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Prosthetic Limb Attachment via Electromagnetic
Attraction through a Closed Skin Envelope

Will Flanagan, Kai Becraft, Haley Warren, Alexandra 1. Stavrakis, Nicholas M. Bernthal, Thomas J. Hardin,
and Tyler R. Clites”

Abstract— Obijective: Current socket-based methods of prosthetic
limb attachment are responsible for many of the dominant problems
reported by persons with amputation. In this work, we introduce a new
paradigm for attachment via electromagnetic attraction between a
bone-anchored ferromagnetic implant and an external electromagnet.
Our objective was to develop a design framework for electromagnetic
attachment, and to evaluate this framework in the context of
transfemoral amputation. Methods: We first used inverse dynamics to
calculate the forces required to suspend a knee-ankle-foot prosthesis
during gait. We then conducted cadaveric dissections to inform
implant geometry and design a surgical methodology for covering the
implant. We also developed an in silico framework to investigate how
electromagnet design affects system performance. Simulations were
validated against benchtop testing of a custom-built electromagnet.
Results: The physical electromagnet matched simulations, with a root-
mean-square percentage error of 4.2% between measured and
predicted forces. Using this electromagnet, we estimate that
suspension of a prosthesis during gait would require 33 W of average
power. After 200 and 1000 steps of simulated walking, the temperature
at the skin would increase 2.3°C and 15.4°C relative to ambient,
respectively. Conclusion: Our design framework produced an implant
and electromagnet that could feasibly suspend a knee-ankle-foot
prosthesis during short walking bouts. Future work will focus on
optimization of this system to reduce heating during longer bouts.
Significance: This work demonstrates the initial feasibility of an
electromagnetic prosthetic attachment paradigm that has the potential
to increase comfort and improve residual limb health for persons with
amputation.

Index Terms— prosthetic limb attachment, surgical implants,
electromagnetics, anatomics

I. INTRODUCTION

Recent efforts in prosthetic research have focused on
creating robotic devices that are closer than ever to replicating
the capabilities of their biological counterparts [1]-[11]. For
persons with amputation, however, problems related to the
mechanical attachment of these devices to the body impact
quality of life at least as much as functional deficiencies of the
limbs themselves [12]-[14]. Current attachment methods cause
excessive heat and sweating, tissue damage, and residual limb
pain. This contributes to most patients being dissatisfied with
their prosthetic care [12] and high prosthesis abandonment rates
[15], even with advanced devices [16]. Preserving residual limb
health is costly: each patient on average visits their prosthetist
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7-9 times per year [13], [17], and the average annual cost of
prosthesis-related care for a patient with above-knee
amputation is $5-10K [17], [18]. Due to disparities in access to
healthcare and other resources, these issues disproportionately
affect people from underprivileged socioeconomic
communities and racial minorities, who are up to four times
more likely to undergo preventable amputations [19].

In all current socket-based systems, the loads required to
hold the prosthesis onto the body are borne by the skin, muscle,
and fat of the residual limb, rather than by the bone. These loads
are typically transferred to the residuum via friction or suction
between the socket (or liner) and the skin. Because soft tissues
deform under load, each loading cycle causes these tissues to
stretch and compress about the residual bone. This relative
motion between the socket and the bone is known as
“pistoning". Pistoning is a dangerous phenomenon that leads to
tissue breakdown, skin ulcers, and poor prosthetic control [20].
This is especially a concern considering that amputations are
frequently performed in patients with medical comorbidities,
such as peripheral artery disease, that already elevate the risk of
wounds and infection [21]. Current strategies to reduce
pistoning emphasize distributing socket forces across a greater
surface area [22], with a goal of reducing soft tissue
deformation. Unfortunately, this has led to sockets that enclose
large portions of the residual limb in non-breathable materials,
creating the hot, damp environments that exacerbate skin
problems [23]. Although newer technologies such as vacuum
suspension [24] and high-fi sockets [25] have shown
improvements over pin-lock or lanyard-based sockets, these
systems have been unable to overcome the comfort and
pistoning challenges inherent to soft-tissue suspension.

The problems with soft tissue attachment are severe
enough that some patients opt for percutaneous
osseointegration (Ol), a surgically invasive attachment method
wherein the prosthesis is connected directly to the residual bone
via a metal implant protruding through the skin. For patients
eligible for the procedure, Ol has provided significant
improvements to clinical outcomes, quality of life, prosthetic
use, and prosthetic embodiment [26]-[28]. Patients with Ol also
report satisfaction with devices commonly described as “too
heavy”, suggesting a higher tolerance of prosthetic mass when
suspending from bone [28]-[30]. The primary barrier for
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adoption of Ol is that it requires a chronically perforated skin
envelope. This creates a substantial infection risk [31]-[36],
contributing to an overall implant failure rate of around 20%
[36]-[39]. Additionally, Ol surgery and the resultant chronic
wound place an elevated healing load on the body, which limits
applicability of the approach in persons with compromised
healing ability. This typically precludes Ol in cases of
dysvascular amputation, which accounts for 77% of major limb
amputation [21].

In response to these challenges, we introduce a new socket
suspension paradigm that transfers suspension loads directly
from the prosthesis to residual bone, while maintaining a sealed
skin envelope. Our system has two core components: a
subcutaneous ferromagnetic implant in the residual bone, and
an electromagnet in the distal end of the socket. These
components allow us to engineer both the body and machine in
parallel in pursuit of greater function. When current flows
through the electromagnet, an attractive force is produced
between the magnet and the implant, along the residual bone’s
primary load-bearing axis. The magnitude of this attractive
force can be directly controlled by modulating the electrical
current through the electromagnet’s coils. Note that this
approach is intended to generate attractive forces rather than
repulsive forces. During weightbearing, compressive stresses
would be transmitted to the soft tissues as in conventional
sockets, albeit with the benefits of the implant’s larger distal
surface area compared to the residual bone [40], [41]. Although
magnetic repulsion could be used to off-load these compressive
stresses, any strategy built around “repulsive levitation” would
require implanting a permanent magnet into the residual limb.
An implanted permanent magnet strong enough to levitate a
person would also be strong enough to cause significant harm
in the presence of external ferromagnetic material (e.g. the
refrigerator door) by generating hundreds of pounds of
attractive force that could crush tissues surrounding the implant.

