 25.4(0.5) 6.8 (0.1)
BSr22 70 22 8 68.5(0.7) 23.8(1.0) 7.7 (0.3)
BSr20 70 20 10 69.2(0.2) 21.1(0.1) 9.7 (0.1)
BSr18 70 18 12 69.7(0.8) 18.0(0.1) 12.3 (0.03)
BSr16 70 16 14 66.0(0.5) 17.3(0.8) 16.7 (0.4)
BSr14 70 14 16 67.4(0.1) 15.5(0.9) 17.1 (0.2)

into jars, mixed in a dry blender for 1 h, then packed into Pt/Rb crucibles. Packed

crucibles were placed in a Carbolite high temperature furnace at room temperature,

then the temperature was raised by 50 ◦C/min to 500 ◦C, held for 1 h to calcinate

and ramped by 50 ◦C/min to 1100 ◦C. The final melting temperature was held for

1 h before quenching between stainless steel plates. The resulting glass was ground

using a planetary ball mill (Pulverisette 7) and sieved to retriever sub 45 µm powder

(ASTM standard sieves, Cole Parmer). Particle size distribution was verified through

laser diffraction of a wet suspension using a Mastersizer 300 model laser diffraction

particle size analyser using distilled water as the dispersant.

Post-synthesis composition verification

Glass digests were performed in triplicate on all 9 glass compositions using 50 mg

of glass dissolved in 10 ml of ultra pure hydrochloric acid (37 % Ultra Trace, Sigma

Analytical) in an HDPP digest vial. Each vial was capped, gently agitated, and

heated to 35◦C for 2 h to ensure full dissolution of the glass powder. Glass digests

were then diluted in 2 % HCl for ICP analysis of B, Sr and Na content. Elemental

analysis of glass digests and extracts was performed by inductively coupled plasma
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optical emission spectroscopy (ICP OES) on a Perkin Elmer Optima 8000 using a 2

% HCl suspension media, nitrogen carrier gas and an argon flame. Calibration curves

were produced using Perking Elmer pure ICP standards. All samples were measured

in triplicate and recorded as the mean of 3 readings. Actual (post-firing) compositions

were used for all composition structure and composition property analysis.

X ray diffraction analysis

XRD was performed on all glass samples to verify amorphicity using a Bruker AXS D8

diffractometer (Department of Physics, Dalhousie University, Canada). The system

utilized Cu-K radiation, a Gbel mirror, a Vantec-2000 area detector, and a copper

target. Samples were measured over a scattering angles range from 10◦ < 2θ < 110◦

(step size: 0.033◦), with a step time of 0.5 s.

Structural characterization

Network structure of the nine glass compositions was investigated using 11B MAS

NMR experiments. NMR measurements were acquired on a 16.4 T Bruker Avance

NMR spectrometer (11B Larmor frequency= 224.67 MHz) using a 2.5 mm HX probe

head operating in single resonance mode. 11B parameters were calibrated on solid

NaBH4, which was also used as an external chemical shift reference (42.1 mg/l rela-

tive to BF3Et2O). Two spinning speeds were acquired for each sample: 25 kHz (32

transients acquired per sample) and 10 kHz (4 transients acquired per sample). A

0.56 s pulsewave used for all experiments, corresponding to a pulse angle of roughly

15◦. Spin lattice relaxation times were determined by saturation recovery and ranged

from 6 to 7 s. Five times this value was used at the pulse delay. As the stator gives

a considerable boron background, the spectrum of an empty rotor was also acquired

under identical conditions at each spinning speed. This spectrum was phased and

adjusted for intensity before being subtracted from the experimental spectra.
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Glass density

Density measurements were performed using a gas pynctometer (Micromeritics Ac-

cuPyc II 1340) with a helium purge gas, and 1 cm3 chamber insert, packed with

approximately 0.75 g of glass powder. Three glass samples were analysed for each

composition with measurements taken as the mean of 10 readings.

Thermal analysis

Glass transition temperatures were determined for each of the nine glasses through

differential scanning calorimetry using a TA Instruments Q200 DSC (TA instruments,

Grimsby, Canada) fitted with an S type thermocouple. 30 mg glass samples were

heated in platinum pans at a heating rate of 10◦C/min from 100 to 800◦C. Glass

transition temperatures were determined as the onset of inflection as determined

using Q series software (TA Instruments, Grimsby, Canada).

Ion release evaluation in simulated physiological conditions

Glass extracts were prepared in triplicate using 0.1 g of glass powder placed in a 15

ml conical tube with 10 ml of phosphate buffered saline (PBS) solution. Tubes were

capped and agitated to distribute glass particles, then incubated at 37◦C for 1, 7, 30,

60 and 90 d. Following incubating samples supernatants were filtered through a 0.2

µm syringe tip filter, and diluted in 2 % hydrochloric acid for ICP analysis of Sr and

B content (Na measurement omitted due to high background measurements in PBS).

All ion release measurements were reported in mg/l for assessment of therapeutic

potential.
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Statistical analysis

All statistical analysis was performed using Prism 6 software (GraphPad Software

Inc., La Jolla, USA). Significant differences between glass properties were deter-

mined using one-way ANOVA following linear regression of glass properties using

least squares. Multilinear regression was performed using least squares analysis in R.

Differences in ion release between time points and compositions were assessed using

two way ANOVA analysis followed by Tukey’s honest significance test, at significance

levels of p < 0.01 and p < 0.001. Strontium and borate ion release profiles were

fitted to linear, one phase and two phase exponential decay models, and fits were

compared using a corrected Akaike’s informative criteria to correct for variation in fit

parameters between models[268].

4.1.5 Results

All glasses exhibited a decrease in boron content, of 0.3 to 4.0 %. Losses of sodium

content were seen in glass compositions with theoretical sodium content of 10 % or

lower, while those with 12 % sodium or greater showed increases in sodium content

(Table 4.1). No significant differences in glass composition were found between any

two adjacent glass pairings (i.e. initial strontium contents of 30 and 28, 28 and 26

etc). XRD analysis of all nine glasses showed no sharp peaks, indicating an amor-

phous glass structure free of identifiable crystalline species (Figure 4.1). The fraction

of tetrahedral coordinated boron varied from 39.2 to 43.2 % in the glass series in-

vestigated (Figure 4.2). Linear regression to actual strontium content showed no

significant effect on boron coordination (p > 0.1). However, multi-linear regression

(generated through least squares regression in R), which accounted for boron content,

showed both boron and strontium to have a significant effect on boron coordination

in the glass (p < 0.02).

Glass transition temperatures varied from 520 to 641 ◦C with a linear increase
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Figure 4.1: XRD analysis of all nine glass compositions showing two amorphous
peaks, at 2θ values of approximately 25 and 45, corresponding to 3 and 4 coordinated
boron centers in the glass.

Figure 4.2: Fraction of four coordinated boron content by post-fired strontium con-
tent.
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Figure 4.3: Variation in glass transition temperature with post-fired strontium con-
tent.

Figure 4.4: Variation in glass density with post-fired strontium content.

in glass transition temperature being seen with increased (actual) strontium content

(R2=0.98) (Figure 4.3). A similar correlation (R2= 0.97) was seen between glass den-

sity and strontium content with values ranging from 2.62 to 2.98 g/cm3 (Figure 4.4).

Strontium ion release increased with increased strontium content and time with

the highest release of 1418 mg/l seen with the 30 % Sr glass at 60 d, and lowest

release of 18 mg/l strontium at 1 d with 14 % Sr. Strontium release efficiency (% of

initial strontium loading released from the glass) ranged from 1 to 7 % at one d with a

maximum release efficiency of 20 to 41 % seen at 60 d (Figure 4.6). Release efficiency

was greatest in the 30 % Sr glass, while the 18 % Strontium glass showed the lowest

efficiency in strontium release. Strontium ion release increased linearly with the root
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of time as seen in Figure 4.5 for all nine glasses analysed, suggesting that Fickian

diffusion was the dominant mode of release. Linear regressions showed high goodness

of fit with R2 values ranging from 0.85 (30 % Sr) to 0.99 (18 % Sr). Rate constants for

strontium release (slope of linear regression of release plotted against t1/2) increased

linearly with increasing strontium content, as seen in Figure 4.7 (R2 = 0.95).

Boron release levels were greater than strontium release levels for all glasses and

time points with the greatest boron release seen at 60 d with the 30 % Sr glass (1760

mg/l) and the lowest release of 420 mg/l seen with the 20 % Sr glass at one d. Boron

release efficiency ranged from 6 to 7 % at one d, reaching a maximum of 16 to 24

% at 60 d (Figure 4.6). The fraction of boron released after one d of incubation

exceeded the fraction of strontium released for all glass compositions, however, at

later time points greater efficiency in strontium release was achieved by all glasses.

Boron ion release kinetics altered between glass compositions with low strontium

content glasses showing a decrease in cumulative release over time. A comparison

of linear and quadratic fits of ion release was performed using a corrected Akaike

informative criteria, with results presented in Table 4.2. High strontium glasses (30,

28, 26 % Sr) were linearly proportional to t1/2 (as was seen with strontium release)

while low strontium glasses (24, 22, 20, 18, 16, 14 % Sr) showed a parabolic release

with respect to t1/2 showing a decrease at the 60 d time points.

4.1.6 Discussion

All nine glass compositions were found to form a glass through plate quenching with-

out evidence of crystallization or phase separation through XRD and thermal analysis.

Post-fabrication compositional analysis (Table 4.1) revealed changes (B4%) in glass

composition, and lead to increased linearity for composition property relationships

(specifically for density and glass transition).

The variation in tetrahedral boron content did not show a strong correlation to
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Figure 4.5: Ion release profiles for boron and strontium release of all nine glasses
studied. Strontium release profiles show a linear release with respect to the root of
time, characteristic of diffusion-controlled release. Boron release profiles vary among
glass compositions, with low sodium glasses displaying diffusion-controlled release,
while high sodium glasses demonstrate a decrease in boron release over time, indicat-
ing a precipitation reaction.
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Figure 4.6: Ion release efficiency for strontium and boron release (expressed as a
percentage of initial element loading released) showing a transition from preferential
boron release to preferential strontium release with time.
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l

Figure 4.7: Linear increase in rate constant of strontium ion release from glass series
with increasing strontium content (R2 = 0.95).

theoretical glass compositions,when a single variable linear model was used for analy-

sis (R2 adjusted of 0.25). Post-fabrication compositional analysis of glass was essential

in understanding the effect of strontium for sodium substitution in the glasses stud-

ied, as the variation in boron content loss during firing masked the effect of glass

modifiers. This was demonstrated by the lack of fit for a linear strontium model,

while strontium demonstrated a statistically significant effect (p < 0.05) when incor-

porated in a multi linear model, which accounts for boron losses, as seen in Table 4.1.

This improvement in model fit remains statistically significant when corrected for

the increased model complexity using a corrected Akaike informative criterion at a

significance level of 0.05.

When the variation in boron content between glass compositions is accounted for

it becomes clear that an increase in strontium content results in a decrease in the

fraction of tetrahedral coordination (Table 4.1). This trend is in agreement with

previous work done with alkali borates which showed that smaller monovalent ions

favour the production of tetrahedral boron coordination’s as their small size allows

for closer bonding to the BO−
4 centre, while larger ions favour the generation of a

nonbridging oxygen [254]. However, glass density follows a linear trend in relation

to strontium content, most likely due to the increase in the molar weight of the
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glass caused by the incorporation of high molar weight strontium. A similar trend

was found in a series of Si, Ca, Na (70 % Si, 30-X% Ca, X% Na) glasses in which

strontium was substituted for sodium resulting in a linear decrease in density and

glass transition with increasing sodium addition [269]. Glass transition also increased

linearly with strontium content despite evidence of decreased N4, indicating a more

open network. These results suggest that strontium ions may play a structural role

in the glass serving to increase network rigidity, despite the increased content of

non-bridging oxygen. Potentially attributable to the increased oxygen coordination

surrounding modifier ions serving to stabilize the glass network [265, 254]. While

the effect of substituting an alkali oxides into the glass shows similar changes in

glass properties for both borate and silicate glass, the structural origin of this change

differs. While sodium is commonly used to decrease glass density and increase glass

reactivity through network disruption in silicate glasses, this mechanism is not seen

in borate glasses. Instead an increase in boron coordination was seen which would

suggest a less reactive glass despite the decreased density.

The linear release of strontium ions with respect to the root of time suggests

that Fickian diffusion is the rate-determining step for strontium ion release. This

is consistent with previous studies into the ion release mechanism from bioactive

glasses in which the release of glass modifiers occurred through hydration and proton

exchange, at a rate governed by the diffusion of water into the system[31, 223, 219].

Non-zero intercepts of the linear release profiles provide evidence of a burst release

effect. This has also been noted in other bioactive glasses studied for ion release and

is commonly attributed to fine surface powder generated during the dry grinding of

glass. While this release mechanism is seen with bioactive silicate glasses over a short

time frame, diffusive release remained constant over 60 d for the glasses studied. This

sustained release could offer benefits over silicate bioactive glasses for extended TII

delivery.

The linearity between strontium content in the glass and rate constant of release
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provides further evidence of Fickian diffusion controlled release. This rate constant,

a product of the initial concentration of the leachate and the diffusivity of the sys-

tem, varied linearly with strontium content, indicating equal diffusivity in all glasses

studied. This further supports evidence that the increased molar mass of strontium

resulted in the increased glass density, as a change in network structure would re-

sult in an altered diffusivity of the glass. Similar parabolic kinetics were seen for

boron release and mass loss in tertiary Na2O, CaO, B2O3 glasses studied by George

and Brow, which showed the formation of a Ca-phosphate surface layer acting as a

diffusion barrier[34].

Further work by George and Brow investigated the dissolution of a Na, Ca, K,

Mg, P containing borate glass, and found ion release ratios remained constant relative

to boron release over 7 d of incubation, indicating uniform dissolution of the glass

network[224]. Results in the current study in turn show a preferential release of

strontium from the glass, increasing with time up to 60 d, indicating a non-uniform

leaching of glass modifiers is occurring. Furthermore, while diffusion controlled release

was seen for strontium, boron release displayed a reduction in cumulative ion release

over time in low strontium glasses. At early time points, low strontium glasses lead to

increased boron release, which would be consistent with the NMR results suggesting

increased non-bridging oxygen, and therefore decreased hydrolysis needed to release

boron from the network. The development of a parabolic release with respect to the

root of time however is not consistent with a purely hydration controlled release and

can be attributed to the presence of sluggish precipitation kinetics. Precipitation was

not seen in either of the studies performed by George and Day, however the time

frames investigated were notably shorter than the current study.

As seen in Table 4.2 the relative probability of a parabolic release profile greatly

increases with sodium content, with low sodium glasses following purely diffusion

controlled kinetics, and precipitation only seen in high sodium glasses. Such a poly-

merization of borate solutions has been previously shown to be stabilized by the
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presence of alkali ions in solution as demonstrated by Brinker et al. who reported a

linear increase polyborate polymerization with lithium oxide addition[270]. Further-

more extensive glass dissolution may result in the alkalization of the solution, greatly

decreasing the solubility of polyborates in solution. While similar precipitations re-

actions are seen at the surface of silicate glasses resulting in a protective film, the

precipitation seen in these glasses does not result in altered strontium release mecha-

nisms over the time period studied. Through this mechanism it is possible that while

sodium substitution in a borate glass does not decrease glass dissolution, it may serve

to decrease boron release through the generation of a non-protective film. Such a

non-protective film could be beneficial for the delivery of TIIs, allowing for selective

ion release and preventing toxic boron accumulation.

