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Abstract

The development of treatment strategies for improving secondary stability at the bone-implant
interface is a challenge. Porous implants are one solution for improving long-term implant
stability, but the osteoconduction process of implants into the bone can be slow. Strain-driven
osteogenesis from the mechanostat theory offers insight into pathways for post-operative treatment
but mechanisms to deliver strain to the bone-implant interface need refinement. In this work, the
use of therapeutic ultrasound is simulated to induce resonance into a porous implant structure.
Local strains through the scaffold are measured by varying systemic variables such as damping
ratio, applied vibrational force, primary bone-implant stability, and input frequency. At the natural
frequency of the system with applied forces of 0.5 N and a damping ratio of 0.5%, roughly half of
the nodes in the simulated environment exceed the microstrain threshold of 1000 pe required for
new bone formation. A high degree of sensitivity was noted upon changing input frequency, with
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minor sensitivities arising from damping ratio and applied vibrational force. These findings
suggest that the application of therapeutic resonance to improve osseointegration of the bone-
implant interface may be viable for applications including dental implants or segmental bone
defects.
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1 Introduction

Osseointegration at the implant interface is driven in part by the bulk properties and surface
properties of the implant. Load sharing between traditional implant materials and the surrounding
bone tissue can result in a phenomenon known as stress-shielding *, where an increase in bone
resorption is observed that is proportional to the stiffness mismatch between the implant and the
surrounding bone tissue 2. Stress shielding increases the likelihood of periprosthetic fracture as a
result of these structural changes 3. The intentional introduction of porosity into an implant can
reduce the magnitude of the bone-implant stiffness mismatch #, preventing long-term osteolysis
and improving bone anchorage to the implant °. With advances in the field of additive
manufacturing, these porous architectures can be fabricated with high precision and with complex
repeating topologies °.

An unsolved problem of implant technology is the loosening of implant-bone interfaces. It is
known that optimised results can be achieved through implant geometry optimization. Geometric
features can be classified by their size into micro, meso, and macro entities . Optimization on the
macroscale includes additional screws which fixate the acetabular component of a hip implant
replacement in the pelvic bone. Spikes or bolts are equally used today. On the microscale, bioactive
surface coatings 8% and microstructured surface patterns are an option ! for both orthopaedic
implants and dental implants.

The use of porous metallic implants is one option to better mechanical anchorage due to their
osteoconductive nature 2. It is important to develop scaffold designs which can be applied to a
broad spectrum of implant sizes and topologies. Results from osseointegration depend on both the
size of an inflicted bone defect, the specific animal model, and the bone structure 3. Factors such
as pore size and unit cell topography for a repeating porous structure have been shown to influence
the corresponding mechanical properties of the implant 4 and the associated bone
histomorphometry during implant removal . For porous implants, it is important to consider all
strategies to improve osteoconduction and secondary stability of the implant in vivo.

The application of ultrasound is one technique that has been historically used in biomedical
applications to increase the activity of various stem cell lines 2%, ablate neoplastic cells 2223, or
help treat biofilms 2425, Specific to pseudarthrosis in bone, the use of low-intensity pulsed



ultrasound (LIPUS) has been shown to possibly aid in bone regeneration and healing of non-unions
2627 where LIPUS treatment may be effective for de novo bone formation during fracture healing
2829 and maturation of existing bone 3°3! within a defect site. A broad range of pulsed frequencies
that spans the kilohertz 32 and megahertz 3% scales have been shown to induce favourable
conditions for osteogenesis. In particular, LIPUS specific to bone applications has been shown to
upregulate alkaline phosphatase %637, osteocalcin *-28, and members of the transformation growth
factor B superfamily 3%4° among other growth factors.

De novo bone tissue is also sensitive to these types of mechanical factors, where bone structure is
mediated by local microstrain within the defect site “**® and coordinated mechanosensation by
osteocytes. Microstrain of 1000 pe and above have shown to be correlated to increase osteogenic
activity **4, Early work from Frost proposed minimum effective stresses for modeling and
remodeling events in the mechanostat theory, where the onset of bone remodelling events can
begin at strains as low as 50-200 pe and osteogenic modeling events are encouraged at higher
strains #>4. While most of these seminal works focus on the application of cyclical bending loads
to murine tibiae, these techniques cannot easily translate to clinical practices.

Instead, this study aims to simulate the application of osteogenic strains using therapeutic
ultrasound for implant resonance. Where the potential for kHz-range resonance has been
speculated to induce osteogenesis in porous constructs 32, the response of a given
microenvironment in the porous structure has not been assessed in this type of resonance.
Therefore, there is no standing clarity as to whether the osteogenic response is localized within the
scaffold exterior, or if homogenous strain-dependent bone nucleation can occur deep within the
interior of the metallic scaffold. In this work, the authors aim to define systemic variables that can
affect the frequency-response of a porous metallic scaffold and qualify their respective importance
for meeting osteogenic strain requirements. Herein, the authors investigate the effect of system
damping ratio, applied force, input frequency and primary stability on the resulting strain
distribution in the implant. The authors also show that some systemic variables influence the
specific location within the implant interior where these osteogenic thresholds are exceeded. This
offers new perspectives relating to the application of therapeutic ultrasound for improved
osseointegration of metallic materials and frames some constraints for suitable biological
applications.