This manuscript details a design framework by which
electromagnetic attachment systems can be developed for any
amputation level. As a test case, we validated this framework in
the context of transfemoral amputation. Our goal was to assess
the feasibility of electromagnetic suspension, and to understand
how electromagnet design influences system performance.

residual hip

limb

socket

implant

E

mag

W& W electromagnet

(a) (b)

Our design framework begins with biomechanical analysis,
in which we model the expected use case (in our case level-
ground walking) to characterize the socket forces transferred to
the residuum. We use those data to inform implant design,
which involves cadaveric dissections to determine implant size
and shape. In parallel, we carry out our electromagnet design
process in simulation to balance force requirements with other
design priorities (e.g. mass, power). In this study, we validated
the feasibility of the design produced by this framework on the
benchtop by investigating power requirements (power
feasibility) and heating (thermal feasibility). This manuscript
concludes with an exploration of how this framework could be
used to optimize application-specific electromagnets in the
context of different design priorities (cost function analysis).

Il. METHODS

A. System overview

The proposed magnetic attachment system transfers
suspension loads from a prosthetic limb directly to the residual
bone via magnetic attraction (Fig. la). An external
electromagnet housed in the socket actively modulates the
attractive force (F,,4) between itself and a subcutaneous bone-
anchored ferromagnetic implant to suspend the prosthesis.

B. Biomechanical analysis

To estimate the socket pulloff force (F,) required to
suspend a prosthesis during gait, we first modified a 23 degree-
of-freedom (DOF) skeletal model (Fig. 1b) to simulate a mid-
femur transfemoral amputation. The length, mass, and inertia of
the affected femur was scaled so that the modified femur was
half as long. A rigid “joint” was added along the long axis of
the modified femur, with an origin at the modified femur’s
distal end, to simulate the limb-socket interface. This joint was
connected to the original knee joint by a “socket” body. The
socket was modeled as a cylinder of length equal to the original
femur and mass of 1 kg, which was chosen to approximate an
average socket. The masses of the affected tibia (4.7 kg) and
foot (0.53 kg) were set to model a heavy powered knee-ankle-
foot prosthesis [42], and inertias were scaled accordingly.

We used biomechanical data from 5 subjects of the Hood
et al. dataset [43] with our model and re-computed the inverse

(d)

Figure 1. Electromagnetic attachment system for prosthetic limbs. (a) The system is composed of a bone-anchored implant inside the residual
limb and an external electromagnet housed within the socket. (b) The pulloff force (F,) during gait was estimated using a musculoskeletal model
in OpenSim. (c) The electromagnet consists of a core surrounded by coils and enclosed in a ferromagnetic shell. This geometry was
parametrized by the core radius (C), core/coil height (H), coil radius (R), shell thickness (T'), and lip height (L). (d) The system was simulated in
the software JMAG using the implant positioned above the parametrized electromagnet separated by the nominal gap distance.
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dynamics pipeline in OpenSim [44]. A sample size of 5 was
deemed appropriate for this analysis because it brought our 95%
confidence interval on the margin of error in peak pulloff force
to below 10% of the peak magnitude. The subjects were chosen
at random from [43], and provided a large range of both height
(1.65-1.91 m) and body mass (58.5-104.3 kg). Only trials for
level-ground walking at 0.8 m/s were considered, because this
was closest to the average self-selected walking speed of the
patient population [45]. Socket pulloff force was extracted from
the inverse dynamics results as the force on the socket joint in
the direction of the femur’s long axis. All individual-step
trajectories were averaged for each of the 5 subjects to produce
5 subject-specific pulloff force trajectories. To determine how
the addition of the electromagnet would affect F,, we repeated
these analyses for socket masses of 1.25, 1.5, 1.75, and 2 kg,
corresponding to electromagnet masses of 0.25-1.0 kg.

C. Implant design

The implant is designed to affix to the distal end of the
residual femur (Fig. 1a) via a modular attachment that could
mate with existing third-party cementless stems. The implant is
composed of ferritic stainless steel (SS420), coated in non-
magnetic titanium-nitride (TiN) for enhanced biocompatibility.
To determine a suitable implant geometry, we simulated a mid-
length transfemoral amputation in two cadavers. All cadaver
work was done under an approved protocol from the UCLA
Donated Body Program (#107039) and the USAMRDC Office
of Human Research Oversight (E03736.1a). Based on these
dissections, we sized the implant to fit within the limb, and
generated a shape that would maximize the amount of material
at the distal end, to increase magnetic attraction. To limit the
risk of implant extrusion or tissue breakdown, we had three key
design priorities: i.) all edges of the implant must be rounded to
limit stress concentrations in the surrounding tissues, ii.) the
profile of implant needed to be entirely convex, to avoid any
possibility of dead space, and iii.) the implant must be fully
covered by muscle, tendon, or fascia, which can withstand
prolonged loaded contact with synthetic materials. Once we had
identified a potential coverage strategy, we measured the tissue
thickness between the distal surface of the implant and the
surface of the skin, to determine the gap distance that would
exist between the electromagnet and the implant.

