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Abstract. Objective: Acousto-electrophysiological neuroimaging (AENI) is a
technique hypothesized to record electrophysiological activity of the brain with
millimeter spatial and sub-millisecond temporal resolution. This improvement
is obtained by tagging areas with focused ultrasound (fUS). Due to mechanical
vibration with respect to the measuring electrodes, the electrical activity of the
marked region will be modulated onto the ultrasonic frequency. The region’s
electrical activity can subsequently be retrieved via demodulation of the measured
signal. In this study, the feasibility of this hypothesized technique is tested.
Approach: This is done by calculating the forward electroencephalography (EEG)
response under quasi-static assumptions. The head is simplified as a set of
concentric spheres. Two sizes are evaluated representing human and mouse brains.
Moreover, feasibility is assessed for wet and dry transcranial, and for cortically
placed electrodes. The activity sources are modeled by dipoles, with their current
intensity profile drawn from a power-law power spectral density.
Results: It is shown that mechanical vibration modulates the endogenous activity
onto the ultrasonic frequency. The signal strength depends non-linearly on the
alignment between dipole orientation, vibration direction and recording point.
The strongest signal is measured when these three dependencies are perfectly
aligned. The signal strengths are in the pV-range for a dipole moment of
5 nAm and ultrasonic pressures within FDA-limits. The endogenous activity can
then be accurately reconstructed via demodulation. Two interference types are
investigated: vibrational and static. Depending on the vibrational interference, it
is shown that millimeter resolution signal detection is possible also for deep brain
regions. Subsequently, successful demodulation depends on the static interference,
that at MHz-range has to be sub-picovolt.
Significance: Our results show that mechanical vibration is a possible underlying
mechanism of acousto-electrophyisological neuroimaging. This paper is a first step
towards improved understanding of the conditions under which AENI is feasible.

Keywords: Ultrasound, Electroencephalography, Functional Neuroimaging, Simula-
tion, Spatial Resolution, Acousto-Electric Effect
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1. Introduction

Functional neuroimaging techniques are well estab-
lished in the medical world. They are used in dis-
ease diagnosis, monitoring and for signal acquisition
in brain computer interfaces [1, 2, 3]. The different
methods can be categorized into two groups based on
the measured activity: direct electrophysiological and
indirect hemodynamic [4].

Functional magnetic resonance imaging (fMRI),
functional near-infrared spectroscopy (fNIRS) and
positron emission tomography (PET) are modalities
among the latter group. They are based on the neu-
rovascular coupling, where changes in neuronal activity
result in, for instance, altered blood flow or metabolic
changes [3]. Compared to the electrophysiological mea-
suring modalities, they have typically a better spatial
resolution but a worse temporal resolution. fMRI per-
forms best on spatial resolution. This is in the mm-
range for reasonable acquisition time (1-2 s) and full
brain coverage. It can even go sub-mm, however, at the
cost of temporal resolution, tissue coverage or the need
for complex infrastructure [5, 6]. PET has a slightly
lower spatial resolution and a temporal resolution up to
minutes. An important advantage of both techniques
is their ability to map activity of deep regions. fNIRS
is more restricted to the cortex with a maximal depth
of 1-3 cm below the skull. The spatial resolution is
also lower with respect to PET and fMRI, being in the
upper mm-range (5-10 mm). On the other hand, the
sampling rates are around 10 Hz [1, 4, 7, 8].

Electroencephalography (EEG) and Magnetoen-
cephalography (MEG) directly and non-invasively
measure the electrophysiological activity. Their spatial
resolution is in general lower than that of the hemody-
namic modalities. Due to the differences in electrical
properties between biological tissues, such as scalp and
skull, the EEG-signal strongly smears out onto a larger
scalp area (>10 cm2 [9], 3 cm2[10])[11]. The differences
in magnetic permeability of the tissues are negligible
resulting in less dispersion. Consequently, it is argued
that MEG performs better in source localization with
1 cm and 2.5 cm error for MEG and EEG, respec-
tively [12]. On the other hand, the study of Klamer et
al. (2015)[13] showed a significantly lower localization
error for high-density EEG (256 channels) compared
to MEG (275 channels) when individual head models
were used. Thus, by using realistic models to overcome
the dispersion, better localization can be obtained with
EEG than with MEG for the same number of sensors
[13, 14]. The electropyhsiological activity can also be
measured with implanted electrode arrays. This can
provide local information of a small volume of cells.
Of course, they are invasive, causing tissue damage.
Furthermore, electrochemical reactions can affect sig-
nal stability [4]. Finally, a less invasive approach is

electrocorticography (ECoG) where electrodes are sub-
durally implanted. By surpassing the skull, the spatial
resolution is improved with respect to EEG (5 mm)
[9]. However, the coverage is restricted to the region
below the electrodes [15, 16]. All these electrophysio-
logical modalities have a superior sub-millisecond tem-
poral resolution [12]. Furthermore, they directly mea-
sure neuronal acitivity, while there is a latency of ∼ 5 s
between neuronal activity and hemodynamic changes
[1, 7]. Moreover, a medio-lateral shift between hemo-
dynamic and electrophysiological localization has been
observed, as well [13].

A single technique’s disadvantage could be over-
come by adopting a multimodal approach. For in-
stance, fMRI and EEG have strong complementary
strengths. A hurdle, however, is the concurrent elec-
tromagnetic interference inducing artifacts [3]. On this
aspect fNIRS is promising because it can be coupled
with EEG, MEG or fMRI seeing it does not make use
of metallic probes [7]. Although often thought as com-
peting, also EEG and MEG provide complementary
information allowing for better accuracies [11, 12].

Other important properties are cost, equipment
size, and patient comfort, the latter including, porta-
bility, noise and movement freedom. Here, EEG scores
the best (as well as fNIRS), making it together with
its high temporal resolution an attractive and there-
fore highly investigated technique [4, 8].

Advances in electrophysiological source imaging
(ESI) have significantly improved the localization er-
rors of EEG. The goal is to find the underlying sources
responsible for the measured EEG signal, by solving
the inverse problem. This problem is strongly ill-posed
due to the in theory billions of sources and only limited
number of electrodes. A summary of all contributing
sources to the electric field is given in [9]. A solution
to this inverse problem is found by minimizing the dif-
ference between measured and calculated signals, the
latter obtained by solving the forward problem. A re-
view on the different ESI-algorithms is given in He et
al. (2018) [3] and Asadzadeh et al. (2020) [17]. It has
to be noted that centimeter differences in localization
depending on the used ESI method exist [18, 19]. The
accuracy can be improved by increasing the number of
electrodes. However, the additional absolute improve-
ment decreases with increasing number of electrodes.
Also, the localization error increases with depth, while
the rate drops with a higher number of electrodes [20].

The chosen forward head model strongly affects
the localization accuracy, as well. It translates the ac-
tivity of a source in the brain to the electrode. As
aforementioned, the signals are strongly dispersed by
differences in electrical properties between biological
tissues. Realistic head models can improve accuracy by
including anisotropy and inhomogeneity of the tissues
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[17, 18, 21]. Klamer et al. (2015)[13] also demonstrated
a significant inter-subject variability. Consequently, a
patient specific head model needs to be constructed,
which can be obtained via magnetic resonance image
of the head. On the other hand, this increases compu-
tational complexity preventing real-time analysis. Also
the need for an MRI scan impacts the ease-of-use of
EEG.

Aside from the conventional techniques discussed
above, the use of ultrasound for functional neuroimag-
ing is receiving increased attention. Functional ul-
trasound imaging is another hemodynamic technique
with high spatial and temporal resolution (millisecond
and millimeter). Although limited to two-dimensional
imaging planes, transition to 4D image acquisition is
being investigated [22]. Alternatively, by probing the
brain with focused ultrasound (see figure 1 (A)), it has
been hypothesized that the electrophysiological activ-
ity in the ultrasound focus will be modulated onto the
ultrasound frequency. The endogenous signal can be
retrieved after demodulation. In this manner a supe-
rior spatio-temporal resolution can be obtained, where
the spatial resolution depends on the size of the ultra-
sound focal zone (mm-range) and the temporal resolu-
tion is sub-milisecond (like with EEG). Moreover, no
inverse problem needs to be solved, removing the hur-
dles mentioned above. Bin He (2016) [23], postulated
that modulation is achieved by relative motion of the
source with respect to receiver due to mechanical vi-
bration induced by the ultrasonic field. This was ten-
tatively called acousto-electrophyiological neuroimag-
ing (AENI). Another possible underlying mechanism
is the acousto-electric effect (AE), i.e., a pressure in-
duced change in conductivity [24, 25].