Strontium ion release levels for all glasses far exceeded the threshold for CaSR

activation in MG62 OBL like cells in vitro (0.47 µg/l) for all time points investigated.

Similarly, the release range on 433 to 1471 mg/l after 60 d is well above the in

vitro levels required to induce OCL apoptosis (8.8 mg/l Sr2+). Strontium ranelate

therapy at an oral dosage of 2 g/d has been reported to result in plasma strontium

concentrations between 6 and 10.6 mg/l, and has demonstrated clinically significant

increases in BMD and bone strength. This therapeutic threshold was exceeded by

all compositions for all time points tested suggesting possible efficacy of these glass

dissolution by products for the improvement of bone quality. A systemic toxicity

threshold for strontium ions is not well established due to the high variability of

absorption in oral dosing, and limited information on non-oral exposure routes[29,

271, 251]. In vitro assessment of strontium toxicity to periodontal ligament derived

fibroblast through exposure to strontium ranelate in cell culture indicated an onset

of toxicity at 5 % solution, the equivalent of 1706 mg/l Sr[271]. While the release

levels seen in this study remain below the in vitro toxicity threshold for fibroblast

indicated by the study by Er et al., such results are difficult to extrapolate to in vivo

conditions and further testing would be justified
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Table 4.2: Corrected Akaike informative criteria table comparing linear and
quadratic fits to boron ion release.
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4.1.7 Limitations

While this study aimed to quantify composition structure relationships in tertiary

borate glasses, only the role of borate in the system was probed through the use of

11B MAS-NMR. Divalent cations have been reported to act in varying roles in a bo-

rate glass, however their role could not be identified through Sr NMR due to the low

natural abundance of 87Sr, and relatively low strontium content of the glasses stud-

ied. As stated in the methods measurements of sodium loss from the glasses were

omitted due to the high background of sodium in the buffered saline solutions. While

glass dissolutions studies could have been performed in water to allow for sodium

measurements, PBS was selected as a closer approximation to physiological condi-

tions. Specifically, due to the role of proton exchange in bioactive glass degradation,

a buffered solution was chosen to prevent large variations in pH which would alter

the reaction environment from what would likely be seen in an implantation setting.

4.1.8 Conclusion

The substitution of sodium for strontium in a borate based bioactive glass resulted

in a decrease in glass density and glass transition. Post compositional analysis

was required to generate composition structure relationships, revealing that sodium

favoured the generation of N4 coordinated boron centres where as strontium favoured

the generation of non-bridging oxygen. Increased sodium content resulted in parabolic

ion release curves for boron release, indicating the presence of a non protective film

during incubation in PBS. This resulted in decreased boron release while provid-

ing sustained, Fickian diffusion controlled strontium release over a 60 d time frame,

exceeding therapeutic thresholds for both OBLs and OCLs.
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hydrophilic bone cements: targeting therapeutic release thresholds

for strontium
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4.2.2 Abstract

We examine the feasibility and functionality of hydrophilic modifications to a bo-

rate glass reinforced resin composite; with the objective of meeting and maintaining

therapeutic thresholds for strontium release over time, as a potential method of in-

corporating anti-osteoporotic therapy into a PVP material. Fifteen composites were

formulated with the hydrophilic agent hydroxyl ethyl methacrylate (HEMA, 15, 22.5,

30, 37.5 or 45 wt% of resin phase) and filled with a borate glass (55, 60 or 65 wt% of

total cement) with known strontium release characteristics. Cements were examined

with respect to degree of cure, water sorption, strontium release, and biaxial flexural

strength over 60 d of incubation in PBS. While water sorption and glass degrada-

tion increased with increasing HEMA content, strontium release peaked with the 30
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% HEMA compositions, scanning electron microscope (SEM) imaging confirmed the

surface precipitation of a strontium phosphate compound. Biaxial flexural strengths

ranged between 16 and 44 MPa, decreasing with increased HEMA content. Degree

of cure increased with HEMA content (42 to 81 %), while no significant effect was

seen on setting times (209 to 263 s). High HEMA content may provide a method of

increasing monomer conversion without effect on setting reaction, providing sustained

mechanical strength over 60 d.

4.2.3 Introduction

Strontium (Sr) has been demonstrated in various in vivo models to improve bone

mass[272] and strength[273], leading to its subsequent use as a treatment for os-

teoporosis [29]. While oral Sr therapy (i.e., Servier Laboratories Sr ranelate), has

demonstrated up at a 49 % reduction in VCF rate[7], early clinical trials predated a

full understanding of the mechanism-of-action of Sr on bone[274]. Further research

has since identified both localized and systemic effects associated with Sr[6, 54]. Be-

yond local efficacy, Sr also demonstrates accumulation in bone tissue, potentially

providing sustained therapeutic effect following dosing[275, 83]. The discovery of its

localized efficacy (and underlying mechanisms) has consequently lead to the investi-

gation and development of therapeutic biomaterials for targeted local release of Sr

ions[88, 276, 277].

From a design input standpoint, it is now recognized that the mechanism-of-action

of Sr ions on bone metabolism relates to an uncoupling effect on OBL and OCL

metabolism, which acts through the CaSR in both cell lines. Specifically, increases in

proliferation and activity have been reported to occur at minimum Sr levels ranging

from 8.7 mg/l[6] to 35 mg/l[82] while OCL inhibition occurs at higher Sr concentra-

tions of 88 mg/l under in vitro conditions[6, 8]. Strontium also requires a sufficient

duration of exposure, of over 20 d before the full benefit is achieved[6, 30]. While

a minimum effective Sr dose is difficult to establish for localized release, it is agreed
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that the effective dosage window is large due to its relatively low toxicity[278, 271].

Accordingly, localized release systems may target between 8.7 mg/l and 88 mg/l of

Sr, the therapeutic threshold for OBLs and OCLs respectively.

The development of Sr-releasing injectable bone cements for the augmentation of

osteoporotic VCFs, is an area of particular interest in the literature[200, 203, 201,

204, 202, 279, 194]. Despite predating much of the clinical evidence, and the detailed

mechanistic understanding of Sr as an anti-osteoporotic agent, such materials have

provided enhanced bone integration relative to controls[194, 195, 280]. Nonetheless,

these studies lacked the guidance of accepted therapeutic threshold limits required

for altered bone metabolism (including temporal dependencies), and, as such, the

assessment of Sr release relative to these levels has not been widely studied. To de-

velop an effective Sr releasing biomaterial capable of exerting an anti-osteoporotic

effect, concept materials must be approached from a drug-device combination de-

velopment standpoint. It must be engineered to provide both: (i) the necessary Sr

release levels and (ii) maintain this therapeutic level over the duration required to

achieve optimized therapeutic efficacy[6, 30].

A Sr releasing anti-osteoporotic cement must also maintain the characteristics

necessary of a PVP material, including sufficient sustained mechanical strength, in-

jectability, and biocompatibility[1]. Bis-GMA based composite resin cements (e.g.,

Cortoss R©, Orthovita, Malvern, PA, USA) have demonstrated improved biocompati-

bility relative to conventional PMMA cements for vertebral body augmentation, while

simultaneously proving a method of TII release from the inorganic filler phase[28]. As

such Bis-GMA based composite resins present an ideal base for the development of a

PVP material capable of releasing Sr at a therapeutic level. Previous studies aiming

to release therapeutic agents from such dimethacrylate cements (both in dental and

orthopaedic applications) have utilized hydrophilic monomer additions to increase

water sorption, and therefore mediate subsequent ion (or drug) release in a controlled

fashion[281, 282, 283]. For example the incorporation of HEMA into a Bis-GMA,
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triethylene glycol dimethacrylate (TEG DMA) system has been shown to double the

total ion release from composite dental cements[284].

While this approach has proven to be effective in increasing water sorption and

release, the filler phase of composite cements is frequently based on phosphosilicate

glasses, which show limited degradation kinetics (that decay rapidly over time)[208],

and are thus unlikely to provide sufficient sustained release. While phosphosilicate

bioactive glasses show a rapid decay in ion release, borate based glasses can be de-

signed to release ions both through leaching as well as through the direct hydrolysis

of the glass network, allowing for sustained ion release kinetics[224]. A previously

investigated borate glass showed preferential, diffusion controlled release of Sr with

38 % percent of initial Sr content released over 60 d[285]. While they present many

advantages for use in therapeutic ion delivery, fully borate based bioactive glasses

cannot be silanized, potentially weakening the filler matrix interface[286]. This effect

may be magnified by the effect of adding HEMA, which has previously been reported

to decrease mechanical strength by as much as 40 %[37].

Arising from these questions, and limitations, this study has been designed to in-

vestigate the degradation kinetics of a series of borate-glass composite resin cements

to assess the feasibility and functionality of such a system as a therapeutic Sr releasing

biomaterial for use as a PVP material. To achieve this goal, a well-characterized bo-

rate glass with Fickian diffusion-controlled Sr release kinetics[285] has been selected

for use as a reinforcing agent, in a Bis-GMA, TEG DMA, HEMA blend resin phase.

This study is designed to assess the effect of both resin hydrophilicity as well as glass

filler content (55-65 % of total cement weight) on cement handling characteristics,

strength, water sorption, and Sr release over a 60 d time frame with a view to estab-

lishing Sr release levels capable of achieving the 88 mg/l required for uncoupling, for

over 20 d to achieve maximum therapeutic efficacy.
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Table 4.3: Compositions of resin phase, and glass loading of the cement composi-
tions, in weight percentage.

Composite Group
A B C D E

1 2 3 4 5 6 7 8 9 10 11 12 13 14 15
Resin Bis-GMA 41.474 37.725 33.975 30.225 26.475
Phase TEG DMA 41.474 37.725 33.975 30.225 26.475
Part HEMA 15 22.5 30 37.5 45
One BPO 2 2 2 2 2

Resin Bis-GMA 42 38.25 34.5 30.75 27
Phase TEG DMA 42 38.25 35.5 30.75 27
Part HEMA 15 22.5 30 37.5 45
Two DHEPT 1 1 1 1 1

Glass 55 60 65 55 60 65 55 60 65 55 60 65 55 60 65

4.2.4 Results

Cement handling properties

The working times for the cements examined (Table 4.3) ranged from 150 to 255

s (Figure 4.8), cement setting time ranged from 209 to 263 s (Figure 4.8). While

decreases in working time with increasing HEMA content were seen for some cement

compositions (significant difference between composition A1 and B1, D1, E1; com-

position B1 and E1; composition C1 and E1; composition C2 and E2; composition

E3 and A3, B3, C3), no overall trend was noted. No significant differences were seen

between cement setting times.

ATR-FTIR Degree of conversion

Attenuated total reflectance Fourier transform infrared (ATR-FTIR) spectra showed

characteristic peaks for resin, glass filler and initiation system as seen in Figure 4.9,

with main peak assignments provided in Table 4.4.

Small variations were seen between the two unset resin pastes, with weak peaks

at 1767 and 1790 cm-1 , indicating the presence of BPO initiator [289]. Spectra

collected from both the (i) pastes and (ii) set cements included peaks at at 1717 cm-1,
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Figure 4.8: Cement (a) working times, and (b) setting times, significant differences
are marked with “∗”(p<0.05) or “∗∗”(p<0.01).

Figure 4.9: Representative ATR-FTIR spectra collected on unset cement pastes (red
and pink traces for paste one and two respectively), and set cement samples (blue
trace) of cement composition A1 (15 % HEMA, 55 % glass).
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Table 4.4: ATR-FTIR peak locations with corresponding cement component, and
functional group.

Band Region Cement Functional Group Reference
(cm-1) Component

1700-1720 Resin C=O and C=O hydrogen bonding [287]
1630-1640 Resin C=C double bonds [275]
1600-1610 Resin Aromatic rings [275]
1500-1520 Glass Non bridging oxygen stretching [288]
1280-1320 Glass Boron-oxygen ring vibrations [288]
(2 peaks)

1240 Glass Ortho and pyro borate asymmetric [288]
bond stretching

1747&1790 Initiator Benzoyl peroxide ring vibration [289]

1637 cm-1, and 1608 cm-1, arising from the carbonyl, aliphatic and aromatic regions

respectively. Peaks attributable to the borate glass filler are visible in the region

of 1508 cm-1 (non bridging oxygen bond stretching), 1300 cm-1 (boron oxygen ring

vibrations), and 1240 cm-1 (asymmetric bending of pyro and ortho borate groups)

[288]. The degree of conversion (DC)for set cements (Figure 4.10) varied between 42

% (composition A1) and 81 % (composition E3). Significant increases in the DC were

seen with increasing HEMA content for cements with equal glass content. Similarly,

significant increases in the degree of conversion were seen between 55 % and 65 %

glass loadings for equal HEMA contents, but not the 55 % and 60 %, or 60 % and 65

% pairing.

Biaxial flexural strength

Cement biaxial flexural strength granged from 16 MPa to 44 MPa after 24 h, and 16

to 28 MPa at the 60 d time point.

Increasing HEMA content resulted in significant decreases in cement strength at

all time points investigated (p < 0.01). Increased glass loading resulted in significant

decrease in cement strength at the 60 d time point only (p < 0.01). A significant
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Figure 4.10: DC measured through ATRFTIR analysis with standard deviation,
showing increased DC as the HEMA content increased, (p < 0.01, unless otherwise
noted.

decrease in cement strength between the 1 and 60 d time points was seen for compo-

sitions of group A and B (p < 0.01), while cement compositions of group E increased

in strength over 60 d (p < 0.01).

Cement water sorption and weight loss

After 24 h, increasing mass gain (1.3 to 5.8 %) of specimens was associated with both

increased HEMA and glass content in the resin composites (Figure 4.12). Peak mass

gain occurred after 14 d for cements of group C, D and E. Conversely cements of

group A and B did not achieve peak mass gain until 30 d of incubation.

Maximum mass gains ranged from 11.3 % (A3, 30 d) to 16.4 % (C1, 14 d) of initial

dry weight. Glass loading had no effect on the long-term mass gain for compositions

of group A, B and C, while glass loading exerted a significant effect for group D and

E compositions. HEMA content initially resulted in significant increases in mass gain
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Figure 4.11: Cement biaxial flexural strength (MPa) at 1, 7, 30 and 60 d incubation,
with standard deviations.
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Figure 4.12: Cement weight gains over 60 d of incubation in PBS (with standard
deviations), and weight loss from max (calculated as difference between maximum
weight gain, and final weight gain at 60 d) as a measure of glass filler loss.
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for all glass loadings; no significant effect was seen at extended time points. While

sample mass decreased between 30 and 60 d, it is assumed that hydration increased,

and decrease in mass is due to glass filler loss. As such, mass loss between the

maximum weight achieved, and the final weight at 60 d was used as a proxy measure

of glass degradation. Mass loss from peak weight gain was found to be the greatest

in group C.

