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Paramagnetic transition metals play a crucial role as cofactors in various cellular catalytic processes.
However, their high concentrations in reactive oxidation states can induce oxidative stress, resulting in
cell dysfunction or death. Hence, it is vital to have methods to monitor metal concentrations and
paramagnetic properties in cells for medicine and cell biology. Here we present a novel multimodal
method for in-cell magnetometry enabling direct measurement of metal magnetic properties within
individual cells in tissue, without prior isolation and at room temperature. Individual cell magnetic
moments are measured using superresolution magnetic resonance imaging (MRI) microscopy at 9.4 T by
detecting microscopic magnetic-field perturbations around the cells. The cellular metal content is
quantified using ion-beam microscopy or synchrotron micro-x-ray fluorescence for the same cells. The
metal magnetic susceptibility at 9.4 T is then obtained from the slope of the cell magnetic moments’
dependence on cell metal content. To estimate the susceptibility at lower fields, multifield MR
relaxometry and biophysical modeling are employed, extrapolating the 9.4-T susceptibility values to
fields as low as 3 T. We apply the new method to determine the susceptibility of iron accumulated in
human dopaminergic neurons inside neuromelanin, the by-product of dopamine synthesis. The
susceptibility of iron in neuromelanin is measured to be χρ ¼ ð2.98� 0.19Þ × 10−6 m3=kg providing
unique insights into the biochemistry of iron inside dopaminergic neurons. The obtained value reveals a
predominant monoatomic low-affinity iron-binding site within neuromelanin, indicating a higher
neurotoxicity of iron than previously suggested. Furthermore, the measured susceptibility value
establishes a quantitative relationship between cellular iron concentration and iron-sensitive MRI
parameters, which can be noninvasively measured in vivo. This breakthrough paves the way for the
in vivo detection of dopaminergic neuron density and iron load, requiring a standard clinical MRI scanner
only. It promises to facilitate early diagnosis of Parkinson’s disease. In conclusion, our presented novel
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method enables the direct measurements of magnetic properties of paramagnetic metals within single
cells with high sensitivity and across large cell groups within a macroscopic volume, providing
invaluable information about the cellular biology of metals.

DOI: 10.1103/PhysRevX.14.021041 Subject Areas: Biological Physics,
Interdisciplinary Physics, Magnetism,
Medical Physics

I. INTRODUCTION

Paramagnetic transition metals play crucial roles in a
variety of cellular processes, serving as essential cofactors
for enzymes involved in energy metabolism, DNA synthe-
sis, and antioxidant defense [1]. Some cell types in the
human body accumulate particularly high levels of tran-
sition metals, which they need for their specific functions.
For instance, dopaminergic neurons in the substantia nigra
store iron, which is required for dopamine synthesis [2].
Hepatocytes in the liver take up iron, copper, and zinc,
regulating their systemic levels [3], while prostate cells
accumulate zinc, which is essential for their function [4].
However, when present in high concentrations or certain
reactive oxidation states, iron, and other paramagnetic
transition metals can induce oxidative stress, leading to
cellular dysfunction or even cell death. Thus, measuring the
cellular concentrations and paramagnetic properties of
these metals is of great importance for both basic cell
biology and clinical research. In recent years, magnetic
resonance imaging (MRI) has emerged as a powerful tool
for noninvasively measuring tissue concentrations of para-
magnetic metals, including iron. However, conventional
MRI does not provide sufficient resolution to resolve
individual cells or cell populations.
Herein, we present a new technique for in-cell mag-

netometry that allows direct measurement of the para-
magnetic properties of metals within individual cells
without the need for unphysiological metal extraction
from the cell and cell isolation from the tissue. The
method combines ultra-high-field and superresolution
MRI microscopy on postmortem tissue, biophysical
modeling, and cellular metal quantification using proton-
induced x-ray emission (PIXE) and synchrotron micro-
x-ray fluorescence imaging (XRF) (Fig. 1). The method
allows single-cell detection with high absolute sensitivity
at room temperature and in fully hydrated tissue. At the
same time, it provides macroscopic coverage, imaging
thousands of cells in a single experiment.
We demonstrate the performance of the method in an

important neuroscientific application. We measure the
magnetic susceptibility of iron in dopaminergic neurons
within the human brain. The obtained value offers valuable
contributions to understanding the biochemistry of iron
within these critical cells. By determining the prevailing
form of iron binding in the biopolymer neuromelanin
within dopaminergic neurons, we shed light on the

potential higher toxicity of iron within dopaminergic
neurons than previously assumed. Furthermore, the deter-
mined susceptibility values and developed biophysical
model establish a crucial quantitative link between clinical
macroscopic MRI markers of brain iron and microscopic
cellular iron loads, offering a valuable bridge for radiol-
ogists and neuroscientists. This breakthrough may enable
the in vivo detection of dopaminergic neuron loss, thereby
opening new possibilities for early diagnosis of Parkinson’s
disease.

FIG. 1. Overview of the proposed multimodal method for
in-cell magnetometry. (a) A cell containing a total mass m of
paramagnetic metal is placed in a magnetic field B0 of the MRI
scanner. The metal is magnetized, and the cell gets a magnetic
moment μ. The magnetized cell perturbs the magnetic field
around it, and the perturbations are proportional to the product of
m, B0, and the mass magnetic susceptibility of the metal χρ at B0.
(b) χρ is determined by a combination of MRI microscopy, MRI
relaxometry, and advanced methods for metal quantification
(PIXE and XRF). In the first step, χρ is measured at an ultrahigh
field of 9.4 T. For this purpose, the magnetic moments of
individual cells are measured by MRI microscopy on tissue
samples by detecting local field perturbations around the cells.
XRF and PIXE measure the cellular iron content of the same
cells. These two measurements determined χρ at ultrahigh field.
In the next step, the χρ value obtained at ultrahigh field is
extrapolated to lower field strengths using MRI relaxometry at
different field strengths. The interpretation of MRI microscopy
and MRI relaxometry are based on a biophysical model of metal-
induced MRI contrast.
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A. Iron in dopaminergic neurons

Dopaminergic neurons (DNs) in the substantia nigra pars
compacta (SNpc) in the midbrain play a pivotal role in the
healthy and diseased human brain. In these neurons, the
neurotransmitter dopamine is synthesized, which contrib-
utes critically to the regulation of motor and reward
behaviors [5,6]. Most prominently, DN depletion is the
central hallmark of Parkinson’s disease (PD) [7]. Currently,
it is only possible to diagnose PD after the majority of DNs
in the SNpc are already depleted [8]. Novel treatment
approaches of PD aim to halt or slow the DN depletion [9].
Hence, methods to quantify surrogates of dopaminergic
function in vivo would be highly desirable for neurosci-
ence, clinical diagnostics, and treatment monitoring.
Dopamine synthesis in DN depends on iron, which

serves as a cofactor in the enzyme tyrosine hydroxylase.
Therefore, DNs store high levels of paramagnetic iron in
the pigment neuromelanin (NM), which accumulates in the
neuron bodies, or somata, as a by-product of dopamine
synthesis over the lifespan [2,10,11].
NM may play a protective or harmful role depending on

the chemical iron-binding form, which also determines the
magnetic properties of iron. Electron paramagnetic reso-
nance and magnetometry using a superconducting quantum
interference device (SQUID) on NM extracted from post-
mortem tissue suggested that iron in NM is stored in two
binding sites with different biological activity and different
magnetic properties: a mononuclear, low-affinity binding
site of paramagnetic iron (Fe3þ) ions with electron spin 5=2
and a crystalline, high-affinity binding site of iron ions
coordinated in a ferrihydrite crystal as Fe3þ to iron in iron-
storage protein ferritin [9,11,12]. The spins of iron ions
bound to the crystalline site in grains of variable size are
coupled antiferromagnetically [12]. Uncompensated spins
on the surface of these grains align in parallel, giving rise to
a net magnetic moment that shows superparamagnetic
behavior [12]. In health, neuromelanin’s high-affinity bind-
ing site acts neuroprotective, as herein iron is redox
inactive, preventing neurotoxicity via Fenton chemistry
[13]. The low-affinity iron-binding site may act neurotoxic,
as herein iron easily leaks out of NM. Iron overload in NM,
for instance, in PD [2], may saturate the high-affinity
binding site [14] increasing levels of neurotoxic mononu-
clear iron, potentially causing DN depletion.
The two iron-binding sites in NM exhibit distinct

magnetic properties. In extracted NM, the mononuclear
binding site is occupied by a paramagnetic iron ion with the
electron spin 5=2, and its magnetism is described by
Curie’s law. The crystalline binding site hosts iron grains
similar to those of iron-binding protein ferritin. The grains
are formed by multiple iron atoms coupled by oxyhydroxy
bridges and show superparamagnetic behavior [11,12].
Hence, the magnetometry of NM offers a rare glimpse
into the physiological role of iron, as distinct magnetic
properties are expected for iron in the neuroprotective and

neurotoxic binding sites in NM. Ideally, the magnetometry
should be performed directly inside the cells without prior
extraction since the NM extraction procedure alters the iron
distribution between the two binding sites [15].

B. MRI for iron quantification

Recent advances in MRI bring in vivo quantification of
dopaminergic neurons [16,17] into reach. MRI is sensitive
to DN due to paramagnetic iron in NM, which impacts
several MRI parameters, including longitudinal [18], trans-
verse, and effective transverse relaxation rates [10,19,20],
magnetic susceptibility [21], and the image intensity in
MRI sequences sensitive to NM [22] most probably via
magnetization transfer effects. Especially promising are
approaches based on NM-sensitive MRI [23] and on
transverse and effective transverse relaxation rates R2

and R�
2 [10,19,24]. While results show the great potential

of MRI-based biomarkers of dopaminergic neurons, no
quantitative biomarker of DNs is available to date.
Developing a quantitative MRI-based biomarker of DNs
requires a profound understanding of the magnetic proper-
ties of neuromelanin. MRI quantitative susceptibility map-
ping (QSM) [25] offers an avenue toward studying the
magnetism of NM in tissue, overcoming the limitation of
studies of extracted NM [10,19]. Usually, QSM is used to
study the magnetic susceptibility of brain regions encom-
passing several MRI voxels on the millimeter length scale
[26]. QSM has been successfully applied to study brain iron
alterations in aging [27–29] and pathologies such as PD
[30,31]. However, the typical MRI resolution far exceeds
the dimensions of the NM clusters inside of dopaminergic
neurons, approximately 10 μm, whose susceptibility we
aim to quantify [32]. MRI microscopy on postmortem
tissue at ultrahigh magnetic-field strengths (>7 T) offers
increased resolution of 20 to 50 μm [33–35]. In this case,
an NM cluster only partly occupies one or few neighboring
MRI voxels, and this partial volume effect complicates the
quantification of the cluster’s susceptibility.
We have recently shown [10] that the relaxation due to

NM clusters is well described by static dephasing theory
[36]. In this regime, the effective transverse relaxation rate
R�
2 carries information about the magnetic moment of NM

clusters.

