journal of the mechanical behavior of biomedical materials 118 (2021) 104461

ELSEVIER

Contents lists available at ScienceDirect

Journal of the Mechanical Behavior of Biomedical Materials

journal homepage: http://www.elsevier.com/locate/jmbbm
Titanium mesh-reinforced calcium sulfate for structural bone grafts i

S. Cavelier?, S.A. Mirmohammadi ?, F. Barthelat >>"

2 Department of Mechanical Engineering, McGill University, Montreal, Quebec, Canada
® Department of Mechanical Engineering, University of Colorado, Boulder CO, USA

ARTICLE INFO ABSTRACT

Keywords:
Fracture
Multi-layer
Composite
Bone graft
Optimization

Calcium sulfate (CS) possesses many of the requirements for an ideal bone graft material: it is biodegradable,
biocompatible, and osteoconductive. However, its relatively low strength and brittleness are major obstacles to
its use as a structural bone implant. Although the strength of CS can be improved by reducing porosity, its
brittleness remains a major obstacle towards its use as bone graft. Here we combine two powerful toughening
strategies which are found in advanced ceramics and in natural bone: Multi-layered architectures and ductile

reinforcements. We first used stress analysis and micromechanics to generate design guidelines that ensure the
proper failure sequence and maximize properties. We then fabricated and tested fully dense CS by hydrostatic
compression layered with layers of titanium woven mesh. Flexural experiments in hydrated conditions confirmed
that the ductility and strength of titanium and the adhesion at the titanium-CS interfaces (controlled by the size
of the Ti mesh) are critical factors in the mechanical performance of the composite. Our best design exhibited a
toughness 180 times larger than that of plain CS, together with a 46% increase in strength.

1. Introduction

Large segmental bone defects are the consequence of various diseases
such as highly complex traumatic and post-traumatic injuries, bone tu-
mors, or infections. Millions of patients worldwide suffer from large
segmental bone defects (Bohner et al., 2012; Hall et al., 2010) and or-
thopedic surgery fails to provide fully adequate treatment options, with
failure rates approaching 25% (Mankin, 1987). The study of the first
allograft surgery attempts on humans in the late 19th Century by Vit-
torio Putti (Donati et al., 2007) led to a better understanding of bone
healing and of the principles of bone grafting science that still apply
today. Among these, Putti noted the importance of asepsis, of the me-
chanical characteristics of the graft and the surrounding tissues, and of
the role of the osteogenetic capability of the graft in its integration.
Based on a century of bone grafting history, Bohner (Bohner et al., 2012)
later extended Putti’s principles to three major requirements to be ful-
filled for an ideal bone graft: (i) mechanical properties that match
healthy bone in terms of stiffness, strength, and toughness; (ii)
biocompatibility, osteoinductivity, and osteoconductivity to promote
healing and bone cell recruitment; (iii) ability to degrade and resorb at a
rate similar to healthy bone. Modern techniques enabled autografting
and xenografting procedures despite the associated complications such
as viral and bacterial transmission (Zamborsky et al., 2016),

immunological incompatibility (Bohner, 2010), and non-union or
structural failure (Muller et al., 2013). The discovery of biocompatible
materials accelerated the development of available grafting techniques.
A popular biomaterial is titanium (Ti), which is biocompatible and
strong, but this metal is much stiffer than bone (leading to stress
shielding (Noyama et al., 2012)) and does not resorb (Hahn and Palich,
1970). Polymers such as polylactic acid, polyglycolic acid, or
collagen-derived biomaterials offer interesting properties in terms of
biocompatibility and resorption, but they have poor structural integrity
(Coombes and Meikle, 1994; Pneumaticos et al., 2010). Bioceramics or
bioglass ceramics are fully or partially biodegradable and relatively stiff,
but they have low fracture toughness and cannot reliably carry skeletal
forces (Saini et al., 2015; Moore et al., 2001). Finally, biocompatible
minerals such as hydroxyapatite (HA), calcium sulfate (CS), or calcium
phosphate (CP) offer a compromise among degradability, osteo-
conductivity, and mechanical properties because of their chemical
composition (Bohner et al., 2012; Turner et al., 2003; Maeda et al.,
2007; Baino et al., 2017). However they present disadvantages for bone
grafting purposes: CP resorbs at a faster rate than bone growth (Moore
et al., 2001), it is not osteoinductive, and it does not match the me-
chanical properties of natural bone (LeGeros, 2002); HA resorbs too
slowly over years (Bohner et al., 2012; Moore et al., 2001; Ranjan,
2010), and CS does not approach the mechanical properties of bone
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(Anusavice, 2003) despite its promising bone regeneration capability
(Coetzee, 1980; McKee and Bailey, 1984). In the absence of in-vivo
structural integrity, CS is therefore primarily used for non-load
bearing grafts or as defect-filling granulates (Moore et al., 2001; Pietr-
zak and Ronk, 2000). In previous work (Cavelier et al., 2020), the au-
thors have addressed the problem of the low strength of CS and have
optimized CS fabrication parameters. The most relevant improvement in
strength was obtained by reducing the porosity of the material from 54%
to less than 2% by compressing the powder-water slurry during its
setting phase. Flexural strength dramatically increased from 12 to 31.8
MPa, but the addition of inclusions (glass fibres, mineral or ceramic
whiskers, microtablets, and beads) did not improve the mechanical
properties of the porosity-reduced CS.

