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Evaluation of modified dental composites as an alternative to Poly(methyl 

methacrylate) bone cement 

Abstract 

Conventional PMMA bone cement, and more lately BisGMA (bisphenol A-glycidyl 

methacrylate) composite bone cement, are employed in various bone augmentation procedures 

such as vertebroplasty. Problems with these materials include high curing exotherm and 

shrinkage, leakage of toxic components after insertion, and exhibition of a modulus mismatch 

between bone cement and weak bone. A novel high molecular weight dimethacrylate, 

polypropylene glycol dimethacrylate (PPG), was used in combination with urethane 

dimethacrylate (UDMA), hydroxy-ethyl-methacrylate (HEMA), silica glass particles and fibres 

to create PPG fibre composite (PFC) dual paste materials. This study was designed to ascertain 

whether PFCs are a viable alternative to Cortoss™ composite bone void filler and Simplex P™ 

PMMA bone cement for osteoporotic vertebroplasty and fracture fixation applications. The 

degree of monomer conversion and curing kinetics of the PFCs and commercial bone cements 

were found using FTIR whilst the mechanical properties were found through biaxial flexural 

testing. An equation was derived to describe the curing profiles of the PFCs and commercial 

bone cements. The curing profiles and equations, and mechanical properties of the PFCs, 

Cortoss™ and Simplex P™ bone cements were compared. It was found that PFC materials had 

more complete monomer conversion, and faster cure than Cortoss™ and Simplex P. The 

flexural strength of some of the experimental materials was comparable to Cortoss™ and 

Simplex P. Incorporating fibres into the PFC materials prevented brittle fracture exhibited by 

Cortoss™ and mimicking the fracture behaviour of Simplex P. 

Keywords: PMMA bone cements; PPG fibre composite; FTIR; biaxial flexural strength  
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1. Introduction 

Osteoporosis (1) and osteoarthritis in the increasing elderly population are escalating vertebral 

fracture incidence and hip and knee implant requirement.  Bone fractures and implants are 

commonly stabilized with polymethyl methacrylate (PMMA) cements (2).  These contain 

methyl methacrylate (MMA) monomer liquid, a highly reactive, volatile, flammable monomer 

that has shown high cell toxicity (3,4), and pre-polymerized PMMA powder (5). There are 

many potential concerns with PMMA cements, including property variability (6) and possible 

contamination (7) from surgeon mixing, less than 100% methacrylate conversion and material 

shrinkage, and poor mechanical properties. After mixing, PMMA cements show a gradual 

change in viscosity as the polymer beads swell with the monomer (5). If the cement is placed 

too soon, cement/ monomer leakage occurs from the site of application.  Conversely, if the 

viscosity becomes too high before placement, bone penetration and micromechanical bonding 

may be jeopardized (5). The toxic uncured monomer can leach into surrounding tissues and 

high MMA curing exotherm can cause tissue necrosis and fibrosis (6,8) and polymerization 

shrinkage can affect the bonding with bone. Mechanical properties of PMMA cement and 

fracture behaviour limit application, particularly in osteoporotic bone (3,9). 

BisGMA based Cortoss ™ composite is currently used as an alternative to PMMA cements for 

fixation of vertebral fractures by cement injection.  It contains a mixture of larger, less 

toxic/volatile dimethacrylate monomers such as BisGMA and TEGDMA (triethylene glycol 

dimethacrylate) and silica fillers more commonly found in dental composites (10).   A major 

advantage of Cortoss™ is that it is supplied in double-barreled syringes with automatic mixing 

tips.  This reduces mixing time/variability and reduces contamination risk.  Unlike the PMMA 

beads, the silica fillers do not swell with time.  The viscosity of Cortoss™, therefore, remains 

stable until methacrylate conversion.  In contrast to the mono methacrylate monomer in 



3 

 

PMMA, Cortoss™ has dimethacrylate monomers that could decrease the leakage of monomer/ 

cement from the cement mantle after insertion.  

