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Abstract: Process parameters and post-processing heat treatment techniques have been developed to
produce both shape memory and superelastic NiTi using Additive Manufacturing. By introducing
engineered porosity, the stiffness of NiTi can be tuned to the level closely matching cortical
bone. Using additively manufactured porous superelastic NiTi, we have proposed the use of
patient-specific, stiffness-matched fixation hardware, for mandible skeletal reconstructive surgery.
Currently, Ti-6Al-4V is the most commonly used material for skeletal fixation devices. Although this
material offers more than sufficient strength for immobilization during the bone healing process,
the high stiffness of Ti-6Al-4V implants can cause stress shielding. In this paper, we present
a study of mandibular reconstruction that uses a dry cadaver mandible to validate our geometric
and biomechanical design and fabrication (i.e., 3D printing) of NiTi skeletal fixation hardware.
Based on the reference-dried mandible, we have developed a Finite Element model to evaluate the
performance of the proposed fixation. Our results show a closer-to-normal stress distribution and
an enhanced contact pressure at the bone graft interface than would be in the case with Ti-6Al-4V
off-the-shelf fixation hardware. The porous fixation plates used in this study were fabricated by
selective laser melting.

Keywords: additive manufacturing (AM); superelastic NiTi; porosity; mandibular reconstructive
surgery; finite element analysis; stiffness matching

1. Introduction

Additive manufacturing (AM), also known as 3D printing, is useful for creating complex parts
directly from Computer Aided Design (CAD) software. In general, all AM processes create physical
parts directly from CAD data by adding material in successive layers. This layer-by-layer production
process makes it possible to fabricate structures with engineered porosity. Current 3D printing devices
used for the additive manufacturing of metals create layers by sintering or melting metal powders with
a laser or an electron beam. These powder-bed technologies, such as Selective Laser Sintering (SLS),
Selective Laser Melting (SLM), and direct metal laser sintering are the most common AM processes for
AM fabrication of metal parts [1,2].
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Figure 1 illustrates the core components of conventional SLM or SLS 3D printing. First, the shape
of the part as presented in the CAD file has to be converted into horizontal slices, layers that can be
individually 3D printed. Subsequently, the file that contains the information for all of the layers is
transferred to the AM machine. For powder-bed SLM processes, the powder material is spread by
a blade, knife, or roller on a build plate. Then the laser melts and solidifies selective areas of the powder
bed and creates the first layer of the part. After the fabrication of each layer, a new layer of powder is
spread on top of the previous layer, and the laser sinters or melts the new layer onto the previously
formed layer. The process is repeated until the fabrication process is completed. At the end of the
process, the final part is surrounded by loose powder and the part is removed from the build plate [3].
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NiTi is the most common shape memory alloy (SMA) showing unique functional properties,
i.e., shape memory and superelasticity behavior [4,5]. Porous superelastic NiTi, in particular, has
attracted much attention to be used in metallic implants due to their low stiffness close to that of
cortical bone (i.e., 10–31.2 GPa), biocompatibility, hysteresis behaviors, and appropriate mechanical
properties [1,6–8]. AM processes make it possible to fabricate implants with engineered porosity [9].
Recently, we have used SLM to create porous NiTi implants and medical devices [10–16].

Habijan et al. [17] have shown that the additively manufactured dense and porous NiTi samples
are suitable carriers for human mesenchymal stem cells (hMSC) and the ion release (with the
maximum concentration of 3.2 µg/L) is significantly below cytotoxic concentrations (25 mg/L).
These achievements confirmed the biocompatibility and cytocompatibility of dense and porous
NiTi [18]. These values are comparable to those obtained for the most common biocompatible material,
i.e., Ti-6Al-4V [19].

It should be pointed out that the as-fabricated Ni-rich NiTi needs post-process heat treatments
(i.e., solution annealing and aging) to acquire superelasticity behavior. In this study, we have completed
a case study by using AM fabricated stiffness-matched porous NiTi skeletal fixation plates that would
be useful in mandibular reconstructive surgery.