Optimized CS is still brittle, and its mechanical behavior is far from
that of natural bone. The remarkable performance of bone is due partly
to its structure, which consists of seven hierarchical levels. Each level
has its own energy-dissipation and toughening mechanisms (Weiner and
Wagner, 1998), uncracked-ligament bridging being the most predomi-
nant (Nalla et al., 2003, 2004, 2005). Interfaces are present at most of
the hierarchical levels and play an important role in deflecting incoming
cracks (Ager et al., 2006; Koester et al., 2008). Non-collagenous proteins
such as osteopontin accumulate in these interfaces and are also essential
for the overall toughness of bone (Thurner et al., 2010). The recent
measurements of the adhesive properties of crosslinked osteopontin
suggest that energy is dissipated through sacrificial bonds (Cavelier
et al., 2018). This combination of micro-architecture, interfaces and
adhesive provides a major contribution to the overall toughness of bone
(Ritchie et al., 2009). The toughening mechanisms related to the pres-
ence of interfaces between dissimilar materials exist not only in bone,
but also in other mineralized natural materials such as nacre (Barthelat
et al., 2007) or enamel (Zhang et al., 2014; Bechtle et al., 2010), which
are among the most mechanically efficient natural materials (Ritchie
et al., 2009; Barthelat and Rabiei, 2011). These observations suggest
that designing weak interfaces in brittle ceramics is a strategy to toughen
them. Clegg (Clegg et al., 1990) successfully increased the toughness of
brittle silicon carbide by multi-layering its architecture with weak in-
terfaces. Unlike bulk ceramic, where cracks propagated through the
material, with the direct effect of increasing the stress intensity factor at
the crack tip, incoming cracks were deflected along the interfaces,
parallel with the applied stress, so that the stress intensity factor
decreased, leading to a more stable fracture (Clegg, 1992; Phillipps
et al., 1993). This delay in complete failure dissipated 160 times more
energy and required more loading than bulk silicon carbide. The
strength of the ceramic was improved, and even more dramatically, its
toughness. Kovar et al. (1998) demonstrated that interfaces with lower
toughness or lower stiffness than the layers were more likely to deflect
cracks and increase the overall toughness of the material. Analytical
models from He and Hutchinson (He et al., 1994) indicated that the
energy criterion to ensure crack deflection was % < %, where Tj is the

toughness of the interface and Iy the toughness of the layer. Paradoxi-
cally, this criterion pointed to the importance of softer interfaces to
initiate toughening mechanisms and increase the overall toughness of a
multi-layered beam.

Another strategy to reinforce brittle ceramics is to use a ductile phase
(Krstic, 1983; Sigl et al., 1988). Ductile particles that are perpendicular
to crack propagation can store energy while stretched in the crack wake.
The associated tensioning forces limit crack propagation, a phenomenon
called crack bridging that increases the strain of the composite (strain
hardening) and its work-of-fracture (or toughness). Ductile fibres are
efficient for reinforcing brittle ceramics. Not only do they contribute to
toughness by plastic dissipation during crack bridging (Evans, 1990),
but they also provoke many other toughening mechanisms: debonding
toughness of the matrix-fibre interface (Evans, 1990; Campbell et al.,
1990) and crack deflection along the fibre-matrix weak interfaces are
important contributors to toughness. They also delay fracture of the
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fibres. In addition, fibres that fail in the matrix are subjected to pull-out,
which dissipates energy by frictional slipping (Thouless and Evans,
1988). This strategy has been used successfully on biocompatible ce-
ments. For instance, the work-of-fracture of CP has been increased with
chitosan-PLGA fibres or polycaprolactone (Kruger and Groll, 2012),
with collagen (Moreau et al., 2009), and 100 times with polyglactin fi-
bres (Xu and Quinn, 2002). A similar trend was observed on CS with
cellulose fibres (Coutts, 1986). Finally, Ti fibres improved the fracture
toughness of bone cement by 56% (Topoleski et al., 1992). The simul-
taneous existence of several mechanisms is of interest because the
overall toughness of the composite can be superior to the sum of the
contributions (Evans, 1990). Investigations of the optimization of these
mechanisms are therefore critical. Low ceramic-fibre interface tough-
ness is necessary to promote fibre pull-out, surface debonding, and crack
deflection (Campbell et al., 1990; Budiansky et al., 1986) to reduce
stress singularities, and to delay fibres fracture (Evans and McMeeking,
1986). The length of the fibres (Li et al., 1991) and their alignment
(Campbell et al., 1990) are two other critical parameters in optimizing
the design. From this point of view, fibres interlaced in patterns, or
textiles, provide more control of the architecture of the reinforced ma-
trix and promote the same toughening mechanisms as observed with
fibres reinforced ceramics. This strategy is used in bullet-proof armor,
where the woven aramid mesh gives the composite the ability to dissi-
pate high energy (Kyung and Meyer, 2006). A biocompatible ceramic
reinforced with plain-weave glass textile also demonstrated that
biocompatibility, osteointegration, and superior mechanical properties
(strength and stiffness) could be combined with this strategy (Suchy
et al., 2008).