D. Electromagnet design

The generic electromagnet design for our simulation
framework is composed of a permanent magnet core (NdFeB)
surrounded by a copper coil, all within a SS420 shell (Fig. 1c).
We parametrized this design by the core radius (C), coil radius
(R), shell thickness (T), coil/core height (H), and shell lip height
(L). These parameters were bounded on the upper end to ensure
that the electromagnet would fit within a prosthetic socket, and
on the lower end to ignore electromagnets that would be far too
weak to suspend a prosthesis (Table 1).

The system was simulated using static 3D magnetic field
analysis in the software JMAG (JSOL Corporation, Tokyo
Japan). In these simulations, the implant was positioned above
the electromagnet and separated by the expected gap distance
(Fig. 1d). The space between the implant and electromagnet
was modeled as an air gap because all materials in the gap (i.e.
biological tissue, TiN implant coating, socket liners) have

magnetic permeabilities close to that of air. The result of each
simulation was the net magnetic force on the implant (F,q,).

For a given electromagnet geometry, we calculated the
number of turns in the coil (N) as:

09 xA_,;
760”; Acoile*(R_C)

Awire

where A_,;; is the coil cross-sectional area, 0.9 is the fill factor
for orthocyclic windings, and A,,;, is the cross-sectional area
of a nominal wire size (18 awg). Depending on the goals of a
given simulation, coil current (I) was either set to a desired
current, or calculated to correspond to a desired electrical
power; in these calculations, we assumed that the coil’s
inductance was small, such that only resistive heating occurred
(P = I?R). The resistance was calculated by multiplying the
resistance per unit length of a nominal wire gauge by the wire
length. Wire length (l,,) was determined by estimating the
copper volume as the fill factor times the coil volume (V,;;),
then dividing this volume by the wire cross-sectional area:
_0.9*Vco”. _ T 2
lw - Awire ’ Vcoil =H=* 4 (R C )

Each electromagnet design was evaluated based on the
peak power (P,,.,) required during gait, the electromagnet mass
(Mpnq4), and the attractive force at a nominal gap distance with
zero current through the coils (i.e. the force created by the
permanent magnet core). We refer to this last metric as the zero-
current force (F,). For an electromagnet design, M,,,, was
calculated based on each material’s volume and density. To
determine Py, the peak pulloff force during gait (F, ;,q,) Was
found using the relationship between the inter-subject average
Fy max and My, 4 from our biomechanical analyses. The current
required to reach F, ,,,, Was calculated using the relationship
between F,q, and I from JMAG simulations and converted to
power using P = I2R. The zero-current force (F,) was defined
as Fpqg ata gap distance of 17.5 mm when I = 0 A.

Our objective was to find an electromagnet design with
Prax less than 300 W, M,,,,, around 1 kg, and F, around 50 N.
We set the P, limit at 300 W so that our device would have a
similar peak power to current prosthetic limbs, which allows us
to use similar power electronics. The M,,,, limit was used to
restrict the mass that would be added to the socket. The F,
specification was set to the max value that would still allow for
the magnetic field from the coils to cancel out the permanent
magnet core at a reasonable current. In other words, we wanted
to ensure that our system could be “shut off”, to facilitate
removal of the prosthesis (doffing) or if something magnetic
was dropped into the socket. Limiting F, also reduces the added
compressive force the magnet exerts on the limb during stance.

To understand how the core material (NdFeB grade) and
each of the geometric parameters affect these performance
metrics, we performed a one-dimensional parameter sweep
about an initial design. This initial design represents a
geometry—found through random sampling—that came close
to meeting our design specifications, and served as a central
point about which we explored the local effects of isolated
changes to each parameter. For each parameter, we selected a
design range and evaluated the performance of electromagnets
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with the parameter of interest varying within that range, and all
other parameters equal to the initial design values. The
influence of each parameter was determined by the range of the
performance metric resulting from varying the design
parameter over its design range.

Having understood the effects of each design parameter,
we manually iterated through combinations of these parameters
in simulation to find a geometry and core material that met our
design specifications. As we finalized the electromagnet design
for manufacturing, we came across two design decisions that
did not directly affect performance according to our metrics, but
would impact the feasibility of the final system. Specifically,
the interplay between coil wire size and battery voltage does not
impact B, but does set the max force that the electromagnet
can produce. Although the force produced by for a given power
is independent of wire size, the force produced for a given
voltage is directly tied to the wire size, which determines the
coil’s resistance and the number of turns that fit within a given
volume. Maximum possible attractive force is achieved when
the full battery voltage is applied to the electromagnet in the
positive direction. We wanted this system to have a factor of
safety at least 1.5 times the inter-subject average F, p,q, (i.e. the
peak pulloff force seen during gait), to ensure the limb remains
attached in cases of excess loading. This factor of safety
corresponds to 4 standard deviations above F, ,,,, based on our
biomechanical analyses. Additionally, applying the full battery
voltage in the negative direction (coil’s magnetic field opposing
the permanent magnet core) determines how much the force can
be lowered below F,. This is useful as a safety mechanism or in
the case of prosthesis doffing. We desired this “doffing” force
(Faorr) to be below 10 N. As a final consideration, the current
when the full battery voltage is applied should be within the
peak current capabilities of the driver such that the system can
be controlled over the full force range. Drive electronics in
powered prostheses have a peak current near 30 A [42].