The standard of the care reconstructive surgery to repair a segmental defect of the mandible
(lower jaw) involves the use of bone grafts, metallic fixation plates, and metallic screws to restore the
mandible’s normal appearance and function (i.e., chewing, swallowing, breathing, and speech) [20].
Surgeons often use surgical grade five titanium, Ti-6Al-4V, fixation hardware in these procedures.
That material has a much higher stiffness (112 GPa) than the surrounding cortical bone of mandible
(10–31.2 GPa) [21,22]. Clinical reports show a high rate of complication from 7% to 69% after the
surgery [23] and a low success rate, ranging from 34% to 64% [24,25]. In all cases, failed hardware
necessitates removal surgery [26,27].

The high stiffness of Ti-6Al-4V fixation plates and screws can cause abnormal stress distribution
throughout the mandible. Over time, this abnormal stress distribution may result in stress
concentration in the fixation hardware and screws as well as stress shielding (i.e., reduced stress) of
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the cortical surface of the grafted bone and the host mandible. Stress-shielded bone may resorb, which
may then lead to implant failure [28]. Literature reports resorption rates of 49.5% on the surrounding
bone in the case of using traditional fixation plates within the first six months after grafting [29].
In addition to stress shielding, using a very stiff fixation device reduces the contact pressure between
the graft/host bone, which may degrade the revascularization of the bone graft [30,31]. Traditionally,
fixation plates are shaped (i.e., bent) in the operating room to fit the patient’s anatomy. This process
increases the time and cost of the surgery as well as the risk to the patient [32,33]. However, 3D printed
fixation plates can be bent to any degree determined in the implant CAD software prior to the surgery.

Using less stiff NiTi fixation plates may reduce stress shielding of grafted bone and elevate
the compression force at the graft-host bone interfaces and subsequently enhance revascularization
and healing of the grafted bone [34–36]. Furthermore, superelastic NiTi fixation plates provide the
possibility of inducing tension on the mandible. To this end, the fixation plates undergo enough stress
to enter the strain plateau before attaching to the host mandible. This solution is therefore expected
to meet three requirements: first, to achieve a more natural stress distribution in the grafted and
remaining host bone, thereby decreasing the risk of stress shielding; second, to increase the level of
compressive pressure at the graft/host interfaces in order to enhance graft revascularization and defect
site bone remodeling; finally, prefabricating a patient-specific fixation plate, which will fit directly on
the patient’s mandible, reduces the time, cost, and risk of the surgery.

2. Finite Element Model for Implant Evaluation

The design of a patient-specific skeletal fixation device starts from Computed Tomography scan
data (CT scan data) of the patient. CT scans use X-ray images taken from different angles to produce
tomographic images [37]. The variation of local density of bone directly affects the resolution of
the images in various zones. The high-resolution CT scan images of a patient’s mandible provide
data about the geometric variables of the mandible and also the apparent density. The former data
set provides the opportunity to create fixation plates based on a patient’s geometrical variation on
the exterior surface of the mandible [38–40]. The latter data set allows estimation of the material
properties of the surrounding bone using a quantitative scale method [41–45]. Knowledge of the exact
geometry and the required fixation device stiffness allow the level of porosity to be determined in our
CAD software.

This section highlights the development, calibration, and validation of a comprehensive
model-based NiTi fixation hardware design work path as summarized in Figure 2. This general
methodology can also be applied to design functional implants for other areas in the skeleton.
Three different finite elements models were developed. A healthy mandible (model 1) and two
Mandibular Reconstructive Surgery (MRS) simulated models, one with traditional dense Ti-6Al-4V
(model 2) and another with stiffness-matched porous NiTi fixation plates (model 3). The first model
simulates the highest bite force expected in a healthy patient with this particular patient’s anatomy.
The part’s stiffness is then tuned to allow the desired stress distribution in the grafted bone and
adjacent host mandible during maximum occlusal force. Sixty percent of the maximum bite force
on the healthy mandible was incorporated into reconstructed models (i.e., model 2 and model 3
in Figure 2) [46]. The loads in both cases include muscle forces, bite forces, pre-tension and their
combinations. The results are subsequently evaluated to show the performance of the fixation hardware
in reducing stress shielding, stress concentrations, and improving contact pressure and reducing
micro-motion at the host-graft bone interface. These are effective measures to reduce the risk associated
with the mandibular segmental defect reconstructive surgery.
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Figure 2. Flow chart for the design and fabrication of Ti-6Al-4V (standard of care) and NiTi
stiffness-matched skeletal (i.e., mandible) fixation hardware. Finite Element Analysis models are used
to evaluate the mandible and the fixation hardware during chewing (MRS = Mandibular Reconstructive
Surgery, UMAT = User-defined Material subroutine).