Other research groups (Witte et al. [26], Song et
al. [27], Rintoul et al. [28]) already performed in-vitro
experiments, proving that the electric signal gets mod-
ulated onto the ultrasound carrier [29]. It was shown
that the technique could be used for 4D ultrasound cur-
rent source density imaging (UCSDI) modality [30, 31].
The spatial resolution was indeed in line with the full
width at half maximum of the US-focal zone. When ap-
plied to the brain this was termed transcranial acous-
toelectric brain imaging (tABI) [32, 33]. Barragan et
al. (2020) confirmed that a broadband EEG-like signal
from deep within the brain (40 mm) could be retrieved
[33].

In this simulation study, the mechanism as stated
by He (2016) [23] is investigated. The head is mod-
eled as a set of concentric spheres. Current dipoles are
used to represent the electrophysiological activity gen-
erated by a small volume of neurons. Subsequently,
the EEG response is determined by solving the gen-
eral Poisson equation in spherical coordinates under
quasi-static assumptions. The feasibility is tested for

two head models (i.e., human and mouse) and three
electrode types (i.e., scalp wet and dry, and cortical
electrodes). It is shown that relative motion induced
by mechanical vibration does modulate the endoge-
nous signal onto the used ultrasonic frequency. The
maximal signal strengths are determined together with
the optimal dipole orientation, displacement direction
and electrode position. Furthermore, two interference
categories are identified. The vibrational interference
originates from neighboring vibrating regions, account-
able for the achievable spatial resolution. And, the
static interference, that is the endogenous biological
signal noise at high frequencies, responsible for the
technique’s feasibility. Finally, the necessary level of
dipole moment power of a single dipole’s current in-
tensity profile in order for the technique to be safe is
determined.

2. Methods and Materials

The framework used to test the hypothesized method
is described below. A quasi-static approach is adopted
to model the displacement of the brain regions. For
mathematical convenience, we opted for a simplified
solution of the problem, i.e., the head is modeled as
a set of concentric spheres. Next, we elaborate on
the dipole moments and their time dependent signals,
important for the static interference contribution.
A synthetic ultrasonic field is applied to control
the influence of vibrational interference. Both are
biological noise sources that interfere with the signal
of interest. The former originates from the static field.
The latter is due to vibrating regions not being the
region of interest. Finally, the signal demodulation
method, metrics and FDA limits, used to test the
method’s feasibility are described. The full study was
performed in MATLAB R2021b.

2.1. Spherical Four-Layer Head Model

The head is modeled as a set of concentric homoge-
neous spheres, figure 1 (B). An analytical solution can
be obtained by solving the general Poisson equation in
spherical coordinates. For a current dipole with mo-
ment Imaxf(t)ddp on the z-axis, the induced electric
potential Vl in volume l for an arbitrary point on the
XZ-plane can be determined via:

Vl(r, θ, ϕ = 0, t) =
Imaxf(t)ddp

4πσl
·

∞∑
i=1

[(
Al,i

ri+1
+Bl,ir

i

)
(
P 0
i (cos(θ)) er − P 1

i (cos(θ)) cos(ϕ = 0)et
) ]
(1)

where σl is the conductivity of volume l. r, θ and
ϕ are spherical coordinates. The terms P 0

i (cos(θ)) er
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Figure 1. Concept of acousto-electrophysiological neuroimaging and description of used methods. A A highly focalized ultrasonic
field is applied to the brain to mark a specific region. Mechanical vibration of the tagged region modulates the biological signal
on the ultrasound’s carrier frequency, spatially encoding the electrical brain activity. Demodulation of the measured EEG signal
should return the marked region’s activity. B The spherical four-layer head model, with each layer specified by its conductivity σl,
permittivity ϵl and radius Rl. The electrical activity of different brain regions are represented as dipoles (arrows) with the tagged
region in red. C Schematic of the equivalent dipole and its parameters. The potential is measured at P in the xz-plane. The circle,
asterisk and triangle indicate the corresponding positions of the dry, wet and cortical electrodes. D The time dependent current
intensities of the different dipoles. Top, the power spectral density (PSD) profile from which the time signals are reconstructed (green
line without noise). Below, the time dependent signals, with red and orange (i.e., respectively, alpha-function and alpha-train) the
time signal of the tagged dipole and the gray lines the signal of the background dipoles derived from the PSD-profile above. E The
one dimensional applied displacement field for decreasing values of the spatial constant κ. F The signal demodulation protocol.
From left to right: Fourier transform, bandpass filter and demodulation to baseband, zero order detrend followed by phase shift
correction and finally inverse Fourier transform.

and P 1
i (cos(θ)) cos(ϕ)et correspond to radial and

tangential components of the dipole, respectively,
with et = eθ for a point in the XZ-plane, and
P 0
i and P 1

i the associated Legendre polynomial of
zeroth and first order [34, 35]. For an arbitrarily
located dipole, the electric potential can be calculated
using (1) after linear transformation of the dipole
onto the z-axis. Equivalently, it is determined
by splitting the dipole moment in a radial and
tangential component in the plane defined by the
dipole location and measuring point vectors. Here,

θ = cos−1 (rdp · rPOI/ (|rdp||rPOI|)) and et = (rdp ×
rPOI) × rdp/

(
|rdp|2|rPOI|

)
, with rdp and rPOI the

location of the dipole and measuring point, respectively
(see below) [35]. The Condon-Shortley phase
is included in calculating the associated Legendre
polynomials, explaining the minus sign between radial
and tangential dipole terms (unlike in Arthur and
Geselowitz (1970) [34]).

In this study, three electrode types are of interest,
i.e., cortical, and wet and dry scalp electrodes.
Although, no actual electrodes are modeled, these
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types can be associated with different positions in the
head. Therefore, the model consists of four concentric
shells, each defined by an outer radius Rl. From inside
to outside: the first is brain matter, followed by the
skull, next the scalp and finally a layer of air. For the
cortical electrode, the point of interest is at the brain
skull boundary (Rbrain). The wet scalp measurement
occurs at the scalp air boundary (Rscalp). The dry
scalp is inside the air shell (Rair). Under the following
conditions, a solution for (1) can be found.

Vl = Vl+1

σl
∂Vl
∂r

= σl+1
∂Vl+1

∂r
(2)

Vl(r) → 0 for r → ∞

Due to the interest in multiple radial positions, the
solution to (1) cannot be simplified. Therefore, it is
not depicted here but the complete set of equations to
be solved can be found in Appendix B. The radius of
each shell can be found in table 1 [21]. The number
of terms included in the numerical simulation in (1)
is regulated by an absolute and relative tolerance, i.e.,
10−13 and 10−10, respectively, limited by a maximum
of 5000 terms.

2.2. The Dipole Moment

EEG response is caused by extracellular neuron
currents in response to transmembrane currents, also
known as secondary return, or volume currents. These
currents can be modeled by a multipole expansion [2,
21]. However, typically only the first order expansion
is used, i.e., the current dipole. Here, it represents
the activity of a small volume of parallel neurons
[2, 21, 34, 35]. The dipole is characterized by: its
position (rdp = [x, y, z], halfway between the current
source and sink), its orientation (defined by unit vector
edp), the current intensity (I) and distance between the
monopoles (d), see figure 1 (C). The dipole moment
density is then

d(rdp) = I ddp(rdp) (3)

with ddp = d δ3(rdp) edp

and δ the Dirac delta. Unless otherwise specified, the
dipoles are radially oriented (i.e., edp = er). Moreover,
they are uniformly distributed on n (= 3, 5 or 10)
concentric spheres in the brain. The layers are
equidistant, with the most outer layer at Rdp,max, and
have the same dipole densities.

The current intensity varies over time. An
appropriate time dependent signal needs to be chosen
to obtain an estimate of the noise level at the ultrasonic
frequency (fus). The time dependent signals of any

dipole not being the dipole of interest is derived from
a power spectrum density profile:

PSD(f) =
1 + f/(ζf1)∏Nf

i=1 (1 + (f/fi)
αi)

(4)

with fi the ith cut-off frequency, αi the attenuation
coefficient and Nf = 2 or 3, for the vibrational and
static interference analysis, respectively. ζ is randomly
chosen between [0.3, 1]. Consequently, the PSD reaches
a maximum between ζf1 and f1. Extra noise is added
to increase the variance amongst the dipoles. This is
drawn from logN (0, 0.5). The time varying current
intensity is then obtained via:

I(t) = Imax F−1
(√

PSD (|f |) exp(iΦ(f))
)
= Imax f(t)

(5)
with Φ(f) an odd function of random phases, i the
imaginary unit and F−1 the inverse Fourier transform.
The maximum current intensities are drawn from
N (IDOI, 3) uA. The parameter values are summarized
in table 1. The time signal for the dipole of interest
(DOI, see section 2.3) follows an alpha-function (7) or
if explicitly specified an alpha-train (8).

g(t, τ) =
t

τ
exp

(
1− t

τ

)
Θ(t) (6)

IDOI(t) = IDOI g(t, τ = 5ms) (7)

or

IDOI(t) = IDOI

100∑
i=1

Bi g (t− t0,i, τi) (8)

with τi drawn from N (2, 0.2) ms, t0,i from
|N (0, 6.5)| ms and Bi from N (0, 1.5). Θ(t) is the Heav-
iside step function. Furthermore, Bi is normalized with
respect to the largest absolute Bi value. The maximum
dipole moment of the DOI is set to 5 nAm, after the
synchronous activity of 104 neurons with a single dipole
moment of 0.5 pAm. With a d = 500 µm, this results
in a IDOI = 10 µA [36, 37]. An example of the applied
current intensities is shown in figure 1 (D).