To select a battery voltage and wire size that would meet
these criteria, we simulated the system at full positive and
negative voltages for 24, 36, and 48 V batteries and wire sizes
of 15-24 awg, and recorded the electromagnet current and
attractive force on the implant for each case. We then made
modifications to the electromagnet geometry to enforce an
integer number of layers in the coil and manufacturer-specific
clearances. Additional components around the electromagnet
were then designed to complete the system, such as a spacer
between the electromagnet and the skin, a liner above this
spacer, a heat sink below the electromagnet, an aluminum
housing, and cooling fans. The spacer is a cup-shaped plastic
ring used to form the top of the electromagnet to resemble the
bottom of a socket. This also thermally insulates the limb from
the electromagnet coils. A 2.5 mm thick silicone sheet
simulating a prosthetic liner was mounted on the spacer.

E. Power feasibility

To evaluate electromagnetic attachment at the transfemoral
level, we investigated the power required to suspend a
prosthesis during gait, and the heating that would occur from
continuous walking. We first validated the JIMAG simulations
by characterizing the manufactured system on the benchtop.
The implant was mounted to a linear stage opposite the

electromagnet, which was mounted on a fixed support, such that
the gap distance between the implant and electromagnet could
be set. A uniaxial load cell between the implant and linear stage
measured the force applied to the implant (Fqg). The
electromagnet current (I) was controlled via a servocontroller
(ESCON 70/10, Maxon Inc.). At several gap distances, we
measured F,,,, as a function of I, and compared our results to
the JIMAG simulations via root-mean-square percentage error.
Using a quadratic fit between the measured F,,,, and I data
at the nominal gap distance, we calculated the current required
to produce the step-by-step pulloff force for each subject from
our biomechanical analyses. Points in the gait cycle with
negative currents (i.e., the coil’s field counteracts that of the
core) were set to zero, such that the electromagnet is “off” at
these times. During stance, the zero current force of the
permanent magnet core would increase compressive forces on
the residual limb, however, an F,, of 50 N would only increase
peak weightbearing force by at most 10%, based on our
biomechanical analyses. The resulting current profiles were
converted to instantaneous power using the coil resistance of
the manufactured electromagnet. Computing power in this way
assumed the system was quasi-static, which is acceptable given
that the electromagnet’s low inductance reduces this system to
0™ order dynamics on the time scale of a gait cycle. The average
power for each subject was found by integrating the
instantaneous power profile and dividing by mean stride time.

F. Thermal feasibility

Heating during continuous walking was evaluated on the
testbench by recording temperatures of the system as current
was repeatedly driven through the electromagnet. To simplify
the current profile while maintaining the time-dynamics of the
system, we discretized the inter-subject instantaneous power
curve into 6 bins based on the profile’s characteristics
(peaks/valleys). The power for each bin was set to the average
power for that time interval. This power was converted to the

desired electromagnet current using I = /P /R.

To simulate the residual limb, we molded a mock distal end
of the limb out of a silicone elastomer (Ecoflex 00-31, Smooth-
On Inc.) around the implant. The thickness of the silicone distal
to the implant was set to 15 mm thick, such that the total gap
distance was the nominal 17.5 mm after accounting for the 2.5
mm thick silicone sheet from the liner between the
electromagnet and the skin. Surface temperatures at several
locations on the magnet and liner were measured using a
smartphone-based thermal scanner (ONE Pro, FLIR Systems),
as the current profile over gait was replayed for 500 strides
(1000 steps). Tape (Scotch Super 88, 3M) was affixed to the
measurement locations to control surface emissivity (¢ = 0.95)
[46]. The two sets of trials run for a single condition (passive or
active cooling) consisted of the limb in contact with the liner,
with the temperatures of the shell and housing measured from
the side, along with a separate trial without the limb such that
the temperature of the liner could be measured. 5 trials of each
setup (with/without the residuum) were performed for the
electromagnet being passively (fans off) and actively (fans on)
cooled for a total of 20 trials. The ambient temperature (23°C)
was measured throughout each trial and the electromagnet was
allowed to cool to ambient between each trial.
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Figure 2. Socket force during gait for five persons with transfemoral (TF) amputation generated using biomechanical data from [43]. (a) Axial
socket forces for the full gait cycle and isolated swing phase (detail view). Shaded regions show +1 st. dev. (b) Inter-subject average pulloff
force during swing for varying electromagnet mass. The “baseline” force is the lower bound of the force profile, and “dynamic peaks” are the
transient force increases to this baseline. (c) Peak pulloff force as a function of electromagnet mass. In all plots, positive forces denote tension.

G. Cost function analysis

Our objective in benchtop testing one electromagnet was to
validate our design framework and study initial feasibility of
electromagnetic attachment. In the future, this framework will
facilitate optimization of the electromagnet. To this end, we
propose a cost function to be minimized based on the force at
300 W power (F3q0), the peak pulloff force (F,mqx), the

electromagnet mass (M,,,,,), and the zero-current force (Fp):
J = C¢(Fymax — Fa00) + Crn(9.81 % Moy ) + CoFo

The cost weights for this cost function (C¢, C,,, C,) can be
varied based on the relative importance of power, mass, and
zero-current force for a specific application. We sought to
understand this optimization landscape by investigating how
these weights would affect the geometry of the optimal
(minimum cost) design. We sampled the design space of C, H,
R, and T through a 4-dimensional grid sweep, containing 4356
unigue combinations of the 4 parameters. For all designs the lip

70 mm

41 mm

100 mm

(a)

adductor myodesis

adductor myodesis

(b)
Figure 3. Surgical design, as informed by cadaveric dissections. (a)
The implant is ovular in shape with a large distal end and rounded
edges. (b) The implant will be fully covered using a hamstring flap
(biceps femoris and semimembranosus) and adductor myodesis.

height (L) was held constant at 2.5 mm and the permanent
magnet core was grade n42. My,qg, F, max, Fo, and Fzoo Were
calculated in JMAG for each combination of parameters. The
weights C; and C,,, were varied between 1072 and 10% in a 2-
dimensional sweep, with C, set to unity; because there is no
absolute cost scale, only relative values of the weights are
important in guiding the optimization. The effect of changing
Co could still be studied by dividing by CfC,, for points
where Cr = C,,. For each set of cost weights, the costs for all
sampled electromagnet geometries were calculated and the
geometry with the lowest cost was recorded as the optimal
geometry for that set of weights. We used this mapping of cost
weights to optimal geometry to investigate how the optimal
value of each parameter was affected by the relative importance
of each design priority. From this mapping, we selected three
“optimal” designs: one prioritized power, one prioritized mass,
and one prioritized zero current force. For each optimal design,
we evaluated the average power during gait (P, ) and the
power required to reach the desired 10 N doffing force (Py,ff).