CortossTM, however, is not without drawbacks. The conversion of BisGMA based composites 

can be low due to the viscosity of this monomer. High viscosity BisGMA, alone, would also 

produce a composite that would be incompatible with a mixing syringe. Low conversion and 

high viscosity are partially overcome through the addition of lower molecular weight 

TEGDMA but this increases shrinkage and heat generation.  Furthermore, Cortoss™ has been 

shown to exhibit lower or comparable strength and higher modulus than PMMA cements 

(16,18,19).  The mechanical properties of dental composites have previously been improved by 

changing the monomer phase and optimizing the filler particle size, size distribution and shape 

eg fibre addition (25).  

It is the hypothesis of this study that the above problems with Cortoss™ may be mitigated 

through the replacement of BisGMA and TEGDMA with lower viscosity and higher 

conversion urethane dimethacrylate (UDMA) (10) and higher molecular weight, poly 

(propylene glycol) dimethacrylate (PPG) respectively, and replacing part of the particulate 

filler powder with silane coated glass fibres. The resulting novel PPG Fibre Composites (PFCs) 

are described in the following study.  The handling, monomer conversion profiles, calculated 

shrinkage/heat generation, and mechanical properties (biaxial flexural strength, stiffness and 

fracture behaviour) of these PFCs are compared with commercial, “medium viscosity” Simplex 

P PMMA cement and Cortoss™.  

2. Materials and Methods 

2.1. Materials, variables and mixing 

Poly(propylene) Glycol 425 Dimethacrylate (PPG) (Polysciences Inc) was combined with 

Urethane Dimethacrylate (UDMA, Esschem plc) in a weight ratio of 3:1, 1:1 or 1:3. UDMA 
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and PPG contained approximately 150 and 100 ppm monomethyl ether hydroquinone (MEHQ) 

inhibitor respectively.  In addition, UDMA and PPG were supplemented with 70 and 170 ppm 

butylated hydroxyl toluene (BHT). 7 wt.% Hydroxyethyl Methacrylate (HEMA, Esschem plc) 

was then added to the PPG-UDMA monomer system to make the PPG-UDMA-HEMA stock 

monomer.  0.5 wt.% of benzoyl peroxide (BP, Polysciences Inc) and 0.5 wt.% dimethyl p 

toluidine (DMPT, Sigma Aldrich) were added to the stock monomer to make the “initiator and 

activator monomer” respectively. The different monomers were mixed using a magnetic stirrer 

at a speed of 100 rpm for 15 minutes. 

1, 5 or 25 wt.% silane coupled silica glass fibers (GL0271F, d50 15 x 300 μm from Mosci) were 

mixed with silane coupled radiopaque silica glass filler (IF2019, d99 40 μm, d80 30 μm, d60 10 

μm from SciPharm).  The resultant powders phase (60, 75 or 80 wt.%) were hand mixed with 

the initiator and activator monomers to make separate initiator and activator pastes” (Figure 1).  

Eight different formulations were investigated with 3 variables (PPG, powder (P) or Fiber (F) 

content) using a two-level factorial design with one intermediate formulation (Error! 

Reference source not found.). The separate “initiator” and “activator” pastes, for a given 

formulation, were loaded into opposite sides of a double-barrel syringe (Sulzer Mixpac) with 2 

x 5 cm3 barrels.  Equal volumes of the initiator and activator pastes could then be rapidly 

combined, by expulsion through the syringe automatic mixing tips, as required (Figure 1).   

Simplex P PMMA bone cement (Stryker) powder consists of 29.4 g PMMA - styrene 

(molecular weight 306,000 g mol-1), 6 g pre-polymerised PMMA beads (molecular weight 

974,000 g mol-1), 4 g barium sulphate and 0.6 g BP.  The liquid contains19.5 ml MMA, 0.5 ml 

DMPT and 80 ppm hydroquinone (HQ) (15).   PMMA cement was mixed as per package 

instructions. 



5 

 

Cortoss™  (Styker) consists of the dimethacrylate monomers combined with 69 wt.% inorganic 

glass-ceramic filler (5-50 μm), coupled with 2.4 wt.% 3-methylacryloxypropyltrimethoxysilane 

(16), and the bioactive glass-ceramic filler combeite (17). The Cortoss™ bone void filler was 

mixed via delivery gun and mixing tips provided by the manufacturer and cured via chemically 

initiated (benzoyl peroxide and DHEPT) free radical polymerization.  The methods of 

commercial specimen manufacture were the same as those prepared from the PPG composite 

materials. 