2 Methods

2.1 Scaffold design and fabrication

Reticulated porous constructs were designed using Autodesk Netfabb. A cylindrical model with a
radius of 4 mm and a height of 8.5 mm was rotated 45° about its X and Y axes before being
populated with a repeating body-centred cubic (BCC) strut configuration and rotated back to its
original orientation. Where the benchmark animal model for bone regeneration is the rabbit model,
the large diameter of such an implant analogue is consistent with leporine calvarial defects and the
extended implant length aids in examining the effect of the longer critical tibial/femoral defect.
The unit cell size of the implant was defined at 1.200 mm with a strut thickness of 450 um to
produce the geometry pictured in Figure 1.



Figure 1 — Scaffold with reticulated body-centred cubic architecture for linear elastic
measurements. Geometries were exported for vibrational analysis in Workbench 2020 R1
(ANSYS®) and fabricated with selective laser melting using 304L stainless steel powder. Struts
are sized at 450 um with a unit cell size of 1.2 mm.

Scaffolds were manufactured using gas atomized 304L stainless steel powder (Carpenter
Technology Corporation) with a powder size distribution range of 15-45 um. Specimens were
fabricated using selective laser melting (EOSINT M280, EOS) with a 40 um layer thickness, 80
um hatch spacing, 800 mm/s scan speed, and 200 W laser power as described previously 2.
Samples for mechanical compression were printed with a 1 mm baseplate to improve part adhesion
to the build plate. The baseplate was removed by electrical discharge machining.

Specimens were imaged via micro-computed tomography (Bruker Skyscan 1172) using a 100 kV
beam and AICu filter. The voxel size was set to 3.68 um with a rotation step of 0.40°. Rotational
images were converted to an image stack using NRecon (Bruker) with minor ring artifact and beam
hardening corrections. The image stack was important to Dragonfly 4.1 (Object Research Systems)
for extraction of a cylindrical sub-volume to assess part quality.

2.2 Response to mechanical compression

Porous constructs were subjected to mechanical compression on an Instron test frame at a
deformation rate of 0.8 mm/min using a load-unload-reload procedure, where loading was applied
parallel to the central axis of the cylinder. The porous scaffold was loaded to a force of 5.5 kN
before being unloaded to a force of 1 kN. The samples were then loaded to 32 kN, a force beyond
their yield point. Stresses were calculated assuming a full-density cross-section in the scaffold.
The scaffold stiffness was measured in the region of unloading to account for settling effects.
Compression of the porous specimens were conducted in triplicate. A solid cylinder of 304L
stainless steel (H = 8.5 mm, R =4 mm) was also compressed to calibrate for machine compliance
and platen deformation (Supplemental S.1) in tests of the porous scaffolds. The solid cylinder for
calibration was loaded to 12 kN, unloaded to 1 kN and reloaded to 32 kN where stiffness
measurements were extracted in the region of unloading. A video outlining macroscale
deformation during experimental compression can be found in Video S1, where images were
recorded every 5 s.

2.3 Local linear elastic strains in compression

The same scaffold geometry was subjected to simulated compression. Using ANSYS Workbench
2020, R1® the model was meshed using 105,873 independent elements and 207,257 nodes.
Elements were set to patch-forming tetrahedra, with an average volume of 0.0023 mm? and average



surface area of 0.0360 mm?. For the sensitivity analysis of the mesh, the values of the natural
frequencies were considered. For a finer mesh, the obtained value for the first resonant frequency
did not significantly change (less than 1% difference).

To simulate compressive loading for an implant with high primary stability, the bottom surface
was considered to be clamped (i.e. nodes with zero displacement) and the same distributed force
was applied on the upper surface (12 kN). This simulation considered a perfect linear elastic
behaviour of the structure and the resulting strain is therefore proportional to the applied force.
The elastic modulus during simulated compression was calibrated using the iteratively measured
modulus of unloading from experimental compression tests. The locations of peak nodal strain
through the scaffold under simulated loading were observed for both the entire scaffold and across
the longitudinal midplane. Simulations of the strain distribution through the scaffold (Video S2)
and through the scaffold midplane (Video S3) can be found in supplemental information.

2.4 Modal analysis

The resonant frequencies and mode shapes of the scaffold were determined with numerical modal
analysis. Two different simulations were performed: one with the scaffold having free boundaries
at either end and one with the bottom surface clamped. In this way, the basic differential equation
(Egn. 1) that governs the dynamic behaviour of an arbitrary structure was numerically solved.

(Egn. 1) [M]i + [K]x =0

Here, [M] is the matrix that contains the partial masses, [K] is the matrix containing element
stiffnesses, and x is a vector containing element displacements. The eigenvalues of the harmonic
solution x = ¢ are the natural frequencies and eigenvectors of the mode shapes. As in many cases,
only the several first mode shapes were of relevant interest.