The present work addresses the problem of the brittleness of CS by
combining CS with a ductile material (interlayer) into a multi-layered
architecture to approach the strength (150 MPa (Weiner and Wagner,
1998)) and toughness (3-10 MPa m'2 (Ritchie et al., 2009)) of natural
bone. First, analytical and numerical models are presented to predict the
effect of geometrical and mechanical parameters on mechanical per-
formance. Then a fabrication protocol is proposed for a CS-Ti mesh
multi-layered composite. The effects of mesh geometry, the number of
layers, and the Ti volume fraction on the mechanical properties of the
composite are investigated.

1.1. Stress analysis and failure

For the ductile interlayers to efficiently reinforce the brittle layers, it
is critical to ensure that failure occurs in the proper sequence. In uniaxial
tension along the layers and under uniform strain conditions, the brittle
layers will start fracturing first, while the more ductile interlayers can
hold fragments together and increase toughness. Under flexural loading
representative of bone graft materials however, this failure mode does
not automatically occur because the stresses are not uniform. In this
section we present a simple model that can guide the design of the
material to ensure that the ductile interlayers provide a sustained rein-
forcement in flexural mode. Fig. 1 is a schematic view of the material
design. We consider a beam (total thickness t, width b, span L) composed
of N layers of a stiff but brittle material (index ‘I’ for layer, thickness = t;)

N N "
T

Stiff layers

Scenario i

Scenario 1,7,

>
Soft interlayers Ny ——
Scenariofly

Fig. 1. Overview of the multi-layered beam modeled in this section and its
geometrical and mechanical characteristics. The analytical model predicts
whether scenario 1; or i; occurs. Finite-element analysis assumes a debonding
length d in scenario 1; and predicts whether scenario 1;1, or 1;i; occurs.
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reinforced by N+1 ductile interlayers (index ‘i’ for interlayer, thickness
= t;). The volume fraction of the stiff material is therefore written:

Nt
Y=—

; (€8]

The relevant mechanical properties are the Young’s modulus and
tensile strength for the stiff material (E; and S)) and the Young’s modulus
and yield strength for the ductile interlayer material (E; and S;). Because
the role of the interlayer material is to strengthen the composite, we
assume that S; > S;. Individual layers of hard material are labelled 1 (k
= 1: lowermost layer) and the softer interlayers are labelled ix (k = 1:
lowermost interlayer). The beam is subjected to a transverse force F
(Fig. 1), which may lead to several possible failure scenarios which we
examine next. Since the tensile stresses are the highest near the surface
of the beam, the first failure may occur at the lowermost interlayer
(scenario i; on Fig. 1). Since the interlayers must act as reinforcements
for the more brittle layers, this scenario is not desired. A second, more
favorable first failure mode occurs at the lowermost hard layer while the
lowermost interlayer remains intact (scenario 1; on Fig. 1). Following
this first failure of the brittle layer, a possible scenario 1;i; (Fig. 1) in-
volves the failure of the outer ductile interlayer. This scenario is not
desirable, because it prevents the reinforcement from these layers. A
more favorable failure is where the next hard layer fails (scenario 1;15).
The objective of the models is to predict the conditions for scenario 1315
to prevail, which will guide the selection of an optimal reinforcing
material for the interlayer and suggest optimal architecture.

A stress analysis on the beam, detailed in the appendix, produces the
following condition for failure scenario 1; to prevail:

S.E; 1—¢
1-2- %) > 2
lei( N+1> - 2

From this result we constructed a failure map as a function of the
ratio of the strength of the hard layer to that of the interlayer and the
ratio of the stiffness of these materials (Fig. 2a, ¢ and N fixed). The map
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Fig. 2. a) Effect of the elastic modulus ratio and the strength ratio on the failure
of the interlayer or the CS layer; b) effect of the number of layers, volume
fraction, and strength ratio on the failure of the interlayer or the CS layer.
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highlights how scenario |; is promoted by low relative Young’s modulus
Ei/E; (low modulus for the interlayers and/or high modulus for the hard
layer) and high relative strength (high strength for the interlayers and/
or low strength for the hard layer). Fig. 2b highlights the effects of hard
material concentration ¢ and number of layers N (E;i/E, fixed). A large
number of layers and a high volume fraction of the hard layers both
promote scenario 1.