A CT scan (Aquilion 64; Toshiba Medical Systems, Tokyo, Japan) of a dry cadaveric human
mandible was created to produce a 3D CAD file of all mandible components including cortical bone,
cancellous bone, and the teeth. This device utilizes a 64-row Quantum detector, which enables the
Aquilion CT scanner to acquire 64 simultaneous slices of 0.5 mm thickness with each 400 ms gantry
revolution, resulting in precise isotropic imaging of the object. The gap between the teeth and the
cortical bone was graphically filled with periodontal ligament tissue in ABAQUS (CAE v6.11, Dassault
Systemes, Providence, RI, USA). For this study, a segment of the left half of the mandible bearing
M1-3 (i.e., molar regions) was graphically resected with a length of 40 mm. To simulate a high fidelity
reconstructive surgery, a double barrel fibular graft, inferior fixation plate, superior distal fixation
plate, superior mesial fixation plate and screws were modeled and implanted in the resected region
using SOLIDWORKS (Dassault Systèmes, Waltham, MA, USA).

As shown in Figure 3, the double barrel fibular graft was formed by virtually cutting the fibula
of a patient. The two pieces were placed together to provide a total mesiodistal length of 40 mm,
a buccolingual width of 14 mm, and a height of 38 mm. The inferior fixation plate and both superior
fixation plates were equipped with nine and three threaded holes, respectively (see more details in
Section 3). Six bicortical screws (i.e., long screws that pierce both the buccal and lingual cortical bone)
and four unicortical screws (i.e., short screws that pierce the buccal cortical bone) were included
in our Finite Element Analysis (FEA) to fix the inferior fixation plate and both superior plates,
respectively [47,48]. The diameter of all screws was 1.4 mm.

All of the mandible graphical components were meshed in Hypermesh (Hyperworks, Troy, MI,
USA) with 4-node tetrahedral elements (C3D4), which represent 3D, Solid, Tetrahedral, Deformable
element type. The optimized number of elements is reported in Table 1 based on the mesh convergence
analysis of each component.
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Figure 3. Components of the Reconstructed Mandible: double barrel fibular graft, one inferior fixation
plate, one superior distal fixation plate, one superior mesial fixation plate, and fixation plate screws,
cortical bone (blue) and cancellous bone (red).

Table 1. The number of elements for the Finite Element Analysis model components. The number of
tetrahedral elements was determined by convergence analysis.

Model Component Number of Elements

Resected mandible 218,328
Teeth (13 total) 65,179

Ligaments (13 total) 21,053
Top graft 42,065

Lower graft 45,037
Fixation hardware(s) 58,327

Screws (10 total) 67,027

All meshed parts were assembled, and constraints between screw-fixation plate, screw-host
mandible, screw-fibular graft, teeth-ligaments and host mandible-ligaments were defined as tie
constraints. It should be noted that the friction factors of 0 (simulation of the reconstructed mandible
during the initial healing period) and 1 (simulation of the reconstructed mandible after the gaps
between the grafted and host bone fragments had healed) are considered for simulation of surface to
surface contact between host mandible and the fibular graft.

Table 2 summarizes the material properties of the FEA model components (i.e., fixation hardware,
bone, teeth, and periodontal ligament) [1,49,50]. Cortical and cancellous bones were modeled as
anisotropic material, and the other components were assumed to be linear elastic materials. It should
be noted that Ti-6Al-4V material properties were assigned to the screws in all models.