2.5 Local linear elastic strains in resonance

In order to determine, the strains in resonance, a harmonic analysis was performed. In this case the
governing equation of the problem is as follows:

(Egn. 2) [M]X% + [C]x + [K]x = F(t), with F(t) = Fcos(wt)

F(t) is an oscillating distributed force on the upper surface and w is the corresponding frequency.
In case of resonance, wn is a natural frequency of the structure, determined by means of numerical
modal analysis. The magnitude of the applied force is below 1.0 N, according to forces calculated
in past studies . The damping matrix [C] is defined by the damping ratio . Damping ratios of
0.3%, 0.5%, and 0.7% were adopted as possible values according to previous experimental studies
of structures submerged in viscous fluids without mean velocity #’. These values are within the
range of metallic structures subjected to resonance by a piezoelectric patch 4. For the bottom
surface, two different boundary conditions were considered: clamped and free. The clamped
condition is intended to simulate intimate bone-implant contact along the bottom surface of the
implant while the free surface mimics weak primary implant stability. Once the element
displacements (x) were obtained, the strains were generated by means of the material constitutive
equations in ANSYS®.



Several simulations varying the magnitude of the applied force (0.3 N, 0.5 N, 0.7 N), input
frequency (31.0 kHz, 39.4 kHz, and 42.0 kHz), and damping ratio (0.3%, 0.5%, and 0.7%) were
performed. For the clamped case, two of these frequencies lie out of resonance on the frequency-
response function (one below and one above the natural frequency) and the other lies in the
resonant condition of the axial mode shape. For the free surface case, only the resonant condition
of the axial mode shape was been simulated. An additional mode shape and stress distributions
were mapped at 0.5 N and 0.5% for a clamped scaffold with a merged cylinder (h=4 mm, @ =8
mm) at its base to assess the effect of modified implant geometry on local stress distributions.

3 Results and discussion

3.1 The occlusion-free structure of porous metallic implants

Micro-computed tomography reconstructions of the selective laser melted stainless steel scaffolds
are shown in Figure 2. The cylindrical sub-volume shows the interior portion of the porous
scaffold, where the pore space is represented by the darker regions and the metallic struts are
represented as brighter regions. The interior pore network appears continuous through the scaffold,
consistent with the high-tolerance capabilities afforded by the selective laser melting process 8.
Due to the offset orientation of the repeating unit cell, the pore architecture is offset from the z-
axis of the build by 45°, as shown in the side profile of the sub-volume. From the top profile of the
scaffold, this misorientation angle results in pores that are oblong in the cross-section. Within the
sub-volume, distinct pores are visibly connected without substantial deformation or blockage. This
is important to allow for osteoblast migration through the porous interior, especially since smaller
pore sizes are prone to pore occlusion with anchored osteoblasts in the early stages of
osseointegration #°.
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Figure 2: Cylindrical volume (h = 7 mm, &= 8 mm) extracted from the micro-CT reconstruction
of an as-fabricated stainless steel scaffold. Pores (darker regions) in the stainless steel (lighter
regions) appear ellipsoidal in cross-section as a result of the 45° unit cell tilt. Junctions between
these pores are visible around the periphery of the cylindrical volume.



3.2 The mechanical properties of metallic scaffolds can mimic cortical bone

The bulk stress-strain relationship for porous stainless steel scaffolds can be found in Figure 3,
where a video showing deformation over time can be found in Video S1. The simplified
progression for compression of cellular solids consists of an initial linear elastic portion followed
by a period of deformation and subsequent densification *°. The plot from the porous cylinder
shows consistency with the first two stages but lacks the eventual stiffness increase associated with
significant densification. Comparing the shape of the BCC unit cell with known geometries that
have stretch-dominated behaviour (by satisfying Maxwell’s criterion) °1, this type of topology has
a more efficient strength-to-weight ratio than comparably porous bend-dominated structures .

The modulus during unloading was measured to be 17.4 GPa + 0.6 GPa, a 91% reduction in
stiffness, where the onset of stiffening occurs at roughly 250 MPa in the steel scaffolds. This
modulus value corresponds to at least a tenfold stiffness reduction compared to full-density
stainless steel specimens %2, As a reference, cortical bone typically has a modulus of roughly 12-
24 GPa **** depending on sampling orientation, sampling location, age, and other factors. The
design parameters used here to fabricate the BCC geometry would negate the stiffness-mismatch
between the scaffold and surrounding tissue in a clinical or pre-clinical setting, thereby reducing
the likelihood of bone resorption associated with stress-shielding.
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Figure 3: Compliance-corrected mechanical behaviour of the porous stainless steel scaffold via
experimental compression. Cylinders were loaded to 50% of their yield point before determining
modulus of unloading (E = 17.4 GPa).

