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Abstract— We recently introduced the concept of a new
human-machine interface (the myokinetic control interface)
to control hand prostheses. The interface tracks muscle
contractions via permanent magnets implanted in the mus-
cles and magnetic field sensors hosted in the prosthetic
socket. Previously we showed the feasibility of localizing
several magnets in non-realistic workspaces. Here, aided
by a 3D CAD model of the forearm, we computed the local-
ization accuracy simulated for three different below-elbow
amputation levels, following general guidelines identified in
early work. To this aim we first identified the number of mag-
nets that could fit and be tracked in a proximal (T1), middle
(T2) and distal (T3) representative amputation, starting from
18, 20 and 23 eligible muscles, respectively. Then we ran a
localization algorithm to estimate the poses of the magnets
based on the sensor readings. A sensor selection strategy
(from an initial grid of 840 sensors) was also implemented to
optimize the computational cost of the localization process.
Results showed that the localizer was able to accurately
track up to 11 (T1), 13 (T2) and 19 (T3) magnetic mark-
ers (MMs) with an array of 154, 205 and 260 sensors, respec-
tively. Localization errors lower than 7% the trajectory trav-
elled by the magnets during muscle contraction were always
achieved. This work not only answers the question: “how
many magnets could be implanted in a forearm and suc-
cessfully tracked with a the myokinetic control approach?”,
but also provides interesting insights for a wide range of
bioengineering applications exploiting magnetic tracking.

Index Terms— Magnetic tracking, myokinetic interface,
upper limb prosthetics, human-machine interface, magnetic
field.

I. INTRODUCTION

A
N UPPER extremity amputation is an event that pro-

foundly affects the quality of life in several aspects,
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limiting the individual in performing working and daily

living activities. Commercially available artificial hands and

arms are often controlled through surface EMG electrodes that

record the electrical activity generated by the residual muscles

when contracting. Often, this approach suffers the lack of

accessible independent control sources, and its performance

is thus limited in the case of multi-articulated prostheses [1].

In the last years, different solutions have been proposed to

overcome this limitation and increase the number of degrees

of freedom (DoFs) that can be controlled independently. New

technologies like wireless implantable myoelectric sensors

(IMES) [2], [3] or epimysial electrodes wired through osseoin-

tegrated implants [4], [5], enabled direct interfacing with

the physiological structures (muscles and nerves) involved

in the motor control, when still intact. For those cases where

the muscles were eradicated by the amputation, new surgical

procedures, like targeted muscle reinnervation [6] or regen-

erative peripheral nerve interfaces [7], allowed to increase

the number of independent control sites redirecting the nerve

residual limbs to new recipient muscles. Despite the excit-

ing recent advances of these promising approaches [8], [9],

a human-machine interface enabling physiological control over

a large number of DoFs has to be demonstrated yet.

Our group recently proposed a new concept of human-

machine interface for the control of artificial limbs that takes

advantage of magnetic tracking, termed myokinetic control

interface [10]. The idea is to implant multiple permanent

magnets (magnetic markers – MMs) into the residual muscles

of an individual with upper limb amputation, track their

movements using magnetic sensors hosted in the socket, and

use these signals as control inputs in a prosthesis, e.g. a

hand. Notably, localizing the implanted magnets is equivalent

to measure the contraction/elongation of the muscle they are

implanted in, as the magnets move with it. This approach could

potentially allow to physiologically control multiple, inde-

pendent DoFs in the prosthesis by exploiting simple passive

implants.

Such a system comprises a localizer that retrieves the

pose of the MMs (i.e., their position and orientation) using

multiple recordings of the magnetic field acquired through

magnetic field sensors, i.e., solving the inverse problem of

magnetostatics [11]. Most of the magnetic tracking systems

proposed so far reconstruct the pose of a single marker using
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an appropriate number of sensors. A few exceptions to single

marker systems are the trackers developed by Yang et al. [12],

Taylor et al. [13] and Tarantino et al. [14] that considered the

pose of three (15 unknowns), four (20 unknowns) or seven

(35 unknowns) markers.