Ion release

Total Sr release from cements ranged from 9 to 32 mg/l following 60 d of incubation

in PBS (Figure 4.13). These release levels corresponded to between 0.3 and 1.8 %

of the Sr initially present in the samples (Figure 4.14). B release levels were much

greater ranging from 67.7 to 183.6 mg/l, the equivalent of 4.6 to 12.9 % of the initial

B content at the 60-d time point.

No significant differences in Sr release levels were seen between the compositions

after 1, 7 and 14 d. Following 30 d of incubation cements of groups C, D and E

released more Sr than group A and B samples (p < 0.01). After 60 d of incubation,

samples from group C released significantly more Sr than all other HEMA loadings

(p < 0.01). Release efficiency of Sr, measured as the % of initial Sr loading which was

released into solution ranged from 0.3 to 1.3 % after 60 d, while release efficiency of B

reached a maximum of 8 to 15 %. Previous investigation into the dissolution kinetics

of the glass filler used showed preferential release of Sr from the glass network utilized

in this study (i.e., the release efficiency of Sr was greater than the release efficiency

of B) [285]; conversely, the cement extract data in this study showed greater release

levels for B relative to the Sr release. As B release shows the degradation of the glass

network, it is assumed that Sr is in fact released concurrently from the glass during

degradation, but is not free in solution.

SEM analysis confirmed large regions of a Sr and phosphate containing precipitate

at the surface of cement samples, showing evidence of crystallization at later time
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Figure 4.13: Sr release from cements into PBS in mg/l, relative to (A) in vitro
OBL activation threshold [6]; (B) serum Sr concentration reported in the Treatment
of Peripheral Osteoporosis (TROPOS) study (10.8 mg/l) [7] and (C) in vitro OCL
inhibition threshold [8]
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Figure 4.14: Ion release efficiency as % of initial elemental loading for B and Sr
demonstrating preferential release of B from the cements.
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points (Figure 4.15). After a single d of incubation, Sr phosphate precipitates were

found on the surface of the glass filler for cements of group A, while group E cements

displayed more dispersion of these deposits on the surface of both filler and resin

phase. Energy-dispersive X-ray spectroscopy (EDS) analysis of the unreacted resin

(Figure 4.15) revealed a surface Sr content of 4.63 % Sr by weight, while reacted

surfaces had Sr contents of 18 to 33 % after one d of incubation, increasing to 20 to

45 % after 60 d. Sr enriched areas also showed between 6 and 10 wt% phosphate.

4.2.5 Discussion

The inclusion of HEMA, up to 45 % of the resin weight was achieved without signifi-

cant reduction of the cement setting time. While some variations in cement working

time were observed, this is likely due to the subjectivity of the measurement method,

as previously reported[290]. The observed setting times were below the 20 min target

frequently cited in the literature as a requirement for PVP materials[1]. Nonetheless,

Cortoss, a two paste composite resin, is clinically utilized and has a reported setting

time of 5-8 min for this indication[28]; as such the setting times reported for the

experimental cements in this paper may not represent a clinical limitation. Specif-

ically, if a similar “mix on demand”system were to be utilized for the experimental

cements, it may eliminate the time for hand mixing, and simplify work flow in the

clinic. Should extended handling characteristics be necessary it is known that pre-

chilling the resins can extend the handling characteristics by up to 79 %[158, 291];

such an increase would leave the setting time of the cements investigated in this study

within the range of those reported for Cortoss R©.

Aside from the clinical determinants of setting, the DC is an important predic-

tor of safety and performance; both in terms of mechanical strength, and biological

performance. With respect to the latter it is known that unreacted monomers serve

to plasticize the polymer matrix, reducing cement strength. This was demonstrated

by Ferracane Berge and Condon who reported a 75 % increase in flexural strength
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Figure 4.15: Representative SEM images of resin surfaces for (a) control unreacted
surface of group E, 60 % glass cement (b) Group E 60 % glass cement, 1 d of incubation
in PBS; (c) group E 60 % glass, 60 d of incubation in PBS; (d) group A 60 % glass,
1 d of incubation in PBS; and (e) group A, 60 % glass 60 d of incubation in PBS,
demonstrating the development of a Sr rich surface precipitate
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through improved DC[292]. The remaining unreacted monomer may be leached into

the surrounding environment, increasing the probability of the occurrence of harm to

local tissues[293]. The degrees of conversion previously reported for Cortoss R©range

from 76 to 86 % depending on storage conditions, similar to the results seen in this

study, however for the latter (i.e., Cortoss R©) measurements were performed using dif-

ferential thermal analysis and not ATR-FTIR[158]. Measurements of DC may vary up

to 10 % between methods, with varying reports of over or underestimation[287, 294].

DC measurements in this study were much greater than those reported for adhesive

resins with similar co-monomer compositions (30-60 %), which showed a decreasing

DC (as measured though ATR-FTIR) with increasing HEMA content, as opposed to

the increase seen in this study[37]. A report of increased degree of polymerization

with increased HEMA content, similar as to what was seen in this study however,

was seen when comparing Bis-GMA HEMA blends to Bis-GMA, TEG DMA, HEMA

blends in the study of amorphous calcium phosphate resin composites developed by

Antonnuci, where conversion rates ranged from 79.3 to 89.9[287]. These conflicting

reports have been attributed to either the lower reactivity of HEMA relative to Bis-

GMA decreasing the DC[37], or alternatively, the low viscosity of HEMA imparting

greater mobility allowing for greater cure[287]. While HEMA is less cytotoxic than

both Bis-GMA and TEG DMA, its smaller molecular size, single methacrylate func-

tional group and greater hydrophilicity result in higher rates of leaching, giving it a

greater impact on resin cytotoxicity in dental materials[293]. The data reported in

this paper indicate that increased HEMA content may be beneficial for these mate-

rials beyond increasing hydration of the matrix; specifically we observe a high level

of cure for the cements examined in this work, which will reduce the concentration

of unreacted monomers available for leaching, and as a consequence may improve the

biological response.

From a mechanical performance standpoint, the biaxial flexural strengths of the

compositions studied ranged from 44 down to 16 MPa (1 d), dropping to between 28
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and 16 MPa (60 d). Biaxial Flexural strengths previously reported for commercially

available PVP materials are significantly higher than the materials examined in this

work. Previously reported biaxial flexural strengths for PMMA bone cements are

99 to 113 MPa after 1 and 30 d in SBF respectively, while strengths reported for

Cortoss R© range from 96 MPa to 59 MPa after 1 and 30 d respectively[159]. While

Cortoss R© s two paste system is packaged preloaded in a mixing/extruding device, the

cements in this study were hand mixed to accommodate the small sample size and

large number of compositions investigated. Such hand mixing has previously been

linked to increased porosity and decreased mechanical strength due to the inclusion

of air pockets during mixing when compared to mechanically mixed cements, this

may partially explain the lowered flexural strength[149]. The lower biaxial flexural

strengths seen in this study also likely results from the substitution of HEMA a small

mono-functional methacrylate for the larger Bis-GMA dimethacrylate. While high

Bis-GMA content provides increased mechanical strength, the inclusion of smaller

co-monomers as diluents is necessary for workable orthopaedic or dental materials to

reduce the viscosity of the resulting cement[295]. In this study, both TEG DMA,

and HEMA served as diluents. Increased mechanical strength may be achieved for

these cements through the elimination (or reduction) of TEG DMA content, allow-

ing for increased Bis-GMA content, while maintain proper viscosity solely through

HEMA addition. As high HEMA content cements demonstrated no loss of mechanical

strength over time, with no appreciable effect cement setting time, and improved the

DC, such a blend may provide improved long term strength and reduced cytotoxicity

without compromising cement handling properties.

While no application specific standard exists for flexural strength of PVP mate-

rials, a 50 MPa minimum flexural strength is dictated by ISO 5833 for acrylic bone

cements used in arthroplasty fixation. Much lower flexural strengths are required in

non arthroplasty fixation cements, such as Hydroset, a CPC designed for void filling

which has a biaxial flexure strength of 9 and 6 MPa at 1 and 30 d of incubation in a
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SBF[165]. The decrease in cement strength seen with time with both Cortoss R© and

Hydroset was seen with the compositions of group A and B in this study, higher

HEMA content cements however did not share this trend. The apparent ability of

high HEMA content cements to maintain strength over time, despite the greater ex-

tent of glass filler degradation seen, may be explained by one of two factors: a more

rapid loss of strength preventing the initial starting strength from being measured at

the 24 h time point, or the formation of Sr phosphate precipitates within the resin

as evidenced by SEM. While the current cement resin blend studied is unlikely to

provide the water sorption required for extensive Sr deposits to form within the bulk

of the material, the biaxial flexural test is sensitive to surface effects, and therefore

may represent a surface strengthening effect form the mineral deposit seen[296].

Another interesting finding of this work were the changes in sample mass observed

as a function of time. We propose that this observation encompasses three phenom-

ena; (i) water sorption; (ii) glass dissolution (as shown through ion release); and (iii)

the precipitation of Sr and phosphate mineral on the surface of the cements (as evi-

denced by SEM and EDS, Figure 4.15). The influence of these concurrent phenomena

cannot be isolated based on the existing study design, and as such no mechanistic

model for Sr ion release could be accurately fitted to our ion release data from the

cements. The earlier onset of maximum weight gain in high HEMA content cement

indicated a more rapid loss of glass filler, which was verified though the increased

release of B into solution. Collares et al., studied a series of adhesive resin blends

with similar HEMA content ranging from 15 to 50 % of resin blend (in a Bis-GMA,

TEG DMA, Bis EMA blend), and reported water sorption of 74.7 to 174.1 µg/cm3

following 7 d of incubation in distilled water. The 7-d weight gains observed in this

study ranged from 95 to 187 mg/cm3, orders of magnitude greater. Possible explana-

tions for the large difference in mass gain could be both the macroporosity imparted

by the incorporation of degradable glass filler, as well as the precipitates seen on the

surface of the cements leading to overestimating of water content. It is also of note
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that the DC seen in Collares study were much lower, and thus cured adhesive resins

would contain a large fraction of unreacted HEMA, which is less hydrophilic than in

its polymerized state, and may have lead to mass loss through leaching.

The effect of glass filler content on weight gain varied with HEMA concentration,

high HEMA compositions showed decreasing weight gain with increasing glass con-

tent, while low HEMA compositions showed little to no effect of glass filler fraction.

Similar results were seen in a study of amorphous calcium phosphate reinforced resins,

where it was noted that the effect of glass filler on water sorption was dictated by

the relative hydrophilicity of the two phases[287]. Similarly in this study, low HEMA

content cements showed no change in water sorption with changing glass content, as

hydrophilicity did not differ sufficiently between the two phases.

The relative release ratios of B and Sr seen in this study varied greatly from

the release profiles reported for the glass (in isolation); the glass filler used is this

study has previously been shown to exhibit preferential Sr release over 60 d (release

efficiencies of 46 % and 19 % for Sr and B respectively)[285]. In this investigation,

the release efficiency of B increased with increasing HEMA content (Figure 4.14),

indicating that glass network hydrolysis did increase with HEMA content and water

sorption, as expected. This trend however did not translate to increased Sr release

into the solution. Previous investigation of the glass filler in isolation reported that

(i) a single homogeneous glass phase was formed; and (ii) Sr release was governed by

the diffusion of water into the glass network[287]. It can thus be assumed that as B

release indicates the hydrolysis of the glass network, an equal or greater fraction of Sr

must have been lost from the glass filler, despite not being measured in the solution.

As B release reached between 8 % and 15 % of the initial B loading in the cements at

the 60 d time point, it can be assumed that Sr release was equal to or greater than 8

to 15 %, ten times what was seen in the solution (0.3 to 1.3 % of initial Sr loading).

As such, it may be reasonably concluded that at a minimum 8 to 15 % of the loaded

Sr (equivalent to B release levels) was release from the glass filler greatly exceeded all
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therapeutic thresholds, exceeding 100 mg/l after 14 d.

As B release measurements demonstrated extensive glass network dissolution,

which conflicted with Sr release measurement through ICP-OES, SEM imaging was

performed to ascertain the fate of the Sr released from the glass. SEM and EDS

analysis of cement surfaces showed the development of large amounts of a Sr and

phosphate-containing precipitate, which was not previously seen during the dissolu-

tion of the glass filler phase in isolation, in which Sr release concentration of up to

1127 mg/l were reported without deviation from Fickian diffusion kinetics[285]. This

finding indicated that the discrepancy between release efficiency of Sr and B from the

cements was the result of Sr being chelated in the form of a precipitate from solution

following glass filler degradation. The formation of this precipitate would be favoured

not only by the mass transport constraints enforced by the resin phase of the cement,

but also the polarizable oxygen groups present in the resin phase due to the high

HEMA contents. Previous studies into the calcification of copolymer blends in abi-

otic solutions have shown increases in the rate of calcification with increasing polar

oxygen pendant groups, specifically increasing HEMA content[297]. In the current

study, it is likely that the increase in resin polar oxygen severed to chelate Sr from

solution, generating nucleation sites for phosphate in a similar manner, resulting in

the formation of the precipitate in the resin phase. While increasing HEMA content

effectively increased resin hydration and served to increase B release, the concurrent

increased chelation of Sr reduced the efficacy of Sr release. Due to these conflicting

mechanisms, maximum Sr release was achieved in the cements of group C.

The formation of the Sr phosphate precipitates may be further exasperated by

the incubation conditions selected. As calcium phosphates have a lower degree of

solubility than Sr phosphates, the chelation of Sr may be artificially enhanced due

to the use of a calcium free incubation media. Furthermore, Sr phosphates have

been demonstrated to undergo spontaneous ion exchange substitutions to form stable

calcium phosphates in calcium rich environments. Through such a mechanism it is
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possible that these precipitates may provide both enhanced cellular attachment, and

prolonged Sr release through ion exchange. Testing of these materials under more

dynamic conditions, in a calcium-rich environment, may provide information into the

stability of this precipitate, and the potential of this layer to act (i) as a reservoir of

Sr or as (ii) a site for cellular attachment.

Overall the Sr release from the materials developed and investigated in this study

ranged between 9-32 mg/l after 60 d of incubation; falling within the range previ-

ously reported for increased OBL activity, but well below that of the OCL inhibition

threshold in vitro. A study of Sr substituted dicalcium phosphate dihydrate cements

at loading of up to 8 % of cement weight allowed for Sr release levels of 20 mg/l over 3

weeks, similar to levels seen in this work[195]. While the Sr-containing CPCs demon-

strated improved cell proliferation and ALP expression over plastic tissue culture

plates, they did not offer an advantage over purely calcium-based controls. Schu-

macher et al. reported maximum Sr release levels of 13 mg/l from Sr substituted

CPCs, and was able to demonstrate a significant increase in OBL proliferation and

differentiation in comparison to a calcium phosphate control at these release levels,

with indirect cell culture methods[298]. These previous results may indicate that

these release levels in this study are sufficient for in vitro efficacy, however the devel-

opment of the precipitate masked our ability to determine total Sr release. Based on

the present data, the Sr release levels observed are likely insufficient for an uncoupling

effect in vitro.