3.3 Local strains in mechanical compression trend towards macroscale
homogeneity

The elastic modulus from mechanical compression was used to calibrate the finite-element model
to assess the magnitude and location of peak strains within the porous scaffold. Under the same
loading conditions as the experimental compression, the mean local displacement in the scaffold
was measured to be 0.130 mm with similar bulk deformation (Video S2 and Video S3). The
distribution of nodal displacements is shown in Figure 4A, where smaller displacements tend to
be more common than larger local deformations. In some instances, local displacements at the
microscale can be twice that of the average value in the scaffold. This has implications with regards
to mechanotransduction *° and application of fluidic shear °°, potentially leading to preferential
cellular activity in a porous material.



The distribution of these displacements through the scaffold is important to understand, as these
types of mechanical cues directly influence the production of osteogenic growth factors. Activation
of RUNX2 and Osterix, for example, is directly related to local compressive and tensile forces
acting on the osteoblast *’. The introduction of pulsed shear stresses in the osteoblast’s local
environment is also able to upregulate specific osteogenic factors °’. The spatial distribution of
high-magnitude and low-magnitude displacements within the scaffold interior should therefore
mediate the locations of de novo bone formation. Figure 4B shows the spatial distribution of nodal
displacements on a longitudinal midplane section of the scaffold in compression. Under simulated
compressive loading, macroscopic local displacements through the scaffold appear mostly
homogenous in nature. The local loading environment for an osteoblast anchored deep within the
scaffold compared to an osteoblast anchored to the scaffold periphery should therefore be mostly
similar.
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Figure 4: (A) Distribution of nodal displacements in the scaffold during simulated compression
up to 12 kN of applied force in ANSYS®. The average nodal displacement (dashed line) at 12 kN
of loading is 0.130 mm. Elastic properties of the material were extracted from experimental
compression tests of the selective laser melted stainless steel scaffolds. (B) The distribution of local
displacements through a longitudinal cross-section of the scaffold. Strain obtained from finite-
element model appears mostly homogenous through the midplane of the scaffold under simulated
compression. The red and blue arrows represent the regions of highest and lowest displacement,
respectively.

In vivo implantation of porous and porous-surfaced materials has previously shown to
histomorphometrically outperform plasma-sprayed bone implants %8 and solid implants without
surface modification 2. A correlation between local strain environments within the tissue
surrounding porous implants and tissue area fraction has been demonstrated in the ‘strain-
protected’ region *° that is consistent with the defined osteogenic strain threshold of 1000 pe. Other
work has shown that strains and moduli in porous materials are equally dependent on pore size
and boundary conditions. For example, nanostructures with larger pore size were shown to have
more heterogeneous local strain distributions and higher Weibull moduli . This phenomenon has
also been replicated in implants with microporous structures, where simulated compression shows
heterogeneous stress distribution across scaffold struts and a discrepancy between mechanical
compression and simulated compression 8. This discrepancy can possibly be attributed to surface
roughness, where the stiffness of porous metallic materials can be reduced by smoothing the



surface with an acid-etching process %23, As nodal global values were calibrated based on results
from mechanical compression, we are able to somewhat account for the global response of
processing defects from selective laser melting, but not able to simulate the effect of defects on
local compressive strain.

3.4 Systemic changes can mediate osteogenic strains during resonance
excitation

While the viability of therapeutic resonance as a regenerative treatment for bone defects has been
recently disputed in the absence of an implant ®4%, it may be important to consider the
corresponding vibrational strain of an implant as a driving force for osteogenesis. The investigation
of simulated resonance of an implant is required to better understand how systemic variables
control the strain distribution throughout the scaffold, and thereby govern local osseointegration.

The model porous implant in this case mimics the response of a threaded dental screw or segmental
bone implant, where clamping conditions can anchor the implant in place. Modal analysis was
conducted on this implant in the clamped condition following a frequency sweep to map the
resonant frequency of the stainless steel implant. In the clamped condition with a 0.5% damping
ratio, the natural frequency of the implant was observed to be in the ultrasound range (39.4 kHz).
The deformation of the porous implant at this frequency (Figure 5A) was dominated by a nearly
pure axial mode shape, with much larger velocities in the axial direction of the cylindrical
structure. Peak velocities were observed near the free surface of the implant, while low-velocity
resonance is observed within and surrounding the clamped region of the implant. The mean
velocity (Figure 5B) was observed to be roughly 39% of the peak value of nodal velocity in the
scaffold.
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Figure 5: (A) Mode shape in finite-element analysis during resonance of the porous stainless steel
scaffold at 39.4 kHz. Modal analysis shows that the shape can be described as an axial mode shape
where the velocities are in the axial direction. (B) Distribution of nodal velocities in the scaffold
during resonance excitation. The mean velocity during resonance was calculated to be 39% of the
peak value in the scaffold. Nodes near the clamped region of the scaffold exhibit low velocity,
while nodal velocity increases further away from the clamped region.