2.3. Ultrasonic Field

Application of the ultrasonic field causes brain regions
to move with respect to the EEG-electrodes. A
synthetic ultrasonic field is used to provide more
control of the displacement field distribution.

A(r) = Amax exp

(
−|r− rdp,DOI|

κ

)
(9)

with κ the spatial constant in mm. In this study
the displacement vector is always in the z-direction.
Therefore, rdp(t) = rdp,0 − A (rdp,0) sin (2πfust)ez,
with rdp,0 = rdp(t = 0). The field and effect of κ
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Table 1. Summary of all parameters values. Unless otherwise
specified, these values are used in each simulation.
(H = Human, M = Mouse)

Head Model Dipoles
H M

Rbrain [mm] 70 4.6 edp,DOI [0,0,1]
Rskull [mm] 75 5.2 rdp,DOI [0,0,0 or Rdp,max]
Rscalp [mm] 82 5.9 IDOI [µA] 10
Rair [mm] 87 6.9 d [mm] 0.5
Rdp,max [mm] 65 4.1 f1 [Hz] 14
σbrain [S/m] 0.33 f2 [Hz] 103

σskull [S/m] 0.0132 f3 [Hz] 104

σscalp [S/m] 0.33 α1,2 2
σair [S/m] 5.5606 10−6 α3 10

Electrode positions Ultrasound

POI1 [1,0,0] fus [Hz] 106

POI2 [0,0,1] vus [0,0,1]
POI3 [0,1,0] fband [Hz] 2 · 103
POI4 edp,DOI Tsim [ms] 25
POI5 [1,1,1] Zac [Pa s/m] 1.5 · 106

is illustrated in figure 1 (E). The dipole of interest
(DOI) is the dipole at the location (rdp,DOI) where the
displacement is maximal (Amax). This is the tagged
region.

2.4. Quasi-Static Electromagnetic Field

Given the displacement of current dipoles, the
conventional static solution for the forward EEG
problem will not suffice. A quasi-static electromagnetic
field approximation is selected. The decision is
based on an order of magnitude analysis using the
Liénard-Wiechert fields (see Appendix A). The
analysis showed that quasi-static electric potential
contributions dominate all relativistic components
(i.e., due to the Doppler effect, source acceleration
and finite propagation speed of light) for an angular
ultrasonic frequency:

ωus ≪ 20.58/ddp,POI GHz (10)

with ddp,POI the distance between observer and oscil-
lating source in cm. Under quasi-static assumptions,
the induced electric potential (ψ) for a displacement in
the z-direction is:

ψ(x, y, z, t) = V (x, y, z −A sin(ωust), t) (11)

with A the displacement amplitude, ωus the angular
ultrasonic frequency and V the induced electric
potential in the reference frame of the source. A Taylor
series for A ≪ 1 yields:

ψ = V −A sin(ωust)
∂V

∂z
+O(A2) (12)

Consequently, given the Fourier transformation:

Ψ = Imaxf̂(ω)G

− i
AImax

2

(
f̂(ω + ωus)− f̂(ω − ωus)

) ∂G
∂z

+O(A2)

(13)

with separation of variables: V (x, y, z, t) =
Imaxf(t)G(x, y, z), it is clear from the second term that
the measured signal (ψ) contains the information of
the source (f(t)) near the applied ultrasonic frequency,

with f̂(ω) = F (f(t)). In other words, it is modulated
onto fus. ψ is obtained by evaluating (1) over a time
period Tsim with a sampling frequency of 20fus.

2.5. Signal Processing

The electric potential is measured at 5 locations or
positions of interest (POIs). The POIs are defined
as the location vector connecting the origin and the
measurement point (see table 1). Two additional POIs
are included as well: mPOI and mPSO. The former
being the mean of all POIs, the latter is the mean of
POIs that received DOI’s signal within the same order
of magnitude of the highest received signal. Depending
on the electrode type of interest (see section 2.1), the
POI is then located at Rl ·POIi/|POIi|. Subsequently,
the signal at fus ± fband/2 is demodulated following
(figure 1 (F)):

(i) Fourier transform: ψ (POIi, t) → Ψ(POIi, f)

(ii) bandpass filter (fus ± fband/2) followed by
demodulation to baseband

(iii) zero order detrend, i.e., subtracting mean from
real and imaginary parts.

(iv) compensate for phase shift due to sine (see (13))

(v) inverse Fourier transform

Normalization of the obtained signal results in:

f̃(t) = f(t) + ϵ(t) (14)

where f(t) is the normalized time varying current
intensity (see (5)) and ϵ(t) the error due to interference
of other dipoles. Finally, the root mean square
error (RMSE), with respect to the input signal is
determined, to asses the reconstruction accuracy.

RMSE =

√
1

Tsim

∫ Tsim

0

ϵ2(t) (15)

A titration process is used to determine the thresholds
of the displacement amplitude Amax and spatial
constant κ to obtain a given RMSE-value. This process
adopts the bisection method where the midpoint is the
logarithmic mean of the interval [a, b] (i.e., log10 c =
(log10 a + log10 b)/2). At the start b/a = 10. To
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limit computation time only a max of 5 iterations are
evaluated.

Due to the interest of the signal at fus ± fband/2,
the used conductivities in (1) are the modulus of the
complex conductivities (σ̃l) near fus. At fus, the
capacitive effects are negligible for the brain, skull and
scalp conductivities. Therefore, |σ̃l| ≈ σl. In the air
layer, on the other hand, capacitive effects dominate,
resulting in |σ̃air| ≈ 2πfusϵair with ϵair the permittivity
of air. The values are summarized in table 1, taken
from the IT’IS database [38].

2.6. FDA Limits

The FDA limits are used to asses the methods
feasibility [39].

• Pulsed average intensity:

Ipa = ZacA
2ω2

us/2 < 190W/cm2

• Temporal average intensity:

Ita = dc Ipa < 720mW/cm2

• Mechanical index:

MI[−] = PNP[MPa]/
√
fus[MHz]

= 2πZacA[Pa s]
√
fus[MHz] < 1.9

with Zac the specific acoustic impedance, PNP the
peak negative pressure in [MPa] and dc the duty
cycle. Here, a plane wave approximation is applied in
the focus (pus/vus = Zac), which is valid under the
assumption of a small transducer convergence angle
[40].

3. Results

Below the results of this simulation study are shown.
First the measurable signal strength of a single dipole
is investigated. This led to a preferred displacement
direction and dipole orientation combination that is
further maintained in following subsections. Next,
two different interference sources are addressed. The
vibrational interference is investigated followed by the
static interference. Finally, the importance of the
imposed reconstruction accuracy and dipole current
waveform is analyzed.

3.1. Measurable Signal Strength of Single Vibrating
Dipole

The relationship between dipole position (rdp),
orientation (edp), measurement position (POI) and
displacement direction (ez) is investigated first. A
single dipole is used, with a constant dipole moment
of 5 nAm. The dipole is moved radially (rdp) from 0

to Rdp,max. Moreover, it is rotated in the yz-plane for
a varying polar angle (θdp) from 0 to π radians. At
each position, the dipole is oriented radially outwards
(edp = er). The displacement amplitude (Amax) is
10 nm. The results are shown in figure 2.

For a dipole at rdp = 20 mm and θdp =
tan−1(1/2), the signal strength measurable at the scalp
is shown in figure 2 (A). Here signal strength denotes
the magnitude of the measured signal’s frequency
component at fus (i.e., |Ψ(f = 1 MHz)|). A hotspot
between POI2 and POI4 can be observed. The signal
strength does not monotonically decrease away from
the hotspot. This is highlighted in figure 2 (C), where
the signal at POI5, although closer to the hotspot,
is lower than that at POIs 1 and 3. Furthermore, a
clear oscillation of the signal can be seen at each POI.
The oscillation is either in phase or antiphase with
the ultrasonic displacement and has a period equal to
1/fus. For this setup, the maximal signal amplitude is
only 0.1 pV.