2.2. Polymerization setting reaction and shrinkage  

Material FTIR spectra were obtained every 4 seconds for 20 minutes using a series 2000 FTIR 

spectrometer (Perkin-Elmer) with a golden gate diamond ATR attachment (Specac) and 

Timebase software (at 25 ºC).  Brass rings (1 mm thick, 10 mm diameter) were placed around 

the ATR diamond and were filled with the mixed paste directly from the double-barrel syringes 

or with Simplex P after 1 minute of mixing.  The top surface of the mixed paste was covered 

with an acetate sheet to prevent any interference with the polymerization reaction.  

Difference spectra were obtained to ensure methacrylate polymerization was the only process 

causing spectral changes (18). Fractional reaction extent (ξ) was calculated using Equation 

1(19). 

        

Equation 1 

A0, At and Af represent 1320 cm-1 absorbance values at initially time, at time t, and at an 

extrapolated final time (determined by plotting data versus inverse time) respectively.  The 

reaction half-life (t0.5) was taken as the time at which the reaction extent was 50 % of its final 

level. Reaction extent was plotted against time divided by t0.5 to address if methacrylate 

conversion profiles could be described by a single equation (20). Monomer conversion was 
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determined from the height of the 1320 cm-1 peak above the background at 1350 cm-1 (Figure 

2).  Furthermore, polymerization shrinkage was estimated from known compositions and 

extrapolated final conversions assuming one mole of polymerizing C=C bonds gives 

volumetric shrinkage of 23 cm3 (21).   

2.3. Biaxial flexural strength and Young’s Modulus 

For mechanical testing, disc specimens were prepared in a dimension of 10 mm in diameter 

and 1 mm in thickness using split brass rings.  Specimens were left for 24 hours, at 25 °C, 

before extraction from the rings. Any excess material, around the edges, was removed to make 

a smooth edge (Figure 1). Prior to mechanical testing, cured specimens were stored in 10ml of 

deionized water and were incubated at 37 °C for 24 hours. 

A ‘Ball on Ring’ biaxial testing method was employed as reported previously by Palin and 

Mehdawi (22,23). Each specimen was placed on a knife-edge ring support (radius a = 4 mm) 

and then loaded using a spherical tip in an Instron 4505 Universal Testing Machine. Biaxial 

flexural strength (BFS) was determined using Equation 2 (24). 

   

Equation 2 

Where Pmax: maximum load (N), d: average thickness of the sample (mm), a: support radius 

(mm),  ν: Poisson’s ratio (estimated as 0.3 due to the strain rate employed in the biaxial test 

method) (25). 

Elastic modulus, E was calculated from the maximum initial slope of load versus central 

deflection (dP/d) using Equation 3 (26).   
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Equation 3 

2.4. Statistical analysis  

The data will be presented in form of a mean ±95% confidence interval (CI). n = 4 for FTIR 

studies and 8 for mechanical data. Property values are significantly different if error bars do not 

overlap.  SPSS v 21 was used to analyze the monomer conversion, half-life and polymerization 

shrinkage. One-way ANOVA followed by Post Hoc Tukey's test was used to analyse the data. 

The p-value of less than equal to (≤) to 0.01 will be considered significant. 

3. Results 

3.1. Sample handling and syringe use 

For all PFCs, initial viscosity was sufficiently low to enable the use of a commercial syringe 

and automatic mixing tips. It took between 2 and 4 seconds for the pastes to flow through the 

mixing tips.  The pressure on the gun required was higher for formulations with greater powder 

content and lower PPG due to their greater viscosity.  Whilst the syringe was in continuous use 

the paste did not set in the tip.   Material left within the tip set between two and seven minutes.  

The viscosity of the Cortoss™ paste was similar to experimental composite containing high 

filler content and low level of PPG. Although the bore of the Cortoss™ mixing tip was larger 

than those used for experimental composite, the pressure required to extrude the Cortoss™ was 

similar to that required for High PPG formulations but lower than for Lower PPG formulations. 

Simplex P took one minute to mix by hand and 10 minutes to set at room temperature.  