The serum Sr levels required for the uncoupling effect are much lower than those

required in vitro (10.5 mg/l) which may be a result of the systemic effect of Sr through

the parathyroid gland, or the cell culture methods used. While OBL OCL communi-

cation is known to play an important role in the control of bone metabolism, in vitro

efficacy levels have largely focused on monoculture conditions, leaving true localized

in vivo requirements for uncoupling unclear. Serum Sr concentration required for

uncoupling are achieved by many of the cements investigated (all but group E), and
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as such may have some beneficial effect towards uncoupling of bone turn over. Fur-

thermore, it is possible that the use of calcium-rich media may prevent Sr chelation,

increasing Sr release up to tenfold, well above the 88 mg/l reported for the inhibition

of OCL activity. Further investigation into the effect of incubation media on Sr re-

lease, and the in vitro efficacy through dual culture conditions could provide guidance

for the further development of materials designed for the local release of Sr.

4.2.6 Materials and methods

Cement fabrication

Borate glass containing 70 % B2O3, 26 % SrO and 4 % Na2O (mole fraction) was

synthesized as per MacDonald et al., and sieved to retrieve <25 µm particles[285].

Particle size distribution was verified using a laser particle size analyser, in aqueous

dispersant (Mastersizer 3000, Malvern, Malvern, Worcs, UK), and confirmed as d10 =

3.38 µm, d50 = 12.1 µm, d90 = 26.4 µm. A series of 15 twopaste resins (Figure 4.16,

Table 4.3) were fabricated through varying mixtures of HEMA (Aldrich Chemistry,

USA), TEGDMA (Aldrich Chemistry, St. Louis, MO, USA), and BisGMA (Aldrich

Chemistry, USA). BPO (Sigma Aldrich,St. Louis, MO, USA) and DHEPT (Aldrich

Chemistry, St. Louis, MO, USA) were added to paste one and two respectively,

for each composition, to form a chemical initiation system[38]. Resin components

were shielded from light to prevent photo initiation of BPO, and placed in a shaking

incubator at (37◦C, 2 Hz) overnight to reduce resin viscosity and allow for mixing.

Resin mixtures were refrigerated until further use, and hand spatulated with the

appropriate weight of glass to form both paste components as needed.

Cement handling characteristics

Cement working times were assessed in triplicate as described by Dickey et al.[299]].

Cement setting time was determined to be equal to the time to reach 50 % of the
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Figure 4.16: Schematic of two paste resin fabrication, all compositions represented
in weight percentage.

exothermic peak following the mixing of the two pastes, as per established interna-

tional protocols[300]. Dimensions of the curing mold used were reduced to 30 mm

diameter and 15 mm height, to reduce the material needed for testing to 10 g/sample.

Degree of conversion

ATR-FTIR analysis was performed on both unset and set cements to assess the degree

of conversion via observations of the relative decrease in the aliphatic carbon-carbon

double bond (C=C) peak at a wave number of 1638 cm-1. Set samples were generated

through hand spatulation on a dental pad using equal amounts (1 g) of pastes one and

two. Subsequently, cements were transferred into poly tetra fluoroethylene (PTFE)

moulds (7 mm � 1 mm), sandwiched between acetate sheets, and clamped between

steel plates to set a room temperature for 1 h[301]. The cement samples were then

scrapped of excess material (i.e., flash), removed from moulds and stored for 24 h in a

desiccator prior to analysis. Three discs were produced for each cement composition

with two measurement locations used for each disc (n = 6). Unset cement spectra

were collected through measurements of individual paste components (n = 3 per paste,
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total n = 6 per cement composition). ATR-FTIR measurements were performed on a

TENSOR 27 system (Bruker, Billerica, MA USA) using a diamond attenuated total

reflectance (ATR) crystal (Golden Gate, Specac, Orpington, Kent, UK). Spectra

were collected as the average of 6 scans, between 1200 cm-1 and 1800 cm−1 at a

resolution of 4 cm-1. To assess the stability of the individual pastes 500 spectral scans

were gathered over 120 min. DC for all samples was calculated through the ratio of

absorbance peaks centred at 1638 cm-1 and 1608 cm-1, representative of the unreacted

methacrylate functional groups and aromatic rings of the Bis-GMA respectively[302].

For each cement composition, the DC was calculated as the relative ratios of the

methacrylate peak area before and after curing normalized to the aromatic peak

area, using Equation 4.1;

DC = 1 − [(Am/Aa)set/(Am/Aa)unset] (4.1)

Where Am is the area of the methacrylate peak (1638 cm-1) and Aa is the area of

the aromatic control peak (1608 cm-1)[302]

Biaxial flexural strength

Cement disks (15 mm � 1 mm) were fabricated in PTFE moulds, and allowed to cure

for 1 h in ambient conditions[302]. Following removal from the moulds the cement

disks were placed in PBS (35 ml/sample), and incubated in a shaking incubator at

37 ◦C, 2 Hz for 1, 7, 30 and 60 d (n=5 per condition). Following incubation each

sample was patted dry, measured in duplicate for diameter (accuracy of 0.1 mm) and

mounted in a ball on 3 ball biaxial flexural testing rig. Testing was undertaken using

an Instron 3400 (MA, USA) system fitted with a 2 kN load cell at a strain rate of 1

mm/min. Sample thickness was measured in triplicate following sample rupture at

the crack origin. Fracture loads were converted into biaxial flexure strengths using

the methods described by Chung et al. using Equation 4.2 and Equation 4.3.
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√

(1.6r2o + t2) − 0.675t (4.3)

P is the load at failure, v is the Poissons ratio, (assumed to be 0.24), t is sample

thickness, a is the radius of the support circle, c is the radius of the sample, and ro is

the radius of central loading ball[296].

Cement water sorption and weight loss

Cement samples were generated through hand spatulation on a dental pad using equal

amounts (1.5 g) of pastes one and two. Subsequently, cements were transferred into

stainless steel split ring cylindrical moulds (4 mm � 6 mm), sandwiched between

acetate sheets, and clamped between steel plates to set a room temperature for 1

h[301]. The cement samples were then scrapped of excess material, removed from

moulds, weighed for dry mass, placed in 10 ml (1 cm2/10 ml) of PBS, capped, and

stored in a shaking incubator (37◦C, 2 Hz) for 1, 7, 14, 30, or 60 d respectively (n =

3/time point). Following incubation samples were removed using a disposable spatula,

patted dry, and wet weights were recorded. Subsequently, the extract medium was

capped and stored in a refrigerator until ion release analysis.

Ion release profiles

Extracts generated through the cement water sorption studies over 1, 7, 14, 30 and

60 d were decanted, and diluted in 2 % ultrapure hydrochloric acid (Fluka, Mexico

City, Mexico) for ICP analysis of Sr and B content (Na measurement omitted due to

high background measurements in PBS)[285]. ICP-OES analysis was performed using

an Optima 8000 (Perkin Elmer, Waltham, MA, USA) with a 2 % hydrochloric acid

suspension media, nitrogen carrier gas and an argon flame. Calibration curves were
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produced using certified Perking Elmer Pure ICP standards (Perkin Elmer,Waltham,

MA, USA). All samples were measured in triplicate and recorded as the mean of

3 readings. All ion release measurements were reported in mg/l for assessment of

therapeutic potential, and normalized to initial sample content for assessment of

degradation kinetics.

SEM analysis of weight loss samples

SEM images were collected for 15 % HEMA and 45 % HEMA samples following 1 and

60 d of incubation in PBS. Samples were sputter coated with a gold-palladium coating

using a Lecia EM ACE200 (Wetzlar, Germany). BS-SEM images were collected using

an Hitachi S4700 FED (Hitachi, Chula Vista, CA, USA) operating at 3 kV, 15 µA,

under 30 time magnification, or 3 kV,16.5 µA, 250 times magnification.

Statistical analysis

Statistical analysis was performed using Prism 6 (GraphPad Inc., LaJolla, CA, USA)

for the two-way ANOVA (assessing effect of HEMA and glass content) with a Tukey

multiple comparison test, at a significance level of 0.05. Time effects were analyzed

using a two way ANOVA, with repeated measures, with a Tukey multiple comparison

test. Peak fitting of Fourier transform infrared (FTIR) data was performed using

Python (Python Software Foundation,Wilmington, DE, USA).

4.2.7 Conclusions

Increasing the HEMA content of the cements led to an increase in mass gain and de-

gree of cure without significantly effecting cement setting time. While filler network

hydrolysis increased with increased water sorption (as evidenced through increased B

release), the relative release ratio of Sr to B dropped with increasing HEMA content.

It was confirmed that this observation was associated with precipitation of a Sr phos-

phate phase on the surface of the cements, suggesting an interaction between free Sr
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and the resin phase under the experimental conditions utilized. The concentration

of Sr required for in vitro OCL inhibition was not seen under the study conditions.

However, the materials did release and maintain Sr at the levels required to increase

OBL proliferation. Further investigation into the effect of incubation conditions on

the rate of Sr release (namely the effect of calcium in the incubation media, and me-

chanical loading) may provide further insight into the mechanism of ion release from

such materials, and allow for more accurate extrapolation into in vivo conditions.
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4.3 Mechanical loading, an important factor in the evaluation of ion

release from bone augmentation materials

4.3.1 Note on composition selection

While section 4.2 investigated a series of composite resins based on a Bis-GMA, TEG

DMA, HEMA blend, in advancing to mechanically loaded release investigations a

change was made to a Bis-GMA HEMA blend. As initial experiments revealed the

greatest extent of overall glass degradation, with the unique finding of maintained

strength over time for the 45 % HEMA blends, a 45 % HEMA loading was selected

for further work. The high HEMA content alleviated the need for TEG DMA as a

diluent. To counter the increased viscosity of the TEG DMA free resin, filler particle

size was changed from 25 µm to 45µm. Biaxial flexural strength was evaluated for

this new resin blend, filled with 55, 60 and 65 wt% glass after 24 h in PBS as per

4.2.6 and demonstrated significant increases in cement strength over the TEG DMA

containing cements due to the increased Bis-GMA content (Figure 4.17). Similarly,

both working and setting times were marginally extended (Figure 4.18, Figure 4.19),

bringing the working time above the 150 s required for two paste systems. While the

55 % glass loading had the greatest biaxial flexural strength, the 60 % glass loading

was ultimately chosen for further investigation due to its more paste like consistency.

This material has a biaxial flexural strength of 30 ± 1.9 MPa, a working time of 155.0

± 8.7 s, and a setting time of 209 ± 18 s .
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Figure 4.17: Biaxial flexural strength of 45 % HEMA composites, fabricated without
TEG DMA inclusion. Samples prepared as per section 4.3.8, and assessed for biaxial
flexural strength as per section 4.2.6.

Figure 4.18: Working time of 45 % HEMA composites, fabricated without TEG
DMA inclusion. Pastes prepared as per section 4.3.8, and assessed for working time
as per 4.2.6.
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Figure 4.19: Setting time of 45 % HEMA composites, fabricated without TEG DMA
inclusion. Pastes prepared as per 4.3.8, and assessed for setting time as per 4.2.6.
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4.3.3 Abstract

The controlled release of TIIs from biomaterials is an emerging area of international

research. One of the foci for this research is the development of materials, which

spatially and temporally modulate therapeutic release, via controlled degradation in

the intended physiological environment. Crucially however, our understanding of the
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release kinetics for such systems remains limited, particularly with respect to the in-

fluence of physiological loading. Consequently, this study was designed to investigate

the effect of dynamic mechanical loading on a composite material intended to sta-

bilize, reinforce and strengthen vertebral bodies. The composite material contains a

borate glass engineered to release strontium as a TII at clinically relevant levels over

extended time periods. It was observed that both cyclic (6 MPa 2 Hz) and static (4.3

MPa) compressive loading significantly increased the release of strontium ions. The

observed alterations in ion release kinetics suggest that the mechanical loading of the

implantation environment should be proactively considered when evaluating the ion

release kinetics.

4.3.4 Introduction

Percutaneous vertebroplasty provides rapid fracture fixation for osteoporotic VCFs,

resulting in rapid pain relief for 88 % of patients [109]. Despite the positive impact

that PVP has on the quality of life for patients, subsequent fractures (in adjacent

vertebrae), refractory to the original, are frequently associated with procedural out-

comes. While the aetiology of adjacent fractures is complex, there is consensus in

the literature that principal contributory factors, are compromised bone health (e.g.

osteoporosis), and anatomical misalignment(s) caused by kyphotic deformity [25]. To

address these factors, prophylactic augmentation of adjacent vertebrae has been pro-

posed, and demonstrated, to increase fracture load [137]; thereby providing a means

to mitigate subsequent fracture rates. Furthermore, as subsequent fractures have

been linked to the progression of osteoporosis, the inclusion of therapeutically active

agents, capable of slowing the progression of osteoporosis is considered to add further

benefits for patients undergoing PVP whilst improving patient outcomes.

One approach to achieving a therapeutically active biomaterial for PVP has been
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associated with the inclusion of strontium ions (Sr2+), a therapeutically active inor-

ganic ion, into PVP bone cements. Several clinical studies have confirmed the bene-

ficial effects of pharmacologically active Sr2+ on bone quality [275, 83, 303, 304, 305].

The concomitant mechanism of action associated with Sr2+ is related to its ability

to act as both (i) an antiresorptive and (ii) an anabolic agent on bone metabolism

[6, 9, 30]. However, while Sr2+ has beneficial effects on bone quality, through direct

action on OBLs and OCL cell lines[88], its release levels must be controlled to ensure

temporal maintenance of Sr2+ levels within the therapeutic window. While a variety

of approaches have been used to incorporate Sr into orthopaedic biomaterials[200, 298]

little work exists with respect to investigating such devices as drug releasing systems

(i.e. TII release systems); particularly with respect to investigating the release kinet-

ics and temporal maintenance of therapeutic thresholds[306].

For composite resin cements, intended for both dental and orthopaedic applica-

tions, hydrophilic modifications have been used to alter ion release kinetics. Such

modifications increase water sorption and therefore degradation of the inorganic filler

phase; frequently a bioactive glass[255, 284]. As filler degradation, and ion release

are dependent on the movement of water through the system, it is constrained by

hydrostatic forces. Furthermore, the rate of glass dissolution has been shown to vary

greatly depending on solution effects, slowing rapidly in constrained volumes when

degradation products can accumulate at the glass-solution interface[307]. Due to

the complexity of the implanted in vivo environment, and the ethical restrictions

on the use of animal models, simplified in vitro elution models are frequently used

to assess drug release. In particular, changes to the elution media (including ionic

concentration and organic molecule interaction), along with flow through conditions

have been explored to better understand those factors which govern in vivo release

kinetics[308, 309] .

However, the effects of dynamic loading on TII release, has received little attention
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by comparison. This gap in our knowledge is significant, especially given the emer-

gence of research pertaining to metals in medicine, and in particular with respect to

the temporal modulation of therapeutic metal ion release from biomaterials[236, 27].

In drug-releasing hydrogel materials, cyclic compressive loading has been demon-

strated to significantly increase the rate release of reversibly bound drug particles[256].