We now examine the possible failure scenario once 1; had occurred.
Assuming that the lowermost hard layer has fractured, an edge crack is
present in the system. If the other layers and interlayers are intact, the
high stresses at the tip of the crack must be absorbed by the delamina-
tion of the layer (Clegg, 1992; Phillipps et al., 1993; Chan et al., 1993)
over a distance d (Fig. 3). This configuration makes stress analysis more
complicated, and therefore we examined the problem using the finite
element method. We built finite element models using ANSYS Para-
metric Design Language (APDL) to automatically generate a wide range
of architectures with various debonded lengths d (Fig. 3b). More details
of the finite-element model can be found in the Appendix. The debonded
length d can take small values, or very large values that may completely
“split” the beam. The extent of delamination d can be controlled by the
toughness of the interface between the layer and the interlayer, but we
did no try to explicitly capture delamination in the simulations. Instead,
we performed a series of stress analyses on systems with various lengths
d. We hypothesised that d has an optimum value large enough to
redistribute stresses in the adjacent layers, yet small enough to prevent
complete delamination.

Once the state of stress is known for a given architecture, delami-
nation length and materials properties, we applied a stress-based crite-
rion to predict whether failure would occur in the soft interlayers
(scenario lji;, Fig. 1) or in the next hard layer (scenario 1;15). The
objective of the model was to predict the conditions for desired scenario
1115 to prevail. Fig. 4 shows typical failure maps obtained from the stress
analysis as function of the delamination length d and the strength ratio
for various modulus ratios (Fig. 4a) and number of layers (Fig. 4b). In
general, scenario 11y is promoted for strong but soft interlayers (high
Si/Si, low E;/E;)) and a large number of layers N. The effect of the
debonding length is more complex. Scenario 1115 is promoted by either
very short (d/t; < 0.1) or very large debonded lengths (d/t; > 3). Since
debonding cannot be avoided in the actual material, it is easier in terms
of design and material control to aim for long debonded lengths. How-
ever, if the interface must be weak enough for long debonded length, it
must also be strong enough to prevent catastrophic delamination. For
example, preliminary results on CS beams multi-layered with contin-
uous metallic foils resulted in materials that easily split along the very
weak metal-CS interfaces. These results and observations suggest the
presence of an optimum value for the adhesion between the hard layers
and the interlayers.

Taking into account the design guidelines indicated by the analytical
and numerical models, a composite with ductile interlayers, optimal

=

| Stifflayers

7’

Soft interlayers

Fig. 3. Once the lowermost stiff layer has fractured, high stresses at the tip can
induce delamination over a distance d.
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Fig. 4. Fracture maps indicating the occurrence of the 111, or 1;i; scenario as function of a) debonding length and elastic modulus ratio; b) debonding length and

number of bilayers.

layer-interlayer adhesion that enables non-catastrophic delamination,
and a large number of layers will promote the 115 scenario. Fig. 5 dis-
plays a strength-modulus chart for a large number of biocompatible
artificial and natural materials. We assumed that the properties of the
hard material are fixed: fully dense calcium sulfate (CS) with §; = 31
MPa and E; = 11 GPa, chosen for its relatively high modulus and
biocompatibility. We then used the three design guidelines to select
materials of interest for the interlayers. First we used equation (2) with
N = 5 and ¢ = 0.893 (which are typical of the materials we fabricated),
S = 31 MPa and Ej = 11 GPa. This provided the condition %. > 2.92 on

the interlayers to ensure that scenario 1; initially prevails. This condition
excludes materials like glasses and ceramics for the interfaces. The
second design guideline was based on maximizing S;/ S; and minimizing
E;/E;. Since S; and Ej are fixed, the second design guideline translates
into finding interlayer materials that maximize % Finally, the third
guideline we used relates to energy dissipation in tension. Since crack
bridging by ductile layers is intended to be the main toughening
mechanism, a material with high energy absorbing capability is desired.

Energy absorption can be approximated with U; ~ 1 ‘%jand therefore we

sought materials that also maximize %’?(or minimize SE—*Z) Considering
these three guidelines, we chose titanium (Ti) for the ductile interlayers
(Fig. 5). Ti satisﬁes%; > 2.92 and it has a relatively high %’iand high %
However, as mentioned above continuous Ti layers have poor adhesion
on CS. Therefore we used Ti in the form of woven meshes which pro-
vided better adhesion between Ti and CS. The meshed architecture also
provided another morphological parameter (mesh coarseness) that
could be adjusted to manipulate the adhesion between the layers and
interlayers. Typical properties for the Ti mesh are also shown on Fig. 5.

Technical ceramics
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Fig. 5. Tensile strength vs. Young’s modulus chart for most of the materials
used in bone tissue engineering and for biogenic materials.