3.2. Setting and shrinkage 

FTIR spectra of curing PFCs and Cortoss™ were similar to those of polymerizing dental 

composites (Figure 2).  Difference spectra were characteristic of methacrylate polymerization.  

These had maxima at 1250 cm-1 and minima at 1300 and 1320 cm-1 due to a change in 
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methacrylate C-O vibration. They also indicated change at 1700 and 1640 cm-1 due to 

methacrylate C=O vibrational shifts and C=C loss respectively (data not shown).  With 

Simplex P there were small changes in the first few minutes characteristic of dissolution of 

polymer into the monomer phase before changes characteristic of methacrylate polymerization.  

Examples of reaction extent versus time divided by t0.5 are provided in Figure 3.  All materials 

demonstrated an inhibition period followed by a rapid reaction. By 4t0.5, reaction extent was 

over 80 % for all materials.  Below t/t0.5 = ti = 0.35 ±0.04, reaction extent was negligible for all 

PFCs Figure 3. Conversely, in the range 0.35 < t/t0.5 < 1, a constant gradient (dζ/d(t/t0.5) = 

0.5/(1-ti) = (0.77±0.03)) was observed.  In this range, reaction extent was therefore given by 

      

Equation 4 

For Cortoss™ and Simplex P similar equations could describe the results but with ti = 0.52 and 

0.77 respectively.  

t0.5 values for all formulations are provided in Error! Reference source not found., and 

Figure 5.  Increased PPG and powder content both significantly raised PFC t0.5 when fibre 

content is held constant.  

With 60 % powder, t0.5 (averaged over fibre content) are 72 s and 184 s with 23 and 70 % PPG 

respectively.  With 80 % powder, these increased to 132 s and 246 s.  Cortoss™ t0.5 (231 s) was 

similar to that of PFC 5-8. Simplex P t0.5 (403 s) was higher than that of all other materials.  

PPG content was the only variable to significantly increase final monomer conversion (p ≤ 

0.01). It increased on average from 70 to 97 % with an increasing PPG level from 23 to 70 wt. 

% of the monomer.  Monomer conversion of simplex P was 76 %).  Conversion of Cortoss™ 

was the lowest (64 %).  Calculated shrinkages of PFCs with high powder content were 

z =
1

2(1- ti )
[t / t0.5 - ti ]



9 

 

comparable to or lower than that of Cortoss™  (3.7%) and Simplex (6.2%) respectively (see 

Error! Reference source not found.). 

3.3. Biaxial Flexure Strength, Young's Modulus and Fracture Behaviour 

All disc specimens with low fibre content (1%) had a brittle failure. Raising fibre content had 

no significant effect on load or deflection at yield but increased deflection at final failure.  Load 

versus displacement of Simplex P PMMA was similar to that of PFC 2.  

PFC BFS ranged between 37 and 158 MPa and was affected most by PPG level (Figure 4). 

Raising powder content increased strength at high PPG levels but had the opposite effect at low 

PPG. The strength of Cortoss™ (120 MPa) and Simplex P (131 MPa) were comparable with 

the average result for PFC with low PPG content. 

PFC moduli ranged between 0.3 to 2.9 GPa and were reduced most by increasing PPG. It also 

declined, however, on reducing powder content (Figure 4). The modulus of PFC 1 (1.8 GPa) 

was comparable with that of Simplex P (1.6 GPa). Cortoss™ ’s stiffness (3 GPa) was found to 

be significantly higher than all but PFC 3 and 4.   

4. Discussion 

4.1. Handling 

The glass particles and fibres used in the above study are silane treated enabling greater filler 

content (27,28). The highest PFC filler content of 80 wt.% was 11 wt.% higher than in 

Cortoss™. Zhang et al have found that fibre incorporation affected the handling of 

methacrylate composites by increasing the viscosity (29). In the present study, the silane 

treatment and aspect ratio of incorporated fibres were such that the handling of the material 

was in no way compromised. 
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The easy and rapid PFC mixing would save the surgeon time and facilitate a fast set. 

Application via the mixing tip end directly into the implant site would avoid contact with other 

operating theatre surfaces and thereby reduce bacterial contamination risk. 