The bite force created by masticatory muscles is the greatest source of stress that is usually applied
to the mandible [4,51,52]. Our FEA models the peak masticatory load. Muscles are active even when
the mandible is at rest. The amount of muscle forces depend on many factors including occlusion
state (maximal chewing or soft food chewing) and bite loading conditions (balanced or unbalanced
loading, bilateral or unilateral loading, grinding, or clenching) [53]. In this study, muscle forces related
to a maximal bite force on the first right molar was considered as the loading input for the healthy
mandible model (model 1) (i.e., a 526 N bite force based on Korioth et al. [46]). Three different fixation
hardware scenarios (cases A, B, and C) were considered for the models 2 and 3.
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Table 2. Material properties of the Finite Element Analysis mandible components [1,47,49].
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Case (A): The simulation of the highest bite force after surgery (without applying any pretension
to the fixation hardware). Since the reconstruction surgery causes a reduction in chewing power, all the
muscle force values in this study were assumed to be of 60% of Korioth et al.’s [46] values for a normal
healthy mandible [47]. This is the force applied in all three FEA models; Case (B): the simulation of
used NiTi fixation hardware that had received 100 N of pretension load (i.e., on both superior and the
inferior plates). This value for the pretension load was obtained from the FEA model in a way that
increased contact pressure of the lower section of the graft bone by 50%; Case (C): this simulation used
NiTi hardware that had undergone 100 N pretension load on both superior and the inferior fixation
plates; More details on the model development and boundary conditions are presented in our previous
studies [10,54,55] (Figure 4).
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3. Fixation Hardware Design

CT-scan data were used in the design of the fixation plates (i.e., patient-specific fixation plates).
This eliminates the need to bend fixation plates to fit the mandible during the surgery. In this study, the
local lingual side curvature of each fixation plate was designed based on the patient’s mandible shape.
The overall shape of the fixation plate was also designed to accommodate the insertion of screws at
regular intervals and using commonly used thread geometries. The nine-hole inferior fixation plate has
a buccolingual thickness of 1.5 mm, a mesiodistal length of 78 mm and a superoinferior width of 4 mm.
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Each of the two three-hole superior fixation plates has the dimensions of 1 mm × 18 mm × 2.8 mm, in
buccolingual, mesiodistal and superoinferior direction, respectively. Six bicortical screws (i.e., long
screws that pierce both the buccal and lingual cortical bone) and four unicortical screws (i.e., short
screws that pierce the buccal cortical bone) were designed to fix the inferior fixation plate and both
superior plates, respectively [47], to the host and graft bone. The diameter of all screws was 1.4 mm.
The developed fixation plates and screws were assembled with the pre-MRS model component to
simulate the MRS with traditional Ti-6Al-4V fixation plates (model 2).

In addition to making sure that the fixation plate geometry ensures a good fit, directly on the
surface of the host mandible and grafted fibular bones, this project also endeavors to ensure that the
stiffness of this plate, and the screws holding it to the mandible and graft segments, have a stiffness
that is matched with the stiffness of the cortical bone to which they are attached. The stiffness of
cortical bone in the adult mandible varies between 10–31.2 GPa (Figure 5) [1]. The Young’s modulus for
different zones of the mandible can be obtained using various methods, such as using a quantitative
scaling technique to analyze CT-scan data of the patient’s mandible [41–45]. In our study, the estimated
average Young’s modulus of the dried mandible in the cut segment (i.e., Molar regions) was calculated
to be 12 GPa.
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The SLM-fabricated, dense NiTi samples still had a higher stiffness (37 GPa, measured in Section 4)
than the estimated Young’s modulus of this mandibular cortical bone (i.e., 12 GPa). To this end, a porous
NiTi part was created from a number of identical unit cells. Each unit cell was composed of three
orthogonal cylinders, all with the same diameter, that intersect at their mid-point. Subsequently, a shell
with the thickness of 0.2 mm was considered all around the fixation to smooth the edges. The level
of porosity can be tuned by changing the diameter of the cylinders as shown in Figure 6. The level
of porosity is calculated by dividing the volume of the porous unit sample to the volume of the
surrounding cube. The equivalent stress on the porous part was calculated by dividing the axial force
by the projected area of the unit cell on the plane normal to the loading direction. Additionally, the
total displacement was used to calculate the equivalent strain. Based on the equivalent stress and
strain of the porous structure, the equivalent Young’s modulus can be calculated. The equivalent stress
is used to evaluate the performance of the device, and the actual stress was investigated to evaluate
the safety of the fixation plate [11] (i.e., will it be strong enough during the healing period). It was
thus calculated that 45.7% porosity is required to achieve an equivalent Young’s modulus of 12 GPa
in the first fixation plate that we designed. A useful diameter in the fixation plate pore unit cells
was calculated to be one millimeter. This porous structure, as Figure 7 shows, was created through
imposing unit pore cells throughout the designed fixation plate. This porous hardware was assembled
with the pre-MRS model component (model 3) for comparative studies.
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Figure 7. Porous fixation plates (i.e., superior mesial mini-plate (a), superior distal mini-plate (b), and
inferior mandible bar (c)) with a porosity of 45.7%, created with an orthogonal cylinder geometry (see
Figure 6). Note that all three plates would seat perfectly on the surface of the host and grafted bone
that they will hold together.