C. MRI microscopy for in-cell magnetometry

Here we demonstrate that MRI microscopy resolves
individual NM-rich DN cell bodies (somata) and provides
3D cellular maps of the entire SN. We characterized the
magnetic properties of individual neurons by determining
the magnetic susceptibility of iron in neuromelanin. We
quantified the susceptibility of NM-bound iron within DNs,
using a superresolution QSM approach with MRI voxel
sizes close to the size of single cells and employing
biophysical modeling of the MRI signal. We indirectly
examined the dependence of that susceptibility value on the
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static magnetic-field strength between 1.5 and 9.4 T using
MRI relaxometry. The obtained values provide the crucial
quantitative link between MRI parameters and neuronal
iron distribution, which is an important step toward in vivo
characterization of DNs in health and disease.

II. THEORETICAL CONSIDERATIONS

DNs in the substantia nigra pars compacta contain
paramagnetic iron accumulated in the pigment neurome-
lanin in the soma [11] [Figs. 1(c) and 2(a)]. In a static
magnetic field, iron within these cells builds up magneti-
zation. The resulting magnetic moment of the DNs is
proportional to the product of the mass of iron in the DN,
the magnetic susceptibility of that iron, and the magnetic
field [Fig. 1(a)]. In the following, we demonstrate that the
magnetic moment of a DN can be quantified using MRI
microscopy. The magnetic susceptibility of neuromelanin-
bound iron is then determined by comparing the magnetic
moment of each neuron to the mass of the iron the neuron
contains.

The magnetic moment of a DN perturbs the magnetic
field nearby and alters the Larmor frequency of protons,
making it spatially dependent ωðrÞ [Figs. 1(a) and 2(d)].
These frequency perturbations manifest themselves in two
ways in gradient-echo (GE) MRI images: first, as phase
shifts of GE images [Fig. 2(d)]; second, as the effective
transverse relaxation rate R�

2 induced by the dephasing of
the GE signal [36] [Fig. 2(e)].
In Secs. II A and II B, we develop a biophysical model

describing GE signals of tissue containing DNs for ultra-
high-resolution MRI microscopy, approximating neurons
as magnetized spheres.
In conventional MRI, the size of the structure of interest

(for instance, brain nuclei) is usually much larger than the
voxel size, which is itself much larger than the typical
diffusion length of water on the timescale of the MRI
acquisition (approximately equal to several μm for the
typically used echo times of tens of ms). In contrast, the
size of the structures of interest in MRI microscopy (i.e.,
neurons with sizes of about 10 to 20 μm) is similar to the
voxel size (approximately 20 μm) as well as to the

FIG. 2. Biophysical model of the MRI microscopy of a neuromelanin cluster in the soma of a dopaminergic neuron in the SNpc. (a) An
iron-sensitive GE MRI image shows the SNpc as an oval region of hypointense signal in the brainstem. MRI data were taken from an
openly accessible multimodal postmortem histology and MRI dataset [37]. (b) DNs (green) contain clusters of iron-rich pigment NM
(yellow). DNs were stained with nickel-enhanced anti-tyrosine-hydroxylase immunohistochemistry. We show an overlay of nickel
(green) and iron (red) concentration maps acquired with XRF imaging, in which iron-rich NM within the nickel-marked DN somata
appear yellow. (c) Neuromelanin has two iron-binding sites with distinct magnetic properties and an unknown share of the total iron
load: a mononuclear (red) and a crystalline binding site (blue). Figure reproduced from Ref. [11] with permission. (d) Disregarding
smaller length scales, we modeled the mesoscopic effect of iron-rich neuromelanin clusters on the MRI signal by approximating them as
homogeneously magnetized spheres with a radius ϱ ¼ 14 μm estimated from histology. The resulting cross-shaped magnetic dipole
field around the NM cluster perturbs the Larmor frequency sensed by water protons diffusing in their vicinity (indicated with a black
line). (e) In a GE experiment, the perturbed Larmor frequency of water protons around the NM cluster leads to loss of phase coherence,
creating a dephased volume. The radius of this approximately spherical volume grows as r ∼ t1=3, leading to the typical linear-
exponential signal decay in the static dephasing regime. That behavior is illustrated by the angularly averaged spin package phase
Eq. (14) as an estimate of dephasing within an imaging voxel.
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diffusion length of water protons. Therefore, our descrip-
tion of the GE signal accounts for the effect of diffusion
(Sec. II C) and for the finite size of the point-spread
function of MRI imaging (Sec. II D). The effect of the
shape of DNs is described in the Appendix.
Our model quantitatively links the magnitude and phase

of GE images in the presence of a DN to magnetic moments
of that DN. We determined the susceptibility of iron in
neuromelanin by comparing these magnetic moments with
DN iron mass determined with PIXE and XRF [Fig. 1(b)].
Eventually, that susceptibility value was used to describe

the collective effect of DN on conventional MRI relaxom-
etry obtained at macroscopic resolutions using static
dephasing theory as described in Sec. II E [Fig. 1(b)].

A. Gradient-echo MRI microscopy
of magnetic inclusions in the tissue

In this subsection, we describe the gradient-echo MRI
signal formation for an imaging experiment at microscopic
resolution.
Consider the tissue containing iron-rich cells exposed to

the static magnetic field B0 of an MRI scanner. The Larmor
frequency ω varies spatially due to magnetic-field pertur-
bations induced by the cellular distribution of paramagnetic
iron. Assume the diffusion coefficient is DðrÞ and the
transverse relaxation rate R2ðrÞ are local tissue parameters.
The latter results from fast molecular processes and short-
range molecular interactions, well averaged on the time-
scale of MRI experiments (correlation times≪ 1 ms) [38].
In a GE experiment, the excitation radio-frequency pulse

creates transverse magnetization denoted here as a com-
plex-valued quantity M ¼ Mx þ iMy. Its evolution is
described by the Bloch-Torrey equation [39]

∂

∂t
M ¼

�
∂

∂r
DðrÞ ∂

∂r
− R2ðrÞ − iΩðt; rÞ

�
M; ð1Þ

where Ωðt; rÞ is the offset in the Larmor frequency
due to the presence of magnetized cells and applied
imaging magnetic-field gradients that alter the Larmor
frequency by gðtÞr. Since the magnetic-field perturbations
induced by metal within the cells ωðrÞ is constant in
time, Ωðt; rÞ ¼ ωðrÞ þ gðtÞr.
The measured decay of the transverse magnetization is

the integral over the magnetization M of all spin packets

SðtÞ ¼
Z

d3r0
V

Mðt; r0Þ; ð2Þ

where M is the solution of Eq. (1) and V the sample
volume.
MR imaging is enabled by applying the imaging field

gradient gðtÞ in Eq. (1). Our highest MRI microscopy
resolution of ð22 μmÞ3 is much larger than the diffusion
length during the maximum echo time in a given direction

estimated as
ffiffiffiffiffiffiffiffiffiffiffiffi
2DTE

p
≈ 4 μm for an experimentally deter-

mined diffusion coefficient in postmortem formalin-fixed
tissue D ¼ 0.3 μm2=ms [10] and the maximum echo time
TE ¼ 25 ms. In this case, gðtÞ is so weak that we
approximate the resulted frequency offset gðtÞr ≈ gðtÞr0
as constant over the diffusion length of spin-bearing
protons (For the case of in vivo MRI, for instance, on
unfixed human tissue or lab animals, the approximation of a
constant imaging gradient is valid for most cases. In vivo,
an increased diffusion coefficient of D ¼ 1 μm2=ms leads
to an increased diffusion length of approximately 7 μm
during the same echo time as above, which slightly
increases the minimum voxel size for which that approxi-
mation is appropriate. Nevertheless, as typical voxel sizes
in in vivo MRI are much larger than 22 μm, the approxi-
mation holds.). Such a constant term results in the factor-
izable exponential factor in the solution of Eq. (1)

Mðt; r0Þ ¼ M1ðt; r0Þ exp
�
−i

Z
t

0

dt0gðt0Þr0
�

≡M1ðt; r0Þe−ikðtÞr0 : ð3Þ

This renders the signal the Fourier transform of M1ðt; r0Þ
when substituted in Eq. (2) as in conventional MRI
imaging.

B. DNs in SNpc: Model assumptions
and approximation by magnetized spheres

Next, we apply the formalism introduced in the previous
subsection to the case of MRI signal decay in the SNpc.
The SNpc has a low density of myelinated fibers and
contains mainly neuromelanin-pigmented iron-rich dopa-
minergic neurons [Fig. 2(b)] and glia cells [2]. To create a
biophysical model of MRI microscopy of DN in SNpc, we
make several simplifying assumptions.

(i) Iron is the main source of Larmor frequency
perturbations ωðrÞ. Iron is a strong contributor to
spin dephasing in brain tissue [40], and the pre-
dominant magnetic perturber in the SNpc, which
contains only few myelinated fibers [10,19]. Chemi-
cal iron removal removes the GE contrast within
SNpc, justifying the above assumption [10].

(ii) Only iron in dopaminergic neurons contributes
meaningfully to the spatial variation of ωðrÞ. By
making this assumption, we neglect all other poten-
tial contributions, including the ferritin-bound iron
in brain cells other than dopaminergic neurons such
as glia cells [2,10]. Indeed, histological stains
showed that ferritin-bound iron is distributed rela-
tively homogeneously and varies on a larger length
scale of approximately 100 μm [10], much larger
than typical cell sizes. Hence, we can assume that
ferritin-bound iron contributes to a spatially homo-
geneous R2 and also introduce a homogeneous
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background phase ϕBG and Larmor frequency shift
ωBG, leading to a factorizable exponent

M1ðt; r0Þ ¼ ψðt; r0Þe−R2t−iðϕBGþωBGtÞ: ð4Þ
Strictly speaking, factoring e−R2t holds without
further assumptions only outside of DNs, as we
assume that there is no ferritin-bound iron in DNs.
Nevertheless, we use the factorization for the whole
volume without further restrictions because we
exclude the inside of the DN from the magnetic
moment quantification to desensitize the method to
DN shape (see Sec. IV C).

(iii) The diffusion coefficientD is spatially homogeneous.
Since the SNpc contains few myelinated fibers, it is
plausible to assume that there is no preferred diffusion
direction, and D is therefore isotropic. Assuming a
spatially homogeneous D, we show that the effect
of diffusion on the GE signal decay is negligible
(Sec. II C). This justifies in a self-consistent way the
simplification of neglecting effects of inhomogeneous
diffusion, e.g., due to DN membranes.

(iv) The field perturbation induced by DNs is well
described by the magnetic field of a dipole. The
validity of this approximation is justified in Sec. VIII,
where we show that higher multipole moments are
negligible for compact paramagnetic objects such as
cell bodies and further supported by numerical
simulations for other canonical shapes such as cones.

