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Abstract 

Osseointegrated, percutaneous intramedullary abutments provide a new opportunity to increase freedom of movement, dexterity, and power of 

prosthetic upper and lower extremities. Device deployment is based on the physician’s experience and judgment as no biomechanical information 

is available or choice of implant location, shape, and materials. Furthermore, there is little opportunity for personalization to improve performance 

and reduce the risk of stress shielding-induced bone loss or stress concentration-induced device failure. We present a Virtual Surgical Planning 

(VSP) environment for assessing the expected mechanical outcome of physician choice in the placement site of a percutaneous implant. Starting 

from de-identified patient images, a virtual anatomical model is created to emulate the surgical implantation procedure. After digitally implanting 

the intramedullary component-abutment system, the mechanical performance is computationally evaluated via Finite Element Analysis (FEA) 

under representative in vivo static loading conditions. Our computational analysis includes two different materials for the implant: medical-grade 

Surgical Grade 5 Titanium alloy (Ti-6Al-4V) and super-elastic Nickel-Titanium (NiTi). The resulting analysis can inspire future design 

personalization and deployment in an open surgical procedure. Our VSP approach would allow interactive assessment of device location, 

materials, and performance to alter the normal stress-strain distribution in the bone, potentially avoiding stress shielding and device failure. Future 

stiffness-matching strategies (e.g., incorporation of internal porosity, new materials, or novel implant geometry), and their effect on implant 

strength could be evaluated in our computational model. 
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1. Introduction 

The most common treatment to restore a patient´s mobility after 

Trans-Femoral Amputation (TFA) is the use of a prosthetic limb 

attached to a plastic socket, fitted to the residual stump. However, 

in most cases, pain, reduced motion, sensory feedback loss, and 

soft tissue problems are reported due to pressure on the skin and 

soft tissues separating the remaining bone and the prosthetic, 

inconsistent socket fit, and load transferred through the skin-to-

prosthesis interface [1], [2]. 
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In the last two decades, direct osseous attachment of 

percutaneous, intramedullary abutments, commonly used in 

dental and maxillofacial prostheses, has been applied for larger 

and more complex load-bearing prosthetic limbs [3]. In TFA, 

one of the most common commercially available percutaneous 

devices is the Osseointegrated Prostheses for the Rehabilitation 

of Amputees (OPRATM) Implant System, shown in Figure 1. 

Thanks to the reduced implant length, this skeletal fixation 

system is suitable for patients with a relatively short residual 

stump [4]. The OPRATM device consists of three Surgical 

Grade 5 titanium alloy (i.e., Ti-6Al-4V, a.k.a. “Ti64”) 

components: an intramedullary component, an abutment, and 

an abutment screw. Much like a dental implant, the OPRATM is 

most commonly put in place through two surgeries. First, the 

threaded intramedullary component is inserted and left 

unloaded for six months, expecting good osseointegration due 

to the nanoporous surface treatment introduced on the implant 

(BioHelixTM) [5], [6]. Next, the percutaneous abutment is 

press-fitted to the distal end of the implant and connected to the 

prosthetic limb through the abutment-retaining bolt. Better 

mobility and enhanced sensory feedback are perceived with the 

use of this type of lower-limb implant, compared to 

socketsuspended prostheses [7], [8]. Nevertheless, fixation 

fracture, bending, and wear have been reported due to stress 

concentration-induced fatigue failure and stress 

shieldinginduced aseptic loosening. Long-term follow-up 

studies have reported that up to 40% of patients, treated with a 

percutaneous implant, undergo a fixture revision and 

component exchange [7]. More specifically, stress shielding-

induced bone remodeling and resorption, caused by a mismatch 

between the elastic modulus of the intramedullary implant and 

the surrounding bone, have been observed in transfemoral 

amputation patients with percutaneous implanted devices [9], 

[10]. When comparing Ti64 alloy, commonly used in skeletal 

devices, and the cortical femoral bone, there’s an order of 

magnitude difference in terms of stiffness; the former features 

an elastic modulus of around 110 GPa, while the latter has a 

modulus of 16.61±1.83 longitudinally, and 9.55±1.36 

transversally in the diaphysis area [11]. Hence, much of the 

surrounding bone is prevented from receiving sufficient strain, 

essential for healthy, bone mass-sustaining remodeling. 