I1l. RESULTS

A. Biomechanical analysis

Our inverse dynamics analysis showed that weightbearing
forces vary greatly across subjects during stance. In contrast,
pulloff forces during swing are similar in both magnitude and
timing across subjects (Fig. 2a): the mean inter-subject standard
deviation over swing was 6.1 N. Tensile forces during swing
had much lower magnitudes than compressive forces during
stance. During swing, the pulloff force can be split into a
“baseline” force, corresponding to the static mass of the system,
and three dynamic force peaks, related to limb motion (Fig. 2b).

Increasing electromagnet mass linearly increased peak
pulloff forces during swing:

N
Fymax = 812 1

* Mgy + 77.8 N

The offset term corresponds to the peak suspension force
required for the socket and prosthesis, independent of the
magnet. For a 1 kg electromagnet, F,,, Was 86 N. The
baseline force during swing for this mass was 55 N.
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Figure 4. Effect of design parameters on peak power during gait, electromagnet mass, and zero-current force. The peak power is the power
required to produce the peak pulloff force during gait for the corresponding electromagnet mass. The zero-current force is the force on the
implant when no current is applied to the electromagnet, at the nominal 17.5 mm gap distance. Each design parameter was independently
swept while all other parameters remained constant at an initial design (denoted by the marker). Dashed lines on each plot represent the
design specifications, with feasibility targets for peak power set at less than 300 W, electromagnet mass at around 1 kg, and zero-current force
at around 50 N. The “ss420" line represents the peak power of the initial design if the core was ferromagnetic stainless-steel instead of NdFeB.

Table 1. Electromagnet specifications for the initial design used in the parameter sweep, the chosen design, and the manufactured electromagnet.

C (mm) |H (mm)|R (mm)|T (mm)| L (mm)| core | wire(awg) | N (tumns) | Mmag (K9) | Fo (N) | Fpmax (N) | Prax (W)
design range | 20-40 5-30 30-60 1-6 +5 n30-n50 15-24 - - - - -
initial 25 15.0 50.0 3.0 2.5 n42 18 348 1.27 53.0 88.1 201
chosen 28 9.4 50.6 4.3 2.8 n42 18 198 1.05 50.6 86.3 201
manufactured 28 9.5 49.1 5.5 2.2 n42 19 228 1.02 51.8 86.1 228

B. Implant design

Our dissections showed surgical feasibility of placing a
ferromagnetic implant in the distal residual femur. Aligning our
initial implant design priorities with our observations during the
dissections, we converged on an ovular implant with a 100 mm
major axis and 70 mm minor axis (Fig. 3a). The surgeon
members of our team developed an operative approach whereby
the implant will be covered by a full thickness hamstring flap
(biceps femoris and semimembranosus) sutured orthogonally to
a transverse adductor myodesis (Fig. 3b). This allows the
implant to be fully covered in muscle, without creating issues
for closure of the skin envelope. The tissue thickness below the
implant was measured to be between 12.5 and 17.5 mm. A gap
distance of 17.5 mm was chosen for modeling the system.

C. Electromagnet design

1-dimensional sweeps of each design parameter showed
that every parameter influenced system performance, with lip
height having the least overall impact (Fig. 4). The peak power
(Prax) required to produce F, ., decreased exponentially as
core radius, coil/core height, coil radius, and shell thickness
increased. Higher NdFeB grades also substantially decreased
Pax- albeit in amore linear fashion. Lip height decreased P, ;.

as well, but the effect was relatively small (60 W range of B4,
compared to 1200 W range for coil/core height). The mass of
the electromagnet (M,,q4) increased the most as a function of
coil/core height and coil radius, with shell thickness also
increasing M, to a lesser degree. Core material, core radius,
and lip height had little effect on M,,,,. Zero-current force (Fy)
was most affected by the core radius and coil/core height (94 N
and 62 N ranges, respectively). Increases in NdFeB grade, coil
radius, and shell thickness also increased F, slightly (< 25 N
ranges). The design parameters of the initial design used for the
sweep and the chosen design are listed in Table 1.

In the context of the chosen design geometry, higher
battery voltages resulted in higher forces for all wire sizes (Fig.
5a). For an electromagnet that was powered by a 48 V battery,
the force at positive battery voltage was greater than the peak
pulloff force for all but the smallest wire size (24 awg). At
negative battery voltages (current in the coils producing a field
that opposes that of the permanent magnet core), force minima
across wire sizes were observed at 16, 18, and 19 awg for -24,
-36, and -48 V, respectively (Fig. 5b). The values of all minima
were below the desired 10 N doffing force (Fgosr). The
electromagnet current at positive battery voltage decreased as
wire size decreased (higher awg), with a max current of less
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Figure 5. Design considerations for the physical electromagnet. (a) Attractive force generated by the magnet at a 17.5 mm gap distance, while
applying positive battery voltage (the field of the electromagnet coil adds to that of the permanent magnet core), as a function of wire size. This
represents the condition of maximum possible force production. Dashed line denotes the desired factor of safety above the peak pulloff force
for this electromagnet mass. (b) Attractive force generated by the magnet at negative battery voltage (the field of the electromagnet coil
opposes that of the permanent magnet core). Dashed line denotes the desired system force during doffing, and the marker indicates the
minimum for a 48 V system. (c) Electromagnet current at max battery voltage. Dashed line denotes the 30 A peak current limit of typical
prosthetic power systems, and the marker indicates a 48 V, 19 awg system. (d) The completed system incorporates a spacer/liner between the
electromagnet and the skin, along with a heatsink, housing, and fans.
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Figure 6. Feasibility of power requirements for electromagnetic suspension. (a) Testbench setup with the stationary electromagnet and the