To generate the dipole field, we model the DN soma as a
sphere with a radius ϱ and constant volume susceptibility,
which differs from the susceptibility of the surrounding
tissue by χv [Fig. 2(d)].
This volume susceptibility is linked to the iron content of

the DN soma. As before [10], in the following, we assume
that all iron within the DN soma is bound by neuromelanin.
Thus, χv is the difference between the volume susceptibility
of a DN soma determined by its iron concentration c, and
the volume susceptibility of the surrounding tissue deter-
mined by the concentration of ferritin-bound iron cFT in the
vicinity of the DN soma:

χv ¼ χρc − χρ;FTcFT; ð5Þ
where χρ is the unknown mass susceptibility of iron in
neuromelanin, and χρ;FT ¼ 1.24 × 10−6 m3=kg the mass
susceptibility of iron in ferritin [41]. In this case, the mass
of iron in a DN soma is given bym ¼ ð4π=3Þcϱ3. However,
it is not clear whether all iron in DN somata is bound by
other forms such as ferritin. Elemental mapping methods
(XRF and PIXE) are not sensitive to the chemical form of
iron binding, and therefore this question cannot be
addressed experimentally. To account for this ambiguity,
as an opposite limiting case, we determine the mass susce-
ptibility of neuromelanin assuming that the concentration
of ferritin-bound iron is homogeneous throughout the
tissue, including DN somata. In this case, the volume

susceptibility is χV ¼ ðc − cFTÞχρ, while the mass of iron
in neuromelanin is given by m ¼ ð4π=3Þðc − cFTÞϱ3.
In a static magnetic field B0, the magnetization of the

DN soma builds up, resulting in a magnetic moment along
the z axis:

μ ¼ B0

μ0

4π

3
ϱ3χv; ð6Þ

where μ0 is the vacuum permeability. Note that this
equation links the MRI-detectable magnetic moment of a
DN with its iron mass, which we assessed independently.
The dipole field outside the sphere leads to a Larmor

frequency shift of water protons

ωðrÞ ¼ δω
ϱ3

r3
ð3cos2θ − 1Þ ¼ −

γμ0μ

4πr3
ð3cos2θ − 1Þ; ð7Þ

where δω ¼ ðω0=3Þχv is the characteristic shift of the
Larmor frequency ω0 ¼ γB0 at the DN soma’s equator, r
is the distance of the proton to the DN soma (regular font
stands for the length of corresponding vectors), and θ the
angle between B0 and r [Fig. 2(d)].
In practice, the DN magnetic moment can be quantified

only if it is high enough to have a measurable impact on the
GE signal. Thus, we restrict the analysis here to a minimum
DN magnetic moment of μ ¼ 64 mA μm2, which turns out
to be the lower bound of reliable magnetic moment
quantification from the acquired data. At constant ϱ and
B0 ¼ 9.4 T, that defines a lower bound of DN volume
susceptibility of χv ¼ 10−6 and a characteristic Larmor
frequency shift of δω ≈ 0.84 ms−1.
The dipole field Eq. (7) around a DN soma produces a

growing volume in which water protons are dephased and
contribute only little to the MRI signal [38]. We can
approximate this dephased volume as a sphere with
effective radius rd chosen so that the protons at the sphere
surface accumulate a phase difference ϕ of the order of
unity [Fig. 2(e)] at time t after the excitation pulse

ϕ ≈
δω × ϱ3

r3d
× t ¼ 1 ⇔ rd ≈

ffiffiffiffiffiffiffiffi
δωt3

p
ϱ: ð8Þ

The dephased sphere at the highest experimental echo
time of 25 ms for the minimum DN magnetic moment of
64 mA μm2 we consider is rd ≈ 38 μm. Equation (7)
indicates that the Larmor frequency changes appreciably
over the distance to the DN soma, rd. As estimated above,
the diffusion length at this echo time is 4 μm, hence, so low
that it encompasses only a small perturbation of the Larmor
frequency. Therefore, we can approximate the field within a
spin package observed during the measurement time with
the first two terms of its Taylor expansion,

ωðrÞ ≈ ωðr0Þ þ ðr − r0Þ ·
∂

∂r
ωðrÞ

����
r¼r0

: ð9Þ

The propagator of the Bloch-Torrey Eq. (1) is known for
a linear field with a constant gradient g ¼ ð∂=∂rÞωðrÞjr¼r0 ,
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Gðt;r1;r0Þ¼
1

ð4πDtÞ3=2 exp
�
−
ðr1− r0Þ2

4Dt
−
i
2
g · ðr1− r0Þt

−
1

12
Dg2t3

�
e−igr0t: ð10Þ

Integrating this propagator over the sample volume, assum-
ing an initially homogeneous magnetization, we obtain [42]

ψðt; r0Þ ¼ exp

�
−
1

3
Dgðr0Þ2t3|fflfflfflfflfflfflfflfflffl{zfflfflfflfflfflfflfflfflffl}
diffusion

−iωðr0Þt|fflfflfflfflffl{zfflfflfflfflffl}
phase

�
: ð11Þ

The first term in the exponent describes the signal decay
due to water diffusion along g ¼ jgj, while the second term
describes the phase of spin isochromates.

C. Impact of diffusion

Next, we show that the diffusion term in Eq. (11) is
negligible for DNs with magnetic moments larger than the
minimummagnetic moment of μ ¼ 64 mA μm2 introduced
above. Diffusion averages most effectively over the Larmor
frequency perturbation closest to the DN soma. Hence, we
estimate the diffusion term at the boundary of the dephased
sphere defined in Eq. (8) as an upper bound of diffusion
effects.
An order-of-magnitude estimate of the frequency gradient

g near a dopaminergic neuron soma can be obtained by
differentiating the order-of-magnitude estimate of Eq. (7):

g ≈
δωϱ3

r4
: ð12Þ

That allows us to estimate the diffusion factor in Eq. (11):

exp

�
−
1

3
Dg2t3

�
¼ exp

�
−
1

3
×
ðδωtÞ1=3
δωτD

�

≈ expð−1.6 × 10−3Þ ≈ 1; ð13Þ

where the diffusion time across the neurons is τD ¼
ϱ2=D ≈ 650 ms, t ¼ 25 ms, and δω ¼ 0.84 ms−1 as above.
Hence, water diffusion affects the GE decay negligibly, and
relaxation is described well by the static dephasing regime
[36]. [For the case of in vivo MRI, the static dephasing
regime still applies, as the threefold-higher diffusion coef-
ficient would not alter the validity of the approximation
in Eq. (13).]
In this case [36], Eq. (11) in the DN-centered coordinate

system of Eq. (7) simplifies to [42]

ψðt; r; θÞ ¼ exp

�
i

3r3
ð3 cos2 θ − 1Þγμ0tμ

�
: ð14Þ

D. Impact of the point-spread function
of MRI microscopy

We now take into account additional averaging due to the
limited resolution of the imaging experiment. In a GE
image with cellular resolution, the complex-valued MRI
signal around a DN soma described by Eq. (2) can be
measured only with limited spacial resolution, leading to
the partial spatial averaging over the voxel described by
Eq. (3). As we record the signal in the Fourier domain, the
point-spread function in imaging space is a three-dimen-
sional sinc function. Thus, the signal we record from an
imaging voxel is described by

Sðt; r0Þ ¼ e−R2t−iðϕBGþωBGtÞ
Z

d3r
8π3V

exp

�
i

3r3
ð3 cos θ − 1Þγμ0tμ

�
sin c

�
x − x0
2L

�
sin c

�
y − y0
2L

�
sin c

�
z − z0
2L

�
; ð15Þ

where r0 ¼ ðx0; y0; z0Þ is the voxel location and L the voxel
size [43].
Our goal is to quantify the magnetic moment μ of the cell

by fitting Eq. (15) to the GE signal of voxels around an
individual neuron. DNs in SNpc are rather sparse, which
allows for studying isolated DNs. To this end, we need an
MRI protocol that achieves sufficiently small L to image
the impact of isolated DNs (ρ ∼ 14 μm) on the GE signal.
MRI microscopy on postmortem brain tissue at ultrahigh-
B0 field (≥9.4 T) achieves voxel sizes as low as approx-
imately 20 μm [indicated in Fig. 2(b)]. Moreover, we
employed a superresolution approach by fitting the meso-
scopic model MRI signal [Eq. (14)] convolved with the
point-spread function to the MRI signal [Eq. (15)]. We
found a balance between considering voxels that are close

to the DN and hence are affected strongest, but not directly
next to the soma to ensure that the far-field approximation
of the dipole field holds (see Sec. IV C). For computational
efficacy, we calculated the integral in Eq. (15) in the Fourier
domain [44]. To estimate the mass susceptibility of iron in
neuromelanin, we used Eq. (6) and combined the magnetic
moment quantification with iron quantification in the same
DN using PIXE and XRF.

E. MRI relaxometry

The determined mass susceptibility of neuromelanin-
bound iron can be used to link the cellular iron loads of
DNs and their density to maps of quantitative susceptibility
and effective transverse relaxation rate acquired with
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conventional macroscopic resolutions. In cases when MRI
voxels extend over several 100 μm, encompassing many
DNs, Eq. (15) does not apply as it accounts only for one
DN. Static dephasing theory [36] describes the collective
impact of multiple DNs on the GE signal in case of
negligible water diffusion. The theory predicts a regime
of linear decay for times larger than 3=ð2δωÞ ≈ 1.8ms,
encompassing all relaxometry echo times we used. In this
regime, the effective transverse relaxation rate induced by
DNs is given by [36]

R�
2 ¼

2π

9
ffiffiffi
3

p ω0χρζc; ð16Þ

where ζ is the volume fraction of DNs.
We assessed the validity of the static dephasing

regime modeling at three clinically used magnetic-field
strengths (1.5, 3, and 7 T) for in vivo and postmortem tissue
using a Monte Carlo simulation informed by histological
3D iron concentration maps in the substantia nigra pars
compacta (see Sec. III I), following a previously published
approach [10].

III. METHODS

First, we quantified the magnetic moment of dopami-
nergic neurons using MRI microscopy at 9.4 T and
numerical simulations. Second, we determined the iron
load of DNs using PIXE, micro-x-ray fluorescence, and
immunohistochemistry. Subsequently, we obtained the
susceptibility of iron bound to neuromelanin at 9.4 T in situ
using a linear regression of the magnetic moments versus
iron load of different DNs. Third, we extrapolated our
results to clinical magnetic-field strengths using relaxom-
etry at varying B0.

A. Postmortem human brain tissue samples

Two midbrain samples including left substantia nigra
from human postmortem brains were provided by the Brain
Banking Center Leipzig of the German Brain Net (GZ
01GI9999-01GI0299) operated by the Paul Flechsig
Institute of Brain Research (Approval No. 82-02). Brain
material was obtained at autopsy with prior informed
consent and approved by the responsible authorities.
Sample 1 with size 3 × 3 × 15 mm3 was donated by an
86-year-old male, who died of heart failure. Sample 2 with
the size of 5 × 15 × 11 mm3 was donated by a 61-year-old
male, who died from renal failure. The postmortem interval
before fixation was less than 24 h for all tissue samples.
Following the standard brain bank procedures, blocks were
immersion fixed in 4% paraformaldehyde in phosphate-
buffered saline (PBS) at pH 7.4 for at least six weeks to
ensure complete fixation. Before the MRI experiments,
tissue blocks were washed in PBS with 0.1% sodium azide
to remove formaldehyde residues from the tissue.