Reported observations of TFA percutaneous intramedullary 

prosthetic abutment failure [7], document the need for 

enhancing and optimizing the structural properties of these 

devices to 1) withstand the normal physiological, or even 

accidental, highest load without incurring failure, and 2) not  

Nomenclature 

TFA Trans-Femoral Amputation 

OPRA Osseointegrated Prostheses for the Rehabilitation of  

Amputees 

Ti64 Titanium-6Aluminum-4Vanadium, Ti-6Al-4V 

VSP Virtual Surgical Planning 

STL Stereolithography 

NiTi Nickel-Titanium alloy 

FEA Finite Element Analysis 

DOF Degrees of Freedom 

Figure 2. Virtual Surgical Planning (VSP) workflow for the implantation of a transfemoral percutaneous device 
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interfere with the normal stress-strain trajectories through 

careful design [12]. 

Previous studies have demonstrated that changing the 

percutaneous implant’s geometry and material can promote or 

reduce stress shielding. Tomaszewski et al. report that changing 

the implant’s length has a direct effect on load transfer [13]. 

Similarly, Prochor et al. found that the implant’s diameter and 

length affect bone remodelling [14]. Additionally, in a different 

study, results showed that the combination of an intramedullary 

component with a lower elastic modulus and a percutaneous 

abutment with a higher elastic modulus had beneficial effects 

on bone maintenance [15]. To the authors’ best knowledge, no 

work has been done on matching either interface’s mechanical 

properties to what is needed to maintain normal stress-strain 

trajectories or the effect of the implant’s location versus its 

shape. 

Novel stiffness-matching approaches for skeletal 

replacement devices focus on changing the implant’s geometry, 

material, and location [12], to ensure device structural strength 

and restoration of the normal bone strainstress distribution 

under in vivo loading as well as the overall segment’s (e.g., 

femur, knee, lower leg) function. 

Over the last decade, one of the most common research 

topics for load-bearing skeletal reconstruction devices has been 

the use of novel biocompatible metallic alloys, such as 

promising near-equiatomic Nickel-Titanium (NiTi) alloys. The 

elastic modulus of these alloys is around 40 GPa [16]. 

Furthermore, Ni-rich NiTi alloys show characteristic reversible 

solid-state phase transformation, which allows them to undergo 

large strain levels (up to 8%) without occurring plastic 

deformation [17]. 

While a certain level of customization is potentially possible 

for a percutaneous device such as the OPRATM [6], physicians 

usually do not have access to the decision-making design 

process or a vendor willing to fabricate a personalized device. 

The lack of relevant patient-specific biomechanical  
68 

information, thus, results in physicians basing their assessment 

on their experience and published evidence about skeletal 

reconstruction devices [7]. 

The study presented here is a Virtual Surgical Planning 

(VSP) environment, that simulates the mechanical 

performance of a TFA percutaneous implant. Our VSP 

environment is based on computer-aided design (CAD) and 

engineering (CAE) tools, to offer the physician information 

about the patient´s anatomy and the design of the implant. 

Moreover, the VSP offers information about the implant´s 

potential mechanical performance under static loading, 

representing the forces at a time point in the gait cycle, by 

employing a simplified model. Furthermore, we assess a 

potential choice by the surgeon between the same devices 

fabricated from surgical grade titanium (i.e., Ti64), and a super-

elastic material (i.e., NiTi). We compare the effect of both 

materials on the alteration of the stress-strain trajectories in the 

implanted amputee´s adjacent bone. 

2. Materials and Methods 

2.1. Virtual Surgical Planning 

Our VSP environment comprises three stages, as shown in 

Figure 2. The first step is the creation of a patient’s anatomical 

bone model, either complete or transected femur, from a 3D 

medical image (i.e. Computerized Tomography [CT]). Second, 

the bone is digitally transected, and the OPRATM implant is 

virtually placed. Finally, the device material is chosen, and the 

implant is computationally tested under relevant static in vivo 

loading conditions via Finite Element Analysis (FEA). Based 

on that FEA, it is possible to give feedback, recursively, to the 

second step in order to optimize the stress distribution in both 

the bone (increasing it) and the implant (reducing it) by altering 

the device´s shape, material, or implantation location. 

2.2. Anatomical model 

De-identified CT images of a left leg, containing the whole 

femur, were obtained from The Ohio State University 

Radiology Department´s Honest Broker System, and exported 

into Amira 3D 2 022.1 (Thermo Fisher Scientific, Waltham, 

MA, US) software, where the femoral bone was segmented 

from the other components of the scan (i.e., muscle, fat, air, 

etc.). This process was done first using an automatic 

multithresholding tool to detect and categorize the materials, in 

every CT slice image, depending on the range and level of 

tissue density. Next, the segmentation is refined manually. 

Afterward, the surface of the volume of interest (i.e., bone) is 

reconstructed and exported as a stereolithography (STL) file. 