implant mounted to a linear stage. An in-line load cell measures the force on the implant. (b) Measured (dots) and JMAG-predicted (lines)

forces for varying currents and gap distances. (c) Instantaneous power over the gait cycle for five persons with transfemoral amputation. Power

was calculated from each subject’s average pulloff force, and the inter-subject average of these averages (black line). The system would be

“off” during stance phase (0 W). (d) Average power during gait for each subject and the inter-subject average force profile. The inter-subject
average force profile would require around 33 W of average power. Shaded regions and error bars show +1 st. dev.

linear stage 60

80

than the desired 30 A occurring for wire sizes less than or equal
to 18 awg for 24 V and 19 awg for 36 and 48 V (Fig. 5c). Based
on these results, the combination of a 48 V battery system and
19 awg wire was chosen. This would produce a maximum force
of 171 N at 48 V (safety factor of 2 with respect t0 F, ;,qx), @
minimum force of 3.1 N at -48 V, and max current of 30 A. The
final manufactured design considering integer wire layers and
manufacturing clearances is detailed in Table 1. The additional
components of the complete system are shown in Fig. 5d.

E. Thermal feasibility

Heating of the electromagnet during continuous walking
was evaluated on the benchtop using the simplified power
profile seen in Fig. 7a. The actual current applied to the
electromagnet closely tracked this desired curve. Two setups
(Fig. 7b) of the testbench were used to first measure shell and
housing temperatures, and then liner temperatures in two
separate trials. Thermal imaging showed an uneven heat
distribution between components, with the shell being hotter

D. Power feasibility than the housing (Fig. 7c, top), and an outer ring of the liner

Testbench experiments (Fig. 6a) showed agreement
between the measured and simulated forces produced by the
electromagnet as a function of gap distance and electromagnet
current, with a root-mean-square percentage error of 4.2% (Fig.
6b). The IMAG model systematically underpredicted attractive
force. Simulations of the attachment system as manufactured
showed that the peak power during gait for the inter-subject
average loading profile was 228 W but was as high as 343 W
for one subject (Fig. 6¢). In all subjects, the electromagnet was
powered “off” or at low power for most of the gait cycle except
for three peaks during swing; as such, the inter-subject average
power during gait was 33+5.9 W (Fig. 6d).

being hotter than the center (Fig. 7c, bottom). Active cooling
consistently reduced the temperatures of all components (Fig.
7d). At the surface of the liner, which would be in contact with
the limb, the temperature increased a maximum of 0.5°C and
2.3°C from ambient after 100 and 200 steps, respectively. These
increases were similar between active and passive cooling.
After 500 and 1000 steps in the active cooling case, the liner
temperature had increased by 8.6°C and 15.4°C.

F. Cost function analysis

As a function of the weights C;, Cp,, and C,, the design
parameters increased for increasing Cr, and decreased for
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Figure 7. Thermal heating of the electromagnet during benchtop simulations of continuous gait. (a) Power profiles used to simulate one stride.
The inter-subject instantaneous power curve was simplified into 6 discrete intervals, where the power in each interval was set at the average
power of the inter-subject profile for that interval. (b) Testbench setups for each round of testing. Temperatures of the shell (x) and housing (o)
were measured with the mock residuum in contact with the liner (top image). In a separate trial, the max (x) and center (o) temperatures of the
liner were measured by removing the mock limb (bottom image). (c) Thermal images of the actively cooled electromagnet after 1000 simulated
steps. (d) Temperatures of the shell, housing, and liner for passive and active cooling of the electromagnet. Shaded regions show +1 st. dev.

increasing C,, and C, (Fig. 8a,b). A notable exception was the
core radius (C) as a function of C,,. As C,, increases starting
from low values, core radius starts to decrease until a critical
value of C,,, is reached. At this point, the core radius increases
for larger values of C,, (Fig. 8b).

The three “optimal” designs for prioritizing each of the cost
weights illustrate how the cost weights influence the resulting
electromagnet (Fig. 8c), and highlight the tradeoffs between
magnet mass, force production, and power required for doffing.
Prioritizing C; resulted in a large electromagnet that could
produce high forces; however, doffing would require high
powers (1.9 kW). Prioritizing C,, created a small, light magnet
that could not produce as much force, but required less power
to doff. Prioritizing C, resulted in the smallest electromagnet
with the smallest core that could not produce high forces.

IV. DISCUSSION

In this manuscript, we showed the feasibility of a new
prosthetic attachment paradigm utilizing magnetic attraction
between a bone-anchored ferromagnetic implant and an
external electromagnet. We established a design framework for
developing this system at any amputation level, and evaluated
this framework in the context of an above-knee amputation.
This framework entails estimating the socket pulloff force
through biomechanical analysis, designing the implant based on
cadaveric dissections, analyzing electromagnet geometry
through electromagnetic simulations of performance, and
validating the resulting system on the benchtop. We also
presented a cost function by which this system could be
optimized, and explored implications of prioritizing different
parts of that cost function.