B. MRI microscopy

For MRI microscopy, fixed tissue samples were placed
in plastic syringes of 22 mm diameter and immersed in
proton-free fluid Fomblin (Solvay Solexis, Bollate, Italy)
to eliminate MRI signal from outside the sample. MEGE
images with an ultrahigh isotropic resolution of 22 μm
(sample 1) and 24 μm (sample 2) were acquired at 9.4 T
using a helium-cooled two-channel quadrature mouse coil
[Figs. 3(a) and 3(b)]. Table I gives an overview of all MRI
sequence parameters. All magnitude and phase images
were reconstructed from the raw data using in-house
developed MATLAB routines and stored. For ultrahigh-
resolution MEGE images, complex-valued data from the
two channels were averaged after the removal of phase
offsets between repetitions and individual channels using
the MCPC 3D S method [45]. Single-echo gradient-echo
images with a high isotropic resolution of 60 μm were
acquired at 7 T and used for registration to 9.4 T
MEGE data.

C. Relaxometry

MRI relaxometry was performed at static magnetic-
field strengths B0 of 1.5, 3, 7, and 9.4 T. MEGE images
with an isotropic resolution of 220 μm were acquired
at 7 and 3 T as part of a multiparameter mapping
acquisition (all parameters in Table I) [46]. All magnitude
and phase images were reconstructed and stored as above.
Furthermore, single-channel MEGE data acquired at 9.4 T
were downsampled to the resolution of the MEGE data at
lower fields and processed in the same manner for the
assessment of the B0 scaling behavior of R�

2. Quantitative
parameter maps of R�

2 were calculated from the high-
resolution MEGE magnitude images using a exponential
fit with a Rician noise floor implemented in the PYTHON

programming language.

D. Superresolution magnetic moment estimate

We estimated the magnetic moment of the preselected
DNs, which fulfilled two conditions: (i) They were reliably
identified on histological images and completely included
in the quantitative iron maps; (ii) on histological images,
they were well separated from other DNs, so their indi-
vidual magnetic moment could be robustly fitted.
The magnetic moment of these DNs was determined by

fitting the predicted complex-valued signal of the biophysi-
cal model [Eq. (15)] to the ultrahigh-resolution MEGE
images (Fig. 4).
The DN soma was modeled as a sphere with radius

ϱ ¼ 14 μm, which was the average radius of randomly
selected large neuromelanin clusters on microscopy
images.
The Larmor frequency shift around the DN soma was

simulated at an isotropic resolution of 1 μm using Eq. (7)
[Fig. 4(a)].
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TABLE I. Overview of MRI sequence parameters of GE and MEGE sequences at different static magnetic-field strengths B0.

Field strength (T) 1.5 3 7 9.4

Scanner Avanto, Siemens
Healthineeers, Erlangen

Connectom, Siemens
Healthineeers, Erlangen

Magnetom, Siemens
Healthineeers, Erlangen

BioSpec 94=20 AV3HD,
Bruker, Ettlingen

Receive coil Four-channel coil Custom-built two-channel
quadrature coil

Custom-built two-channel
quadrature coil

Helium-cooled two-
channel quadrature coil

MEGE parameters
Resolution μm3 208 × 210 × 208 210 × 214 × 214 223 × 220 × 223 22 × 22 × 22

Matrix size 126 × 128 × 192 120 × 150 × 192 224 × 128 × 224 672 × 608 × 320

First echo time (ms) 3.8 3.4 4 5
Echo spacing (ms) 8 2.6 3.3 5.4
Number of echoes 10 16 12 4
Repetition time (ms) 100 60 95 110
Flip angle (deg) 25 80 27 23
Bandwidth
(Hz/pixel)

230 490 343 297

FIG. 3. Combining superresolution MRI and ion-beam microscopy for in situ magnetometry of iron in human DNs. The top row
shows an overview image, while the insets on the bottom row show the signature of a single DN soma in different imaging modalities.
(a) The magnitude of T�

2-weighted MEGE images shows DN cell bodies (somata) as areas with hypointense signal over several imaging
voxels. The magnitude image resembles a low-resolution sampling of Fig. 2(e). The growth of the dephased sphere in multiecho data is
shown in Fig. 4. (b) The phase of MEGE images around DN somata is perturbed in the cross shape expected for dipole fields. The phase
is similar to a low-resolution sampling of Fig. 2(d). The complex-valued MEGE data were used to quantify the magnetic moment of
individual DN somata (Fig. 4). (c) In unstained light microscopy images of histological sections, clusters of the pigment neuromelanin
within DN somata are visible. (d) Quantitative iron maps acquired with ion-beam microscopy using PIXE show an elevated iron
concentration at the location of neuromelanin clusters seen in (c) (inset). The iron content of an individual DN was quantified on
consecutive sections to account for partial volume effects (see Fig. 5).
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The location of the center-of-mass δr was determined at
this resolution, an order of magnitude more precise than the
size of the MRI voxel size [Fig. 4(a)].
Further free parameters of the model were the complex-

valued MR signal at zero echo time ψ jt¼0 ¼ ψ0eiϕ0 defined
by its real-valued magnitude ψ0 and phase ϕ0, the effective
transverse relaxation rate of the tissue around the DN soma
R�
2;BG, and the Larmor frequency shift of that tissue ωBG.

The background parameters were assumed to be homo-
geneous within the simulated volume of 7 × 7 × 7 MRI
microscopy MEGE voxels around the DN soma.
The parameters best explaining the MEGE data were

determined by minimizing the least-squares deviation
of the simulated and measured complex-valued signals
using the bounded L-BFGS-B algorithm implemented in
SciPyv1.6.2 [47].
The parameters were bounded to physically realistic

values. A minimum DN magnetic moment of 64 mA μm2

was required to ensure that the minimization preserved the
DN soma.
If boundary values were found as an optimum, the

respective DN soma was excluded from further analysis.
We excluded the 27 central voxels around each DN from

the minimization to exclude the effect of nonsphericity of
the DN (Sec. IV C).
The convergence of the minimization was accelerated by

first minimizing on a coarser length scale of ð3 μmÞ3 and
using the result as an initial guess for the fitting at the finer
resolution of ð1 μmÞ3.
The optimum value of δr was determined in a separate

grid search. The above optimization and the grid searchwere
repeated until the grid search did not find a new optimum
position. The error of μ was estimated using bootstrapping,
assuming that the fit result was a good approximation of the
ground truth. Next, we randomly redistributed the model’s
residuals 200 times and fitted the model. We used the
standard deviation of the resulting distribution of suscep-
tibility values as an estimate for the uncertainty of χϱ.

E. Histology and immunohistochemistry

Tissue blocks were processed for histochemistry and iron
quantification using ion-beam microscopy and XRF as
described in detail before [10]. In short, samples were
embedded in paraffin and cut into 10-μm sections while
recording block-face images for initial alignment to MRI.

FIG. 4. Magnetic moment of individual DN somata estimated by fitting the dipole approximation of the DN-induced magnetic-field
perturbation to complex-valued MEGE MRI microscopy data. (a) The Larmor frequency perturbation of a DN soma that best explains
the MEGE MRI data (b). During the fitting of Eq. (14) to MRI data, free parameters were the magnetic moment of the DN soma μ, the
position of the center of mass of the DN soma δr, the complex-valued MR signal at zero echo time ψ jt¼0 ¼ ψ0eiϕ0 defined by its real-
valued magnitude ψ0 and phase ϕ0, the effective transverse relaxation rate of the tissue around the DN soma R�

2;BG, and the Larmor
frequency shift of that tissue ωBG. A black dotted square marks the volume around the DN that we excluded from fitting to desensitize
the fit to DN nonsphericity. (b) MEGE MRI microscopy magnitude (left columns) and phase data (right columns) as predicted by our
model [(a), first column for magnitude and phase, respectively), measured experimentally (second column), and the fit residuals (third
column). The residuals of the magnitude and phase data were calculated as the absolute value of the differences between the simulated
and measured magnitude and phase maps, respectively. A dotted square covers the voxels that were disregarded in the fit, corresponding
to the black square in (a). The model captures the growth of the dotlike hypointensity in the magnitude images with echo time TE [see
Fig. 2(e)]. The model accurately predicts the cross-shaped phase perturbation at the first three TE [see Fig. 2(d)] before the pattern in the
experimental data is lost due to low signal-to-noise ratio at the latest TE.
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Sections were left unstained for tissue iron quantification.
Sections were imaged with light microscopy using an
ZEISS Axio Scan.Z1 slide scanner (ZEISS, Jena,
Germany). For PIXE and XRF, sections were deparaffi-
nized, embedded in mounting medium (DePeX, Merck
Millipore, Darmstadt), and subsequently placed in alumi-
num frames.

F. Cellular iron quantification

Iron concentrations inside DNs were determined using
two independent methods: PIXE at the LIPSION proton
accelerator (Leipzig University, Leipzig, Germany) and
XRF at the Deutsches Elektronen Synchrotron (DESY,
Hamburg, Germany). Five unstained, consecutive sec-
tions from each sample were deparaffinized, embedded in
a foil of mounting medium (DePeX, Merck Millipore,
Darmstadt), and subsequently placed into aluminum
frames. PIXE was performed using a proton beam of
2.25 MeVand 0.5 nAwith a diameter of 0.8 μm. It locally
knocked out inner shell electrons, leading to element-
specific x-ray emission. The energy dispersive spectra of
emitted x rays were recorded by four silicon drift
detectors (SDDs, Ketek, Vitus H15, Munich) placed in
an optimized geometry with total solid angle coverage
of 1.2 sr. Rutherford backscattering spectra were recorded
for absolute concentration calculations. On each section,
PIXE was performed on regions of interest in the SN with
the following parameters: matrix size 1300 × 3900, field
of view 1 × 3 mm2, average deposited charge determined
by calibrated upstream pickup current integrator [48]
4.2 μC ranging from 2.8 to 6.5 μC between sections.
Iron concentration maps were obtained using the Geo-
PIXE II software (CSIRO, Clayton, Australia) follow-
ing Ref. [49].
To assess the accuracy of the PIXE tissue iron quantifi-

cation with an independent second method, XRF iron
quantification on one section of sample 1 was performed
at the microprobe beamline P06 [50] of PETRA III at DESY
(Hamburg, Germany). The high-brilliance x-ray beam was
monochromatized at an energy of 12 keVusing a cryocooled
Si-111 double-crystal monochromator. Kirkpatrick-Baez
mirrors in combination with a prefocusing compound
refractive lens were used to focus the x-ray beam down to
a size of 2 × 1 μm2, resulting in a flux of 3 × 1011 photons
per second in focus. The incoming flux was measured with
an ion chamber placed between the Kirkpatrick-Baez
mirrors and the sample while the transmitted flux was
measured using a passivated implanted planar silicon diode
downstream of the sample. XRF detection was performed
using an energy-dispersive four-element SDD (Vortex-
ME4, SII Nanotechnology, Northridge, USA) placed with
an angle of 225° with respect to the forward direction of the
x-ray beam. During the measurement, the sample was
continuously scanned through the focus using a nominal
step size matching the resolution and a dwell time of 3 ms.