3.4.1 Effect of added clamping

The effect of implant clamping was the first systemic variable assessed to evaluate the
corresponding strain distribution through the porous implant. To simulate the contact intimacy of
a screw in cortical bone, the implant was assessed with and without a fixed support at its base
using a damping ratio of 0.5% and an applied vibrational force of 0.5 N. In the absence of the fixed
support, the natural frequency was observed to be 51.5 kHz, slightly higher than the natural
frequency of the fixed condition (39.4 kHz). By introducing the fixed boundary condition at the
base of the scaffold, the mean local strain in the implant increased from 583 ue to 1121 pe (Figure
6).
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Figure 6: Effect of clamping condition on strain distribution. (A) Nodal strain distribution
following clamped resonance excitation at 39.4 kHz, with a vibrational force of 0.5 N and a
damping ratio of 0.5%. (B) Nodal strain distribution following unclamped resonance excitation at
51.5 kHz with a vibrational force of 0.5 N and a damping ratio of 0.5%. The addition of clamping
at the scaffold base resulted in an upward shift in mean local strain to 1121 ue¢ in the scaffold. The
scaffold excited in the unclamped condition exhibited a lower standard deviation in local strain
compared to the clamped scaffold.

The primary stability between existing cortical bone and a dental implant can be governed by
several factors ®. Depending on the surgical protocol ¢ and mandibular bone quality °, the
mechanical interface between a dental implant and pre-existing cortical bone is susceptible to some
inherent variability. With the use of a porous implant structure, a notable increase in secondary
stability is expected. However, the applicability of resonance excitation at the primary bone-
implant interface shows a dependence on primary stability. Since the osteogenic strain threshold
of 1000 pe is exceeded for a smaller fraction of nodes in the free boundary condition, it must
therefore be important to consider the intimacy of contact between the implant and pre-existing
cortical bone.

3.4.2 Effect of system damping ratio

While the damping ratio of 0.5% is typically an appropriate estimate for oscillatory decay in the
resonance of stainless steel structures °, attenuation may occur as a result of signal transduction
through soft tissue or other means "°. Here, the authors investigate both positive and negative
systemic changes to the damping ratio from the recommended value of 0.5% while keeping the
vibrational force and input resonant frequency constant. In resonance systems with a lower



damping ratio (0.3%), local microstrains through the porous scaffold tended to increase. Looking
at the distribution of nodal microstrain in the underdamped scenario (Figure 7A), a substantial
upward shift can be observed to a mean value of 1868 e and a peak local strain over 27,000 pe.
Where the strain threshold for microdamage exists around 7000 pe ', this upward shift may be
problematic. In the overdamped scenario with a damping ratio of 0.7%, the opposite effect is
observed, albeit disproportionately. With a systemically high damping ratio, the mean local strain
value decreased to 800 pe (Figure 7C) from the reference value of 1121 pe at 0.5 N and 0.5%
damping (Figure 7B).
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Figure 7: Effect of damping ratio on strain distribution. (A) Nodal strain distribution following
resonance excitation at 0.5 N in the clamped condition with a 0.3% damping ratio. (B) Nodal
strain distribution following resonance excitation at 0.5 N in the clamped condition with a 0.5%
damping ratio. (C) Nodal strain distribution following resonance excitation at 0.5 N in the
clamped condition with a 0.7% damping ratio. Increased system damping resulted in an upward
shift in average nodal strain, while a proportional decrease in magnitude resulted in lower
average local strains in the porous implant.

While system damping is directly interrelated to the natural frequency of the system 72, it is
important to note here that a high fraction of nodes remained above the osteogenic threshold at
39.4 kHz after changing the damping ratio. Since a damping ratio of 0.5% is shared for most metals
under linear elastic behaviour, the effect of system damping ratio can be expanded to other dental
materials such as titanium, where strain values may change with proportionality to the ratio of
elastic moduli. Metallic materials are likely to have similarities in their damping ratio, but changes
to the systemic damping ratio may be observed for bioceramic implants, for example.

3.4.3 Effect of applied force

The magnitude of the applied vibrational force is likely subject to the efficiency of signal
transduction to the implant site. Upon decreasing the applied vibrational force from 0.5 N to 0.3
N, the mean local strain saw a corresponding decrease from 1121 pe to 672 pe. As expected, the
reduced vibratory force produced smaller local displacements in the scaffold. Similarly, an
increase in applied force to the scaffold increased the mean local strain to 1569 pe. Forces up to
12 N were able to be generated with a transducer directly attached to the stainless steel scaffold.
Taking into account thin layers of soft tissue that encapsulate the implant and losses due to signal
transduction through the bone, the applied forces used here are within reason.
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Figure 8: Effect of applied force on strain distribution. (A) Nodal strain distribution following
resonance excitation at 0.3 N in the clamped condition with a 0.5% damping ratio. (B) Nodal
strain distribution following resonance excitation at 0.5 N in the clamped condition with a 0.5%
damping ratio. (C) Nodal strain distribution following resonance excitation at 0.7 N in the
clamped condition with a 0.5% damping ratio. Increased vibrational force to 0.7 N resulted in an
upward shift in nodal strains from 1121 ue to 1569 ue. A similar decrease in magnitude resulted
in an average local strain of 672 ue, below the osteogenic threshold.