The socket forces required to attach a knee-ankle-foot
prosthesis during the stance phase of gait were observed to vary
widely between subjects. Interestingly, this variability was not
observed during the swing phase, with suspension loads across
subjects having similar timing and magnitude (Fig. 2a). These
common pulloff force profiles may be due to the same
prosthetic limb being modeled for each subject, such that
similar swing phase kinematics of the leg would produce
similar pulloff forces at the socket. Similarity in these pulloff-
force profiles would allow a single system to generalize across
many people, which would be advantageous for developing
prosthetic attachment systems. It appears from our analysis that
if there are large variations in pulloff force between subjects,
these variations would be directly tied to mass of the prosthesis
in a way that should be easily predictable. Because the mass of
the modeled prosthesis was on the high end of robotic research
prostheses, which are much heavier than commercial devices
[1] used by the subjects in the Hood et al. dataset [43], our
analyses represent an upper bound of the pulloff forces that we
would expect during level-ground walking. Deviations from
our modeled socket mass, which will change from person-to-
person as a function of limb geometry, could also affect pulloff
force, but would do so in a linear manner as seen in Fig. 2c.

One limitation of using cadaveric models in the implant
design procedure is that the specimens may not be
representative of the patient population, nor of the atrophic
changes that occur in a limb after amputation. These specimens
are also surgically “pristine”, which cannot fully capture the
real-time surgical decision-making of how a residuum should
be constructed based on tissue availability and health [47]. All
these factors, which are difficult to generalize across patients,
could affect the gap distance between the implant and the skin.
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Figure 8. Analysis of a cost function for optimizing the electromagnet geometry. (a) Design parameters of the “optimal” (minimal cost) design
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weight while the other two are set to unity. These depict the cross section of the surfaces along each of the three arrows in part a. (C)
Simulated performance of three optimal designs for cost function weights that prioritize force, mass, and zero-current force. Performance
metrics are electromagnet mass (M, ), zero-current force (F,), force at 300 W (F3, ), average power during gait (F,,,, ), and power required to
reach the desired 10 N force for doffing (P4, ). The locations of these designs in the plots of part b are denoted by the vertical dashed lines.

Fortunately, the limb tissues used for coverage are both
mechanically compliant and surgically malleable, and the
attractive force between the electromagnet and implant is
controllable, such that it should be feasible to accommodate
different tissue thicknesses. The size and shape of the implant
were primarily determined by the anatomical constraints of the
residual limb; while we do expect that the residual limb
envelope will indeed dictate overall sizing of the implant, future
work will revisit the specific design to optimize the implant’s
magnetic properties or mass within these size constraints.

By sweeping different electromagnet designs, we found
that a permanent magnet core instead of a traditional
ferromagnetic core was a crucial design element for the
electromagnet. As seen in Fig. 4, the power required to reach
the peak pulloff force for an electromagnet with a ferromagnetic
SS400 core (778 W) was much greater than those with NdFeB
cores. This massive peak power is due to force being
proportional to current, but power being proportional to current
squared. Implementing a permanent magnet core greatly
reduced the power requirements: the core produces most of the

baseline force related to suspending the prosthesis mass, such
that the coil is only actively controlled during the short-duration
dynamic forces in swing (Fig. 6c). We also found that the
ferromagnetic shell surrounding the coil and core was key to the
system’s feasibility. Even though the shell adds “passive mass”
(e.g. mass that is not producing a magnetic field), the shell
material concentrates and focuses the magnetic field above the
electromagnet such that higher attractive forces are achieved for
the same power. The importance of the shell was apparent from
the results of the parameter sweep (Fig. 4): increasing the shell
thickness resulted in similar reductions in B, to increasing
the coil/core height and coil radius, but had much less impact
on mass than either of these two parameters.

Benchtop characterization of the manufactured system
successfully validated the design framework’s ability to predict
system performance. This gives us confidence in the potential
for this simulation framework to serve as the basis for
application-specific magnet optimization in the future. Based
on these benchtop measurements, our estimates of the power
required during gait are well within the capabilities of current
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power electronics found on powered prostheses [1], [42]. The
33 W average power could be supplied by a 200g battery (two
RDQ 6s 720mAh LiHV batteries in series), which would
provide a full day of walking (~5000 steps [48]) on a single
charge. Note that this adds only 10% to the expected mass of
the electromagnet-socket system. To reduce the effect of this
mass, batteries would be placed as proximally as possible.
Heating was of primary concern during our initial
conception of the electromagnetic attachment architecture;
fortunately, benchtop thermal performance of the manufactured
electromagnet was promising. Because 96% percent of bouts
during daily living tend to be 200 steps or less [49], temperature
at the skin under typical use would not increase more than
2.3°C, regardless of active or passive cooling (Fig. 7d). This
increase is slightly greater than those measured in conventional
sockets during activity [50]-[52]; however, with an
electromagnetic attachment system, the socket could be
breathable such that these hotspots remain localized. This could
potentially decrease overall sweating of the limb and reduce
skin irritation. For longer bouts or individuals with higher
activity levels, however, heating is the primary barrier to
feasibility. While the 15.4°C temperature increase after 1000
steps brought the liner (38.4°C) to just over body core
temperature (37.2°C) and would not cause burns, it is notable
that long duration exposure (4-5 hours) to temperatures >43°C
can lead to tissue damage [53]. This calls for refinement of the
design, which we plan to achieve via optimization with an
emphasis on reducing power. For instance, one change to
improve the design is replacing the n42 NdFeB grade
permanent magnet core with a stronger n52 grade. This will
reduce the size of the core for the same zero-current force,
allowing for more coil turns in the same electromagnet size.
Analysis of the cost function we proposed for the
optimization of the electromagnet revealed interesting insights
into the impact of each design parameter. Most apparent was
the abrupt change in the core radius as C,,was increased (Fig.
8b). At high values of C,,, the three other parameters are driven
to the minimum bound. Around the point that these parameters
reach their respective minima, the core radius reverses course
and starts increasing. One explanation is that the mass of the
electromagnet is more effectively utilized by a stronger
permanent magnet core than by the coils. This idea is supported
by observations from the first parameter sweep (Fig. 4), which
showed that increasing the core radius greatly increased the
electromagnet force (lower peak power and higher zero-current
force), with minimal change in mass. For cost functions not
heavily weighting mass, this effect is diminished by the penalty
from the higher zero-current force. As a whole, the large
variations in electromagnet geometry as a function of the cost
weights showed that this cost function will be useful for tuning
the electromagnet design based on design priorities such as
reducing the power requirements of the attachment system.
Because the implant is a soft ferromagnet, rather than a
permanent magnet, it is only possible to produce an attractive
force between the implant and the external electromagnet. The
choice of a soft ferromagnetic implant was made to limit
possible interactions between a strong magnetic field within the
leg and the environment. When the ferromagnetic implant is not
in the presence of a magnetic field (e.g. when the socket is not
being worn), the residuum is not attracted to the environment.