In particular, in [14] we investigated the viability and

the performance of a multi-magnet tracking system in a

workspace/volume resembling the bulk dimensions of the

human forearm, using magnets small enough for being

implanted. The study proved the feasibility of tracking up

to seven MMs randomly placed and moved within such

workspace. To overcome this limit, in a more recent study we

comprehensively searched for general rules useful to design

systems dealing with multiple magnetic objectives, exploiting

a planar configuration [15]. Specifically, in [15] we systemati-

cally analysed the effect of geometry and magnetization grade

of the magnetic objectives, as well as the number of available

sensors, on the localization accuracy. Nine to 18 magnets

placed along a row were localized. The sensors were arranged

on a rectangular grid. Results suggested that, irrespectively of

the number of available sensors or the magnetization grade,

an indefinite high number of magnets could be properly

tracked, as long as a geometric design rule is respected [15].

Building on this, here, we sought to transfer such findings into

a more realistic scenario, and to validate them by simulating

the tracking of multiple magnets implanted in an anatomically

appropriate model.

In a clinical scenario, the placement of the MMs would

depend on the detailed geometry of the anatomy after the

amputation, which is usually of traumatic nature [16]. As the

performance of a magnetic tracking system strongly depends

on its spatial features (i.e. the distance among MMs and

between MMs and sensors [14], [15]), it is yet unknown

how many magnets could fit in a residual forearm and be

successfully tracked to restore independent control over mul-

tiple DoFs in a hand prosthesis. Thus, using a 3D CAD

anatomical model of the forearm, we simulated the implant

of n magnets in n available independent muscles. Specifically,

we studied three representative amputation levels, in which

residual limbs of different lengths hosted a different number of

muscles/muscle portions. For each configuration, we defined

both n and the implant sites based on the forearm anatomy

and on the rules identified in our previous study [15]. A sensor

selection strategy was also implemented in a way that, starting

from an initial grid of N = 840 sensors, it identified

a customized subset for each of the considered amputation

levels. We simulated the displacement of the n magnets using

a basic muscle model, and assessed the performance of the

localizer by measuring its tracking accuracy.

Results showed that it is possible to track up to 11, 13 or

19 MMs using an array of 154, 205 and 260 sensors, in

proximal, middle, or distal representative transradial amputa-

tions, respectively. We achieved remarkably accurate tracking

performance, as localization errors always proved below 7%

the trajectory of the MMs inside each muscle. These outcomes

suggest that many magnets could be implanted and effectively

tracked, thus allowing to achieve independent control of mul-

tiple DoFs in a hand prosthesis.

Fig. 1. Simulated amputation levels (T1, T2, T3) with respect to the
anatomical distribution of the forearm muscles. The colored sections
indicate the portions of the muscles considered suitable for the magnets
implant. Specifically, dark blue sections refer to the muscle portions which
are proximal to the aponeurosis insertion. Light blue lines indicate muscle
compartments. Acronyms in Appendix.

II. MATERIALS AND METHODS

We simulated three configurations resembling three possible

levels of transradial amputation with the aid of a 3D CAD

model of a healthy human forearm. This detailed bones,

muscles, skin, and connective tissue (50th percentile male;

Zygote, American Fork, US, Fig. 1). The first and second

configurations (T1 and T2) imitated amputations occurring at

the first and second proximal third of the forearm, respec-

tively. The third one (T3) accounted for an amputation across

the carpal bones (wrist disarticulation) leaving most of the

extrinsic hand muscles available for the implant (Fig. 1).

For each configuration, we first identified n, i.e. the number

of magnets that could be implanted and tracked, and defined

their position in the muscles. This was done through a magnet

placing procedure that took into account: (i) the geometry of

the residual forearm; (ii) a simplified biomechanical model of

the muscle contraction; (iii) general guidelines identified in

our previous study [15]. We then simulated the movements of

the MMs caused by muscle contractions, and acquired their

simulated magnetic field through N simulated sensors. Finally,

we ran a localization algorithm to estimate the poses of the

MMs based on the sensor readings, and verified the effective-

ness of the placing procedure (we call this the localization

problem).