For aforementioned dipole positions, the center of
the hotspot is located in the yz-plane. The optimal
polar angle (θPOI) depends both on rdp and θdp, as
can be seen in figure 2 (D). When the dipole is close to
the center, the optimal angle is between the dipole’s
orientation and the displacement direction. At the
center itself, this is the mean vector of both directions.
On the other hand for a dipole closer to the outer
surface, the optimal θPOI is closer or equal to θdp.

The maximal signal strengths measurable at the
cortex, scalp or with an extra 5 mm thick air layer
are shown in figures 2 (E), (F) and (G), respectively.
As expected, the highest signals are measured with
POIs at the cortex level (Rcortex), while the lowest
are measured with POIs in the air layer (Rair, the dry
electrode). The absolute maximum is 340.604 pV while
the minimum is only 0.047 pV. For a cortical electrode,
there is a three orders of magnitude difference between
the lowest and highest measurable signal strengths.
At the scalp (Rscalp), this reduces to a difference of
a factor 40. The lowest measured signal is half the
one measured at the cortex. This while the maximum
is more than a 100 times lower. The extra air layer
reduces the maximum further with a factor 2, while
the minimum is only reduced with 16%. For θdp = 0,
introduction of the skull and scalp (and air) layer
results in a signal reduction of 68% and 30% (11% and
7%) for a fixed distance of 22 mm and 70 mm with
respect to the measuring electrodes, respectively. This
slightly increases to 70% and 36% (11% and 9%) when
the dipole orientation is perpendicular to the vibration
direction. For all electrode setups, the minimum is for
a dipole at the center with an orientation perpendicular
to the displacement direction. The absolute maximum
is found near the surface (rdp = Rdp,max) and for
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Figure 2. Measurable signal strength for single dipole with constant dipole moment of 5 nAm. The dipole is located in the yz-plane,
and is moved radially (rdp) and with changing co-elevation (θdp). A Distribution of the amplitude of the fus component measurable
at the scalp-air interface (Rscalp). The tagged dipole is indicated by a red arrow. The point of interests (POIs) are displayed by black
discs. B The displacement of the tagged dipole. x and y do overlap at 0 nm. C The signal measured at the different POI-locations
as indicated in A for two periods of the ultrasonic wave. POI4 has the highest amplitude. D The absolute difference between
co-elevation of optimal POI location (θPOI, i.e., point where highest signal amplitude is measured) and θdp. E, F and G The signal
strength at the optimal POI for POIs at the cortex (Rbrain), the scalp (Rscalp) and with extra air-layer (Rair), respectively. The
gray horizontal line indicates the radial location of the POI.

a θdp = 0. Consequently, maximal signal strength
is obtained when the dipole orientation, displacement
direction and POI position are perfectly aligned.

3.2. Vibrational Interference

The applied ultrasonic waves propagate through the
whole brain. A spatially distributed displacement field
arises. In the focus, the displacement is maximal. The
dipole located at this maximum is called the tagged
region or dipole of interest (DOI). Although lower in
amplitude, the dipoles outside the focus will vibrate as
well. This will induce some interference on the signal
of interest, as also these signals will be modulated
onto fus. In this study, this type of interference
is called vibrational interference. Moreover, the
displacement field linearly scales with the transducer
outputs. As such, only the displacement field profile
itself is of importance for the vibrational interference
generated by the surrounding dipoles. A synthetic
displacement field is used, see (9). Manipulation of

the spatial constant κ allows for the investigation of
the displacement field decay. The used PSD, see
(4), for the surrounding dipoles consists of three cut-
off frequencies with attenuation factors α1,2 = 2
and α3 = 10. This to remove static interference (see
section 3.3).

The results of the κ analysis are shown in figure 3.
For a DOI at the center (see figure 3 (A)), reducing
κ to 1 mm results in almost perfect reconstruction of
the input signal (see figure 3 (B)). Also for κ = 5 mm,
resemblance to the input signal is observed. In case
of the cortex DOI (DOI at Rdp,max, see figure 3 (D)),
no and rather small resemblance between input signal
and reconstructed is observed for κ = 5 and 1 mm,
respectively. This is reflected in the RMSE as depicted
in figures 3 (C) and (F). The RMSE is below 3% at
almost all POIs for a deep DOI and κ = 1 mm. This
increases to values between 20 and 40% for a κ = 5 mm.
It increases above 60% for a cortex DOI (κ = 5 mm),
with only values of 30% for κ = 1 mm. Also a difference
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Figure 3. The effect of the displacement field’s spatial constant (κ) on vibrational interference and reconstructed signal quality. A
Simulation setup for dipole of interest (DOI) at the center (deep) indicated by a red arrow. Blue arrows are the surrounding dipoles
responsible for the vibrational interference. The POIs are indicated by black discs. The color code indicates the actual measured potential
at a single time point. B The demodulated signal measured at indicated POIs for different spatial constants. The applied current intensity
to the DOI is shown in gray. C The root mean square error (RMSE) of the demodulated signals measured at indicated POIs. mPOI,
demodulation after the mean of the signals at the five POIs is taken first. mPSO, the mean of POIs with same order of magnitude before
demodulation. D Simulation setup for DOI at rdp = 65 mm (cortex). E and F Similar to B and C, respectively, but for DOI at the cortex.
G and H The required spatial constant to get an RMSE of 5% on at least one POI for indicated models and number of dipole layers (n)
with increasing number of surrounding dipoles, for a deep and cortex DOI, respectively. I and J The required relative spatial constant, i.e.,
κ divided by the distance between DOI and its nearest neighbor. In B, C, E and F The result shown is for 105 dipoles and n = 3 layers,
measured in the human scalp setup. To remove static interference, a PSD with three cut-off frequencies is used for the surrounding dipoles
current intensity.

in optimal POI position can be observed, for the deep
DOI the optimal is POI3 and the worst is POI5. While

the best POI for the cortex DOI is POI2 (equal to
POI4). This being in agreement with the conclusion
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from section 3.1. Inclusion of the artificial POIs, mPOI
and mPSO, does not result in significant improvement.
It is clear that even smaller κ is required for the
signal of interest to be higher than the vibrational
interference, in case of the cortex DOI.

The required κ to get on at least one POI an
RMSE ≤ 5% is shown in figures 3 (G) and (H), for
a deep and cortex DOI, respectively. It can be noted
that the measurement position, i.e. at the scalp, cortex
or air, has little to no effect on the required κ for
the deep DOI in the human head model. In case of
the mouse model this is one order of magnitude lower.
For a cortex DOI, in comparison with a deep DOI, a
higher κ is acceptable for a relatively small number of
dipoles. However, κ drops more quickly with increasing
number of dipoles. The number of layers (n) has a
clear influence in case of the deep DOI, as well. With
a higher number of layers, a lower κ is required for
all model setups. For the cortex dipole, this is overall
opposite with a lower required κ for the lowest amount
of layers.

A slightly decreasing and no clear trend can be
observed for the relative κ shown in figure 3 (I) and
(J), respectively. Here, relative κ (rel. κ) equals
to κ divided by the distance between DOI and its
nearest neighbor. For the deep dipole, the layer, and
human versus mouse models differentiation disappears.
From these relative κ plots, it is clear that the most
important factor defining the required spatial constant
is the distance between the DOI and its nearest
neighbor. The mouse model is smaller. Therefore, for
a same number of dipoles, it is more densely packed
than the human models. The difference, for a changing
number of dipole layers, between the deep and cortex
DOI plots can be explained by this, as well. The n
layers are distributed equidistant from 0 to Rdp,max

(0 excluded). In case of the deep DOI and for a higher
n, the closest neighbor is thus much closer than for a
lower n. As a result, the required κ decreases with n for
a deep dipole. In contrast, for a cortex dipole, the κ-
threshold tends to increase with n, because the dipoles
are uniformly distributed onto these layers. For a fixed
number of dipoles, each layer will thus be occupied
more in case of low layer count, reducing the distance
between the DOI and the nearest neighbor on the same
layer. The sudden drop between 103 and 104 dipoles
indicates the shift from nearest neighbor on another
layer to the same layer. The strong decreasing trend
for a cortex dipole is thus explained by the decreasing
distance to the nearest neighbor at the same layer.
This while in case of the deep DOI (figure 3 (G)), the
slight decrease is due to combined contribution of all
vibrating dipoles because the distance to the nearest
neighbor, located at the next layer, is fixed.