This effect is attributed to variations in hydrostatic pressure, creating a periodic re-

versal of water flow in and out of the material. During unloaded phases, hydrophilic

forces draw unsaturated fluid into the material generating swelling forces. In this un-

saturated environment, water-soluble drugs are rapidly released into solution. Con-

versely, during the compressive loading phase compressive strain drives fluid from the

material voids, into the bulk solution, which is replaced with unsaturated fluid in

the next unloaded phase, continuing the cycle. While PVP materials are much less

compliant than hydrogel materials, the addition of small hydrophilic mono-functional

monomers, such as poly-HEMA to composite resins has been shown to not only alter

water sorption behaviour but also to reduce the modulus of elasticity of compos-

ite resins by up to 40 %[310]. As such hydrophilic modifications of composite resin

cements may result in loading dependent alterations of bioactive glass filler degrada-

tion kinetics. Accordingly, to design a Sr2+ releasing bone cement which can provide

appropriate in vivo levels of ion release, the ion release kinetics under mechanically

loaded conditions must also be fully considered.

This study aims to examine how dynamic loading of hydrophilic composite resins

alters the movement of water into and out of the system, while also providing insights

into the mechanisms of Sr2+ release from such materials. The methods and data

generated in this paper may further help to evaluate and regulate the performance of

ion releasing medical devices in the future. Accordingly, and to achieve the research

objective, a highly degradable borate glass was selected as the reinforcing phase for a

resin composite bone cement comprising conventional constituent polymers. The glass

phase selected for this work has been previously studied, and is known to provide for



129

Fickian controlled diffusion of Sr2+ up to 60 d[285]. A highly hydrophilic Bis glycydil

dimethacrylate (Bis-GMA), HEMA polymer blend was chosen as the resin phase of

the composite; with the particular ratios of glass and HEMA content being based on

previous investigations by MacDonald et al. to maximize ion release efficiency over 60

d[306]. Cement specimens produced in this study were exposed to three incubation

conditions while immersed in SBF; (i) cyclic compressive loading, (ii) static loading,

and (iii) an unloaded control condition. Ion release into solution was assessed using

ICP-OES.

4.3.5 Results

Water sorption by cement samples was significantly decreased during cyclic loading (p

<0.05), with no decreases in water sorption being observed under static compression

relative to unloaded samples (Figure 4.20). The highest ion release levels were seen

under cyclic compression loading, with the cumulative release of Sr and B reaching

68 and 57 mg respectively at 48 h (Figure 4.21). Cumulative release under static

compression reached maximums of 24 and 22 mg for Sr and B respectively, while

unloaded conditions achieved a maximum of 21 and 17 mg respectively. A significant

increase in Sr release was seen in both the static and cyclic compression loading

conditions relative to the unloaded control samples (Table 4.5), with the cyclic loading

showing the greatest effect on cumulative ion release levels.

Akaikes informative criterion comparison of surface controlled, and diffusion con-

trolled release models, preferred the more complex power series diffusion controlled

release for all data sets (Table 4.6). When fitted to a modified Korsemyers Peppas

model (with allowance for burst release effect [311]) power coefficients were (i) 0.499,

0.1835 and 0.360 for the release of Sr and (ii) 0.510, 0.306, 0.440 for the release of B

under cyclic compression, static compression, and unloaded conditions respectively.

While the initial glass composition contained Sr:B at a mass ratio of 1.62, Sr:B release

ratios ranged from 1.8 to 1.1 with no significant differences found between incubation
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Figure 4.20: Mass gain (measured as difference between dry and wet weight) during
cement incubation under various loading conditions, denoting statistically significant
difference between unloaded and cyclic compression conditions.

Table 4.5: Multiple t test statistics results comparing Sr release levels between the
3 loading conditions investigated
Time Cyclic Compression Cyclic Compression Static Compression

(h) Static Compression Unloaded Unloaded
1 N.S. <0.01 <0.05
2 <0.01 <0.01 <0.01
3 <0.01 <0.05 N.S.
4 <0.01 <0.01 <0.05
6 <0.01 <0.01 <0.01
8 <0.01 <0.01 <0.05

12 <0.01 <0.01 N.S.
24 <0.01 <0.01 <0.05
36 <0.01 <0.01 N.S.
48 <0.01 <0.01 N.S.
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Figure 4.21: Cumulative release of (a) boron, and (b) Sr ions under various loading
conditions, demonstrating Fickian diffusion under cyclic loading, and less Fickian
diffusion in unloaded and static compression loaded incubation.

conditions. Significant decreases in the Sr:B release ratios were seen between time

points of 1, 2 and 3 h, and the 36 and 48 h time point under the unloaded condition

only.

4.3.6 Discussion

Sr release (24-48 mg/l after 48 h) was much higher than previous studies of a similar

material in PBS. Elution studies of a 45 % HEMA, 26.5 % Bis-GMA, 26.5 % TEG

DMA (added as a diluent to reduce viscosity) resin composite reported Sr release lev-

els below 4 mg/l after 24 h, and below 20 mg/l after 60 d[306]. Release of B however

was similar to previously reported values of 16 mg/l at 24 h in both unloaded and

statically compressed samples. These results suggest that the ionic composition of

the elution media is of greater consequence for sparingly soluble elements such as Sr.

Cumulative Sr release remained above the in vitro efficacy levels for OBL prolifera-

tion, but below in vitro OCL inhibitory levels (Figure 4.22) [9, 10]. The serum Sr

levels in the Treatment of Peripheral Osteoporosis Study (TROPOS), which reported

a a significant reduction in fracture rate, were reached after 2 h under cyclic load-

ing or 4 h under static compressive or unloaded conditions demonstrating that the

potential for anti-osteoporotic effect is increased under mechanical loading. Much

greater overall release, under the cyclic loading condition, suggests that the static
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Table 4.6: Comparison of model fits between linear release model (surface controlled
release), and power series release (with allowance for burst effect).

C
o
m

p
a
ri

so
n

o
f

F
it

s
C

y
cl

ic
C

o
m

p
re

ss
io

n
S
ta

ti
c

C
o
m

p
re

ss
io

n
U

n
lo

a
d
e
d

S
im

p
le

r
m

o
d
e
l

F
ir

st
or

d
er

p
ol

y
n
om

ia
l

(s
tr

ai
gh

t
li
n
e)

F
ir

st
or

d
er

p
ol

y
n
om

ia
l

(s
tr

ai
gh

t
li
n
e)

F
ir

st
or

d
er

p
ol

y
n
om

ia
l

(s
tr

ai
gh

t
li
n
e)

P
ro

b
a
b
il
it

y
it

is
co

rr
e
ct

<
0.

01
%

<
0.

01
%

<
0.

01
%

A
lt

e
rn

a
ti

v
e

m
o
d
e
l

P
ow

er
se

ri
es

:
Y

=
A

*X
ˆB

+
C

P
ow

er
se

ri
es

:
Y

=
A

*X
ˆB

+
C

P
ow

er
se

ri
es

:
Y

=
A

*X
ˆB

+
C

P
ro

b
a
b
il
it

y
it

is
co

rr
e
ct

>
99

.9
9

%
>

99
.9

9
%

>
99

.9
9

%

R
a
ti

o
o
f

p
ro

b
a
b
il
it

ie
s

P
re

fe
rr

e
d

m
o
d
e
l

P
o
w

e
r

se
ri

e
s:

Y
=

A
*
X

ˆ
B

+
C

P
o
w

e
r

se
ri

e
s:

Y
=

A
*
X

ˆ
B

+
C

P
o
w

e
r

se
ri

e
s:

Y
=

A
*
X

ˆ
B

+
C

D
iff

e
re

n
ce

in
A

IC
c

46
.6

4
29

.5
1

18
.7

8



133

Figure 4.22: Sr release from cements into SBF in mg/l, relative to (A) in vitro
OBL activation threshold[9] (B) serum Sr concentration reported in the Treatment
of Peripheral Osteoporosis (TROPOS) study[10], and (C) in vitro OCL inhibition
threshold [8].

incubation conditions widely used for the investigation of Sr releasing bone cements

will underestimate the true release levels and therefore impact effective local dosing.

While cyclic loading increased therapeutic Sr release, it also increased the release

of B raising a potential concern for cytotoxicity. However, while bioactive glass ex-

tracts containing B at concentrations of 5.2 mM (56 mg/l) demonstrated decreased

bone marrow proliferation in in vitro assays[312], animal implantation models have

demonstrated favorable bone response to high borate glass bone graft materials[313].

Cumulative B release of 58 mg in 48 h under cyclic loading is well below the NOAEL

of 6.1 mg/kg/d for chronic B exposure indicating that borate glass reinforced cements

are likely a safe vector for TII delivery[314]. As such the increase of boron release due

to cyclic loading is unlikely to impart detrimental effects to cement biocompatability.

The ability of cyclic loading to prevent the significant decrease in the ratio of Sr to

B release could also serve to mitigate potentially toxic effects of boron.

While previous studies have reported a t1/2 dependence for ion release from bioac-

tive glass reinforced composite resin dental materials[315], such kinetics were only

seen in the cyclic loading conditions of this study. In the static compression and
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unloaded conditions the power model coefficients were below 0.5, characteristic of

less Fickian release[316]. This finding suggests that the polymer chain relaxation rate

under the unloaded, and static compressive conditions is much faster than the rate

of water penetration. This increased rate of relaxation is likely an effect of the high

mono-functional HEMA content, decreasing the fraction of bi-functional monomers

reducing cross-linking. Previous studies into the release of gentamicin from PMMA

bone cements reported crack surface mediated increases in drug release rates. A study

of antibiotic loaded cements under uniaxial sinusoidal tension-compression (±10 MPa

at a frequency of 2 Hz) resulted in a three-fold increase in the rate of gentamicin re-

leased versus statically incubated samples; with both conditions displaying surface

controlled release[191]. It was proposed that the increased rate of release was due to

crack formation providing an increased surface area for drug elution. When a 400

KPa 5Hz compressive force was applied to the stem of a cemented hip prosthesis in

a model elution environment (cement stresses of -2 MPa to 6 MPa) minor increases

in antibiotic elution were seen only in a highly porous cement formulation over 28 d

of elution testing but no alterations to the mechanism of release were reported[192].

While crack surface mediated release mechanisms are considered in the literature,

such a mechanism is unlikely to explain the results seen in this study, as any increase

in surface area would result in increased water sorption.

Results from this study, in contrast, indicate significant alterations to the mech-

anism of release of Sr2+ as a result of physiological loading variations. Increases to

power law release coefficients suggest that compressive loading decreased both the

rate of water sorption and polymer chain relaxation in both cyclic and static condi-

tions. Mechanical loading of hydrogels has been demonstrated to alter release kinetics

only for reversibly bound growth factors. Such an effect may explain the alteration in

kinetics seen in this study. Polar pendant groups in hydrophilic poly HEMA materi-

als are associated with cation chelation in their hydrated state[317], providing both a

mechanism of hydrogel calcification and bone integration. While cyclic loading alters
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local concentration gradients, allowing for increased ion release, compressive loading

also limits water sorption, and polymer chain relaxation reducing the number of ex-

posed polar sites. Increases in cation release under cyclic loading may thus be twofold;

(i) increased filler degradation due to decreased degradation product accumulation

within the material, as well as (ii) decreased polymer cation interactions. The de-

crease is the ratio of Sr to B release seen only in unloaded conditions would similarly

be explained by increased chain relaxation resulting in increased Sr chelation.

While continuous cyclic loading is standard in material testing, in vivo load-

ing would present fewer, intermittent loading cycles, with ASTM F2118 standards

for cyclic testing of acrylic bone cement reporting an average of 2-3 million steps a

year[318]. As such the 7,200 loading cycles per hour used in this study would approx-

imate a full day of activity, with the 48 h duration approximating 48 d of activity.

Strontium release rate based on equivalent loading days (7,200 loading cycles) is rep-

resented in Figure 4, along with the unloaded release rate over the 48 h study. No

statistical difference is seen between Sr release in unloaded conditions after 1 and 2

d, and the equivalent rate of release of Sr corrected for loading cycles (1 and 2 h

sampling points respectively). Release rates exceed therapeutic efficacy thresholds

for OBL proliferation but not in vitro OCL inhibition, demonstrating potential for

therapeutic efficacy only for the first sampling point when assessed as a daily rate of

release. While this is a short duration study, this may indicate a potential mechanism

to extend the effective window of testing.

The loading levels selected in this study were based on computational models as-

sessing the cement stress levels during walking following vertebral body augmentation,

assuming fill volumes of ca. 8 ml[319]. True loading values may vary significantly due

to the variability in fill pattern and irregularly shaped cement volume seen following

PVP[193]. Previous models have predicted cement stress as low as 1.5 MPa within

the cement bolus (based on an assumption of 70 % fill)[320]. Furthermore the elastic
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Figure 4.23: Rate of Sr release as equivalent days (7,200 cycles of compression) rela-
tive to (A) in vitro OBL activation threshold[9] (B) serum Sr concentration reported
in the Treatment of Peripheral Osteoporosis (TROPOS) study[10].

modulus of trabecular bone can vary by orders of magnitude in even healthy indi-

viduals, adding variability to the extent of stress shielding, while kyphotic angle has

been reported in increased quasi-static compressive forces by as much as 2-3 % per

degree of kyphosis[144, 321]. As such our limitations in predicting the loading levels

in augmented vertebrae limits our ability to predict cement behaviour, including ion

release kinetics. While the results of this study demonstrate the ability of cyclic load-

ing conditions to alter ion release kinetics over a short period of investigation, further

investigation into the threshold of this effect, as well as long-term release behaviour

is merited. Along with variations in loading conditions, alterations to solution media,

notably the inclusion of serum proteins would serve to better mimic the true implan-

tation environment deepening our understanding of material host interactions which

mediate ion release.
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4.3.7 Conclusion

Both cyclic and static compressive stress has been demonstrated to shown to yield a

significant increase in ion release from a borate glass filled composite resins (relative

to unloaded release conditions). Cyclic loading conditions may provide a mechanism

of extending the time frame for diffusion-controlled release of TIIs from such systems,

despite the decrease in water sorption caused by compression. The study results

indicate that the mechanical loading environment should be considered when assessing

the release kinetics of a drug loaded bone augmentation material for both toxic and

therapeutic effects.

4.3.8 Methods

A two paste chemically cured resin blend was fabricated from a blend of Bis-GMA and

HEMA based on the compositions in Table 4.7, mixed in the appropriate weight ratios

with either BPO, or DHEPT, to initiate the free radical polymerisation reaction upon

mixing. Resin blends were shielded from light and mixed in a shaking incubator at

37◦C, 2 Hz overnight to achieve homogeneous mixtures. The borate-glass reinforcing

phase was fabricated as described by MacDonald et al[285], ground and sieved to

retrieve <45 µm particles. Each cement paste was formed from a mixture of glass filler

(60 wt%) mixed to homogeneity with either resin part one or two (40 wt%), through

hand spatulation. Cement cylinders were fabricated using a cylindrical aluminum split

mold (4 cm diameter, 3 cm height) filled with an equal mixture of the two pastes (40

g/paste, 80 g total) through hand spatulation, clamped between two stainless steel

plates, and allowed to cure for an hour. Samples were removed from the mould, and

stored in a desiccator overnight until the elution study.