A. Anatomical Constraints and Muscle Model

Almost all the muscles contained in the forearm, including

each of the four compartments of the flexor digitorum profun-

dus (FDP), superficialis (FDS) and extensor digitorum (ED)
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Fig. 2. Muscle contraction model. Left: relaxed muscle. Right: contracted
muscle. During contraction, every point in the distal part of the muscle
belly and of the distal aponeurosis move axially by dmax; every point in
the proximal section moves axially proportionally to its distance from the
muscle belly origin (x = 0). Radial displacements are neglected.

were considered as targets for the implant (Fig. 1). Few

exceptions were the anconeus and the brachioradialis (which

are not extrinsic hand muscles), the palmaris longus (absent

in ∼15% of the population), the pronator teres, the pronator

quadratus, and the supinator (Fig. 1). The latter were excluded

because they only undergo a displacement when the radius and

ulna bones are free to rotate relative to each other. However,

prosthetic sockets usually prohibit this movement [17], making

such muscles useless for the target application.

Only the muscles that after the simulated amputation exhib-

ited bellies with a residual length of at least 20% the original

one [16] were considered eligible for magnet implantation.

According to such criterion, configuration T1, T2 and T3 pre-

sented a different number of eligible muscles/muscle compart-

ments.

We modelled the displacement of the muscles, and thus of

the implanted magnets, according to the following system of

equations:

d (x) =

⎧

⎪

⎨

⎪

⎩

x

L/2
dmax, x <

L

2

dmax, x ≥
L

2

(1)

where x is a coordinate lying on the curve that runs along

the longitudinal axis of the muscle. The latter was defined

as the third-degree polynomial fitting curve of the centroids

of the available muscle (or muscle portion) cross-sections

(0.3 mm step between sections) starting/ending at the ideal

transition between the proximal/distal tendon and the belly.

dmax is the maximum muscle contraction and L is the length

of the muscle belly at rest (Fig. 2). This model, which roughly

approximates the contraction of a pennate/bipennate muscle,

is a simplification of more complex models available in the

literature [18], [19]. In brief, when contracting, the distal part

of the belly and the distal aponeurosis jointly move by an

amount corresponding to dmax . The proximal section, instead,

contracts proportionally to the distance from the muscle

origin (Fig. 2).

The actual contractile ability of each muscle after the

amputation surgery is generally unknown, as it depends on

several anatomical, injury-related and recovery factors [16].

For this reason, we assumed a uniform dmax across all muscles,

equal to 10 mm. Similarly, the length of the distal aponeurosis

is highly variable across muscles, so this was set to L/2

(Fig. 2), in agreement with previous measurements of human

pennate muscles [20], [21].

B. Magnets Placing Procedure

Magnets were modeled as Nd-Fe-B N45 grade cylindri-

cal magnets (axial remanent magnetization Br = 1.27 T,

radius = 1 mm, height = 1 mm). A placing procedure

was implemented for defining the initial (rest) position of

the magnets in the residual muscles, for each configuration

(i.e. T1, T2 and T3). Such procedure aimed at ensuring an

accurate multi-magnet tracking by optimizing their arrange-

ment in the anatomical space. It worked under the following

hypotheses: (i) only one magnet could be implanted in each

muscle/compartment; (ii) muscles deformation was assumed

to take place only in the longitudinal direction, neglecting

radial displacements; (iii) magnets could be implanted only

in (sections of) the muscle belly, and not in the tendons;

(iv) the magnetic moment vectors of the implanted MMs

always pointed radially, in order to maximize the magnetic

field measured by the sensors.

The placing procedure exploited a non-linear programming

solver implemented in Matlab (fmincon, MathWorks, Nat-

ick, MA). Starting from some user-defined initial conditions,

the solver follows a sequential quadratic programming method

to iteratively converge to an optimal solution [22]. In this case,

it searched for the placement that minimized the following cost

function:

f (p) = −(1 + dM M )

n
∑

i=1

Ri (2)

with Ri :

Ri =
L inter−M Mi

L M M−sensori

(3)

being a geometric parameter introduced in our previous

work [15]. L inter−M Mi indicates the distance between the i-th

MM and the nearest MM, and L M M−sensori is the distance

between the ith MM and the nearest magnetic field sensor.

dM M is the modelled displacement of the muscle, normal-

ized and averaged across all MMs. In mathematical terms,

dM M =
∑n

i=1 dM Mi/dmax . p is a 3 ×nk vector containing

the coordinates of the n magnets at the kth iteration. Notably,

in [15], we proved that the MMs with higher R values yielded

to better localization accuracies.