In the presence of the external electromagnet, the ferromagnetic
implant material serves as a shield for the region proximal to
the implant, and the ferromagnetic shell of the electromagnet
shields the region distal and adjacent to the electromagnet, such
that the field remains concentrated in the space between the
implant and the electromagnet. Despite the inability to provide
repulsion, the attachment system still has potential to provide
substantial benefit during the stance phase. For instance, by
eliminating pistoning, it may be possible to mitigate the shock
loads that occur on the residual bone during heel strike, which
will substantially reduce peak stance-phase stresses on the
residuum. In addition, the large distal surface area of the
implant may help distribute compressive loads and avoid stress
concentrations [40], [41]. The oblique geometry of the implant
may also prevent rotation of the prosthetic socket with respect
to the residual femur, to stabilize the prosthesis in the context
of twisting motions. We expect these benefits to hold even with
the added compressive force exerted on the residual limb during
stance by the permanent magnet core when the electromagnet
is powered off, especially given that the magnitude of this
passive force is much lower than weightbearing forces.
Although the electromagnetic socket will likely be heavier
than a conventional socket, the shift from soft-tissue suspension
to bony suspension is expected to help compensate for the
added mass. We recognize the importance of mass in clinical
viability of prosthetic devices; many patients abandon their
prostheses because they are too heavy, or opt for passive
devices with reduced functionality simply because they weigh
less than robotic alternatives [54]-[56]. This is primarily a
perception issue: robotic prostheses are typically comparable in
weight to the biological limb, but are perceived as too heavy
when used in conjunction with a socket [15], [54], [57], [58].
This distorted perception happens in large part because the
prosthesis is suspended from soft tissue, whereas the biological
limb is suspended from bone. Bony suspension can increase
tolerance of prosthetic mass, as evidenced by improvements in
satisfaction, embodiment, and time of use when patients with
Ol are prescribed the same prosthetic devices that are described
as “too heavy” when used with conventional sockets [28], [30],
[38], [59]. In light of these considerations, although we still
sought to minimize the system’s mass, we do not believe that
perceived weight would limit the adoption of this system.
Another potential clinical challenge is that, by its nature,
the ferromagnetic implant will not be compatible with magnetic
resonance imaging (MRI). This is a non-trivial concern because
MRI is the dominant non-radiating medical imaging modality.
However, there are many existing clinical devices, such as
cochlear implants [60], [61] and cardiac pacemakers [62], [63],
for which lack of MRI compatibility is an acceptable
compromise. One important use of MRI in orthopaedics is in
identifying periprosthetic infection and osteomyelitis, which
could pose complication risks for the implant (although the risk
should be much lower for this implant than for percutaneous
Ol). In current clinical practice, bone infection is diagnosed
through a multimodal approach that combines physical
examination, bacteriological sampling, and imaging. MRI is
only one of several imaging techniques used in diagnosis;
alternatives include plain x-ray, computerized tomography, and
nuclear medicine [64]. A drawback of using these other
techniques is exposure to radiation. However, considering the
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potential benefits of electromagnetic suspension and the fact
that Ol patients accept chronic infection risk for similar
benefits, it seems plausible that the value of improved
prosthetic fit is worth a compromise in MRI compatibility.
This work demonstrated the theoretical feasibility of
electromagnetic attachment of prosthetic limbs. In future
research, we will optimize the electromagnet and implant
designs using the framework presented in this paper, and extend
this framework to other levels of amputation. Further testing
will be done as we develop a control architecture to stabilize
this system, which is essentially a large-gap electromagnetic
force control problem complicated by nonlinear soft-tissue
interactions. In evaluating the system’s effectiveness, it must be
compared to conventional sockets using metrics of clinical
relevance, such as overall tissue deformation during gait.

V. CONCLUSION

Electromagnetic attachment of prosthetic limbs has the
potential to increase comfort, improve residual limb health, and
provide additional function by suspending the prosthesis
directly from bone without creating a chronic wound. Our
design framework can be used to optimize electromagnetic
suspension systems for specific amputation levels. We
validated this system in designing a device for transfemoral
amputation, and showed that this device would be feasible with
the power electronics currently used in powered knee-ankle-
foot prostheses, and would result in minimal heating of the
residual limb during short walking bouts (< 200 steps). In future
work, we will optimize this system to reduce heating during
longer bouts and test the physical system under dynamic loads.
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