4. Fabrication of Patient-Specific NiTi Fixation Hardware

In order to calibrate our FEA model to simulate NiTi fixation plates and screws, we fabricated
dense compression specimens, performed heat treatments, and performed mechanical and Differential
Scanning Calorimetry (DSC) tests to obtain the required material properties [56–59]. To this end,
Ni50.8Ti49.2 (at %) ingots from NiTi Devices & Components, Inc. (Fremont, CA, USA), were atomized to
powder using an Electrode Induction-melting Gas Atomization (EIGA) technique (by TLS Technique
GmbH (Bitterfeld, Germany)). A PXM 3D printer (3D Systems, Rock Hill, SC, USA) equipped with
a 300 W Ytterbium fiber laser for SLM was used in this study to fabricate a fully dense cylindrical
shapes of 8 mm in diameter and 12 mm in length. The laser had a beam quality of M2 < 1.2 and
a Gaussian beam profile (TEM00). The optimized parameters of fabrication of these Ni-rich NiTi
parts were from the same as in studies previously published by our group [2,13]. Those process
parameters are summarized in Table 3. Finally, the designed porous superelastic NiTi fixation plates
were fabricated based on the optimal parameters [10,60–65].



Bioengineering 2016, 3, 36 9 of 20

Table 3. Process parameters used in Selective Laser Melting (SLM) manufacturing of NiTi parts.

Effective Laser Power
(W)

Layer Thickness
(µm)

Scanning Velocity
(m/s)

Hatch Distance
(µm)

Energy Input
(J/mm3)

250 30 1.25 120 55.5

After the fabrication process, the cylindrical samples were solution annealed (1223 K, 5.5 h, H2O),
aged (623 K, 15 min), and then water quenched. To perform solution annealing, Lindberg/Blue M
BF514541 Box furnace was used. To avoid oxidation of the samples, they were placed in an argon-filled
quartz ampules. For determining the transformation temperatures (TTRs), a Perkin-Elmer Pyris 1 DSC
with the heating/cooling rate of 10 ◦C/min in a nitrogen atmosphere was used. The samples were
loaded up to 800 MPa (before reaching to the critical stress for plastic deformation) and unloaded
using a 100 kN MTS Landmark servo-hydraulic test platform (Minneapolis, MN, USA). The strain
rate of 10−4·s−1 was employed during loading, whereas unloading was performed under force
control at a rate of 100 N·s−1. An MTS high-temperature extensometer was used to obtain strain
measurements [56]. The observed mechanical properties of these SLM fabricated samples are shown in
Table 4. The impurity limits for medical NiTi are prescribed in ASTM F2063-05. The impurity level for
clinical applications must be below 0.05 ppm [62]. The impurity content was tested in three of the NiTi
samples that we fabricated. We observed impurity levels of 0.035, 0.0500, and 0.007 ppm for carbon,
oxygen, and nitrogen, respectively, for the sample with the highest level of impurity.

Table 4. Mechanical properties of fabricated parts under compression test.

Material E (GPa) Yield Strength (MPa)

NiTi 37 1011 [3]
Ti-6Al-4V 112 970–1030 [66]

An ABAQUS user-defined material (UMAT) subroutine based on the microplane theory [67–69]
was calibrated using the experimental data of the fabricated NiTi parts. The UMAT is capable of
simulation of both the superelastic and the shape memory effects of NiTi under multiaxial loading
conditions regardless of the geometry of structure [70]. In order to calibrate the UMAT, the required
parameters were extracted from mechanical (i.e., compression test at different temperatures) and
thermomechanical experiments (i.e., DSC tests). More details on our UMAT calibration testing
procedures are presented elsewhere [71].