The search space of the cost function was constrained by

several factors: first, the MMs could only be placed in muscles

sites eligible for the implant (i.e., in the centroids of the

cross-sections of the available muscle); secondly, the spatial

arrangement imposed Ri ≥ 0.6 for each magnet, a condition
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Fig. 3. Experimental methods. (a)-(d) Magnets placing procedure workflow. Once the amputation level is defined (e.g. T1) (a), the muscles eligible
for the implant (ns) are selected and their longitudinal axis is extracted from the 3D model (b). A non-linear programming solver iteratively places the
magnets in the muscle axes until all of them (n) exhibit Ri ≥ 0.6 (c) and optimal displacement of the trajectories, d (d). (e) Grid of N = 840 sensors
placed around the forearm, starting approximately 1 cm below the elbow and ending 1 cm above the wrist.

supposed to ensure an accurate multi-magnet tracking [15];

thirdly, the shortest trajectory length of the MMs was set to be

∼6 mm. To sum up, the procedure searched for a placement

of the MMs that maximized both their R (Eq. 2 - 3) and

displacement, in a space limited by the contraction trajectories.

The algorithm started by considering a number of MMs

ns equal to the number of muscles/compartments eligible for

implantation. Then, after each iteration, the magnet that scored

the lowest R (if below 0.6) was removed. The placing proce-

dure was iterated until all nk ≤ ns MMs were successfully

placed (all Ri ≥ 0.6, Fig. 3a-d). In our earlier work, we

proved that the MMs with higher R values yielded to better

localization accuracies in the special case when both sensors

and MMs are arranged on a plane [15]. Here we assessed if

the same argument held true in a “refolded” and anatomically

relevant workspace.

C. Localization Problem

Once the placing procedure was completed, the movements

of the MMs were simulated, following anatomically appropri-

ate trajectories along the muscle axis (Fig. 3d). Each trajectory

originated in the site defined by the placing procedure, and

ended proximally at a distance dM Mi . The displacement of the

MMs was approximated by translating them, one at a time,

along 11 equidistant checkpoints (0%, 10%, 20%, …, and

100% the trajectory length). At each checkpoint, we computed

the magnetic field using an analytical model for a cylindrical

magnet (described and validated earlier [23], [24]).

Such field was sampled on a grid of N simulated sensors

arranged around the forearm, ideally hosted within a prosthetic

socket. Specifically, the grid accounted for N = 840 sensors.

The grid was shaped around the forearm 3D CAD model,

starting approximately 1 cm below the elbow and ending

approximately 1 cm above the wrist (Fig. 3e). The angular

step for the grid, set to 12◦, resulted in a distance between

sensors between 5 mm and 14 mm (L inter−sensor ) along the

circumference. Axially the L inter−sensor was set to 10 mm.

All distances were compatible with the physical size of com-

mercial Hall-effect sensors (MAG3110, NXP Semiconductors

NV, Eindhoven, Netherlands).

Sensor recordings at each checkpoint were stored and

subsequently fed to a Matlab script that ran the Levenberg-

Marquardt algorithm [25] to retrieve the poses of the MMs

offline. At the first checkpoint, the (compound) magnetic field

was recorded across the whole sensor grid. Then, a sensor

selection strategy (described in the next section) was imple-

mented, aiming at reducing the computational complexity

of the localization problem, while still ensuring adequate

accuracy. Likewise, the algorithm approximated the MMs as

point-like dipoles for solving the localization problem, akin to

several previous works [12], [14].

The localization error, both in terms of position and orien-

tation, was assessed relatively to the starting position as:

E p ≈ em + ect (4)

where em accounts for inaccuracies in tracking the displace-

ment of the moving magnet (i.e., model error), while ect

accounts for false predictions of simultaneous displacement

affecting the non-moving magnets (i.e., cross-talk effect). em

and ect were defined as the Euclidean distance between the

actual and the estimated displacement for the moving and non-

moving MMs, respectively, akin to our previous works [10],

[14], [15], [26].

D. Sensor Selection

Our previous work suggested the existence of a positive

correlation between the localization accuracy and the dis-

tinguishability of the peaks in the magnetic field and its

gradient [15]. Based on this idea we selected a subset of

sensors for each configuration.

At the first checkpoint, a calibration was performed in

which the (compound) magnetic field was recorded across the
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Fig. 4. Final placement of the magnets (black dots), associated tra-
jectories (colored segments), and active sensors (yellow dots) following
the placing and sensor selection procedures, for amputation levels T1,
T2 and T3.