XRF data evaluation was performed using nonlinear
least-squares fitting as implemented in PyMca [51]. For
elemental quantification, a thin-film XRF reference sample
(type RG-200-0510-C00-X, AXO Dresden GmbH,
Dresden, Germany) was measured. The reference sample
contained the elements Ti, Cr, Fe, and Cu on a Si substrate.
Additional quantification of other elements was calculated
from the results of the reference measurement using
parameters defined in the software XRAYLIB [52].
We quantified the mass of iron in the identified DNs

using 3D reconstructed iron concentration maps (Fig. 5).
These maps were obtained by rigidly registering the iron
concentration maps to unstained microscopy images
using iron-rich, neuromelanin-pigmented clusters as
landmarks. We used the alignment between the consecu-
tive microscopy images to reconstruct 3D iron concen-
tration maps. We manually segmented the identified DNs
on all slices of the 3D microscopy image and integrated
the iron concentration over this volume transformed
to the 3D iron concentration map. We assured that the
entire DN soma was covered by the PIXE measurement
by controlling its absence on the adjacent histological
sections.

G. Identifying DN with MRI signal hypointensities

To estimate χρ, we quantified both the magnetic moment
and the iron mass for a subset of preselected DNs. To this
end, we identified DN somata on histological sections and
their corresponding signatures in MRI microscopy images
in a two-step procedure.
First, unstained consecutive microscopy sections were

stitched into 3D volume using a rigid landmark-based
registration. Pigmented DNs, which appeared on several
consecutive sections, were used as landmarks.

FIG. 5. Iron quantification in DN somata using 3D-recon-
structed PIXE. (a) The iron content of individual DN somata
(marked with dashed line) was quantified in iron concentration
maps obtained on consecutive histological sections, as the
average diameter of NM clusters in the DN somata of 14 μm
was larger than the histological section thickness of 10 μm.
(b) The illustration shows the partial volume effect due to
subdivision of a single DN soma on several histological sections.
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Second, these 3D optical microscopy volumes were
registered to MRI microscopy volumes by matching patterns
of pigmented DNs with similar patterns of signal hypointen-
sities in theMR images (Fig. 6).An affine transformationwas
calculated using the DNs in these patterns as landmarks and
applied to the MEGE data [Figs. 3(a) and 3(b)].
From the identified DNs, we selected those whose

signatures in the MRI microscopy images were well
separated from neighboring DNs, so our biophyiscal model
of an isolated DN’s impact on the MRI microscopy signal is
applicable.

H. Quantifying neuromelanin’s susceptibility

Based on the iron mass and magnetic moment of the
subset of preselected dopaminergic neuron somata, we
quantified the mass susceptibility of iron in neuromelanin
χρ (Fig. 7). We fitted a linear function to these data using
the orthogonal distance regression [53] implemented in the
SciPy library, taking into account both measurements’
uncertainties.
We repeated the quantification of χρ for the assumption

of a homogeneous distribution of iron in ferritin also within
the neuromelanin domains of the dopaminergic neurons.

I. Predicting susceptibility and R�
2 at clinical

B0-field strengths

Next, we extrapolated the susceptibility of iron in DN to
clinical field strengths. As MRI microscopy is not available
at clinical B0 due to signal-to-noise ratio constraints,
we took an indirect approach. We estimated the field
dependence of R�

2 using R�
2 maps measured for B0-field

strength from 1.5 to 9.4 T and assumed linear proportion-
ality between R�

2 and susceptibility.
We coregistered the R�

2 maps using a rigid registration in
the ANTs software [54].
Static dephasing theory predicts a proportionality of the

R�
2 rate induced by DN somata to the DN’s magnetic

moment, i.e., R�
2 ∝ μ ∝ χρB0 [36].

We assume that the DNs contribute the major part of the
iron-induced effective transverse relaxation rate R�

2;iron in
the DN-rich substantia nigra pars compacta. Note that a
smaller part of the R�

2;iron rate in this region is contributed by
ferritin-bound iron, mostly found outside of DNs. Past
research showed that the susceptibility of ferritin-bound
iron is independent of magnetic field in the range we used
here [55]. Thus, if relaxation due to ferritin-bound iron
occurs in the static dephasing regime, the contribution of
ferritin-bound iron to R�

2;iron scales linearly with B0.
Furthermore, we assumed that R�

2;iron was approximately
equal to the B0-dependent portion of R�

2: R�
2;ironðB0Þ ¼

R�
2ðB0Þ − R�

2;BG, subtracting from the measured R�
2 a field

independent, non-iron-induced background rate R�
2;BG.

We quantified the B0 dependency of R�
2;iron in the DN-

rich substantia nigra pars compacta by fitting the model
function

R�
2;ironðB0Þ

R�
2;ironðB0 ¼ 9.4 TÞ ¼ AB0: ð17Þ

Therein, we normalized R�
2;iron by its value at 9.4 T to

simultaneously fit the model to the data of both specimens,

FIG. 6. Registration of ultrahigh-resolution MEGE images (a),
light microscopy (b) and iron concentration maps acquired with
PIXE (c). For coregistration, matching spatial arrangements of
DN somata (marked with arrows) were identified as dotlike
magnitude hypointensities in MEGE images (a), dark clusters in
microscopy (b), and areas of increased iron concentration (c). 3D
microscopy and PIXE images were obtained by registering
adjacent microscopy images, using cut DN shared between the
sections as landmarks for a rigid registration (not shown). The
scale bar shown in (b) and (c) is the same and depicted in (b).

FIG. 7. Determining the mass susceptibility of iron bound to
neuromelanin in dopaminergic neurons χρ. Each dot in the scatter
plot represents one DN soma with its magnetic moment on the
vertical axis and its iron mass on the horizontal axis. Fitting
the experimental data with a proportional function (solid line)
using an orthogonal distance regression [53], we estimated
χρ ¼ ð2.98� 0.19Þ × 10−6 m3=kg.
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which provided the parameters A and R�
2;BG assumed to be

the same across specimens.
Extrapolating our estimate of χρ to clinical field strengths

enabled us to predict the impact of DN somata on
the susceptibility and R�

2 at 3 and 7 T. We obtained DN
somata masks by segmenting neuromelanin clusters
on unstained histological sections using the Trainable
WEKA S Segmentation [56] in the FIJI software [57].
We used the proportionality between optical density in
these images and iron concentration in neuromelanin to
estimate maps of iron concentration in DNs [10]. From
these, we calculated susceptibility maps using Eq. (5).
Maps of the R�

2 rate were estimated using the long-time
limit of static dephasing theory [Eq. (16)] [36]. We assumed
that the susceptibility difference between the DN somata
and the surrounding tissue was approximately equal to the
susceptibility induced by iron in the DN somata, as both
iron concentration and mass susceptibility of ferritin-bound
iron were considerably lower than in DN somata. We
obtained estimates of susceptibility and R�

2 at the resolution
of the relaxometry measurements at 3 and 7 T by averaging
the quantities in pixels of 220-μm-edge length.
Both extrapolations of our results used the static dephas-

ing approximation, i.e., negligible water diffusion during
gradient-echo signal decay [36]. We numerically assessed
the validity of the static dephasing approximation in a
representative voxel in nigrosome 1 by conducting the
Monte Carlo simulation of the GE signal decay in a
previously published 3D tissue model based on quantitative
iron histology, using a previously developed approach [10].
This approach was updated with the susceptibility of
neuromelanin-bound iron obtained in this study. We simu-
lated the GE signal decay using diffusion coefficients
typical for in vivo and postmortem brain tissue (1 and
0.3 μm2=ms, respectively) and clinical and ultrahigh-mag-
netic-field strengths (B0 ¼ 1.5, 3, 7, 9.4 T). We estimated
the R�

2 rates for the simulated decays by fitting an
exponential decay function to the predicted GE signals
at experimentally plausible echo times as described
before [10].

IV. RESULTS

A. Multimodal identification of DN somata

In the MEGE magnitude data of substantia nigra pars
compacta, areas of signal hypointensity spanning several
imaging voxels were observed [Fig. 3(a)]. In the MEGE
phase, cross-shaped perturbations were observed at the
location of the dotlike signal hypointensities [Fig. 3(b)].
These signal magnitude and phase perturbations resembled
the signal perturbation of magnetic dipoles, empirically
supporting our approximation of DN somata as dipoles
[Eq. (6); Figs. 2(d) and 2(e)]. On light microscopy images
of unstained histological sections, DN somata were visible
due to the dark pigment neuromelanin they contained

[Fig. 3(c)]. Quantitative iron concentration maps acquired
with PIXE and XRF showed an increased iron concen-
tration within the DN somata [Fig. 3(d)].
The spatial arrangement of these DN somata in the light

microscopy and PIXE data resembled the spatial arrange-
ment of dotlike and crosslike perturbations in the MEGE
magnitude and phase data, respectively. This indicates that
the MEGE signal perturbations were due to iron-rich DN
somata and that they reliably mapped DN somata. Based on
this hypothesis, we identified spatial patterns of dotlike
signal hypointensities in MEGE magnitude images with
DN somata in 3D-stitched unstained histological sections
[Figs. 2(b) and 6], which resulted in a one-to-one assign-
ment of 14 DN somata for each sample.

B. Susceptibility of iron in DN

Next, we estimated the mass susceptibility of iron in
neuromelanin χρ in DN somata, comparing the mass of iron
m and the magnetic moment μ for a subset of preselected
DNs. In the PIXE data, m ranged from (3.8� 0.3) to
ð19.4� 0.6Þ pg (Fig. 5). The accuracy of the m estimates
was corroborated by a high correspondence between DN
iron quantification using two independent measurements
PIXE and XRF (Fig. 10 in Appendix D). Using super-
resolution, complex-valued fits of the DN soma model to
the MRI data, we found that μ ranged from (90� 20) to
ð550� 110Þ mA μm2 in the same set of DNs (Fig. 4). We
excluded DNs whose magnetic moments reached the
boundaries of the fit. Data from the remaining 23 DNs
(12 DNs in sample 1, 11 DNs in sample 2) allowed us to
estimate χρ ¼ ð2.98� 0.19Þ × 10−6 m3=kg (mean �SD),
using an orthogonal distance regression and assuming that
all iron in the DN somata was bound to neuromelanin
[53]. The alternative assumption of a homogeneous
distribution of ferritin-bound iron also within DN somata
resulted in a somewhat higher susceptibility value of χρ ¼
ð3.8� 0.3Þ × 10−6 m3=kg (for a detailed description, see
Appendix E and Fig. 11). The Pearson correlation coef-
ficient between cell magnetic moments and iron concen-
tration for data generated using the first assumption was
higher (r ¼ 0.86) than using the second assumption
(r ¼ 0.71), suggesting that the first assumption was a
better explanation of the data.