4.2. Setting and shrinkage 

The mechanism of free radical polymerization of dimethacrylates involves initiation, 

inhibition, propagation, crosslinking and termination steps.  After mixing of initiator and 

activator pastes the rate of the polymerisation initiation, Ri and concentration of inhibitor [Z] at 

a time, t, will be given by (30–32) 

    and     
 

      

kd, is the rate constant for initiation, f is the initiator efficiency, [A], [B] and [Z0] are the amine, 

BP and initial inhibitor concentrations in the monomer. If all the inhibitors must be consumed 

prior to any monomer polymerisation the above equations predict an inhibition period given by

 

 

In the above PFC formulations, amine and initiator concentrations are constant. The 

approximate doubling of inhibition time with raising PPG content may therefore be a 

consequence of varying inhibitor concentrations and/or fkd being larger for UDMA than PPG.  

The increased inhibition time with the highest powder content may be due to greater oxygen 

incorporation due to filler not being completely “wet” by the monomer increasing oxygen 

inhibition.  

Higher ti of Cortoss™ is likely due to a combination of different monomers and inhibitors.  

Simplex P contains double the concentrations of BP and DMPT with fewer inhibitors.  The 

most likely reason for greater reaction delay and higher ti is therefore that BP must dissolve / 
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diffuse, from the surface of the filler phase, into the monomer phase before any reaction can 

occur. 

Immediately subsequent to the inhibition period, the polymer concentration will be negligible.  

Furthermore, the total number of polymer molecules formed is much smaller than the initial 

monomer molecules.  Moreover, larger polymer molecules diffuse more slowly. Most of the 

dimethacrylate molecules will therefore likely form into linear chains with pendant unreacted 

methacrylate groups before any crosslinking.  From equation 4, in the experimental PFCs, the 

rate of this process is given by;  

        

 

 is the average number of methacrylate groups per monomer and C final conversion.  As C 

and t0.5 increase on average by factors of 1.3 and 1.9 the rate of early monomer reaction 

therefore decreases by a factor of 1.5 on raising PPG level from its low to high percentage.  

This could be a consequence of fkd  being larger for UDMA than PPG as the initial rate of a 

monomer polymerisation is proportional to the square root of Ri (30–32).  Altering the 

monomer could also, however, be affecting the rate constants for propagation and termination 

steps. 

As the reaction proceeds the rate should decline due to monomer consumption but increase due 

to the “gel effect” (31). More viscous monomers, such as BisGMA and UDMA, have a more 

pronounced auto acceleration phase (due to the gel effect) than less viscous monomers, such as 

TEG DMA or PPG (32) or methyl methacrylate. The higher concentrations of initiators and 

low inhibitor levels in Simplex P would enable rapid reaction once the BP has dissolved. Fast 

reaction, however, may lower mechanical properties due to a reduction in polymer molecular 
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weight.  Furthermore, it may cause greater temperature rise due to reduced time for heat 

dissipation. 

After 50 % reaction, methacrylate conversion for the dimethacrylate containing PFC’s and 

Cortoss™ declined due to the slower crosslinking process.  As final conversions are much 

higher than 50 %, in these materials there is unlikely to be significant unbound monomer to 

cause toxicity concerns.  Conversely, with Simplex, 100 % conversion is required to ensure no 

free monomer.  Polymerisation generally ceases when material Tg is 20 to 40 oC above the 

surrounding temperature (33).  As monomers are consumed Tg increases (34).  Crosslinking 

and/or increase in polymer molecular weight also increases Tg (34) but to a lesser extent.  The 

conversion of Cortoss™ and the PFCs with low PPGDMA observed above are comparable 

with those typically obtained with BISGMA/ UDMA/ TEGDMA based polymers and 

composites (34). The greater chain flexibility and lower Tg of polymerised PPG would explain 

the increased crosslinking upon raising the level of this component.   

Fully cured PMMA has a Tg of ~107 oC (35) preventing conversion from reaching 100 % at 25 

oC. In the body, however, the use of larger volumes of cement will lead to high-temperature 

rises.  Although this may cause tissue necrosis it will enable greater conversion.   The PMMA 

conversion ceases more abruptly than observed with the PFC. This would be consistent with 

Simplex P not having a slower crosslinking reaction. The level of heat generation will be 

proportional to the shrinkage.  In the above PFCs, this is kept low by raising the filler content 

and reducing polymerization.  This would potentially aid in reducing the thermal necrosis of 

the bone tissue. 