FEA was used to determine the stiffness needed to stiffness-match the 3D printed fixation
hardware. The final design of the porous NiTi fixation plates consisted of a desired level percentage
of porosity, pore shape and size, and general dimension of the plate. The resulting CAD file of the
designed NiTi fixation plate was used on the SLM machine for fabrication. To induce superelasticity,
the same heat treatment procedures including solution annealing (1223 K, 5.5 h, H2O) and aging (623 K,
15 min) were performed.

5. Validation and Results

The input parameters of the UMAT were found from the DSC and thermomechanical tests on
dense cylindrical samples in order to calibrate, tune, and finally, validate the model. The required
parameters for calibration are summarized in Table 5 [71]. Transformation temperature has been
measured using DSC test (Figure 8).
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Table 5. Material parameters of dense Ni-rich NiTi fabricated by SLM technique at 37 ◦C. (EA and
EM are the austenitic and martensitic modulus of elasticity). Transformation temperatures have been
shown by Ms, Mf, As and Af.

Parameter EA (GPa) EM (GPa) ν [72] Ms (K) Mf (K) As (K) Af (K)

Value 37 42 0.33 263 243 270 280Bioengineering 2016, 3, 36  10 of 20 
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Figure 8. Differential Scanning Calorimetry (DSC) test for the 100% dense NiTi samples.

Figure 9 compares the experimental and simulation results of the compression tests of dense (98%)
cylindrical specimens (r > 0.99, p < 0.005, root-mean-square error (RMSE) = 12.6 MPa and r > 0.98,
p < 0.005, RMSE = 38.3 MPa for the simulation of loading and unloading responses, respectively).
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Figure 9. The simulation and experimental results of a compression test on dense NiTi.

The same UMAT was then used to simulate the behavior of porous superelastic parts. Figure 10
shows the compressive behavior of three different materials: cortical mandible bone (under
compression) [73], NiTi cubes with 45.7% porosity, and Ti-6Al-V cubes [66]. We observed that the
Ti-6Al-4V presents significantly higher stiffness than NiTi while the porous NiTi material shows similar
stiffness to that of cortical bone (Figure 10). The results of this simulation suggest that a 45.7% porosity
can be used to match the stiffness of NiTi parts to that of the cortical bone (i.e., 12 GPa) to which they
are attached. This can also be done with porous Ti-6Al-4V with a very high level of porosity (see
Section 6).
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Figure 10. The equivalent stress–strain plot under compression for NiTi cubic samples with 45.7%
porosity, cubes of dense Ti-6Al-4V [66] and samples of mandibular cortical bone [73].

An experimental study by Ichim et al. group [74] is comparable to our healthy mandible model
(model 1). They used a dry cadaveric mandible to measure the buccal and lingual strains in mandibular
cortical bone using two strain gauges. The procedure and conditions of their experiment were applied
to the FEA model used in this study. Figure 11 demonstrates their experimental outcomes as well
as our simulation data. The correlation between our results and theirs were statistically significant
(r > 0.99, p < 0.0005, RMSE = 2.8 × 10−6 (%) and r > 0.99, p < 0.0005, RMSE < 6.42 × 10−6 (%) for the
Buccal and Lingual sides of mandible cortical bone in the molar region, respectively).
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Figure 11. Model validation: a comparison between experimentally-obtained data (EXP) [74] with
Finite Element Analysis (FEA)-predicted model data on the buccally and lingually placed strain gauges.

The results of our FEA models are presented at two different time points: (1) immediately
following surgery, i.e., when bone fracture healing is occurring and the hardware is bearing most of
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the strain from chewing and other mandibular activities; and (2) post-healing where stiffness-matched
fixation hardware is expected to increase the loading of the grafted bone over traditional, Ti-6Al-4V
hardware, and drive the remodeling process [75,76]. One important consideration during healing
period is to minimize the micromotion in the interfaces between the graft/host bone. This way, the
risk of graft unvascularization caused by micromotion is minimized. Through a successful healing, the
graft bone at the interfaces is integrated into the host mandible [4]. During the post healing period,
the hardware should reduce the risk of stress shielding, which normally develops with the current
standard of care titanium fixations.