2.3. Virtual osteotomy and digital device implantation 

A digital model of the OPRATM, including the 

intramedullary and the percutaneous abutment component, was 

reverse-engineered in SolidWorks 2022 (Dassault Systèmes, 

Vèlizy-Villacoublay, France) software. These two components 

were assumed and designed as one component as the study 

focuses on the interaction between the implant systems and the  

Figure  1. Osseointegrated Prostheses for the Rehabilitation of Amputees  
( OPRA  TM )  Implant System. Assembly shows the three different components. 
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bone, rather than the implant itself [18]. The abutment screw 

was not included in the model. 

The implant and bone models were imported into Freeform 

2022.1.32 (3D Systems, Rock Hill, SC, US) to perform the 

virtual osteotomy and digital implantation of the device (shown 

in Figure 3). 

The trans-femoral cut was done 250 mm above the knee 

(i.e., mid-diaphysis). The intramedullary portion of the implant 

was positioned vertically, leaving 20 mm between the distal 

thread and the distal transected end of the femur [6]. 

2.4. Finite Element Analysis 

The assembly, including bone and implant, was imported 

into ANSYS Workbench 2022 R2 (Canonsburg, PA, US) 

software for FEA setup, component meshing, and model 

solving. Also, the femur in healthy condition, was tested under 

the same loading conditions to assess the changes in the 

stressstrain trajectories caused by the introduction of the 

metallic implant OPRATM implant. 

The mechanical properties of the materials assigned to the 

components are shown in Table 1. For model simplification, the 

materials´ properties were considered homogeneous and 

isotropic. Bone and Ti64 were modelled as linear elastic 

materials. Moreover, the femur was assumed to be composed 

only of cortical bone. This assumption is commonly taken in 

regard to the femur to reduce the computational expense. On 

the other hand, NiTi was modeled using the ANSYS 

superelastic model, to accurately simulate the stress-induced 

phase transformation. Besides the elastic modulus, the material 

model has as input the martensite start and martensite finish 

stress values (σSAS, σFAS), and the recovery strain (ε). NiTi 

mechanical properties were obtained from experimental data. 

Table 1. Material properties are assigned to the components in the FEA. 

Material Elastic  
Modulus, E  
(GPa) 

Poisson 

ratio, ν 
σSAS 
(MPa) 

σFAS 
(MPa) 

ε  
(mm/mm) 

Bone [19] 17.00 0.30 - - - 

Ti64 [20] 115.00 0.30 - - - 

NiTi 16.58 0.30 72.20 116.66 0.018 

The contact between the threaded area of the implant and the 

bone was set as bonded (tied) to model the screw in the area 

joining the components and assuming ideal full implant-bone 

integration, thus preventing any local normal or tangential 

relative motion [21]. The contact between the bone and the 

implanted section of the abutment was set as frictional with a 

factor of 0.2 [10]. 

The boundary conditions applied to the model, shown in 

Figure 3, simulate the static force shortly before toe-off, at 

approximately 55% of the gait cycle [3], [8]. The loading is 

representative of a body of 100 kg, which included 90% of the 

study population weight [7]. Both conditions were selected to 

evaluate the implant under extreme conditions. The loading 

magnitude and direction, presented in Table 2, were 

experimentally measured on an instrumented knee prosthesis 

and an instrumented percutaneous implant, for an intact and a 

percutaneous-implanted femur, respectively, and scaled to a 

100 kg body mass [8]. For the healthy model, the loading 

conditions were applied to the femoral condyles, assuming 

symmetrical force transferring. In the implanted case, the 

loading conditions were applied to the distal end of the implant. 

The displacement and rotation of the element nodes on the 

femur-acetabulum joint area on the femoral head were 

restrained in all 6 degrees of freedom (DOF) [22]. 

Table 2. Loading conditions for intact and implanted bone. 

 Fx (N) Fy (N) Fz (N) Mx 

(Nm) 
My 
(Nm) 

Mz 
(Nm) 

Intact femur -99 73 1913 -40 60 20 

OPRA  
implanted 

66 196 295 6.7 61.0 0.0 

Tetrahedral elements were employed to build the FE 

volumetric mesh. After an element sensitivity test was 

performed to reduce the maximum stress difference to below 

2% of the previous coarser mesh, the femur consists of 232,426 

elements with a minimum size of 1.00 mm, while the implant 

contains 936,440 elements with a minimum size of 0.50 mm. 