Ti meshes satisfy all three design guidelines for the interface choice.
2. Methods

Based on these guidelines, we propose a design and a fabrication
protocol for a CS-Ti multi-layered composite. CS exists in five forms (I to
V) that indicate the purity of the powder and the uniformity of the
crystals (Craig and Powers, 2006). Type V is the purest form of CS and its
crystals are also the most uniform in size, and as a result type V CS is the
strongest with a compressive strength of 90 MPa (Azer et al., 2008).
Typical preparation involves CS hemihydrate that reacts with water to
form CS dihydrate. In this study powder of hemihydrate CS type V
(Suprastone, Kerr Dental, Charlotte, NC) was mixed with water at a ratio
of 10 g of powder to 1.86 g of water to harden (ratio indicated by the
manufacturer). In a previous study (Cavelier et al., 2020) we optimized
the fabrication parameters to maximize strength, and we confirmed that
this mixing ratio is optimum for strength. Additionally, we established
that applying hydrostatic pressure during the CS setting phase decreases
porosity and improves strength. For this study we reinforced the CS
layers with Ti- meshes (Wire Co., Inc. Hillside, NJ, USA) of different
coarseness or open area ratios, which we defined as the surface area of
the open holes divided by the total surface. We used meshes with five
different open area ratios: 49%, 58%, 64%, 77%, and 88% (Fig. 6).
Selecting the coarseness of the mesh can be used to tune the strength and
stiffness of the mesh, as well as the adhesion of the mesh interlayer to the
CS layer since larger open areas provide direct bonds between apposed
CS layers and therefore higher interfacial toughness (Fig. 7d). The in-
terlayers have different homogenized Young’s moduli and strength,

Picture JL0mm. -
Open area (%) 88 77 64 58 49
Wire lameter | 000 0.1 0.1 0.3 0.076

(mm)
PSR 1.19 0.74 0.41 0.97 0.18
(mm)
soune 2 27 35 39 46
modulus (GPa)
Strength (MPa) | 25 49 81 98 123

Fig. 6. Characteristics of the five meshes used in the study, from small open
area (left) to large open area (right), Homogenized strength and Young’s
modulus were estimated following the Voigt iso-strain model. Pictures of the Ti
meshes used to fabricate the multi-layered beam are also shown.
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which we estimated using the Voigt iso-strain model and the data
indicated by the manufacturer (Fig. 6). These moduli will be of interest
later in the discussion of the fracture mechanisms occurring in the
samples.

Because CS fully hardens only 8 min after being mixed with water,
the number of bilayers (a bilayer being a single layer of CS plus a single
layer of Ti-mesh) that can be fabricated at once was limited with our
current method. In the fabrication protocol proposed here, all the wet
bilayers must be placed under pressure together and attempts to
assemble already hardened layers under pressure were unsuccessful
because hardened CS is too brittle. For this reason, the number of bi-
layers we considered here tanged from three to seven. The analytical
model also showed that a high volume fraction of CS is optimal for the
mechanical performances. We therefore investigated the effect of the
mesh geometry with samples with a high volume fraction of CS (94.1%
vol.). Multi-layered beam samples consisting of five layers of CS and five
Ti-mesh layers were prepared. CS powder was mixed with water (ratio
10:1.9) and vigorously mixed to obtain a homogeneous paste. To pre-
pare a multi-layered sample consisting of five CS-Ti bilayers, five 30 mm
by 50 mm rectangles of Ti-mesh were cut, and the freshly prepared CS
paste was spread using a doctor-blading technique (Fig. 7a). Uniform
thickness of the bilayers was ensured by using two tabs with controlled
thickness on each side of the rectangular mesh. The thicknesses of the CS
layers t; were adjusted for each type of mesh to have a constant CS
volume fraction (94.1% vol). The resulting bilayer was then placed in
one of the four 30 mm by 50 mm silicone molds. These molds had a
rectangular cavity with a depth of 2.5-12 mm depending on the total
thickness of the sample prepared. Four additional bilayers were pre-
pared under the same conditions and assembled inside the silicone mold
within 8 min (Fig. 7b). A 40 mm by 60 mm piece of blotting paper was
finally placed on top of the layers to absorb the excess water expelled
from the material during compression. A pressure of 10 MPa was then
applied to the structure using a 25 ton capacity hydraulic press (FW-4
tablet press, Joyfay, Cleveland, OH) to minimize porosity in the final
product (Cavelier et al., 2020). This procedure resulted in samples with
a fully dense and homogeneous mineral phase. Twenty-four hours after
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Fig. 7. a) Doctor-blading technique for uniform
spreading of a fresh paste between two guides; b)
assembly of five bilayers into the mold for the last
step of the fabrication protocol for the multi-layered
beam (hydrostatic compression); c¢) multi-layered
beam sample (open mesh area of 58%) after setting
and cutting with diamond saw; d) schematic view of
three meshes with different open areas, from small
(left) to large (right). Smaller open areas provide
more numerous connections between the CS layers.

Stiff metallic

\cover

Blotting paper

\ Polymeric mold

Stiff metallic frame

being placed in the hydraulic press, the samples were removed from
their frame, and 50 mm by 7.5 mm by 2.5-11.6 mm (depending on the
type of samples) beams were cut with a diamond saw (Accutom-5,
Struers, Denmark). To replicate the humid conditions of the human body
the samples were placed in water for about 2 h before mechanical testing
(it is known that hydrated conditions decrease the strength of CS by
about 25% compared to dry conditions (Cavelier et al., 2020)). The
samples were tested in a three-point bending (flexure) configuration
with a 40 mm span (Expert 5000, Admet, Norwood, MA) to replicate
flexure in long bones.