Table 2. Used spatial constants (κ) in displacement amplitude
simulations. Half of κ to get RMSE of 5% for 105 dipoles.

nr. layers (n) 3 5 10

POI | DOI deep cortex deep cortex deep cortex

humanscalp 1.76 0.050 1.176 0.119 0.711 0.089
humancortex 1.758 0.089 1.236 0.089 0.676 0.119
humanair 1.758 0.089 1.176 0.050 0.748 0.119
mousescalp 0.089 0.005 0.050 0.005 0.005 0.005

3.3. Static Interference

A second type of interference originates from the
electrical activity in the brain itself. In this study
this is called the static interference. Because the
EEG energy at MHz-range is not known, the applied
current intensities to the dipoles are based on a power-
law power spectral density, see (4). Unlike in the
previous section, the PSD only consist of two cut-
off frequencies. For α2 = 2, this results in a drop
of 110 dB at f = 1 MHz, with respect to DC (f =
0 Hz). To minimize the vibrational interference, half
of the required κ to achieve an RMSE of 5% with
105 dipoles is used. The values are summarized in
table 2. Increasing the displacement amplitude (Amax)
increases the signal-to-noise ratio with respect to the
static interference. The results of the Amax analysis
are shown in figure 4.

The RMSE of the reconstructed signals obtained
at the different POIs for the human scalp setup, are
shown in figures 4 (A) and (B). As expected, with
increasing Amax, the RMSE drops at almost all POI
positions. POI2 is the best location, both for deep and
cortex DOI. The necessary Amax to get an RMSE <
10% is 1 to 2 orders of magnitude lower for the cortex
than the deep DOI.

The Amax to obtain an RMSE = 5%, for a
deep and cortex DOI, are shown in figure 4 (C)
and (D), respectively. For each model setup, the
required Amax increases linearly on the log-log scale,
with increasing number of dipoles, i.e., log10Amax =
a log10(nr. dipoles) + b. The different model setups
have similar slopes, around 0.54. Except the
cortex measurements, these have a slope around 0.75.
Interesting is the different order of model setups
between the deep and cortex DOI. In case of the former,
the highest displacement amplitude is required for a
human cortex setup, while this requires the lowest
amplitude when the DOI is at the cortex. The extra
air layer has negligible effect for the deep DOI with
an intercept difference of only 0.0021. On the other
hand, there is a significant effect when the DOI is at
rdp = Rdp,max, leading to an intercept difference of
0.2439. Moreover, there is a 1 (2) order(s) of magnitude
difference between the mouse and human model in case
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Figure 4. Analysis of the necessary displacement amplitude (Amax) to overcome the static interference. A and B The root mean
square error (RMSE) between target and demodulated signal measured at indicated POIs with different Amax, for deep and cortex
DOI, respectively (n = 3 layers and nr. of dipoles dps = 105, measured in human scalp setup). mPOI, demodulation after the mean
of the signals at the five POIs is taken first. mPSO, the mean of POIs with same order of magnitude before demodulation. C The
required Amax to obtain an RMSE of 5% on at least one POI for indicated models and number of dipole layers (n) with increasing
number of surrounding dipoles. Results are for a deep DOI. D DOI at the cortex. The plotted lines indicate the linear regression for
each model and POI position combination. E, F, G and H Effect of the second attenuation coefficient (α2) on the required Amax

(n = 3 dipole layers). The used model and electrode position is shown in the title.

of the deep (cortex) DOI. Finally, It can be seen that
the number of layers (n) has no effect on Amax.

The static interference is strongly governed by
α2. As the real value is unknown, the effect of this
parameter was further investigated. As shown in
figures 4 (E-H), the required Amax, to have an RMSE
= 5%, decreases with increasing α2 for each model
setup and fixed number of dipoles. Moreover, a similar
slope around -1.5 is observed in case of all model setups
and DOI locations. From (4), the relationship between
α2 and the level of dipole moment power LP at fus
compared to DC is roughly:

LP [dB] = 10 log10 (PSD(f = 1 MHz)/PSD(f = 0 MHz))

≈ −30α2−50. Consequently, log10(Amax) ≈ −1.5α2+b
≈ 1

20LP + b + 2.5, where b depends on nr. dipoles,
DOI position and model setup. The signal strength
increases linearly with Amax (see (12)) Therefore, the
power increases with 20 log10Amax, explaining the
obtained relationship.

For the technique to be safe, the FDA limits (see
section 2.6) may not be exceeded. The minimal α2 to
have an RMSE < 5% for a displacement amplitude of
50 nm is determined via interpolation and summarized
in table 3. For this Amax, the corresponding MI and Ipa
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Table 3. Summary of the second attenuation coefficient needed
to have an RMSE < 5% with a displacement amplitude of
50 nm. LP denotes the level of dipole moment power LP[dB] =
10 log10 (PSD(f = 1 MHz)/PSD(f = 0 MHz)).

nr. dipoles 1000 10000 100000

DOI POI α2 −LP α2 −LP α2 −LP

deep humanscalp 4.58 184 4.93 194 5.20 202
humancortex 5.05 198 5.24 203 5.41 209
humanair 4.54 183 4.93 194 5.38 208
mousescalp 3.76 159 4.19 172 4.45 180

cortex humanscalp 3.57 154 3.93 164 4.34 177
humancortex 2.57 123 2.99 136 3.24 144
humanair 3.73 158 4.02 167 4.41 179
mousescalp 3.02 137 3.38 148 3.70 157

are 0.45 and 7.4 W/cm2, respectively. Consequently,
a maximal dc of 9.74% is allowed in order to meet
the Ita limit for our pulse active time of 25 ms. The
corresponding power LP (in dB) is shown as well. It
is clear that for a deeper DOI the static interference
should be much lower.

3.4. Reconstruction accuracy and dipole current
waveform

Finally, the effect of the chosen target parameters is
addressed. The results above were for a target RMSE
of 5%. Ideally, a perfect reconstruction of the target’s
current intensity profile could be obtained. Due to the
aforementioned interferences, this can only be achieved
with an infinitesimal small κ and infinitely high Amax.
Capturing the general trend on the other hand can be
informative as well. To investigate the effect of the
imposed reconstruction accuracy, the required κ and
Amax for 105 dipoles are determined for an RMSE of
10%. Also, the current intensity profile of the DOI is
switched from an alpha-function to an alpha-train (see
(8) and figure 1 (D)). The relative change in parameters
are shown in figure 5 (i.e., the required κ (Amax) for
the new target settings, either altered input current
intensity (alpha-train) or altered RMSE target value
(10%), divided by the required parameter value for the
alpha-function intensity profile and RMSE = 5%).

The change of target function is expected to give
values of 1 for both A′

max and κ′. In case of some
simulation setups, there is a large deviation from this
value. From figure 3 (B), it was already concluded
that the RMSE is a very strict metric for the alpha-
function input. Moreover, due to the interferences, the
reconstructed signal will be noisy. This can potentially
favor highly time-varying signals such as the alpha-
train.

For a target RMSE of 10%, an increase in κ and a
decrease in Amax is expected. Overall, this is observed

although for some setups less pronounced. In case of
the deep DOI, only small changes (< 1.5) in κ are
observed. These go up to 2.5 for the cortex dipole. For
almost all setups and DOI locations, Amax is halved
or lower. It is clear that the opposed restrictions can
have significant effect but do not result in differences in
several orders of magnitude, which is more of interest
in this simulation study.

4. Discussion

The results in this study showed that it is possible to
reconstruct the input intensity profile current of a me-
chanically vibrating dipole from the frequency content
near the ultrasonic frequency. In the used model, the
head is represented as a set of concentric spheres and
the signal generators as dipoles. An optimal signal
strength is obtained when dipole orientation, vibration
direction and POI are perfectly aligned. When perpen-
dicular, this is minimal. Inclusion of a skull and scalp
layer causes a reduction in maximal signal strength of
two orders of magnitude. An extra air layer causes an
extra reduction of a factor 2. The smallest signals only
decrease by a factor two and 16% by including a skull-
scalp and air layer, respectively. It is clear that that
there is a large signal reduction due to the extra dis-
tance between source and receiver. The introduction
of extra layers account for large additional losses (both
propagation and conductive). Conductive loss is more
prominent with the introduction of the skull and scalp
tissues. The signal strengths are, however, small. For
a fixed dipole moment of 5 nAm and a vibration am-
plitude within FDA limits, the strength is in the order
of pV.