Graft unvascularization is counted as one of the reasons for the mandibular reconstructive surgery
failure. It is often caused by the relative movements, which are decreased as the contact pressure in the
surfaces between the graft and the host bone increases [4]. For the loading regime during the healing
and post-healing periods are studied with the current standard of care fixation hardware (Ti-6Al-4V,
model 2) and the mandible reconstructed with stiffness-matched NiTi fixation hardware (model 3).
It should be noted that for both cases pre-tension equal to 100 N is applied to the fixation hardware in
order to increase the engagement. Two different loading scenarios are considered, at rest and under the
highest occlusal load at M1. Figure 12 shows the associated average contact pressure in the interfaces
between the graft and host bone.
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Figure 12. The effect of using NiTi and Ti-6Al-4V fixation plates on the average contact pressure at the
interface between the graft and host bone (i.e., fibular bone graft and host mandible) during the healing
period (i.e., in the immediate post-operative period there no strength at the graft-host bone junction).

In order to study the stress shielding effect, the von Mises stress distribution in the MRS was
investigated using the current standard of care (model 2) and the mandible reconstructed with
stiffness-matched NiTi (model 3). Both models were simulated in three different loading cases: case
(A), applying highest biting force (i.e., 60% of the maximum bite force on the healthy mandible); case
(B), applying a pure pretension (100 N) on each fixation; case (C), applying a pretension while the
mandible is under highest biting force.

Figure 13 depicts the average von Mises stress for both fixations under the three loading scenarios.
In a comparison with the traditional fixations, the results indicated higher average von Mises stresses
on the cortical bone of the grafts in the case of using the porous NiTi fixations in all loading cases
(by factors of 1.95, 1.82, and 2.14, respectively). In addition, these results were more adjusted to the
average von Mises stress on the healthy mandible model (model 1), which indicates a more natural
stress distribution on the grafted bone using the proposed fixations. Similarly, as shown in Figure 14,
the maximum von Mises stress is higher when compared to Ti-6Al-4V fixation plates. It is worth noting
that the stresses are all in a safe zone [73] (<100 MPa). It should be mentioned that the results of healthy
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mandible model (model 1) were attributed to the same region of the resected mandible (Figures 13
and 14). The findings show that, by taking advantage of the superelasticity and applying pretension
during the procedure, the von Mises stress on the fibular grafts bone increases, which results in a better
long-term outcome for the patients. This increased stress can reduce the stress shielding effects and
the risk of implant failure.
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Figure 13. The average Von Mises stress on the surrounding bone in two cases of using Ti-6Al-4V and
porous NiTi fixation plates, with and without applying the pretension to the fixation plates.
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and porous NiTi fixation plates.
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As Table 6 shows, the resultant maximum actual von Mises stress on the porous NiTi was higher
than the dense traditional fixation plates in all loading cases. This stress for the NiTi implant at the worst
cases (pretension and muscle forces) was 594 MPa, which is still in the safe region

(
σy = 1011 MPa

)
with the safety factor of 1.7.

Table 6. Maximum stress (MPa) on the fixation plates under different loading case.

Fixations Type Highest Bite Loading Pretension + REST Pretension + Highest
Biting Load

Porous NiTi fixation plate 328 485 594
Ti-6Al-4V fixation plate 98 132 299

As mentioned, a Young’s modulus of 12 GPa for NiTi fixation plates can be achieved by applying
a specific percentage and type of porosity (i.e., 45.7% porosity). The unit cell of the structure is made
out of three perpendicular cylinders with a diameter of 1.00 mm. As a step toward the manufacturing
of patient-specific fixation plates, we used a previously healthy, dried cadaver mandible. To simulate
the post healing period following reconstructive surgery. Two vertical fractures were created on the
left M1-3 section of the mandible. Then a set of three porous NiTi fixation plates similar to the finite
element model were designed based on the geometry derived from the CT-scan image of the dried
mandible. Subsequently, they were fabricated using a Phenix PXM SLM machine.

Figure 15 shows the fabricated fixation plates. Since the fixation plates were designed based on
the curvature of the host mandible, they were mounted on the mandible with no need to additional
bending. Figure 16 shows these patient-specific fixation plates mounted on a dried cadaver mandible
in order to immobilize the resected area.
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6. Conclusions

Additive manufacturing methods have become popular for producing medical devices with high
quality. The commonly used material for metallic implants, i.e., Ti-6Al-4V, presents high modulus of
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elasticity of 112 GPa, while the range of Young’s modulus of the bone varies in the range of 10–31.2 GPa.
This high stiffness may result in implant failure due to the stress shielding effect, which results in
un-vascularized bone. NiTi is a good candidate for biomedical devices because of lower stiffness
(37 GPa), and the superelasticity behavior similar to that of the bone. The level of stiffness of NiTi can
be tuned through introducing porosity to match the desired level.