To improve bone cement hydrophilicity and better bone wetting, HEMA has been added in this 

study. This hydrophilicity of HEMA is characterized by high water sorption, which in turn can 

compensate for the shrinkage that happens during the polymerization reaction.  However, it 
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should be added in a smaller amount as it can induce higher expansion of bone cement and can 

a higher failure of the cement.  

4.3. Biaxial Flexural Strength, Modulus and Fracture behaviour 

In flexural strength studies, the sample is under compression on the top surface and tension on 

the lower surface.  The latter generally has the most influence on flexural strength; with 

crystalline materials, maximum theoretical tensile strength is proportional to modulus but this 

is reduced by flaws that initiate crack propagation (31).  In amorphous polymers such as 

PMMA, strength is increased by raising molecular weight and chain entanglements.  

Crosslinking, however, prevents polymers from disentangling. In a network with a high level 

of crosslinking, C-C covalent bonds must be broken for the material to fail.   

In composite materials, the interface between phases is often the point of greatest 

weakness/cause of failure. Silane treatment of filler enables chemical bonding between the 

monomer and filler phases during polymerization (36). In PFCs and Cortoss™, silane 

treatment of the filler increases monomer wetting enabling strength comparable to PMMA.  

With PMMA a long period of dissolution prior to cure may reduce interfacial weakness at the 

bead/monomer interface.  Preventing flocculation of the radiopacifying components (e.g. 

barium sulphate) could also improve strength.  In PFCs containing high levels of PPG, 

increasing filler content raised strength.  In this case, the monomer is very fluid which enables 

good particle wetting.  After cure, the load may then be more effectively transferred to stronger 

filler particles. With low PPG, strength declined with raising powder content. This may be due 

to the polymer phase being stronger than the glass.  Alternatively, the more viscous monomer 

may less effectively wet the filler particles.  Particle agglomerates may then form particularly 

at high powder content.  Agglomerates reduce strength by introducing flaws (29). They may 

also trap oxygen locally reducing chemical and physical bonding between the filler and organic 

phase (37).  
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High aspect ratio fibres can provide crack control behaviour that is dependent on the matrix 

properties and interfacial bond strength (13). Brittle fracture of the PFC with low fibre content 

was typical of that observed with conventional dental composites and Cortoss™ (38).  With 

high fibre content, the load was carried, with increasing deflection up until the fibres failed. 

This fracture behaviour is more comparable with that of Simplex than Cortoss™. 

For traditional engineering materials, like titanium, strength is usually of the order of 2 % of 

Young’s modulus (39). Composite bone cements, such as Cortoss™ have a strength of around  

4 % of the modulus. For Simplex P cement this value is higher, at around 8 %. For PFCs the 

extension at failure is larger still and the strength can reach up to 12% of the stiffness. 

Reducing the modulus relative to the strength is particularly important in applications such as 

vertebroplasty and screw augmentation when stabilising osteoporotic hip fractures. More 

flexible cement materials may prevent damage to adjacent vertebrae, as over stiffening of 

cement-treated vertebrae can be a major cause of adjacent vertebral fracture (40). 

5. Conclusions 

PPG can be used as a diluent to produce dual paste PFC bone cement with rheological 

characteristics suitable for use in a commercial double-barrelled syringe with a smaller bore 

mixing tip than Cortoss™.  

Handling properties were improved with the use of a double-barrel syringe as compared to 

manual mixing of Simplex cement. Furthermore, the viscosity of the experimental composite 

was found similar to Cortoss™. This automatic mixing reduces bubble formation during 

mixing with limited material loss and time.  