Two interference types are identified and investi-
gated. First, the vibrational interference which origi-
nates from a vibrating region excluding the dipole of in-
terest. Second, the static interference that comes from
the electrical activity of the regions itself. Concerning
the vibrational interference, it was found that lower
spatial constants are needed to achieve accurate re-
constructed signals (i.e., RMSE<5%) with increasing
number of dipoles. The κ in the mouse model is on
average an order of magnitude lower than that in the
human head model setups. Although opposite for the
deep and cortex DOI, there is also a clear effect of the
number of layers (n) modeled. As aforementioned (sec-
tion 3.2), these three aspects can be explained by tak-
ing into account the distance between DOI and near-
est neighbor, as also indicated by rel. κ. It should be
noted that all dipoles vibrate in phase. Consequently,
the current vibrational interference reflects the upper
limit. For the cortex DOI, also an effect of the elec-
trode position is observed. This is due to the strong
non-linear dependence between dipole vibration direc-
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Figure 5. The effect of an altered intensity current (alpha-train) and changed cut-off RMSE level (10%). A The relative change in
spatial constant κ with respect to simulation with original target settings, i.e., alpha-fun and RMSE of 5%, for the different models.
The dipole of interest (DOI) is at rdp = 0 mm. The results shown are for different number of surrounding dipoles. B a DOI at
rdp = 65mm (cortex). C and D The relative change in required displacement amplitude (Amax) with respect to simulation with
original target settings, i.e., alpha-fun and RMSE of 5%.

tion, orientation and POI position as is shown in fig-
ure 2. This is more pronounced if the dipole is closer to
the POI than further away. Meaning that the contri-
butions of neighboring dipoles are relatively lower for
the cortex setup than for the scalp and air setups (see
cortex versus scalp or air POI in figure 3 (G) and (H)).

The difference in Amax between the deep and cor-
tex DOI is completely explained by the signal drop due
to increasing distance between source and observer (see
figure 2). This holds also for the deep mouse scalp
setup. The reason for the mouse scalp setup to require
a larger Amax than human cortex is attributable to the
relative distance difference between the DOI and the
surrounding dipoles to the POI. Finally, the increased
slope of the required Amax with increasing number
of dipoles for human cortex measurement can be ex-
plained by the increasing density of dipoles near the
POI. This due to the 1/ri dependence as seen in (1).
When the distance is small (cortical electrode), a small
change has relatively a higher impact than when ini-
tial distance is larger (scalp electrode). Consequently,
a steeper slope is expected for the scalp versus air setup
but this is below the simulation setup’s accuracy lim-
its.

Focusing an ultrasonic beam is complicated by

the distortion imposed by crossing the skull [41]. Al-
though, adaptive focusing techniques exist, determin-
ing the field for each setup is too tedious and there-
fore out of the scope of this study. Moreover, a field
induced by a transducer array is not monotonically de-
creasing but contains sidelobes. The sidelobes’ char-
acteristics strongly depend on the transducer setup
[42]. To avoid dipoles to be located at the trough
of a sidelobe, a monotonically exponential decaying
field was selected (see (9)). With its spatial con-
stant, the selected field distribution allows for system-
atic investigation, capturing the essential spatial de-
cay from the ultrasonic focus, which could be used
as guideline for transducer development in the future.
Moreover, the spatial constant is strongly correlated
to the spatial resolution that be obtained by acousto-
electrophysiological neuroimaging, however, limited by
the ultrasonic field. As discussed above, the closer the
nearest neighbor, the lower the required κ. Or in other
words, for a fixed κ the distance to the nearest neigh-
bor is defined, this being the spatial resolution. For
the cortex DOI in the human (mouse) model, this is
0.36(0.023) ·

√
105/nr. dipoles mm. In case of the deep

DOI, this is 6.5 mm (0.41 mm).
The dipole is an anatomically constraint repre-
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sentation of current generators, a model that is typ-
ically used in ESI. Murakami 2015 showed that, in
the brain, the dipole density has a maximum value
between 1-2 nAm/mm2 across different species. The
dipole moment itself can vary over 1-3 orders of mag-
nitude depending on the volume of active tissue. A cor-
tical column comprises around 105 cells/mm2. Conse-
quently, with a single neuron’s dipole moment between
0.1-1 pAm [43] this results in a synchronously active
fraction of 1-20% [36].

For the investigated method to be safe, the FDA
limits cannot be exceeded. The important parameter
here is Amax. The required Amax is determined by the
static interference and thermal or instrumental noise.
The latter is not included in this study as it is de-
fined by the recording device (EEG-instrumentation).
As the frequency content of the brain at US-frequency
range is not known, the input current intensities were
drawn from a power-law power spectral density profile.
This has been studied in literature as this 1/fα-like
power spectrum is observed at many spatio-temporal
scales. Power-laws with α between 0-4 have been re-
ported depending on the measured scale for frequen-
cies below 1 kHz [44, 45, 46]. Dipole moment cal-
culation were performed on morphologically accurate
neuron models [47, 48] to gain more insight in the en-
ergy content of realistic current dipoles for f > 1 kHz
[49]. Our calculations showed fitted power law coeffi-
cients of 4 to 5 for f ϵ [1, 25] kHz (see Appendix C).
This corresponds to an α2-value of 3 to 4. Although
not conclusive, it justifies the tested PSD profiles but
further investigation is necessary. The results shown
in table 3 showed that if the level of dipole moment
power (LP) is -210 dB at 1 MHz, good signal recon-
struction (RMSE = 5%) can be obtained for all tested
model setups with only a displacement amplitude of
50 nm. This amplitude is well within FDA limits, if
a dc of 9.74% is used with our pulse active time of
25 ms. As expected, the LP correlates with the num-
ber of dipoles. These dipoles represent a small volume
of neurons. Therefore, the number of dipoles and their
strength Imax is limited, depending on the represented
volume. Although the static interference level depends
on the number of dipoles in this simulation setup, the
static interference will be fixed in the brain. On the
other hand, the strength of the tagged region decreases
with increasing spatial resolution as the represented
volume decreases. Consequently, the signal-to-noise ra-
tio still drops with increasing nr. dipoles and the same
effect on the required Amax is thus expected. There-
fore, because the number of dipoles dictates the spatial
resolution, retrospectively, if the static interference is
known, a decision can be made whether or not and
at which resolution the technique will be safe, within
FDA limits.

4.1. The Acousto-Electric Effect

Witte et al. experimentally validated that indeed
the electrophysiological activity gets modulated on
the harmonic frequency when selectively probed with
ultrasound. This was shown in numerous experiments,
e.g., in a rabbit heart [31, 50], lobster nerve [26], bath
with 0.9% NaCl solution [51, 30] and a human head
phantom [32, 33]. Broadband-EEG like signals can
be retrieved and current sources localized with high
spatial accuracy. The latter is defined by the US focal
zone, being only a couple of millimeters, not only for
superficial but also for deep regions [33]. By scanning
with the ultrasonic beam, a 4D image can be made
with unprecedented spatiotemporal resolution. Results
of this group and others are summarized in Zhang et al.
(2022)[29]. The postulated underlying mechanism, the
acousto-electric effect, i.e., a pressure induced change
in resistivity, differs from the one hypothesized here.
The mathematical formulation of modulation due to
the AE is as follows:

∆ρ = −Kρ0∆P

V EEG
i =

∫∫∫
(JL

i · JI)(x, y, z)ρ0dxdydz (16)

V AE
i =

∫∫∫
(JL

i · JI)(x, y, z)(−Kρ0∆P )dxdydz

with ρ0 the direct current resistivity, K the acousto-
electric interaction constant, ∆P the ultrasound
pressure field, and JL

i and JI the lead field of lead
i and current source density field, respectively. For
the derivation we refer to Olafsson et al. (2008) [51].
In the literature on the acousto-electric effect, the
potential term V AE

i is caused by ultrasound-induced
oscillations of the electrical resistivity ∆ρ, while the
lead field JL

i and the current source JI are implicitly
assumed to be undisturbed by the pressure field.
However, we argue that the AE-induced resistivity
oscillations will cause direct changes to the current
density fields (JL

i and JI). Conversely, in this study,
modulation of the DOI current on the ultrasonic
sine occurs due to the relative motion of the dipole
of interest. Consequently, both the acousto-electric
effect and the vibration of dipoles (or equivalently,
the oscillation of current sources JI and lead fields
JL
i ) can be interpreted as complementary tentative

underlying mechanisms of acousto-electrophysiological
neuroimaging. Furthermore, the results of this study
clearly show that the latter mechanism (vibrating
dipoles) also suffices to modulate the endogenous signal
onto the ultrasonic frequency.