138

Table 4.7: Two paste chemically cured resin system (wt%).
Component Paste 1 Paste 2
Bis-GMA 54 % 53 %
HEMA 45 % 45 %
BPO 1 % 0 %
DHEPT 0 % 2 %

Incubation conditions

Cylindrical cement samples (n=4) were incubated at 37◦C in 950 ml (surface to vol-

ume ration of 15 ml/cm2) SBF[322] for 48 h under three loading conditions: a) no

mechanical loading, b) cyclic compressive loading and c) static compressive loading.

Both cyclic and static compressive loading was performed using a Bose Electroforce

3510 system (TA Instruments, MN). Environmental control tank volume was reduced

to approximately 1.5 l by the fixation of an acrylic cylinder (approximately 12.5 cm

diameter, 25 cm height) to the chamber base centred around the loading platform us-

ing silicone marine adhesive on the outside rim. The outer tank was filled with water

during testing to improve heat conduction from elements and stabilize temperature.

Cyclic loading was performed as a compression-compression sinusoidal waveform, os-

cillating between 0.3 to 6 MPa at a frequency of 2 Hz. Static compressive loading was

performed at 4.3 MPa (the equivalent RMS value of the cyclic loading conditions).

Incubation media was sampled through the removal of 5 ml of SBF at 1, 2, 3, 5, 6, 8,

12, 24, 36 and 48 h, and replaced with 5 ml of fresh SBF.

Water sorption measurements

Cement cylinders were removed from solution and patted dry of excess SBF before

the measurement of wet weight. Cylinders were then dried in a 45 ◦C oven until

constant mass was achieved and dry weight was recorded (approximately 7 d). Water

sorption was recorded as the difference between wet and dry weights.
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Ion release

Ion release profiles were assessed through the use of ICP OES, for the presence of

both B and Sr in solution. Extract media was diluted in 2 % HCl to 1:100 and 1:1000

dilutions for the assessment of B and Sr respectively. ICP-OES measurements were

performed in triplicate, against a standard calibration curve, and corrected for the

removal of SBF during sampling. Ion release profiles were fitted through least squares

regression to diffusion controlled release models, with model parameters compared

between elution conditions using a corrected Akaikes Information Criterion.
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4.4 A pilot implantation study of borate glass filled hydrophilic bone

cements
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4.4.2 Abstract

Hydrophilic composite resin cements reinforced with degradable borate glasses may

provide a mechanism of providing long term strontium release to improve local bone

quality. A pilot implantation study in a New Zealand white (NZW) rabbit femoral

defect model was conducted to evaluate the local response to these novel materials.

A favorable tissue response with evidence of direct new bone formation was observed.

Highly hydrophilic glass filled cements may present benefits of rapid surface mineral-

ization, and a press fit coupling to bone.

4.4.3 Introduction

Systemic strontium salt administration has demonstrated increased new bone for-

mation while simultaneously decreasing bone resorption, resulting in increased BMD

and strength [305]. These effects, mediated through direct local signalling pathways,
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may be possible through the local release of strontium ions from biomaterials[29]. To

provide such an effect, a strontium releasing borate-glass reinforced composite-resin

bone cement has been investigated for therapeutic potential[306]. The cement com-

prises two principle differences to conventional resins (e.g. Cortoss R© ). The first

difference, is the incorporation of up to 45 % HEMA providing a highly hydrophilic

resin phase. The second is the utilization of highly degradable borate glasses as the

filler phase, for sustained strontium release[306, 285]. However, given the substantive

differences in composite chemistry, three critical issues arise. Firstly, it is important

to understand if the local response after implantation is appropriate to allow sus-

tained ion release in the intended application (i.e. fibrous encapsulation eliminated

or minimized). Secondly, if fibrous encapsulation occurs, it is important to estab-

lish if it has been mediated by changes to the organic versus inorganic compositional

chemistry. Finally, histopathology methods must be verified for appropriateness to

assess the ability of local strontium release to alter bone metabolism and integration.

4.4.4 Materials and methods

Glass comprising 70 mol% B2O3, 26 mol% SrO and 4 mol% Na22O was fabricated

as per MacDonald et al[285], to retrieve sub 25 µm particles. Two-part resin blends

containing 45 wt% HEMA was mixed per the literature[306]. Unfilled resin cylinders

were fabricated through the hand spatulation of equal weight measures of the two

resin components, filled into split ring cylindrical moulds (3.5 mm diameter, 6 mm

depth), clamped between acetate sheets and allowed to cure for 1 h. Glass filled

composite cylinders were fabricated by mixing 65 wt% glass filler, with 35 wt% resin

blend were prepared as per MacDonald et al[306]. Once cured all cylinders were

scraped of excess flashing and sterilized using 25 kGy gamma irradiation (Nordion,

Laval QC), and shipped to the animal testing facility. Further ethylene oxide surface

sterilization (55◦C 1 h) was performed at the animal testing facility with implants

allowed to off-gas for 8 d prior to implantation.
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Animal Model

The protocol for a non-critical sized femoral defect model in a NZW rabbit was re-

viewed and approved by an Institutional Animal Care and Use Committee (IACUC:

Accell Lab Inc, Laval QC, Canada) in accordance with the Canadian Council on Ani-

mal Care guidelines. Four male rabbits (four months old, 3.35-3.83 kg, Charles River

Laboratories, Wilmington, Mass) were individually housed, with collecting trays lo-

cated below perforated floors. Animals acclimated at the testing facility for six d

prior to implantation procedures. High fibre food (Teckland, Ind USA) was supplied

at 180 g/d, along with supplements of hay, fruits, and vegetables or bunny block

treats. Water was provided ad libitum. Animals were subject to a physical examina-

tion by the supervising veterinarian (including cardiac and pulmonary auscultations)

to ensure fitness. Animals were identified by a unique study number, tattooed on the

ear at the time of the surgical procedure.

Surgical Procedure

Rabbits were sedated using subcutaneous Acepromazine (1 mg/kg), following by IV

propofol (7.5 mg/kg) to induce anaesthesia. Animals were intubated, and ventilated

through passive balloon ventilation, with oxygen and isoflurane used to maintain sur-

gical anaesthesia. Lactate Ringers solution was used to provide warm fluid therapy

(10 ml/kg/h) through the procedure, and adjusted to correct for changes in blood

pressure. Prophylactic antibiotic therapy and pre-emptive analgesia was administered

per the literature[323]. Surgical sites were accessed and prepared as per O’Connell et

al[313]. Unfilled resin composites were inserted in the left femoral defects, while filled

composites were inserted into the right femoral defects on the three test animals. The

fourth control animal had bilateral defects left unfilled. Bupivacane (0.25 % up to 1.5

ml/ surgical site) was infiltrated to provide local anaesthesia, soft tissue layers were

reflected back and sutured, and the wound was treated with an antibiotic ointment.
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Post-surgery, animals were closely monitored until the completion of the study. After

eight weeks, animals were anaesthetized, and euthanized through rapid IV adminis-

tration of Euthanyl (240 mg/ml). Gross necropsy was performed and implant sites

were removed, dissected from connecting soft tissue, and micro CT scans were col-

lected using a Nikon skyscan model 1172. All samples were processed per O’Connell

et al. and stained with a Goldners trichrome[313] . Histologic evaluation (n=3/test

article) was performed under 400x magnification and rated as per ISO 10993 by the

study pathologist. Histomorphometry was performed on whole section images (n=3/

test article) using Image Pro-Premier version 9.2 image analysis software using a

polygon tool to identify the boundary area of the defect area (fracture edge), test

article residual area, area of bone apposition, percentage new bone area, soft tissue

area and void area.

4.4.5 Results

All animals survived the procedure. At day 24 of the study the sham animal was euth-

anized due to dehydration and prolonged refusal of food. For clarity, sham defect sites

showed 91.8 ±0.8 % new bone area (Figure 4.24 a, d), with moderate fibro-connective

tissue formation and fatty infiltrate/marrow formation at the time of sacrifice; con-

firming a normal wound healing response to the surgical procedure, without evidence

of infection (Table 4.8).

A summary of histopathological findings is presented in Table 4.8. Both unfilled

resin (Figure 4.24 b, e) and composite resin (Figure 4.24 c,f) sites showed no polymor-

phic nuclear cells, lymphocytes, plasma cells, evidence of necrosis, infection, fibrous

exudate, tissue degeneration, void spaces or fluid/material buildup surrounding the

defects. Slight decreases in the observed number of giant cells was noted between ma-

terials with a narrow band of fibrous encapsulation being present for all of the glass

filled resin cylinders. Conversely, the unfilled resin cylinders showed no fibrous en-

capsulation. Implant irregularity was not significantly increased in the unfilled resins



144

Figure 4.24: Histologic response, 8 w post implantation, Goldners Trichrome stain
low magnification (10 x, subfigures a, b,c) and high magnification (subfigures d, e, f).
Sham defects (a, d) showing fibrous infiltrate, unfilled resins (b, e) showing mineral-
ized bone formation at implant surface (stained green) and glass filled resins (c, f)
evidence of unmineralised osteoid formation (stained red/orange) and implant surface
irregularity.
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Table 4.8: Histological and histomorphometry results for sham, glass filled, and
unfilled defect sites, 8 weeks post implantation.

Parameters (Mean ± SD)
Glass Filled

Resin
(n=3)

Unfilled
Resin
(n=3)

Sham
Defect
(n=2)

Polymorphonuclear cells 0.00 ± 0.00 0.00 ± 0.00 0.00 ± 0.00
Lymphocytes 0.00 ± 0.00 0.00 ± 0.00 0.00 ± 0.00
Plasma cells 0.00 ± 0.00 0.00 ± 0.00 0.00 ± 0.00
Macrophages 1.00 ± 0.00 1.00 ± 0.00 1.00 ± 0.00
Giant cells 1.00 ± 0.00 0.67 ± 0.58 0.00 ± 0.00
Necrosis 0.00 ± 0.00 0.00 ± 0.00 0.00 ± 0.00
Infection 0.00 ± 0.00 0.00 ± 0.00 0.00 ± 0.00
Fibrous Exudates 0.00 ± 0.00 0.00 ± 0.00 0.00 ± 0.00
Tissue Degeneration 0.00 ± 0.00 0.00 ± 0.00 0.00 ± 0.00
Neovascularization 1.00 ± 0.00 1.00 ± 0.00 1.50 ± 0.71
Fibrocytes/
fibroconnective tissue,
fibrosis/encapsulation

1.00 ± 0.00 0.67 ± 0.58 3.00 ± 0.00

Fatty infiltrate/marrow 1.33 ± 0.58 1.33 ± 0.58 3.00 ± 0.00
New bone formation 1.00 ± 0.00 1.00 ± 0.00 3.00 ± 0.00
Bone-implant contact/
apposition (including
marrow)

3.67 ± 0.58 3.67 ± 0.58 -

Void Spaces 0.00 ± 0.00 0.00 ± 0.00 0.00 ± 0.00
Fluid/material 0.00 ± 0.00 0.00 ± 0.00 0.00 ± 0.00
Implant irregularity 0.33 ± 0.58 0.67 ± 0.58 -
Bone Apposition (%) 71.4 ± 4.5 91.3 ± 15.0 -
Bone Area (%) 6.4 ± 2.5 13.0 ± 2.9 91.8 ± 0.8
Test Article
Residual Area (%)

93.3 ± 2.6 86.9 ± 2.7 -

Soft Tissue Area (%) 0.4 ± 0.2 0.1 ± 0.2 8.2 ± 0.8
Void Area (%) 0.0 ± 0.0 0.0 ± 0.0 0.0 ± 0.0
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Figure 4.25: Mirco CT of implants sites, 8 weeks post implantation, (a) glass filled
resin cylinder showing high contrast between glass filled material and surrounding
bone tissue, along with the protrusion of the cement cylinder out of the defect site
and (b)unfilled showing the formation of mineralized bone covering the defect opening

relative to the glass filled resins.

Histomorphometry results (Table 4.8) revealed limited soft tissue area and high

rates of bone apposition. Bone area, and bone apposition were both greater with

the unfilled resin, which also demonstrated increased resorption relative to the glass

filled resin. Conversely, residual sample area for glass filled resins (24.14 ± 0.59 mm2)

was significantly higher than both the initial implant area (21 mm2) and the resid-

ual sample area for the unfilled resins (17.57 ± 3.49 mm2), indicating that implant

swelling occurred in the glass filled resin samples. Micro CT images of the glass

filled resin showed strong contrast between the glass filled resin and the surrounding

bone tissues. Glass filled cement cylinder was noted to be extruding from the defect

site at the time of sacrifice, extending beyond the surrounding bone (Figure 4.25

a). While visualization of the unfilled cylinder using micro CT image is not possible

due to radiolucency, evidence of new bone formation over the surface of the implant

encapsulating the cylinder can be seen, both on the micro CT (Figure 4.25 b) and

on histological slides (Figure 4.24 b), indicating osteoconduction, consistent with the

high degree of new bone apposition reported.
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4.4.6 Discussion

The beneficial effects of Sr2+ at levels as low at 8.7 mg/l has been demonstrated in

vitro[6]. Previous literature has established that the glass filled test article in this

study is capable of exceeding this threshold over a 60 d evaluation period[306]. How-

ever, in order to achieve these therapeutic levels of release, significant alterations to

the composite chemistry were required. This study observed low levels of fibrous en-

capsulation and high rates of new bone apposition demonstrating a favourable bone

integration response for both the glass filled and unfilled resin specimens. Similar

models have reported mild to moderate layers of fibrous encapsulation in response

to the implantation of PMMA, or Cortoss R© at 8 weeks[28] . While direct bone de-

position was reported in implantation studies of Cortoss R© , the onset of new bone

formation was longer than was seen in this study. Specifically, new bone formation

was reported after 12 weeks for Cortoss R© , as opposed to the 8-week onset of new

bone formation observed with the test articles. These observations may be impacted

by specimen preparation, specifically, the selection of pre cast cylinders, which pre-

cluded, for example, an evaluation of the effects of exothermic setting reaction on

host response. This implant form was selected to facilitate the comparison with the

unfilled resin, which would lack the required viscosity for safe injection. In compar-

ing the glass filled test article to the unfilled test article it was noted that the filled

resin did not appear to provide increased bone formation, or bone apposition relative

to the unfilled resin. In fact, decreased new bone formation, and increased fibrous

encapsulation was noted for the glass filled resins. Contrastingly, and of particular

interest is the layer of mineralized bone formed over the unfilled resin implant surface,

attributable to spontaneous mineralization promoted by the highly hydrophilic resin

[via a mechanism equivalent to HEMA hydrogels][297]. The unfilled resin samples

also showed decreased residual material volume, and increased surface irregularity

when compared to the glass filled resin samples. The increase in residual material
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volume for the glass filled resin (despite the mass loss known to occur for the filler

phase) was unexpected and may be an artefact of increased cement swelling aris-

ing from increased surface area imparted by the irregularly shaped, uncoupled glass

filler particles, as well as potential capillary action into the voids generated by glass

degradation. While cement swelling has been recognized as a detrimental effect of

hydrophilic monomer additions in the field of dental materials[324], no adverse re-

sponse was seen in this study. Cement swelling may also have been promoted by

the selection of a predrilled surface defect, allowing room for material expansion.