3. Results 

Figure 4 a) and d) show a front and a cross-section view, 

respectively, of the stress distribution of the intact bone under 

static loading conditions. We observe similar results to those 

presented by Tomaszewski et al. [8]. The largest stress values 

are found in the femoral neck and along the diaphysis. In the 

cross-section view (Figure 4 d), stress concentrates in the outer 

areas, while a neutral stress path can be found along the 

midsection of the shaft. 

The stress distribution, after implanting the Ti64 and NiTi 

percutaneous devices on the transected femur, can be observed 

in Figure 4 b), c) and Figure 4 e), f), respectively (i.e., frontal 

and cross-sectional views, respectively). Although there is a 

physiologically relevant stress concentration at the femoral 

neck, and the cross-section shows similar stress pathways of 

the implanted femur, it is noticeable that the stress pattern along 

Figure  3. Model of the transected femur and implanted with percutaneous  
implant showing the level of the amputation, and the location of the implant  
Boundary conditions on FE model. Displacement restraint was applied to the  
femoral head,  while force and moment were applied distally. 
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the bone shaft is altered and reduced, compared to the healthy 

condition. Our model suggests that most of the area around the  

 

implant gets unloaded, with Von Mises stress values reducing 

as it gets from the proximal to the distal end of the bone. 

Furthermore, new stress concentration areas appear with the 

device implantation, as seen at the distal bone edge, due to the 

interaction between both components. 

A reduction in the stress transferred to the bone is more 

noticeable with the implantation of a Ti64 device (Figure 4 b) 

and e)), rather than a NiTi implant (Figure 4 c) and f)). The 

highest stress value in the upper periprosthetic bone around the 

Ti64 implant is 16 MPa, while with the use of a NiTi device, the 

stress value at the same point is 26 MPa (63% higher), as 

pointed out by the upper arrows. Other works have reported 

between 15 MPa to 23 MPa in the proximal perisprosthetic 

bone [14], [23].  

On the distal end (pointed out by the lower arrows), the load 

on the bone nearby increases from 0.44 MPa to 1.97 MPa, 2.20 

times higher. Thus, we observe that the stress in the host bone 

tends to be restored with the use of a less stiff material. 

Previous works have reported similar behavior in the distal and 

proximal bone, with stress values between 3 to 40 MPa [3], 

[10]. 

When analyzing the stress distribution in the implant, shown 

in Figure 4, for Ti64 g) and NiTi h), the FEA suggests the less 

stiff NiTi promotes an overall reduction in localized stress 

concentration, compared to Ti64. Not surprisingly, and as in 

previous studies [20], the section of the abutment not in contact 

with the bone shows increased stress between both materials 

and a localized stress concentration due to the adjacent 

interaction between the bone and the device (Figure 4 e) and 

f)). The resulting Von Mises stress in NiTi shows a maximum 

value of 75 MPa, in the percutaneous abutment. Hence, the 

localized stress is in the elastic phase transformation range and 

below the plastic yield strength, suggesting the device will not 

fail under the loading conditions. 
70 

4. Discussion 

This work is motivated by the desire to overcome the limited 

information that physicians currently have in planning, 

deploying, and tracking outcomes, concerning: 1) the patient´s 

three-dimensional anatomy, 2) the best location of the implant 

in terms of mechanical performance, and 3) evidence for 

decisions on a mid-diaphysis, transected, femoral percutaneous 

implant´s geometry and material. 

Allowing the bone adjacent to an OPRATM implant to 

experience dynamic strain is a crucial factor for 

osseointegration, and bony tissue growth and maintenance 

[24]. Even though initial osseointegration and neglectable 

implant migration have been reported at early stages [4], 

skeletal devices for reconstruction or replacement, are 

commonly stiffer than bone, promoting stress-shielding, 

periprosthetic bone resorption, and implant failure. Stress 

shielding is observed in several lower limb implants such as 

femoral condyle endoprosthesis (FCE) [25], total hip 

arthroplasties (THA) [26], total knee replacement (TKR), and 

percutaneous implants [27].  

In this work, the use of a virtual surgical planning (VSP) 

environment was presented for planning and deploying a 

transfemoral implant of a commercial percutaneous device. In 

addition to planning the surgery (i.e. osteotomy location), our 

VSP environment allows for advanced procedure and skeletal 

fixation device design (i.e., device material, external and 

internal geometry, and anatomical location), and mechanical 

modelling of the skeletal implant´s anticipated performance. 

Hence, this approach not only personalizes the implant shape 

but its mechanical performance as well. The application of this 

VSP has been reported in our previous work for 

craniomaxillofacial (CMF) devices [28]. 