Where resonance of experimental bioreactors has produced forces up to 13.5 N by actuation from
piezoelectric patches '3, the applied forces of 0.3 N, 0.5 N and 0.7 N used in these experiments
should be achievable in implant actuation. Where the applied force from a piezoelectric transducer
is proportional to its input voltage at a given excitation frequency, it should also be possible to
tune the applied force on the implant to meet interior osteogenic strain thresholds depending on
other systemic factors such as system damping, implant material, and implant geometry.

3.4.4 Effect of input frequency

The natural frequency of a given vibrational system is sensitive to changes in the local
environment. Under the damping conditions used in these experiments, the frequency spectrum
required for resonance remains quite broad (Supplemental S.2). As a result, minor miscalibrations
(roughly + 500 Hz) in the calculation of resonant frequency can be tolerated to maintain osteogenic
strains in the scaffold. Larger deviations into the stiffness-controlled (Figure 9A) and mass-
controlled (Figure 9C) regions of the frequency-response curve are not so forgiving. When the
input frequency was reduced to 31.0 kHz or increased to 42.0 kHz, near-negligible local strains
were observed in the scaffold. In both instances, a tenfold reduction in mean local strain was
observed by shifting the input frequency out of resonance excitation (Figure 9B). The mean local
strain values for the lower frequency and higher frequency were measured to be 34 pe and 101 pe,
respectively.
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Figure 9: Effect of input frequency on strain distribution. (A) Nodal strain distribution following
stiffness-controlled excitation (31.0 kHz) at 0.5 N in the clamped condition with a 0.5% damping
ratio. (B) Nodal strain distribution following damping-controlled excitation (39.4 kHz) at 0.5 N in
the clamped condition with a 0.5% damping ratio. (C) Nodal strain distribution following mass-
controlled excitation (42.0 kHz) at 0.5 N in the clamped condition with a 0.5% damping ratio. In
cases above and below the damping-controlled region, the corresponding frequency-response
diminishes by a factor of ten in the porous scaffold. In order to have frequency-response in the
range of osteogenic strains, it is important to set the input frequency within the damping-controlled
region.

3.4.5 Implications

Most applications of therapeutic ultrasound are in the absence of an implant, where the
effectiveness of these treatments is widely-debated. In this study, the authors show that the local
strain magnitude is incredibly sensitive to the input frequency in the presence of a porous implant.
In the stiffness-controlled and mass-controlled regions of the frequency-response curve, local
strains in the porous stainless steel scaffold were below the recommended thresholds for both
osteogenesis "4 and for woven-to-lamellar transition ’°. Outside of the damping-controlled region,
the application of therapeutic resonance likely has little effect on bone regeneration in the vicinity
of the implant.

Table 1 summarizes the magnitude of local strains in response to several systemic variables during
excitation. Input frequency has the highest degree of sensitivity between all of the tested variables,
where a moderate shift away from the natural frequency in either direction resulted in a strain
pattern where no node in the structure reached a value of 500 pe. Modulation of the system’s
damping ratio and input vibrational force had similar sensitivity to one another in the resultant
strain. Where the nodal displacement is dependent on the material of the scaffold, it stands to
reason that materials with similar elastic moduli, such as tantalum or cobalt-chromium, would
undergo similar nodal strains given that they have similar damping ratios "®’’. By switching to
other conventional metal alloys (commercially pure titanium or Ti-6Al-4V, for example), an
increase in mean nodal strain on the order of 50-60% would be observed as this is proportional to
the ratio of elastic moduli between stainless steel and titanium.

Table 1: Average strains and percentage of strains exceeding 500/1000/1500 pe for each clamped
test condition. Systemic changes altering the application of resonance to the implant have the
potential to shift local strains above or below osteogenic thresholds during osseointegration.



Frequency Damping Applied Average % of Nodes % of Nodes % of Nodes

(kHz) Ratio Force (N)  Strain (ue) Above 500 pg¢ Above 1000 pe  Above 1500 pe
39.4 0.005 0.5 1121 75.6% 49.8% 27.0%
394 0.003 0.5 1868 85.8% 70.5% 55.1%
394 0.007 0.5 800 65.5% 30.9% 11.2%
39.4 0.005 0.3 672 58.6% 21.2% 6.2%
39.4 0.005 0.7 1569 82.9% 64.8% 46.2%
31.0 0.005 0.5 34 0.0% 0.0% 0.0%
42.0 0.005 0.5 101 0.0% 0.0% 0.0%