In our study, we focus on the design of a patient-specific stiffness-matched fixation hardware as
a substitute for currently used fixations (Ti-6Al-4V). The purpose is to minimize the risk of implant
failure (e.g., bone resorption, graft un-vascularization) and to produce the proposed fixation in
a patient-specific manner. The fixation design is based on the exact shape and the required stiffness
obtained by the CT-scan data of a dried mandible. Adding a 45.7% porosity to NiTi fixation hardware
during 3D printing allows us to decrease the stiffness of fixation plates to stiffness of the surrounding
bone (estimated from CT data). Figure 17 compares the Young’s modulus of NiTi with Ti-6Al-4V when
similar porosity is introduced in both alloys. The NiTi alloys offer a better solution by reaching a low
stiffness at a lower percentage porosity. In general, it is desirable to keep the level of porosity low to
avoid the complications during the manufacturing and to avoid the possibility of failure due to stress
concentration. Figure 18 shows the superelastic simulation results for NiTi parts with different levels
of porosity.
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Figure 17. The effect of porosity on Young’s modulus for superelastic NiTi and Ti-6Al-4V. The range of
bone stiffness is shown as highlighted zone.
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In this work, we used finite element analysis to evaluate the effect of using this reduced stiffness
for the post-surgical process. Based on this, two models of MRS were simulated in different loading
scenarios. Our finite element results indicate a higher level of contact pressure (177%) during
initial periods of healing due to pre-tension load in the case of using porous NiTi fixation plates.
Such improvements can increase the chance of vascularization during the healing period [34,35]. Also,
the results show that the average von Mises stress increased on host mandible (83%) and grafted bone
(126%) for MRS simulation with porous NiTi implant. Considering stress distribution on the healthy
mandible as a reference, the porous NiTi can cause better results compared to Ti-6Al-4V fixations.

These porous fixation plates may be fabricated using additive manufacturing (3D printing).
For showing a patient-specific design for the fixation plates, a dried cadaver mandible was used.
We successfully applied the design process for a case of reconstruction surgery on a dried cadaver
mandible (patient-specific study). After the design stage, using Selective Laser Melting (SLM) we could
fabricate these patient-specific fixation plates and assemble them on the dried mandible. These 3D
printed, porous, NiTi fixation plates not only provide the required level of stiffness (12 GPa) and
minimize the stress shielding probability, they also ensure hardware well-fitting that can be quickly
placed, thereby reducing operation room time.

We have compared the use of NiTi and Ti-6Al-4V as the material for a patient-specific fixation
plate. To this end, we created two different porous specimens with the same equivalent Young’s
modulus of 12 GPa (estimated from CT scan data) using Ti-6Al-4V and Ni-rich NiTi. The required level
porosity for the two specimens was different, 45.7% for the NiTi and 78.3% for the Ti-6Al-4V. Then we
applied two percent equivalent strain (the recoverable strain by the cortical bone [14–16,73]) to both
structures and reported the actual stress on the pore elements. The simulation results indicate that at
in case of using porous Ti-6Al-4V the actual maximum stress (2981 MPa) exceeds the yield stress of the
Ti-6Al-4V (970-1030 MPa) [66], and the porous structure failed (i.e., for the new and traditional porous
fixation plates that have same equivalent stress-strain curve, a certain amount equivalent strain leads
to much higher actual stress on the porous Ti-6Al-4V implants). Therefore, since it was not practical,
we have not considered the use of a highly porous Ti-6Al-4V fixation. However, in the case of using
NiTi for the porous specimen, thanks to the superelastic response of the material, this high value of
equivalent strain (two percent) on the part can be completely recovered and the actual maximum
stress (578 MPa) on the pore elements does not reach the yield stress

(
σy = 1011 MPa

)
. Regarding this

fact, the superelastic response of the Ni-rich NiTi makes it the proper choice for the patient-specific
fixation plates.
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