TABLE I

ELIGIBLE (E) AND SELECTED (S) MUSCLES FOR MMS IMPLANTATION

whole sensor grid (N = 840). The 2D gradient of both the

radial and axial component of the magnetic field were then

computed and the peaks in the field and in their gradients

were identified through thresholding (thresholds set to 5 mG

and 5 mG/L inter−sensor , respectively; empirically set to ensure

a trade-off between number of selected sensors and tracking

accuracy). Finally, the sensors associated with at least one peak

in either the magnetic field or its gradient were identified as

the active sensors, and used to solve the localization problem

across the whole simulation (i.e. for all checkpoints).

To validate this method, the localization accuracy obtained

when using the set of active sensors was compared to that

obtained when exploiting the whole grid.

III. RESULTS

Of the initial 18 (T1), 20 (T2) and 23 (T3) muscles eligible

for implantation, the placing procedure selected 11, 13, and

19 to receive a MM (Fig. 4, Table I). More in detail, the

procedure ensured a final R of 1.86 ± 0.72 for the shortest

residual limb (T1), in which the implanted MMs could travel

by an average displacement dM M of 8.7 ± 1.7 mm. For the

middle amputation level (T2), a final R of 2.21 ± 0.79, and

dM M of 9.3 ± 1.6 mm were obtained. Finally, in T3, the

placing procedure led to a final R of 1.83 ± 0.68, with an

average displacement dM M of 9.3 ± 1.5 mm.

The proposed selection strategy identified a subset

of 154 active sensors for configuration T1, 205 for T2 and

260 for T3 (Fig. 4). This corresponded to a reduction of

∼82 %, ∼76 % and ∼69 % the number of the initial grid and

to a sensor-to-magnet ratio of 14, 15.8, and 13.7, respectively.

The selected active sensors generally clustered around the

regions surrounding the implanted magnets (Fig. 4).

For the sake of brevity, in the following we report the

accuracy of the localization algorithm in retrieving the position

of the MMs only. This because the error in estimating the

orientations of the MMs proved always lower than 1◦, and its

trend closely matched with the position error. The results from

a representative configuration (T1) are first presented (Fig. 5).

The relationship between the actual and the computed

displacement proved always highly linear (R2 = 0.99, p <

0.001, Fig. 5, upper panels), and the em demonstrated almost

constant along the trajectory for all MMs. The latter ranged

between <0.01 mm and 0.03 mm for all MMs except for

the magnet implanted in FDP-IV (fourth compartment of the

flexor digitorum profundus), for which it varied from 0.50 mm

to 0.67 mm (minimum-maximum). Nevertheless, also in this

case em proved always lower than 7% the trajectory covered

by the magnet inside the hosting muscle. The movement of

one MM affected the position estimate of the other MMs

(Fig. 5, lower panels). The importance of this effect varied

according to which MM was moved. Overall, ect proved

always below 0.09 mm for all MMs except for the magnet

in FDP-IV, for which a maximum ect of 0.31 mm was

measured on its estimate while moving the magnet in ED-I

(first compartment of the extensor digitorum) (Fig. 5, lower

panels). This corresponded to 3% the trajectory length of the

magnet inside the FDP-IV.

All in all, the errors demonstrated in the same order of

magnitude when the residual limb length, and consequently the

number of MMs, increased (configurations T2 and T3, Fig. 6).

In particular, the largest em were obtained for the magnets in

FDP-IV in configuration T2 (em = 0.40 mm), and in FDP-II

in configuration T3 (em = 0.15 mm). The highest ect were

0.21 mm in configuration T2 and 0.27 mm in configuration

T3, for the same magnets. Overall, em and ect proved always

lower than 4% and 5% the displacement travelled by the MMs

during muscle contraction.

The tracking accuracy obtained when acquiring the entire

sensor grid and that obtained when using only the active

sensors proved always comparable (Fig. 7). As a representative

example, for the magnet in FDP-IV in T1 the maximum

difference in em and ect proved equal to ∼0.39 mm and

∼0.24 mm, respectively (Fig. 7). The trends of the error in the

two considered configurations, in terms of relative value across

different MMs (muscles), closely matched (Fig. 7). Regarding

configurations T2 and T3, a maximum difference of 0.21 mm

and 0.11 mm for em , and of 0.12 mm and 0.24 mm for ect

were obtained, respectively (not shown).