C. Impact of nonspherical cells

Next, we estimated the impact of the nonsphericity of
NM clusters in DN soma. Their shapes deviate from the
idealized spheres and may induce magnetic-field pertur-
bations deviating from the dipole field, with contributions
from higher-order multipole moments. To minimize the
effect of those moments on the fit results, we excluded the
27 voxels around a DN center of mass from the fit. After
excluding these voxels, the smallness parameter ðrNM=rÞ2
(for a full discussion, see Appendix B) for the considered
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voxel, which was closest to the center, was 14=ð2 × 22Þ2≈
10%, using the MRI microscopy voxel size of 22 μm.
Hence, the maximum expected quadrupole effect
in the considered voxels closest to the DN was already
quite small.
To corroborate this rationale, we tested the stability of

our fit with nonspherical neurons numerically as described
in the Appendix C. We used a histologically more realistic
DN geometry: cones. A linear fit of the dependency
of the estimated on the true dipole moment quantified
the ratio of estimated mass susceptibilities for ten collec-
tions of 23 cones, matching the number of evaluated DNs.
The linear fits resulted virtually in the identity line
[μfit ¼ ð1.00� 0.01Þμtrue − ð0.00� 0.03Þ, mean � stan-
dard deviation across collections], indicating no bias of
our susceptibility estimate and a relative susceptibility
uncertainty of 1%. Hence, the cone geometry of DNs did
not change our susceptibility estimate, and we expected
only a minor error in our susceptibility estimate due to the
nonsphericity of DNs.

D. Extrapolation to clinical magnetic-field strengths

Having determined χρ at a field strength of B0 ¼ 9.4 T,
we needed to understand its scaling behavior with B0 to
extrapolate the parameter to clinical field strengths (1.5 to
7 T). Fitting the model in Eq. (17) to R�

2 maps in the SNpc

revealed that R�
2;iron scales approximately linearly with B0

from 3 to 9.4 T [Fig. 8(a)], which was also reflected in
similar contrast features in rescaled R�

2 maps [Fig. 8(c)].
At 1.5 T, we did not observe a linear behavior, and the
DN-induced contrast features disappeared. Thus, we
excluded these data from the model fit [Fig. 8(c)] and
could not quantify the susceptibility of iron in NM at this
field strength.
These results were supported by the Monte Carlo sim-

ulation of the GE decay for a representative voxel in
nigrosome 1 (Fig. 12). For the case of postmortem, for-
malin-fixed tissue, the static dephasing approximation
for iron-induced relaxation held well for magnetic-
field strengths B0 ≥ 3 T (R�

2 difference between static
dephasing prediction and Monte Carlo simulations was less
than 10%). Note that the simulation accounted for both
neuromelanin- and ferritin-bound iron; hence, the static
dephasing regime was a good description of the entire iron-
induced GE signal decay. For 1.5 T, we observed a
substantial difference of the R�

2 rates (more than 20%)
predicted by the static dephasing and Monte Carlo simu-
lations, indicating non-negligible deviation from the static
dephasing regime. This deviationmay explain the difference
in the SNpc contrast between R�

2 maps at 1.5 T and higher
fields. Combining these results with our assumptions
(Sec. III I), the susceptibility of iron in NM is thus approx-
imately the same at B0-field strengths from 3 to 9.4 T.

FIG. 8. The B0-dependent contribution to R�
2 scaled approximately linearly in a DN-rich region in the SNpc. (a) We evaluated the

scaling of R�
2 by fitting the model in Eq. (17) to R�

2 maps acquired at B0 from 3 to 9 T, which resulted in A ¼ ð0.108� 0.002Þ T−1 and
R�
2;BG ¼ ð22� 2Þ s−1. R�

2 at 1.5 T did not follow a linear scaling (c); hence, it was excluded from the fit. (b) Unstained sections show
pigmented DN (enlarged), which were used to define the DN-rich regions of interest evaluated in (a) (sample 1, top row, blue; sample 2,
bottom row, green). (c) We rescaled quantitative R�

2 maps estimated at B0 ¼ 1.5 to 9.4 T by first subtracting the B0-independent rate
R�
2;BG determined in (a) and second dividing the maps by the respective B0. The resulting rescaled R�

2 maps looked very similar across
B0-field strengths between 3 and 9.4 T and showed similarly shaped regions of increased R�

2 rates. A similar color of the maps suggests
that the linear rescaling effectively removed the changes between the maps. The R�

2 map at 1.5 T did not show similar contrast features as
the other maps and was hence disregarded in the linear fit in (a).
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While we estimated that the susceptibility of iron in
neuromelanin is the same for B0 from 3 to 9.4 T, this
extrapolation introduced additional uncertainty. Static
dephasing theory predicts a similar scaling with B0 of
the DN soma magnetic moment, which is proportional to
χρ, and R�

2;iron in the DN-rich SNpc [36]. Thus, we
interpreted the standard deviations of the model of R�

2;iron

[Eq. (17), Fig. 8(a)] as the relative errors of the suscep-
tibility estimates at 3 and 7 T, which were 22% and 7%,
respectively. The adapted uncertainties of χρ at clinical field
strength were χρðB0 ¼ 3 TÞ ¼ ð3.2� 0.8Þ ppb=ðμg=gÞ
and χρðB0 ¼ 7 TÞ ¼ ð3.2� 0.3Þ ppb=ðμg=gÞ estimated
assuming independent uncertainties.
We used the extrapolation of χρ to estimate the effect of

DN somata on quantitative MRI parameters at clinical field
strengths (Fig. 9). Estimates based on histological DN
somata masks [Fig. 9(a)] maps of volume susceptibility χ
[Fig. 9(b)] and R�

2 [Figs. 9(c) and 9(e)] corresponded well to
patterns observed on experimentally obtainedR�

2 maps. The
predicted χ and R�

2 maps showed alterations in DN-rich
areas within the range of current in vivo quantitative MRI
approaches [Figs. 9(b), 9(c), and 9(e)]. These results
indicated that assessing iron concentration in DN somata
in vivo is within reach of conventional MRI scanners.
For a clinical translation of our results, the increased

diffusion coefficient in vivo limits the applicability of the
static dephasing approximation to ultrahigh magnetic

fields. Monte Carlo simulations of the GE decay for in vivo
conditions indicate that the static dephasing approximation
used to predict R�

2 rates here is inaccurate at B0 ≤ 3 T
[Fig. 12(b), bottom row]. Thus, ultrahigh-field MRI at B0 ≥
7 T appears as the method of choice to characterize DN
iron accumulation in vivo. Translation of the proposed
approach to lower fields requires more complex models of
effective transverse relaxation accounting for diffusion.
However, even complex models are in reach with increas-
ing computing power.

V. DISCUSSION

A. New method for in-cell magnetometry of metals

We propose a novel method for in-cell magnetometry
of paramagnetic metals. We developed a model that
explained the signal perturbation in multiecho gradient-
echo MR images by metal-rich cells such as neuro-
melanin-rich DN somata (Figs. 2 and 3). We quantified
the magnetic moment of the DN somata by fitting
this model to complex-valued MRI microscopy MEGE
data (Fig. 4). After matching individual DN somata in
optical microscopy and MRI microscopy, we quantified
the total DN iron load in 3D using XRF and PIXE (Figs. 5,
6, and 10). Combining the measurements of the DN iron
load and DN magnetic moment, we estimated the mag-
netic mass susceptibility of neuromelanin-bound iron to

FIG. 9. Predictions of effective transverse relaxation rate R�
2 and volume susceptibility χ at clinical field strengths B0 ¼ 3 and 7 T

based on histological DN somata maps and our estimate of χρ (Fig. 7) for sample 1. (a) DN somata masks were obtained by segmenting
pigmented NM clusters on unstained histological sections. (b) B0-independent χ maps showed changes due to DNs within the sensitivity
limits of state-of-the-art quantitative susceptibility mapping techniques [58]. (c),(e) R�

2 rates induced by DN somata, estimated from DN
masks (a) using Eq. (16) at B0 ¼ 3 T (c) and 7 T (e) showed rate increases in DN-rich areas within the sensitivity limits of state-of-the-
art quantitative R�

2 mapping approaches [59]. (d),(f) Experimentally obtained R�
2 maps at B0 ¼ 3 T (d) and 7 T (f) showed areas of

increased relaxation rates corresponding highly to areas of high DN density.
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be χρ ¼ ð2.98� 0.19Þ × 10−6 m3=kg (Fig. 7). From the
experimentally observed linear scaling of the magnetic
moment of DN somata with static magnetic-field strength
B0 from 3 to 9.4 T, we concluded that in this magnetic-
field range the susceptibility does not depend on mag-
netic-field strength and generalizes to MRI scanners with
field strengths above or equal to 3 T, which become
increasingly clinically available.
Our method offers a remarkable advantage in single-cell

detection, providing high absolute sensitivity capable of
detecting picograms of paramagnetic metal per cell. This
sensitivity exceeds that of microcoil electron paramagnetic
resonance (EPR) by 2 orders of magnitude [60], is
comparable to the absolute sensitivity achieved by diamond
magnetometry [61], and lower than the absolute sensitivity
achievable with state-of-the-art microscopic SQUID mag-
netometry [62]. Remarkably, our method enables three-
dimensional imaging of macroscopic volumes, allowing for
the mapping of large populations of thousands of cells and
encompassing entire organs or brain nuclei. Notably, our
technique operates at room temperature and can be applied to
fully hydrated tissue samples, unlike microSQUID magne-
tometry and microEPR, which require cryogenic temper-
atures and offer only microscopic volume coverage. While
diamond magnetometry can also be performed at room
temperature, its sensitivity is limited to two-dimensional
sections. Therefore, our method stands out by uniquely
combining single-cell sensitivity, large volume coverage,
and the ability to operate under physiological conditions.

B. New insights into brain iron biochemistry

We applied the newly developed method to measure
the magnetic susceptibility of neuromelanin-bound iron
directly in dopaminergic neurons in the human substantia
nigra without extracting the neurons from the tissue.
The magnetic mass susceptibility of neuromelanin-bound
iron was found to be χρ ¼ ð2.98� 0.19Þ × 10−6 m3=kg
(Fig. 7). It is about 2.5 × higher than the susceptibility of
iron bound in the iron-storage protein ferritin’s, which
stores the majority of iron in most biological cells
including neurons [41]. The similar order of magnitude
of χρ and χρ;FT ¼ 1.24 × 10−6 m3=kg [41] corroborated
the plausibility of the value of χρ we estimated. However,
the large factor between the two values enables valuable
insights to be inferred regarding the specific form of iron
binding in dopaminergic neurons.
Our findings indicated that most iron in neuromelanin

is bound to the mononuclear site with low binding affinity.
Two iron-binding sites in neuromelanin were proposed:
a low-affinity, mononuclear site and a high-affinity,
multinuclear site [9,11] [Fig. 2(c)]. The mononuclear
site contains isolated iron ions with spin 5=2, and its
magnetism is described by Curie’s law, resulting in a field-
independent mesoscopic susceptibility per iron load of

χρ;mononuclear ¼ 3.03 × 10−6 m3=kg [10]. As the multinu-
clear site was suggested to contain a ferrihydrite crystal
core similar to that of the ferritin [11], we assumed here that
iron in this binding site has a similar susceptibility of
χρ;multinuclear ≈ χρ;FT ¼ 1.24 × 10−6 m3=kg [41]. The sus-
ceptibility χρ we determined is equal to the susceptibility of
mononuclear site, within the experimental error. However,
χρ differs by a factor of approximately 2.5 from the
susceptibility of iron in the multinuclear binding site.
The B0 independence of χρ is expected for a monoatomic
paramagnetic site, further underscoring its plausibility.
The iron stored in the lower affinity binding site is

suggested to have higher neurotoxicity since it is easier
released into the cytosol where it may induce oxidative
stress [15,63]. The dominance of low-affinity bound iron
found in this study may indicate a higher toxicity of iron in
dopaminergic neurons as has been previously suggested.
Thus, in-cell magnetometry provides valuable insight into
the iron-binding form directly inside the cell.