Wang et al. (2011) [30] reported a 27 nV/mA
peak signal strength with 500 kPa pressure, and
5 mm distance between current source and sink,
measured at 5 mm from current source. This
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equals to 10.8 pV/(nAm ·MPa). Performing an
equivalent simulation, i.e., dipole at [0, 0, 0],
orientation [0, 1, 0], vibration direction [0, 0, 1],
d = 5 mm and electrode at [0, 7.50, 0] mm,
results in 6.1 10−6 pV/(nAm ·MPa). However,
our results showed a strong nonlinear dependence
on the alignment between the dipole, displacement
direction and electrode position. Subsequently, a
1% misalignment (electrode at [0, 7.50, 0.075] mm)
gives 1.8 pV/(nAm ·MPa). It should be noted, that
the dipole vibrates as a whole. Moreover, d only
affects the dipole moment as no distinction between
current source and sink is made (see (1)). Taken
this into account, still, a comparable strength is
expected for a vibrating current dipole. A maximum
of 91.0 pV/(nAm ·MPa) is obtained with an electrode
at the optimal POI location [0, 5.3, 5.3] mm.

4.2. Limitations and Future Work

As already mentioned in section 3.4, the used RMSE
metric is prone to randomness in the results. It
is very strict in the sense that only low values are
returned when almost perfect profile match is obtained.
As visible in figure 3 (B), already a clear peak is
observed for κ = 5mm, while only a minimum RMSE
of 20% was calculated. Consequently, more favorable
spatial constants or displacement amplitudes than the
ones determined for RMSE = 5% could already give
feasible reconstructions, for instance when scanning
for hyperactive regions, like in epilepsy. Here, the
dipole moments will be 1-2 orders of magnitude higher
as well, increasing the signal strength with the same
amount [36]. On the other hand, as depicted in figure 5,
sometimes no clear trends can be observed. This is due
to the randomness introduced in the simulations (e.g.,
the current intensity profile and strength, and dipole
positions). Simulations could be repeated for different
random seeds. However, it was deemed not feasible
due to the need for large computational resources
and the expected change only being in same order of
magnitude.

There was opted not to use frequency dependent
electrical properties for the different tissues. This
is because the frequency dependence for the sub-
MHz range is not clearly established [52]. Moreover,
the small changes do not outweigh the big increase
in computation time. A single test was performed
with the frequency-dependent values obtain from [38],
which resulted in a 20% increase of the signal strength
received from a single dipole. Also, the electrical
properties were set to be homogeneous, confined to
each sphere, and isotropic. However, experiments
have shown those to be inhomogeneous and anisotropic
[9]. This will clearly impact the signal strength.
However, the effect was deemed to be inferior to the

spherical approximation with respect to the correct
morphological shape. Moreover, the in-vivo values
are still under debate [21]. While this impacts ESI
greatly, with possible localization errors up to several
centimeters, here this will only impact the signal
strength without affecting the achievable resolution.

In this study the AE-effect is not taken into
account (i.e., the conductivity is assumed to be
non-oscillating). In future research, the acousto-
electric effect could be included and other possible
mechanisms (e.g., acoustic streaming, radiation force
and charge displacements in the Stern layer) should
be investigated. Moreover, further research is
necessary to determine the interaction effects of these
various underlying mechanisms and investigate their
dominance in the brain for given conditions (e.g.,
waveform, transducer placement, dipole location). The
brain regions are modeled as rigid dipoles. As
such, the current source and sink vibrate in phase.
The contribution of stretching and rotation could be
further investigated. Also, the dipole assumption
itself compared to discrete monopoles or a multipole
expansion could be of interest in future work. The
ultrasonic frequency was kept constant throughout the
whole study. Lowering the frequency will both lower
the MI and the Ipa for a fixed displacement amplitude,
but this will increase the static noise.

In future work, the added value of modulated
focused ultrasound [53] can be investigated with the
goal of reducing the MI. This would be beneficial, if
the acoustic particle velocity amplitude is proportional
to the beat frequency fb (vus ≈ 2πAfb) due to the low-
pass filter property of the constitutive equation of the
viscoelastic brain. In this case, the mechanical index is(
MI = PNP[MPa]/

√
fc[MHz] = (2πAZacfb)/

√
fc
)
. In

other words, a small ratio of beat to carrier frequency
fb/

√
fc, results in a smaller mechanical index.
Finally, a limit on possible neuromodulation

should be considered, as well. Ultrasound has
been demonstrated to modulate brain activity in
animals and humans [54, 55]. The underlying
mechanisms of ultrasound neuromodulation are not
well understood with multiple mechanisms being
postulated to be active simultaneously (e.g., radiation
force, intramembrane cavitation, thermal effects, ion
channel mechanosensitivity [56, 57, 58, 55, 59, 60, 61]).
However, the goal of AENI is to record endogenous
activity, i.e., the intrinsic activity and not the activity
induced by ultrasonic activation. In future work,
computational modeling of ultrasonic neuromodulation
can be used to determine the region of the parameter
space in which AENI is feasible without significant
modulation of the endogenous activity [62, 63, 61].
Although a single 25 ms ultrasonic pulse was adopted
in this study, signal reconstruction is still possible with
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pulsed ultrasonic fields with a signal period of 25 ms.
In the current literature, relatively large duty cycles
are adopted in order to achieve neuromodulation [64].
Moreover, an exponential increase of neuromodulation
thresholds is observed with lowering the duty cycle [65],
while only a linear relationship is expected concerning
the signal-to-noise ratio with respect to the static
interference.

With pulsed fUS, a rise in recorded activity at the
pulse repetition frequency (prf) was also observed in
[66]. It is expected that the measured signal at the
prf is either the signal induced by neuromodulation
(as stated by the authors of [66]) [65, 67] or by
hearing confounds[68, 69]. It is hypothesized in
[66] that also endogenous activity of the targeted
area could be modulated on the recorded signal at
the pulse repetition frequency. However, based on
the mechanism described above, the relative signal
strength at f = prf with respect to the strength at fus
should be sinc((prf − fus)/(prf/dc)). Using the values
reported in Darvas et al. (2016) [66] this results in
≈ 5 · 10−5, implying that demodulation of endogenous
activity at the repetition frequency is unlikely, at least
for the vibrating dipole mechanism of AENI.

Feasibility of acousto-electrophysiological neu-
roimaging will depend on the currently unknown bio-
physiological activity at ultrasonic frequencies. Unlike
with high-density EEG, accurate reconstruction of a
tagged region’s signal is possible, with just one elec-
trode (and one reference). Moreover, no MRI or com-
plex ESI algorithm is necessary to solve the ill-posed
inverse problem. On the other hand 4D imaging with
UCSDI currently takes up several hours in experimen-
tal setups. This could probably be dramatically im-
proved with modern scanners. Additionally, B-mode
ultrasound and normal EEG could be coregistered with
AENI [30]. Finally, spatially encoding the brain with
different ultrasonic frequencies could be an interesting
path to investigate in the future.

5. Conclusion

This feasibility study showed that mechanical vibra-
tion, introduced by an ultrasonic field, modulates the
endogenous signals onto the ultrasonic frequency. In
this spherical representation of the head where the ac-
tive brain is discretized into a set of dipoles, the signal
strength strongly depends on the alignment between
dipole moment, displacement direction and point of
measurement. Inclusion of extra layers results in a
signal reduction, attributable to the extra distance be-
tween source and receiver and conductive losses. For a
displacement amplitude of 10 nm and a dipole moment
of 5 nAm the signal strengths are low, with a maxi-
mal signal strength of 341.60, 2.36 and 1.24 pV that

can be measured with a cortical, wet and dry scalp
electrode, respectively. For a dipole at the center, the
strengths are below 0.16 pV. Accurate reconstruction
of a tagged region’s activity can be obtained if two
interference sources are overcome. The vibrational in-
terference originates from other vibrating regions. This
can be decreased by decreasing the spatial constant of
the ultrasonic field. It was shown that the dominant
factor is the distance to the nearest neighboring dipole.
Therefore, the spatial resolution is strongly correlated
to this spatial constant. The static interference comes
from the endogenous activity of non-vibrating brain
regions self at the ultrasonic frequency. The signal-
to-noise ratio increases with increasing displacement
amplitude. This is, however, limited by the mechani-
cal index and average pulse intensity limits set by the
FDA. Log-log relationships are observed between the
required displacement amplitude and the power of the
static interference at fus, and the number of dipoles.
For a deep region of interest, dry and wet electrodes de-
liver similar and best results. An accurate signal recon-
struction (RMSE < 5%) can be obtained if the level of
dipole moment power≈ −154−10 log10(nr.dipoles) dB.
This under safe conditions with only 50 nm displace-
ment amplitude. For the cortex region, cortical elec-
trodes give the best result, with a required level of
dipole moment of ≈ −94 − 10 log10(nr.dipoles) dB.
With the mouse model, lower vibration amplitudes are
required for detection, but a spatial constant in the
order of 10 µm is required. Depending on the spatial
constant, resolutions up to millimeter could theoreti-
cally be achieved in humans but will completely depend
on the ultrasonic field.
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Appendix A. The Liénard-Wiechert Fields

The Liénard-Wiechert field, which is the time varying
electromagnetic field for a point charge (q) at position
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(rs) in arbitrary motion, is given by:

E(r, t) =
q

4πϵ0

(
n

γ2(1− n · β)3|r− rs|2

− β

γ2(1− n · β)3|r− rs|2
+

n×
(
(n− β)× β̇

)
c(1− n · β)3|r− rs|

)
tr

(A.1)

with ϵ0 the vacuum permittivity and c the speed of
light. n(t) = (r− rs(t))/|r− rs(t)|, β(t) = v(t)/c,
where v(t) is the source’s velocity. β̇ is the charge’s
acceleration with respect to c (i.e., a(t)/c, with a(t) =
dv(t)/dt), γ(t) is the Lorentz factor

(
1/
√
1− |β(t)|2

)
and tr = t− |r− rs|/c is the time retardation.