While the above data references the quantity of nodes reaching the osteogenic threshold, there still
lacks spatial definition of where these osteogenic regions are located. An approximation of the
longitudinal section plane through the scaffold to visualize strain distributions can be seen in
Figure 10A. For the fixed boundary condition shown in Figure 10B with 0.5 N and 0.5% damping
ratio, minimal strain is evident in the directly clamped section. Low-strain nodes are also abundant
at the point of the implant furthest from the clamped region, where peak strains are present directly
above the clamped region. Extending this to clinical application, peak strains under resonance
would be most abundant in regions directly adjacent to existing bone-implant contact. Looking at
the spatial distribution of normal stresses through the scaffold cross-section, the stress distribution
appears homogenous in the X, Y, and Z-components of the normal stress (Figure 10C-E), although
the location of minimum and maximum stresses changes depending on which component is
analyzed. It is also important to note here that a tenfold increase in normal stress was observed in
the Z-component of this normal stress compared to both the X-component and Y-component. This
indicates that the strain directionality in the scaffold lies chiefly parallel to the direction of loading
in instances of scaffold resonance.
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Figure 10: Normalized nodal strain distribution through the porous stainless steel following
excitation at 0.5 N and 0.5% damping ratio for varying input frequencies and clamping conditions.
(A) Orientation of the longitudinal cross-section. (B) Normalized strain map in the longitudinal
section of the scaffold under damping-controlled clamped resonance. Strains appear highest
directly above the clamped region. (C) Component of normal stress along the X-axis. (D)
Component of normal stress along the Y-axis. (E) Component of normal stress along the Z-axis.
While the normalized distributions are very similar, the Z-component of the stress is an order of
magnitude higher than the X-component and Y-component. (F) Normalized strain map in the
longitudinal section of the scaffold under stiffness-controlled clamped resonance. Despite the
variation in strain magnitude, the spatial distribution of strains is similar to that of the damping-
controlled case. (G) Normalized strain map in the longitudinal section of the scaffold under mass-
controlled clamped resonance. The locations of minimum and maximum strain appear similar to
the damping-controlled and stiffness-controlled cases. (H) Normalized strain map in the
longitudinal section of the scaffold under unclamped resonance.

The strain distribution is common in all fixed conditions regardless of the input frequency (Figure
10Fand 10G), damping ratio, or vibrational force. However, in the case of poor primary stability
(Figure 10H), this distribution changes. Here, strains appear symmetric about the midpoint of the
scaffold due to the lack of fixed boundary condition at the scaffold base. Peak strains are present
at the center of the scaffold’s basal planes, while minimum strains are present at the midpoint of
the scaffold interior.

When looking at a compound geometry, where additional components are merged with the porous
scaffold (like the threaded structure in Figure 11A), there is only a minor influence on the
corresponding behaviour in resonance. The mode shape of a scaffold merged with a cylinder at its
base (Figure 11B), as an example, is very similar to the mode shape seen when only the scaffold
is placed in resonance (Figure 5A). The added mass and stiffness change from this cylinder
downshifts the resonant frequency of the compound implant to 37.9 kHz from 39.4 kHz. In any
compound implant geometry, such as threaded implants, it is therefore necessary to determine the



resonant frequency of the implant prior to insertion. Looking at a sample cross-section of the
scaffold (Figure 11C), the von Mises stress distribution (Figure 11D) does not show any evidence
of stress concentration at the interface between the porous construct and cylindrical base under
normal clamped conditions. It stands to reason that similar geometric alterations to the implant
will only minimally influence the stress distribution.

Min.

Figure 11: The effect of an abrupt change in scaffold geometry on resonance behaviour. (A)
Sample model of a threaded screw-type implant as a model of abrupt geometrical shift. (B)
Corresponding mode shape of the compound porous implant structure at 37.9 kHz with the
clamping applied to a portion of the cylindrical base. The mode shape is nearly identical to that
of the scaffold without the cylindrical base. (C) Cross-sectional plane of the compound implant
geometry. (D) Von Mises stress distribution within this cross-section. The addition of a
geometrical interface does not result in stress concentration at any point.

In these experiments, the authors assess the simulated elastic response of a model scaffold under
resonance. From our observations, we estimate that the investigated sample volume is greater than
the representative volume element. If in future applications, scaffold size should be lowered, e.g.
for a porous layer on solid implant surfaces, size will affect the structure’s material response.
Increasing elongation rather than beam bending, and modified boundary conditions will both
determine intensity of this effect 8%, Further investigation should look at the identification of
representative volume elements with varying meshing strategies to assess both the local and global
response of these porous materials in resonance.

For bone regeneration surrounding an implant, the application of therapeutic resonance shows
promise in terms of controlled cyclical application of osteogenic strains throughout a porous
material. This may have relevance in bone regeneration of mandibular dental implants or for repair
of segmental bone defects where minimal soft tissue is present around bony protrusions. With the
application of a piezoelectric transducer and sufficient bone transduction, it may be possible to
cause controlled resonance of a porous metallic implant to induce strains within the range of
favourable osteogenesis, cellular response, and maturation.