C. New link between macroscopic MRI measures
and cellular iron loads

The key advantage of our method is its applicability at
room temperature and on fully hydrated tissue, allowing the
magnetic susceptibility values obtained to accurately re-
present those found in vivo. Consequently, when combined
with the proposed biophysical model, these obtained values
establish a novel quantitative link between macroscopic
in vivo MRI measures of brain iron and microscopic
cellular iron distribution. Information about dopaminergic
cell density and cellular iron load can be extracted from
effective transverse relaxation rates, which can be acquired
using clinically available MRI scanners.
Moreover, the large difference between the magnetic

susceptibility of iron bound in ferritin and neuromelanin
found in our study has important implications for MRI-
based methods of iron quantification. The difference means
that the sensitivity of MRI to iron stored in different
chemical forms strongly differs. In the static dephasing
regime, the 2.5-fold difference translates directly to a 2.5-
fold-higher sensitivity of the iron-sensitive MRI parameters
R�
2 and susceptibility to iron bound to neuromelanin than to

iron bound to ferritin [Eq. (16)]. As iron in DN, somata
comprises only between 10% and 20% of the total iron in
the substantia nigra pars compacta [2,10], this increased
sensitivity is pivotal for the dominant role of DN somata in
effective transverse relaxation at clinical field strength.
Conversely, this large difference of iron magnetic suscep-
tibilities in the two most abundant forms (neuromelanin and
ferritin) calls into question the applicability of simplified
MRI contrast models, which use a single proportionality
constant to relate R�

2 rates and QSM values to tissue iron
concentrations [31,64,65]. Our results show that it is an
oversimplification to treat iron in the human substantia
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nigra as a single tissue component when interpreting iron-
sensitive MRI contrasts. Our results determine an important
parameter for biophysical modeling of transverse relaxation
in the substantia nigra, which is required to quantify DN
iron in vivo [10].

D. Detection of dopaminergic neurons
with MRI microscopy

To the best of our knowledge, we reported the first direct
depiction of neurons using MRI without exogenous con-
trast agents. While the traces of iron-rich glial cells have
been visualized in MRI before [35], usually neurons are
MR invisible as they do not contain sufficient iron or other
sources of MRI relaxation. Dopaminergic neurons are a
rare exception, rendering MRI a promising tool for 3D DN
histology, without the need of time-consuming and costly
tissue clearing [66]. Ultrahigh-resolution and ultrahigh-
field postmortem MRI enables one to study changes of DN
populations and their iron content during healthy aging [15]
and in Parkinson’s disease [7] for large sample sizes,
overcoming limitations of histological approaches.
As far as we are aware, our work was the first application

of superresolution localization microscopy to QSM on
single, spatially separate cells. The idea of localization
microscopy is to use the knowledge of the point-spread
function of the signal from isolated emitters (here, iron-rich
DN somata) to deconvolve the acquired signal and retrieve
information on scales below the imaging resolution. While
in the case of QSM, the zero crossings of the dipole kernel
complicate the application of a deconvolution kernel, our
approach circumvented this problemby relying solely on the
forward model. Assuming a simple geometry of the DN
soma, our method revealed the center of mass of the DN
somata with subvoxel resolution of about a micrometer, as
well as its magnetic moment, which for the present study is
of greater interest.

E. Toward in vivo MRI mapping of dopaminergic
neurons integrity

The established quantitative link between macroscopic
and microscopic quantitative MRI (qMRI) parameters and
the density and iron load of dopaminergic neurons paves the
way for noninvasive assessment of their integrity using
clinical MRI scanners. This breakthrough has the potential
to enable early detection of neurodegeneration in PD before
the onset of motor symptoms. Our model predicts that the
effective transverse relaxation rate in nigrosome 1within the
substantia nigra exhibits a linear relationship with the
cellular density and iron load of dopaminergic cells, serving
as a potential biomarker for assessing cell integrity.
However, before clinical translation can be achieved, several
challenges must be addressed. First, the magnetometry
measurement and biophysicalmodel conducted in this study
in the tissue of aged donors need to be extended to cover the
entire adult lifespan and include PD patient tissue.

Second, the application of the method in vivo will need
an ultrahigh-resolution qMRI acquisition at ultrahigh-field
strengths. Fortunately, recent FDA approval of 7-T tech-
nology coupled with breakthroughs in image acquisition,
reconstruction, and prospective motion correction tech-
niques [16] has enabled submillimeter resolution quanti-
tative MRI at 7 T [67,68], narrowing the gap to the in vivo
application of our results.
Third, any new imaging biomarker needs to be tested in a

clinical trial. qMRI markers have already generated sig-
nificant interest in radiology and neurology since the
advantage of improved interpretability and comparability
are recognized [69] and clinical translation is ongoing (e.g.,
nogo inhibition in spinal cord injury).

F. Methodological considerations

Our results allow us to assess the optimum B0-field
strength for imaging the substantia nigra pars compacta.
R�
2 maps at B0 from 3 to 9.4 T showed similar features

within SN. This implies that MRI at 3 T, which is
clinically widely available, is in principle sensitive to
the contrast of the rich substructure within the SNpc.
Nevertheless, the increased contrast-to-noise at higher B0

fields is beneficial to achieve higher spatial resolutions.
Furthermore, the contribution of iron in DNs to R�

2 is most
effective in the static dephasing regime, which applies
in vivo for B0 > 3 T (Fig. 12). Hence, MRI at 7 T is most
promising for SNpc mapping, especially as it is becoming
more and more clinically available.
To improve the reliability of our susceptibility measures,

we quantified cellular iron concentrations with two inde-
pendent methods: proton-induced x-ray emission [49,70–
72] and x-ray fluorescence [50]. While both methods
quantify iron from first physical principles and are widely
used in material sciences, fewer studies apply them to
quantify elements in postmortem tissue specimens. To the
knowledge of the authors, no systematic comparison
between PIXE and XRF elemental quantification in post-
mortem tissue has been performed yet.
In this study, cross-referencing both methods showed

a high correspondence between the iron load of DNs,
which validates our cellular iron concentration measure-
ment. These results provide a reliable foundation for
future studies of cellular metal accumulation and in-cell
magnetometry.

G. Limitations and modeling assumptions

Among the limitations of our study was the small
sample size of two examined postmortem specimens and
the limited number of 23 neurons that were included in
the analysis. Furthermore, a possible change of MRI
contrast mechanisms in the substantia nigra after death
may limit the translation of our results to in vivo MRI.
During histological processing, iron may be washed out
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of neuromelanin, leading to the overestimation of iron’s
susceptibility.
Because of the presence of more than one iron-binding

site in neuromelanin, the value of χρ may change during
aging and in pathology. Neuromelanin’s mesoscopic sus-
ceptibility per iron load agreed well between the two
specimens we examined, indicating a similar distribution
of iron between the two proposed binding sites of iron in
the neuromelanin in healthy aging [15]. Future research
should address the question of whether this value is
preserved in Parkinson’s disease or whether the hypoth-
esized higher loading of the low-affinity, isolated iron-
binding site alters χρ [11].
In the translation of our results to in vivo MRI, several

effects have to be considered. The increased temperature
decreases the susceptibility. Assuming a paramagnetic
behavior, we estimated this effect to reduce the suscep-
tibility by 5% using Curie’s law.

VI. CONCLUSION

We developed a new method for in-cell magnetometry of
paramagnetic metals, combining superresolution MRI
microscopy and biophysical modeling with 3D quantitative
iron histology. The method goes beyond the state-of-the-art
methodology in metallomics by providing unbiased values
of magnetic susceptibility measured directly in single cells
and in large cell ensembles.
We applied this method to study iron bound to neuro-

melanin in dopaminergic neurons in human substantia nigra
pars compacta. We estimated that the mass susceptibility of
neuromelanin-bound iron is ð2.98� 0.19Þ × 10−6 m3=kg.
This value is very close to the susceptibility of monoatomic
iron with spin 5=2 , suggesting that the majority of iron in
neuromelanin may be bound in the low-affinity binding site,
which is potentially neurotoxic.
Moreover, the obtained susceptibility values provide the

essential parameter for linking in vivo measurements of
brain iron using clinical MRI scanners to iron concen-
trations in dopaminergic neurons. Therefore, our results
constitute an important step toward a quantitative bio-
marker of iron in dopaminergic neurons, which could shed
light on the link of iron accumulation and neuronal
depletion in Parkinson’s disease with high-throughput
3D quantitative iron histology.
The presented method can be applied to other cell types

and other paramagnetic metals to study the physiology of
metals in biological cells and their potential for novel
imaging biomarkers.
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APPENDIX A: IMPACT OF NONSPHERICITY OF
NEURONAL SOMATA

Consider a compact but not necessarily spherical per-
turber ofmagnetic field such as an iron-loaded cell. Consider
for simplicity the case when its magnetic susceptibility χv is
constant within the cell volume. The spatial distribution of
magnetic susceptibility is then χvvðrÞ, where vðrÞ is the
indicator function of the cell vðrÞ ¼ 1 inside the cell,
otherwise zero. When exposed to the main field B0 of an
MR device, such a cell perturbs the local Larmor frequency,
adding the sum of all infinitesimally small dipole moments
ðB0=μ0Þd3rχv in a continuous version of Eq. (7),

ωðrÞ ¼ δω

Z
d3r0vðr0ÞYðr − r0Þ: ðA1Þ

Here, r points from the cell center of mass to an arbitrary
point outside the cell, δω ¼ −γB0χv=3 is the characteristic
Larmor frequency, and the integration over the whole space
is effectively limited to the cell volume by the factor vðrÞ.
The elementary dipole field takes the form
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YðrÞ ¼ 3n2z − 1

r3
¼ ∂

2

∂z2
1

r
; ðA2Þ

where z is the third component of r as defined by the
direction of the main field and nz ¼ z=r. The last expression
connects the dipole field to the Coulomb potential.
Our goal is to find the Larmor frequency field on the

distance r that is much larger than the cell dimensions,
r ≫ ϱ. We substitute the last form of Eq. (A2) in Eq. (A1)
and perform the Taylor expansion in r, which leads to the
standard multipole expansion. To simplify calculations, we
use the last form of the dipole field in Eq. (A2). This gives

ωðrÞ¼δω
∂
2

∂z2

Z
d3rvðrÞ

�
1−ra

∂

∂ra
þ1

2
rarb

∂
2

∂ra∂rb
þ…

�
1

r
;

ðA3Þ

where the indices a and b label the three components of
corresponding vectors, and the Einstein’s convention about
the summation over the repeating indices is implied.
Analyzing this expression term by term, the integration
in the first term gives the cell volume. Thus, the leading
term in the far field coincides with the pure dipole field
(obtained by the double differentiation of 1=r). The
absence of any correction to this field is the property of
a uniformly polarized sphere, which justifies the approxi-
mation of the spherical cell shape for the far field.
The second term in the brackets, which is of the first

order in ra, gives zero upon integration according to the
definition of the center of mass.
The third term in Eq. (A3) is the correction we

are looking for. It is convenient to replace rarb with
rarb − r2δab=3. The delta symbol does not change the
expression because it adds zero,

δab
∂
2

∂ra∂rb

1

r
¼ ∇2

1

r
¼ 0; R ≠ 0: ðA4Þ

With this addition, the integration gives the standard
quadrupole of the cell shape,

Qab ¼
Z

d3rvðrÞ
�
rarb −

1

3
r2δab

�
: ðA5Þ

The correction to the field from the nonspherical cell shape
is thus

ΔωðrÞ ¼ 1

2
δωQab

∂
2

∂z2
∂
2

∂ra∂rb

1

r
: ðA6Þ

In summary, the quadrupole component in the cell shape
adds a field with up to the fourth-order multipole pattern
(octopole) in the induced Larmor frequency. This compo-
nent decreases as 1=r5. At large distances from the cell, it is
smaller compared to the dipole field proportional to 1=r3.