3. Results
3.1. Effect of mesh size

We first focus on the effects of the Ti-mesh size on the flexural per-
formance of the material. Fig. 8a shows typical flexural stress-strain
curves obtained for materials reinforced with five different types of
meshes. The overall thickness of each type of samples was different
because the thickness of the CS layers was adjusted to maintain a con-
stant volume fraction of CS (94.1 %vol). A minimum of three samples
were tested for each mesh. Within each group of samples, the di-
mensions were consistent ( £3.4%) and the standard deviation of the
flexural strength was 10% or less. In general the stress-strain curves
displayed first a linear elastic response, followed by a relatively long
inelastic region with slight softening typical of fibre-reinforced cements
with non-randomly distributed fibres (Yao et al., 2017). Pronounced
peaks and valleys showed in this region, corresponding to the progres-
sive cracking of the CS layers. As expected and predicted by the models,
the Ti-mesh reinforcement remained unbroken in this process
(Fig. 8b-f). Once every CS layer was cracked the stress dropped sharply
to small values and the test was interrupted. Post mortem examination
revealed that only a few wires in the Ti-mesh interlayers were fractured.
Samples reinforced with Ti-mesh with open areas of 48% and 59%
produced a significantly higher deformation compared to the other
samples reinforced with Ti with more open mesh sizes (>60%). Pictures
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-opmm o

Fig. 8. a) Flexural stress-strain curves for the five multi-layered CS-Ti beams (five bilayers, 94.1%vol of CS); sequence of pictures of typical failure for samples
prepared with b) 49% open area meshes, ¢) 58%, d) 64%, ) 77%, and f) 88%. The numbers 1, 2, 3 on the stress-strain curves indicate the time that each picture

was taken.

taken during the tests (Fig. 8d-f) also showed a marked difference be-
tween these two groups of samples: The samples reinforced with Ti-mesh
with open area of 48% and 59% revealed extensive crack deflection and
multiple cracks within the same CS-layer. This mechanism gave rise to a
diffuse damage zone roughly triangular in shape. In contrast, samples
with higher open areas showed little crack deflection, with a single crack
localized under the loading nose. The Ti-meshes were highly stretched
across the cracks in these samples, but damages and large deformation
were localized in a small volume, which explains the limited strain at
failure in these samples. The samples fabricated with coarse meshes had
an adhesion between CS and the Ti-mesh that was too high, preventing
delamination and the spreading of damage. The absence of delamination
significantly decreased mechanical performance, as predicted by the
numerical models.

Fig. 9 shows the flexural modulus (initial slope on the stress-strain
curve), the flexural strength (maximum flexural stress) and the tough-
ness (defined as dissipated energy per unit volume (J/m%) and computed
from the area under the flexural stress-strain curve). Reinforced samples
did not exhibit improvement in flexural modulus compared to plain CS.
On the contrary, the imperfect Ti-CS interfaces decreased the stiffness of
the material. Samples fabricated with 58% open area mesh were the
most compliant (flexural modulus of 1.63 GPa, whereas CS has a
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Fig. 9. Flexural strength, flexural stiffness, and energy dissipation (normalized
by their largest values) of multi-layered CS-Ti beams prepared with Ti-meshes
with five open areas (five bilayers, 94.1%vol CS) and a comparison with plain
CS. N; indicates the number of samples.

stiffness of 18.58 GPa). Strength was however significantly higher (p <
0.05) for the 58% open area mesh than for the other types of mesh,
reaching 34.86 MPa which suggests that this mesh was optimal. This
represents an improvement of 9.5% on the strength of plain CS. Samples
with higher open areas did not exhibited higher strength, possibly
because of the lower strength of their interlayer according to the pre-
vious analytical investigation. The mesh with the smallest open area
(49%) did not improve the strength of the material either. As discussed
previously, this result can be attributed to a layer-interlayer interface
toughness which is too low, but also to the stiffness of the interlayer,
which was higher than that of the other interlayers (Fig. 6), a result that
had been predicted by the FE analysis (Fracture scenarios |; and then 11
are promoted by low interlayer modulus). The most significant
improvement in these materials was in terms of energy absorption
(toughness), which was generated by crack bringing and plastic defor-
mation in the Ti-meshes. Samples with 58% open area meshes showed
the strongest evidence of bridging, with multiple loading peaks of the
stress-strain curves, some of them higher than the initial peak. In these
samples the toughness was about 100 times higher than plain CS, the
greatest improvement among the five types of mesh.