The localization accuracy generally worsened when R

decreased (Fig. 8). Indeed, while no correlation was found for

em (outlier value relative to FDP-IV excluded), a significant

negative correlation was found for ect (r = −0.69, p = 0.02).

Similar results for ect were found for configurations T2

(r = −0.50, p = 0.08) and T3 (r = −0.52, p = 0.02) (not

shown). Although a perfect proportionality was not established
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Fig. 5. Performance of the localizer in retrieving the displacement of the MMs in configuration T1 (using the selected active sensors). Each magnet
was moved along a trajectory, while the remaining magnets were kept at their initial/rest position. The magnet implanted in FDP-IV showed the
highest em and ect, respectively equal to 0.67 mm and 0.30 mm. Acronyms in APPENDIX.

Fig. 6. Localization errors (em and ect) for configurations T2 and T3
(using the selected active sensors). The empty dots indicate the outliers,
the boxplot encloses data within the interquartile range, the dot is the
median value, while the whiskers extend to the limits of the distribution.

between the accuracy and the R value, it is worth notic-

ing that magnets in FDP-IV in configurations T1 and T2,

and in FDP-II in configuration T3, showed both the highest

em and the highest ect . At the same time, their R values

proved largely below the average R measured for the cor-

responding configuration, and respectively equal to 0.76, 1.02

and 1.50.

IV. DISCUSSION

In this work, we studied the effects of the complex anatomy

of the human forearm on the design of a myokinetic interface

aimed at controlling multiple DoFs of a hand prosthesis.

Specifically, we hypothesized that by implanting MMs fol-

lowing specific geometrical constrains, we would be able to

retrieve the position of several MMs with reasonable accuracy.

As we indeed observed such performance, we conclude that

our hypothesis was corroborated. To our knowledge, this is the

Fig. 7. Effect of the sensor selection on the localization errors
(em and ect) for each magnet in configuration T1. The localization accu-
racy proved comparable when using the selected active sensors or all
sensors.

first time that a localization algorithm is shown to successfully

track such a large number of MMs, in simulation.

We could not find important differences in localization

accuracy between the use of a uniform grid of sensors with

respect to the ones selected (Fig. 7). This indicates that most

of the information is retained after selection, supporting the

idea that the localization accuracy of a magnet is related

with the distinguishability of its peaks in the magnetic field

(gradient). Notably, similar strategies to optimize the position

and number of deployed sensors were already investigated in

the literature, mostly for a single MM [12], [14], [27]–[29].
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Fig. 8. Correlation between R and median em (left panel) or median
ect (right panel) in configuration T1 (using the selected active sensors).
While no correlation was found for em (outlier FDP-IV value excluded),
a significant negative correlation was found for ect.

Regardless of the specific strategy, all of them agree on the

need of 10-15 sensors per MM. Our method, by selecting

14-16 sensors/MM, aligns with the literature by extending the

findings to systems with multiple MMs. Nonetheless, whether

the distribution of sensors counts more than their number (as

suggested by Maréchal and colleagues [27]) still remains to

be assessed.

We found R to be inversely correlated with ect but not with

em (Fig. 8). This finding seems in contrast with the argument

brought by our previous study, in which we suggested a

correlation between R and both em and ect [15]. However,

we hypothesize that the absence of proportionality between R

and em is caused by its very small range of values (maximum

em below 0.04 mm), once removed the outlier exhibited by

the magnet in FDP-IV.

Our previous study is the only one we are aware of dealing

with multiple MMs (i.e., 18). In that study, however, we

characterized a much simpler setup (featuring all MMs in a

row) and exploited a virtually “infinite” number of sensors

for their localization. Hence, this study supports but also

considerably extends our previous findings. We show indeed

that R is an appropriate metric also when dealing with complex

distributions of MMs, each one being oriented in a different

direction, and using a reduced number of sensors.

Although we applied our methodologies to the anatomy of a

healthy human forearm, this approach could be readily trans-

lated in clinical settings. Indeed, the muscles distribution of a

specific patient could be provided by advanced 3D MRI-based

techniques [30]–[33]. As an example, Diffusion-Tensor MRI

was shown to provide a detailed reconstruction and segmenta-

tion of single forearm muscles [30]. By planning the placement

of the MMs in advance, we could significantly reduce the

duration of the surgical procedure and, at the same time,

optimize the performance of the prosthesis control system.