The dimensionless smallness parameter can be estimated as
ðϱ=rÞ2, where ϱ is the characteristic cell radius. Further, the
effect of ΔωðrÞ can be reduced in fitting due to the higher
order of the involved spherical harmonics l ¼ 4 compared
to l ¼ 2 of the dipole field.

APPENDIX B: NUMERICAL EVALUATION OF
THE IMPACT OF NONSPHERICITY OF

NEURONAL SOMATA

We numerically evaluated the effect of soma nonspher-
icity on the susceptibility quantification. To this end, we
generated synthetic DN susceptibility maps with a DN
geometry that more closely resembles the appearance of the
neurons on histological tissue sections: cones. We created
maps of randomly oriented cone-shaped susceptibility
inclusions with the same volume as the spherical model
described in Sec. III D. For each cone-shaped inclusion, we
randomly selected the following parameters from the
appropriate ranges: the cone magnetic moment from 90
to 550 mA μm2, the opening angle of the cone from 25° to
65° (matching opening angles of neuromelanin domains on
unstained histological tissue sections), and the displace-
ment of the cone within a voxel along each spatial
dimension from −10 to 10 μm. We created ten collections
of 23 cone susceptibility maps corresponding to the number
of experimentally evaluated DNs.
From these susceptibility maps, we generated MEGE

data using Eq. (15) with the experimental parameters of the
9.4-T MRI microscopy (see Table I). In Eq. (15), we used
the following background tissue parameters: R2¼0.8ms−1,
which was approximately the average R2 rate obtained
from the DN susceptibility quantification, and ϕBG¼ωBG¼
0, which removed a global linear phase factor that did not
impact the results substantially.
Next, we applied the magnetic moment quantification

described in Sec. III D to these synthetic data to estimate
the magnetic moment of the cone-shaped DNs. For each
collection of 23 cone-shaped DNs, we plotted the depend-
ency of estimated dipole moments on the true dipole
moments and performed a linear fit. The slope of the
linear fit quantified the ratio of the mass susceptibilities
estimated for cones and spheres. Averaging the slope over
the cone collections indicated whether cone-shaped, non-
spherical DNs introduced a bias into the mass susceptibility
estimate.

APPENDIX C: ASSESSING THE ACCURACY OF
CELLULAR IRON MEASUREMENTS WITH AN

INDEPENDENT METHOD

To quantify the precision of cellular iron masses deter-
mined using PIXE, we compared them to measurements by
the independent XRF method. We quantified the iron mass
for the set of 20 randomly selected neurons in sample 1
(Fig. 10). The iron masses measured by both methods
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agreed well, with the accuracy of 10% as indicated by a
slope of a linear function fitted to the experimental data.

APPENDIX D: EVALUATING THE IMPACT OF
THE IRON-BINDING FORM IN DOPAMINERGIC

NEURONS ON THE MASS SUSCEPTIBILITY
OF NEUROMELANIN

Here, we evaluate the susceptibility of neuromelanin-
bound iron in the case of a homogeneous distribution of
ferritin-bound iron. In the main text, we determined the
mass susceptibility of neuromelanin-bound iron assuming
that iron in neuromelanin domains is exclusively bound to
neuromelanin, not to ferritin. As PIXE and XRF are not
sensitive to the iron-binding form (neuromelanin or ferri-
tin), it was not possible to verify this assumption exper-
imentally. Hence, here we analyze the consequences of
assuming the opposite limiting case: a homogeneous
distribution of ferritin-bound iron also within neuromelanin
domains. In this case, we predict a somewhat higher mass
susceptibility of neuromelanin-bound iron (Fig. 11).
However, our model explains the experimental data worse
compared to the assumption followed in the manuscript
(Fig. 7). Hence, we rejected this assumption in favor of an
exclusive binding of iron to neuromelanin in dopaminergic
neurons.

APPENDIX E: APPLICABILITY OF STATIC
DEPHASING IN MRI RELAXOMETRY

Here, we analyze the applicability of the static dephasing
approximation to the GE signal decay at various B0 under
in vivo and postmortem conditions. If the static dephasing
approximation is applicable, the R�

2 rate induced by
susceptibility inclusions as iron-rich dopaminergic neurons

scales linearly with B0. This linear scaling was used to
extrapolate the mass susceptibility of neuromelanin-bound
iron to lower field strengths (Sec. III I) where MRI
microscopy was challenging. Moreover, in the case of
static dephasing, the iron load and density of dopaminergic

FIG. 10. Relation of iron mass in 20 randomly selected DNs quantified in sample 1 using XRF and PIXE. (a) DN iron mass quantified
with XRF and PIXE showed high correspondence. A linear fit to the data was close to the identity line (parameters given on plot).
(b) Bland-Altman plot of DN iron masses shows high accuracy of iron quantification using PIXE and XRF, with deviations well below
twice the standard deviation of the iron masses. The PIXE DN iron mass had a bias toward lower values compared to the XRF DN
iron mass.

FIG. 11. Determining the mass susceptibility of iron bound to
neuromelanin in dopaminergic neurons χρ assuming a homo-
geneous distribution of ferritin-bound iron also within dopami-
nergic neurons. Each dot in the scatter plot represents one DN
soma with its magnetic moment on the vertical axis and its iron
mass on the horizontal axis. Fitting the experimental data with a
straight line (solid line) using an orthogonal distance regression
[53], we estimated χρ ¼ ð3.8� 0.3Þ × 10−6 m3=kg. This suscep-
tibility value was increased by 34% compared to the value
determined for the assumption that all iron within the neuro-
melanin domains of dopaminergic neurons is stored in neuro-
melanin (Fig. 7).
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neurons can be inferred from R�
2 measurements, based on

Eq. (16), providing a promising avenue for measuring their
integrity in vivo [10].
To test the applicability of the static dephasing approxi-

mation, we employed a previously published numerical
model of the GE signal decay in an area in the substantia
nigra densely populated with dopaminergic neurons, nigro-
some 1 [10]. While we refer to the original publication [10]
for a detailed description of the model, we briefly sum-
marize its main aspects here. The model is based on a
microscopic, quantitative 3D map of iron distribution in
human nigrosome 1 within a volume of the size of a typical
MRI voxel. This map was obtained using quantitative iron
histology, combining PIXE and classical histological stains
for iron. The iron-induced microscopic susceptibility
heterogeneity within the voxel was estimated by scaling
iron concentration maps, with the mass susceptibilities of
neuromelanin- and ferritin-bound iron. For this estimate,
we replaced the susceptibility of neuromelanin-bound iron
in Ref. [10] with the value obtained in the present study.
The published model estimates the GE signal decay using
two approaches: numerically using Monte Carlo simula-
tions and analytically using the static dephasing approxi-
mation. The Monte Carlo simulation tracks the phases of
many water spin packets diffusing through the 3D suscep-
tibility map. The GE signal decay is estimated by averaging

the phase factors of all spin packets at each time point. For
the case of static dephasing, the GE signal decay was
estimated as the Fourier transform of the Larmor frequency
histogram derived from the 3D susceptibility map. For both
cases, R�

2 rates were estimated by fitting an exponential
function expð−R�

2TEÞ to the signal predicted at experimen-
tally realistic echo times TE. We considered the static
dephasing approximation as accurate if the difference
between the R�

2 rates predicted using Monte Carlo simu-
lations and static dephasing theory was lower than 10%.
The simulations using the described model demonstrated

that the static dephasing approximation was applicable for
B0 ≥ 3 T in postmortem tissue and for B0 ≥ 7 T in vivo
(Fig. 12). In postmortem tissue, the differences between R�

2

rates predicted by static dephasing theory and by
Monte Carlo simulations were 21% for B0 ¼ 1.5 T, 9%
for B0 ¼ 3 T, 4% for B0 ¼ 7 T, and 2% for B0 ¼ 9.4 T.
For in vivo conditions, those differences in R�

2 rates were
53% for B0 ¼ 1.5 T, 31% for B0 ¼ 3 T, 8% for B0 ¼ 7 T,
and 4% for B0 ¼ 9.4 T.
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FIG. 12. Applicability of the static dephasing approximation for gradient-echo decays in nigrosome 1 postmortem and in vivo at
varying B0. We assessed the applicability of the SD approximation, i.e., negligible water diffusion effects, by comparing decays
predicted for a representative voxel in nigrosome 1 using this approximation (dashed lines) to those predicted by a Monte Carlo
simulation (MC) accounting for water diffusion (solid lines), as described previously [10]. In the Monte Carlo simulations, we assumed
diffusion coefficients of 0.3 μm2=ms in postmortem, formalin-fixed tissue and 1 μm2=ms in vivo. We obtained R�

2 rates for the simulated
decays by fitting an exponential decay function to the simulated decays sampled at equally spaced echo times TE ranging from 4 to
41 ms, as described before [10]. For the postmortem case (top row), high field strengths of B0 ≥ 3 T [(b)–(d)] showed a good agreement
between static dephasing andMonte Carlo simulation predictions (less than 10% difference between R�

2 values), while R
�
2 values differed

by more than 20% for B0 ¼ 1.5 T [(a)]. For the in vivo case (bottom row), ultrahigh-field strengths of 7 and 9.4 T [(c),(d)] showed high
correspondence between static dephasing and Monte Carlo predictions (less than 10% difference between R�

2 values). Field strengths of
1.5 and 3 T [(a),(b)] showed higher deviations between the two predictions with R�

2 values differing by more than 30%. Thus, the static
dephasing approximation is suitable for fields equal to or higher than 3 T in postmortem tissue and equal to or higher than 7 T in vivo.
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