3.2. Effect of CS volume fraction

We now focus on designs based on Ti-mesh reinforcements with 58%
open area, and we examine the effect of volume fraction of CS,
controlled by keeping the number of bilayers at five and by adjusting the
thickness of the CS layers. The total thicknesses of the multi-layered
beams were therefore different for each CS volume fraction. We
considered four volume fractions of CS: 94.1%vol, 90.5%vol, 84.1%vol,
and 78%vol, with a minimum of three samples fabricated for each CS
volume fraction. Fig. 10a shows typical flexural stress-strain curves that
illustrate the effects of CS concentration and Fig. 10b shows snapshots of
the samples fabricated with 90.5% and 78% vol. of CS at a flexural strain
of 15%. The samples exhibited the same type of mechanical response,
with extensive microcracking and Ti mesh deformation. The sample
with 78% vol. CS however showed earlier debonding of the Ti mesh,
with the result of a decrease strain at failure. Fig. 10c shows a summary
of the mechanical performances (modulus, strength and toughness) as
function of CS volume fraction. Because of the imperfect Ti-CS in-
terfaces, the Young’s modulus of the different composites tested here did
not exceed about half of the stiffness of plain CS. The number of layers
(and thus, the number of imperfect interfaces) was the same for all
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Fig. 10. a) Flexural stress-strain curves for two typical samples made with 90.5%vol and 78%vol of CS; b) pictures taken before and after failure of multi-layered
beams made with 90.5%vol and 78%vol of CS (five bilayers, open area of 58%); c) mechanical properties (normalized by their largest value) of multi-layered CS-Ti
beams prepared with four volume fractions of CS (five bilayers, open area of 58%) and a comparison with plain CS. N; indicates the number of samples. Numbers 1

and 2 on the stress-strain curve indicate the time that each picture was taken.

samples. The increase in stiffness from 94.1 to 84.1% vol. CS sample can
therefore be correlated with the change in volume fraction of Ti, since Ti
has a higher tensile modulus (102-104 GPa (Niinomi, 1998) versus
18.58 GPa for CS). Strength also increased as the CS volume fraction
decreased with a maximum attainted strength 70% higher than the
strength of plain CS (p < 0.05, obtained with 78% vol. of CS). Lower CS
volume fraction (i.e. higher fraction of Ti mesh) favored energy dissi-
pation, but on the other hand samples with thin CS interfaces failed
prematurely. These competing effects led to an optimal value 90.5% vol.
CS for toughness.

3.3. Effect of number of layers

We now examine the effect of number of layers, with samples rein-
forced with the optimum Ti mesh (58% open area) and with the opti-
mum CS concentration for toughness (90.5% vol). Different samples
were fabricated with 3, 4, 5, 6 and 7 bilayers. A minimum of three
samples were fabricated and tested for each number of layers. Fig. 11a
shows two typical flexural stress-strain curves for samples with three
and seven bilayers. The greater number of layers clearly offered more
toughening mechanisms and delamination opportunities to propagating
cracks. The associated pictures of sample failures in Fig. 11b indicates
that the CS matrix cracked first while the Ti layers remained intact. The
cracks then propagated at the Ti-CS interface as evidenced by the
delamination of the layers on the picture. Such mechanism was a

prediction of the numerical model and crucial element to improve the
toughness of the composite. Moreover, additional fractures occurred on
the bottom CS layers. This multiple cracking of the CS matrix was
another mechanism that dissipated energy. For instance, with seven
bilayers, the bottom CS layer was completely cracked when the initial
crack reached the top CS layers, which resulted in a unique pyramid-like
fracture pattern. Once the CS matrix was completely cracked and
partially delaminated, other toughening mechanisms such as crack de-
flections or crack bridging took over and contributed again to the overall
toughness. As a result, several peaks of various amplitudes (as exhibited
on the stress-strain curves in Fig. 11a) were observed along the stress-
strain curve until dramatic failure. Some peaks even presented an
amplitude that was higher than the first peak, which explained the high
toughness of the samples with a higher number of bilayers. Fig. 11c
summarizes the effect of the number or bilayers on the Young’s
modulus, strength and toughness of the multi-layered beams. Overall,
the Young’s modulus of the samples decreased with higher number of
layers, because of the larger number of imperfect Ti-CS interfaces. The
strongest multi-layered sample (46.9 MPa) had 90.5%vol CS and N =5
bilayers. This value represents an increase of 47% over plain CS. P-value
calculations (p > 0.05) indicated that the N =5, N = 6 and N = 7 data
series were not statistically different which means that strength reached
a plateau for N > 5. The reason could be the larger thickness and lower
span-to-thickness ratio of these samples: studies (Garoushi et al., 2012;
Alander et al., 2005) on composite materials have shown that decreasing
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Fig. 11. a) Flexural stress-strain curves for two typical samples made with three and seven bilayers; b) pictures taken before and after failure of multi-layered beams
made with three and seven bilayers (90.5%vol of CS, open area of 58%); c¢) mechanical properties (normalized by their largest value) of multi-layered CS-Ti beams
prepared with three to seven bilayers (90.5%vol CS, open area of 58%) and a comparison with plain CS. N indicates the number of samples. Numbers 1 and 2 on the

stress-strain curve indicate the time that each picture was taken.

the span-to-thickness ratio increases the shear stresses in the beam.
These stresses become significant enough to affect flexural strength. In
some cases, the maximum shear stress in the beam reaches the interface
shear strength, and flexural strength is dramatically reduced (Daniel and
Ishai, 1994). This effect, which was not taken into account in the
analytical model, could have compensated for the increase in strength
associated with larger N, resulting in a plateau for N > 5. Energy
dissipation, however, increased continuously with N and was 195 times
that of plain CS for N = 7. This result agrees with numerical and
analytical models that indicated that higher values of N promote sce-
nario 11,.