Better experimental composite reaction rate improved the monomer conversion and lower 

shrinkage, exhibiting better biocompatibility than Cortoss™ and SimplexTM. The strength of 

PFCs was comparable to Cortoss™ but those with high levels of PPG had lower modulus 
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which better matches that of bone and prevents damage to adjacent vertebrae when used in 

vertebroplasty.  
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FIGURES AND TABLES 

 

Figure 1 Outline of steps in the sample preparation process. 1: Initiator (BP) or activator (DMPT) is dissolved in the monomer phase which is 

subsequently mixed by hand with particulate and fibre fillers. 2: Each barrel of a 10cc double-barrelled syringe is filled with either initiator or 

an activator containing paste. 3: Two pastes are mixed using the double-barrelled syringe, mixing tip and delivery gun. 4: 10mm diameter, 

1mm thick disc specimen after cure, but before 24hour hydration, is removed from brass split ring mould and any excess material cut away. 

 



19 

 

(a
.u

) 

 

 Figure 2 FTIR spectra of curing PFC5 with time. Inset shows the change in absorbance used to determine the cure profile. The 1320cm-1 peak 

used to measure peak height corresponds to C-O bond in the polymerizing methacrylate group. Only peaks corresponding to the methacrylate 

group are changing – indicating only one reaction (polymerization) is proceeding. 
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Figure 3 Reaction extent, Ϛ, (see equation 1) versus normalised time, t/t0.5. Within experimental error, this plot for all formulations overlaps 

when Ϛ < 50 %. Beyond this point reaction extent versus t/t0.5 tends to 1 more rapidly if the PPG level is high. The legend provides formulation 

composition in order of reaction extent at t/t0.5 = 3.  
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Figure 4 Average BFS and Modulus for varying PPG percentage in monomer (PPG) and total powder percentage (P). When 

the level of PPG is high, raising the Powder content increases strength. At low PPG levels, increasing powder content does not 

increase strength. Error bars are 95% confidence interval (n=16, averaged over 8 high fibre content, and 8 low fibre specimens 

as fibre content did not affect BFS or Modulus).  
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Figure 5 Monomer conversion, time to half-reaction and polymerization shrinkage of commercial formulations (Cortoss and Simplex P) and 

experimental PFC formulations are presented. Low Filler, Low PPG denotes a formulation containing 60 wt% filler and 23 %  PPG monomer 

as described in the methods section, filled/open symbols denote high and low fibre content respectively. Formulations containing 70% PPG 

show significantly higher monomer conversion in comparison with the 23% PPG formulations, Cortoss and Simplex P. PFCs containing the 

same monomer mix exhibit conversion percentages that are not significantly different, irrespective of filler and fibre content. When 

considering time to half-reaction, values for high fibre PFCs are not significantly different to those with low fibre content when overall filler 

content is low. Shrinkage of Cortoss is not significantly different to shrinkage of high PPG, and high filler PFC. In addition, Simplex P does 

not have significantly different polymerization shrinkage when compared with formulations containing 70% PPG and low filler levels. All for 

p ≥ 0.01. (Errors bars: 95% CI, n = 4). 
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Table 1 Formulation compositions: Methacrylates (PPG), powder and fibre contents are given as weight percentages of total monomer, 

composite or powder respectively. Results showed: conversion, t0.5 and shrinkage. Errors are 95% confidence intervals. For Shrinkage, t0.5 and 

Conversion n=4.  

 PPG Filler  Fibre 

(wt.% of 

powder) 

Conversion (%) t0.5 Shrinkage 

 (wt.% of monomer) 

(wt.% of composite)   (s) (%) 

       

PFC1 

23 (Low PPG) 

60 (Low filler) 

1 69 ±3 77 ±11 4.8 ±0.2 

PFC2 25 71 ±1 66 ±6 4.9 ±0.1 

PFC3 

80 (High Filler) 

1 70 ±1 129 ±19 3 ±0.0 

PFC4 25 73 ±1 134 ±2 3.2 ±0.1 

PFC5 

70 (High PPG) 

60 (Low Filler) 

1 96 ±3 201 ±13 5.9 ±0.1 

PFC6 25 97 ±5 166 ±9 6 ±0.3 

PFC7 

80 (High Filler) 

1 95 ±4 273 ±9 3.7 ±0.2 

PFC8 25 92 ±4 219 ±3 3.6 ±0.1 

Cortoss™  64 ±1 231 ±12 3.7 ±0.1 

Simplex P  76 ±1 406 ±28 6.2 ±0.1 

 

 