Irrespectively, swell-able hydrophilic cements can counteract shrinkage forces and re-

duce trabecular damage thereby providing improved interfaces with press fit bone

bonding[325, 152]. As such, this attribute may be beneficial in the stabilization and

retention of orthopaedic implants.

Conclusion

The composite materials examined presented high levels of new bone deposition,

without evidence of fibrous encapsulation. The inclusion of strontium releasing glass

imparted implant swelling, which may provide for improved bone integration. High

rates of bone formation in the hydrophilic resin suggest surface mediated mineraliza-

tion is the driving factor for the favourable tissue response and not strontium release.
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Chapter 5

Conclusion

Vertebral compression fractures are the most common outcome of osteoporotic bone

loss, resulting in significant pain, and disability. While PVP has demonstrated sig-

nificant pain relief for osteoporotic patients, mechanical changes to spinal loading,

and osteoporotic progression result in high rates of subsequent fracture. Due to the

progressive nature of the disease, clinical guidelines for the treatment of osteoporotic

VCFs recommend that the primary treatment focus is the prevention of subsequent

fracture. Prophylactic PVP has demonstrated efficacy in achieving this goal, by re-

ducing the rate of adjacent fractures. This protective effect is provided by the proce-

dures ability to compensate for the alteration in spinal biomechanics which accompany

PVP. The benefit of such a procedure could be further expanded through the use of

materials capable of releasing strontium, a divalent cation capable of imparting anti-

osteoporotic effect. While the incorporation of strontium has been attempted through

various approaches in the past, a focus on the modulation of strontium release, aiming

to achieve therapeutically relevant levels has been lacking in the literature.

While bioactive glasses are frequently used as a delivery vehicle for TII’s due to

their easy integration into a variety of materials, they offer limited ion release time

frames. As the majority of bioactive glasses studied are silicate based, significant

reductions in their corrosion rate can be expected within hours of ageing. This decay

in reaction rate occurs as a dense corrosion layer prevents further water infiltration

at physiological pH. Borate based glasses in turn provide a significant extension of

the degradation time frame, providing more uniform network degradation, and may

offer benefits for long term ion release. While promising, these materials are less well

149
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understood, with less predictable glass network structures. Furthermore, challenges

to their use in bone cements are presented by their inability to be coupled into the

resin network and significant mass loss, potentially negatively affecting the mechanical

integrity of the material. In order to utilise borate glasses effectively as TII delivery

vehicles, better understanding of their degradation properties and ability to be used

as reinforcing agents in bone cements is required.

In working towards a better understanding of the long term release of strontium

from a borate glass reinforced composite cement, first the dissolution of the borate

glass in isolation was investigated. This experimental work “Modulation of stron-

tium release from a tertiary borate glass through substitution of alkali for alkali earth

oxide” was published in the Journal of Non Crystalline Solids, and detailed the inves-

tigation of nine glasses composed of 70 mol% B2O3, 30-14 mol% SrO, and 0-16 mol%

Na2O. Post fabrication compositional analysis was performed for all glasses through

acid digestion, revealing B losses of up to 4 mol% during firing. Glass density in-

creased linearly with increasing strontium content (2.62 to 2.98 g/cm3) and a similar

linear increase was observed for glass transition temperature (520 to 641◦C). While

B coordination was not significantly correlated to the prefired strontium content,

multi-linear regression, (accounting for firing losses), revealed significant decreases in

tetrahedral coordination with increasing strontium. These finding highlighted the im-

portance of post compositional analysis in the investigation of borate glasses, where

volatile losses during oxide melting could result in a significant variation between

intended, and true composition. As such acid digest compositional analysis offers an

important tool which is underutilized in this field.

Along with the investigation of glass structural properties, the release of both B

and Sr into PBS was measured over 60 d at 37◦C. Sr release was diffusion controlled

for all compositions, reaching a maximum of 1418 mg/l for the 30 % Sr composition

after 60 d. The diffusion coefficient for Sr release showed a strong linear correlation

to the Sr content of the glass, demonstrating a high degree of tailorability of ion
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release though compositional selection and structural control. While Sr release was

continuous throughout the experimental period, B release kinetics varied between

glass compositions. Glasses which contained low amounts of Na showed continuous

B network degradation and release, however, in compositions containing 6 mol%

Na2O or greater, the measured B level in solution peaked at 14 to 30 d, before

decreasing. While such analysis of Na release was precluded by the high initial Na

content of the elution media, borate-alkali metal interactions were the likely cause of

this finding. While glass modifier release and precipitation effects have been reported

in silicate glass studies, the finding is unusual for borate glasses, which have previously

been reported to undergo uniform degradation. The time frame selected for this

investigation may have been critical in allowing for this observation, as many previous

studies ended after 14 to 30 d. While such time-lines are common in silicate glass

literature and allow for the capture of degradation up until saturation and steady

state is reached, they would be insufficient to capture the full degradation reaction of

the glasses investigated in this study. Borate glasses must undergo a greater degree

of degradation before saturation is reached due to the high solubility of borates, and

thus may require longer investigation periods to fully capture the degradation process.

While high Na content resulted in B precipitation, it is of note that Sr release kinetics

remained unchanged. As such, the incorporation of Na (or other alkali oxides) may

offer beneficial effects in reducing the release of B, offering a potential method of

mitigating cytotoxicity, without limiting TII release from the glass.

While this work demonstrated two significant methods to improve our understand-

ing of borate glass behaviour (i.e. the importance of post fabrication compositional

analysis and the selection of appropriate dissolution time lines), it was limited in its

ability to assess only bulk dissolution of the glass. While this focus is common in

the study of bioactive glasses in which TII release is of interest, emerging findings

from the field of nuclear glasses are pointing to the importance of surface structural
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changes. The use of high resolution atom probe tomography, or scanning transmis-

sion electron microscopy with a high angle annular dark field to assess compositional

depth profile changes has been used successfully in the study of nuclear glasses to

provide information on the progression of the hydration front[227]. Such techniques

could potentially be utilised for highly degradable borate glasses to further our un-

derstanding of the degradation reaction, thus providing improved guidance for the

development of TII releasing glasses. Furthermore, as surface water transport and

diffusivity are being highlighted as governing factors in these reactions, the impor-

tance of organic extracellular fluid components is also drawn into question. To best

utilize surface analysis techniques the incorporation of both organic and inorganic

components of the elution solution would be ideal. While such research has been con-

ducted on the original BioglassTM series, investigating the role of plasma components

on the formation of an altered surface layer[326], similar experiments are needed to

understand the role of surface protein interactions in borate glass reaction. Of par-

ticular importance for the study of glasses for use in mineralized tissues would be the

interaction of dentin matrix protein 1 (DMP-1), which serves as nucleation sites for

HA, and as, such could substantially reduce both calcium and phosphate levels in

solution, altering release kinetics[327]. Ultimately, the application of such analytical

techniques to a broader range of glass compositions will help to better explain the

role of both the glass components and the glass surface in the reaction process.

From the information gained in the first study, a glass composed of 70 mol% B2O3,

26 mol% SrO, and 4 mol% Na2O was selected for use as the reinforcing phase mov-

ing forward. This composition was selected as it demonstrated continuous diffusion

controlled release of both Sr, and B over the 60 d investigated. This selection allowed

for predictable release kinetics over the investigation period, exceeding therapeutic

thresholds for Sr on bone, without concern of decreased degradation due to precipi-

tate formation on the glass surface. Furthermore, this glass composition resulted in

the lowest peak B release of the three diffusion controlled compositions, decreasing
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concerns of potential B toxicity. This glass composition was studied in the second

publication in this work “The Feasibility and Functional Performance of Ternary

Borate-Filled Hydrophilic Bone Cements: Targeting Therapeutic Release Thresholds

for Strontium” which was published in the Journal of Functional Biomaterials and

focused on the effects of resin hydrophilicity and glass filler content on composite resin

properties and ion release kinetics. In this work the effect of varying glass content (55

to 65 wt% of the cement) and HEMA content (15 to 45 wt% of the resin phase) on

handling properties, resin conversion, biaxial strength, and ion release was observed.

These investigations revealed that while no appreciable effect was seen on cement

setting time, with all cements setting within 209 to 263 s, working times in turn

decreased from 255 to 150 s with increasing HEMA content. These results suggested

that the cement formulations have potential clinical applications as snap set cements

from a two paste system. ATR FTIR degree of cure analysis revealed that increased

HEMA content resulted in increased methacrylate conversion (42 % to 81 %). While

high HEMA content composites have previously been reported to increase cytotox-

icity due to the increased leachability of the small monomer, cytotoxicity testing of

these materials (Appendix B) confirmed that no increased cytotoxicity was present,

likely due to the increased degree of cure reducing leaching from the resin.

Biaxial flexural strength following ageing in PBS ranged from 44 to 16 MPa after

24 h, decreasing with increased HEMA content. After 60 d of ageing however, ce-

ment strength ranged from 28 to 16 MPa, with cements containing 30 % HEMA or

less demonstrating a significant decrease from their initial strength at 24 h. Such a

decrease in materials strength is common in composite resins containing degradable

fillers, and was expected to have a significant effect on the investigated materials in

which the filler was designed to provide prolonged degradation. The finding of main-

tained, or improved strength over time for cements containing 37.5 or 45 % HEMA

were thus an unexpected, and unique finding. While residual curing could explain

such a finding, the greatest increases in strength were observed in the materials with
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the greatest degree of cure, leaving this explanation unlikely.

The release of both Sr and B from these cements was investigated, following

ageing in PBS. While increasing HEMA content resulted in increased B release, as

was expected by the increased water sorption, no such effect was seen for Sr release.

B release was high (between 67.7 and 183.6 mg/l at 60 d), but no longer diffusion

controlled. Similar to the release profiles observed for the high Na content glasses

a peak and fall in boron concentration was observed for all but the highest HEMA

content cements. Maximum B release of 15 % of the initial B loading was observed

for the 45 % HEMA, 65 % glass cement after 60 d. Sr release was much lower than

B release (9 to 32 mg/l), reaching a maximum of 1.3 % of the loaded Sr, with the

greatest release seen in the 30 % HEMA cements. While investigations into the glass

in isolation resulted in preferential Sr release, no preferential release was seen from

the cement samples. This change can be explained by the formation of a strontium-

phosphate phase on the surface of the materials as observed under SEM EDS. These

finding suggest that glass degradation is hydration controlled as expected, however Sr

release may be prevented due to the surface charge generated on the highly hydrophilic

resins, resulting in the formation of the precipitate. The selection of a calcium free

media may have favoured the precipitation of strontium, as calcium phosphates are

less soluble and would be expected to form under such conditions in vivo, decreasing

the phosphate concentration and sparing strontium precipitation.

The evidence of precipitates was observed not only on the surface of the glasses,

as altered layers, but also on the resin phase, suggesting that their formation was not

generated by decreased transport phenomena and supersaturation. These findings

highlight the importance of matrix filler interactions, and is likely the factor which

provided the unusual increase in strength seen in these materials, with precipitates

serving to reinforce the composite. As such highly hydrophilic materials may offer a

unique ability to compensate for the loss of strength associated with small molecular

weight monomers, as well as the plasticizing effects of water uptake. This surface
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reaction may also provide improved tissue integration in a mechanism similar to

bioactive glass integration, in which the formation of an HA like surface layer is

an important step. As such the ability of highly polar polymers to spontaneously

generate mineral phases could be beneficial in long term implantation environments

providing increased mechanical reinforcement over time.

The interaction between solution and surface effects which govern the formation

of the precipitates on these materials, while similar to those which govern bioactive

glass degradation, is poorly understood in the field of biomaterials. Peak concentra-

tions of strontium released into solution were much greater in the investigation of the

glass phase in isolation (up to 1418 mg/l), and remained stable in solution, indicating

an important role of surface charge. A similar dependence on surface charge and not

supersaturation has been reported with the formation of a HA alteration layer on cal-

cium free silicate glasses[218]. While such forces are recognized as important, research

into the reaction of bioactive glasses frequently relies upon degradation models which

lack a mechanistic basis, and are thus unable to adequately explain or predict the

effect of altering surface conditions. While interfacial dissolution and reprecipitation

models allow for better predictive power, based on the relative solubility of the various

glass components, they also lack consideration of surface charge. These models how-

ever do highlight the importance of secondary precipitates in preventing saturation,

and permitting prolonged glass degradation. For example, it has been demonstrated

that fluctuations in natural soil bacteria can alter geological glass corrosion due to

metaloprotease secretion, altering the metal content of the solution and accelerating

the surface reaction[328]. Such findings are of particular relevance to the application

of glasses in hard tissue engineering, where spontaneous physiological mineralization

reactions would be expected to alter the local composition of the solution, and thus

the reaction progress. Similarly to the importance of bacterial metaloproteases in geo-

logical glass weathering, the ability of both naturally occurring proteins (i.e. DMP-1)

and poly HEMA to precipitate divalent cations from solution could greatly alter the
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glass degradation reaction. While in vitro ion release experiments are a valuable tool

for the comparison between compositions, they can not be directly linked to true in

vivo release. In order to better understand what factors govern the release in vivo,

adaptations to the ageing environment to better mimic both the chemical as well as

mechanical environment would be needed.

Building upon this work, the third publication of this thesis aimed to deepen our

understanding of the impact of mechanical loading on ion release from such cement

under simulated physiological conditions. Mechanically responsive hydrogel drug de-

livery devices have previously demonstrated significant increases in the release of re-

versibly bound hydrophilic drugs under cyclic loading conditions, due to hydrostatic

pulses generated in the materials. While material stiffness would be expected to be

much greater in bone cements, so would be the mechanical loads on the cements.

Despite the mechanically demanding implantation environment which would be ex-

perienced by these materials, the majority of drug loaded bone cements are tested

under non mechanically loaded environments. While some limited investigations have

taken place, they have focused on the release of sparingly soluble gentamicin from hy-

drophobic PMMA cements[192, 191]. While these investigations both revealed that

drug release was significantly increased over unloaded in vitro testing, the investi-

gations focused on hip arthroplasty models where high levels of tension generated

crack-surface mediated release. While these studies demonstrated significant possi-

bility for mechanical loading to alter drug release, the topic has gained little research

interest, with no focus on hydrophilic cements, ion release, or the mechanical loading

experienced by PVP materials. Along with investigating mechanical loading, this

third study employed SBF, aiming to give a better representation of the ionic con-

ditions, and thus the precipitation effects expected to occur following implantation.