4. Discussion

CS exhibits remarkable biodegradability and osteoconductivity and
is therefore among the best materials for bone grafting purposes. Its lack
of mechanical properties is however a major barrier to further devel-
opment and clinical applications. In a previous study (Cavelier et al.,
2020), we demonstrated that reducing the porosity of CS by compressing
it during the setting phase was the key to strengthening the material.
The optimized CS was however still brittle, and its mechanical behavior
was far from that of natural bone. The present study has addressed the

problem of material toughness. Previous experimental and analytical
studies on multi-layered (Clegg et al., 1990; Clegg, 1992; Phillipps et al.,
1993; Kovar et al., 1998; He et al., 1994) and ductile particle-reinforced
ceramics (Krstic, 1983; Sigl et al., 1988; Evans, 1990; Campbell et al.,
1990; Topoleski et al., 1992) demonstrated how this architecture can
amplify toughness with no decrease in strength. The multilayered ar-
chitecture with hard layers and ductile layers also plays a major role for
toughening in cortical bone (Ritchie et al., 2009). The models we present
here provide useful guidelines for the choice of these interfaces: The
interface must be ductile, and it should have a high strength to stiffness
ratio compared to the hard layers to ensure the proper sequence of
failure. The models also indicated the importance of a large number of
layers. We fabricated and tested a calcium sulfate-based multilayered
material that embodies these design guidelines. We chose titanium as a
biocompatible interface, with a woven mesh architecture to control the
adhesion on CS. The experimental results confirmed the reinforcing
potential of Ti on CS as predicted by the analytical model: different types
of mesh provided various levels of interface-CS adhesion and stiffness,
which were critical to mechanical performance. Meshes with larger open
areas exhibited poor strength and toughness, which can be attributed to
a layer-interlayer adhesion that was too high to provide moderate
delamination. The mesh with the smallest open area was not optimal
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either, because of the higher stiffness of the interlayers, which was not
advantageous as predicted by the numerical and analytical models. We
found that the optimal mesh for strength and toughness was with 58%
open area. Flexural modulus was however relatively low with this Ti
mesh, probably because of a high CS-Ti interface compliance due to
defects. The 58% open area mesh was selected for further investigation
of the effect of volume fraction and number of bilayers. The Ti volume
fraction positively affected both strength and toughness. Overall, the
strongest and toughest samples were those prepared with 84.1%vol and
90.5%vol of CS. Finally, both the numerical and the analytical models
predicted that the 1; and 1;lp scenarios were promoted by large N
(number of bilayers). This result was verified experimentally because
toughness clearly increased with N. Strength, however, exhibited a more
subtle correlation with increasing N: beams were stronger from N = 3 to
N = 5, in agreement with both numerical and analytical investigations.
Strength then saturated and reached a plateau around 45 MPa. Some
crucial elements in the numerical analysis, such as CS matrix cracking or
delaminations at the Ti-CS interfaces were observed in the experiments
especially with a higher number of layers. As predicted by the models, Ti
layers remained intact while CS layers fractured successively. While the
initial crack propagated in the successive CS layers, the bottom CS layers
fractured multiple times. At this point of the experiments, matrix
cracking, crack deflection, delamination and crack bridging were all
observed and a unique pyramid-like fracture pattern was revealed.
These toughening mechanisms provoked peaks of high amplitude in the
stress-strain curve and contributed to improve the mechanical proper-
ties of the composite.

5. Conclusion

This study was motivated by the lack of mechanical properties of
calcium based bone graft materials despite their superior physical
properties such as their osteoinductivity. To address this issue, we
combined two biomaterials with dissimilar mechanical properties: Ti-
tanium and calcium sulfate. The major contribution of this study was to
design and optimize a novel architecture via numerical analysis. The
lessons of this analysis were the importance of both the brittle matrix (to
dissipate energy through cracking) and the ductile layers (to deflect and
bridge cracks, and dissipate energy through interlayer debonding).
Materials were selected carefully to satisfy these conditions and pro-
totypes were fabricated with CS and Ti. These prototypes were tested in
three-point bending. Overall, the best material was achieved with a Ti-
mesh with an open area of 58%, 90.5%vol of CS, and five bilayers: the
toughening mechanisms predicted in the numerical analysis were
prominent in this type of sample. As a result, the multi-layered Ti-CS
samples with this multilayered design exhibited a toughness 180 times
larger than that of plain CS, together with a 46% increase in strength.
Further investigations on this multi-layered bone grafts will include
testing in simulated body fluid and an in-vivo environment because the
presence of Ti could affect both the degradation and the osteo-
conductivity of CS. It is also unknown how the mechanical properties of
the implant will evolve while the graft is biodegrading: dissolution of CS
could affect the adhesion of CS layers to the Ti-mesh and compromise
the integrity of the composite graft. Ideally, the resorption of CS will
match the regeneration of healthy bone to preserve its integrity, strength
and toughness.
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