It can be divided into five components:

E = Es +Eqs +Ev +Ea +Etr (A.2)

where

(i) The static field:
Es = E when v = 0 and a = 0

(ii) The quasi-static field:
Eqs = E−Es when v << c and aq

ϵ0
<< c|r− rs|

(iii) Relativistic effects due to velocity (Doppler):
Ev = E−Es −Eqs when aq

ϵ0
<< c|r− rs|

(iv) Relativistic effects due to acceleration (Electro-
magnetic Radiation):
Ea = E−Es −Eqs when v << c

(v) Relativistic effects due to finite propagation speed:
Etr = E−Es −Eqs −Ev −Ea when t ̸= tr

For a oscillating movement in the x-direction
(A sin(ωt)ex) and an observer on the y-axis or x-axis,
the dominant term of the Taylor expansion for A→0
is given in table A1. The quasi static contribution

dominates if |Ev|
|Eqs| ≪ 1 and |Ea|

|Eqs| ≪ 1. A critical fre-

quency can be found from
y(2ω2

cy+3cωc)
3c2 = 1 ⇒ ωc =

20.58/y[cm] GHz. For an overestimation of y = 20 cm,
ωc = 1.029 GHz. Thus, for ultrasonic frequencies in
the MHz range the quasi-static contributions dominate
(ωus ≪ ωc).

Appendix B. Solution to General Poisson
Equation Spherical 4-Layer Head Model

A semi-analytical solution can be obtained by solving
the general Poisson equation in spherical coordinates.
Values for Al,i and Bl,i of equation (1) can be
determined under following boundary conditions, i.e.,
the potential needs to be continues (i) with reference
at infinity (iii) and there is conservation of charge at
the interface (ii):

(i) Vl = Vl+1

Table A1. Dominant term of Taylor expansion (A→0) of each
component to the electromagnetic filed. Motion is in x-direction:
A sin(ωt)ex. All values divided by q/4πϵ0

Observer y-axis x-axis
Component ex ey ex

Es - 1
y2

1
x2

Eqs
A
y3

3
2

A2

y4
2A
x3

Ev
Aω
cy2 A2(2ω2y+3cω)

2c2y3

Aω
cx2

Ea
Aω2

c2y
A2ω2

c2y2
0

|Ev|
|Eqs|

ωy
c

y(2ω2y+3cω)

3c2
ωx
2c

|Ea|
|Eqs|

(ωy
c

)2 2
3

(ωy
c

)2 0

(ii) σl
∂Vl

∂n = σl+1
∂Vl+1

∂n

(iii) Vl(r) → 0 for r → ∞
Due to iii, B4 has to be zero. A1 is defined by the
unbound solution. This gives A1 = bi−1p, where
b = |rdp| and p = |d|. Next, i provides a set of 3
equations:

bi−1pR−i−1
brain +B1R

i
brain

4πσ1
=
A2R

−i−1
brain +B2R

i
brain

4πσ2

A2R
−i−1
skull +B2R

i
skull

4πσ2
=
A3R

−i−1
skull +B3R

i
skull

4πσ3

A3R
−i−1
scalp +B3R

i
scalp

4πσ3
=
A4R

−i−1
scalp

4πσ4

Finally, the last set of equations is given by ii:

bi−1pR−i−2
brain −

iB1R
i−1
brain

(i+ 1)
= A2R

−i−2
brain −

iB2R
i−1
brain

(i+ 1)

A2R
−i−2
skull −

iB2R
i−1
skull

(i+ 1)
= A3R

−i−2
skull −

iB3R
i−1
skull

(i+ 1)

A3R
−i−2
scalp −

iB3R
i−1
scalp

(i+ 1)
= A4R

−i−2
scalp

Consequently, the set of equations is defined and a
solution can be found. The solution was obtained in
Maple 2021.

Appendix C. Time-Dependent Dipole Moment

In the model, dipoles are used to model the endogenous
activity sources. Due to the interest in measured
signal content at the ultrasonic frequency (fus), an
appropriate dipole’s current intensity profile needs to
be chosen to correctly capture the static interference
(see manuscript section III-C). The simulations are
solved with an sampling frequency Fs = 20 fus. To
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Figure B1. Dipole moment of tested models (y-label) in response to a pulsed synaptic input. (Left) signals in time domain. (right)
corresponding power spectral density profile. The fitted power law coefficients for fixed frequency range are displayed in the legend.
αl : fϵ[0, 500[ Hz, αm : fϵ[0.5, 5[ kHz and αh : fϵ[5, 40[ kHz

avoid distortion of the frequency content due to linear
interpolation in the time domain, the time dependent
signals are derived from a power spectral density
profile (PSD). The formulation of the PSD, as in the
manuscript eq. (7), is repeated here for convenience.

PSD(f) =
1 + f/ζf1∏Nf

i=1 (1 + (f/fi)αi)
(C.1)

with fi the ith cut-off frequency, αi the attenuation co-
efficient and Nf = 2 or 3, for the vibrational and static
interference analysis, respectively. ζ is randomly cho-
sen between [0.3, 1]. Consequently, the PSD reaches
a maximum between ζf1 and f1. This formulation
was chosen based on the power-law (1/fα) power spec-
trum observed at many spatio-temporal scales inside
the brain [44, 45, 46, 70]. The reported power-law
coefficients in literature are typically fit for frequen-

cies below 1 kHz. To obtain insides in the behavior
at the higher frequencies (> 1 kHz). Dipole moments
were calculated using morphologically accurate neuron
models.

The used neuron models are multi-compartmental.
Two hippocampal pyramidal models (morpholo-
gies: mpg141208 B idA and mpg141209 A idA) from
Migliore et al. (2018)[48] were tested, and one L2/3
cortical pyramidal cell from Aberra et al. (2018)[47].
The models were obtained from ModelDB [71]. The ac-
cession numbers are 244688 and 241165, respectively.
The transmembrane voltage V of a single compartment
can be determined by:

Cm
dV

dt
= −Im + Iax − Isyn (C.2)

where Cm is the membrane capacitance, Im the
transmembrane current flowing out of the considered
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compartment, Iax the axial current flowing into
the considered compartment and Isyn an AMPA-like
synaptic current. The latter is modeled as follows:

Isyn = Gsyn A (exp(−t/τ2)− exp(−t/τ1))(V − Esyn)
(C.3)

Synapses were randomly allocated to half of the
apical dendritic compartments. A synaptic event was
triggered every 2 ms. The rise time (τ1) equals 0.4 ms,
the decay time (τ2) 1 ms and the weight Gsyn 3 nS.
A is a normalization factor in order to have a peak
conductance of Gsyn. The simulations are performed
with the NEURON simulation software [72] for 100 ms
and with a fixed time step of 25 µs. According to
Murakimi et al. (2003) [49], the time dependent
current dipole (d(t)) is calculated as follows:

d(t) = [dpx,dpy,dpz](t) (C.4)

dpj(t) =
∑
k

dpkj (t) (C.5)

dpkj (t) = IkaxL
k
j (C.6)

with Qk
j the current dipole and Lk

j the length in direc-
tion j = x, y, z of compartment k.

Next, the PSD of the current dipole magnitude
(|d|(t)) is determined. The frequency domain is
divided into three regimes: low (f ϵ [0, 500[ Hz),
medium (f ϵ [0.5, 5[ kHz) and high (f ϵ [5, 40[ kHz).
A power-law is fit to each regime for each model via
linear regression of the PSD at the log-log scale. The
results and corresponding α coefficients are shown in
figure B1.
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