4 Conclusions

The application of therapeutic ultrasound to promote osteogenesis shows potential in cases where
an implant is present at the defect site. We demonstrate in this work that the application of
therapeutic ultrasound in damping-controlled implant resonance is able to meet local strain
thresholds for osteogenesis according to the mechanostat theory. The magnitude of strains
experienced under implant vibration are highly sensitive to the input frequency, with some
sensitivity originating from system damping and applied vibrational force. Examination of the
fixed boundary condition for a screw-type implant shows that primary stability, as modeled by
clamping of the scaffold base, is a governing factor for the natural frequency of the system. In



implants with high primary stability, peak strains were observed directly adjacent to points of
bone-implant contact. This phenomenon was independent of system damping ratio, applied force,
or input frequency. In the absence of primary stability, peak strains were observed at the midpoint
of the top and bottom faces of the implant with symmetry about the scaffold midplanes. The
authors suggest that the application of therapeutic implant resonance can have favourable effects
on osteogenesis by subjecting the bone to the required mechanical stimulus for both bone
formation and maturation.

Future work can aim to extend these principles in a pre-clinical setting or with refined
representative volume elements in simulation. It will also be worthwhile to investigate deformation
in femoral or tibial implants through loads experienced in the gait cycle with greater detail, as
mechanical deformation of the implant happens naturally with each step of the patient at 1 Hz 7
and is beneficial for stimulation of bone growth. Early mobilization of a patient has multiple
positive effects, especially when these factors are supplemented with therapeutic concepts. For
both therapeutic resonance and mechanical gait, implants in various locations along the lower
extremity should target the 1000 pe threshold by adapting implant stiffness and topology.
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S.1 Compliance Corrections for Uniaxial Compression Experiment

Subscripts
exp: Experimentally measured stress or strain values;

m: Stress or strain values induced from machine compliance;
s: Corrected stress or strain values of the specimen

S.1.1 Determine Machine Compliance/Stiffness

In the uniaxial compression test of this study, a cylindrical specimen with a known cross-sectional
area A and height H were compressed between two platens that were spring loaded within a screw
driven universal mechanical tester. During the compression test, the load cell as well as the screw
driven system would introduce additional displacement values d,, that should be subtracted out to
obtain the correct measure of the stress-strain values of the specimen. This subsection will
determine the calculation of machine compliance during the compression test.

We shall first define the machine compliance to be C,, = ‘;—m; where Py, is the reaction load
experienced by the machine and d,, is the additional displacement caused by the flex of the



machine. Since the specimen was sandwiched under the testing machine, iso-force condition is
applied during the uniaxial compression test, i.e:

(Egn. 1a) Poxp = Pn=F =P,

(Egn. 1b) Aexp = dp + ds;

The second expressions can be rewritten by multiplying 1/H into Eqgn. 1b:

(Eqgn. 2) Eexp = %’” + &;

Where &, is the experimentally measured compressive strain and &5 is compressive strain
contributed from the specimen.

Considering that the specimen had a uniform cross-sectional area A, Eqn. 2 can be rewritten by
multiplying 1/ = A/P to both sides:

Eexp _ Alm | &
(Egn. 3) — ="t

For deformation within the elastic region, the machine stiffness expression % can be determined
m
by:

-1
e =)

Eexp

This equation was applied to the experimental data, where E,,,, is an iteratively measured modulus

of unloading in the solid cylinder and E, remains the Young’s modulus of a full-density specimen
of 304L stainless steel (i.e. E; = 200 GPa).

A calibration compression test has been performed on a fully dense specimen. Curve-fitting
showed the experimental measured Young’s modulus of the full-density 304L stainless steel has a

E,x, 0f 9.20 GPa; machine stiffness expression % is about 9.64 GPa.

S.1.2 Determine Machine Compliance/Stiffness

After the machine compliance has been determined using the aforementioned calibration test, the
Young’s modulus of the cellular specimen (E,) can then be determined by first performing a
separate uniaxial compression test to measure the E,,,, and then solving for E by rearranging Eq.
4.

-1
1 ACp
(Eqn 5) Es = ( - T)

Eexp

The compression test result of the porous cellular specimen yields a E; = 17.4 GPa according to
Eq. 5.



S.2 Natural Frequency of the Implant

Resonance excitation of the porous scaffold results in a rather broad peak at the natural frequency
in the clamped condition. Figure S.1 shows the breadth of the peak in the frequency-response
curve. Systemic changes resulting in minor deviations of the input frequency can still induce off-
peak resonance of the scaffold, but higher than in purely stiffness-controlled or mass-controlled
excitation.
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Figure S.1: Frequency-response curve at the natural frequency of the porous stainless steel
scaffold. The breadth of the peak allows for off-peak resonant excitation of the scaffold in the
damping-controlled region.

S.3 Supplemental Video Captions

Video S1: Mechanical compression of the porous scaffold loaded to 5.5 kN at a strain rate of 0.8
mm/min. Frames are recorded every 5 s.

Video S2: Simulated compression of the porous scaffold in its entirety. Deformation is highest at
the top surface.

Video S3: Simulated compression of the porous scaffold in cross-section. Deformation appears
uniform through the cross-section.