On the other hand, we introduced a few simplifications in the

analysis. First, we hypothesized that all muscles and muscle

compartments could be contracted independently. However,

it is known that neural and mechanical connections coupling

inter and intra-muscle contractions exist in humans [34], [35].

Secondly, we considered that a muscle after amputation

deforms similarly to muscles in unaffected forearms. In fact,

there is clinical evidence that residual muscles spontaneously

tend to stick to the surrounding tissue. Furthermore, during the

amputation surgery, it is common practice to suture the muscle

directly to the bone (myodesis) or together with other muscles

(myoplasty), in order to prevent pain at the residual limb [36].

It remains to be demonstrated if any surgical procedure

(e.g. a regenerative agonist-antagonist myoneural interface -

AMI - [37]) could mitigate such drawbacks.

Even if MMs could potentially be implanted in different

sites of the muscle (e.g., the muscle surface or the tendon),

we selected the muscle belly because we expect it to have a

reduced sensitivity to external deformations (e.g., pushing on

the skin) [38]. In turn, this should improve the robustness of

the control system during clinical use. Allowing to implant

the MMs also on distal tendons, would have surely affected

Linter−MM, allowing for larger Rs.

We assumed the distal aponeurosis to insert in the muscle

L/2 far from the muscle origin, for all muscles. Although this

represented a simplification, it is worth noticing that, while

the effective insertion of the aponeurosis affects the actual

displacement of the muscle (and of the MM), it does not affect

the placement of the implanted magnet. Furthermore, as the

aponeurosis could be intentionally slackened/adjusted during

the amputation surgery, it would not be possible to identify a

precise value for each muscle which is accurate in general.

The present study was indeed limited in some respects. First,

in order to limit the number of combinations tested, we fixed

the orientation of the MMs to point towards the sensors.

This is the optimal configuration, selected to maximize the

magnetic field sampled by the sensors. However, we expect

variability in the orientation of the MMs during the manual

implantation in the muscles, which should be considered in

the simulation. Secondly, mechanical disturbances (e.g. the

weight of the prosthesis itself, collisions with the environment)

could generate relative displacements between the muscles and

the sensors, affecting the localization performance. Corrective

actions (e.g. using a fixed magnet) should be investigated in

order to mitigate such drawback. Thirdly, we considered a

simplified linear model to describe the muscle contraction.

This only captured axial deformations, while it is known that

muscles deform radially as well. Finally, the simplified model

was applied without modification to all forearm muscles, not

reflecting differences in muscle contractile properties. A more

realistic model would greatly affect how MMs move and

should thus be considered in future studies. Additionally,

the whole study is based on computer simulations. Although

experimental validation is always beneficial, we compared

simulated and experimental setups in early studies. This was

performed for both a planar [15] and an anatomically rele-

vant [10] workspace. We think these studies already adequately

support the translatability of the results presented here to the

physical world. Finally, the placing procedure selected muscles

without considering their function, or their mapping with the

available DoFs in a prosthesis. Thus, it may be interesting to

associate importance indexes to muscles so that those with

pivotal functions would be retained more easily.

In conclusion, we demonstrated for the first time the feasi-

bility of tracking several MMs with a very good accuracy.

Up to 19 MMs could be tracked in a realistic volume,
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resembling the anatomy of the limb. While further investi-

gations are still required to assess the transferability of the

findings to a real-world scenario and to allow for proper

comparison with alternative advanced methods [3], [6], [9],

we argue that this work represents an important step forward

for the development of an intuitive control system for multi-

fingered hand prostheses. Not least, these outcomes are of

great interests for a multitude of biomedical applications that

exploit multi-magnet tracking in a constrained workspace.

APPENDIX

EDM – extensor digiti minimi. ED – extensor digitorum.

FDP – flexor digitorum profundus. FDS – flexor digitorum

superficialis. EI – extensor indicis. APL – abductor pollicis

longus. EPB – extensor pollicis brevis. EPL - extensor pollicis

longus. FPL – flexor pollicis longus. ECRB – extensor carpi

radialis brevis. ECRL – extensor carpi radialis longus. ECU

- extensor carpi ulnaris. FCU – flexor carpi ulnaris. FCR –

flexor carpi radialis.
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