This change in extract conditions was made to test the hypothesis that strontium

precipitation was caused, in part, by the calcium free media used, and that strontium



157

release would be significantly increased if calcium ions were present. The cement com-

position selected for this third experiment was the 45 % HEMA, 60 % glass loading

composition. This cement formulation was selected as it had provided the highest

degree of boron release, and thus presented the greatest extent of network degra-

dation while allowing for sustained mechanical strength over the 60 d period. This

experiment looked at the release of Sr and B over 48 h under three loading condi-

tions, cyclic compressive loading (0.3 to 6 MPa, 2 Hz sinusoidal waveform), static

compressive loading (equivalent RMS value, 4.3 MPa) as well as unloaded. While

the compressive cyclic loading conditions served to mimic the loading expected to

occur during gait, both the static compressive and unloaded conditions were used

as controls to better assess the effects of the loading cycles. ICP analysis of incu-

bation media revealed that, while both compressive loading conditions resulted in

significant decreases in water uptake, concurrent increases in ion release were ob-

served. Cyclic compressive loading increased strontium release 4 fold over unloaded

conditions, while a modest but statistically significant increase was seen under static

compression. While pulsatile fluid flow, similar to what has been used to control

hydrogel drug delivery would explain the increase seen under cyclic loading, static

compressive loading likely increased release rates due to decreased interaction with

the resin components due to decreased swelling. In this study the preferential release

of Sr was again seen, for all loading conditions, demonstrating that the precipitation

of Sr was prevented by the inclusion of Ca in the incubation media. Such a find-

ing is important, as the use of SBF has fallen out of favour for investigation of HA

formation on bioactive glasses, due to inconsistent results which translate poorly to

in vivo HA formation[329, 330]. The significant impact of mechanical loading also

points to the importance of mechanical loading in the release of therapeutic in bone

tissue engineering, where considerable load bearing would be expected to occur.

While this work is important in its demonstration of the significant impact of me-

chanical loading on ion release, a factor frequently overlooked in the design of drug
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delivery for hard tissue applications, it offers several avenues through which further

investigation could be conducted. First of note would be to extend the duration of

testing which was limited in this initial evaluation. While the experiment covered

345,600 cycles, the equivalent of 48 d of mechanical loading, dissolution time was

limited at 48 h, which would greatly reduce the potential for glass network hydroly-

sis. Extension to 60 or even 90 d would be relevant for such a material as it would

represent a normal fracture healing window[331, 332]. While regularly shaped cement

samples were investigated in this work to maintain consistent surface area, the in-

jection of cements into the interconnected pores of a tissue phantom could serve to

further the knowledge gained from this work. Such a testing method would allow for

more accurate representation of the final geometry of the implanted cement, which

has been linked to significant alterations in loading[319]. As the swelling of the in-

jected cement would be limited not only by the constraints of mechanical loading, but

also by the tissue phantom, a more accurate representation of cement swelling, and

thus ion release would also be gained. Similar constrained models have been utilized

for the fatigue testing of acrylic bone cements to better represent the stress distri-

bution in the implanted cement environment and could be adapted for ion release

investigations[333].

While loading amplitude and frequency was selected to represent the mechani-

cal environment of an augmented vertebral body during walking, the constant cyclic

loading regime utilized is not representative of typical human activity. Intermittent

periods of rest, low activity, and more intense activity would be more representative of

true activity levels, and may serve to better predict true response. Variations in both

loading frequency, and amplitude could serve to alter water transport surrounding the

materials and thus may alter the release of ions or other soluble drugs. While mimick-

ing the natural activity of a target patient demographic could be beneficial in terms of

assessing ion release for threshold targeting, testing through a variety of frequencies

and amplitudes could help to better understand the underlying mechanisms which
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govern ion release The mechanical response demonstrated in this work may offer a

method of mimicking natural mechanosensory response in bone tissue, with increased

drug release under periods of increased activity. While using more natural loading

conditions, including constrained phantoms and variable loading regimes could bet-

ter mimic the mechanical environment, alterations to the elution media could also be

made to better understand the implantation environment, as previously discussed.

Flow through environments, which allow for media circulation could also be used to

better mimic a true implantation environment in which blood flow would limit the

accumulation of release products. The selection of appropriate flow rates however is

unclear, and difficult to correlate to in vivo conditions. Ultimately the closest match

to the implantation environment would likely be the use of ex vivo spinal segments,

which would provide mechanical constraint to injected tissue, best mimic loading

distribution, and provide natural nucleation sites. Furthermore, the field of dental

biomaterials has provided improved insight into the movement of water through com-

posite resins using silver nitrate staining which can identify areas of hydrophilicity

and water infiltration[334]. While the extended periods of stain infiltration required

(over 24 h) precluded the application of such a method in this study, if extended

timeframes of loading were used this could provide useful insight into alteration of

fluid flow. If combined with the use of tissue phantoms, such a method could be

useful in identifying how tissue geometry alters water movement, and its correlation

with potential for soluble drug release.

In vivo responses to the 45 % HEMA 60 % glass loading cement was evaluated

through a pilot implantation study which compared response to precast cylinders of

both the resin in isolation, and the glass filled resin (full results in Appendix C). This

selection was made to allow for the isolation of the response to each component, as

Bis-GMA resins have previously been demonstrated to improve tissue response[28].

As such, the hydrophilic resin phase was used as a negative control to isolate any

potential beneficial effect from strontium release. To accommodate this comparison,
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and prevent interference from differences in peak exothermic temperatures, pre cast

cylinders were used as the implanted material. This investigation was performed as

a pilot animal study, in an aim to gain better insight into the appropriateness of this

design to test the efficacy of strontium releasing cements. While favourable healing

responses, with direct bone deposition, was observed for both materials the highest

degree of direct bone deposition and new bone formation as seen surrounding the

glass free resin. The resin phase in isolation provided very high rates of direct bone

deposition, with bone formation evident over the defect surface through both histo-

logical and micro CT analysis. In contrast, the glass reinforced resin demonstrated

significant swelling with minor areas of fibrous encapsulation. While the use of a

pre-drilled defect in a New Zealand white rabbit is a common model for the evalu-

ation of bone tissue engineering materials, it is possible that this model provided a

favourable environment for the high level of swelling seen (allowing for the implant

to protrude past the bone surface), obscuring measurement of new bone formation.

More accurate swelling response could be gained through the direct injection of the

cement into trabecular voids.

Due to the limited sample size of the study, it can not conclusively be determined if

the inclusion of strontium had any detrimental or beneficial effect on the surrounding

tissue. The high level of new bone formation surrounding the resin phase in isolation

however was unexpected, and likely linked to the material’s ability to form sponta-

neous phosphate containing precipitates as observed in vitro. This beneficial effect

from increased hydrophilicity may provide a simple method of improving integra-

tion of acrylic cements without the need for increasing complexity through bioactive

glass inclusion. While such a cement would not offer any anti-osteoporotic efficacy it

would offer substantial benefit over PMMA cement by reducing fibrous encapsulation,

without the unpredictable remodelling observed with CPCs.

Further investigation is merited both into the unexpectedly positive response to

the unfilled resin, as well as to assess if strontium release provided any appreciable
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beneficial effect. To accomplish this goal a large animal study which allows for direct

injection of the materials into trabecular voids would be ideal, allowing for better

approximation of both swelling and loading in vivo. Better understanding of the

movement of strontium and its distribution through the bone network could be gained

through analysis of the HA crystal lattice in the tissues surrounding the implant. This

technique has been used in the early investigations oral strontium therapy, to assess

the mechanism of strontium incorporation into bone[335]. Such investigations could

provide information as to the fate of strontium released from the material, allowing

for a greater understanding of its accumulation, potential for therapeutic benefit, and

region of distribution. This information could be gained by a number of micro analysis

techniques (both X ray and infra-red spectroscopy based), and would provide valuable

information not only in relation to the development of strontium releasing cements,

but would offer unique insight into the distribution of inorganic ions from bioactive

glasses used in tissue engineering. As the greatest limit to our understanding of the

degradation of bioactive glasses is our lack of knowledge of ion transport surrounding

the implant, information gained from such experiments could prove highly valuable

in furthering our understanding of the topic.

While borate glasses offer a method of providing sustained TII delivery, the trans-

lation of such findings into therapeutically relevant release levels remains challenging.

Controlled substitution of strontium for sodium in a high borate glass provided a

method of tailoring the diffusion coefficient for strontium allowing for a high degree of

control over strontium release. The extension of degradation timelines allowed for the

observation of borate precipitation effects, a possible mechanism of mitigating borate

toxicity while prolonging TII release. When incorporated into a highly hydrophilic

composite resin cement however, preferential release was lost due to interactions be-

tween strontium and the resin phase under in vivo conditions, leaving ion release

difficult to assess. While these interactions were favoured by the selection of calcium

free media, the ability of strontium to readily incorporate into a calcium phosphate
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phase leads to difficulty in extrapolating true release behaviour as would be observed

in vivo. This work highlighted the importance of resin-filler interactions, with the

formation of precipitates serving to reinforce the material counteracting strength loss

from filler degradation. The investigation of mechanical loading on ion release high-

lighted that mechanical loading, similarly to the ionic environment, can greatly alter

the release of TIIs from a biomaterial and is an important consideration in the de-

sign and investigation of drug releasing orthopaedic materials subject to mechanical

loading. These findings are significant due to the current predominance of non me-

chanically loaded elution testing environments for orthopaedic materials. While the

ultimate therapeutic efficacy could only be determined through animal implantation

models, further investigation into mechanically loaded simulated implantation envi-

ronments could deepen our understanding of ion release mechanisms and provide for

more accurate estimates of true in vivo release. While a pilot animal study showed

positive tissue response to the strontium releasing cement, no benefit was seen over

a strontium free Bis-GMA, TEG DMA, HEMA implant. These findings, similarly to

the findings of spontaneous precipitate formation on the resin surface draw attention

to the ability of the hydrophilic resin phase to induce mineralization, allowing for os-

teointegration. The findings of this work highlight the importance of hydrophilicity,

mechanical loading and ionic environment in the assessment of TII release, presenting

avenues to further our understanding of biomaterial response to the implantation en-

vironment and guide development of novel products. While the inclusion of a borate

glass into a highly hydrophilic composite resin cement provides a novel mechanism of

significantly increasing ion release over conventional materials, while simultaneously

mitigating the decrease in strength typically observed during ageing, further work is

required to understand the true therapeutic potential of such a material. As such this

material may present a novel mechanism of providing long term mechanical stability,

coupled with load responsive anti-osteoporotic therapy to address the ever growing

burden of age related osteoporotic fractures on the health care system.
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Appendix A

Peak Exothermic Setting Temperatures

Exothermic setting temperatures were assessed during setting time evaluations using

methods described in section 4.2.6. Peak temperatures (Figure A.1) varied between

70◦C for 15% HEMA 65% glass cement, and 114◦C for the 45% HEMA 55% glass

cement. Significant increases in exothermic temperatures when compared to PMMA

cements are likely due to the high HEMA content. Temperatures were largely greater

than the temperatures previously reported for PMMA (41-95◦C)[148, 158]. While

exothermic temperatures are well above the thermal damage thresholds often used as

guidelines for vertebroplasty cement design [1], the direct comparison between setting

time evaluation temperatures and implantation temperatures can not be made due to

variability in the thermal environment, including blood flow presenting potential cool-

ing. While presented by Lewis as potentially deleterious, there is controversy about

exothermic curing heat proving potential clinical benefit through thermal albalation

of local nociceptors providing further pain relief to the patient [336]. While such a

mechanism is possible, no significant decrease in pain relief has been reported at early

time points with the use of Cortoss R©, despite it’s reduced setting temperatures[23].
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Figure A.1: Peak exothermic temperatures of cement curing.



Appendix B

Cytotoxicity testing of cement extracts

Cytotoxicity testing of cement extracts generated in PBS under unloaded simulated

physiological conditions as per section 4.2.6 was performed out of house by WuXi

AppTec (St. Paul, MN, USA). Cement extracts containing 15 % and 45 % HEMA

(65 wt% glass) generated over both 1 and 60 d of incubation were tested to represent

the extremes of the design space. Cement extracts (n=3/composition time point)

were sterilized through use of 0.2 µm syringe tip filters, sealed in sterile polypropylene

tubes, and sent to the testing facility. Cytotoxicity testing was performed as per ISO

10993 utilizing an L-929 mouse fibroblast cell line. Test articles were mixed in equal

parts with 2X Eagle’s Minimum Essential Medium (E-MEM) + 10 % Foetal Bovine

Serum (FBS) to generate a 50 % exposure medium. A positive control of E-MEM

+5 % FBS was used, along with a negative control of E-MEM +5 % FBS with 100

µM CdCl2 to validate the analysis. Cell cultures were incubated with all test media

in triplicate, under humidified conditions, and evaluated for cytopathic effects (as

per Table B.1) at 24, 48 and 72 h. Cytotoxicity results (Table B.2) indicated no

cytotoxic effects were observed after 24 or 48 h. For the 72 h exposure samples, slight

cytopathic changes were seen for all test samples, indicating that all materials tested

were non cytotoxic.
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Table B.1: Criteria for the evaluation of cytotoxicity. Materials with cytopathology
scores below 2 considered non cytotoxic. Positive cytotoxic response considered mild
for scores of 3, and severe for scores of 4.

Grade Reactivity Conditions of All Cultures

0 None
Discrete intracytoplasmic granules; no cell lysis, no
reduction of cell growth

1 Slight

Not more than 20 % of the cells are round, loosely
attached, and without intra-cytoplasmic granules, or
show changes in morphology; occasional
lysed cells are present; only slight growth inhibition
observable

2 Mild
Not more than 50 % of the cells are round, devoid of
intra-cytoplasmic granules, no extensive cell lysis; not
more than 50 % growth inhibition observable.

3 Moderate

Not more than 70 % of the cell layers contain rounded
cells or are lysed; cells layers not completely
destroyed, but more than 50 % grown inhibition
observable

4 Severe
Nearly complete or complete destruction of the cell
layers

Table B.2: Cytotoxicity scoring results

HEMA Incubation Time
Cytotoxicity Scores
24 h 48 h 72 h

15 % 1 d 0 ± 0 0 ± 0 1 ± 0
15 % 60 d 0 ± 0 0 ± 0 1 ± 0
45 % 1 d 0 ± 0 0 ± 0 1 ± 0
45 % 60 d 0 ± 0 0 ± 0 1 ± 0
Positive Control 0 ± 0 0 ± 0 0 ± 0
Negative Control 4 ± 0 4 ± 0 4 ± 0
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Additional animal study data
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Table C.1: Histologic evaluation scoring rubric used for the evaluation of implant
response, adapted from ISO 10993
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Table C.2: Detailed histomorphometry findings of implant response to glass filled
(strontium releasing) implant sites, evaluated 8 weeks post implantation.
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Table C.3: Detailed histomorphometry findings of implant response to unfilled resin
(non strontium releasing) implant sites, evaluated 8 weeks post implantation.
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Table C.4: Detailed histomorphometry findings of sham defect sites, evaluated 24
days post operation due to early sacrifice related to decreased appetite.
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Table C.5: Detailed histological findings of glass filled (strontium releasing) implant
sites 8 weeks post implantation.
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Table C.6: Detailed histological findings of unfilled resin (non strontium releasing)
implant sites 8 weeks post implantation
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Table C.7: Detailed histological findings of sham defect sites, evaluated 24 days post
operation due to early sacrifice related to decreased appetite.
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