As with most osseointegrated implants, there needs to be 

time for bone growth around the device. However, in patients 

treated with percutaneous implants, one can expect the 

presence of osteoporotic bone, due to the extended time 

without loading the skeletal tissue [29]. Furthermore, aged 

patients, in comparison to younger ones, tend to present wider 

femoral canals [30]. Besides offering weaker anchoring areas, 

these factors will also promote bone resorption, by enlarging 

the stiffness mismatch. Hence, being able to design an 

intramedullary component, with a proper diameter that reaches 

a strong dense bone cortex, will benefit the prosthesis 

anchoring. 

In addition to geometry, the implant’s material plays a major 

role in the overall stiffness. The computational results 

presenting the load transfer between the bone and the implant 

following osseointegration, under static loading, compare two 

different biocompatible materials: Ti64 and NiTi. The 

comparison highlights the importance of this design variable. 

Less stiff materials will allow larger displacement under 

Figure  4 . Von Mises stress distribution in a), and d) intact bone; b), and e) 
Ti64 - implanted bone; and c), and f)  NiTi - implanted bone. The dotted line in  
a)  shows the plane for the cross-section view in d-f. White arrows on figures  
e) and f) show the location of the stress measurement. 
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loading, hence more stress transferred to the bone-stimulating 

bone-sustaining remodelling. NiTi alloys have been commonly 

used in small medical devices, such as wires, nails, staples, and 

stents [31]. The development of larger and bigger medical 

devices is limited by the challenging processing of these alloys 

via conventional means. However, advanced manufacturing 

techniques, such as Laser-Based Power Bed Fusion, result in 

high density, near-net shape, and outstanding properties [32]. 

Furthermore, additive manufacturing techniques allow 

stiffness-matched personalized devices [12]. 

Finally, assessing the optimal implant´s location 

dramatically affects the performance. Besides evaluating the 

stress transferring between bone and implant, detecting stress 

concentration areas and stress pattern changes can also give 

information about how the device location plays a role in 

potential failure [12], [33]. In this study, we observe stress 

concentration (on the cross-section view) in the bone, which 

we believe is due to the thin residual bone provoked by the 

countersunk distance in the bone. Previous work has also 

shown radiographic images with thin bone surrounding the 

implant [4], [13], [34]. Nevertheless, the resulting maximum 

stress in bone, observed in the NiTi-implanted case (26 MPa), 

is lower than the bone strength (S=160.5 MPa) [20]; thus, it 

does not invalidate its stability by staying below the plastic 

deformation threshold, assuming isotropic properties. 

However, it is known that mechanical properties in the radial 

and transverse directions are lower than in the longitudinal axis 

[35]. On the other hand, implantation length will affect the 

overall deformation, as the lever arm will be changed, changing 

the flexion [10]. To the authors’ best knowledge, the 

mechanical assessment of the location of percutaneous 

implants has not been fully reported. 

Further work, considering different geometries, materials, 

and locations for the OPRATM of the implant, may allow us to 

overcome the current limitations identified in our 

computational model. The accuracy of the model will be 

improved by taking into account factors such as bone 

remodelling [23], and muscle interaction [36] that were not 

considered in this study. Moreover, it has been reported that the 

implant/tissue interface plays a crucial factor in cortical stress 

and implant stability [37]. To address the latter, the FEA would 

consider non-linear friction contacts, and a larger number of 

elements and nodes, increasing the model complexity and 

computational time. Additional limiting factors are the 

generalization of the bone's mechanical properties and 

characteristics, since it is known that they depend on the 

patient´s age, type of bone tissue, mineral content, level of 

porosity, and loading direction [38]. Furthermore, reported 

mechanical values in literature might differ from the in vivo 

performance, and among studies due to differences in testing 

conditions [39]. Additionally, plastic deformation, 

inhomogeneities, and anisotropy of the OPRATM parts under 

loading conditions will be further investigated. 

5. Conclusions 

We anticipate that offering the physician and engineering 

design team information about the personalized mechanical 

performance of a medical device by assessing its geometry, 

material, and location, will have a positive impact on the 

patient´s post-operative well-being. Herein, we study the 

application of these principles for patients who are treated with 

a percutaneous transfemoral implant. Furthermore, it was 

assessed the load transfer from the implant to the healed bone 

by switching the standard-of-care Ti64 to NiTi. Conclusions 

from the study reported here include: 

• Less stiff materials can help restore the normal 

physiological bone distribution in the bone. However, they 

might reduce the load-bearing potential of the device. 

• The geometry and location of the implant play an important 

role in the stiffness matching approach since it will affect 

the load transferring and the promotion of stress 

concentration. 

Further work will be done to enhance the computational 

model so that the effect of different design parameters of novel 

and commercially available percutaneous implants can be 

addressed. 
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